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Introductory Remarks & 
Dave Winter Recognition

(8:00-8:30, Room 1)

Breakfast
(7:15-8:00)

(Outside Room 1)

Student Workshop
(4:45-6:45)
(Room 1)

CSB/SCB 2012
Program-At-A-Glance

Spine
(10:45-11:45)

(Room 2)

Break (10:30-10:45) Break (10:30-10:45)

Forensic 
Biomechanics
(10:45-11:45)

(Room 1)

Keynote 1
Dr. Stephen Scott

(8:30-9:20, Room 1)

Keynote 2
Dr. Tony Keaveny

(8:30-9:20, Room 1)

Keynote 3
Dr. Francisco Valero-Cuevas

(8:30-9:20, Room 1)

Banquet
(6:30-8:30)

(Diamond Alumni Centre)

Muscle Mechanics
(2:00-3:00)
(Room 1)

Osteoarthritis
(2:00-3:00)
(Room 2)

Faculty Social
(5:45-6:45)
(Halpern)

Lab Tours
(5:00-6:15)

(refer to Map)

Poster Session
(3:15-4:45)

(AQ & Saywell Hall Concourses)

Poster Session
(3:15-4:45)

(AQ & Saywell Hall Concourses)

Break (6:15-6:30)

Thurs June 7 Fri June 8

Break (3:00-3:15)

Balance and Falls
(10:45-11:45)

(Room 1)

Ortho I:
Experimental
(10:45-11:45)

(Room 2)

Molecular 
Biomechanics
(10:45-11:45)

(Room 1)

Masters Award 
Session

(9:30-10:30)
(Room 1)

Optima
(9:30-10:30)

(Room 2)

Ph.D. Award
Session

(9:30-10:30)
(Room 1)

Lunch
(11:45-12:45)

(Outside Room 1)

Public Lecture
Dr. Paul Zehr
(1:00-1:50)
(Room 1)

Lunch
(11:45-12:45)

(Outside Room 1)

Dinner
(7:00-8:30)

(Highland Pub)

Executive Meeting
(5:30-7:00)
(Club Ilia)

Reception
(7:00-8:30)

(Highland Pub)

Break (3:00-3:15)

Funding Panel
(4:45-5:45)
(Halpern)

Break (6:45-7:00)

Sat June 9

Break (10:30-10:45)

Aging
(9:30-10:30)

(Room 2)

Ortho II:
Modeling

(10:45-11:45)
(Room 2)

Occupational 
Biomechanics

(2:00-3:00)
(Room 1)

Barefoot Running
(2:00-3:00)
(Room 2)

Young Scientist Award Session
(2:00-3:00)
(Room 1)

Gait
(9:30-10:30)

(Room 2)

Modeling
(9:30-10:30)

(Room 1)

Lunch + AGM
(11:45-1:00)

(Outside & Inside Room 1)

Closing Ceremony
(3:00-3:30, Room 1)

Group Run (7:15, Housing Admin Office)

Breakfast
(7:30-8:30)

(Outside Room 1)

Group Run (7:15, Housing Admin Office)

Breakfast
(7:30-8:30)

(Outside Room 1)

CSB Career Award
Dr. Joan Stevenson

(12:45-1:50)
(Room 1)

Concussion Panel
(12:45-1:50)

(Room 1)
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Day 1: KEYNOTE (Room 1, 8:30-9:20am, June 7)
Optimal Feedback Control: The Glue To Link
Behaviour, Brains And Biomechanics

PDF

Stephen Scott

Day 1: MASTERS AWARD SESSION (Podium, Room 1,
9:30-10:30am, June 7)
1. (9:30-9:45): Rapid Serial Sarcomere Loss Caused
By Electrical Stimulation In Rabbit Triceps Surae
Muscles

PDF

Maria Yamamoto, Tim Leonard, Walter Herzog
2. (9:50-10:05): Safety Flooring To Reduce The Risk
Of Fall-Related Injuries - Characterizing Footfall
Deflections Vs Energy Absorption During Simulated
Impacts

PDF

Michal Glinka, Thomas Karakolis, Jack Callaghan,
Andrew Laing

3. (10:10-10:25): Can We Study Titin Properties In
Single Myofibrils?

PDF

Jens Herzog, Tim R. Leonard, Azim Jinha, Walter
Herzog

Day 1: OPTIMA (Podium, Room 2, 9:30-10:30am, June
7)
1. (9:30-9:42): Metabolically Optimal Gait Transitions
In Cross-Country Skate Skiing

PDF

Anthony Killick, Walter Herzog
2. (9:45-9:57): An Optimized Solution To The
Grasping Problem: The Fitness Of The Human Hand

PDF

Joshua Mark Inouye, Francisco Valero-Cuevas
3. (10:00-10:12): Identifying Implicit Biomechanical
Goals Of Human Locomotion

PDF

Jasper T. Yen, Young-Hui Chang
4. (10:15-10:27): Preferred Walking Speed Is Under
Precise Physiological Control

PDF

Mark Snaterse, Renato Pagliara, Max Donelan

Day 1: BALANCE & FALLS (Podium, Room 1, 10:45-
11:45am, June 7)
1. (10:45-10:57): Dynamic Obstacle Avoidance In PDF
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Young Adults: Investigating Gaze Behavior
Fabricio Saucedo Jr, Emily McIntosh, Lori Ann Vallis,
Rebecca Reed-Jones

2. (11:00-11:12): Distinguishing Near-Falls From
Activities Of Daily Living Using Triaxial
Accelerometers

PDF

Omar Aziz, Stephen Robinovitch, Edward Park, Greg
Mori

3. (11:15-11:27): Passive Stay Mechanism Allows
Flamingos To Sleep On One Leg

PDF

Young-Hui Chang, Lena Ting
4. (11:30-11:42): Active Control Of Walking Balance
Is Speed And Direction Dependent

PDF

Shawn Michael O'Connor

Day 1: ORTHO I - EXPERIMENTAL (Podium, Room 2,
10:45-11:45am, June 7)
1. (10:45-10:57): Fast Fusion Of Ultrasound And Ct
Improved Visulization Of Bone In Orthopaedic
Surgery

PDF

Anna B Brounstein, Ilker Hacihaliloglu, Pierre Guy,
Antony Hodgson, Rafeef Abugharbieh

2. (11:00-11:12): Acoustic Emission Monitoring Of
Compressive Bone Fractures And Tensile Ligament
Injuries In The Spine

PDF

Carolyn Van Toen, John Street, Tom Oxland, Peter
Cripton

3. (11:15-11:27): The Impact Of Compressive Load
Magnitude On The In-Vitro Neutral Zone Range And
Passive Stiffness During A Flexion-Extension Range
Of Motion Test

PDF

Mamiko Noguchi, Chad E. Gooyers, Michael W.R.
Holmes, Jack P. Callaghan

4. (11:30-11:42): A Combined In-Vivo/In-Vitro Study
Of Biomechanics Of Acl Injury

PDF

Karla Cassidy, Preet Sabharwal, Naveen
Chandrashekar

Day 1: CSB CAREER AWARD (Room 1, 12:45-1:50pm,
June 7)
Trials, Triumphs And Tips: My Travels Down Memory
Lane

PDF

Joan Stevenson

Day 1: NEW DIMENSIONS IN MUSCLE MECHANICS
(Podium, Room 1, 2-3pm, June 7)
1. (2:00-2:15): In Vivo Time Resolved X-Ray
Diffraction Reveals Radial Motions Of Myofilaments In
Insect Flight Muscle

PDF

Tom Daniel
2. (2:20-2:35): New Directions In Structural
Mechanics Of Muscle Contraction

PDF

James M Wakeling, Manku Rana, Ana Namburete,
Avleen Randhawa

3. (2:40-2:55): New Computational Models For
Musculoskeletal Simulation In Three Dimensions

PDF

Dinesh Pai

Day 1: OSTEOARTHRITIS (Podium, Room 2, 2-3pm,
June 7)

http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/171/12
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/267/14
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/309/13
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/282/15
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/318/16
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/172/17
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/44/18
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/374/290
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/363/263
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/120/19
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/364/264


1. (2:00-2:12): Cumulative Knee Adductor Load And
Clinical Measures In Knee Osteoarthritis

PDF

Kristina Maria Calder
2. (2:15-2:27): Knee Osteoarthritis Subjects Activate
Muscles To Unload Medial Condyle

PDF

Scott C.E. Brandon, Ross H. Miller, Darryl G. Thelen,
Kevin J. Deluzio

3. (2:30-2:42): Gait Differences Between Patients
With Primary And Secondary Knee Osteoarthritis

PDF

Shawn MK Robbins, Trevor Birmingham, Robert Giffin
4. (2:45-2:57): The Effect Of Loading Magnitude,
Duration And Frequency On Medial Compartment
Cartilage Morphology In Knee Oa Patients

PDF

Stacey Acker, Karen Beattie, Mark Bamberger, Kristina
Calder, Saara Totterman, Jose Tamez-Pena, Monica
Maly

Day 1: STUDENT WORKSHOP (Room 1, 4:45-5:45pm,
June 7)
Looking Beyond Academia PDF

Alec Black, Robert Parkinson, Dan Robinson

Day 1: FUNDING PANEL (Halpern Centre, 4:45-5:45pm,
June 7)
Federal Funding Of Biomechanics Research In
Canada: Current And Future Directions

PDF

Steve Robinovitch, Tom Oxland, Tony Hodgson

Day 2: KEYNOTE (Room 1, 8:30-9:20am, June 8)
Bone Biomechanics: From Bench To Bedside PDF

Tony Keaveny

Day 2: PhD AWARD SESSION (Podium, Room 1, 9:30-
10:30am, June 8)
1. (9:30-9:45): Motor Performance Varies With
Thumb Posture During Single-Handed Mobile Phone
Use

PDF

Matthieu B Trudeau, Justin G Young, Devin L Jindrich,
Jack T Dennerlein

2. (9:50-10:05): Validation And Mesh Quality
Assessment Of A Distal Radius Finite Element Model
To Simulate Forward Fall Impact Loading

PDF

Timothy A Burkhart, Cheryl E Quenneville, Cynthia E
Dunning, David M Andrews

3. (10:10-10:25): Preparing For A Headfirst Impact
Affects The Muscle Activity And Posture Of The Neck

PDF

Robyn Newell, Gunter P. Siegmund, Jean-Sébastien
Blouin, John Street, Peter A. Cripton

Day 2: GAIT (Podium, Room 2, 9:30-10:30am, June 8)
1. (9:30-9:42): Assessing The Importance Of Toe Off
Center Of Mass Velocity On Lateral Center Of Mass
Displacement During The Swing Phase Of Walking

PDF

Evelyn Anaka, Peter G. Adamczyk, Daniel P. Ferris
2. (9:45-9:57): Knee Gait Kinematic Responses To
Vibration Of The Hamstring Tendons: An Exploratory
Study Of Persons With Anterior Cruciate Ligament
Injury

PDF
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Catherine Gauthier, Magalie Boulay, Isabelle Fraser-
Beaulieu, Julie-Pier Laurent, Nicolas Poliquin, Daniel
Audet, Cyril Duclos, Nathaly Gaudreault

3. (10:00-10:12): Multisegment Foot Kinematics
During Walking In Young And Old Adults

PDF

Dominique Legault-Moore, Vicky Chester
4. (10:15-10:27): Towards Tip-Top Testbeds:
Biomechatronics For Accelerated Development Of
Assistive Devices

PDF

Steve Collins

Day 2: MOLECULAR BIOMECHANICS (Podium, Room
1, 10:45-11:45am, June 8)
1. (10:45-11:02): Skeletal Muscle Research Across
Structural Levels

PDF

Walter Herzog, Appaji Panchangam, Michael DuVall,
Tim Leonard

2. (11:05-11:22): Understanding The Relationship
Between Nanomechanics And Biological Function In
Living Cells

PDF

Andrew Pelling
3. (11:25-11:42): Probing Mechanical Properties Of
Collagen At The Molecular Level

PDF

Nancy R. Forde

Day 2: SPINE (Podium, Room 2, 10:45-11:45am, June 8)
1. (10:45-10:57): Degenerative Disc Disease:
Changes To The Anulus Fibrosus Following Induced
Degeneration (In A Rabbit Model) And Natural
Degeneration (In Cadaveric Discs)

PDF

Diane Gregory, Won Bae, Robert Sah, Koichi Masuda
2. (11:00-11:12): Influence Of Active Cervical
Paraspinal Musculature On Facet Joint Capsule Strains
And Loads

PDF

Nadia R Azar, Srinivasu Kallakuri, Chaoyang Chen,
John M Cavanaugh

3. (11:15-11:27): Booster Seats And Upper Neck
Tension In Children

PDF

Alyssa Laura DeMarco, Gunter Siegmund
4. (11:30-11:42): Mri-Derived Moment Arms Of Neck
Muscles During Sagittal Plane Motion

PDF

Bethany Suderman, Anita Vasavada

Day 2: PUBLIC LECTURE (Room 1, 1:00-1:50pm, June
8)
Batman, Iron Man, And A Bit Of Biomechanics PDF

Paul Zehr

Day 2: OCCUPATIONAL OUTLIERS–RESPECTING
BIOMECHANICAL VARIABILITY (Room 1, 2-3pm, June
8)
1. (2:00-2:10) Occupational Outliers: Stochasticity
And Determinism In Occupational Biomechanics

PDF

Clark Dickerson
2. (2:10-2:22) Return To Work Decisions And Re-
Injury Prediction: Can We Improve On Our Present
Metrics Through Biomechanical And Neuromuscular
Investigations?

PDF

Cheryl Hubley-Kozey
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3. (2:22-2:34) Variability In Response, Properties And
Injury To The Tissues Of The Carpal Tunnel

PDF

Peter Keir
4. (2:34-2:46) Inter- And Intra-Individual Movement
Variability And Its Impact On Occupational Low- Back
Loading Demands: Potential Implications For
Mechanical Exposure Assessment

PDF

Tyson Beach
5. (2:46-3:00) Panel Discussion On The Future Of
Consideration Of Variability In Occupational
Biomechanics

Tyson Beach, Clark Dickerson, Cheryl Hubley-Kozey,
Peter Keir

Day 2: BAREFOOT RUNNING (Podium, Room 2, 2-3pm,
June 8)
1. (2:00-2:12): Barefoot Versus Shod Running –
Selected Considerations

PDF

Benno M Nigg, Vincent von Tscharner, Hendrik Enders,
Sandro R Nigg

2. (2:15-2:27): Kinematic Adaptations During
Prolonged Running In Minimal Footwear

PDF

Nicholas Frank, Jack P Callaghan, Stephen D Prentice
3. (2:30-2:42): Damped Tissue Vibrations During
Shod And Barefoot Running: Strike Pattern Vs.
Running Condition

PDF

Hendrik Enders, Vincent von Tscharner, Benno M Nigg
4. (2:45-2:57): Energetic Advantages And
Disadvantages Of Running Shoes

PDF

Rodger Kram, Jason R Franz

Day 2: LAB TOURS (5:00-6:15pm, June 8)
Lab Tours PDF

Locomotion Lab, Injury Prevention & Mobility Lab,
Neuromuscular Mechanics Lab

Day 3: KEYNOTE (Room 1, 8:30-9:20am, June 9)
Biomechanics As The Central Problem Of Motor
Control

PDF

Francisco Valero-Cuevas

Day 3: MODELING (Podium, Room 1, 9:30-10:30am,
June 9)
1. (9:30-9:42): A Novel High-Order Element For The
Analysis Of Heart Valve Leaflet Tissue Mechanics

PDF

Hadi Mohammadi
2. (9:45-9:57): Estimating Metabolic Cost From Emg PDF

Ollie M Blake, Jarrett J Lum, James M Wakeling
3. (10:00-10:12): Antagonism And The Metabolic Cost
Of Simulated Human Locomotion

PDF

Ross H Miller, Graham E Caldwell
4. (10:15-10:27): Dynamic Optimization Of Human
Forearm Simulations By Parameterizing The Muscle
Excitations

PDF

Mohammad Sharif Shourijeh, John McPhee

Day 3: AGING (Podium, Room 2, 9:30-10:30am, June 9)
1. (9:30-9:42): Age-Related Differences In PDF
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Mediolateral Dynamic Stability Control During
Volitional Stepping

Jonathan C Singer, William E McIlroy, Stephen D
Prentice

2. (9:45-9:57): Factors Associated With Risk For Hip
Impact During Real-Life Falls Captured On Video
Among Older Adults In Long-Term Care

PDF

Yijian Yang, Rebecca Schonnop, Fabio Feldman,
Stephen N Robinovitch

3. (10:00-10:12): Kinematics Of The 30-Second Chair
Stand In Healthy Older Adults Versus Older Adults At
Risk Of Falls

PDF

Katie Crockett, Joel Lanovaz, Catherine Arnold
4. (10:15-10:27): Biomechanical Analysis Of Assisted
Sit-To-Stand

PDF

Jeswin Jeyasurya, H.F. Machiel Van der Loos, Antony
Hodgson, Elizabeth Croft

Day 3: CASE STUDIES IN FORENSIC BIOMECHANICS
(Podium, Room 1, 10:45-11:45am, June 9)
1. (10:45-10:57): The Principles Of Forensic
Biomechanics

PDF

Gunter Siegmund
2. (11:00-11:12): Injury Biomechanics In Litigation
Consulting And In The Laboratory: How Real Impact
Can Lead To High Impact

PDF

Peter Cripton, Darrin Richards
3. (11:15-11:27): Motor Vehicle Collision
Investigations In Alberta – Evaluating Field
Effectiveness Of Federal Regulations

PDF

Craig Good, Steve Thannhauser, Lonnie Unger
4. (11:30-11:42): Collision Related Steering Wheel
Interaction Case Studies

PDF

Jarrod Carter

Day 3: ORTHO II - MODELING (Podium, Room 2, 10:45-
11:45am, June 9)
1. (10:45-10:57): The Influence Of Load Magnitude
On Fracture Repair In A Murine Model: A Fem Study

PDF

Saghar Nasr, Neil A. Duncan
2. (11:00-11:12): Stiffness Of The Proximal Tibial
Bone In Osteoarthritic Conditions: A Parametric
Simulation Study

PDF

Morteza Amini, Joel Lanovaz, Walerian Szyszkowski,
James Duncan Johnston

3. (11:15-11:27): A Fibril-Reinforced Poromechanical
Model Of Articular Cartilage Undergoing Large
Deformation

PDF

Mojtaba Kazemi Miraki, LePing Li
4. (11:30-11:42): Biomechanical Response Of
Cruciate Ligaments To Anterior Femoral Translation
At Full Extension In Both Menisci Intact And
Menisectomized Knee Joint Models

PDF

Sohaila El Sagheir, Kodjo Moglo

Day 3: CONCUSSION PANEL (Room 1, 12:45-1:50pm,
June 9)
The Role Of Biomechanics In Informing Equipment
Design And Rules To Prevent Head Injury In Sports

PDF

Carolyn Sparrey, Steven Rowson, Peter Cripton

http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/123/273
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/211/42
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/255/43
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/348/274
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/358/275
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/357/276
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/365/279
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/75/47
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/320/44
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/117/45
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/301/46
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/373/297


Day 3: YOUNG SCIENTIST AWARD SESSION (Podium,
Room 1, 2-3pm, June 9)
1. (2:00-2:15): Cells Within Joints Release Proteins
Into The Synovial Fluid During Controlled Muscular
Exercise

PDF

Ziad Abusara
2. (2:20-2:35): Popped Sarcomeres Regain Filament
Overlap In A Stretch-Shortening Cycle

PDF

Appaji Panchangam, Walter Herzog
3. (2:40-2:55): Gait Variability In Whole Body
Movement During Running

PDF

Christian Maurer, Vinzenz von Tscharner, Michael
Samsom, Benno Maurius Nigg

POSTER SESSION 1 (3:15-4:45pm, June 7)
#002. Force Measures At The Hand-Stick Interface
During Ice Hockey Slap And Wrist Shots (Sport)

PDF

Lisa Marie Zane, Yannick Michaud-Paquette, David
Pearsall, Rene Turcotte

#004. Striking Dynamics And Kinetic Properties Of
Boxing And Mma Gloves (Sport)

PDF

Benjamin Lee, Stuart McGill
#006. The Effect Of Orthotics On Force Transference
In Hockey Skates (Sport)

PDF

Justin Silverman, Stephen Perry
#008. An Interdisciplinary Approach To Assess
Movement Coordination Patterns In Sports (Sport)

PDF

Tom Wu, Pierre Gervais, Pierre Baudin, Marcel
Bouffard

#010. Three Dimensional Analysis Of The Erratic
Movement Of A Float Serve In Volleyball (Sport)

PDF

Marc C LeVangie, Sasho J MacKenzie
#014. The Effect Of Handrail Location Predictability
On Compensatory Arm Reactions (Balance And Falls)

PDF

Tyler Weaver, Lauren Hamilton, Craig Tokuno
#016. Wii Balance Boards Vs. Force Plates: Technical
Specifications And Centre Of Pressure Comparisons
During Quiet Stance (Balance And Falls)

PDF

Christine Ma, Andrew Laing
#018. Constraining Eye Movements When Redirecting
Walking Trajectories In Healthy Young Adults
(Balance And Falls)

PDF

Venkata Naga Pradeep Ambati, Nicholas G Murray,
Fabricio Saucedo, Douglas Powell, Rebecca Reed-Jones

#019. Lumbopelvic Kinematics And Trunk Muscle
Thickness During Prolonged Standing On A Sloped
Surface (Posture)

PDF

Kaitlin M. Gallagher, Alexander Wong, Jack P.
Callaghan

#022. The Same Two Processes Underlie The
Selection Of Preferred Gait Patterns In Different
Walking Situations (Locomotion)

PDF

Renato Pagliara, Mark Snaterse, Max Donelan
#023. The Effects Of Shoe Midsole Hardness, Gender
& Age On Lower Extremity Stiffness During Running
(Locomotion)

PDF

Jennifer Baltich, Christian Maurer, Benno M. Nigg
#025. Lower-Extremity Strength, Power And Knee
Loading In Young Women (Locomotion)

PDF

Heather S. Linley, Monica R. Maly
#027. Effects Of Walking Speeds On The Dynamics
And Balance Of Human Locomotion (Locomotion)

PDF

Flavio Firmani, Edward J. Park
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#029. Test-Retest Reliability And Responsiveness Of
The Smartwheel Clinical Protocol Components
(Locomotion)

PDF

Jordon Lui, Megan Kathleen MacGillivray, Bonita
Sawatzky

#031. Does Age Affect Leg Muscle Activity/Coactivity
During Uphill And Downhill Walking? (Locomotion)

PDF

Jason R Franz, Rodger Kram
#034. Gait Symmetry In Children With Autism
(Locomotion)

PDF

Vicky Chester, Matthew Calhoun
#038. Effects Of Advancing Age And Disease On
Walking Bout Characteristics (Locomotion)

PDF

Heidi R. Bastin, Rebecca Reed-Jones, Nicholas J.
Hanson, Julia Falkenklous, Amanda Morgan, Paul D.
Reneau, Michael J. Ryan, Douglas W. Powell

#040. A Cross-Sectional Biomechanical Evaluation Of
Diabetic Lower Limbs Prior To Foot Ulceration
(Locomotion)

PDF

Davida O'Brien
#042. Kinetic Variability During Walking In Casual
Footwear As A Function Of Speed (Locomotion)

PDF

Andrew David Nordin, Janet S. Dufek
#044. Small Force Dexterous Manipulation Reveal
Changes Across The Lifespan (Motor Control)

PDF

Sudarshan Dayanidhi, Åsa Hedberg, Hans Forssberg,
Francisco J. Valero-Cuevas

#046. Age-Related Changes In The Neuromuscular
Response Of Trunk Muscles During A Dynamic Leg
Loading Perturbation Task (Motor Control)

PDF

David Adam Quirk
#049. The Effect Of Whole Body Vibration On Postural
Stability (Motor Control)

PDF

Neha Arora, Sylvain G Grenier, Ryan B Graham
#051. Myoelectric Control Of A Biomechanical Energy
Harvester (Neuromechanics)

PDF

Jessica Selinger, Max Donelan
#053. Acute Effects Of Whole Body Vibration (Wbv)
On Cutaneos Pressure Sensors (Neuromechanics)

PDF

Anelise Sonza, Christian Maurer, Matilde Achaval
Elena, Milton Antonio Zaro, Benno M. Nigg

#055. Contralateral Activation And Enhanced Rigidity
In Parkinson's Disease: Neural And Non-Neural
Contributions (Neuromechanics)

PDF

Douglas W. Powell, Anburaj Muthumani, Xiang Fang, A.
Joseph Threlkeld, Rui-Ping Xia

#057. The Effect Of Age And Falls History On Neural
Responses To Electrically Evoked Cutaneous Reflexes
During Walking (Neuromechanics)

PDF

Amit Gaur, Sandra Hundza, Ryan Brodie, Marc Klimstra
#059. Neuromuscular Response Of The Trunk
Following Inertial-Based Perturbations With Whole-
Body Vibration Exposure (Neuromechanics)

PDF

Danielle MacIntyre
#061. Alteration To Neuromuscular Function And
Performance After Vibration And Exercise
(Neuromechanics)

PDF

Sylvain Grenier, Jamil Malakieh, Raphael Zory
#062. Sensorimotor Responsiveness And Resolution
In The Giraffe (Comparative)

PDF

Heather L More, Shawn M O'Connor, Emil Brøndum,
Tobias Wang, Mads F Bertelsen, Carsten Grøndahl,
Karin Kastberg, Arne Hørlyck, Jonas Funder, J Maxwell
Donelan

#063. Changes To Muscle Structure In Seniors May
Lead To Deterioration In Contractile Performance

PDF
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(Muscle)
Avleen Randhawa, James M Wakeling

#065. Energy Cost Of Skeletal Muscle Force
Production Is Reduced In The Force Enhanced State
(Muscle)

PDF

Walter Herzog, Venus Joumaa
#067. Muscle Contributions To Elbow Joint Rotational
Impedance In Preparation For Sudden External Arm
Perturbations (Muscle)

PDF

Mike Holmes, Peter Keir
#069. Prediction Of Fat Free Mass Index And
Sarcopenia Using Functional Measures In Community
Dwelling Older Adults. (Muscle)

PDF

Emily I. McIntosh, K. Brent Smale, Katherine A.F.
Harrison, Lori Ann Vallis

#070. Passive Mechanical Properties Of Abdominal
Wall Muscles: Implications For Spine Function
(Muscle)

PDF

Stephen Brown, Samuel Ward, Richard Lieber
#072. The Effect Of Head Tilt On Low-Level, Dynamic
Sternocleidomastoid Activation (Muscle)

PDF

Evelyn Morin, Susan Reid, Chinedu Onwugbufor
#075. Using Dna Handles In Optical Tweezers Studies
Of Protein Mechanics (Other)

PDF

Naghmeh Rezaei, Nancy Force, Megan Miao, Fred
Keeley

#077. The Interaction Of Exercise Vibration
Transmissibility And Body Composition And Its Effects
On Performance (Wearable Sensors)

PDF

Julie Danielle Poulin
#079. A Biologically-Inspired Eye Model For Testing
Oculomotor Control Theories (Biomechatronics)

PDF

Mahkameh Lakzadeh, Antony Hodgson, Dinesh Pai
#082. Interfascicular Sampling And Extrapolation Of
Nerve Fiber Morphology In The Giraffe Sciatic Nerve
(Methods)

PDF

Michelle Scheier, Heather More, James Maxwell
Donelan

#084. Might The Interpretation Of Between-Day
Changes In Joint Angles, Forces And Moments Be
Influenced By Variation In The Link Segment Model?
(Methods)

PDF

David Michael Frost, Chad Gooyers, Troy Campbell,
Stuart McGill, Jack Callaghan

#086. Of Shoulder Emg For Dynamic Contractions
(Methods)

PDF

Joanne Hodder, Peter J Keir
#088. Quantification Of Spinal Cord Deformation
During Acute Spinal Cord Injury In An Animal Model
(Methods)

PDF

Tim Bhatnagar, Andrew Yung, Piotr Kozlowski, Thomas
Oxland

#090. Reliability Of Leg Soft Tissue Marker Motion
Following Manual Digitization (Methods)

PDF

Evan Andrew Brydges, Timothy Burkhart, William
Altenhof, David Andrews

#091. Physiological Movements Facilitate Greater
Active Lumbar Rom Than Constrained Movements
(Methods)

PDF

Janice Marie Moreside, David Barbado, Francisco J.
Vera-Garcia

#093. Inference Of Compact Analytical Functions
Describing Tendon Routing In The Fingers (Modeling)

PDF

Manish Umesh Kurse, Hod Lipson, Francisco J. Valero-
Cuevas

#095. Fast Simulation Of Complex Biomechanical PDF

http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/333/236
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/154/131
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/241/186
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/186/147
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/263/201
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/324/231
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/258/198
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/269/205
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/329/234
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/162/136
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/194/153
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/291/218
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/62/75
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/99/270
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/275/209
http://ocs.sfu.ca/csb-scb/index.php/csb-scb/2012/paper/view/116/111


Structures Using Moving Frames And Material-Aware
Shape Functions (Modeling)

francois faure, benjamin gilles, guillaume bousquet,
dinesh k pai

#097. Musculoskeletal Model Of Arm Position For
Casting Or Splinting And Muscle Selection For
Botulinum Toxin In Individuals With Cerebral Palsy
(Modeling)

PDF

Na-hyeon Ko, Manish Kurse, Francisco Valero-Cuevas
#099. A Nonlinear Finite Element Model For The
Evaluation Of Instabilities In Atherosclerotic Plaques
(Modeling)

PDF

Hadi Mohammadi
#101. Simulation On Movement Of Healthy Human
Soft Palate During Respiration (Modeling)

PDF

Jian Hua Zhu, Heow Pueh Lee, Kian Meng Lim, De Yun
Wang

#102. Constitutive Theory Of Biomembranes With
Spontaneous Curvature (Modeling)

PDF

Mohsen Maleki Karyak, Eliot Fried
#105. Numerical Implementation Of A Large-Strain
Model Of Porous Fibre-Reinforced Tissues (Modeling)

PDF

Aleksandar Tomic, Salvatore Federico
#107. Numerical Simulation Of Mdof Human Body
Dynamics Via Motion Genesis™ (Modeling)

PDF

babak kamalizonouzi, Samuel F. Asokanthan
#109. The Dependence Of Average Shoulder Muscular
Activity On Hand Location And Force Direction During
Overhead Exertion Performance (Occupational)

PDF

Alan C Cudlip, Kimberly A Meszaros, Clark R Dickerson
#111. Changes In Lifting Kinematics Related To
Prolonged Asymmetric Lifting (Occupational)

PDF

David A Smith, Steven L Fischer, Wayne J Albert
#113. An Evaluation Of Prolonged Simulated Driving
Combined With In-Vehicle Police Work (Occupational)

PDF

Kristina May Gruevski
#115. The Effects Of Worker Age On Lifting:
Psychophysical Estimates Of Acceptable Loads And
Their Link To Biomechanics (Occupational)

PDF

Jade Ashley Chen, Clark Dickerson, Richard Wells,
Andrew Laing

#117. Implicit Cues Modify Manual Materials Handling
Behaviour But Not Safe Handling Affordance
(Occupational)

PDF

Jon Bruce Doan, D. Shane Hudson, Brett Cook
#119. Localized Fatigue Changes Neuromuscular
Activity During Lifting (Occupational)

PDF

Matt Cochran, Robin H Hampton, Steven Fischer,
Wayne Albert

#121. Paired-Comparison Study To Determine The
Impact Of Rotated Trunk/Neck Postures, And
Vibration Exposure On Seated Comfort (Occupational)

PDF

Tammy Rae Eger
#122. Profiling Mean Healthy Shoulder Multi-Planar
Elevation Kinematics And Variability Using Skin-
Mounted Scapula Tracking Techniques (Knowledge
Translation)

PDF

Bryan Picco
#124. Do Skeletal Muscle Properties Recover
Following Botulinum Toxin Type-A Treatment?
(Rehabilitation)

PDF

Rafael de Oliveira Fortuna, Monika Horisberger, Marco
Aurelio Vaz, Walter Herzog

#126. The Effect Of Knee Extension Force On
Patellofemoral Tracking (Rehabilitation)

PDF

Andrew Sawatsky
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#130. The Affects Of Talar Mobilization On Functional
Tests In Individuals Without Previous History Of
Ankle Sprains And Those With Chronic Ankle
Instability (Rehabilitation)

PDF

Pierre-Denis Plante, Stephen Perry
#131. Examining The Effects Of Altering Hip Angle On
Gluteus Medius And Tfl Muscle Activation Interplay
During Common Non Weight-Bearing Hip
Rehabilitation Exercises (Rehabilitation)

PDF

Natalie Sidorkewicz, Edward D J Cambridge, Stuart M
McGill

#133. Quantifying Upper Trunk Movement Patterns Of
A Rollator User With An Acquired Brain Injury During
Walking In The Community: A Case Study
(Rehabilitation)

PDF

Justin Chee, William Gage, William McIlroy, Karl
Zabjek

#135. A Prospective Study Evaluating The Effects Of
Mrt On The Treatment Of Patellofemoral Pain
Syndrome (Rehabilitation)

PDF

Conrad Tang, Walter Herzog, Sarah Wuest
#136. Assessment Of Oculomotor Control And
Balance Post Concussion (Concussion)

PDF

Nicholas G Murray, V.N. Pradeep Ambati, Fabricio
Saucedo, Monica M. Contreras, Anthony P. Salvatore,
Rebecca J. Reed-Jones

#138. Quantifying Balance Assessment Post
Concussion In Varsity Athletes (Concussion)

PDF

Adam Taylor Harper, Michael Cinelli
#141. Ascertaining Maximal Effort Production During
Isokinetic Knee Strength Testing: A Validation Study
Of Anterior Cruciate Ligament Reconstructed Patients
(Forensic)

PDF

Sivan Almosnino, Zeevi Dvir, Davide D Bardana, Elena
D Diaconsecu, Joan M Stevenson

#143. Multivariate Injury Risk Criteria For Fractures
To The Distal Radius (Injury)

PDF

Timothy A Burkhart, David M Andrews, Cynthia E
Dunning

#146. A Drop Tower Protocol With Advanced Pulse
Shaping For Hip Fracture Simulation (Injury)

PDF

Seth Gilchrist, Pierre Guy, Peter Cripton
#148. Relationship Between Ankle Joint Rotational
Impedance And Tibialis Anterior Fatigue On Tibial
Response During Impact (Injury)

PDF

Nikki Reiter, Joel Cort, David Andrews
#150. Neuromuscular Differences Exist For The Lower
Limb When Comparing Audio And Visual Cues To
Induce Unanticipated Sidecut Maneuvers In
University Soccer Players (Injury)

PDF

Shain Thakrar, Ashley Fry, Scott C Landry
#152. Development Of A Pnt-Football Helmet To
Reduce Neck Loads And Head Injury Metrics In
Football (Injury)

PDF

Daniel M Dressler, Peter Cripton
#153. Biomechanical And Neuromuscular Changes
After Total Knee Arthroplasty Are Sex-Specific
(Orthopaedic)

PDF

Janie L Astephen Wilson, Cheryl L Hubley-Kozey,
Michael J Dunbar

#155. The Effect Of Total Knee Arthroplasty On Hip
And Ankle Mechanisms (Orthopaedic)

PDF

Kathryn Young
#157. Kinematic And Kinetic Changes With Valgus
Unloader Braces In Patients With Knee Osteoarthritis
(Orthopaedic)

PDF

Sean Hurley
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#158. Bone Remodeling Analysis Around Functionally
Graded And Fully Metallic Orthopaedic Screws:
Considering Disuse And Overloading Resorption
(Orthopaedic)

PDF

Behnoud Haghighi, Gholamreza Rouhi, Masoud Tahani
#160. An Anisotropic Visco-Hyperelastic Model
Predicting Short-Term Strain-Rate Dependent
Response Of Soft Tissues (Orthopaedic)

PDF

Sahand Ahsanizadeh, LePing Li
#162. Factors Affecting The Stability Of Reverse
Shoulder Arthroplasty (Orthopaedic)

PDF

Allison L Clouthier, Markus Hetzler, Graham Fedorak, J
Tim Bryant, Kevin J Deluzio, Ryan T Bicknell

#163. Knee Adduction Moment In Healthy Women
With Normal And High Bmi (Orthopaedic)

PDF

Joel Lanovaz, Quinten Paterson, Valerie Wellens
#166. Effect Of Atrophy On Optimal Post-Operative
Shoulder Immobilization Postures Following
Simulated Surgical Repair Of Supraspinatus Tears
(Orthopaedic)

PDF

Monique Jackson, Élizabeth Sylvestre, Patrice
Tétreault, Mickael Begon

#168. Osmotic Stress Causes Intracellular Calcium
Flux In Murine Chondrocytes In Vitro (Orthopaedic)

PDF

Christina Jablonski, Charlie Shin, Danielle Curry,
Jessica Chan, Andrea Clark

#170. Pre-Total Knee Arthroplasty Gait Analysis
Predicts Post-Operative Changes In Function And
Joint Loading (Orthopaedic)

PDF

Gillian Murdock, Cheryl Hubley-Kozey, Michael Dunbar
#172. Strain Distribution On Tibia Surface During Gait
Cycle: Experimental Investigations (Orthopaedic)

PDF

Ahmad Chitsazan, Golamreza Rouhi
#173. Specimen-Specific Modelling Of Cervical
Vertebrae In Axial Compression (Spine)

PDF

Hannah M. Gustafson, Peter A. Cripton
#176. Validation Of Cervical Spine Segment Models In
Flexion And Extension At Crash Scenario Strain Rates
(Spine)

PDF

Jeffrey Barker, Naveen Chandrashekar, Duane Cronin
#178. Uncovering The Elephant: Towards Unifying
Static And Dynamic Measures Of Spine Stability
(Spine)

PDF

Ryan B. Graham, Joan M. Stevenson, Stephen H.M.
Brown

#180. Spinal Manipulation Technique Modifications
Affect Force-Time Profiles (Spine)

PDF

Edward Douglas John Cambridge, John J Triano, James
Kim Ross, Melanie Suzanne Abbott

#182. Effects Of Lumbar Spine Posture On Thoracic
Spine Range Of Motion And Muscle Activation
Patterns While Standing (Spine)

PDF

Brian C Nairn, Janessa DM Drake
#186. Assessment Of Pelvic, Lumbar, And Thoracic
Office Chair Design Features On Radiographic Angles
Of Lumbar Lordosis And Sacral Tilt (Spine)

PDF

Diana Elisa De Carvalho, Diane Grondin, Jack P.
Callaghan

#188. Follower Load Influences The Kinematics And
Kinetics Of Buckling During Simulated Head First
Impact: An Ex Vivo Study (Spine)

PDF

Christopher R Dennison
#190. Follower Load Influences Cervical Spine
Kinematics And Kinetics During Simulated Head First
Impact: An Ex Vivo Study (Spine)

PDF

Christopher R Dennison
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POSTER SESSION 2 (3:15-4:45pm, June 8)
#001. Ankle Braces Modify Ankle Position And Knee
Moments At Impact In Female Athletes (Sport)

PDF

Mike Smith, Joel Lanovaz
#003. Bicycle Helmet Performance Over A Wide
Range Of Impact Speeds (Sport)

PDF

Alyssa Laura DeMarco, Check Kam, Dennis Chimich,
Gunter Siegmund

#005. Shoe Mass Effects On Performance In A
Counter-Movement Jump (Sport)

PDF

John W. Whitting, Sandro R. Nigg, Elysia M. Davis,
Benno M. Nigg

#007. Kinetic Analysis Of Ergometer Handle Forces In
The Adaptive Rowing Setups (Sport)

PDF

Bradley Cutler
#009. Modelling Of The Deflection Of An Ice Hockey
Stick During A Slapshot (Sport)

PDF

Soroush Hafezian, Yannick Michaud-Paquette, Rene
Turcotte, Franziska Mally, David Pearsall

#011. Performance Of Ice Hockey Helmets Following
10+ Years Of Storage (Sport)

PDF

Ryan Ouckama, Pierre Lapaine, David Pearsall
#012. Grasping Patterns And Force Production On
Common Climbing Holds Differ Amongst Expert
Climbers (Sport)

PDF

Robyn Simmons, Ian Q Whishaw, Jon Bruce Doan
#013. Novel Safety Floors Attenuate Impact
Differentially Across Extreme Bmi Groups (Balance
And Falls)

PDF

Shivam Bhan, Iris Levine, Andrew Laing
#015. Are Stability Requirements Different In
Overground And Treadmill Locomotion? (Balance And
Falls)

PDF

Cyril Duclos, Marianne Lequertier, Catherine Leclerc,
Philippe Gourdou

#017. Nintendo Wii Balance Board Training Improves
Dynamic Stability In Older Adults (Balance And Falls)

PDF

Luke Thomas Denomme, Michael Cinelli, Eric Roy
#020. Relationship Between Quasi-Static Sitting And
Standing Postural Stability Outcome Measures In
Healthy Individuals (Posture)

PDF

Murielle Grangeon, Cindy Gauthier, Dany Gagnon
#021. Sitting And Standing Posture In Children And
Youth With A Paedatric Spinal Deformity (Posture)

PDF

Karl Franc Zabjek, Sunita Mathur, Elaine Biddiss, Anne
Agur, Reinhard Zeller

#024. A Kinetic Evaluation Of A Novel Forearm Crutch
Design (Locomotion)

PDF

Megan Kathleen MacGillivray, Ranita Manocha, Bonita
Sawatzky

#026. Kinematic And Kinetic Changes Introduced At
The Lower Extremity After Using An Unstable Masai
Barefoot Technology (Mbt) Shoe For A Six Week
Accommodation Period (Locomotion)

PDF

Scott C Landry, Benno M Nigg, Karelia E Tecante
#028. Relationships Between Clinical Measures Of
Fatigue And Physical Activity In Parkinson's Disease.
(Locomotion)

PDF

Heidi R Bastin, Rebecca Reed-Jones, Nicholas J.
Hanson, Paul D. Reneau, Michael J. Ryan, Douglas W.
Powell

#030. Predicting Sagittal Plane Kinematics That
Minimize The Knee Joint Contact Force (Locomotion)

PDF

Ross H Miller, Scott C E Brandon, Kevin J Deluzio
#032. Improvement In Visual Attention And Obstacle PDF
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Aviodance With Visual Training On The Nintendo Wii™
(Locomotion)

Rebecca Jane Reed-Jones, Sandor Dorgo, Ashley
Bangert, Chandra Sekhar Bulusu

#033. New Definitions Of Single Support Reveal No
Change In Late Stance With Gait Speed (Locomotion)

PDF

Brittney Cook Muir, Jebb Remelius, Richard van
Emmerik

#035. Application Of A Pca-Biplot Methodology In
Understanding Gait Temporal And Spatial Parameters
During Aging (Locomotion)

PDF

Renata Noce Kirkwood
#036. Identifying The Correlations Of Operative Hip
Strength And Range Of Motion With Non-Operative
Toe Clearance Post Primary Unilateral Total Hip
Arthroplasty: A Pilot Study (Locomotion)

PDF

Timothy Burgess, Claire Armstrong, Steve Fleming,
Kara Foley, Alex Singh, Susan Robarts, Deborah
Kennedy, Karl Franc Zabjek

#037. Overground Walking And Treadmill Walking At
Level And Uphill Inclines Demonstrate Differences In
Lower Limb Muscle Activity Patterns For Older Active
Female Adults (Locomotion)

PDF

Scott C Landry, Tannille Moore
#039. Effects Of Increased Step Width On Frontal
Plane Joint Mechanics In Older Adults During Stair
Descent (Locomotion)

PDF

Max Robert Paquette, Songning Zhang
#041. Does Lower-Limb Angular Velocities Scale
Linearly With Walking Speeds? (Locomotion)

PDF

Qingguo Li
#043. Neural Control Of Plantar Flexor Exertions:
Comparison Of Unilateral And Bilateral Exertions
(Motor Control)

PDF

Jeremy W Noble, Janice J Eng, Lara A Boyd
#045. Altered Neuromuscular Control In People With
Low Back Pain During The Active Hip Abduction Test:
A Case-Control Study (Motor Control)

PDF

Erika Nelson-Wong, Adam Benz, Pat Bridge, Kevin
Craig, Jason Miller, Michael Stobie, Alice M Davis

#047. Neural Control Of The Modulation Of Plantar
Flexor Force: An Fmri Study (Motor Control)

PDF

Jeremy W Noble, Janice J Eng, Lara A Boyd
#048. Temporal And Spatial Cuing Effects On
Anticipatory Control In An Externally-Triggered
Catching Task (Motor Control)

PDF

Andrew H Huntley, John L Zettel
#050. Bilateral Three-Dimensional Analysis Of
Dominant And Non-Dominant Limb Joint Angles In
Activities Of Daily Living (Motor Control)

PDF

Tea Lulic, Allison Engelhardt, David Gonzalez, Eric Roy,
Clark Dickerson

#052. Muscle Co-Activation During Fatiguing
Submaximal Isometric Elbow Flexion Exertions
(Neuromechanics)

PDF

Tara Kajaks, Danny M. Pincivero
#054. Determination Of The Lower Leg Muscle
Responses To Uneven Terrain During Gait
(Neuromechanics)

PDF

Brittany McGregor, Stephen Perry
#056. Gluteus Medius Activation And Knee Abduction
Moment During A Single Leg Mini Squat
(Neuromechanics)

PDF

Daehan Kim, Joel L Lanovaz, Alison R Oates
#058. The Effect Of Age And Falls History On
Mechanical Responses To Electrically Evoked
Cutaneous Reflexes During Walking

PDF
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(Neuromechanics)
Ryan Brodie

#060. Alterations To Movement Sense Due To
Exposure To Whole-Body Vibration And Fatigue
(Neuromechanics)

PDF

Sylvain Grenier, Jamil Malakieh, Raphael Zory
#064. Why Do Muscles Use Different Types Of Motor
Unit? (Muscle)

PDF

Sabrina S.M. Lee, Maria deBoef-Miara, Allison S
Arnold, Andrew A. Biewener, James M Wakeling

#066. Increased Residual Force Enhancement
Following Muscle Damage (Muscle)

PDF

Geoff A Power, Justin R Paturel, Charles L Rice,
Anthony A Vandervoort

#068. Forearm Muscle Co-Contraction And Muscle
Contributions To Joint Impedance During Wrist
Flexion And Extension Perturbations (Muscle)

PDF

Mike Holmes, Peter Keir
#071. Proposed Investigation Into Titin's Elastic
Behaviour During Active Stretch (Muscle)

PDF

Mike DuVall
#073. Multichannel Electromyography During
Dynamic Knee Extensions (Muscle)

PDF

Usha Kuruganti, Yves Losier, Adam Wilson, Craig
Prime, Kevin Roy

#074. Probing Interactions Between Collagen
Proteins Via Microrheology (Other)

PDF

Marjan Shayegan, Nancy R. Forde
#076. Concurrent Validity Of A Tri-Axial
Accelerometer For Measures Of Gait Variability
(Wearable Sensors)

PDF

Dylan Kobsar, John Barden
#078. Effectiveness Of Inflatable Hip Protectors
(Biomechatronics)

PDF

Ehsan Arjmand, Siamak Arzanpour, Stephen
Robinovitch

#080. Mathematical Modeling Of Inflatable Hip
Protectors (Biomechatronics)

PDF

Ehsan Arjmand, Siamak Arzanpour, Stephen
Robinovitch

#081. Novel 3d Ultrasound Methods To Measure
Muscle Tendon Properties (Methods)

PDF

Taylor JM Dick, Manku Rana, James Wakeling
#083. Principal Component Modeling Of Isokinetic
Knee Extension Strength Curves Of Unilateral Acl
Deficient Patients (Methods)

PDF

Sivan Almosnino, Davide D Bardana, Elena D
Diaconescu, Marchiano Oh, Joan M Stevenson

#085. Considerations When Using A Residual Analysis
To Determine The Optimum Cutoff Frequency For
Kinetic Waveforms (Methods)

PDF

Chad Edward Gooyers
#087. A Comparison Of Non-Invasive Methods Of
Measuring Scapular Orientation (Methods)

PDF

Tej-Jaskirat Grewal, Clark Dickerson
#089. Does The Elimination Of Thigh Markers
Influence The Between-Day Variation In Joint Angles?
(Methods)

PDF

David Michael Frost, Chad Gooyers, Troy Campbell,
Stuart McGill, Jack Callaghan

#092. Muscle Mechanical Properties Should Be
Considered When Predicting Knee Joint Loading With
Static Optimization (Modeling)

PDF

Ross H Miller, Kevin J Deluzio
#094. Validation Of A Full Body Fem (Thums) For
Impacts To The Lower Extremity (Modeling)

PDF
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Alison Schinkel-Ivy, William J Altenhof, David M
Andrews

#096. A Novel Shoulder Rhythm Including Overhead
And Axially Rotated Humeral Postures (Modeling)

PDF

Tej-Jaskirat Grewal, Clark Dickerson
#098. Three-Phase Model For Crack Behavior In
Functionalized Carbon Nanotube Reinforced Bone
Tissue (Modeling)

PDF

Kaveh PourAkbar Saffar, Leszek J Sudak, Salvatore
Federico

#100. Articular Chondrocyte Mechanics At Different
Loading Rates (Modeling)

PDF

Salvatore Federico, SangKuy Han, Noor Azuan Abu
Osman, Belinda Pingguan-Murphy, Walter Herzog
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INTRODUCTION 
 
Cervical collars and cerviothoracic orthosis (CTOs) are used 
during emergency management, post-operatively following 
surgical fixation, or as definitive treatment of neck injury or 
pain. A cervical collar consists of anterior and posterior panels 
which restrict neck motion by transmitting loads to the neck 
through contact at the chin, mandible, occiput, 
sternum/clavicle, shoulders, and upper back. The CTO aims to 
improve neck immobilization with the addition of anterior and 
posterior thoracic panels attached above the waist and 
connected to the collar panels via struts. Our objectives were 
to use a hybrid cadaveric/surrogate model to evaluate the 
effects of cervical orthoses on head and neck biomechanical 
responses during supine-to-upright transitioning. 
 
METHODS  
 
The model (Figure 1) consisted of an adult-male surrogate 
dummy with its artificial neck replaced by a human neck 
specimen (n=10). The model was transitioned from supine to 
upright using a custom rotation apparatus at 9.5 degrees/sec. 
Testing was performed in the following order: CTO, anterior 
strut unlocked followed by locked, collar, and unrestricted. 

Figure 1: Hybrid cadaveric/surrogate model with CTO, 
anterior strut unlocked, during supine-to-upright transitioning. 
 

The CTO and collar (Vista TS and Vista Collar, respectively; 
Aspen Medical Products Inc., Irvine, CA, USA) were applied 
to the model according to the manufacturer’s instructions, as 
they would be applied in a clinical setting. A high-speed 
digital camera tracked motions of the head, vertebrae, CTO, 
pelvis, and rotation apparatus. Head load cell data were used 
to compute occipital condyle loads. Average peak spinal loads 
and motions were statistically compared (P<0.05) among 
experimental conditions (CTO: anterior strut locked and 
unlocked; collar; and unrestricted). 
 
RESULTS 
 
Occipital condyles loads consisted of anterior shear, 
compression, and extension moment (Figure 2). The most 
rigid device tested, CTO with anterior strut locked, 
significantly reduced axial compression neck force and 
increased anterior shear neck force and provided the greatest 
immobilization by significantly reducing spinal rotations to 
within physiologic limits. Similar biomechanical responses 
were observed between the CTO, strut unlocked, and collar. 
 
DISCUSSION AND CONCLUSIONS 
 
Our results indicated that the simple maneuver of supine-to-
upright transitioning, commonly performed clinically, 
produced complex neck loads and motions including head 
protrusion which caused cervical spine snaking. Neck motions 
consisted of upper cervical spine extension and flexion at the 
subaxial cervical spinal levels. Of the devices tested, the CTO, 
with strut locked, is recommended to reduce cervical spine 
motions to within physiologic motion limits thereby reducing 
the risk of potential secondary neck injuries in patients. 
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Figure 2: Schematic illustrations of average spinal loads and head motions with CTO, anterior strut locked. We averaged data 
from the 10 specimens at 15° inclination intervals of the rotation apparatus. The load and motion scales appear in the inset. Head 
angle in the global coordinate system is represented by a shaded arc while head translation relative to T1 is represented by a vector. 

 



Bolded P-values indicate a significant difference at p<0.05 
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INTRODUCTION 

Stability of the spinal column is critical to bear loads, allow 

movement, and avoid injury and pain [1]. Recently, the 

analogy of “Six Blind Men and the Elephant” has been used to 

describe a chasm that exists between different definitions and 

approaches employed to quantify spine stability [2], with the 

outcome being that different methods are used without a clear 

understanding of how they relate to one another. Therefore, 

the goal of the present study was to directly compare quasi-

static lumbar spine rotational stiffness, calculated with an 

EMG-driven biomechanical model [3], to local dynamic spine 

stability calculated using Lyapunov analyses of kinematic data 

[4], during a series of continuous dynamic lifting challenges. 

 

METHODS  

Twelve healthy males performed five separate trials of 30 

repetitive lifts between a target positioned at shoulder height 

and another target positioned at knee height (Figure 1). The 

trials consisted of: i) lifting three different loads (0%, 5%, and 

10% maximum back strength) at 12/min, and ii) lifting the 5% 

load at three different rates (6/min, 12/min, and 18/min). 

Trunk muscle activity was monitored unilaterally at 2048 Hz 

from seven muscles [3]. Kinematic data were collected 

synchronously at 32 Hz from 3-D sensors over the T12 and S1 

spinous processes, left acromion process, and dorsal left hand. 

3-D lumbar spine rotational stiffness was calculated using an 

anatomically-detailed EMG-driven model representing 58 

muscle lines of action crossing the L4/L5 spinal joint [3]. To 

assess overall stiffness the Euclidean norm about the three 

axes was then taken. Dynamic spinal stability was calculated 

using the maximum finite-time Lyapunov exponent (λmax) [4]. 

 

RESULTS 

With an increase in load lifted there was a significant increase 

in mean, maximum, and minimum spine rotational stiffness 

and a significant increase in local dynamic stability (Table 1); 

both  stability measures were significantly correlated (p<0.05). 

 
Figure 1: Experimental setup used for repetitive lifting 

between shoulder (A) and knee height (B) targets. 
 

With an increase in lifting rate there was also a significant 

increase in mean and maximum rotational stiffness; however, 

there was a non-significant decrease in the minimum rotational 

stiffness and local dynamic stability. No Pearson correlations 

were significant at p<0.05 for the varying rate condition. 

 

DISCUSSION AND CONCLUSIONS 

Results suggest that lumbar spine rotational stiffness and local 

dynamic stability are closely related to one another, as they 

provided similar information when lifting rate was controlled. 

However, based on results of the varying rate condition, it is 

evident that the quasi-static and dynamic models provide 

unique information and that additional research is required to 

fully understand their relationship. Using both techniques at 

once may provide the best information regarding the true 

effects of (in) stability under different loading and movement 

scenarios and in comparing healthy and clinical populations. 
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Table 1: Load and rate repeated-measures ANOVA results. Note: higher stiffness and lower λmax values equal increased stability. 

  Mean (SD) Results ANOVA Results 

Load 0% 5% 10% F-ratio P-value η2 

Mean Stiffness (Nm/rad)  2811.810 (665.76) 3390.160 (716.69) 4197.834 (977.55) 27.350 <0.000 0.845 

Max Stiffness (Nm/rad)   4127.742 (864.99) 5065.723 (1016.01) 6925.580 (1431.61) 34.351 <0.000 0.873 

Min Stiffness (Nm/rad)   1860.760 (602.17) 2053.585 (620.39) 2416.695 (721.47) 25.256 <0.000 0.835 

λmax 1.911 (0.35) 1.800 (0.28) 1.624 (0.22) 6.484 0.016 0.565 

 Rate 6/min 12/min 18/min F-ratio P-value η2 

Mean Stiffness (Nm/rad)   3304.189 (750.90) 3390.160 (716.69) 3600.221 (745.08) 8.649 0.007 0.634 

Max Stiffness (Nm/rad) 4809.914 (983.04) 5065.723 (1016.01) 5514.885 (1205.24) 11.838 0.002 0.703 

Min Stiffness (Nm/rad) 2195.873 (604.29) 2053.585 (620.39) 2027.329 (622.60) 3.149 0.087 0.386 

λmax 1.748 (0.34) 1.800 (0.28) 1.831 (0.29) 0.571 0.585 0.102 
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INTRODUCTION 

 
Soft and rigid tissues of the lower extremities attenuate shock 

waves as they propagate proximally following foot-ground 

contact during running  [1]. Understanding injury mechanisms 

associated with these impacts depends on the quantification of 

shock propagation through the lower extremity, and its 

attenuation by the tissues. An anatomically detailed, whole 

body finite element model (FEM), such as the Total HUman 

Model for Safety (THUMS) [2], could be used for this 

purpose, but appropriate validation for running-type impacts is 

necessary. Therefore, the purposes of this study were to: 

validate THUMS for simulated running impacts; and 

document how impact-induced shock waves are attenuated as 

they propagate along the lower extremity. 

 

METHODS  

 

The THUMS shoe was modified to more closely match the 

tissue properties of an in vivo heel pad [3]. Human pendulum 

impacts from one participant were simulated using THUMS. 

Force and acceleration responses from the model were 

validated against experimental data, by comparing impact 

force and tibial acceleration variables, and using a validation 

metric [4] to quantify error over the 100 ms simulation. Shock 

wave propagation along the lower extremity was examined by 

tracking peak accelerations (PA), times to peak acceleration 

(TPA), and shock attenuation (SA = [1 – (aprox / adist)] x 100) 

[1] at 11 nodes in the model (talus to proximal femur) (aprox = 

proximal node acceleration; adist = distal node acceleration). 

 

X

Y

Z
THUMS model

Direction of motion (global z-axis)

 
Figure 1: The full-body THUMS FEM [2] and modifications 

consistent with experimental setup (horizontal orientation and 

rigid wall). 

 

RESULTS 

Following modifications to the material properties of the 

THUMS shoe, the force and deformation data resulting from 

crush simulations closely overlaid those from in vivo heel pads 

[3]. The full model, with modified shoe properties, represented 

the experimental force and acceleration data fairly well, with 

22% and 54% error, respectively, over the entire 100 ms  

 

duration. PA amplitudes decreased as the shock wave moved 

proximally along the tibia and across the knee, consistent with 

positive SA values (Table 1). 

 

DISCUSSION AND CONCLUSIONS 

 

Overall, the modified THUMS model represented shock 

propagation and attenuation patterns characteristic of the 

human pendulum impacts relatively well, giving some promise 

to its use for investigating how shock propagates through 

lower extremity tissues following impact. Additional 

modifications to the shoe and model properties and geometries 

may help to reduce error magnitudes and improve the timing 

of model and experimental force and acceleration time 

histories. Examining stress distribution patterns at different 

levels within the tissues of the lower extremity in response to 

impact may also help to elucidate mechanisms of injury 

associated with shock propagation resulting from running-type 

impacts. 
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Table 1: Peak accelerations (PA) and times to peak 

accelerations (TPA) for all nodes. Shock attenuation (SA) 

[1] values indicate PA attenuation (+) and amplification (-), 

respectively. 

Node Location Node 
PA 

(g) 

TPA 

(ms) 

% SA (from 

previous node) 

Talus 1 19.3 3.0 – 

Tibia 2 17.5 3.4 9.5 

 3 15.4 3.5 12.2 

 4 13.1 3.7 14.5 

 5 12.4 3.9 5.4 

 6 11.7 4.0 5.8 

 7 11.3 4.1 3.3 

Femur 8 8.2 22.7 27.3 

 9 9.0 22.8 -9.6 

 10 9.3 22.8 -3.5 

 11 9.6 22.8 -3.0 
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INTRODUCTION 
 
Repetitive flexion and extension of a spinal motion segment 
has been shown to produce intervertebral disc herniations[1].  
Cyclic neutral to full flexion motions have also been shown to 
produce intervertebral disc herniations[2].  Research indicates 
though, that repeated extension motions have the ability to 
reverse herniations[2].  It is important therefore, to evaluate 
differences in the quantity of nucelus infiltration through the 
posterior annulus in spines exposed to repeated flexion and 
extension compared to those exposed to flexion alone.  
 
METHODS  
 
Thirty porcine spinal motion segments were utilized in this 
investigation, consisting of the C3 and C4 vertebral bodies and 
the intervening disc.  Specimens were divided into two groups 
with one group being exposed to both repeated flexion and 
extension while the other was exposed to pure repeated 
flexion. 
 
Specimens were placed under 1500N of axial compression 
using a dynamic servohydraulic testing system (model 8511, 
Instron Canada, Burlington, Ontario, Canada).  Specimens 
were exposed to 10000 cycles of either flexion and extension 
or pure flexion.  Prior to testing, a radiopaque dye was injected 
into the disc allowing for visual observation of nucleus 
migration.  
 
Digitized transverse plane photographs of the dissected 
specimens were taken and the images analyzed using 
commercially available software (Adobe Systems Inc., San 
Jose CA, USA).  The entire disc area was first traced; the 
endplate area was then traced and subtracted from the total 
disc area.  The portion of the annulus with evidence of nucleus 
pulposus infiltration, indicated by the presence of dye, was 
traced and divided by the total annulus area.  This gave a 
percentage of annulus with damage present.  An independent 
samples t-test determined the statistical differences between 
the two groups. 
 
RESULTS 
 

The group exposed to flexion alone was found to have 
significantly less diffusion of nucleus through the annulus 
compared to the group exposed to flexion and extension 
(p=0.023).  The flexion only group also had significantly less 
disc height loss compared to the flexion and extension group 
(p=0.00032).  Differences in disc height loss and annular 
damage between the two groups is summarised in Table 1. 
 

 
 
Figure 1: Process of damage quantification; tracing the 
outlines of the entire disc, the endplate, and the area infiltrated 
by nucleus pulposus. 
 
DISCUSSION AND CONCLUSIONS 
 
While flexion alone has the potential to cause nucleus to track 
through the posterior annulus, the effects are amplified when a 
cycle of flexion is followed by a subsequent cycle of 
extension.  Stress concentrations in the posterior annulus of 
some spines during extension[3] may cause a more rapid 
degradation of the posterior annulus.  This would facilitate a 
higher quantity of nucleus to be hydraulically pumped 
posteriorly during the subsequent cycle of flexion. 
 
It would appear that motions requiring both flexion and 
extension have the potential to produce higher levels of 
damage in the posterior annulus compared to those requiring 
flexion alone. 
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Table 1: Average Annular Damage and Axial Creep between Groups 
 
 Average Damage 

(%) 
Standard Deviation 
(%) 

Axial Creep (mm) Standard Deviation 
(mm) 

Flexion 5.9 5.3 4.5 0.7 
Flexion/Extension 12.4 8.8 6.9 1.9 
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INTRODUCTION 

 
The bilateral measurement of isokinetic thigh musculature 

strength in unilateral Anterior Cruciate Ligament (ACL) 

deficient patients may assist in determining pre surgical 

intervention progress, as well as be of value for establishment 

of baseline data for post surgical comparisons. Current 

analysis methods of strength curves in this patient population 

are exclusively based on use of discrete-time point variables, 

such as the peak or average moment of each muscle group. 

This a-priori decision on the choice of outcome variables may 

result in a loss of potentially useful information, as well as 

may lead to redundancy in the sense that the extracted 

variables may be highly correlated [1].  Principal Component 

Analysis (PCA) has been suggested as a suitable statistical 

procedure to eliminate such deficiencies [2]. In specifics, PCA 

allows the objective extraction of uncorrelated curve features 

that account for the majority of variation between conditions. 

This feature of PCA also has the added benefit of reducing the 

amount of data to be further explored. The purpose of this 

investigation was to utilize PCA to objectively identify 

isokinetic curve features that may enhance the bilateral thigh 

musculature strength assessment of ACL deficient patients. 

 

METHODS  

 

Procedures were approved by the institutional review board 

and written informed consent was obtained from all 

participants prior to testing. The concentric knee strength of 37 

unilateral deficient patients (20 women) was measured using a 

Biodex System 4 isokinetic dynamometer, (Biodex Medical 

Systems Inc., Shirley, NY, USA). The protocol entailed 

performance of 6 reciprocal knee extension and flexion 

repetitions at a preset angular velocity of 60º/sec performed 

through a 90º range of motion (ROM). The uninjured knee 

was always tested first, and concurrent verbal encouragement 

and visual feedback on performance were given in order to 

facilitate maximal effort production. 

Data were divided into extension and flexion repetitions, and 

each repetition was normalized to the product of each 

participant’s bodyweight (kg.) and height (m). From all 

participants, strength curves from repetitions 2 through 5 were 

subjected to PCA using procedures previously described [2]. 

For data reduction purposes, the number of PCs retained was 

determined using a 95% trace criteria. Differences in PC 

scores obtained for the strength curves of the injured and non 

injured knee were assessed using paired two tailed t-tests (α =  

0.05), and complimented with effect size (ES) estimates. For 

interpretation of the results, loading vector plots, as well as 

plots obtained using the single PC reconstruction method were 

visually examined. 

 

RESULTS 

 

The 1
st
 PC accounted for 81.4% of the variance between sides, 

and a significant difference in PC1 scores of the healthy and 

injured knee was noted (p<0.001, ES = 0.25).  Inspection of 

the accompanying loading vector and single PC reconstruction 

plots suggest that comparatively, the healthy knee exhibited a 

higher level of strength through the entire ROM. The 2
nd

 PC 

obtained for knee extension efforts accounted for 14.4% of the 

variance between sides. This PC, which was statistically 

insignificant (p = 0.29, ES = 0.19) represented a phase shift 

where strength curves obtained from the healthy knee were 

characterized by a sharp increase in strength up to peak in the 

initial 20º of range of motion, followed by a gradual decline in 

strength output for the remainder of the ROM. On the other 

hand, strength curves from the injured knee were characterized 

by a more gradual increase in strength during the initial part of 

the range of motion; reaching peak value at approximately 50º. 

 

DISCUSSION AND CONCLUSIONS 

 

Current results suggest that the magnitude of strength 

production throughout the entire ROM does account for the 

majority of variation between the healthy and injured knee. As 

such, use of conventional and arguably more clinically 

interpretable output measures utilizing data from the entire 

curve (e.g. work or average moment) may be considered best 

to represent this phenomenon. Although not reaching 

statistical significance, the time shift in strength production in 

the injured knee may be of relevance for comparisons of pre 

operative scores to those obtained following surgery. 

Consideration should perhaps be given to quantifying this 

phenomenon using a more clinically interpretable measure, 

such as perhaps the angle of peak moment occurrence.  

In summary, utilization of PCA for the bilateral assessment of 

isokinetic concentric knee extension strength curves of ACL 

deficient patients allowed the objective identification of curve 

features that may of relevance for clinical decision making 

regarding patient progression though targeted interventions 

before and following surgery, as well as for determination of 

readiness to return to regular activities following 

rehabilitation. 
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INTRODUCTION 
 

Local muscle fatigue (LMF) of the tibialis anterior (TA) has 

been shown to attenuate impact shock through the leg, even at 

the same ankle joint angle as during non-fatigued states [1]. 

This finding suggests that there could be a change in the 

rotational impedance of the ankle joint when TA fatigues.   

 

The purpose of this study was to determine the individual 

muscle contributions (MJRI) to ankle joint rotational 

impedance (AJRI) and to investigate the relationship between 

AJRI and localized muscle fatigue on tibial response 

parameters (TRPs): peak acceleration (PA), time to peak 

acceleration (TPA), and acceleration slope (AS). 

 

METHODS  
 

The right leg of 15 male and 11 female runners was impacted 

into an EVA foam-covered force platform using a pendulum 

apparatus [2] in both non-fatigue (NF) and LMF conditions 

across a range of ankle angles (0%, 20%, 40%, and 60% 

maximum dorsiflexion angle).  Impacts were delivered 

between 1.00-1.15 ms
-1 

to achieve peak forces between 1.8-2.8 

times body weight [2]. 

 

Surface EMG data for TA, fibularis longus (FL), lateral and 

medial gastrocnemius (LG, MG), and soleus (SOL), and ankle 

electrogoniometer and shank acceleration data were acquired 

at 4096 Hz and processed using custom LabVIEW® software.  

Data were obtained from impacts occurring in NF and LMF 

conditions.  Fatigue was induced by dorsiflexion against 

resistance at 50% maximum voluntary exertion. 

   

EMG-driven model moment curves were compared to joint 

reaction moment curves determined from subject 

anthropometry and kinematic data.  This enabled an 

assessment of the internal and external joint moments and 

resulting MJRI and AJRI values in the sagittal plane [3] 

(Figure 1).   

 

RESULTS 
 

No differences in TRPs were found between non-fatigue and 

fatigue conditions, or between sexes.  After the LMF, the 

mean MJRI of the TA significantly decreased by 9.4%, while 

the MJRI of the LG increased by 6.0%.  AJRI increased by 

20.8% on average from baseline (BL) to pre-impact (PRE).  

AJRI also decreased by 7.5% on average after the fatigue 

protocol.  Overall, a positive relationship was found between 

AJRI and PA, as well as AJRI and AS, while a negative 

relationship existed between AJRI and TPA. 

 
 

Figure 1: Changes in muscle joint rotational impedance 

(MJRI) and ankle joint rotational impedance (AJRI) with time.   

Baseline (BL), pre-impact (PRE) and post-impact (POST) 

time periods are labeled. 

    

DISCUSSION AND CONCLUSIONS 
 

Given the apparent tradeoff between the contributions of TA 

and LG to AJRI, it may be that the two muscles were working 

together to balance each other’s contributions, in order to 

maintain a consistent level of AJRI when TA was fatigued. 

The MG, SOL and FL remained consistent in their 

contributions to AJRI with LMF, supporting the notion that 

there may be an optimal amount of AJRI that must be 

maintained as an injury prevention strategy during impact 

activities with LMF onset.  

 

It is also proposed that AJRI plays a significant role in how 

shock propagates through the leg.  The idea of maintaining 

AJRI with fatigue is thought to balance the impedance 

requirements for preventing injury and running performance.   
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INTRODUCTION 

The assessment of musculature strength may assist in the 

determinations of disability or impairment following injury. 

However, the validity of strength test results may be 

compromised by participant exertion of a non-maximal effort. 

A wide variety of physical and psychosocial factors have been 

implicated to underlie the production of non-maximal efforts 

during testing in patient populations.  These may include the 

presence of pain and fear of re injury, as well as an attempt to 

exaggerate or feign muscle strength weakness for secondary 

gain purposes [1]. As such, there is a need for development of 

decision rules by which clinicians may ascertain maximal 

effort production during muscular strength testing.  

Previous research has established probability-based decision 

rules for ascertaining the type and level of effort exerted by 

participants during knee isokinetic testing using measures that 

quantify within-set performance consistency [2]. One of the 

decision rules was found to be particularly good in 

differentiating between maximal and a combination of 

submaximal and feigned efforts. However, in this former 

investigation only young, healthy participants were tested, and 

thus the generalizability to a heterogeneous patient sample is 

unknown. The purpose of this investigation was to assess the 

performance of the aforementioned decision rule in the ability 

to differentiate between maximal and submaximal knee 

isokinetic efforts in participants who underwent surgical 

reconstruction of the Anterior Cruciate Ligament (ACL). 

METHODS  

Procedures were approved by the institutional review board 

and written informed consent was obtained from all 

participants. The concentric knee strength of 36 patients (18 

men, 18 women, mean age 31 years, range 18-55 years) that 

have undergone surgical reconstruction of their ACL was 

measured using a Biodex System 4 isokinetic dynamometer 

(Biodex Medical Systems Inc., Shirley, NY, USA). Average 

time of testing following surgery was 13 months (range 2.5-

30). The protocol entailed performance of 4 sets of 6 

concentric knee extension-flexion repetitions at an angular 

velocity of 60º/sec performed through a 60º range of motion. 

The sets consisted of: 1) maximal effort; 2) self-perceived 

75% of maximal effort; 3) self-perceived 50% of maximal 

effort, and; 4) a set attempting to feign or exaggerate knee 

muscle weakness. Average cross correlation (CC) and % root 

mean square difference values (%RMSD) were computed 

between moment curves 2 through 5 in each direction for 

quantifying set internal consistency. These scores were 

subsequently inputted into a logistic regression based-decision 

rule previously established [2] to be classified as being 

maximal or not (Table 1).  Performance of the decision rules is 

reported in terms of number of misclassifications per effort 

condition and as sensitivity and specificity values expressed as 

percentages of the total number of tested participants.  

 
RESULTS 

Of the total 36 maximal effort attempts, 35 were classified 

correctly, whilst 1 effort was misclassified. Of the total 108 

submaximal and feigned efforts, 5 were misclassified as being 

maximal (3 trials at the 50% effort condition and 2 trials at the 

75% effort condition). No feigned effort attempt was 

misclassified. Of the 5 total submaximal misclassification 

cases, 2 belonged to the same individual. As such, when 

expressed on an individual participant basis, the decision 

rule’s corresponding specificity and sensitivity values are 

97.2% and 88.8%, respectively.   

 

DISCUSSION & CONCLUSIONS 

The performance of the decision rule developed for 

ascertaining maximal effort production during isokinetic 

testing of the knee joint showed satisfactory performance 

when applied to a sample of patients who underwent ACL 

reconstructive surgery. Future work will assess whether this 

decision rule may also be used in patients recovering from 

other types of traumatic and non traumatic knee injuries. 
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Table 1: Performance of decision rule for ascertaining maximal effort production during knee isokinetic testing of ACL 

reconstructed patients. *Denotes number of misclassifications of total number of efforts in each condition. 

Decision Rule Maximal* 75%* 50%* Feigned Specificity Sensitivity 

Declare submaximal effort if: 

67.9(CC)  -1.02 (%RMSD) < 49.2 
1/36 2/36 3/36 0/36 97.2% 88.8% 
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INTRODUCTION 
Some clinicians use mechanically based manual interventions 
in attempt to reduce low back pain under the assumption that 
altering motions, postures and loads can reduce pain [1].  
However, the mechanism of pain alteration remains unknown.  
The purpose of this study was to investigate the contributions 
of a number of biomechanical factors associated with pain 
alteration.  It was hypothesized that 1) coaching and cueing 
specific movement patterns would alter instantaneous pain in 
low back pain patients, and 2) if hypothesis 1 was true, these 
changes in pain would be reflected in changes in quantitative 
stability, joint load and posture (referred to as the “criterion 
variables”). 
 
METHODS  
A convenience sample was formed with four low back pain 
patients seeking consults for pain relief at a back pain clinic.  
All could produce “catches” of pain with movement.  Manual 
interventions involving coached changes in motion patterns, 
muscle activation patterns and posture were used in an attempt 
to reduce pain.  EMG and kinematic data were collected prior 
to and post intervention using a Vicon motion tracking system 
(MX20 cameras, Vicon Motion Systems).  These data were 
input to an anatomically detailed spine model that calculated 
muscle force, joint compression and shear, and eigenvalues 
associated with the potential energy based approach for 
assessing spine stability.  All of these variables, together with 
lumbar spine position (criterion variables) were assessed to 
obtain insight as to the mechanism of pain alteration. 
 
RESULTS 
Each subject exhibited different pain provocation activities 
and sensitivities together with different responses to the 
suggested interventions, therefore each subject was treated as a 
case study.  Using a clinically significant criterion of pain 
reduction greater than or equal to 2, 3 of the 4 subjects reduced 
pain immediately upon the intervention. Using a change of 
10% as a criterion for biological significance for the criterion 
variables, it was clear that the mechanism was different in 
each individual.  For example, subject 1, in a heel drop test, 
reduced the provoked pain score from 1 to 0 with a muscle 
bracing pattern that focused on latissimus dorsi, which 
increased stability at the L4 lumbar level.  Subject 2, in 
performing several tasks, obtained substantial pain reductions 
with different bracing/stiffening strategies (e.g. from pain 5 to 
3), resulting in increased ML shear.  Subject 3 eliminated pain 
(pain from 5, 6 or 7 to 0) with shifting movement from the 
spine to the hips and stiffening the torso, resulting in increased 
ML shear and lumbar postures maintained close to neutral 
(figure 1).  Subject 4 also eliminated pain (from pain 2 or 3 to 
0) by shifting movement from the spine to the hips and 

stiffening the torso, but in this situation, stability at the L4 and 
L5 level was increased. 
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Figure 1: Percent change in criterion variables between 
unbraced and hip hinge + LD stiffening interventions for 
Subject 3 squat task. Positive change represents a higher 
magnitude of the criterion variable when using the 
intervention. The thick black lines highlight the points where 
changes were considered biologically significant.  (L4F, L4B 
& L4T: L4 lumbar level eigenvalues in the flexion, bend and 
twist axes, respectively; L5F, L5B & L5T: L5 lumbar level 
eigenvalues in the flexion, bend and twist axes, respectively; 
Comp: Compression; Shr: Shear; LFA: Lumbar Flexion 
Angle; FAE: Flexion Angle Excursion; P: Pain) 
 
DISCUSSION & CONCLUSIONS 
In three of the four subjects, there was a clinically significant 
reduction in pain, providing support to the first hypothesis that 
altering movement and muscle activation patterns can change 
instantaneous pain.  Further, these changes in pain were 
typically reflected in the criterion variables, supporting the 
second hypothesis.   Based on the four case studies presented 
here, altering motions, postures and loads (i.e. biomechanical 
variables) altered pain intensity, but there does not appear to 
be one common biomechanical “critical” variable was 
effective for all. 
 
In summary, immediate pain reduction can be achieved by 
altering muscle activation and movement patterns.  However, 
the combination for optimal success appears to be different for 
every individual.  Thus clinical treatments/interventions must 
be “tuned” for each individual and this requires trial and error.  
This suggests that patient classification schemes may need 
more refinement to address this heterogeneity. 
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INTRODUCTION 

 

Over 5% of the Irish population has been diagnosed with 

diabetes; realistically this number is thought to be about 15% 

when undiagnosed and pre-diabetes cases are included [1]. 

Due to undiagnosed and poorly controlled diabetes, patients 

are needlessly developing foot complications, leading to 

prolonged hospital stays, increased immobility and more 

seriously amputation. Diabetic foot complications arise due to 

peripheral neuropathy, which deprives the patients of the early 

warning signs of pain and/or pressure. 

The epidemiology of lower limb ulceration begins with the 

onset of peripheral neuropathy which is linked to muscle 

wastage, gait misalignment and limited joint mobility [2]. 

These symptoms along with increased body weight contribute 

to elevated plantar pressures, in turn leading to ulceration and 

finally the feared result of amputation. To put this in 

perspective 80% of diabetic amputations are preceded by a 

plantar ulcer [3]. 

Therefore, the objective of this study is to perform an in depth 

assessment of the lower limb inclusive of (i) lifestyle 

questionnaire, (ii) biomechanical exam, (iii) 3D gait analysis, 

(iv) electromyography (EMG) and (v) plantar pressure. It is 

anticipated comparing the results of low-moderate risk 

diabetic feet to case matched controls, will highlight 

biomechanical discrepancies, which will allow for early 

intervention and a proactive approach to ulcer prevention.     

 

METHODS  

Subjects:  

Twenty DM patients and their healthy counterparts that 

match the profiles of the DM patients in relation to age and 

weight will take part in this study.  

Instrumentation:  

Lower body gait analysis will be carried out using 3D motion 

analysis system (VICON Ltd, UK). Retro-reflective markers 

will be attached to the lower body according to the Vicon Plug 

in Gait recommendations. A multisegmental biomechanical 

foot model based on the Oxford foot model will be used to 

calculate foot motion (dorsi/planar flexion, 

adduction/abduction, internal/external rotation). The lower 

limb muscle activity will be recorded simultaneously using 

wireless EMG sensors (Aurion Ltd, Italy). The Ground 

Reaction Force (GRF) will be measured using force plates. 

Static and dynamic plantar pressure distributions (Figure 1) 

will be thoroughly studied using HR pressure mat (Tekscan 

Ltd, USA). 

 
Figure 1: 3D visualisation of plantar pressure distribution. 

 
RESULTS 

 

The results obtained are to provide understanding of the early 

biomechanical effects of diabetes on the lower limbs.  

Preliminary results indicate to common regions susceptible to 

diabetic foot complications, within this pilot group results are 

patient specific and of yet no clear correlation has emerged. It 

is evident, on comparison of assessment groups, that with the 

onset of diabetes the lower limbs begin to suffer. Analyses of 

the diabetic participants indicate to diminishing biomechanics 

of the lower limb such as (i) delayed firing for the Tibilais 

Anterior (ii) Increased Plantar Pressure (iii) Reduced 

intersegmental motion.  

 

DISCUSSION/CONCLUSION 

 

The feet are the most vulnerable part of the human body 

with regard to injury and infection and diabetes makes them 

more susceptible.  

To-date, the effect of DM on the ankle-foot joint biomechanics 

has not been well defined. This study offers detailed 

biomechanical analysis of the complicated diabetic foot. It is 

hoped that the results of this study can be used to guide future 

strategies for preventing pressure ulcers associated with DM 

and as such this project will have tremendous impact on the 

field of podiatric research and orthotic design/development. 
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INTRODUCTION 

The mechanism of non-contact anterior cruciate ligament 

(ACL) injury is not well understood.  It is partly because 

previous studies have been unable to relate dynamic knee 

muscle forces during sports activities such as landing from a 

jump to the strain in the ACL. The objective of this research 

was to develop and validate a unique combined in-vivo/in-

vitro method to relate the muscle group forces to ACL strain 

during jump-landing using a newly developed dynamic knee 

simulator. 

 

METHODS  

A novel dynamic knee simulator system (Fig. 1) was designed 

and developed to study sagittal plane biomechanics of knee. 

The simulator is computer controlled and uses six powerful 

electromechanical actuators to move a cadaver knee in the 

sagittal plane and to apply dynamic muscle forces at the 

insertion sites of the quadriceps, hamstring and gastrocnemius 

muscle groups and the net moment at the hip joint. To validate 

the equipment, motion capture of a live subject landing from a 

jump on a force plate, was performed. The kinematics and 

ground reaction force data obtained from the motion capture 

was input into a computer based musculoskeletal lower 

extremity model (AnyBody modelling system, Denmark). 

From the model, the force-time profile of each specific muscle 

groups across the knee during the movement was extracted, 

along with the kinematics of the hip and ankle joints. This data 

was then programmed into the dynamic knee simulator 

system. Jump-landing was simulated on a cadaver knees. The 

programmed and actual muscle forces applied to the cadaver 

knees were compared. The net moment applied at the knee and 

calculated from inverse dynamics were compared. The ACL 

strain during jump-landing simulation was measured. 

 
RESULTS 

Our results show that the simulator has the capability to 

accurately simulate the dynamic sagittal plane motion and the 

dynamic muscle forces during jump-landing. The average 

difference between calculated and applied maximum muscle 

forces were 1.5±12%. The applied muscle forces resulted in 

similar net knee moment profiles calculated through inverse 

dynamics (5% difference in maximum moment). The ACL 

strain values (3±2% strain) were repeatable and agreed with 

the values reported in the literature.  The joint moment profiles 

matched the moment profiles calculated through inverse 

dynamics (5% difference in maximum moment). The ACL 

strain values (3±2% strain) were repeatable and agreed with 

the values reported in the literature.  Variations in the muscle 

forces profiles resulted in changes in the ACL strain showing 

the effects of various muscle forces on the ACL strain. Our 

results show that the knee simulator system can accurately 

simulate in-vivo kinematics and kinetics on the cadaver knees. 

  

Figure 1: Cadaver knee mounted on the dynamic knee 

simulator system. 

 

DISCUSSION & CONCLUSIONS 

For the first time, we were able to simulate dynamic high-risk 

motion accurately on cadaver knee and study the resulting 

ACL strain. It was also shown that variation in muscle force 

profiles affect ACL strain. This combined in-vivo/in-vitro 

approach can be effectively used to study the relationship 

between sagittal plane muscle forces and ACL strain during 

dynamic activities.  The information gained through such kind 

of research can give valuable insight into the neuromuscular 

factors that affect ACL injury. This approach could also be 

used to find the effects of neuromuscular training for ACL 

protection by performing the simulation based on motion 

capture on high risk athletes before and after training. 
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Figure 1. Mean (±SE) stance phase EMG signals for those 

muscles and normalization methods for which we found 

significant effects of age. Single asterisks (*) indicate 

significantly different between young and old. Double 

asterisks (**) indicate significantly different from level 

walking. p<0.05 significant. 
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INTRODUCTION 

Advancing age brings prominent changes in leg muscle 

activities during level-ground walking. Even healthy old adults 

disproportionately recruit hip extensor muscles during the 

stance phase. Some have questioned how much of this 

redistribution in muscle recruitment can be attributed to 

modified neural function vs. muscular weakness [1,2]. We 

reasoned that due to the greater concentric demand on leg 

extensor muscles during the stance phase, uphill walking 

would exacerbate hip extensor muscle reliance in old adults. If 

so, this would provide insight into the mechanisms responsible 

for the redistribution of leg muscle recruitment with advancing 

age.  Compared to young adults, we hypothesized that old 

adults would exhibit greater increases in hip extensor muscle 

activities and smaller increases in ankle extensor muscle 

activities during uphill vs. level walking. We also sought to 

describe how uphill and downhill walking affect age-related 

increases in antagonist leg muscle coactivation [3]. 

 

METHODS 
10 healthy young (25 ± 4 yrs) and 10 healthy old (72 ± 5 yrs) 

adults walked at 1.25 m/s on a motorized treadmill at seven 

grades (0, ±3, ±6, ±9°). Old subjects were exceptionally fit, 

recruited from local mountain hiking and cycling groups. We 

recorded electromyographic (EMG) signals from seven right 

leg muscles: tibialis anterior (TA), medial gastrocnemius 

(MG), soleus (SOL), vastus medialis (VM), rectus femoris 

(RF), biceps femoris (BF), and gluteus maximus (GMAX). We 

normalized the full-wave rectified EMG signals by two 

methods: 1) to their mean amplitudes during level walking and 

2) to maximum isometric voluntary contractions (MVC). We 

computed average EMG amplitudes from heelstrike to 

midstance for VM, RF, BF, and GMAX and from midstance to 

toe-off for MG and SOL, corresponding to the primary stance 

phase EMG bursts. We then used methods introduced by 

Falconer and Winter [4] to calculate coactivation indices (CI) 

of agonist-antagonist muscle pairs of the thigh and lower leg. 

RESULTS 

Healthy young and old adults all employed the same general 

muscle recruitment strategies during uphill walking (greater 

recruitment of hip, knee, and ankle extensors) and downhill 

walking (only greater recruitment of knee extensors) (grade, 

p<0.01). However, as hypothesized, old adults exhibited 

smaller increases in MG activity with steeper uphill grade than 

young adults (age, p=0.02) (Fig. 1). Compared to level 

walking, MG activity increased by 136% to walk up 9° in old 

adults but by 174% in young adults. In compensation, old 

adults exhibited greater GMAX activity at all grades and 

approached their maximum isometric capacity at steep uphill 

grades (age, p=0.01). Compared to young adults, old adults 

exhibited greater coactivation of lower leg antagonist muscle 

pairs at all grades (CIMG,TA and CISOL,TA) (age, p<0.05). But, 

young and old adults had similar coactivation of antagonist 

thigh muscle pairs (p>0.10). Coactivation of antagonist lower 

leg muscle pairs increased significantly with steeper downhill 

grade, but similarly in young and old adults (grade, p<0.01). 

DISCUSSION AND CONCLUSIONS 

Uphill walking exacerbates the disproportionate recruitment of 

hip extensor muscles that occurs with advancing age. 

Consequently, GMAX activity approaches the maximum 

isometric capacity of old adults at steep uphill grades. 

However, these exceptionally active old adults were still able 

to considerably increase ankle extensor muscle activity to walk 

up 9° compared to level walking. Thus, ankle extensor muscle 

weakness is unlikely the primary mechanism underlying the 

distal to proximal redistribution of leg muscle recruitment with 

advancing age. Many suggest that old adults utilize antagonist 

coactivation to increase joint stiffness [e.g., 3]. If so, then our 

results also imply that neither uphill nor downhill walking 

affect age-related increases in leg joint stiffness. We conclude 

that hip extensor muscle reliance may ultimately limit uphill 

walking ability and impair the independence of old adults.  
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INTRODUCTION 
 
Botulinum toxin type-A (BTX-A) is a frequently used 
treatment modality to relax spastic muscles by preventing 
acetylcholine release at the motor endplate [1]. Although 
considered safe, previous studies have suggested that BTX-A 
injections cause severe atrophy and muscle degeneration in 
target and non-target muscles [2]. BTX-A treatments often 
comprise multiple injections separated by 3-4 months due to 
the time limited action of the toxin. Depending on the 
injection/recovery protocol, muscle function may be 
compromissed following a period of BTX-A treatments. 
However, muscle recovery following repeat BTX-A injections 
is anecdotal with no systematic research backing of clinical 
claims. Therefore, the purpose of this study was to investigate 
if muscle properties and structure fully recovery within six 
months following a six months BTX-A treatment protocol. 
 
METHODS  
 
Twenty-seven skeletally mature NZW rabbits were divided 
into 5 groups: Control (n=5), BTX-A+0M (n=5), BTX-A+1M 
(n=5), BTX-A+3M (n=5), BTX-A+6M (n=7). Control group 
animals received equal volume saline injections. Experimental 
group animals received monthly BTX-A injections (3.5U/kg) 
unilaterally for six months, and were evaluated after 0, 1, 3, 
and 6 months of recovery (BTX-A+0M/+1M/+3M/+6M). 
Outcome measures included isometric knee extensor strength, 
muscle mass, and area fraction of contractile material in 
injected and non-injected muscles. Muscle mass and strength 
were assessed by weighing the muscles and measuring the 
maximal isometric strength via femoral nerve stimulation. The 
percentage of contractile material was determined 
histologically by the area fraction of contractile material to 
total muscle cross-sectional area. A 2 way-ANOVA with main 
factors leg (injected and non-injected contralateral) and groups 
(Control, BTX-A+0M/+1M/+3M/+6M) was performed 
(α=0.05). 
 
RESULTS 
 
Muscle strength was partially and completely recovered in the 
injected and non-injected hind limbs for BTX-A+6M group 
animals, respectively. Peak strength was reached after 1 month 
of recovery (BTX-A+1M), with no further recover at 3 and 6 
months (Fig 1). Muscle mass recovered in a similar manner to 
strength (results not shown). The area fraction of contractile 
material in control group animals was 96%. The area fraction 
of contractile material partially recovered in the injected hind 
limbs for the 6 month recovery animals but not for the 1 and 3 
months recovery animals. The percent area fraction of 
contractile material showed no recovery in the 1, 3, and 6 

months recovery group animals compared to the 0 months 
recovery animals (Fig 2). 

 

Fig 1 Mean (±1SE) strength normalized to control group 
rabbits. *compared to Control; #compared to BTX-A+0M 
group (p<0.05). 

 
Fig 2 Mean (±1SE) contractile material normalized to control 
group rabbits. *compared to control; #compared to BTX-
A+0M group (p<0.05). 
 
DISCUSSION AND CONCLUSIONS 
 
Muscle strength, mass and percent contractile material 
following a six months BTX-A treatment protocol did not 
fully recover in injected and contralateral non-injected 
quadriceps muscles of rabbits. While strength and mass 
recovered to a certain degree, there was no apparent 
improvement of the percentage of contractile material, 
suggesting that strength/mass recovery occur at a different rate 
than recovery of structure. Since structure is typically not 
evaluated in patients receiving BTX-A treatments, 
measurements of strength, volume and mass may not 
appropriately reflect the long-term structural damage in 
muscles following BTX-A treatment. 
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INTRODUCTION 
Due to the extraordinary mechanical properties of CNTs, 
hydroxyapatite (HAp) precipitation on functionalized carbon 
nanotubes (f-CNTs) suggests using CNTs as reinforcing 
scaffolds, in order to obtain a mechanically enhanced bone 
tissue. Moreover, deposition and regeneration of bone mineral 
phase is enhanced by the help of f-groups on CNT 
surface/head, even in the absence of the organic component 
(i.e. collagen fibers) [1]. 
As discussed in [2], the carboxyl (COOH) f-group contributes 
to the attachment of calcium and phosphate ions to the CNT 
through ionic interactions, forming the HAp nanoparticles on 
the CNT scaffold. The f-site also takes part in the reinforcing 
mechanism and load transfer from the HAp matrix to the CNT, 
giving rise to a mechanically improved artificial bone tissue. 
In addition, the presence of CNTs also enhances the fracture 
properties in the bone matrix, by decreasing the tendency of 
microcracks to grow/propagate when exposed to the CNT stiff 
inclusion(s) [3]. By its nature, bone is in direct relation with 
the applied mechanical loads, and its living functions depend 
on the external mechanical stimuli. The improvement of the 
mechanical response of the proposed synthetic bone may be 
promising from the view point of engineering a stronger, 
stiffer bone tissue for implantation or as a cure to diseases 
such as osteoporosis. However, alterations in the mechanical 
behavior of this new bone tissue can have a definite impact on 
its mechanical and living functions (e.g., the rate of the bone 
remodeling process, which ultimately dictates the mechanical 
properties of the bone tissue) [4]. In this study, a 2D model is 
developed to look at the interactions between a crack and an f-
CNT inclusion in the HAp matrix. The objective is to observe 
the effect of elastic property mismatch on crack behavior and 
its influence on the microcracking mechanism which is 
hypothesized to be a toughening mechanism in living bone 
that is responsible for stimulating bone remodeling [5]. 
 
MODEL DESCRIPTION  
Consider a domain in R2, infinite in extent containing an 
isotropic circular inclusion (CNT) which is bonded to an 
elastic isotropic matrix (HAp matrix) through an isotropic 
single coaxial circular bonding layer (f-group). A pre-existing 
crack is located in the HAp matrix, near the f-CNT inclusion. 
The effect of the elastic mismatch of the f-site on the stress 
intensity factor (SIF) on the crack tip facing the inclusion is 
investigated when the configuration is under uniform stress (σ) 
perpendicular to the crack orientation. The thickness of the f-
site in the representative volume element (RVE) refers to the 
C-C bond length in sp3 hybridization, between the carbon 
atoms in COOH, and the carbon atoms on the single-walled 
CNT surface (Fig. 1). Due to the ionic nature of the 
interactions between the phases, perfect bonding along the 
boundary between the HAp matrix and interphase layer, as 
well as between CNT inclusion and interphase layer are 

assumed. The material parameters for HAp and CNT are 130 
GPa and 680 GPa, respectively, for the isotropic elastic 
moduli; and 0.3 and 0.28, respectively, for the Poisson’s 
ratios. The modulus of elasticity for the f-group varies from 
soft to stiff relative to the other phases of the RVE. The 
Poisson’s ratio for the f-group is taken to be 0.4. 

 
Figure 1: 2D RVE model for analyzing the effect of inclusion 

material properties upon the crack stress intensity 
 
RESULTS AND DISCUSSION 
Depending on the stiffness of the f-phase, the maximum SIF 
can occur at tip-a (in the case of soft f-phase) or tip-b (in the 
case of stiff f-phase). Fig. 2 shows the trend in the SIF values 
at crack tip-a when the ratio of distance to inclusion radius 
changes, for four different moduli of elasticity. 

 
Figure 2: Normalized SIF at crack tip-a, versus normalized 

distance from inclusion 
 
CONCLUSIONS 
The location of crack tips with respect to CNT(s), in addition 
to elastic mismatch between the phases, may cause the crack 
growth to stop, deviate, or propagate further. 
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INTRODUCTION 

 
Titin is a giant structural protein in muscle that spans the half 

sarcomere from the z-line to the M-band. Although much is 

known about titin’s mechanical properties from tests on 

isolated molecules or recombinant fragments, there is little 

information on its behaviour within the structural confines of a 

sarcomere. Because of its size (>3MDa) and instability, it is 

hard to isolate titin and test it mechanically, although rare 

attempts have been made [1]. Recent work demonstrated that 

titin accounts for most (90-95%) of the passive forces in single 

myofibrils [2], and that titin’s intra-sarcomeric properties may 

differ from those observed in the isolated molecule [3]. 

Therefore, the purpose of this study was to determine the intra-

sarcomeric properties of titin and compare those to the 

properties observed in isolated titin preparations.  

 

METHODS  

 

Preparation: Myofibrils (n=28) were harvested from rabbit 

psoas, isolated as described previously [2], and prepared for 

mechanical testing using micro-electronically machined 

silicon nitride levers (stiffness 68pN/nm) for force 

measurements (resolution <0.5nN), and a glass needle attached 

to a motor capable of producing sub-nm length changes. 

Testing: Myofibrils were passively stretched from an average 

sarcomere length of 2.5µm by 1.0, 2.0, 2.5, and 3.0µm at a 

speed of 0.1 µm/s·sarcomere and then released at the same 

speed to the original length. Three consecutive stretch-

shortening cycles were performed followed by a ten minute 

rest and repeat of the original stretch-shortening protocol. 

These stretch-shortening cycles were then repeated using an 

activating solution plus a cross-bridge inhibitor (butanedione 

monoxime) to test the passive properties of titin in an activated 

(pCa
2+

 = 3.5) myofibril. 

Analysis: Loss of energy, change in stiffness (identified by the 

inflection point), shortest sarcomere length at the inflection 

point, and average force at the inflection point were 

determined. Mann-Whitney signed-rank and Kruskal-Wallis 

tests (α=0.05) were used to identify differences between repeat 

trials and repeat sets, and active/passive trials, respectively. 

 

RESULTS 
 

Change in stiffness: A distinct change in stiffness of the force-

elongation curves was found (figure 1B, arrow). The smallest 

sarcomere length where this was observed was 3.5µm, while 

the average force at this inflection point was 68nN/µm
2
 (±5). 

Loss of energy: Energy loss decreased significantly from the 

first to the second and to the third stretch-shortening cycle. 

The energy loss in the first cycle of the repeat set was always 

smaller than that of the first cycle of the initial set. Finally, 

energy loss increased with increasing stretch magnitudes. 

Active vs. Passive: There were no differences in the passive 

forces between passively ([pCa
2+

]=8.0) and actively 

([pCa
2+

]=3.5) stretched myofibrils. 

 

 
 

Fig 1 Change in stiffness (point C in Fig. A and arrow in Fig. B) 

indicating the start of Ig domain unfolding in single titin molecules 

(Fig. A) and isolated myofibirils (Fig. B), respectively. 
 

 

DISCUSSION AND CONCLUSIONS 

 

Change in stiffness: The change in stiffness occurred at an 

average force of 68nN/µm
2
, indicating that this is the point of 

Ig domain unfolding [1]. Since this inflection occurred at 

sarcomere lengths ≥3.5µm, and the longest in situ length is 

2.5µm in rabbit psoas, we suggest that Ig domain unfolding 

occurs outside the physiologically relevant range for this 

muscle. If this holds true for any muscle requires further work. 

Loss of energy: The decrease in energy loss for repeat stretch-

shortening cycles and decreasing stretch magnitudes indicates 

that Ig domain re-folding during shortening is incomplete, 

consistent with results found on isolated titin [1]. However, the 

result that intra-sarcomeric titin has no elastic region is in 

contrast to isolated titin molecules (figure1A, inset [1]). 

Active vs. passive: Activation had no effect on titin’s passive 

force, suggesting that calcium alone does not alter titin’s 

stiffness, in contrast to data on isolated Ig domains [4].  

In summary, titin’s intra-sarcomeric properties differ from 

those of isolated titin, it does not contain an elastic region, and 

Ig domain unfolding occurs outside the physiological range. 
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INTRODUCTION 
 
Patellofemoral pain syndrome (PFPS) is one of the 
most common knee disorders, with pain located 
primarily in the lateral aspect of the patellofemoral 
joint. Force imbalance in the knee extensor muscles has 
been associated with changes in patellofemoral 
tracking  and is suspected to cause PFPS [1]. 
Specifically, weakness of the vastus medialis (VM) 
relative to the vastus lateralis (VL) is the usual 
imbalance associated with PFPS. This imbalance is 
believed to lead to the lateral shift in patellar tracking 
seen in PFPS patience compared to healthy subjects. 
 
In a previous study, we found a slight lateral shift of 
patellar tracking following VM transection in New 
Zealand White rabbits (NZWR) for concentric and 
eccentric contractions [2]. However, and to our great 
surprise, patellar tracking occurred much more laterally 
for the passive compared to the active contractions. 
Since VM ablation caused a loss in average knee 
extensor force of 19%, we speculated that the shift in 
patellar tracking following may not have been caused 
by the lack of medial pull from VM, but rather, was 
caused by the decrease in overall knee extensor force. 
 
Therefore, the purpose of this study was to evaluate the 
effect of knee extensor force on patellar tracking. We 
hypothesised that patellar tracking will occur more 
medially with increasing knee extensor force. 
 
METHODS  
 
All experiments were performed on knees (n=4) of 
skeletally mature NZWR. Patellar tracking was 
recorded with a high speed camera at 200Hz and a 
spatial resolution of 80µm. A four point marker was 
rigidly attached to the patella via a bone screw and two 
further markers on the femur via bone pins, to record 
movements of the patella relative to the femur. Rabbits 
were fixed in a stereotaxic frame, while the tibia was 
attached to a lever arm connected to a motor allowing 
for knee extension/flexion between 30° and 90°at 
40°/s. Patellar tracking was recorded for passive and 
active concentric and eccentric knee extensor 
contractions, before and after VM transection and for 
five different force levels 
 
Patellar tracking was evaluated every 5° of knee 
extension between 30° and 90°, for all force levels, and 
before and after VM transection.  
 

RESULTS 
 
As knee extensor force increased, the patella tracked 
more medial for eccentric and concentric 
contractions(figure1). For equal knee extensor forces, 
patellar tracking was the same before and after VM 
transection. 
 

 
Figure 1: Comparing  tracking path for concentric 
contraction as force increases from passive  to 100% 
muscle force. 
  
DISCUSSION AND CONCLUSIONS 
 
We conclude from the results of our study that patellar 
tracking is not affected significantly by knee extensor 
imbalance (VM cut), but depends strongly on the total 
knee extensor forces, with the patella tracking more 
medially with increasing force. In agreement with these 
results, differences in active and passive patellar 
tracking have been observed in the human knee [3]. 
Therefore, when comparing patellar tracking before 
and after an intervention, knee extensor forces must be 
matched, otherwise erroneous conclusions might be 
drawn.  
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INTRODUCTION 
 
To aide understanding altered neuromuscular recruitment 
patterns in a low back pain population, improved metrics 
based on objective data are required. The purpose of this 
study was to compare trunk muscle activation patterns in a 
low back injured group (LBI) with an asymptomatic group 
(ASYM) during two controlled pelvic stabilization 
exercises, using principal component (PC) analysis. 
 
METHODS  
 
Thirty LBI and 51 ASYM participants of both sexes 
volunteered for the study. The LBI group reported a 
significant bout of low back pain within the previous 12 
weeks, which they self-reported had resolved. The ASYM 
group had no recent history (>1yr) of low back pain.  
 
Following a series of maximum isometric voluntary 
contractions (MVCs), participants performed a supine trunk 
stability test [1], with two levels of difficulty: Level 1 with 
the leg supported, Level 2 with no support.  
 
Electromyographic (EMG) data collected from 24 trunk 
muscle sites (abdominal and back extensors) were full wave 
rectified and low pass filtered (6 Hz). Data for the entire 
exercise were time normalized to 100%, then amplitude 
normalized to the appropriate MVC. EMG ensemble 
average waveforms for three trials per condition were 
entered into a PC analysis model, using a covariance matrix.  
Mixed model ANOVAs were performed on PC scores 
explaining more than 89% of the variance. 
 
RESULTS  
  
Four PCs explained 89% and 96% of the variance for the 
abdominal and back muscles, respectively, with both groups 
having similar shapes in the first 3 PC patterns. Significant 
main effects and interactions for each PC score are shown in 
Table 1.  Three abdominal PCs had group*level 
interactions, whereas only PC1 did for the back muscles. 
 
DISCUSSION AND CONCLUSIONS  
 
PC1 captured the overall mean pattern, with an increase in 

amplitude as the left leg was lifted and lowered (Figure 1). 
The group*level interaction plot for the abdominals showed 
that the LBI group PC1 score was significantly higher than 
the ASYM, as was Level 2 compared to 1.  PC2 captured 
the increased muscle activity mid-phase, as well as a 
decrease in activations at the beginning and end of the 
pattern. The group by muscle interaction for the abdominals 
was primarily associated with an increase in activation with 
the Level 2, whereas there was a strong L>R tendency in the 
back muscles. PC3 captured a large increase in activity in 
the initial 10% of the pattern and in the last 15%, more so in 
the abdomen than the back. This is largely attributed to the 
initial stabilizing activity of the internal obliques. However, 
early and late muscle activation levels in the back were 
significantly higher in the LBI group. Finally, PC4 captured 
the tendency for some muscles to increase their activity 
during the initial left leg lift (15% timeline), but drop off 
substantially in the final 20%.  For the abdominals, there 
was a consistent L>R trend.  

 
This study demonstrates that, despite the perception of 
readiness to resume normal activities, participants in the 
LBI group still had altered amplitude and temporal muscle 
activation levels compared to the ASYM group. There was 
also an overall trend of increased co-contraction in the LBI 
group: less ability to fine tune muscles according to the 
applied moment. 
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Figure 1: Left: PC1-3 for the abdominal muscles. Right: 
level*group interactions. ASYM = solid line, LBI = dotted 
line. Level represented by numbers 1 and 2.  

P
C

P
C

P
C

Table 1: Significant main effects and interactions for PCs 1 – 4 in both the back and abdominal muscle groups. 
 group level group*level group level group*level 

PC1 = 0.005 < 0.001  = 0.001 = 0.000 = 0.008 = 0.018 
PC2 = 0.913 < 0.001 = 0.014 =0.207 < 0.001 = 0.232 
PC3 =0.379 < 0.001 = 0.053 = 0.027 < 0.001 = 0.196 
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PC4 = 0.028 = 0.002 = 0.137 
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= 0.865 = 0.299 = 0.164 
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INTRODUCTION 
 
Osteoarthritis (OA) is accompanied with alteration in cartilage 
mechanical properties. Once this disease is initiated, the 
altered joint mechanics will facilitate its further development, 
or OA progression. It is essential to evaluate the altered joint 
mechanics, in order to understand OA progression. 
Degenerative cartilage mechanics has been mostly studied in 
vitro with standard explants geometries. At the joint level, 
however, the 3D contact geometry makes the problem 
substantially more complicated. The objective of this study 
was to investigate the effect of cartilage degeneration on the 
knee joint mechanics using a whole joint modelling. We also 
considered the influence of fluid pressure that has not been 
modelled by other research groups except for a recent one [1]. 
 
METHODS  
 
The model included femur, femoral cartilage, meniscus, tibial 
cartilage, and tibia. Two sets of mechanical properties were 
implemented for the femoral cartilage: (1) depth-dependent 
healthy cartilage data; (2) altered properties caused by OA 
with decreased Young’s modulus, and increased permeability 
[1]. In the healthy cartilage, fibers were parallel to the surface 
in the superficial layers, and were vertical in the deep layers. 
In the OA cartilage, the orientation of fibers was not aligned in 
a particular direction. The OA region was assumed in the 
medial condyle. The distal tibia was fixed, and 0.1mm 
compressive displacement was applied on top femur. 
ABAQUS 6.10 (Simulia Inc., Providence, RI, USA) was used 
to perform the finite element contact analysis. More details 
can be found in our publications [2,3]. 
 
RESULTS 
The fluid pressures in the superficial layers were different in 
the normal and OA knee. Specifically, the fluid pressure was 
lower at the OA site, as compared to the normal knee (Fig. 1). 
The alteration in mechanical properties resulted in noticeable 
alteration in the distribution of fluid pressure along the tissue 
depth (Fig. 2). OA also caused reduction in fluid pressure in 
the deep layers. 
 
DISCUSSION 
OA significantly decreased the fluid pressure in the surface 
layer of articular cartilage (Fig. 1). This will result in higher 
frictions between the articulating surfaces, and higher burden 
on the tissue matrix to support external loads. From the depth-
wise perspective, the fluid pressure gradient decreases in the 
OA cartilage, which will impose the deeper layers to support 
higher loads, as compared to the normal tissue. 

In this paper a displacement was applied on the knee for the 
simplicity of computation. In the coming months, force 
boundary conditions will also be considered by the authors. 
Preliminary results indicated lowered surface fluid pressure in 
the OA knee, and also decreased pressure gradient along the 
tissue depth, which may facilitate the progression of OA. 
 

 
Figure 1: Fluid pressure in the superficial layer in healthy 
(left) and OA (right) femoral cartilages. 

 
Figure 2: Fluid 
pressure in healthy 
(upper) and OA 
(lower) cartilages, 
shown for a 
sagittal plane 
cutting through 
the medial 
condyle (lower 
side is the 
surface). 
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INTRODUCTION 
  
We developed a novel in vivo testing system that allows 

for quantification of joint, cartilage and chondrocyte 

loading and for analysis of changes in proteins contained 

in the synovial fluid of intact knees in live mice [1].  
While loading mice knees with different knee extensor 

forces, we observed a discoloration of the synovial fluid 

suggesting that synovial fluid composition changes during 

knee loading. The purpose of this study was to test this 

hypothesis and determine if synovial fluid might be used 

to quantify joint loading and serve as a “biomarker” for 

positive-adaptive and negative-degenerative responses to 

exercise loading. Synovial fluid can be extracted easily 

from human joints, and thus might become a powerful 

tool for developing safe muscular exercise programs. 
 
 

METHODS 
 
The medial aspect of the mouse knee (n=9) was exposed 

with a 6mm incision (Fig 1a). A sequence of 15 repeat, 

isometric muscular contractions of “low” intensity (less 

than 40% of the maximal muscular force), moderate 

intensity (40-55% of maximal) and “high” intensity (> 

55% of maximal) were applied repeatedly (up to five 

times with a fifteen minute break) to the mouse knee (Fig 

1b). Changes in total synovial fluid borne protein and 

proteoglycan 4 (PRG4, also known as lubricin) content 

for the different loading conditions were measured and 

compared to resting values.  

 

 
                    (a)           (b) 

 

Fig 1: (a) Exposed mouse knee with the medial tibial 

plateau (T), and the medial femoral condyle (F). (b) 

Normalized (relative to maximum = 1.0) knee extensor 

forces as a function of time. Muscles were stimulated for 

0.5s every 4s at a voltage and frequency producing the 

desired force (about 70% in this example). 

 

RESULTS 

Increased loading of knees was accompanied with 

increases in total protein (p<0.0001) and PRG4 content 

(Fig 2). Total protein and PRG4 contents decreased 

significantly with repeat “intense” loading (Fig 2). 

Following the addition of cell inhibitors (Brefedin A and 

Ml-141) to the knee, PRG4 levels remained below the 

detection limit for all loading conditions (Fig 3). 

 

 

 
Fig 2: Increased loading caused increased total synovial 

protein content (means±1SD). The percentages on the x-

axis give the force (max=100%). Irrigated PBS is the 

resting protein content. The last bar shows the 5
th

 set for 

“intense” loading conditions. Blue horizontal bars show 

significant differences. 

 
 

Fig 3: Western Blot for PRG4. PRG4 appeared after 

intense (70%) loading (2,3,5,8) and disappeared after cell 

inhibition (6,9). PRG4 was absent prior to loading (1,4,7).  

 

DISCUSSION AND CONCLUSIONS 

We developed an in vivo joint loading model that allows 

for quantifying changes in protein content in the synovial 

fluid. We found that muscular exercise caused cells to 

release PRG4 and that increased intensity of knee loading 

resulted in an increase of total protein and PRG4 content. 

Total protein and PRG4 content decreased with repeat 

“intense” loading conditions.  

These results suggest that synovial fluid protein content 

may be a potent indicator for the intensity and duration of 

acute joint loading, and might serve as a powerful clinical 

tool to assess the effectiveness of rehabilitation and 

prevention exercise programs. 

 

REFERENCES: [1] Abusara Z, et al. JB 2011; 44:930-4. 
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INTRODUCTION 

 

By lengthening an already activated skeletal muscle, the 

force produced during stretch is greater than isometric force 

at the same muscle length. Any increase in force during the 

steady state phase following stretch is termed residual force 

enhancement (RFE). This intrinsic muscle property is 

believed to be a function of the muscles force transmitting 

structures, and is evident in various muscle preparations and 

in vivo human studies [1,2]. Repeated unaccustomed 

lengthening contractions result in muscle damage and 

impaired functional performance [3] owing to reduced force 

generation capacity and increased series compliance. 

However it is unknown how muscle damage affects RFE. 

This study investigated changes in neuromuscular properties 

of the dorsiflexors following high intensity lengthening 

contractions in young men. We hypothesised muscle damage 

associated with lengthening contractions would severely 

impair force generation and force transmitting structures 

leading to a reduction in RFE.  

 

METHODS 

 

We tested the dorsiflexors of 8 young men (26.5±2.8y) on a 

HUMAC NORM dynamometer (Stoughton, MA). Following 

determination of electrically evoked muscle properties 

(twitch, 10 Hz, 50 Hz), baseline reference maximal voluntary 

isometric contractions (MVC) were performed with 3 min of 

rest between all efforts. Following the MVCs a stretch was 

performed at 30
o
/s over a 30

o
 range of motion ending at the 

same muscle length as the reference MVCs. The reference 

MVC always preceded the stretch and RFE was calculated as 

shown in figure 1. RMS EMG of the tibialis anterior and 

soleus muscles was recorded during all voluntary efforts. 

The muscle damage protocol involved 4 sets of 25 isokinetic 

(30
o
/s) lengthening contractions. The same measures 

collected at baseline were collected immediately post 

lengthening contractions, 5 min and 10 min into recovery.  

 

RESULTS 

 

Baseline neuromuscular measures are presented in table 1. 

Throughout the protocol there was a 30.3±6.4% decrease in 

eccentric torque (p<0.05) and 36.2±9.7% decrease in MVC 

(p<0.05) compared to baseline. Because the MVC remained 

29.3±11.9% lower (p<0.05) than baseline at 10 min of 

recovery, it was presumed significant muscle damage had 

occurred. Voluntary activation and RMS EMG of the tibialis 

anterior remained near maximal without an increase in 

coactivation of the antagonist (soleus:tibialis anterior). 

Contrary to our predicted results, RFE was significantly 

increased (p<0.05) following muscle damage (~100-300%).  

Despite damage associated eccentric force loss during 

stretch, the isometric reference MVC was further impaired 

thus driving the relationship between stretch and MVC for 

an increased RFE in the damaged muscle. 

 
Figure 1. RFE calculation example (a).  Group data for RFE 

at baseline and following muscle damage (b). 

 

DISCUSSION AND CONCLUSIONS 

 

Residual force enhancement was increased following muscle 

damage. It appears stretch provided a mechanical strategy for 

enhanced muscle function over isometric actions following 

muscle damage.  Relatively, isometric force was reduced 

more than force following stretch. A potential explanation 

may relate to the intact force generators being unable to 

produce isometric force similar to baseline. Thus the active 

stretch may have involved structural properties of those 

‘damaged force generators’ which contributed to enhanced 

RFE following muscle damage. 
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Table 1: Baseline neuromuscular properties. 
Twitch  

Torque 

10 Hz 

Torque 

50 Hz 

Torque 

Voluntary 

Activation 

MVC 

Torque 

Residual Force 

Enhancement 

Eccentric 

Torque 

Percent Co- 

Activation 

5.6±1.9Nm 15.3±3.1Nm 22.3±4.0Nm 96.5±3.7% 39.4±9.8Nm  12.3±7.6% 55.0±12.4Nm 20.0±6.6% 
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INTRODUCTION 
 
Muscle spasticity, as occurs in patients with cerebral 
palsy or people who have suffered from a stroke, are 
involuntary muscle contractions that usually occur 
due to lesions in the brain. Muscle spasticity causes 
muscles and fascicles to become short and stiff, 
thereby limiting the range of motion of joints and 
affecting everyday function. It has been suggested 
that stiffness in spastic muscles is caused by a 
decrease in the number of serially arranged 
sarcomeres, but the reason for this loss in sarcomeres 
remains a matter of scientific debate. In 1981, Tabary 
and Tardieu [1] showed that 12 hours of continuous 
low-level stimulation of the soleus muscles in guinea 
pigs caused a 25% decrease in the number of serial 
sarcomeres. Patients with brain lesions in the motor 
cortex also have low level, involuntary stimulation of 
their “spastic” muscles, thus it seems possible that the 
low-level stimulation may cause a loss of serial 
sarcomeres. Therefore, the purpose of this study was 
to test if after 10 hours of continuous electrical 
stimulation of the tibial nerve in New Zealand White 
rabbits, there would be a substantial decrease in the 
number of serial sarcomeres in the Soleus, Plantaris 
and Medial Gastrocnemius  (MG) muscles. 
 
METHODS 
 
The MG, Plantaris, and Soleus muscles were 
stimulated via the tibial nerve in New Zealand White 
rabbits (n=3) for 10 hours in one of the legs (20 Hz at 
three times the α-motoneuron threshold). The tibial 
nerve in the contralateral control leg was transected 
to ensure that no cross-over training effects occurred. 
An additional four animals were tested without 
stimulation, but with the ankle joint fully plantar-
flexed for ten hours so as to shorten the target 
muscles as much as possible. After the experimental 
period, the animals were sacrificed and the hind 
limbs removed. The hind limbs were then placed in a 
10% formalin solution at carefully controlled knee 
and ankle angles, for at least a week. Four to six 
tissue samples were harvested from each muscle from 
precisely defined locations, and were placed in 30% 
nitric acid for approximately 50 hours to digest the 
connective tissues. The acid digested samples were 
then placed in 100% glycerol. Following the 
digestion process, five individual fascicles were 
teased out from each of the tissue samples and 
mounted on prepared slides. These slides were then 
analyzed for fascicle length by using a camera system 
with specialized software. Sarcomere lengths were 
determined at five points along the entire fascicle 

length using a laser diffraction method [2]. The 
number of serial sarcomeres in the muscles was then 
calculated by dividing the fascicle length by the 
average sarcomere length. 
 
RESULTS 
 
The serial sarcomere number in the stimulated 
experimental limbs decreased by 23% (± 4.4%) in the 
MG, decreased by 25% (± 2.9%) in the Plantaris, and 
decreased by 29% (± 7.0%) in the Soleus. The 
decrease in sarcomeres in the Soleus was 
significantly greater than that in the MG (r=0.0353). 
The serial sarcomere number in the experimental 
(non stimulated but fully plantar-flexed hind limbs) 
did not change. The sarcomere loss observed here is 
similar to the 25% loss reported by Tabary and 
Tardieu in guinea pigs. 
 
DISCUSSION & CONCLUSIONS 
 
The results of this study suggest that chronic, low-
level muscle stimulation is a potent regulator of serial 
sarcomere number, whereas muscle shortening alone 
is not; at least within the short time frame observed 
here. We propose that the massive shortening of 
spastic muscles, as observed in children with cerebral 
palsy, and the associated over-stretching of 
sarcomeres [3] may be caused by the involuntary and 
persistent activation of spastic muscles in these 
children. Now that this was seen in our laboratory, 
many questions go unanswered: What is the 
mechanism causing this rapid sarcomere number 
loss? Can this sarcomere loss be prevented by 
inhibiting the overstimulation in patients with brain 
lesions? Will stretching during contraction phases 
prevent or reduce this effect? Before applying this 
finding clinically, future studies will need to focus on 
how this sarcomere loss may be limited or stopped in 
patients with chronic, involuntary stimulation of 
muscles caused by brain lesions.  
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INTRODUCTION 

Articular cartilage is essential for proper joint health and 

function, providing joint surface lubrication and load 

transmission across joint surfaces. The cells within articular 

cartilage – called chondrocytes – are responsible for 

maintaining the health and integrity of the tissue extracellular 

matrix (ECM) by synthesizing structural macromolecules. 

Chondrocyte activity under mechanical loading has been 

linked to the adaptive/degenerative processes in the joint 

which lead to osteoarthritis (OA) [1]. The purpose of this 

study was to investigate the deformation behavior of 

chondrocytes in their native environment using a novel in situ 

experimental approach [2] and compare cells from different 

regions of the knee joint. It was hypothesized that (i) 

chondrocyte deformation would increase with increasing 

tissue strain up to a threshold value (approximately 25% 

nominal compressive strain), but then, for increasing tissue 

strains, cells would not deform further because of limits 

imposed by the extra- and peri-cellular matrices (PCM); and 

(ii) chondrocytes from different regions will deform 

differently for a given nominal tissue strain. 

 

METHODS  

Sample preparation: Intact knee joints were extracted from 6 

month old New Zealand White rabbits immediately after 

sacrifice.  Tissue samples were harvested from three regions 

of the joint: the retropatellar surface (PAT), and the medial 

and lateral femoral condyles (MFC, LFC). Calcein-AM 

(Invitrogen, excitation: 488 nm; emission: 515 nm) was 

suspended in serum-free DMEM at a concentration of 5 uM. 

The tissue samples were incubated in the calcein-AM solution 

for 1 – 2 hours at 21°C prior to testing. 

 

Mechanical Testing: After staining, samples were embedded 

in a specimen holder and tissue thickness was measured using 

the needle indentation technique. Then, samples were placed 

in an in situ loading system mounted to the stage of a confocal 

microscope [2] and immersed in PBS for the duration of 

testing. A series of static compressive loads were applied to 

the tissue samples in the following order: 10%, 20%, 30%, 

40%, 60%, and 80%, using a custom-designed indentation 

system at an average rate of 1%/s. The tissue was given 15 

minutes to equilibrate after each compressive load was 

reached. Confocal image sections were recorded before 

loading and at each load after the tissue had reached 

equilibrium. Nominal tissue strain, local ECM strain in the 

superficial zone, and cell deformations were analysed to 

quantify the overall mechanical response of the tissue. For cell 

reconstruction, height was defined as the dimension 

perpendicular to the cartilage surface and width and depth 

were defined as the two principle axes in the transverse plane 

(parallel to the cartilage surface).  

RESULTS 

Cell volume changed with applied loading and these changes 

varied with joint region (Figure 1). Chondrocytes from patellar 

cartilage appeared to gain volume at steady-state after 

compressive loading, whereas cells from the medial and lateral 

femoral condyles decreased in volume. 

 
Figure 1: Normalized cell volume as a function of applied 

tissue strain for chondrocytes from patellae (PAT), medial 

femoral condyles (MFC), and lateral femoral condyles (LFC). 

Results are presented as means ± 1 standard error of the mean. 

 

DISCUSSION AND CONCLUSIONS 

These results provide new insight into the deformation 

behavior of chondrocytes from different regions of the intact 

rabbit knee joint. Mechanically, superficial zone cells from 

patellar chondrocytes appear to behave differently compared 

to cells from the same zone in medial and lateral femoral 

condyles (Figure 1). These results are consistent with previous 

studies reporting major differences in structure and 

biomechanical properties between patellar and femoral 

condyle cartilages [3]. We speculate that this is a reflection of 

the functional requirements of the cartilage tissues and the 

variable mechanical environment within the knee joint.  
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INTRODUCTION 
With increasing speeds of locomotion, animals change their 
gait pattern to minimize metabolic cost. For example, a horse 
will walk at low speeds, trot at intermediate speeds and gallop 
at high speeds [1]. As bipeds, humans transition from walking 
to running at a speed of about 2.2 m/s when running becomes 
more efficient than walking [2].  
 
Cross-country skiing is a rare example of how humans can 
efficiently use all four limbs for propulsion. Effectively 
becoming a quadruped, a skate cross-country skier uses skis in 
a skating motion while the arms are fixed to poles which are 
pushed into the snow for propulsion. Cross-country skiers use 
the 2-skate technique (similar to a galloping horse) when 
going slow, switch to the 1-skate technique (which has no 
animal equivalent) at intermediate speeds, but then, in contrast 
to everything known about locomotion in humans and animals, 
they revert back to the previously rejected 2-skate technique at 
very high speeds of locomotion. This pattern of gait transitions 
suggests that the metabolic efficiency curves for 1-skate and 2-
skate skiing intersect twice, rather than just once as they do for 
bipeds and quadrupeds for any known gait transition. 
 
The purpose of this study was to test if the metabolic 
efficiency curves of 1-skate and 2-skate skiing intersect twice, 
and if so, find an explanation for this unusual result.    
 
METHODS  
Eight nationally competitive skiers were tested on a motor 
driven treadmill. Subjects were asked to ski at speeds of 6-
33km/h at 3km/h increments, once with the 1-skate technique 
and once with the 2-skate technique. Gas exchange volumes 
were measured with a True One 2400 Metabolic Measurement 
System by ParoMedicsTM. Axial forces in the poles, 3d forces 
in the skis, and 3d kinematics for the entire skier were 
recorded continuously. The mechanical impulse generated by 
the skis and poles was quantified throughout.  
 
RESULTS 
The metabolic efficiency curves for the 1–skate and 2-skate 
technique intersected twice (Figure 1) as hypothesized. The 2-
skate technique was more efficient at speeds below 12km/h 
and above 18km/h but less efficient between 12-18km/h. 
Total impulse from the poles over 10s was 104% higher in the 
1-skate than the 2-skate technique when averaged across all 
speeds. Impulse measured in the skis over 10s (not including 
impulse due to body mass) was 118% higher in the 2-skate 
than the 1-skate technique when averaged across all speeds.  
The distance traveled per poling action in the 1-skate 
technique was significantly smaller than that traveled in the 2-
skate technique at very slow speeds. At 6 km/h, the push 
distance with the poles was 1.06 meters per stride in the 1-
skate technique compared to 1.59 meters in 2-skate technique.  
 

 
Figure 1: The cost of transport measured as the volume of 
oxygen per kilogram body mass used to move 1 kilometre, 
plotted against the speed of skiing. The trend lines are third 
order polynomials. 
 
DISCUSSION & CONCLUSIONS 
The gait transitions in cross-country skiing are highly unusual 
as the 1-skate gait that is used at slow speeds but rejected at 
intermediate speeds, is taken up again at very fast speeds. 
Based on the results of this study, we speculate that this occurs 
because the poling mechanics is affected by the speed of 
skiing as the poles are fixed when in contact with the ground, 
while the mechanics of the skis is not affected much by the 
speed of locomotion, as the skis glide along with the skier at 
the same speed. The 1-skate technique is inefficient at very 
slow speeds because the distance traveled per poling action is 
much smaller than in the 2-skate technique, thereby preventing 
effective propulsion. The impulse data show that in the 1-skate 
technique, the skier relies heavily on propulsion from the 
poles. Once planted, the poles are fixed, thus the speed of 
poling increases with increasing speeds of skiing According to 
the force-velocity relationship, force production is limited at 
high velocities of muscle shortening [3]. Therefore, one would 
expect a technique which relies heavily on propulsion from the 
arms (poles) to become inefficient at high speeds. Indeed, the 
1-skate technique is less efficient at high speeds compared to 
the 2-skate technique which relies more on propulsion from 
the legs (skis) which is essentially independent of the speed of 
skiing, since the skis glide along with the skier. 
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INTRODUCTION 

Occupational injuries of the shoulder joint are of growing 

concern due to work time loss, as well as increases in medical 

and restitution expenses [1]. The assessment of shoulder 

musculature strength may assist in decision making regarding 

the effects of interventions, as well as possible readiness to 

return to work. Current practices related to the use of strength 

scores for such purposes are based on the assumption that the 

patient exerted optimal effort during trial performance. In this 

context, an approach proposed for determining the type of 

effort recorded using isokinetic dynamometry is based on the 

ratio of eccentric and concentric strength scores [2].The 

supposition of the method relies on the moment-angular 

velocity relationship obtained in recordings of maximal 

efforts, whereas concentric strength declines as a function of 

increases in angular velocity, eccentric strength scores remain 

relatively unchanged [2]. The eccentric to concentric strength 

ratio, therefore, is greater than 1 irrespective of the angular 

velocity employed. In performance of submaximal or feigned 

efforts, it has been shown that there is a significant increase in 

the value of this ratio, and that it is more pronounced as a 

function of the increase in the angular velocity employed. The 

purpose of this investigation was to assess the ability of two 

indices utilizing this phenomenon, termed the DEC and SEC, 

to distinguish between maximal, submaximal, and feigned 

isokinetic shoulder extension efforts. 

 

METHODS  

Using a commercial isokinetic dynamometer (Biodex System 

4, Biodex Medical, Shirley ,NY, USA), Nine participants (6 

males) performed 2 sets of maximal and feigned concentric 

and eccentric shoulder extension efforts at angular velocities 

of 30°sec
-1

 and 120°sec
-1

. The DEC and SEC indices were 

calculated as follows: 

DEC = (PMecc/PMcon)
120

 – (PMecc/PMcon)
30

 

 

SEC = (PMecc/PMcon)
120

 + (PMecc
120

 /PMcon
30

) 

Where PMecc and PMcon are the peak moments obtained for 

each contraction mode at each of the angular testing velocities. 

Paired t-tests (α = 0.05) were calculated to discern group 

differences between effort types for each parameter To 

establish the accuracy of the DEC and SEC in the ability to 

discern between effort types for the general population of 

normal participants, cut-off scores were established by 

calculations of one-sided tolerance intervals at a level of 95% 

of the maximal efforts with a probability of 95% [3]. Based on 

these cut-off values, the percentage of false positives and 

negatives in the sample was determined by analyzing the 

parameters on a case by case basis.  

 

RESULTS 

DEC scores obtained for maximal efforts were significantly 

smaller than those obtained for feigned efforts, as well as 

exhibited smaller within-group variablity (mean±SD 

0.16±0.14 vs. 1.37±0.81, respectively, p < 0.05). This was also 

apparent in the analysis of the SEC parameter (4.10±0.44 vs. 

6.20±1.06, p<0.05, for maximal and feigned scores, 

respectively). In terms of the classification accuracy, using the 

DEC and SEC cut-off scores presented in table 1, all maximal 

efforts were identified correctly for both parameters. However, 

1 (12.5%) and 2 (25%) of feigned efforts were misclassified 

for DEC and SEC cut-offs, respectively.  

 
DISCUSSION AND CONCLUSIONS 

The results obtained in this investigation are comparable to 

other studies utilizing eccentric-concentric strength ratios for 

the identification of effort type during isokinetic muscle 

strength testing [3]. In this respect, the reasonably high level 

of accuracy of the cut-off scores is attributed to difficulties in 

controlling submaximal eccentric efforts; a contraction that is 

perceived to be defensive by nature, as well as requires distinct 

neuromuscular activation and control [2]. 

In conclusion, the use of eccentric-concentric based strength 

indices may allow effective discrimination between effort 

types during isokinetic shoulder extension testing.   
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Table 1: Parameters cut-off score performance for identification of isokinetic shoulder extension effort type 
Tolerance Interval P = 0.95, α = 0.95 

DEC 
CS False Positive False Negative 

SEC 
CS False Positive False Negative 

0.57 0 1/8 (12.5%) 5.41 0 2/8 (25%) 
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INTRODUCTION 

Evaluation of trunk motion charachteristics may assist 

clinicians in determination of the extent of impairment or 

disability. However, an underlying assumption related to the 

validity of test results is that the particant was cooperative 

during trial performance.  Previous research has suggested that 

during performance of sincere trunk movement efforts, 

variations between succesive trials are small. Conversly, 

during an attempt to feign the presence of pain or injury; set 

internal consistency is compromised. These compromises are 

most apparent when examining higher derviatives of trunk 

angular position data [1,2]. In this investigation, we explore 

the use of a single representative measure, namely the 

Variance Ratio (VR), to differentiate between sincere and 

feinged effort attempts. 

 

METHODS  

A convenience sample of 44 asymptomatic individuals (21 

men, 23 women, age range 19-27 years) performed 4 sets of 6 

continuous trunk flexion and extension repetitions. For the 

first 2 sets, participants were instructed to perform movements 

at a self-selected, comfortable pace through their full 

individual range of motion. For the last 2 sets, participants 

were asked to feign back injury or pain for secondary gain 

purposes, whilst attempting to convince the examiners that 

they are performing to the best of their ability. Three-

dimensional kinematic data of the trunk and pelvis were 

collected using an electromagnetic tracking system (Polhemus 

Liberty, Colchester, VT). Trunk-pelvis angular joint positions 

were calculated and subsequently differentiated for the 

primary plane of movement into obtain joint angular velocity 

data. These data were segmented to individual repetitions and 

time normalized to 100% of the movement phase. (Figure 1). 

Data from repetitions 2 through 6 in each set of the same type 

(sincere or feigned) were arranged into a 10 x 101 matrix and 

the VR was calculated to quantify individual intra-set 

consistency. To establish the accuracy of the VR in the ability 

to discern between effort types, cut-off scores (CS) were 

established by calculations of one-sided tolerance intervals at a 

level of 99% of sincere efforts with a probability of 99% based 

on a bivariate normal distribution score assumption. The 

number of false positives (FP) and negatives (FN) was 

subsequently determined, and expressed as specificity and 

sensitivity percentages. 

RESULTS 
Table 1 presents descriptive statistics of the VR within each 

condition. Sincere efforts were characterized be a lower VR 

and relatively narrow score variation across participants. 

Feigned efforts were, on average, less consistent (higher VR 

value) with large intra-participant variability. Utilizing a VR 

cut-off score corresponding to 100% specificity within the 

sample, 4 feigned efforts were misclassified as being maximal 

(90.9% sensitivity). Utilizing the more generalizable cut-off 

score, the VR identified 82% of feigned efforts with 99% 

confidence, with no case of a sincere effort being misclassified 

as feigned (100% specificity).  

 

 
Figure 1: Exemplar trunk flexion/extension angular velocity 

time series for sincere (VR = 0.036) and feigned efforts 

attempts (VR = 0.284). 

 

DISCUSSION & CONCLUSIONS 

The sensitivity and specificity values obtained are comparable 

to those reported previously [1,2]. However, the current 

protocol utilizes measurement equipment that is less 

specialized, as well as relies on only a single parameter to 

differentiate between effort types. Future research will assess 

the ability of other time-series data analysis techniques to 

improve upon test sensitivity values, as well as expand to 

evaluation of symptomatic participants.   
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Table 1: Performance of the Variance Ratio in differentiating between sincere and feigned trunk extension/flexion efforts. 

 

Condition VR Sincere VR Feigned Tolerance Interval P = 0.99, α = 0.99  

Mean±SD 0.04±0.02 0.20±0.12 
CS 

0.109 

FP 

0/44 (100%) 

FN 

8/44 

Specificity 

100% 

Sensitivity 

81.8% 

 

sivan.almosnino@queensu.ca%20


NUMERICAL IMPLEMENTATION OF A LARGE-STRAIN MODEL OF POROUS FIBRE-REINFORCED TISSUES 
 

Aleksandar Tomic and Salvatore Federico 
Department of Mechanical and Manufacturing Engineering, University of Calgary 

2500 University Drive NW, Calgary, Alberta, T2N 1N4, Canada 
 
INTRODUCTION 
Soft biological tissues, such as articular cartilage, can be 
represented by a porous matrix saturated by a fluid and 
reinforced by a network of statistically oriented fibres. The 
permeability of such tissues has been previously modelled and 
implemented for small deformations [1,2]. Recently, a new 
mathematical model has been proposed for the study of 
permeability under large deformations [3] and has been 
incorporated with non-linear elasticity models [4].  
 
The aim of this research is to implement a numerical 
formulation of the above mentioned mathematical model of 
porous fibre-reinforced biological tissues under large 
deformations. This involves implementation of both the non-
linear elastic formulation, as well as the anisotropic 
formulation of the permeability tensor, which has not been 
done before. 
 
METHODS  
Due to inability to manipulate certain key variables in 
commercially available FEA packages such as ABAQUS, the 
full model was implemented in the open source package 
FEBio [5]. The use of an open source package allowed access 
to all the pertinent variables, but it also involved significantly 
more programming, since the implementation had to be 
performed in C++ language. 
 
The statistical nature of fibre orientation and the averaging 
integrals associated with it were accounted for by means of the 
use of spherical designs [6], as in the previously implemented 
non-linear elastic model [7]. This method of implementation, 
through the use of a parameter called concentration parameter 
(a measure of how peaked the distribution is around the main 
direction), can also be used to define the statistically dominant 
fibre direction. For example, a value zero of the orientation 
parameter gives an isotropic fibre orientation in the reference 
configuration, while increasing positive values give 
distributions closer and closer to aligned in the main direction, 
and decreasing negative values five distributions closer and 
closer to an in-plane isotropic distribution.  
 
An unconfined compression test was simulated in order to test 
both the porous properties as well as the elastic behaviour. 
This test, as well as the geometry of the test sample, will be 
further modified once suitable experimental data is available 
for comparison purposes. The modifications might include a 
change in strain rate, maximum strain, or the applied force, 
and these will be selected in a manner that allows for a direct 
comparison between the simulations and the experimental 
results from the literature.  
 
 

RESULTS 
Preliminary test simulations have shown physically admissible 
results. A sample with an initially isotropic distribution of 
fibres develops anisotropy under compression, as expected, 
and this is evident in the pore pressure, fluid flux, and the 
stress. Similarly, compression of samples with fibres aligned 
in the main direction, or lying on the transverse plane have 
also shown evolution of the fibre direction during 
compression. This evolution had an effect on the fluid flux as 
well as the pore pressure, as the fluid flux was greater for the 
simulation where the fibres are oriented in the transverse plane 
than the simulation where the fibres are oriented in the main 
direction. 
 
DISCUSSION & CONCLUSIONS 
The preliminary tests performed will be followed by 
simulations of compression tests on cartilage samples with 
realistic fibre distributions, which can be obtained by means of 
X-ray diffraction experiments and are available from the 
literature [8], and comparison with experimental results. 
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INTRODUCTION 

Soft tissues of the lower extremities move with respect to the 

underlying bone during impact events such as landing from 

jumps, or during walking and running. Tracking and 

quantifying this motion will help to understand how impact 

shock travels through the lower extremities following impact, 

which in turn may help reduce injuries resulting from these 

common activities. Soft tissue motion during impact can be 

captured by high speed video, and software utilizing automatic 

feature tracking can quantify soft tissue motion. However, the 

reliability of this approach has not been assessed to date.   

Therefore, it was the purpose of this study to determine the 

between- and within-measurer reliability of shank skin marker 

position and velocity data obtained from high speed video of 

heel first impacts. 

 

METHODS 

A square grid of dots was applied to each participant’s right 

shank with a permanent black marker (Figure 1). Impacts were 

applied to participants’ right heel pad using a human 

pendulum [1] and via drop landings from a 15 cm high box. 

Heels impacted a force platform in both conditions at speeds 

ranging between 1-1.15 m/s and peak forces between 1.8-2.8 

times body weight, which were repeated three times each (i.e. 

6 impacts/participant). A high speed camera (Troubleshooter 

HR, Fastec Imaging, San Diego, CA; 1000 frames/s; 640x480 

pixels) captured the lower extremity from the knee down in 

the sagittal plane during the impact event. 

 

Three measurers analysed each video, with one measurer 

analyzing the videos twice using ProAnalyst (Xcitex, 

Cambridge, MA) following appropriate image conditioning.  

Measurers were instructed to analyse two columns of markers 

from five zones: 0%, 25%, 50% and 75% of the distance from 

the medial malleolus to the knee joint centre, and at the heel 

pad (Figure 1). Position data were imported into a customized 

LabVIEW® (LabVIEW® 2010, National Instruments, Austin, 

TX) program, to calculate marker velocity in the horizontal 

and vertical directions. Between- and within-measurer 

reliability was assessed with a two-way, random effects for 

absolute agreement single measures Intraclass Correlation 

Coefficient (ICC) (model (2,1) [2].   

 

RESULTS 

Measurers successfully selected the same rows of markers 

more than 87% of the time while missing by two rows <1% of 

the time. Differences in marker position and velocity were 

minimal (<0.8 cm and <3.7 cm/s) between-measurers and  

within-measurer (<0.5 cm and <2.6 cm/s). Good to excellent 

reliability was shown for all data analysed, with between-and 

within-measurer ICCs of 0.82 and 0.89, and 0.96 and 0.96 for 

position and velocity measurements, respectively. 

 

 
Figure 1: Schematic diagram of marker grid (2x2 cm squares 

of dots) and analysis zones on the foot and shank. 

 

DISCUSSION AND CONCLUSIONS 

Displacement measurements based on point selection during 

manual digitization showed excellent reliability (ICCs>0.75) 

for 85% of the conditions analysed. Small errors in the initial 

marker selection during digitization resulted in an average 

measurement difference of 1.7% between- and 1.0% within-

measurer. These small errors had a minimal effect on marker 

velocities, as the average measurement difference for velocity 

was 2.8% and 1.6% between- and within-measurer, 

respectively. The marker system used in the current 

investigation does not require external devices (e.g. 

accelerometers) to come in contact with the body, eliminating 

any non-physiological responses of the soft tissues following 

impact.  

 

Manually digitizing markers has become more popular for soft 

tissue analysis [3], but the reliability of this approach has not 

previously been assessed. The ability for analysts to reliably 

quantify soft tissue motion is an important consideration for 

this type of method.  This study was able to quantify the 

position, velocities and reliability of shank soft tissue motion 

following constrained lower extremity impacts. 
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INTRODUCTION 
 
Modeling heart valve leaflet tissue is challenging because the 
degree of anisotropy changes from one layer to the next due to 
changes in collagen fiber density and orientation. Also 
constitutive models describing the mechanical properties of 
the leaflet structure are not available. Here, we develop a high-
order, single element to approximate the material properties of 
the heart valve leaflet tissue. This element accounts for the 
nonlinearity in leaflet properties using a bilinear material 
model, it is composed of a two-dimensional FE in the principal 
directions, and a p-type FE in the direction of thickness. The 
element is easy to implement, and is efficient and quick 
compared to commercially available elements.  
 
METHODS  
 
The heart valve leaflet was modeled using 183 high-order 
elements (Fig. 1A). The schematic 3D structure of the element 
is shown in Fig. 1B. It consists of 21 nodes with nonlinear 
boundaries. Each element has 55 degrees of freedom: 15,15, 
and 25 in each of the principal displacement directions (ζ, η 
and z, respectively) at each node as shown in Fig.3 .   
 

` 

 
 
Figure 1: Geometry of the heart valve leaflet modeled using 
183 high-order elements (A), and a single high-order element 
with its major and minor nodes (B).    
 
The 3D displacement field of an element is based on a 2D 
element in the ζη-plane that is extended in the z-direction 
using a 1D linear, parabolic, or cubic Lagrange interpolation 
function. The in-plane displacement field is a combination of 
trigonometric and polynomial functions which is obtained by a 
tensor product of a 2D high order element shape function in 
the ζη- plane and a 1D Lagrange interpolation function in the 
z-direction.  
 

RESULTS 
 
Fig. 2 shows the maximum principal stresses over two layers 
applied on a single leaflet tissue. The principal stresses differ 
between the top and bottom layer. The maxima of the first 
principal stress in the top and bottom layer are 580 kPa and 
602 kPa, respectively. The maximum principal stress is 
located below the corners where the leaflet attaches to the 
stent (Fig. 2A) [1].  
 

 
 
Figure 2: Maximum principal stress distribution on the top 
(A) and bottom layer of the leaflet (B). Contact between the 
leaflets was ignored. Values are in kPa.  
 
DISCUSSION AND CONCLUSIONS 
 
A new high-order element with anisotropic and bilinear 
properties was developed to analyze a natural aortic heart 
valve. The element is less complex and faster than equivalent 
nonlinear finite elements. The model makes similar 
predictions as FEM solutions but results are obtained in a 
fraction of the CPU time.  
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INTRODUCTION 
 
Detection of plaques vulnerable to rupture may reduce the 
incidence of acute myocardial infarction. Instability of 
atherosclerotic plaques, defined as the propensity of fibrous 
caps to burst, has been thought to occur at places where 
fibrous caps (FC) are thin and necrotic core (NC) areas are 
large and compliant. However, here we show quantitatively, 
using a fibre-reinforced, anisotropic, and hyperelastic finite 
element model, that FC thickness and NC size and compliance 
alone are limited in predicting vulnerable plaques. We suggest 
that plaque instabilities primarily occur at sites of stress 
concentrations irrespective of FC thickness or NC area and 
compliance. 
 
METHODS  
 
Plaque morphology design: Using a broad range of clinical 
data, we categorized plaque morphologies based on NC, fibro-
athermanous cap, and arterial remodelling index [1]. We 
selected four representative images to categorize the geometry 
of the thin fibrous cap of the plaque.  Each cap was 
categorized as being nodal (Fig. 1A), a linear strip (Fig. 1B,C), 
or a curved-linear strip (Fig. 1D). The idealized models of 
these geometries are shown in Fig1E to1G, respectively. 
 

` 

 
 
Figure 1: The selected images are classified into three types 
of FC geometry: nodal (A), linear (B,C), and curve-linear (D). 
The corresponding models for coronary plaque geometry are: 
E (nodal), F (linear) and G (curve-linear). 
 
Computational method: The fibrous tissue consists of an 
isotropic matrix reinforced with fibers homogenously placed 
in the direction of the collagen fibers [2]. The stress intensity 
factor is calculated using singular boundary elements which 
account for geometry. Half of the outer boundary of the plaque 
is assumed fixed. A pressure follower force is applied to the 

lumen area to account for the change in the arterial pressure 
vectors. The nonlinear solver was run for the models shown in 
Figs.1E-G, Maximum principal stresses were computed (Fig. 
2). The NC areas for these models were 1.49 mm2 (1E), 1.45 
mm2 (1F), and 2.16 mm2 (1G).  
 
RESULTS 
 
The model with the largest NC area had the lowest maximum 
principal stresses among all (Table 1). 
 

Table 2 – The variation of MPS with respect to the NC area.   
 (A) (B) (C) 
Necrotic Core Area (mm2) 1.49 1.45 2.16 
Max. Principal Stress (kPa) 307 316 187 

 

 
 
Figure 2: Stress distribution for the models shown in (A) 
focal, (B) linear strip, and (C) curved-linear strip.  
 
DISCUSSION AND CONCLUSIONS 
 
The proposed model was used to investigate instabilities of 
plaques. In contrast to common clinical belief, our study 
suggests that plaque rupture may be initiated at sites of stress 
concentrations, irrespective of FC thickness and NC size. 
Stress concentrations and risk of rupture depend greatly on 
assumptions made regarding tissue properties and the detailed 
micro-geometry of the plaques, thus we propose that clinical 
and experimental research needs to focus on these factors to 
prevent and predict plaque failures effectively. 
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INTRODUCTION 

In the area of motor learning, ecological task analysis uses a 

dynamic system approach to examine the change of a 

performer’s movement pattern as a result of dynamic 

interactions between the performer, environment and task 

constraints, and the performer may use multiple movement 

patterns to achieve a task goal [1]. In the area of biomechanics, 

coordination is defined as proper movement sequencing and a 

shared positive contribution (SPC) technique may be used for 
assessment [2-3]. A sports biomechanics research study may 

follow a traditional task analysis concept that there is only one 

best possible movement pattern without considering the 

influence of constraints that are imposed on the movement [1]. 

Therefore, the purpose of this study was to use an 

interdisciplinary approach that is guided by the ecological task 

analysis in the motor learning area and to utilize biomechanics 

principles and techniques to assess movement coordination 

patterns on the skill of slo-pitch hitting technique with the 

influence of constraints on task goal (stride technique) and 

environment (pitch location). 

 

METHODS  

Ten right-handed skilled male slo-pitch players were recruited 

to participate in the study. Twenty-two reflective markers were 

placed on various joints on the participants, and two additional 

reflective markers were placed on the bat. This study took 

place in an indoor field house. A Jugs Lite-Flite pitching 

machine (Jugs Softball, Jug Inc.) was used, and small strips of 

reflective tape were placed on the surface of the balls to 

identify the instant of ball contact. Participants were instructed 

to use either a closed, open or parallel stride technique to hit 

an inside or outside pitched ball.  Each participant hit six balls 
in each of six conditions. An 8-camera Qualisys motion 

capture system (ProReflex MCU 240, Qualisys) was operated 

at 240 Hz to conduct a 3D analysis. The body rotational angles 

and velocities were calculated and used for coordination 

pattern analyses. A shared positive contribution (SPC), a 

proximally initiated to distal joint movement, was calculated 

based on Hudson’s (1986) technique [3]. However, this 

technique does not apply to all participants, so a reversed 

shared positive contribution (RSPC), a distal joint initiated to 

proximal joint movement, was developed by the authors.  A 

SPC or a RSPC of 0% indicates a sequential type of 
movement, and a SPC or a RSPC of 100% indicates a 

simultaneous type of movement. 

 

RESULTS 

A two-way ANOVA (2 pitch locations x 3 stride techniques) 

repeated measure study was conducted at α = 0.05 on the 

combined % SPC and % RSPC for two different pairs of body 

rotational angular velocities (lower body and trunk, and trunk 

and upper body). No statistically significant difference was 

found in both of these pairs (Table 1). Further, a rescaled 

Euclidean distance analysis was conducted to evaluate each 

participant’s variability in response to treatments. 
Cumulatively, approximately 83% of participants illustrated a 

degree of dissimilarity below 0.40. 

 

DISCUSSION & CONCLUSIONS 

From the results of this study the participants demonstrated 

both types of body movement and both types of coordination 

pattern. Participants showed a proximal to distal or a distal to 

proximal type of movement either with a sequential or a 

simultaneous coordination pattern. Participants were able to 

use multiple movement coordination patterns to achieve the 

same task goal. Since all participants were skilled players and 
did not have any practice in each condition prior to the testing, 

the individual participant’s change in coordination pattern 

across six different conditions was the result of their skill 

adaptation due to the influence of both task and environmental 

constraints. Therefore, this study supports the rationale that the 

participant’s change in coordination pattern is influenced by 

various constraints in action [4]. Also, since participants from 

this study have demonstrated a low degree of dissimilarity, 

coaches may apply the findings to other players with similar 

skill level. 
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Table 1: Combined % SPC and % RSPC of coordination pattern 

Coordination Pattern  Inside Pitch Outside Pitch p 

Lower body and trunk (%) 26.4 ± 41.0 28.8 ± 33.9 0.85 

Trunk and upper body (%) 32.2 ± 29.4 33.3 ± 29.4 0.85 
               *Statistical significant at p < 0.05 
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INTRODUCTION 

Patellofemoral pain syndrome (PFPS) is the most common 

running injury, and is characterized by pain under and/or 

around the patella during movement [1]. Although no 

biological cause for PFPS is known, recent biomechanical 

studies have shown that PFPS may be related to knee joint 

loading. Specifically, Stefanyshyn et al. [2] found that patients 

with PFPS experience increased knee abduction angular 

impulses (KAAI) during running compared to healthy 

controls. Thus, it is reasonable to propose that a reduction of 

these KAAIs may have a therapeutic effect for PFPS patients. 

Recently, Lewinson et al. [3] found that medially and laterally 

wedged footwear could alter the magnitude of KAAIs during 

running for healthy subjects. Thus the purpose of this study 

was to determine if PFPS could be treated by reducing KAAIs 

during running using wedged footwear. It was hypothesized 

that subjects who experienced decreased KAAIs would show a 

greater reduction in pain over a 6-week period compared to 

those who experienced increased KAAIs. 

 

METHODS  

Thirty runners with diagnosed PFPS first completed a 

computerized visual analog scale to record baseline pain 

according to “usual pain” during running. Retroreflective 

markers were then secured to segments of the most 

symptomatic leg of each subject. Subjects completed 5 motion 

analysis trials running at 4 m/s with 3 different footwear 

conditions in a randomly assigned order: a neutral running 

shoe with (1) no insert, (2) a 6
o
 medially wedged insert (MW), 

and (3) a 3
o
 laterally wedged insert (LW). Eight infrared 

cameras recorded the reflective marker trajectories at a 

sampling frequency of 240 Hz while a force platform 

simultaneously recorded ground-reaction force data at a 

frequency of 2400 Hz.  Subjects were then randomly assigned 

to one of the two insert conditions (LW or MW) for a 6-week 

period. Subjects completed a computerized visual analog scale 

each week to monitor changes in pain during the study.  

       KAAIs were calculated for each subject and trial using a 

standard inverse dynamics approach, using the average KAAI 

across the 5 trials for each condition in subsequent analysis. 

Regardless of the wedge condition assigned, subjects were 

grouped based on whether the assigned intervention footwear 

produced an increase or decrease to their KAAI, determined 

by comparison to the neutral condition. There were 15 subjects 

in the increased KAAI group (8 LW; 7 MW) and 15 subjects 

in the decreased KAAI condition (8 LW; 7 MW). An 

independent-samples t-test (α=0.05) was used to determine if 

the change in pain over the 6-week period, expressed as 

%change, differed between groups. Pearson’s correlation 

coefficient (α=0.05) was computed to determine if a 

relationship existed between absolute %change in KAAI and 

%change in pain for those who improved over the 6 weeks. 

RESULTS 

Of the 30 subjects, 27 experienced pain improvement. The 

decreased KAAI group (decreased KAAIs by 11%) showed an 

average decrease in pain of 65%, while the increased KAAI 

group (increased KAAIs by 14%) showed an average pain 

decrease of 50%. This difference was not significant 

(p=0.336). When plotting absolute %change in KAAI vs 

%improvement for subjects who improved (2 outliers removed 

from analysis), a significant (p=0.030) positive correlation was 

observed (r=0.434) (Fig 1).  

 

Figure 1: Relationship between absolute %change in KAAI 

and %pain improvement for 25 subjects whose pain improved. 

 

DISCUSSION & CONCLUSIONS 

Wedged inserts are commonly prescribed as a treatment for 

PFPS by physicians; however, this is the first study to identify 

a mechanical relationship by which they elicit improvements. 

Contrary to the hypothesis, it appears as though it is not the 

direction of KAAI change that is important, but the absolute 

magnitude of the change instead. Specifically, the larger the 

change in KAAI, the more pain improvement one can expect. 

It is possible that by altering the magnitude of the KAAI, the 

point of contact of the forces acting in the patellofemoral joint 

are shifted in one direction or the other, and unloading the 

painful region in either case. It is also interesting to note that 

until now, only medially wedged footwear was thought to be 

helpful for PFPS patients; however, results of this study show 

that laterally wedged footwear can be beneficial as well.  
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ABSTRACT 

Objectives: investigate the influence of the inespecific mandibular mobilization, 

immediate after its realization, on COP, on the antero-posterior and medio-

lateral directions and mandibular movement range on volunteers with 

temporomandibular disorders, with characteristics of TMJ disc displacement 

with and without reduction. Methods: The subjects were diagnosed 

by the Diagnostic Criteria for Research of Temporomandibular Disorders (RDC 

/ TMD). After the application and interpretation of the RDC/TMD a mandibular 

nonspecific mobilization technique was performed, immediately after the 

mobilization, a digital caliper was used to verify the oral amplitudes and a force 

platform that allows to record the body oscillations (in X and Y axis) during the 

time that the foot makes contact with the ground in the upright, static or dynamic 

positions and in the anteroposterior and mediolateral directions. Results: After 

compare the two conditions pre and post-rest and post mobilization, on the two 

visual conditions (with and without vision) was observed statistic significance on 

the velocity variable (p≤0.02). Even presenting statistic significant difference on 

the velocity variable, its not possible to affirm that the mobilization interfered on 

the postural control strategy after its utilization on the immediate evaluation. On 

the other hand, when evaluated the range of mandibular movement, it was 

possible to observe that was statistical significant difference pre and post 

maneuver on every evaluated range (p≤0.05). Conclusions: Therefore we 



conclude that the mobilization does not interfere on COP, but it does interfere 

on the mandibular range of movement. 

 

Keywords: Temporomandibular joint; Temporomandibular joint dysfunction 

syndrome; Range of motion, articular; Postural Balance; Physical Therapy 

Modalities. 

 

 



 The purpose of this study was to determine if 8 lower extremity anatomical 
measurements, when evaluated individually or in combination, could accurately 
predict the injury status category of recreational runners.  
 
Category one runners suffered from iliotibial band friction syndrome injury (INJ), as 
identified by a positive Noble Compression Test (NCT) on their injured lateral knee 
(Noble C., 1980; Noble, Hajek, & Porter, 1982).  Category two runners did not have a 
positive NCT on either left or right leg and were considered healthy (HEA). 
 
There were 20 INJ runners: Age 31.9 + 10.1 years, 7.8 + 6.9 years running 
experience, 3.04 + 0.49 m/s training pace, weekly kilometers 36.3 + 17.5 and 20 
runners HEA runners: Age 31.5 + 13.5 years, 8.3 + 8.8 years running experience, 
3.13 + 0.46 m/s training pace, weekly kilometers 36.3 + 17.0.  Researchers used a 
goniometer to measure Q-Angle and an anthropometer to measure functional leg 
length, iliocristale height, greater trochanter height, tibial height, knee height, 
medial malleolus height, lateral malleolus height on each runners left and right legs 
(Gordon et al., 1989).   
 
Absolute value differences between left and right leg anatomical measures were 
calculated for all runners.   
 
Means, standard deviations, and paired correlations were calculated for each of the 
8 anatomical measures recorded for the runners.  A series of MANOVA analyses 
were applied to the 8 anatomical measurements to determine the best combination 
of measurements for discriminating between the HEA and the INJ runners.  Results 
indicated that Q-angle and greater trochanteric height had the greatest difference 
between the group means (Wilks' λ = 0.87359, F = 2.677, p = 0.082).  The 
discriminant function involving Q-angle and greater trochanteric height correctly 
categorized 13 of 20 HEA runners and 15 of 20 INJ runners.   
 
Study results support the theory of using differences in anatomical lower extremity 
measurements as one method of successfully predicting the likelihood of iliotibial 
band friction syndrome injury in recreational runners. However, this method does 
not work for all runners and anatomical differences alone are not the only cause of 
iliotibial band injury.  Individual running kinematics, kinetics, running schedules, 
strength, and flexibility training, running shoes, and other related factors also 
should be evaluated to determine their role in causing iliotibial band injury to 
runners.  
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INTRODUCTION 
The compliance of upper airway tissues during respiration 
could lead to snoring in human subjects and collapse of the 
airway in patients of obstructive sleep apnea (OSA). The 
patterns of dynamic wall movement of human upper airway 
and the causes of OSA are still not fully understood. This 
study attempts to simulate the movement of human soft palate 
during respiration using fluid-structure interaction (FSI) 
simulation. 
 
METHODS  
MRI images of a 35 years old healthy Chinese male were 
obtained for model reconstruction. Figure 1(A) shows the 
saggital view of the MRI image. The human soft palate was 
coloured in green. Figure 1(B) shows the 3-Dimensional (3D) 
model of the airway. The fluid domain consists of the nasal 
cavity, the nasopharynx and the oropharynx. A hemisphere 
was incorporated with the human face for zero gauge pressure 
prescription. Velocity magnitude corresponding to ventilation 
rate of 7.5 L/min was applied at the pharynx. The soft palate 
was assumed as elastic, isotropic and homogeneous. The 
interface between the soft palate and the airway was the only 
FSI interface which could be displaced during the simulation. 
There are three models that have been simulated: the pure 
fluid model without any distortion of the airway (model I), the 
FSI model with modulus of the soft palate to be 7539 Pa 
(model II) and the FSI model with palatal modulus of 3000 Pa 
(model III). 
 

 
Figure 1: A, sagittal view of MRI image of the subject. B, 3D 
model of the fluid domain. 
 
RESULTS 
Figure 2 shows the displacement of the soft palate at peak 
inspiration and expiration. In both models II and III, the 
displacement at peak expiration is considerably larger than 
inspiration. With lower modulus of soft palate, the 
displacement in model III is larger than model II. The soft 
palate mainly moved anteriorly during inspiration and 
posteriorly during expiration with less displacement in the 
other two directions (saggital and axial directions). 

The average pressures through the airway are comparable 
among the three models. 
 

 
Figure 2: Displacement magnitude of the soft palate at peak 
inspiration and expiration in models II and III. 
 
DISCUSSION AND CONCLUSIONS 
The airway was reported to be collapsed during inspiration due 
to sub-atmospheric pressure [1]. However, the upper airway 
was also observed to be collapsed at the end of expiration [2]. 
The reason for expiratory occlusion is yet to be discovered. 
Based upon the current study, the expiratory occlusion might 
be triggered by the posterior movement of soft palate during 
expiration. A more compliant palate with softer material 
property in model III was observed, indicating that the 
relaxation f the soft palate might induce larger posterior 
displacement and smaller retropalatal space during expiration. 
In addition, limited influence of displacement of the soft palate 
on flow properties was found during calm breathing, while the 
displacement increased with decreased Young’s modulus of 
soft palate. 
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INTRODUCTION 
Hyperelastic models for articular cartilage have been 

developed for decades [1, 2]. These models have some 

capacity in predicting the cartilage load response in 

compression, but can unlikely account for time dependent 

behavior of soft tissues in tension as the inherent 

viscoelasticity of the tissue has not been taken into account. 

This study aims at developing an anisotropic visco-

hyperelastic fibril reinforced model accounting for 

nonlinearities and viscoelasticity of both fibrillar and 

extracellular matrix of soft tissues. Considering the 
shortcomings associated with the hereditary integral-based 

viscoelastic formulations in predicting short term responses, 

especially under high loading rates, a viscous function with an 

explicit dependence on strain rate has been used in this model 

to predict the time dependent load response. 

 

METHODS  
The strain energy function for the visco-hyperelastic material 

is assumed to be composed of hyperelastic and viscous terms: 

���,�� , ��� 	 �
��,��� ����, �� , ���, 
where � is the right Cauchy-Green deformation tensor, �� is 

the time derivative of � and �� is the structure tensor dictating 

the orientation of fibers at each point. The extracellular matrix 

and the fibrillar network have been modeled with a Neo-

Hookean and an exponential formulation respectively: 

�
 	 ����� � 3�  ��
��
����������

�
� 1�. 

The viscous function is as follows [3]: 

�� 	 ������� � 3�  ������ � 1��, 

where ��,	� , �� and �� are invariants of � and �� and ��, ��, �", 

�� and �� are material parameters. The material is assumed to 

be nearly incompressible and the equations are divided into 
volumetric and deviatoric contributions consequently. For 

modeling articular cartilage, the fibers are taken to be vertical 

in the deep zone, rotating in the transitional zone to become 

horizontal in the superficial zone. The constitutive equation is 

implemented in the finite element package ABAQUS by 

means of a UMAT subroutine. The Jacobian matrix has been 

derived analytically to reach the maximum convergence rate 

possible. In this study, a cartilage disk with anisotropic fiber 

organization as well as a transversely isotropic cartilage strip 

has been considered under tensile loading. 

 
RESULTS 
For cartilage strips, as the strain rate increases from 1%/s to 

20%/s, larger instantaneous responses are observed (Fig. 1), 

which is in agreement with previous studies on cartilage under 

tensile loading [4]. The parameter �" in the constitutive 

equation controls the degree of nonlinearity or the stiffening of 

the collagen fibers with increased strain. The tensile stress 

obtained from the cartilage disk in axial direction tends to be 

more linear compared to the tensile results for the cartilage 

strip samples. This suggests that using uniaxial tensile data 

from cartilage disks for evaluating the material parameters of 

fibers can lead to inaccurate results regarding the stiffening 

behavior of collagen fibers.   

 
Figure 1: Normalized stress when 10% strain is applied with 

strain rates of 1%/s to 20%/s. 

 

DISCUSSION 
The preliminary results indicated the capacity of the model in 

predicting the time dependent response during ramp loading 

under various strains and strain rates. The viscoelastic models 

based on hereditary integrals are designed to capture the whole 

viscoelastic response during loading and relaxation. 

Consequently, they are not able to predict the viscoelastic 
response during loading under various strain rates with one set 

of materials parameters, especially under high strain rates. In 

addition, they need twelve material parameters to account for 

viscoelasticity of fibers and extracellular matrix whereas, the 

proposed model can be fully characterized by two parameters.  

On the other hand, considering the step frequency in normal 

gait, the long term viscoelastic response is of minor 

significance compared to the short term behavior during 

physiological loading which justifies using the proposed 

constitutive model. The long-term load response of soft tissues 

can also be described if the strain energy function is modified 

with additional terms. 
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INTRODUCTION 

Within skeletal and cardiac muscle exists a molecular spring 

responsible for maintaining muscle structure, preventing 

stretch related damage, and contributing to the development of 

muscle force. This spring, called titin, has almost exclusively 

been associated with passive (elastic) force, that develops 

when muscles are stretched. However, more recent work has 

suggested there may be a dynamic nature to titin that can be 

used to understand active stretches in muscle as well [1]. If 

this titin spring has the capability to reversibly bind to the 

filamentous protein actin, then the elastic region of the spring 

would be shortened which would generate more force.  

 

METHODS  

To explore the active and passive force regulation mechanism 

of titin, we utilize immunofluorescence microscopy. Briefly, 

rabbit psoas muscle strips are freshly dissected, fixed at resting 

length and chemically skinned for at least two weeks [2]. 

Muscle strips are then homogenized, yielding myofibrils of 

various lengths. The myofibrillar suspension is then labelled 

with monoclonal antibodies conjugated to quantum dots 

(Qdots), to demarcate the different regions of the titin spring.  

 

A labelled myofibril is attached between a cantilever and rigid 

glass needle (Figure 1, inset). The cantilever measures force in 

real-time through a laser coupled quadrant detector, while the 

glass needle is motor controlled. The myofibril is stretched 

(~5% of initial length per second/sarcomere) to different final 

lengths, both actively and passively. The translocation of 

Qdots will be analyzed by tracking their displacements using a 

high resolution digital camera (Retiga 2000R, QImaging, B.C., 

Canada) in conjunction with a fluorescence epi-illumination 

microscope (Olympus IX 81, PA, USA) and ImageJ software 

(NIH, MD, USA). The specific banding patterns on the titin 

spring, are used to determine how different regions behave 

with both passive and active stretch. 

 
RESULTS 

The proposed active stretch experiments are building on the 

already collected passive stretch data (Figure 1), allowing us a 

basis for comparison between conditions. With gradual 

passive stretch, different immunofluoresced regions of titin 

separate in a prescribed manner, widening the Z-line. Whether 

this order is preserved in the active case, and whether different 

regions of titin behave cooperatively, remains to be tested.  

 

DISCUSSION AND CONCLUSIONS 

Should the translocation of the Qdots with stretch differ 

between the two cases (active and passive), then a new 

mechanism would need to be considered for how titin behaves 

within muscles. Currently, there is no agreeable mechanism as 

 
 

Figure 1: Setup illustrating the labelled myofibril captured 

between a glass needle and cantilever. With passive stretch, 

the Qdot labelled T12 bands separate from one another.  

 

to how actively stretched skeletal muscles can produce forces 

exceeding theoretical maximum values by hundreds of percent 

[3]. We speculate that titin may employ reversible binding to 

actin in the presence of calcium, which would shorten the 

length of this molecular spring, and greatly increase the force 

produced with stretch. Our outlined experiments of elongating 

labelled titin within myofibrils both actively and passively will 

allow us to evaluate the proposed calcium dependent 

attachment of titin to actin. 
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INTRODUCTION 
The treatment of bone fracture is an important public health 

problem in an ageing population. Healing involves a series of 

biological events that restores the tissue to its original shape 

and mechanical properties. It has been shown that the 

mechanical environment can modulate tissue differentiation. 

Several mechanoregulatory algorithms have been proposed to 

predict tissue differentiation during the repair process [1,2]. In 

this study, a murine fracture model with a stem cell seeded 
callus was studied with finite element models (FEM) to 

determine the effects of load magnitude on bone healing.  

METHODS  
An axisymmetric FEM of a proximal section of a murine tibia 

with a 0.4 mm fracture gap and external callus (Fig. 1a) was 

created (ABAQUS v6.10). It was assumed that the callus 

consisted of stem cell seeded granulation tissue initially. 

Progenitor cells from surrounding tissues (the marrow, 

periosteum and external soft tissues to the callus) were able to 

move into the callus. A biphasic theory regulated by shear 

strain and fluid flow was implemented into our simulation to 
investigate the tissue differentiation over healing time [2]. The 

mechanical stimuli applied to the stem cells over time results 

in a gradual change of the tissue material properties within the 

callus. The cells could differentiate into fibrous tissue, 

cartilage and bone. To simulate the movement of the cells 

through the regenerated tissue, a diffusion process coupled to 

the poroelastic stress analysis was developed. The diffusion 

coefficients were set such that after 3 weeks, the progenitor 

cells could spread throughout the entire callus [3]. A user-

defined subroutine USDFLD was developed to update the 

material properties based on the average of computed 

mechanical stimuli in the previous 10 days, and on the cell 
concentration. The new material properties were finally 

computed using a rule of mixtures. The tissue mechanical 

properties were obtained from the literature [1]. The analysis 

was continued until tissue differentiation had reached a steady-

state. To investigate the influence of load magnitude on 

fracture repair, axial compression loads of 0.5, 1, 2 N (1 Hz) 

were applied to the top of the cortical shaft, and the results 

were compared to reconstructed micro-CT images of a 

previously published experimental study [3]. In the 

experimental study, the healing response to different axial 

compression magnitudes was investigated in murine tibias 
with a transverse fracture over 2 weeks. 

RESULTS 
The FEM was initially validated by comparing the results to 

an axisymmetric human tibia fracture model of Isaksson et al. 

(2005) with the same geometry and loading regimes [1]. The 

predicted patterns of the regenerated tissue during the repair 

process were very similar. 

The predicted sequence of tissue regeneration in the murine 

fracture model occurred in the same pattern observed in vivo. 

After 14 steps (days), the interfragmentary gap still contained 

fibrous tissue for a load amplitude of 1 or 2 N whereas 

cartilage was predicted for the 0.5 N loading case (Fig. 1b & 

1c). In all cases, the bone formation started from internal and 

external callus, independently. For the external callus the bone 

formation started at the tip of the callus and spread throughout 

the callus gradually. According to the obtained results, the 
bone healing rate was the highest under 0.5 N, intermediate 

under 1 N and the lowest under 2 N axial compression. 

 
Figure 1: a) Axisymmetric FE model of a murine tibia. The 

inner and outer diameter of cortical bone (gray) and external 

callus (blue) are 1, 1.44 and 2.4 mm, respectively, b) Predicted 

tissue differentiation in the present study, c) �CT images from 

Gardner et al. (2010) for different load magnitudes (1 Hz). 

DISCUSSION & CONCLUSIONS 
In agreement with the micro-CT images from Gardner et al. 

(2010), the computational simulations predicted bone repair 

enhancement under low magnitudes of load (Fig. 1c) [3]. 

Octahedral shear strain magnitudes were higher in the 2 N 

case, which led to less consolidation and fibrous tissue was 

still observed after 2 weeks (Fig. 1b). At higher loads the 

callus was poorly bridged as seen in the �CT images (Fig. 1c). 

In future research, we will focus on the simulation of 

pharmacological treatments in osteoporotic fractures to further 
understand the interactions between mechanical and biological 

factors in difficult to heal fractures. The differentiation 

algorithms will be further developed and validated using gene 

expression patterns and high resolution micro-CT images of 

mineralization patterns in well defined fracture models. 
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INTRODUCTION 
 

During human locomotion, lower limb segments form two 
kinematic chains linked  at the plevis and oscillates back and 
forth repeatatively. The angular motion of each segment (foot, 
shank and thigh) is inherently constrained by the adjacent 
segments. Therefore, the movement for each segment is not 
totally independent and there exists a high degree of 
redundancy in the kinematic data for each segment due to the 
kinematic constraints as well as the 180° phase shift between 
the left and right leg. Previous work has demonstrated the 
kinematic co-variance between the elevation angles of lower 
limb segments [1]. Through principle component analysis 
(PCA), invariant features have been discovered that are 
independent of the walking speeds.  However, Little is known 
about the relationship between waveforms at different speeds, 
or one step further, whether there exists a linear relationship 
between the human gait waveforms at one walking speed 
compared to another. If a linear relationship does in fact exist, 
the brain or central pattern generator (CPG) could use this 
simple linear model to  regulate the limb kinematics to 
produce walking at a predefined speed. Therefore, the 
objective of this paper is to determine whether the lower limb 
angular velocities scale linearly with walking speeds. 
 
METHODS  
 
Data collection: One subject was instructed to walk on a 
treadmill at 0.8, 1.0, 1.2, 1.4 or 1.6 m/s.  Segment angular 
velocity data for both limbs were collected with an inertial 
sensor measurement system (XSENS MVN) with sensor 
placed on both feet, shanks, and thighs. For consecutive 10 
gait cycles, a 101×6 matrix P was constructed for each gait 
cycle at each of the five walking speeds, which contains the 
sagittal plane angular velocities  for all the six limb segments.  
Dimensionality reduction: PCA was first used to reduce the 
dimensionality of the data from five different speed 
(50×101×6 matrix) and eliminate the redundancies in the 
angular velocity measurements [2]. The first three principle 
components covers over 95% of the overall variance of the 
original data. Each set of data P (101×6) was reduced to a 
score matrix S (101×3). As the original angular velocities 
contain two frequency components, we were able to further 
reduce the data of the score matrix S using a model of two 
Sine functions at two different frequencies. After the model, 
the original angular velocity at one speed can be represented 
by a 42×1 velocity vector.  
Angular velocity synthesis: with the angular velocity vectors 
W from speeds at 0.8 m/s and 1.6 m/s, we like to determine 
whether there is a linear model to synthesize the angular 
velocity data for other speeds (1.0 m/s, 1.2 m/s and 1.6 m/s). 
PCA was used again on the matrix W (a 42×20 matrix 

containing 10 angular velocity vectors from 0.8 m/s and 10 
from 1.6 m/s). Within the new linear space, the angular 
velocity vectors are separated linearly through a linear 
classifier with a parameter α = -1 at 0.8 m/s and α = 1 at 1.6 
m/s. With an α varies between [-1 1],  we were able to linearly 
extrapolate the angular velocity vectors between the walking 
speeds at 0.8 m/s and 1.6 m/s. 
     
RESULTS 
 
The synthesized angular velocity waveforms at speed 0f 1.0 
m/s (α = -0.5)  and 1.4 m/s (α = 0.5) are almost identical to the 
measured angular velocity waveforms at the same speeds 
(Fig.1).    

Figure 1:  Synthesized measured angular velocities at 1.0 m/s 
and 1.4 m/s (thin black curves: measured; thick green curve: 
synthesized).   
 
DISCUSSION AND CONCLUSIONS 
  
The results confirm that there is a linear model that links the 
lower limb angular velocity waveforms between different 
walking speeds. This finding indicates that CPG may use a 
single scalar signal as input to generate a proper kinematic 
patterns when changing walking speed.   
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INTRODUCTION 
Finite element models of cervical spines are used to simulate 
loading response and predict injury in car crash scenarios.  A 
computational model of the cervical spine has been developed 
using new ligament material data including strain rate effects.  
Model validation is an important requirement and must be 
conducted at appropriate strain rates for accurate prediction of 
kinetic and kinematic response.  The purpose of this study was 
to perform high strain rate segment level loading on cervical 
spine segments and use the results to validate a detailed, finite 
element model.  
 
METHODS  
Eight fresh frozen cervical spines (five male, three female) 
were procured for testing.  Segments consisting of two 
vertebrae, with the disc and ligaments intact, were isolated.  
The vertebrae were fixed into separate resin filled cups.  The 
inferior vertebra was mounted on top of a six-axis load cell 
(JR3, California, USA).  The superior vertebra was attached to 
a specially designed fixed-axis rotating frame driven by a 
Danaher Motion servo motor (Electromate, Ontario, Canada).  
Four specimens of segments at the C2-C3, C3-C4, C4-C5, C5-
C6, C6-C7 level and three specimens of segment C7-T1 level 
were tested.    
 
Each segment specimen was preconditioned to 4 degrees in 
both flexion and extension for 10 cycles and then tested at 
rates of 1 degree and 500 degrees per second (up to 10 
degrees) in flexion and extension.  500 deg/s was chosen 
because it represents the rotation rate observed during crash 
scenarios [1].  Each segment test was repeated three times and 
the moment versus rotation relationship was recorded.  The 
experimental boundary conditions were duplicated in the 
computer simulation and compared to the testing results. 
 
RESULTS 
For the experimental testing, a paired comparison was used to 
eliminate the variability present among the spines.  The 
flexion/extension tests demonstrated no evidence of increased 
segment stiffness due to the elevated strain rate up to six 
degrees of rotation.  At more than six degrees of rotation in 
flexion, the C3-C4, C5-C6, and C6-C7 segments displayed 
moderate evidence (p < 0.05), and the C2-C3 and C7-T1 
segments showed weak evidence (p < 0.10 ) that the stiffness 
was higher at 500 deg/s than at 1 deg/s.  In extension, only the 
C5-C6 and C6-C7 segments showed moderate evidence of 
increased stiffness above six degrees of rotation. 
 
The model was investigated using rotation rates of 1 deg/s and 
500 deg/s, predicting increased stiffness at the higher rate.  
The quasi-static finite element model was then compared with 
the low rate experimental results.  At the C2-C3, C3-C4 
(Figure 1), C4-C5, and C5-C6 levels, the quasi static model 
was stiffer than the low rate experimental results except at C2-
C3 extension (less stiff) and C3-C4 extension (model falls 

within the corridor).  At the lower C-spine, the experimental 
testing was in agreement with the model. 
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Figure 1: C3-C4 Flexion Results – Model vs. Experimental 
 
DISCUSSION AND CONCLUSIONS 
 
A detailed cervical spine finite element model has been 
developed that includes rate dependent ligament properties.  
The experimental testing results demonstrated varying degrees 
of evidence supporting the hypothesis that the segment 
stiffness was higher at higher strain rates and higher strains in 
both flexion and extension modes of loading.  The model 
displayed the increased stiffness at the higher rate, but was 
generally stiffer than the experimental test results except in the 
lower c-spine (C6-C7, C7-T1).   
 
Even though the ligaments normally show viscoelastic 
properties only at high strains beyond the toe region [2], the 
model strain rate effects could be seen from the onset of 
rotation.  The experimental work demonstrated an increased 
stiffness trend at low rotations (up to 6 degrees), but no 
conclusion could be drawn due to variability.  Future work 
will investigate the intervertebral disc material models and 
strain rate sensitivity. 
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INTRODUCTION 

Studies examining the influence of age on compensatory arm 

reactions in response to a loss of balance suggest that older 

adults are unable to initiate arm movements as rapidly or with 

the same magnitude as the young [1]. However, these studies 

have often kept the handrail location unchanged throughout 

the duration of the study and explicitly instructed participants 

to reach for and grasp the handrail [2]. A limitation of such a 

set-up is that it allows participants to pre-program their 

reaching response prior to a loss of balance. This makes it 

difficult to determine if age-related changes in compensatory 

arm reactions are due to older adults having a decreased ability 

to pre-program their reaching response, or to a reduced ability 

to react and perform the compensatory reaching movement. 

 

Therefore, the purpose of this study was to examine how age 

affects compensatory arm reactions when arm responses 

cannot be pre-programmed prior to a loss of balance. It was 

hypothesized that when participants cannot pre-program their 

reaching response due to an unpredictable handrail location, 

greater differences in compensatory arm reactions would be 

observed between young and older adults. 

 

METHODS 

Twelve young and 12 older adults were instructed to reach for 

a handrail as quickly as possible in response to a forward 

directed support surface translation. The handrail was located 

always on the participant’s right side (predictable) or either on 

their right or left side (unpredictable). The handrail location 

was made unpredictable by blocking the participant’s vision 

with liquid crystal goggles prior to the onset of each surface 

translation. However, vision was always returned at the onset 

of each surface translation. 

 

Surface electrodes were placed on the posterior deltoid (PD) of 

the reaching arm, in order to quantify the muscle’s EMG onset 

latency and amplitude. The amplitude of EMG signal was 

calculated during the 200 ms after muscle onset. To facilitate 

comparisons between participants, all EMG amplitudes were 

later normalized as a percentage of each participant’s 

maximum voluntary contraction. 

 

Three dimensional kinematic data of the reaching movement 

was also collected using a motion analysis system. A cluster of 

three infrared markers was placed on the participants’ right 

forearm. From this cluster of markers, the distal point of the 

right forearm (i.e., wrist) was tracked to measure the peak 

wrist velocity in the medio-lateral (M-L) and vertical 

directions. 

 

 

 

 

 

 

 

 

 

 

 

RESULTS 
When the handrail location was unpredictable compared to 

predictable, posterior deltoid arm responses were 15 ms later 

(p<0.001) and 7 % smaller in amplitude (p=0.010). Across 

both handrail predictability conditions, PD arm responses were 

also delayed by 15% (24 ms) in older compared to young 

adults (age main effect: p=0.003). However, no age x handrail 

predictability interaction effects were observed in any of the 

EMG variables, indicating that arm muscle activity from 

young and older adults were similarly influenced by changes 

in handrail predictability.  

 

Altering the handrail predictability also influenced the 

kinematics of the compensatory arm reaction. An 

unpredictable compared to a predictable handrail location 

resulted in 30-35% smaller wrist M-L and vertical velocities 

(p<0.001). Although no age x handrail predictability 

interaction effects were observed in any of the kinematic 

variables, the wrist vertical velocity was found to be greater in 

older adults compared to young adults (p=0.017).  

 

DISCUSSION AND CONCLUSIONS 

Regardless of handrail predictability, older adults exhibited 

delayed muscle responses and a greater vertical wrist velocity 

compared to young adults. However, since both young and 

older adults were equally affected between the two handrail 

predictability conditions, age-related changes in compensatory 

arm reactions are not a result of older adults being unable to 

pre-program their arm responses. Experimental protocols 

employing an unpredictable handrail location do not provide 

any additional benefits when comparing compensatory arm 

reactions between young and older adults. 
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Figure 1: Posterior deltoid EMG recordings in response to a 

forward directed surface translation (initiated at time zero). 

The data is from a representative young adult when the 

handrail location was predictable (black line) and 

unpredictable (gray line).  
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INTRODUCTION 

 
Rotator cuff tears are highly prevelant, afflicting 

approximately 20% of the population [1]. Rotator cuff tears 

often lead to atrophy of the injured muscle(s), which has been 

associated with poor functional outcomes [2]. Surgical repair 

is commonly performed, followed by a period of shoulder 

immobilization by means of an orthosis. The purpose of the 

immobilization is to protect the integrity of the repair during 

the immediate post-operative period. There is, however, no 

consensus on the best postures for post-operative shoulder 

immobilization, and furthermore, the effect, if any, of muscle 

atrophy on the postures. The purpose of this work was to 

simulate supraspinatus tears with varying degrees of muscle 

atrophy to determine the effect of atrophy on optimal post-

operative shoulder immobilization postures.  

 

METHODS  

 

A musculoskeletal model of the shoulder complex (AnyBody 

Technology, Denmark) was simplified for this study to 

incorporate just the scapula, humerus and rotator cuff muscles.  

Six muscle paths represented each rotator cuff muscle, namely 

supraspinatus (SS), infraspinatus, subscapularis and teres 

minor. Each muscle path was represented by a Hill-type 

muscle-tendon actuator.  

 

Full thickness SS tears were simulated by reducing the length 

of the SS tendon by 5 to 20 mm. The reduction in tendon 

length or gap length represented tendon retraction and removal 

during surgery. The cross sectional area of the SS muscle was 

reduced by up to 40% to represent varying levels of muscle 

atrophy. For each tear condition the optimal post-operative 

immobilization posture was determined, defined as the posture 

in which 1) the stress in the SS was minimized to protect the 

repair; 2) elevation of the humerus was minimized to ensure 

the resulting posture was practical; 3) stresses in the uninjured 

tendons were maintained below an upper limit to ensure 

integrity of these tendons; and 4) the posture of the humerus 

was within anatomical limits. To allow for better visualization 

of the results complete upper limb configuration was 

determined, assuming elbow flexion of 90° and the 

scapulohumeral rhythm of [3]. 

 
RESULTS 

 

For full thickness SS tears without atrophy the optimal post-

operative immobilization postures were with the humerus in 

external rotation, with the plane of elevation close to the 

scapular plane, while the angle of humerus elevation increased 

with gap length from 28° to 55°. For all gap lengths, as muscle 

atrophy was increased the angle of humerus elevation 

decreased. For example for a gap length of 15 mm the angle of 

elevation decreased from 46° to 38° as the cross sectional area 

of the SS was decreased by 10 to 40% (Figure 1). 
 

 
Figure 1: Optimal post-operative shoulder immobilization 

postures for a SS tear with a 15 mm gap length and varying 

levels of muscle atrophy. 

 

DISCUSSION AND CONCLUSIONS 

 

For SS tears the optimal post-operative shoulder 

immobilization postures were dependent on both the gap 

length and the degree of muscle atrophy. As gap length 

increased the angle of humerus elevation increased. In effect, 

higher angles of elevation were required to protect the more 

severe injuries. However, the opposite relationship was found 

for atrophy. As the level of muscle atrophy increased the 

required angle of humerus elevation decreased. This result is 

at first counter-intuitive; high atrophy represents a severe 

injury for which you could expect high humerus elevation to 

protect the repair. However, atrophy reduces the cross 

sectional area of the muscle. As a result the muscle becomes 

more compliant and can be extended further under the same 

level of force, therefore lower elevation angles can be 

tolerated. In conclusion, gap length and atrophy should both be 

considered when selecting a post-operative shoulder 

immobilization posture. 
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INTRODUCTION 

Stiffness of the lower extremity characterizes the 

relationship between the applied load and the corresponding 

displacement of the leg or joint and can be related to load 

attenuation. As stiffness of the lower limb and lower limb 

joints has been correlated with certain running injuries [1], it 

is important to understand how these variables may vary due 

to an individual’s gender and age. It is also important to 

determine if shoe midsole hardness has an effect on stiffness 

of the lower extremity as cushioning guidelines have been 

recommended in the literature for older individuals [2]. 

While previous publications have investigated the effects of 

age and shoe midsole hardness on lower extremity stiffness, 

these studies were limited to male participants from a narrow 

age range. Therefore, this study investigated the influence of 

shoe midsole hardness, gender, and age on the lower 

extremity apparent leg stiffness and joint stiffness during 

heel-toe running.  

 

METHODS  

Ninety-three recreational runners (47 male, 46 female) aged 

16-75 years who ran at least 30 minutes per week 

participated in this study. Kinematic data were collected 

using an eight camera, 240 Hz motion capture system 

(Motion Analysis, CA, USA) with 12 retro-reflective 

markers mounted on the pelvis, right lower extremity and 

shoe. Kinetic data was collected simultaneously using a 

force plate (Kistler Instruments AG, Winterthur, 

Switzerland). Participants performed heel-toe running trials 

at 3.33 ± 0.15 m/s on a 30 meter long runway with soft 

(Asker C 40) and hard (Asker C 65) single density EVA 

midsole shoes. Apparent leg stiffness was calculated as the 

ratio of the peak vertical ground reaction force and the 

maximum leg length change during the stance phase. Leg 

length was estimated as the distance between the average 

pelvis marker location and the average shoe marker location. 

The average joint stiffness in the sagittal plane for the ankle 

and knee joint was calculated as the ratio of the change in 

joint moment to the joint angular displacement during the 

stance phase. A least square linear regression equation was 

used for the joint-moment versus joint-angle curves and the 

slope of this line was identified as joint stiffness.  A three-

way ANOVA (IBM SPSS Statistics 19.0, IL, USA) was used 

to determine interaction and main effects for shoe midsole 

hardness, gender, and age. Tukey post hoc tests were used 

for pair-wise comparisons where applicable. All tests were 

performed using a significance level of α=0.05. 

 

RESULTS 

The soft midsole shoe demonstrated higher average ankle 

(p<0.001) and knee joint (p=0.025) stiffness compared to the    

 

hard midsole shoe (Figure 1). Female subjects demonstrated 

increased ankle joint stiffness compared to male subjects 

(p=0.001). Apparent leg stiffness was not significantly 

affected by shoe midsole hardness or the gender of the 

runner. Apparent leg stiffness was affected by age, while 

joint stiffness was not significantly changed across age 

groups.  

 

 
Figure 1: The effects of shoe midsole hardness on ankle and 

knee joint stiffness (mean and standard error). 

 

DISCUSSION AND CONCLUSIONS 

The rise in joint stiffness found with increased running speed 

has previously been explained by the need for increased 

stiffness as the motor task becomes more difficult. The 

elevated joint stiffness found for the soft midsole condition 

may be due to the increased difficulty in controlling 

movements in the sagittal plane with a softer shoe midsole.  

Stiffness of the lower extremity at both the joint and the full 

limb level have been correlated with particular injuries, 

including shin splints. Understanding the effects of shoe 

midsole cushioning on lower extremity stiffness should be 

considered when developing cushioning guidelines for users.  

Additionally, understanding how lower-extremity stiffness 

changes with the gender and age of a runner may help to 

explain why certain injuries occur more frequently for 

certain groups of individuals.  
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INTRODUCTION 
Motorcycle helmets can reduce the severity of head and brain 

injuries by decreasing the level of force and acceleration 

imposed on the rider’s head. Despite this fact, helmets have 

limitations with respect to their  ability to mitigate all potential 

brain injuries. Brain injuries occur when there are sufficient 

magnitudes of acceleration inflicted on the brain. Translational 

acceleration causes focal brain injuries whereas rotational 

acceleration causes both focal and diffuse injuries [1]. Focal 

injuries, such as contusions or hematomas, are lesions where 

the damage is locally defined [1]. Diffuse injuries are those 

injuries with axonal, neural, and microvascular effects and 

brain swelling [1]. Current helmet verification test standards 

only measure translational accelerations, yet rotational 

accelerations are known to cause more severe injuries [2]. 

Data from the Department of Transportation (DOT) helmet 

verification tests were examined in this study to determine the 

effectiveness of a motorcycle helmet in preventing rotational 

brain injuries [3]. The inclusion of rotational acceleration 

measurement could result in higher standards for helmet 

design that, if executed, could provide the rider better 

protection against both rotational and translational acceleration 

brain injuries.  

 

METHODS 
A collection of frontal impact headform translational 

acceleration data points for the subject study were obtained 

through Federal Motor Vehicle Safety Standards (FMVSS) 

218 compliance testing reports from 2003 to 2011.  The 

translational acceleration data were separated into three helmet 

configurations: complete facial, full, and partial.  The data 

were separated in order to determine whether a difference 

exists in the acceleration data based upon the type of helmet 

configuration. The difference in the translational data 

compiled between DOT approved helmets and novelty (non-

DOT approved) helmets were also examined. In addition, data 

were separated based upon differences in the shell material 

(Acrylonitrile Butadiene Styrene (ABS), Polycarbonate (PC)  

and fiberglass) used in matching helmet configurations with 

similar foam liner material in order to characterize shell 

attenuation properties. Finally, data were separated by 

differences in foam type (Expanded Polystyrene (EPS) and 

Polystyrene (PS)) to observe the influence of foam properties. 

The effectiveness of the various motorcycle helmet 

characteristics were analyzed using the Head Injury Criteria 

(HIC) and Abbreviated Injury Scale (AIS). The subject study 

sought to determine the effectiveness of selected motorcycle 

helmets in the prevention of rotational acceleration brain 

injuries. 

 
RESULTS 

The average frontal impact headform translational acceleration 

experienced for 143 DOT motorcycle helmets was 111 g. The 

complete facial, full, and partial helmet’s average headform 

acceleration was 108 g, 111 g, and 114 g, respectively. 

Fiberglass shell material had the highest headform acceleration 

at 124 g, while the lowest headform acceleration was obtained 

by shell material made of ABS (94 g). In comparison, EPS 

foam average headform acceleration was 106 g whereas PS 

foam had an average headform acceleration of 112 g. Our data 

of partial style novelty helmets indicated that headform 

accelerations were approximately double the partial headform 

accelerations of the DOT approved helmets consistent with 

Scher et. al. [4].  Since the rotational accelerations are derived 

from the translational accelerations, they followed the same 

relationship. 

 

DISCUSSION AND CONCLUSIONS 
The average helmet translational acceleration of 111 g 

corresponds to an HIC score of 496, which falls below the 

National Highway Traffic Safety Administration (NHTSA) 

HIC15 maximum allowable value of 700 [5]; however, is 

associated with a mild concussion on the AIS. In contrast, the 

average calculated rotational acceleration was 9837 rad/s
2
 

resulting in an HIC score of 1317. This HIC value is well 

above the maximum allowable threshold and corresponds with 

the AIS measure indicating a severe concussion will occur. 

 

Motorcycle helmets can reduce the severity of head and brain 

injuries but have limitations with respect to their ability to 

mitigate all potential brain injuries. Current helmet design 

emphasizes the evaluation of translational acceleration; 

nonetheless it is known that rotational acceleration can 

produce more severe focal and diffuse brain injuries [2]. In 

real life accidents, a combination of both translational and 

rotational acceleration is the most common mechanism for 

causing brain injury [7]. Our study revealed that although a 

helmet may meet the FMVSS 218 standard, the helmet may 

not prevent significant rotational acceleration brain injuries. 

As a result, it is our belief that considering the measure of 

rotational acceleration into the FMVSS 218 compliance testing 

may ultimately reduce the overall severity of rider brain 

injuries.  Furthermore, it is our opinion that implementing the 

measurement of rotational acceleration would result in higher 

standards for helmet design.  

 

REFERENCES 
[1] Schmitt K. Trauma Biomechanics. Springer, 2007.  

[2] Nahum A. The Biomechanics of Trauma. Prentice Hall, 1985  

[3] Compliance Database. Office of Vehicle Safety Compliance. 

[Online] NHTSA, 2003-2011.  

[4] Scher I. (2009) Likelihood of Brain Injury in Motorcycle 

Accidents. SAE 2009-01-0248 

[5] R., Eppinger. (2000) Supplement: Development of Injury 

Criteria for the Assessment of Advanced Automotive Restraint 

Systems - II. NHTSA.  

[6] Dalmases, C. Head Injury Protection For Pedestrians. VDM, 

2010 



FMVSS 218 Compliance Testing: Evaluation of Acceleration and Brain Injury  

Nicholas Merrier
1
, Sean D. Shimada

1
 

1
Biomechanical Consultants of California, Davis, CA, USA sean@motionsandforces.com  

 
INTRODUCTION 
Motorcycle helmets can reduce the severity of head and brain 

injuries by decreasing the level of force and acceleration 

imposed on the rider’s head. Despite this fact, helmets have 

limitations with respect to their  ability to mitigate all potential 

brain injuries. Brain injuries occur when there are sufficient 

magnitudes of acceleration inflicted on the brain. Translational 

acceleration causes focal brain injuries whereas rotational 

acceleration causes both focal and diffuse injuries [1]. Focal 

injuries, such as contusions or hematomas, are lesions where 

the damage is locally defined [1]. Diffuse injuries are those 

injuries with axonal, neural, and microvascular effects and 

brain swelling [1]. Current helmet verification test standards 

only measure translational accelerations, yet rotational 

accelerations are known to cause more severe injuries [2]. 

Data from the Department of Transportation (DOT) helmet 

verification tests were examined in this study to determine the 

effectiveness of a motorcycle helmet in preventing rotational 

brain injuries [3]. The inclusion of rotational acceleration 

measurement could result in higher standards for helmet 

design that, if executed, could provide the rider better 

protection against both rotational and translational acceleration 

brain injuries.  

 

METHODS 
A collection of frontal impact headform translational 

acceleration data points for the subject study were obtained 

through Federal Motor Vehicle Safety Standards (FMVSS) 

218 compliance testing reports from 2003 to 2011.  The 

translational acceleration data were separated into three helmet 

configurations: complete facial, full, and partial.  The data 

were separated in order to determine whether a difference 

exists in the acceleration data based upon the type of helmet 

configuration. The difference in the translational data 

compiled between DOT approved helmets and novelty (non-

DOT approved) helmets were also examined. In addition, data 

were separated based upon differences in the shell material 

(Acrylonitrile Butadiene Styrene (ABS), Polycarbonate (PC)  

and fiberglass) used in matching helmet configurations with 

similar foam liner material in order to characterize shell 

attenuation properties. Finally, data were separated by 

differences in foam type (Expanded Polystyrene (EPS) and 

Polystyrene (PS)) to observe the influence of foam properties. 

The effectiveness of the various motorcycle helmet 

characteristics were analyzed using the Head Injury Criteria 

(HIC) and Abbreviated Injury Scale (AIS). The subject study 

sought to determine the effectiveness of selected motorcycle 

helmets in the prevention of rotational acceleration brain 

injuries. 

 
RESULTS 

The average frontal impact headform translational acceleration 

experienced for 143 DOT motorcycle helmets was 111 g. The 

complete facial, full, and partial helmet’s average headform 

acceleration was 108 g, 111 g, and 114 g, respectively. 

Fiberglass shell material had the highest headform acceleration 

at 124 g, while the lowest headform acceleration was obtained 

by shell material made of ABS (94 g). In comparison, EPS 
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resulting in an HIC score of 1317. This HIC value is well 

above the maximum allowable threshold and corresponds with 

the AIS measure indicating a severe concussion will occur. 

 

Motorcycle helmets can reduce the severity of head and brain 

injuries but have limitations with respect to their ability to 

mitigate all potential brain injuries. Current helmet design 

emphasizes the evaluation of translational acceleration; 

nonetheless it is known that rotational acceleration can 

produce more severe focal and diffuse brain injuries [2]. In 

real life accidents, a combination of both translational and 

rotational acceleration is the most common mechanism for 

causing brain injury [7]. Our study revealed that although a 

helmet may meet the FMVSS 218 standard, the helmet may 

not prevent significant rotational acceleration brain injuries. 

As a result, it is our belief that considering the measure of 

rotational acceleration into the FMVSS 218 compliance testing 

may ultimately reduce the overall severity of rider brain 

injuries.  Furthermore, it is our opinion that implementing the 

measurement of rotational acceleration would result in higher 

standards for helmet design.  
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INTRODUCTION 
Impaired vision is a significant independent risk factor for 
falls among older adults [1]. Most interventions for fall 
prevention have focused on visual acuity and corrective 
eyewear [1]. Although cognitive processes such as divided 
visual attention have been correlated with mobility 
impairments [2], limited research has attempted to 
implement interventions or programs involving visual 
perception and cognitive training. Previous work from our 
laboratory indicated improved mobility, balance, and 
obstacle course performance in older adults trained by the 
Nintendo Wii [3], but failed to directly assess visual 
perception and cognition. Therefore, the purpose of the 
current study was to examine the changes in visual 
perception and cognition (as measured by attention) 
following a 12-week visual training program using the 
Nintendo Wii. We hypothesized that greater improvement in 
visual perception/cognition would be observed in older 
adults who were involved in a visual training program 
compared to older adults who were not involved in visual 
training.   
    
METHODS 
Thirty-four independent living older adults age 60 years or 
above participated in the study. Participants were randomly 
assigned to one of two experimental groups: Control (no 
visual training) and Visual (visual training). All subjects 
provided informed consent prior to participation in the study 
 
Each experimental group was involved in a 12-week 
program focusing on cardio-, strength- and balance-training 
of two sessions per week, 90 minutes per session.  Both 
groups performed the exact same exercises with the 
exception of the Visual group who spent 10 minutes of each 
session playing the Wii. The Control group spent the same 
10-minutes with additional cardio training. Tests of obstacle 
avoidance and visual perception/attention were given at 
baseline (week 1 of program) and at final (week 12 of 
program).   
 
Obstacle avoidance was measured using a functional 
obstacle course [3]. The number of collisions with obstacles 
was recorded during three trials. Visual perception/attention 
was measured using the Useful Field of View (UFOV) test 
[4]. This test gives scores of milliseconds on three variables: 
visual processing speed, visual divided attention, and visual 
selective attention. Therefore the lower the millisecond 
value the better the performance. 

 
Friedman’s Two-Way ANOVA by ranks compared 
differences in measures between baseline and final in each 
experimental group. Linear regression between obstacle 
collisions and UFOV variables was also performed with 
alpha level set at 0.05. 
 
RESULTS 
The visual group significantly reduced their number of 
obstacle collisions from baseline (p = 0.003). In contrast, the 
control group did not significantly improve their obstacle 
collisions (p = 0.26). Improvement in divided attention of 
the UFOV was also seen in the visual group (p = 0.05) but 
not in control (p = 0.41).  Linear regression of obstacle 
collisions by divided attention revealed a significant 
relationship between these two variables (p = 0.03, R = 
0.39). Greater divided attention performance relates to lower 
collisions with obstacles. 
 
DISCUSSION 
These results point to a relationship between visual training 
on the Wii and visual attention improvement. Improvements 
of visual attention also related to decreased obstacle 
collisions made in an obstacle course. The relationship 
between greater divided attention performance and lower 
risk of obstacle collision concurs with previously published 
data [2]. These data support the hypothesis that older adults 
involved in a visual training program improve their visual 
perception and attention and that this directly relates to 
improved adaptive locomotion.   
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INTRODUCTION 
This work is inspired by the physical similarities between 
biped robots and humans. Yet the motion of biped robots is 
characterized by short steps, a pattern that is not natural when 
compared to human locomotion. In this work, we try to 
investigate how forces and moments act on the human body at 
different walking speeds and their effects on the overall 
balance. Perry [1] pointed out that during a short period of 
time a free fall occurs (loss of balance) when the weight of the 
body is transferred from the rear to the forward foot as the 
weight of the body is significantly ahead of the support area. 
After striking the ground, balanced is recovered. 

Conversely,  in humanoid bipedal control, the control variable 
used to evaluate the balance of the bipedal robot is the Zero-
Moment Point (ZMP) [2] – the point on the ground where the 
net moment caused by the resultant force (FF) of inertial and 
gravitational forces has no component along the horizontal 
axes [2]. Under dynamically balanced conditions the ZMP and 
Centre of Pressure (CoP) are coincident, these points are the 
tips of the Gound Reaction Forces (FGR) and FF, respectively 
(Figures 1a and 1c). Under dynamically unbalanced conditions 
the ZMP does not exist as it would violate the physics in 
which it was formulated [2], i.e. FGR must be cointained within 
the support area. However, we show that one can replace FGR 
with a force inside the support area and a moment defined by 
the distance between FGR and FF (Figure 1b). This moment is 
referred to as the imbalance moment and causes the body to 
fall forward, fall that is recovered by completing the step. 

 
Figure 1: Balance indices in the gait cycle, (a) and (c) show 
balanced gait, i.e. CoP = ZMP, and (b) shows unbalanced gait 
with an imbalance moment.  pCM is the projected Centre of 
Mass and CMP is the Centroidal Moment Pivot (point where 
FF would have to act to keep the angular momentum constant). 

METHODS  
Experiments were conducted with a healthy male walking on a 
force plate instrumented treadmill (Bertec Corporation). The 
Bertec data was sampled at 1000Hz (4th-order Butterworth, 
cutoff 30Hz). An optical motion capture system (Visualeyez 
VZ3000, PTI) captured the motion of active LED markers. 
The motion data was sampled at 50Hz (2nd-order Butterworth, 
cutoff 5Hz). Fourteen trials were carried out at different 
speeds, from slow walking at 0.70m/s to fast walking at 
2.00m/s with increments of 0.1m/s. An adaptation protocol to 
acclimatize the subject on the treadmill was followed.  
 
RESULTS 
The FF and FGR were compared R2 = 0.93 (AP), R2 = 0.89 
(ML), and R2 = 0.86 (V). The relationship among balance 
indices show that the RMSD between CoP and ZMP grows 
exponentially, whereas the RMSD between CoP and pCM as 
well as between CoP and CMP change linearly (Figure 2). 

 
Figure 2: Comparison of Balance Indices by means of RMSD 
and Exponential Regression with Least Squares Minimization.   
 
DISCUSSION & CONCLUSIONS 
The results presented have some limitations: pilot study with 
one participant, low sampling rate of Visualeyez system, and 
bodysuit/skin with markers might have wobbled at higher 
speeds. However, we do not believe that the results have 
caused any bias as FF and FGR are strongly correlated. The 
results conduct to two important conclusions: First, we showed 
a method to quantify balance in human locomotion. Second, 
we showed that if biped robots will ever walk like humans, the 
control strategy must not always keep the biped balanced.  
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INTRODUCTION 

Bone loss around orthopedic screw due stress shielding and its 

consequent screw loosening and avulsion is one of the main 

concerns of surgeons. In this study, bone remodeling 

algorithm based on strain energy density (SED) stimulus is 

combined with finite element approach to evaluate 

biocompatibility of screws. As seen from this parametric 

study, stress shielding can be avoided by a change in screw 

design parameters. 

 

METHODS  

A 2D axisymmetric idealization of bone-screw geometry is 

modeled using the FE package of ANSYS [1] (Fig. 1). A 

dimensionless set of stress-transfer parameters (STP) and 

strain energy density-transfer parameter (SEDTP) are 

developed to quantify the screw–bone load sharing which are 

defined as follows [2]: 

𝑆𝑇𝑃𝛼𝑖 =
𝜎𝐵

𝑖

𝜎𝑇
𝑖  (1) 

 

𝑆𝑇𝑃𝛽 = 1/𝑁∑
𝜎𝐵

𝑖

𝜎𝑇
𝑖

𝑖=𝑁
𝑖=1   (2) 

 

𝑆𝐸𝐷𝑇𝑃𝛼𝑖 =
𝜎𝐵

𝑖×𝜀𝐵
𝑖

𝜎𝑇
𝑖×𝜀𝑇

𝑖  (3) 
 

𝑆𝐸𝐷𝑇𝑃𝛽 = 1/𝑁∑
𝜎𝐵

𝑖×𝜀𝐵
𝑖

𝜎𝑇
𝑖×𝜀𝑇

𝑖
𝑖=𝑁
𝑖=1   (4) 

 

where 𝜎𝐵
𝑖 is stress in the bone between consecutive screw 

threads, 𝜎𝑇
𝑖 is stress in the midpoint of screw threads and N is 

the total number of screw threads. Lower STP and SEDTP 

values indicate weak load transfer to bone which is a sign of 

stress shielding. Bone properties are changed during the 

simulation using following remodeling functions according to 

the literature [3]: 

where 𝜌 and B respectively are the apparent density and 

remodeling constant and 𝐾𝑀𝑖𝑛  , 𝐾𝑀𝑎𝑥 , 𝐾𝑂𝑣𝑒𝑟𝑙𝑜𝑎𝑑𝑖𝑛𝑔  are SED 

reference values. In every iteration bone properties is updated 

via two separate density-elastic modulus relationships for 

cortical and cancellous bone including proelasticity. 

Cortical bone 𝐸 = 2065 × 𝜀0.06 × 𝜌3.09 (9) 

Cancellous bone 𝐸 = 1964 × 𝜀0.06 × 𝜌1.64 (10) 

In this study, the configuration of functionally graded material 

(FGM) follows the patterns from literature [4].  

 

RESULTS 

The results indicate that STP and SEDTP values for FGM 

screw are higher than for fully metal screw which means better 

bio-compatibility. A decrease in material gradient and elastic 

modulus of metal fraction through an increase the volume 

fraction of ceramic the stress shielding risk decreases. Also 

increasing screw major diameter, thread numbers and 

decreasing minor diameter, and pitch, enhance STP and 

SEDTP values. 

 
Figure 1: Geometry, boundary conditions, loading and points 

used to define parameters 

 

DISCUSSION AND CONCLUSIONS 

By manipulating screws design parameters, many revision 

surgeries can be avoided. Several clinical and experimental 

investigations support the results proving that simplicity of 

model provides a standard benchmark for investigation of 

screw design parameters. 
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INTRODUCTION 
Impaired vision is a significant independent risk factor for 
falls among older adults [1]. Most interventions for fall 
prevention have focused on visual acuity and corrective 
eyewear [1]. Although cognitive processes such as divided 
visual attention have been correlated with mobility 
impairments [2], limited research has attempted to 
implement interventions or programs involving visual 
perception and cognitive training. Previous work from our 
laboratory indicated improved mobility, balance, and 
obstacle course performance in older adults trained by the 
Nintendo Wii [3], but failed to directly assess visual 
perception and cognition. Therefore, the purpose of the 
current study was to examine the changes in visual 
perception and cognition (as measured by attention) 
following a 12-week visual training program using the 
Nintendo Wii. We hypothesized that greater improvement in 
visual perception/cognition would be observed in older 
adults who were involved in a visual training program 
compared to older adults who were not involved in visual 
training.   
    
METHODS 
Thirty-four independent living older adults age 60 years or 
above participated in the study. Participants were randomly 
assigned to one of two experimental groups: Control (no 
visual training) and Visual (visual training). All subjects 
provided informed consent prior to participation in the study 
 
Each experimental group was involved in a 12-week 
program focusing on cardio-, strength- and balance-training 
of two sessions per week, 90 minutes per session.  Both 
groups performed the exact same exercises with the 
exception of the Visual group who spent 10 minutes of each 
session playing the Wii. The Control group spent the same 
10-minutes with additional cardio training. Tests of obstacle 
avoidance and visual perception/attention were given at 
baseline (week 1 of program) and at final (week 12 of 
program).   
 
Obstacle avoidance was measured using a functional 
obstacle course [3]. The number of collisions with obstacles 
was recorded during three trials. Visual perception/attention 
was measured using the Useful Field of View (UFOV) test 
[4]. This test gives scores of milliseconds on three variables: 
visual processing speed, visual divided attention, and visual 
selective attention. Therefore the lower the millisecond 
value the better the performance. 

 
Friedman’s Two-Way ANOVA by ranks compared 
differences in measures between baseline and final in each 
experimental group. Linear regression between obstacle 
collisions and UFOV variables was also performed with 
alpha level set at 0.05. 
 
RESULTS 
The visual group significantly reduced their number of 
obstacle collisions from baseline (p = 0.003). In contrast, the 
control group did not significantly improve their obstacle 
collisions (p = 0.26). Improvement in divided attention of 
the UFOV was also seen in the visual group (p = 0.05) but 
not in control (p = 0.41).  Linear regression of obstacle 
collisions by divided attention revealed a significant 
relationship between these two variables (p = 0.03, R = 
0.39). Greater divided attention performance relates to lower 
collisions with obstacles. 
 
DISCUSSION 
These results point to a relationship between visual training 
on the Wii and visual attention improvement. Improvements 
of visual attention also related to decreased obstacle 
collisions made in an obstacle course. The relationship 
between greater divided attention performance and lower 
risk of obstacle collision concurs with previously published 
data [2]. These data support the hypothesis that older adults 
involved in a visual training program improve their visual 
perception and attention and that this directly relates to 
improved adaptive locomotion.   
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INTRODUCTION 

Soft tissue vibrations within the human body have attracted the 

interest of scientists in the last decade. These vibrations are 

typically heavily damped and it has been shown that the 

magnitude of damping is related to the muscular activation 

during a movement task. Thus, the damping coefficient can be 

used to estimate the work needed to cope with tissue 

vibrations. However, the role of damping in terms of comfort 

and efficiency is not yet clear. The purpose of the current 

study was to quantify the damping coefficient of the medial 

gastrocnemius during shod and barefoot running for a 

preferred and a non-preferred strike pattern. It was 

hypothesized that the preferred strike pattern represents a more 

comfortable and efficient movement and thus, would 

demonstrate lower damping coefficients.  

 

METHODS  

12 healthy, male subjects performed two treadmill running 

conditions (shod and barefoot) with a comfortable preferred 

and a less comfortable non-preferred strike pattern (Table 1). 

Vibrations were measured from the tissue package overlying 

the muscle belly of the medial gastrocnemius using an 

accelerometer. Acceleration data was recorded at a sampling 

frequency of 2400Hz. Prior to data collection the subject was 

given a three minute warm up period in order to familiarize 

with treadmill running. 20 consecutive steps were analyzed for 

each condition. A wavelet transform [1] of the raw 

acceleration signal was computed to analyze the exponential 

decay of the signal power. Taking the logarithm yielded a 

linear slope for the exponential decay. The magnitude of 

damping for each step was determined using a least square 

minimization algorithm. A repeated measures ANOVA (α = 

0.05) with Bonferroni correction was used for statistical 

analysis. 

 

RESULTS 

Results are normalized to the preferred shod condition (light 

blue). Across all twelve subjects shod running in the non-

preferred strike pattern resulted in an increase of 93.3% in the 

damping coefficient compared to the preferred movement. For 

the barefoot condition, there was no significant difference in 

damping between preferred and non-preferred strike pattern. 

On average the difference between shod and barefoot running 

within the midfoot/forefoot strike pattern was 64.77% while 

the rearfoot strike pattern yielded an average difference of 

33.36% (Figure 1). Comparing both preferred strike patterns 

the shod condition showed a lower damping coefficient with 

an average difference of 28.53%. 

 
Figure 1: Comparisons between barefoot rearfoot (dark blue), 

shod rearfoot (light blue), barefoot forefoot (red) and shod 

forefoot (orange) running conditions. Data is illustrated as 

means ± SD of 240 steps. 

 

DISCUSSION AND CONCLUSIONS 

For three out of four comparisons the subjects presented lower 

damping coefficients for the preferred strike pattern. Based on 

these results it seems that a lower damping coefficient is 

related to a natural comfortable movement. A preferred strike 

pattern is presumably related to optimizing the energy of the 

movement. Based on this hypothesis it might be that lower 

damping is linked to a more efficient and thus more 

comfortable movement. Comparing shod rearfoot (light blue) 

and barefoot forefoot (red), while both the preferred strike 

pattern for the given condition, shod running showed a lower 

damping coefficient. This may be due to the fact that subjects 

were shod runners and not especially trained for barefoot 

running. It still remains unknown if barefoot damping is lower 

compared to shod damping for trained barefoot runners. 

Concluding it seems that there is no condition (barefoot vs. 

shod) which is favourable overall in terms of damping. It 

rather depends on the chosen strike pattern and on the fact to 

potentially minimize the energy expenditure throughout a 

movement pattern.  
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Table 1: The preferred and non-preferred strike patterns for barefoot and shod running for the recruited subjects. 

Shod Condition I Shod Condition II Barefoot Condition I Barefoot Condition II 

Shod Rearfoot Shod Forefoot Barefoot Rearfoot Barefoot Forefoot 

Preferred  Non-preferred Non-preferred Preferred 
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INTRODUCTION 

Research has demonstrated that adding mass to a shoe can 

influence physiological performance during running [1,2]. 

However, there is no evidence with respect to the possible 

effects of additional shoe mass on performance in sports such 

as basketball, where jumping is an important and frequently 

performed activity [3]. Therefore, the purpose of this study 

was to determine the effects of different shoe masses on 

performance during a counter-movement jump (CMJ). 
 

METHODS  

The adizero crazy light basketball shoe was modified to have 3 

different masses (350 g, 500 g and 650 g) for a size 12 US 

shoe. Kinematics (240 Hz; Motion Analysis Corporation, CA, 

USA) and ground reaction forces (2400 Hz; Kistler 

Instrumente AG Winterthur, Switzerland) were captured while 

11 male basketball players performed 30 CMJ trials on 2 

separate days in each of the shoe conditions. Performance was 

determined by calculating peak jump height using an 

approximated center of mass position (KinTrak, Human 

Performance Laboratory, AB, Canada). Additionally, peak 

knee and ankle joint powers were calculated. Shoes were put 

on the athlete’s feet by a research assistant. However, subjects 

were asked to subjectively rate the shoes according to their 

perception of shoe mass. A 2-way repeated measures ANOVA 

was used to determine if there were any main effects of shoe 

mass on performance for all data sets. A 3-way repeated 

measures ANOVA was used to find possible effects of shoe 

mass on performance when subjects were in a non-fatigued 

(NF: trials 1 to 5) and a fatigued (F: trials 26 to 30) state. 
Where appropriate, post-hoc t-tests were performed and all 

statistical analyses were conducted using IBM SPSS statistics 

(Version 19.0; SPSS Inc., IL, USA), with an alpha level set at 

0.05. 
 

RESULTS 

The results demonstrated significant main effects of shoe mass 

on peak ankle joint power and peak jump height (Figure 1, 

jump height overall; Table 1, ankle joint power and jump 

height in NF and F states). There was also a significant main 

effect of fatigue state, indicating a reduction in performance 

for all variables at the end of the 30 trial sets. Post-hoc 

analyses also revealed that peak ankle joint power and peak 

jump height were significantly lower in the heavy shoe, 

compared to the light and medium shoes, overall and in each 

of the fatigue states. There were no significant differences 

between the medium and the light shoe mass conditions. 

Additionally, there were no significant differences between 

shoe conditions for any subjective ratings of shoe mass. 

 
 

Figure 1: Means (± SD) for peak jump height across all 30 

CMJ trials in each shoe mass condition on 2 test days (n = 11). 
 

DISCUSSION AND CONCLUSIONS 

No difference was observed in jump height between the light 

and medium shoe conditions, although jump height was 

significantly lower in the heavy shoe condition. Interestingly, 

peak ankle joint power was also significantly lower for the 

heavy shoe condition, indicating a possible effect on jump 

height. These findings were consistent for all analyses and 

were independent of fatigue. Furthermore, CMJ performance 

was not influenced by subjective perceptions of shoe mass as 

subjects were unable to perceive differences in mass. 

Therefore, it is speculated that extreme light shoes may not 

have a significant influence on performance in basketball 

jumping, while shoes that are too heavy may be detrimental. 
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Table 1: Mean (± SD) data for peak ankle joint power and peak jump height during the non-fatigued (trials 1 to 5) 

and fatigued (trials 26 to 30) states (n = 11). * Significantly different to light and medium conditions (p < 0.05). 
 

Shoe mass condition 
Peak ankle joint power [W/kg] Peak jump height [cm] 

Non-fatigued Fatigued Non-fatigued Fatigued 

Light (350 g) 1.23 (0.03) 1.08 (0.03) 552.3 (5.2) 529.6 (2.4) 

Medium (500 g) 1.26 (0.04) 1.09 (0.03) 555.4 (7.9) 529.3 (4.4) 

Heavy (650 g)   1.19 (0.03)*   1.01 (0.03)*   544.8 (4.2)*   522.0 (2.5)* 
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INTRODUCTION 

Neuromuscular fatigue is characterized by a decrease in 

muscle force generating capacity. As compared to the rested 

state, a maximal voluntary exertion from a fatigued muscle 

displays a decrease in force output, paired with a decrease in 

muscle activation. In contrast, during submaximal fatiguing 

exertions, an increase in muscle activation is expected to 

compensate for the decreased force generating capacity, in an 

attempt to maintain the same submaximal force level. 

However,  since several muscles typically cross a joint and 

serve to synergistically produce movements at that joint, with 

some muscles acting as agonists and others as antagonists, 

different amounts of fatigue may be incurred by each of these 

muscles during repeated contractions. As a consequence, 

deviations in muscle co-activation, as a function of fatigue, 

may introduce an increased potential for musculoskeletal 

disorders. The purpose of the present study was to examine 

agonist and antagonist muscle co-activation changes during 

various fatiguing sub-maximal contractions.   

 

METHODS  

Seven healthy female subjects volunteered for this study (age: 

21.1 years ± 0.4, height: 169.4cm ± 6.5, mass: 67.5 kg ± 8.8). 

Subjects sat in a height-adjustable chair alongside a custom-

made aluminum structure (80/20 Inc., IN, USA) of fixed 

height.  The right arm rested on a foam pad, elbow flexed to 

90°, with the forearm supinated, and shoulder abducted to 90°. 

A reinforced cuff was placed around the subject’s distal 

forearm, and served to keep the wrist and fingers in a neutral 

posture. The cuff was fixed to a cable that was attached to an 

in-line uni-axial force transducer. Surface electromyography 

(SEMG) data were collected from the right biceps brachii 

(BB), brachioradialis (BRD), brachialis (BRL) and triceps 

brachii (TB) muscles using a Bortec AMT-8 amplifier (Bortec 

Biomedical Ltd., Calgary AB) using disposable bipolar Ag-

AgCl surface EMG electrodes (MediTrace 133 adhesive 

electrodes, 30mm inter-electrode distance). 

 

Subjects performed three different isometric elbow flexion 

exertion trials to determine the maximal voluntary contraction 

(MVC) force and EMG in this posture. Next, the fatiguing trial 

was performed, where subjects traced a pyramid-like template 

consisting of 15-second submaximal plateaus of 20, 40, 60, 40, 

20, and 0% MVC. A 5-second MVC and 5-second rest period 

followed each plateau. This exertion pattern was repeated until 

there was a 40% decrease in force generating capacity. 

 

The force transducer (MLP-300-C0, A-Tech Instruments, 

Scarborough, Canada) and differentially amplified SEMG 

(gain = 1000 and 5000, common mode rejection ratio = 115dB 

(at 60Hz), input impedance = 10GΩ) data were collected with 

LabView software (National Instruments, Austin Tx.). Data 

were synchronously sampled at 1000 Hz and post-processed 

using a custom-made LabView program. The most stable 10-

second windows from each of the 15-second submaximal 

plateaus, and 3-second windows from each of the 5-second 

post-plateau MVCs, were extracted in order to ensure no ramp 

up or ramp down data were analyzed. The average force and 

rectified EMG across each window of data were also 

calculated. A co-activation index (CAI) was calculated 

between each of the agonist muscles groups and the triceps 

brachii muscle using the following equation [1]: 

CAI = (low EMG/high EMG * (low EMG +high EMG) 

Repeated measures ANOVAs were used to assess changes in 

both the CAI and EMG amplitude as a function of time (i.e. 

plateau number) and intensity (i.e. plateau magnitude). 

 

RESULTS 

Increases in BB-TR, BRD-TR, and BRL-TR CAI were found 

as a function of intensity (Table 1). With the exception of an 

increase in BB EMG amplitude with increased fatigue, no 

other statistically significant results were found. However, 

trends were observed in the total force generating capacity of 

elbow joint suggesting that recovery may have occurred 

during the declining phases of the pyramid. 

 

DISCUSSION & CONCLUSIONS 

Future work will explore the influence of recovery while 

maintaining a low-level isometric exertion when preceded by a 

higher level exertion. Investigations of frequency spectrum 

trends in the EMG signals, as well as more advanced filtering 

techniques will complement these future investigations in 

order to better ascertain how each of the agonist and 

antagonist muscles are contributing to the force-varying 

fatiguing exertions.  

 

REFERENCES 

[1] Lewek, MD et al. (2004) Control of frontal plane knee 

laxity during gait in patients with medial compartment knee 

osteoarthritis, Osteo Cart, 12, p. 745-51. 

 

ACKNOWLEDGEMENTS 

We wish to acknowledge Cassandra Petruzzi, Dr. Peter Keir, 

and Dr. Jim Potvin for their assistance with this study. 

 

Table 1: Mean and standard deviation of the EMG and CAI values. CAIs were significantly different between plateaus (p<0.05). 

20% 9.21 (1.69) 6.75 (1.35) 1.51 (0.38) 8.58 (2.28) 1.78 (0.49) 1.89 (0.53) 1.80 (0.47)

40% 24.05 (5.78) 21.58 (3.77) 4.16 (1.08) 21.14 (4.86) 4.96 (1.41) 5.12 (1.72) 5.04 (1.41)

60% 47.85 (5.16) 49.05 (5.91) 8.25 (1.59) 44.79 (8.36) 9.74 (2.11) 9.72 (2.12) 9.86 (2.10)

Biceps Brachii

Co-contraction IndexMean EMG (%MVC)

Plateau Biceps Brachii - 

Triceps Brachii

Brachioradialis- 

Triceps Brachii

Brachialis- 

Triceps Brachii
BrachialisTriceps BrachiiBrachioradialis
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INTRODUCTION 
In Western Africa, women continue performing heavy 
physical work that includes carrying loads on their heads for 
domestic and commercial tasks during pregnancy. Due to 
important anatomical changes such as a higher trunk mass and 
stretching of the abdominal muscles, the loads on the spine 
and lower extremities may increase during lifting/lowering 
tasks. Pregnant women may adapt to these changes by 
modifying their postures. The objective of this research was to 
compare the postures of pregnant women during lifting and 
lowering a load for head load carriage to those of a non-
pregnant control group. 
 
METHODS  
Twenty-six pregnant women (age 26 ± 5 years, height 159 ± 9 
cm, mass 63±15 kg, 25±9 weeks of pregnancy) and 25 non-
pregnant women (26 ±7 years, 159 ±6 cm, 57±11 kg), all  
merchants using the head load carriage method, were recruited 
in Porto-Novo (Benin). Informed consent was obtained from 
all subjects. 
 

The task consisted of lifting a load, walking 6 m with the load 
placed on the head, and then lowering it back to its initial 
position. The load was a sand bag corresponding to 
approximately 20% of their body weight, placed on a circular 
tray. The tray was raised from a stool with a height of 45 cm. 
The procedure was repeated three times by the subjects. Two 
digital cameras (Sony Handy Cam DCR-SR82),  set on tripods 
at  1 m above ground and  5 m from the subject simultaneously 
recorded motion in the coronal and sagittal plane. Symmetry 
w. r. to the sagittal plane was assumed. 
 

Video analysis software (Dartfish Prosuite, version 4.0.9.0) 
was used to measure joint angles. Four critical events were 
selected for analysis based on trunk flexion and trunk 
extension: 1) Picking up the load from the stool, 2) Trunk 
extension when placing the load on their head, 3) Trunk 
extension when removing load from their head (just prior to 
set down), 4) Setting the load down onto the stool. 
 

Frame by frame control was used to ensure that the frames 
with maximum trunk flexion and extension were selected. 
Often subjects held a constant trunk flexion or extension angle 
for a couple of frames. In such cases, the frame where the 
subject also exhibited maximum upper arm flexion was 
selected as the frame to be analyzed.  
 

Joint angle measurements included flexion/extension of the 
knee, trunk, upper arm, lower arm, wrist and neck, as 
described in the REBA method [1]. Only the knee and trunk 
angles are presented here. 
  

The angles for the three repetitions were compared with a 
single factor ANOVA for repeated measures. No significant 
differences were found (p> 0.05), therefore the data were 
averaged and the mean of the three repetitions was used to 
compare the two groups using unpaired t-tests. 
 
RESULTS 
Results are presented for 21 pregnant and 24 non-pregnant 
subjects after excluding subjects who did not complete the 
required 3 repetitions with a load on the head corresponding to 
20% of their body weight (5 pregnant and 1 non-pregnant) 
(Tables 1-2).  
 

A significant difference between groups was found at 
maximum trunk flexion for pick up (knee only, p=0.045) and 
set down (knee, p=0.035 and trunk, p=0.037).  
 
Table 1: Knee Flexion angles (mean (SD) in degrees for the 
Pregnant (P) and Non-Pregnant (NP) groups 

GROUP Pick up 1st Ext. 2nd Ext. Set down 

P 49.7(26.6) 19.7(9.3) 17.5(6.1) 24.7(16.8) 

NP 65.7(25.5) 21(6.8) 15.3(5) 35.7(17) 

 
Table 2: Trunk angle with vertical (mean (SD) in degrees 
for the Pregnant (P) and Non-Pregnant (NP) groups 

GROUP Pick up 1st Ext. 2nd Ext. Set down 

P 83.4(8.2) 16.0(6.0) 14.2(14.1) 84.4(4.0) 

NP 82.0(8.8) 12.7(4.9) 14.2(3.6) 87.7(6.0)

 
DISCUSSION & CONCLUSIONS 
Pregnant women bent their knees substantially less (<15 
degrees) than the non-pregnant group to pick up and set down 
the load, probably because it was harder for them to lift the 
trunk due to its increased mass. This had little very little effect 
on  their trunk posture  which was identical to the non-
pregnant group at pick up and was only less inclined by a few 
degrees at set down. The lack of significant difference 
between groups for other angles may be due to the large range 
of stage of pregnancy between subjects. However, when group 
comparison was attempted with a smaller sample by excluding 
women in early pregnancy, the results were similar.    
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INTRODUCTION 

The literature contains clear evidence that unilateral 

pathology can affect contralateral limb (i.e. healthy limb) 

function. These healthy limb deficits (HLDs) have been 

reported following knee joint replacement [1], anterior 

cruciate ligament injury [2], and non-specific knee injury [3]. 

Clinically, these HLDs are of great interest as the healthy 

limb is often used to assess level of recovery in the injured 

side. From a basic science perspective, understanding the 

potential mechanisms underlying HLDs will add to our 

current understanding of the bilateral nature of movement 

control. While numerous hypotheses exist as to the etiology 

of these HLDs, no concrete evidence exists regarding their 

potential cause. One proposed hypothesis is that pain in the 

injured limb may trigger neuromuscular changes in the non-

injured limb. The current research aimed to investigate this 

hypothesis. Specifically, the purpose was to examine the 

effects of an acute bout of unilateral quadriceps pain on 

contralateral quadriceps muscle force, activation and force 

steadiness. 

 

METHODS 

Ten (5 male, 5 female) healthy volunteer subjects (age 22.5 

± 2.46; body mass 74.86 kg ± 15.88 kg; height 175.1 ± 9.36 

cm) participated in the study. All participants visited the lab 

on two occasions. During the first testing session unilateral 

(dominant leg) eccentric knee extension exercises were 

performed to induce delayed onset muscle soreness 

(DOMS). Prior to the DOMS protocol and 48 hours post 

exercise, bilateral neuromuscular quadriceps function was 

tested by examining knee extensor force production, muscle 

activation and force steadiness. Muscle activation was 

recorded bilaterally from vastus lateralis (VL), vastus 

medialis (VM) and medial (MH) and lateral (LH) hamstrings 

using surface electromyography. In addition the following 

other parameters were measured: 

1) Maximum isometric knee extensor force (measured using 

an S-Type load cell (Massload, Saskatoon, Sask) affixed 

to the ankle). 

2) Isometric quadriceps force steadiness during contractions 

of 10%, 30% and 50% of MVC. Force steadiness was 

quantified by determining the coefficient of variation and 

absolute error during 5 seconds at each %MVC intensity 

[4]. 

3) Pain was quantified using both a visual analog scale 

(VAS) and pain pressure threshold (PPT). 

 

RESULTS 

Subjects reported significantly (p<0.05) increased pain (both 

VAS and PPT) in the exercised leg 48 hours post-exercise 

(see Fig. 1 for VAS results). Pain perception (VAS) in the 

non-exercised leg also significantly increased (p<0.05). 

Maximum knee extension force was significantly  

 

reduced (see Fig. 1) in the painful leg on day 2 of testing 

(time*pain interaction p<0.05, post-hoc p<0.05). No other 

measures exhibited significant changes post-test.  

 

  

 

 

 

 

 

 

 

Figure 1: Visual analog pain scale ratings (left) and 

maximal isometric extensor force (right). * indicates 
significant difference between limbs (p<0.05).   

 

DISCUSSION AND CONCLUSIONS 

Healthy limb deficits have been reported following unilateral 

limb pathology. Despite the evidence of HLDs, relatively 

little is known about why they occur. The present study was 

designed to examine the affect of unilateral pain on the 

contralateral limb. The results suggested that although a bout 

of exercise induced unilateral pain resulted in force 

production deficits in the exercised limb, there were no 

neuromuscular changes in the unexercised limb. A limitation 

of this study is that DOMS pain is very acute and results due 

to damage to muscle fibers.  It therefore may not have been 

the best model to mimic HLDs which occur most often in 

cases of joint pathology. Pain due to joint injury is usually 

more chronic and arises due to damage to ligaments or other 

joint tissues (i.e. not muscle) and as a result it may affect the 

healthy limb differently than DOMS pain. The small, though 

significant, increase in non-exercised limb pain is also a 

concern, as a purely unilateral insult was not created by the 

DOMS protocol. Further research will aim to address these 

specific limitations while also investigating whether other 

factors (i.e. peripheral sensory deficits, cortical function or 

changes in alpha-motor neuron excitability) contribute to the 

development of HLDs.  
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INTRODUCTION 
The Active Hip Abduction (AHAbd) test is an observation-
based, clinical assessment of frontal plane lumbopelvic control 
during dynamic hip abduction performed in sidelying [1,2]. 
The test is scored from 0-3 based on presence of aberrant 
movement; 0/1 is considered (-) and 2/3 considered (+). The 
test has been shown to predict low back pain (LBP) in 
asymptomatic individuals, however this is the first study 
conducted in people with LBP. The purpose of this study was 
to investigate muscle activation strategies in individuals with 
LBP and healthy controls during the AHAbd test. It was 
hypothesized that LBP cases would have delayed relative 
activation of trunk stabilizing musculature compared to 
healthy controls. 
 
METHODS  
22 participants (13 with current LBP) participated in this 
study. Surface electromyography (EMG) data (Biopac 
Systems Inc., Goleta CA, USA) were recorded from 4 bilateral 
trunk and hip muscles (lumbar erector spinae, internal and 
external oblique, and gluteus medius) during execution of the 
AHAbd test peformed bilaterally. A physical therapist, blinded 
to participant’s LBP status, concurrently scored performance 
on the AHAbd test. Kinematics (Northern Digital Instruments, 
Inc., Waterloo, ON, Canada) were recorded simultaneously for 
calculation of relative trunk (thorax-pelvis) and hip (pelvis-
thigh) angles. EMG data during AHAbd trials were 
normalized to peak values obtained during standardized sub-
maximal reference voluntary  contractions (RVC) [3]. 
 
Signal post processing and analyses were performed using 
custom software written in Matlab (MathWorks, Natick, MA, 
USA). EMG data were linear enveloped (fc = 2.5 Hz) and 
normalized to %RVC. Concentric phases of movement were 
windowed out using kinematic data, and cross correlations 
were performed between all possible combinations of muscle 
pairs. Phase lags at maximum spatial correlation were 
extracted to determine relative timing and sequencing between 
muscle pairs. Phase lag data were entered into one-way 
ANOVA with between factor of LBP group and a significance 
criterion of .05 using SPSS software (IBM, Chicago, IL, 
USA).  
 
RESULTS 
11/13 cases and 4/9 controls had (+) scores on AHAbd Test, 
yielding a sensitivity of 0.85, specificity of 0.56, and 
diagnostic odds ratio of 6.9 for this sample. Controls 
demonstrated a consistent pattern of agonist gluteus medius 
muscle activation prior to stabilizing trunk musculature where 
cases demonstrated the opposite activation strategy. An 
example plot for relative timing between ipsilateral (side of 

moving limb) gluteus medius and contralateral erector spinae 
is shown in Figure 1. 
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Figure 1: Controls activated ipsilateral gluteus medius prior to 
contralateral erector spinae, while LBP cases demonstrated the 
opposite pattern (p < .05). 
 
DISCUSSION AND CONCLUSIONS 
The AHAbd test performed well in discriminating between 
LBP cases and controls. Clear neuromuscular control 
differences were shown between LBP cases and controls 
during AHAbd, however the directionality was opposite to the 
initial hypothesis. The AHAbd test may be a relatively easy 
movement to control for people without LBP, decreasing the 
necessity for a strong anticipatory postural response. LBP 
cases had strong anticipatory trunk muscle activation in an 
attempt to provide lumbopelvic control during hip abduction, 
yet they were unsuccessful as documented by their (+) test 
scores (aberrant lumbopelvic movement). Delayed 
anticipatory postural responses of the trunk have been reported 
with active upper extremity movement (rapid arm elevation) 
[4]. The AHAbd test may require a higher level of effort than 
upper extremity elevation, and is also performed in an 
inherently unstable position, which may explain these 
disparate findings. 
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INTRODUCTION 
 
Full active range of motion (AROM) is frequently used as a 
benchmark to which subsequent trials are normalized as a 
percentage of full range. This assumes that full range is 
obtained, even if the activity is unfamiliar or constrained.  The 
purpose of this study was to analyze AROM obtained for 3 
active movements: hip extension, lumbar extension and 
rotation, comparing unconstrained movements with those 
when the participants were asked to restrict motion to the 
joint/plane of interest.  
 
METHODS  
 
27 healthy males were recruited from a university population. 
Body segment and joint motion data were captured (Vicon 
MX Motion System, Oxford, UK) using 15 reflective markers 
over anatomical landmarks on the thigh, pelvis and trunk. An 
initial calibration pose was collected (standard “t”-pose), 
providing the baseline position of zero degrees.  
 
In a randomized order, participants were asked to perform the 
following: a) lumbar rotation, right and left, while attempting 
to actively minimize associated hip and pelvis rotation; b) 
lumbar rotation, right and left, with unconstrained hips/pelvis; 
c) right hip extension, while attempting to maintain an upright 
torso and right knee extension; d) lumbar extension with no 
constraints on hip or pelvis motion, but minimizing knee 
flexion. All trials took place in upright standing, and were 
repeated twice.  
 
Joint angles were extracted using the “Plug-in-Gait” software 
(Vicon, Oxford, UK). Peak joint angles were calculated; those 
for lumbar rotation represent the summation of both right and 
left rotation. Paired t-tests compared constrained vs. 
unconstrained AROM, with Bonferroni adjustments applied.  
 
RESULTS 
 
No differences were found in average peak hip extension 
angles when active hip extension was compared to active back 
extension (unconstrained) (Figure 1a)(p = 0.138). Correlation 
between the two was low (R2 = 0.28), indicating one method is 
poorly predictive of the other. Peak lumbar extension was 
greater when participants were asked to perform unconstrained 
lumbar extension, compared to active hip extension (p < 
0.001), with R2 values of 0.48. Active lumbar rotation was 
greater when the pelvis was not constrained (Figure 1b) (p < 
0.001), with R2 values of 0.49. Concurrent frontal and sagittal 
motion was also greater, as would be expected with 
unconstrained motion (p < 0.001 and p = 0.002, respectively).  

DISCUSSION AND CONCLUSIONS 
 
It is not possible to predict which method of hip extension 
(actively extending the hip vs the spine) will result in 
maximum hip range. The two methods are the result of 
different mechanisms: the former being mostly a concentric 
activity of the posterior hip/back extensors, whereas the latter 
would involve more co-contraction of the anterior muscles. 
Thus, although researchers may choose between the methods 
based on preferred outcome, it may be advisable to compare 
both to ensure maximum range. 
 
Actively extending the hip resulted in more than 10° of 
concurrent lumbar extension in all but 4 participants. Even so, 
a greater amount of extension was produced when they were 
specifically asked to perform lumbar extension in the majority 
of participants (23 out of 27), making it the protocol of choice. 
 
Lumbar rotation angles were greater when unconstrained. This 
may be due to the associated co-contraction that would ensue 
if asked to minimize pelvis motion, or the unfamiliarity of 
performing such a motion. Concurrent axial and sagittal 
motion would also affect facet joint positioning, potentially 
allowing more rotation to occur. Thus, we see that constrained 
lumbar motion, although sound from a mechanical 
perspective, may not result in maximum AROM.  
 

Figure 1: a) mean peak hip and back extension angles 
obtained using active hip extension and active lumbar 
extension activities. b) mean peak lumbar angles resulting 
from constrained and unconstrained active lumbar rotation. 



INTRODUCTION 
 
The aim of this study was to analyze trunk muscle activity 
during commonly used spine stabilization exercises [1], 
performed in bridging and quadruped positions. Exercises 
were included that required progression from double to 
single leg support strategies. 
 
METHODS  
 
Twenty-nine healthy volunteers from a university population  
performed a series of bridge exercises in 3 positions (front, 
side and back) with and without an elevated leg, as well as a 
quadruped exercise with contralateral arm/leg raise (“bird-
dog”). Side bridge exercises included hip flexion and 
extension of the non-supporting leg. Surface 
electromyography was bilaterally recorded over 4 trunk 
muscles: rectus abdominis (RA), internal oblique (IO), 
external oblique (EO) and erector spinae (ES) during the 
exercises. Electromyographic signals were rectified, 
averaged, and normalized to maximum voluntary isometric 
contractions (% MVC). A 2-way repeated measures analysis 
of variance was performed to compare normalized EMG 
amplitudes between muscles and exercises (Bonferroni post-
hoc analyses were applied where applicable). 
 
RESULTS 
 
Back, front and side bridges mainly activated the ES 
(approx. 17% MVC), RA (approx. 30% MVC) and the 
muscles required to support the lateral moment (lowermost 
IO and EO), respectively (Table 1). Compared with 
conventional bridge exercises, those with single leg support 
produced higher levels of trunk activation, predominantly in 
the oblique muscles.  The bird-dog exercise produced the 
greatest activity in the IO on the side of the elevated arm, 
and ES on the side of the elevated leg.  
 
DISCUSSION AND CONCLUSIONS 
  
Results of this study indicate that, during a bridge exercise 
with double leg support, the most active muscles are those 
that counteract gravity. When the same exercise is performed 
with unilateral leg support, however, the most notable 
increase in activation occurs in the oblique muscles, as they 
are recruited to counteract the associated increase in the 
trunk rotation moment [2]. Specifically, during a back bridge 
with unilateral support, the largest increase was seen in the 
IO on the same side as the elevated leg. Single leg support 

front bridges resulted in the greatest increase in the 
contralateral IO, followed by the ipsilateral EO. Performing 
a side bridge with the uppermost hip flexed resulted in the 
highest muscle activation of all exercises, with the 
lowermost IO averaging a substantial 50% MVC (Table 1). 
During the bird-dog exercises, the IO on the side of the 
raised arm paired with the contralateral EO to stabilize the 
trunk against the rotational torque [2].  
 
This study outlines how various trunk muscles respond to 
well recognized spine stabilization exercises, as well as 
describing the increased challenge associated with exercise 
progressions. Such information allows fitness and 
rehabilitation specialists to optimize exercise programs 
according to the muscular challenge associated with each 
exercise level. 
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Exercise LRA LEO LIO LES 
Back bridge 3.1(2) 3.0(2) 5.5(6) 17.0(6) 
 -L elevated 5.0(4) 6.9(6) 19.1(13) 18.4(7) 
Front bridge 27.6(15) 15.8(8) 18.6(11) 2.6(1) 
 -R elevated 26.9(15) 16.9(9) 28.3(17) 3.5(2) 
L side bridge 16.3(8) 22.9(11) 29.6(17) 16.5(7) 
 -hip flex 18.6(11) 29.1(19) 50.4(38) 17.6(9) 
 -hip ext 19.4(11) 30.8(18) 46.3(33) 18.3(10) 
Bird-dog: R 
arm support 

3.5(3) 6.6(3) 20.2(17) 10.9(4) 

TRUNK MUSCLE ACTIVATION DURING STABILIZATION EXERCISES WITH SINGLE AND DOUBLE 
LEG SUPPORT 

 
María García-Vaquero1, Janice Moreside2, Evaristo Brontons-Gil1, Noelia Peco-González1, Francisco J. Vera-Garcia1 
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Table 1: Average (±SD) muscle activation levels (% MVC) 
of the left sided trunk muscles during assigned exercises.  
Bird-dog exercise has right arm/left leg support. Shaded 
cells indicate significant difference from the corresponding 
muscles on the right side of the body (p < 0.05). 
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LOADING WITH STATIC OPTIMIZATION 
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INTRODUCTION 
 

The severity of knee osteoarthritis has been linked to the 
magnitude of joint loading during walking [1].  We are 
therefore interested in determing how changes to the walking 
motion can reduce the knee joint contact force.  Static 
optimization is a popular method for predicting muscle and 
joint contact forces.  The mechanical properties of muscles 
(e.g. force-length-velocity and fiber-tendon dynamics) are 
usually ignored in static optimization, and the study by 
Anderson and Pandy [2] suggests this assumption is 
reasonable.  However, their study lacked any quantative 
comparisons between model-based muscle force predictions.  
In addition, it is not clear if static optimization is suitable for 
predicting forces in modified gaits, where minimization rules 
suitable for normal walking may not be be optimal.  In vivo 
muscle and joint contact forces are generally unabailable for 
validation, but predictiosn can be compared to internal forces 
from forward dynamics simulations. 
 

Therefore, the purpose of the study was to compare the knee 
joint contact forces predicted by static and dynamic 
optimization, with and without the inclusion of muscle 
mechanical properties, in conditions of (i) normal walking and 
(ii) modified walking to reduce the knee joint contact force. 
 
METHODS 
 

Two predictive simulations of one stride of walking were 
performed using a 2D forward dynamics model [3].  The first 
simulation minimized the metabolic cost, and the second 
minimized the peak axial knee joint contact force.  Static 
optimization was used to resolve the joint moments into 
individual forces for the model’s nine lower limb muscles by 
minimizing a stress-based cost function: 
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where Fi was the muscle force, PCSAi its physiological cross-
sectional area, and n = 2, 3, or 10.  Joint contact forces were 
calculated by subtracing knee muscle forces from the resultant 
joint force and expressed in multiples of bodyweight (bw) 
 

Each static optimization was performed twice, with and 
without muscle activation and contractile dynamics.  Without 
dynamics, the design variables were the muscle forces (Fi), 
bounded to be above zero.  With dynamics: 
(i) Design variables were the muscle activations and 

contractile component lengths. 
(ii) Ranges were restricted based on the previous timestep. 
(iii) Fi was calculated using Hill-based muscle models with 

force-length-velocity and force-extension relationships.   
Root mean squared errors (RMSE) were calculated between 
the joint contact forces from static optimization and forward 
dynamics. 

 
RESULTS 
 

The RMSE of the predicted joint contact force varied from 7-
239 N depending on the cost function and inclusion or 
exclusion of dynamics (Fig. 1).  Including muscular dynamics 
reduced the RMSE for every cost function (average = -140 N, 
or 82% of the RMSE).  Without muscular dynamics, static 
optimization predicted no difference in peak knee joint contact 
forces, while the forward simulations differed by 0.6 bw. 
 
DISCUSSION AND CONCLUSIONS 
 

Contrary to the findings of Anderson and Pandy [2], our 
contact force RMSEs varied by over an order of magnitude 
depending on the inclusion of muscular dynamics.  Predictions 
were comparatively insensitive to the order of the cost 
function.  The traditional approach of minimizing the squared 
or cubed muscle stresses while neglecting muscle activation 
and contractile dynamics may not be the best approach for 
computing the knee joint contact force. 
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Figure 1: Joint contact forces predicted by static optimization 
(σ = stress) compared to forward dynamics (FD).  Left/right 
panels: without/with muscular dynamics.  Top/bottom panels: 
normal/modified walking.  Vertical dashed line is toe-off. 



ANTAGONISM AND THE METABOLIC COST OF SIMULATED HUMAN LOCOMOTION 
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INTRODUCTION 
 

Forward dynamics simulations are often performed using data 
tracking of actual human kinematics and kinetics. Recently we 
reported that a data tracking solution in running produced an 
unrealistically high estimate of metabolic cost [1].  In contrast,  
simulations with various predictive objective functions had 
better metabolic cost estimates but greater tracking error. 
Metabolic cost estimates [2] should be related to the degree of 
antagonist muscle co-activation. With data tracking, such 
antagonism is advantageous because it can more tightly shape 
the resultant joint torque compared to agonistic muscles alone.  
In the predictive approach, antagonism is disadvantageous 
because it can increase the value of effort-related objective 
functions that are to be minimized.  While both data tracking 
and predictive approaches can generate simulations of human 
locomotion with realistic mechanics, it is important to know if 
a simulation predicts realistic antagonism, and to verify the 
effect of antagonism on metabolic cost estimates in forward 
dynamics simulations.   
 

Therefore, our purpose was to assess both data tracking and 
predictive simulation approaches in their tracking errors and 
predictions of antagonistic co-activation and metabolic cost 
during simulated human locomotion.  We also investigated 
alternative data tracking approaches that discourage or restrict 
antagonism.  We expected that increasing antagonism would 
be associated with increases in the simulated metabolic cost of 
the simulation. 
 
METHODS 
 

Simulations of human running were performed using a 2D 
forward dynamics model [1] and compared to experimentally 
measured kinematic, ground reaction force (GRF), EMG, and 
metabolic data from 12 young adult females running at 
3.80±0.50 m/s.  Simulations were generated by optimizing the 
model’s muscle excitations and initial velocities to minimize 
an objective function (J) over the time for one stride: 

 
where CoT is the metabolic cost of transport, calculated 
according to Umberger et al. [2], and εtrack is the average 
deviation between simulated and experimental joint angles and 
GRFs, expressed in multiples of the between-subjects standard 
deviation (SD).  w1 and w2 were weighting factors, and εother 
consisted of penalty functions that encouraged periodic 
kinematics and small passive joint moments.  Optimizations 
were performed for a pure predictive condition (w1/w2 = 
100%/0%), a pure data tracking condition (0%/100%), two 
hybrid conditions (50%/50%, 75%/25%), and a pure tracking 
condition where the muscle excitation timing was restricted to 
be similar to EMG “on/off” data. Antagonism was quantified 
as the sum of muscle activation integrals over times when an 
antagonistic muscle was active. 
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Figure 1.  Metabolic costs, average data tracking errors, and 
antagonism indices for simulations as a function of the 
weight assigned to the tracking error in the objective function.   
 
RESULTS 
 

As the relative weight on the tracking term decreased, 
progressing from pure tracking to pure predictive simulations, 
the CoT decreased and the tracking error increased (Fig. 1).  
The CoT in the pure tracking simulation (9.8 J/m/kg) greatly 
exceeded the human range (4.2±0.9 J/m/kg).  The tracking 
simulations with (i) a heavy penalty on the metabolic cost (w1 
= 75%) or (ii) restricted muscle excitation timing, both had 
CoTs within one SD of the human mean.  The tracking errors 
in the two hybrid solutions (1.3 SD) were only 0.2 SD greater 
than the pure tracking simulation.  Zero-lag cross-correlations 
between the optimal muscle excitations and the EMG linear 
envelopes averaged 0.70±0.34, compared to 0.65±35 for the 
experimental data (i.e. every subject compared to all others). 
 

Antagonism varied among the simulations over a 2.7-fold 
range, while average tracking error varied over a 1.9-fold 
range.  Antagonism expained 87% of the variance in the CoTs. 
 
DISCUSSION AND CONCLUSIONS 
 

Antagonism was an important factor in the metabolic cost of 
simulated human running.  Control approaches centered on 
data tracking can generate realistic metabolic costs as well as 
simultaneously realistic mechanics, provided that high levels 
of antagonism are discouraged through appropriately weighted 
penalties or restricted muscle excitation timing.  Simulation 
studies should consider the metabolic cost as well as the 
mechanics when evaluating simulation accuracy.  
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INTRODUCTION 

Parkinson’s disease (PD) is a progressive 

neurodegenerative disease associated with the loss of 

dopamine producing cells in the basal ganglia. 

Fatigue has been cited as one of the top three most 

debilitating symptoms of PD. PD-related fatigue has 

been described as an “overwhelming feeling of 

tiredness” rather than the reduction in muscular 

performance [1].  Common clinical measures of 

fatigue include psychometric assessments of fatigue, 

such as surveys, and tests that mimic activities of 

daily living such as the 6-minute walk test or the sit-

to-stand test [2].  These tests of physical capacity 

represent maximal exertion over varying periods of 

time from 10 seconds to 6 minutes; however, 

activities of daily living tend to occur at relatively 

low levels of relative effort.  To date, no research has 

been conducted to examine how these clinical 

measures are associated with daily physical activity.  

Therefore, the purpose of this research study is to 

assess the relationship between clinical measures of 

physical capacity and daily physical activity.  It was 

hypothesized that (1) individuals with PD would 

exhibit significantly less daily physical activity and 

(2) that a high correlation would exist between 

clinical measures of physical capacity and daily 

physical activity. 

 

METHODS 

Four individuals with PD (PDF), four healthy older 

adults (OAC) and three healthy younger adults 

(YAC) gave informed consent, then completed a 6-

minute walk test. Participants were then asked to 

perform normal daily activities while wearing an 

ankle-mounted accelerometer (Orthocare 

Innovations, Inc, WA, USA) positioned immediately 

proximal to the lateral malleolus for four days.  

Accelerometer data were extracted and processed 

using StepWatch Analysis Software (3.1.0, Orthocare 

Innovations, WA, USA). Group means for 6-minute 

walk times and daily physical activity were compared 

using Student’s t-tests. Correlations were used to 

assess the relationships between clinical measures of 

fatigue and physical activity in each group. Alpha 

level was set at p < 0.05.  

 

RESULTS 

Discrete data are presented in Table 1. The PDF 

group did not take significantly fewer steps than the 

OAC (p=0.808) or YAC groups (p=0.676).  No 

differences in steps per day were observed between 

the OAC and YAC groups (p=0.366). The YAC 

group walked significantly farther than the PDF 

(p=0.013) or OAC groups (p=0.043) during the 6-

minute walk test.   

 

DISCUSSION 

The three groups exhibited similar quantities of 

physical activity, though a common clinical 

assessment of physical capacity (6-minute walk) 

identified significant differences between the YAC 

group and the OAC and PDF groups. These results 

suggest that the 6-minute walk test does not 

accurately predict daily physical activity.  Previous 

research has also revealed no differences in the 

number of steps taken per day between similar 

groups [3]; however, it demonstrated that individuals 

with PD and older adults achieve these daily step 

totals with smaller accelerations than younger adults. 

The 6-minute walk was less indicative of daily 

physical activity in the OAC group compared to the 

YAC and PDF groups. 

 

REFERENCES 

1. Herlofson, K & Larsen, JP. Eur J Neurol, 

(2002) 9(6): 595-600. 

2. Garber, CE, et al. Med Sci Sports Exerc, 

(2001) 33: S312. 

3. Delavan, JS, et al. Proceedings of the 

Combined Sections Meeting of the American 

Physical Therapy Assocation, 2012. 

 

Group Total Steps 6-Min. Walk Correlation 

YAC 11520 (2395) 781.2 (27.2) 0.961 
OAC 9818 (2140) 576.8 (55.4) 0.310 
PDF 10381 (3887) 472.9 (95.4) 0.716 
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INTRODUCTION 

Parkinson’s disease (PD) is a neuro-degenerative 

disease with wide prevalence and increasing 

incidence.
1
 One of the three most debilitating 

symptoms of PD is fatigue.
2
 Fatigue has been 

characterized as the “overwhelming feeling of 

tiredness” 
3 
and there has been no differentiation 

between fatigability and perceived fatigue within the 

PD population.  Furthermore, no previous research 

has investigated the manifestation of PD related 

fatigue on community ambulation patterns.   

 

Therefore, the purpose of this study was to 

investigate the effect of PD on levels of physical 

activity as measured by walking bout durations.  It 

was hypothesized that old adults would have shorter 

walking bouts compared to young adults and that 

individuals with PD would exhibit shorter walking 

bouts than both the young and old adults. 

   

METHODS 

Four healthy young adults (YAC), four healthy old 

adults (OAC) and four Parkinson’s patients (PDF) 

wore a Stepwatch Activity Monitor (SAM) for a 

period of four days.  SAMs were placed proximal to 

the lateral malleollus and programmed to record steps 

in 10-second intervals.  Walking bouts were defined 

as the period of time in which steps occurred in 

subsequent 10-second intervals.  A walking bout 

ended when no steps were detected in a 10-second 

interval.  Walking bout durations were calculated as 

previously reported.
4
  

 

An analysis of variance and post-hoc t-tests were 

used to assess differences in relative frequency of 

walking bouts between groups. Alpha level was set at 

p<0.05. 

 

RESULTS 

No differences were observed in relative frequency of 

walking bouts between the YAC and OAC. The YAC 

group had significantly greater proportion of walking 

bouts between 2-10 steps than the PDF group 

(p=0.04) while the YAC group had a significantly 

smaller proportion of walking bouts between 50-100 

steps (p=0.02). The OAC group had significantly 

smaller portions of walking bouts between 20-50 

steps (p=0.04) and 50-100 steps (p=0.04) compared 

to the PDF group. Conversely, the OAC group 

exhibited a greater relative walking bout frequency 

between 300-500 steps (p = 0.01) compared to the 

PDF group. 

 

DISCUSSION 

These data demonstrate that a greater percentage of 

walking bouts in healthy young and older adults are 

between two and twenty steps; however, walking 

bouts between 20 and 100 steps have a greater 

contribution to daily locomotion in individuals with 

PD.  It can be postulated that individuals with PD 

take shorter steps and therefore must take a greater 

number of steps per walking bout to locomote a 

similar distance. 
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Percentage of Total Steps Frequency 

Group 2-10 10-20 20-50 50-100 100-200 200-300 300-500 500-1000 

YAC 40.(9.9) 19.8 (2.0) 21.4 (9.0) 9.1 (2.6) 4.0 (0.9) 2.2 (1.4) 1.5 (1.1) 1.2 (0.9) 

OAC 34.9 (4.9) 21.7 (0.2) 23.7 (2.1) 9.7 (0.2) 5.1 (2.7) 1.2 (0.5) 1.6 (0.3) 1.4 (0.5) 

PDF 27.9 (4.7) 21.5 (4.0) 29.5 (3.1) 14.6 (2.8) 4.5 (1.6) 0.9 (0.4) 0.4 (0.4) 0.6 (0.5) 
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INTRODUCTION 

Excessive knee abduction moment (KAM) in a weight bearing 

leg is a well-known biomechanical risk factor of chronic knee 

pain such as patellofemoral pain (PFP) [1]. In previous studies, 

delayed gluteus medius (GMED) onset has been associated 

with PFP [2]. The authors speculated that delayed onset of 

GMED activation possibly contributed to an increased KAM 

in patients with knee pain; however, the influence of GMED 

activation on KAM has not yet been investigated. This study 

aims to investigate the relationship between GMED onset and 

KAM. 

 

METHODS 

To date, two healthy females (25 ± 2.1 yrs; 161 ± 0.7 cm; 56.4 

± 1.3 kg) performed 10 Single Leg Mini Squats (SLMS) on 

each leg. Participants started each SLMS trial from a double 

leg standing position. Lower limb kinematics and ground 

reaction forces were recorded with an 8 camera three 

dimensional motion capture system (F20, VICON Motion 

Systems, CO) and a force platform (OR6-7, AMTI Inc., MA). 

GMED activation was recorded using a telemetered surface 

electromyography (EMG) system (Telemyo, Noraxon Inc., 

AZ). Kinematic data were recorded at a sampling rate of 100 

Hz while force and EMG data were sampled at 2000 Hz.  All 

data were recorded simultaneously.  The KAM was calculated 

using standard inverse dynamics techniques and was 

normalized to body weight. 

 

GMED was considered to be activated when its activity level 

exceeded the mean plus two times the standard deviation of 

the baseline EMG level for at least 30 msec. Mean EMG 

activity during one minute of quiet standing was used as the 

baseline EMG. Anticipatory GMED activation for preventing 

excessive frontal plane knee moment is critical at the time 

when the non-supporting leg leaves the ground [3]; therefore, 

supporting limb GMED onset was measured relative to toe-off 

(TO) of the non-supporting limb. In this study, negative timing 

represents GMED onset before TO.  

 

The KAM of the supporting limb was calculated by taking the 

average value of the frontal plane knee moment occurring 

between TO of the non-supporting limb and when the 

supporting limb knee reached first 10˚ of flexion during the 

downward phase of the SLMS.  

 

 

 

RESULTS 

Participant A activated her GMED after TO, while participant 

B activated her GMED before TO. GMED onset (±SD) in sec 

was 0.187 ± 0.043 for participant A, and -0.250 ± 0.051 for 

participant B. The KAM in Nm / kg (±SD) was 0.015 ± 0.002 

for participant A and 0.011 ± 0.003 for participant B. The 

participant who activated her GMED after TO showed a 32% 

increase in supporting limb KAM compared to the participant 

who activated her GMED before TO. The slower the GMED 

onset was, the greater the KAM was (Figure 1).  

 

 
Figure 1: Supporting limb KAM plotted against the GMED 

onset timing 

 

DISCUSSION & CONCLUSIONS 

To our knowledge, this is the first study to directly examine 

the relationship between GMED onset timing and KAM. The 

results suggest a potential relationship between slower GMED 

activation and higher KAM during the SLMS. This 

preliminary study provides evidence for further investigation 

into the influence of GMED activation on KAM. A study with 

a larger sample size is ongoing. 
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INTRODUCTION 
The purpose of this study was to quantitatively examine, via 
biomechanical analysis, the influence of orthotics on force 
transference in hockey skates. The biomechanical impact of 
orthotics has yet to be analyzed with regards to the skating 
stride. By examining the force application during the skating 
stride, indications can be made as to whether orthotic 
implementation could significantly alter skating performance. 
 
METHODS  
Participants (n=18, 21.3 yrs old (±1.8)) skated across an 
indoor acrylic surface during three orthotic conditions. The 
orthotic inserts were semi-rigid medial-longitudinal arch 
cookies scaled to the participant’s arch height. The orthotic 
conditions included a control (O1-no insert) and two 
experimental conditions; O2-33% of medial longitudinal arch 
height (MLAH) and O3-66% MLAH (Fig. 1). Data was 
recorded at the plantar surface and acrylic surface, using 
pressure sensors and a force plate, respectively. Five skating 
strides were completed for each orthotic. 

	  
Fig. 1 - Medial Longitudinal Arch Inserts  

RESULTS 
A one way repeated measures ANOVA with a priori of p<0.05 
and a Bonferroni post hoc was used to analyze the effect of 
orthotics for each of the testing conditions. During the acrylic 
ice trials, the ratio of plantar force to total ground reaction 
force (tGRF) (or force transference ratio) was significantly 
improved with orthotic condition O3 over O1 (p<0.001) and 
O2 (p<0.001) (O1: 1.33 ± 0.23, O2 1.35 ± 0.19, O3: 1.21 ± 
0.21). Increased kinetic outputs (O1 tGRF impulse: 321.4Ns ± 
50.6, O3: 333.6 ± 62.4), (O1 shear impulse: 101.0 Ns ± 28.9,  

O3: 105.1 ± 30.7) and reduced total maximum plantar forces 
(O1 total: 1438.0 N ± 372.8, O3 total: 1290.6 N ± 278.3) 
(p<0.001) were achieved via altered plantar surface loading 
rates and a reduced medio-lateral center of pressure range (O1: 
11.3 mm ± 4.0, O3:10.0 mm ±3.4). Regional maximum plantar 
forces were also significantly altered as a result of the orthotic 
condition (Fig. 2). O3 typically reduced the maximum plantar 
force at most regions of the foot. 

 
Fig. 2 – Maximum Plantar Force by Region 

DISCUSSION & CONCLUSIONS 
Orthotic condition O3 elicited several significant effects when 
compared to O1 (control). O2 was not different than O1 in 
several categories and did not produce better results than O3, 
potentially due to the small size of the orthotic not being large 
enough to induce an altered plantar pressure interaction or 
support the medial longitudinal arch. Future studies should 
evaluate the effect of the orthotics on the peripheral surfaces 
of the foot, as well as the rearfoot angle to evaluate its relation 
the ground reaction force vector. O3 significantly altered the 
plantar surface interaction of the foot by improving the plantar 
force distribution, reducing the maximum plantar force and 
center of pressure range, resulting in an improvement in the 
force transference ratio. Ultimately, O3 altered the plantar 
surface interaction which facilitated an increase in several 
kinetic outputs over the control condition, O1. With the 
observed changes, the use of orthotic inserts in hockey skates 
has the potential to improve skating performance.

 
Table 1 – Kinetics of the Skating Stride 
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*** ***

1	  – Great	  Toe
2	  – Lateral	  Toes
3	  – 1st MT	  Head
4	  – Med.	  MT	  Heads
5	  – Lat.	  MT	  Heads
6	  – Med.	  Midfoot
7	  – Lat.	  Midfoot
8	  -‐ Med.	  Heel
9	  – Lat.	  Heel

*	  -‐ Sig.	  Dif.	  O1-‐O2
**	  -‐ Sig.	  Dif.	  O1-‐O3
***	  -‐ Sig.	  Dif.	  O2-‐O3

2

3
4

5

6
7

8
9

HSS1	  – Stride:	  Maximum	  Plantar	  Force

Measure Orthotic 1 
(0% MLAH) 

Orthotic 2 
(33% MLAH) 

Orthotic 3 
(66% MLAH) 

P Values 
O1-O2 O1-O3 O2-O3 

Plantar-GRF Ratio 1.33 (0.23) 1.35 (0.19) 1.21 (0.21) 0.959 0.001 0.001 
tGRF Max (BW) 1.50 (0.23) 1.53 (0.24) 1.54 (0.291) 0.965 0.942 1.000 
tGRF Impulse (Ns) 321.4 (50.6) 323.5 (44.7) 333.6 (62.4) 1.000 0.243 0.034 
Shear Max (BW) 0.51 (0.14) 0.49 (0.14) 0.53 (0.15) 0.051 0.327 0.001 
Shear Impulse (Ns) 101.0 (28.9) 97.8 (29.6) 105.1 (30.7) 0.476 0.240 0.009 
Stance Time (ms) 250.6 (74.9) 251.2 (62.1) 240.8 (58.7) 1.000 0.273 0.094 
Max Plantar Force (N) 1438.0 (372.8) 1465.5 (324.8) 1290.6 (278.3) 0.392 0.001 0.001 
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INTRODUCTION 

Older adults (OA) > 65 years of age often display poor 

(dynamic) balance control during locomotion and subsequent 

frequent falls
 
[1]. Approximately 30% of all individuals >65 

years of age fall each year [2]. The percentage of Canadians 

that are >65 years of age is projected to increase to 

approximately 16% by 2016 [3], therefore a significant 

number of individuals. The ability to control stability in the 

medio-lateral direction is of great importance in supporting 

and maintaining balance during locomotion [4]. The 

objective of this study was to determine if static balance 

training using the Nintendo Wii balance board could transfer 

over to improve an individual’s dynamic balance control.  

 

METHODS 

Community-dwelling OA (N = 9, Mage = 68 years) performed 

eight 30-minute balance training sessions using the Nintendo 

Wii balance board over the course of four weeks. Prior to 

and following the balance training, participants performed a 

8m walking task (5m straight + 3m change in direction) to 

assess gait characteristics (i.e. step length, step width, double 

support time, velocity) as well as dynamic stability (COM-

BOS relationship). Gait and balance measurements were 

analysed using an NDI Optotrak Certus camera system (NDI 

Inc., Waterloo, Canada). IRED markers were set-up 

anteriorly and placed on the participants head, trunk, and 

lower limbs. Data was collected at 60 Hz. 

 

RESULTS 

Traditional gait parameters (i.e., step length, step width, 

double support time, velocity and variability of step length 

and width) were calculated during the walking task. 

Dynamic stability (i.e., lateral COM-BOS difference) during 

single support stance was also calculated for the 5m steady-

state walking portion of the walking task. Each dependent 

variable was analyzed using a paired-samples t-test to 

calculate pre- and post-training effects. The results showed 

that velocity and dynamic stability yielded significant 

improvements from pre- to post-training (p<.001) (Figure 1), 

while the remaining gait parameters yielded no significant 

differences (i.e., step length, p=.09; step width, p=.84; 

double support time, p=.83). There was no significant 

change in variability of gait parameters (i.e., step length, 

p=.86; step width, p=.40). In addition to assessing gait 

parameters during the walking task, functional balance 

assessments tested via the Berg Balance Scale (BBS) as  

 

well. As expected, no differences were seen in the BBS 

assessment (p>.05) because this tool is not a valid tool to use 

with this population [5].  

A                                                      B 

 

 

 

 

 

 

 

 

 

Figure 1. Average (SD bars) values for significant findings 

A) Lateral COM-BOS (cm) Stability Margin and B) Velocity 

(cm/s) as a function of time. 

  

DISCUSSION & CONCLUSIONS 

Preliminary findings show that static balance training using a 

video game based system improved velocity and dynamic 

stability. The balance training program was able to increase 

velocity without affecting step length suggesting that an 

increase in cadence in participants contributed to this 

increase in velocity. This finding has great impact on the OA 

community as cadence is usually unchanged as one ages [6]. 

Increased dynamic stability following training was most 

likely due to an increase in COM control and not changes 

due to step width (i.e. p>0.05). This suggests that training 

successfully forced the COM to the edges of the lateral 

border of the BOS. These preliminary findings show that our 

Wii balance training paradigm change healthy OA’s dynamic 

stability, making it less conservative and less stiff. Further 

analysis will look at stability during the turn phase (i.e. 

increased threat) of the walking task and assess stability 

during the step-wide and step-narrow stepping strategies 

when the BOS is altered and stability is challenged.  
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INTRODUCTION 

Muscle performance depends on the geometrical arrangement 

of fascicles and contribution of connective tissue both external 

and internal to the muscle belly. During concentric 

contractions the muscle belly shortens, the pennation angle 

increases and the belly thickness changes as a muscle produces 

force and power. As we age, the muscle structural parameters 

change [1] and this may contribute to the reduction in strength 

and consequent loss of mobility and quality of life. Thus, the 

primary goal of this study was to perform a detailed muscle 

structural (fascicle length, pennation angle, belly  thickenss and 

belly gearing) and functional (ankle torque and power) 

comparison between young adults and seniors to determine the 

differences in muscle structure and links to possible causes of 

deterioration in performance with ageing. The ankle 

plantarflexors, Medial Gastrocnemius (MG) and Lateral 

Gastrocnemius (LG) were tested for this study as these 

perform d ifferently from each other.  

 

METHODS  

The two plantarflexors were tested using ultrasound 

(Echoblaster, 128 EXT-1Z, Telemed) from 10 young adults 

(20-40 years) and 10 seniors (70-85 years) while they 

performed an isovelocity movement on a dynamometer 

(System 3, Biodex). Participants performed maximal 

plantarflexion at four constant velocities (150, 120, 90 and 45 º 

sec
-1

) and torque, position and time were recorded. Muscle 

belly was imaged using ultrasound during the contractions. 

The passive muscle structures were also imaged during 

standing. Ultrasound images were later digitized and the 

structural parameters determined. The changes in fascicle 

lengths, pennation angle and belly thickness during 

contraction were calculated, and the muscle gearing was taken 

as the ratio of the belly  shortening velocity to the fascicle 

shortening velocity. The effect of the measured kinematic 

parameters from the dynamometer on the muscle parameters 

was determined using GLM ANCOVA. Part icipant was a 

random factor and maximum angular velocity was a covariate. 

Effects were considered significant at a level of α=0.05.  All 

results are presented as mean + s.e.m.. 

 

RES ULTS  

During standing, the muscle belly thickness in seniors was 

significantly lower than young adults. During plantarflexion  

contractions of the MG and LG, the muscle tendon unit length 

and belly length decreased. Within the muscle bellies, the 

fascicles shortened and increased in pennation angle. The 

rotation of the fascicles (change in pennation), belly gearing 

and ankle torque were all significantly lower in  seniors  (Figure 

1B, C, D). 

 

DISCUSS ION & CONCLUS IONS 

Muscle atrophies during ageing in a process known as 

sarcopenia. This leads to reduction in muscle size, strength and 

power [2,3] limit ing the functional performance. Atrophy can 

be seen here by the significant reduction in MG and LG belly  

thickness in seniors (Figure 1A). As the individual muscle 

fibres atrophy and decrease in diameter, a reduction in the 

pennation angle would be expected and this was the case for 

both MG and LG. Increased pennation is commonly associated 

with increased rotations of the fascicles during contraction 

which cause an increased gearing [4]. In this study, the 

reduced fascicle rotations in the muscles of seniors resulted in 

the reduced belly gearing (Figure 1B, C). Reduced gearing 

results in the muscle fibres shortening faster and with lower 

force producing potential for a given movement [4]. Thus, it is 

possible that the seniors experience a decrease in performance 

associated with reduced gearing due to atrophy of the muscles.  

 
Medial Gastrocnemius Lateral Gastrocnemius

A

B

C

D

 
Figure 1: Structural parameters during standing (A) and at 

four ankle velocities (B-D) for seniors and young adults. Data 

are represented as mean + s.e.m..  
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THE DEPENDENCE OF AVERAGE 
AND FORCE DIRECTION DURING 
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Introduction: Risk of injury due to overhead work
industrial settings. For instance, it has an odds ratio of 11 for 
rotator cuff tendonitis development [1]. Previous work 
examined quantitative shoulder loading for overhead 
exertions, but has largely ignored exertions
midsagittal plane [2]. This study quantifies shoulder muscular 
activity across hand locations and force directions and 
describes implications of these demands on work 

Methods: 20 females [mean age 23.8 ± 7.13
1.65 ± 0.09 m; weight 64.1 ± 11.2 kg] each 
seated right-handed static force exertions in 
(anterior/posterior, medial/lateral, superior/ inferior) in 14 
locations 15 cm apart in a grid design centered around the 
origin (directly overhead), all at 150cm above the floor
exertions represented 75% of the overhead reach 
a 50th percentile female [3]. Exertions were all
for 7 seconds. Thirteen muscles were monitored 
electromyographic (EMG) signals collected with a 
Telemyo 2400 T G2 telemetered system (Noraxon, Arizona, 
USA). Hand force was collected with an AMTI 6
transducer (MC3A, AMTI, MA, USA) rigidly fixed to
MOTOMAN HP-50 robotic arm (Motoman Robotics 
Division, Yaskawa America, USA). Force was sampled 
synchronously with surface EMG at 1500 Hz using VICON 
Nexus 1.2 software (VICON, Oxford, UK). 
reports results in terms of average total muscular
(summation of all muscle activities divided by 13).

A repeated measures ANOVA with 3 independent factors 
(Force direction, X and Y location) and 2 
interactions was used to assess factors influencing 
total muscular activity (α < 0.05).  

Figure 1. Normalized mean muscle activity of 
X (frontal plane) locations, from 15cm left of the origin to 45cm 

to the right. The origin (0) is the umbilicus.

AVERAGE SHOULDER MUSCULAR ACTIVITY ON HAND 
AND FORCE DIRECTION DURING OVERHEAD EXERTION PERFORMANCE

 
Alan C. Cudlip, Kimberly A. Meszaros, Clark R. Dickerson 

Department of Kinesiology, University of Waterloo, Waterloo, ON 

overhead work pervades 
has an odds ratio of 11 for 

Previous work has 
shoulder loading for overhead 

largely ignored exertions outside the 
shoulder muscular 

and force directions and 
demands on work design. 

7.13 years; height 
each completed 84 

force exertions in 6 directions 
inferior) in 14 

centered around the 
150cm above the floor. These 

exertions represented 75% of the overhead reach capability for 
all 40N and held 

muscles were monitored via surface 
with a Noraxon 

Telemyo 2400 T G2 telemetered system (Noraxon, Arizona, 
an AMTI 6-DOF 

transducer (MC3A, AMTI, MA, USA) rigidly fixed to a 
50 robotic arm (Motoman Robotics 

Division, Yaskawa America, USA). Force was sampled 
synchronously with surface EMG at 1500 Hz using VICON 

VICON, Oxford, UK). This abstract 
reports results in terms of average total muscular activity 
(summation of all muscle activities divided by 13). 

repeated measures ANOVA with 3 independent factors 
(Force direction, X and Y location) and 2 force/direction 

assess factors influencing average 

Results: Exertion location and direction influenced total 
(summation of 13) muscle activity (Fig
variance explained = 75%). 
influenced muscle activity (F=
interaction effects existed for both 
location (F=21, p<0.01).  

Discussion and Conclusions: 
placement are dependent on direction of force application. 
Force application in the posterior direction should be avoided
as much as possible, while pressing inferiorly provides the 
smallest risk of injury to the worker
occurred in average total muscle activity between directions 
when the location in the frontal plane is between 
15cm, but increased variability occur
the origin, with the largest variability appearing in superior
(increase of ~70%) and lateral (decrease of ~60%) exertions
as exertions were farther from the origin
hand positions yielded decreases 
from 12-37%) except in lateral and superior exertions, which 
resulted in increases of ~130% and 
study generated previously unavailable
activity data of shoulder region muscles 
of overhead tasks. Further, it provides
ergonomists and work task designers
alter work elements to intentionally reduce
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[2] Chopp, J.N., Fischer, S.L., and Dickerson, C.R. (2010). 
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Figure 1. Normalized mean muscle activity of 13 muscles across 
locations, from 15cm left of the origin to 45cm 

The origin (0) is the umbilicus. 

Figure 2. Normalized mean muscle activity of 
Y (sagittal plane) locations, from 15cm behind the origin to 

30cm in front. The origin (0) is the umbilicus.
 

HAND LOCATION  
PERFORMANCE 

Exertion location and direction influenced total 
muscle activity (Figures 1 & 2, total 

variance explained = 75%). Force direction strongly 
activity (F=559, p<0.01). Weaker 

both X (F=8, p<0.01) and Y 

 Implications for work 
t are dependent on direction of force application. 

Force application in the posterior direction should be avoided 
, while pressing inferiorly provides the 

to the worker. Minimal change 
occurred in average total muscle activity between directions 
when the location in the frontal plane is between -15cm to 
15cm, but increased variability occurred beyond 15cm from 

with the largest variability appearing in superior 
(increase of ~70%) and lateral (decrease of ~60%) exertions 

from the origin. Increasingly forward 
 in muscle activity (ranging 

lateral and superior exertions, which 
130% and ~80%, respectively. This 

generated previously unavailable submaximal muscular 
muscles during a wide range 
rovides new information to 

ergonomists and work task designers, as they may be able to 
intentionally reduce muscle demands. 

[1] Hagberg, M and Wegman, D.H. (1987) Brit. 

d Dickerson, C.R. (2010). 
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INTRODUCTION 

Muscle performance depends on the geometrical arrangement 

of fascicles and contribution of connective tissue both external 

and internal to the muscle belly. During concentric 

contractions the muscle belly shortens, the pennation angle 

increases and the belly thickness changes as a muscle produces 

force and power. As we age, the muscle structural parameters 

change [1] and this may contribute to the reduction in strength 

and consequent loss of mobility and quality of life. Thus, the 

primary goal of this study was to perform a detailed muscle 

structural (fascicle length, pennation angle, belly  thickenss and 

belly gearing) and functional (ankle torque and power) 

comparison between young adults and seniors to determine the 

differences in muscle structure and links to possible causes of 

deterioration in performance with ageing. The ankle 

plantarflexors, Medial Gastrocnemius (MG) and Lateral 

Gastrocnemius (LG) were tested for this study as these 

perform d ifferently from each other.  

 

METHODS  

The two plantarflexors were tested using ultrasound 

(Echoblaster, 128 EXT-1Z, Telemed) from 10 young adults 

(20-40 years) and 10 seniors (70-85 years) while they 

performed an isovelocity movement on a dynamometer 

(System 3, Biodex). Participants performed maximal 

plantarflexion at four constant velocities (150, 120, 90 and 45 º 

sec
-1

) and torque, position and time were recorded. Muscle 

belly was imaged using ultrasound during the contractions. 

The passive muscle structures were also imaged during 

standing. Ultrasound images were later digitized and the 

structural parameters determined. The changes in fascicle 

lengths, pennation angle and belly thickness during 

contraction were calculated, and the muscle gearing was taken 

as the ratio of the belly  shortening velocity to the fascicle 

shortening velocity. The effect of the measured kinematic 

parameters from the dynamometer on the muscle parameters 

was determined using GLM ANCOVA. Part icipant was a 

random factor and maximum angular velocity was a covariate. 

Effects were considered significant at a level of α=0.05.  All 

results are presented as mean + s.e.m.. 

 

RES ULTS  

During standing, the muscle belly thickness in seniors was 

significantly lower than young adults. During plantarflexion  

contractions of the MG and LG, the muscle tendon unit length 

and belly length decreased. Within the muscle bellies, the 

fascicles shortened and increased in pennation angle. The 

rotation of the fascicles (change in pennation), belly gearing 

and ankle torque were all significantly lower in  seniors  (Figure 

1B, C, D). 

 

DISCUSS ION & CONCLUS IONS 

Muscle atrophies during ageing in a process known as 

sarcopenia. This leads to reduction in muscle size, strength and 

power [2, 3] limit ing the functional performance. Atrophy can 

be seen here by the significant reduction in MG and LG belly  

thickness in seniors (Figure 1A). As the individual muscle 

fibres atrophy and decrease in diameter, a reduction in the 

pennation angle would be expected and this was the case for 

both MG and LG. Increased pennation is commonly associated 

with increased rotations of the fascicles during contraction 

which cause an increased gearing [4]. In this study, the 

reduced fascicle rotations in the muscles of seniors resulted in 

the reduced belly gearing (Figure 1B, C). Reduced gearing 

results in the muscle fibres shortening faster and with lower 

force producing potential for a given movement [4]. Thus, it is 

possible that the seniors experience a decrease in performance 

associated with reduced gearing due to atrophy of the muscles.  
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Figure 1: Structural parameters during standing (A) and at 

four ankle velocities (B-D) for seniors and young adults. Data 

are represented as mean + s.e.m..  
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INTRODUCTION 

Glenohumeral stability, defined as humeral head translations, 

is a key point after shoulder arthroplasty. Indeed this 

parameter is one of the determining factors in the glenoid 

loosening since linked with the rocking horse effect [1]. 

In an intact shoulder, translations are controled by all active 

and passive elements, especially the labrum [2]. In a prosthetic 

shoulder, translations are influenced by 2 features. The first is 

the surface congruence (also named conformity or mismatch) 

defined as the difference of curvature between the prosthetic 

head and glenoid ; the second is the surface constraints linked 

with the glenoid prosthetic shape.  

The objective of this study was also to compare biomechanical 

results of 2 glenoid components (Ceraver, Roissy, France): (1) 

a standard design and (2) a design named “labrum design” 

with a superior part simulating the anatomic labrum. 

 

METHODS  

An experimental device was developed to evaluate deltoid 

forces and kinematics. It simulates active, dynamic and 

continuous abduction of an entire arm. It reproduces the 

Scapulo-Humeral Rhythm. Two coordinate systems were 

created to evaluate the humeral head translations relative to the 

glenoid. A reproducibility protocol was performed on one 

intact specimen. The evaluated parameters in terms of means, 

standard deviation (SD) and Intra- and Inter-Class Coefficients 

(ICC) were the kinematics and the deltoid forces during 

abduction. 

Five specimens were used to study the effect of the glenoid 

implant on the glenohumeral stability. The labrum design was 

installed first. To evaluate the effect of mismatch on the 

stability, 3 humeral heads were tested, corresponding to the 

ones recommended by the company and based on a previous 

study (5mm to 10mm) [3]. The experiment was repeated for 

the standard design 

 
RESULTS 

The mean of maximal deltoid force was 360N with 10N SD. 

The mean of abduction was 77° with 2° SD. The maximal 

antero-posterior translations were 2.2mm with 0.41mm SD 

and maximal Inferior-Superior translations were 7.5mm with 

0.3mm SD. All ICC were higher than 0.9, except for AP 

displacement (ICC = 0.70). 

The study of the mismatch on the stability showed that largest 

displacements were associated with biggest mismatches. 

Nevertheless, differences between series were too small to 

conclude on the clinical effect of mismatch. 

Figure 1 shows the pattern of the prosthetic head 

displacements for both standard and labrum glenoid designs 

for one specimen. This confirms the effect of the artificial 

labrum on stability, by decreasing the displacement and/or 

centring the prosthetic head with respect to the glenoid 

component. 

 
Figure 1: Pattern of prosthetic head translations relative to the 

glenoid for both standard and labrum designs. The 

displacement took place from bottom to top as a function of 

abduction cycles. 

 

DISCUSSION & CONCLUSIONS 

A new experimental setup developed for shoulder 

biomechanics studies was used to conduct a proof of concept 

of the labrum design effect. The results showed that 

glenohumeral stability is influenced by the surface constraints, 

i.e. the glenoid shape and especially the artificial labrum.  

Although other studies concluded on the effect of mismatch on 

the stability [4], no clinical effect was found in our study. 

However, it must be noted that other studies tested smaller 

mismatches (0mm to 6mm) than ours. 

We could conclude that the artificial labrum can reduce the 

glenoid loosening risk by decreasing the humeral head 

translations and also the rocking horse effect. 

The main limitation of this study is associated with the in vitro 

study and simulation of only abduction movements. 
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INTRODUCTION 
In musculoskeletal models of the cervical spine, the most 
common method for modeling muscles is straight paths from 
origin to insertion [1]. However, muscle paths in the neck are 
constrained by bone and other soft tissues, and some studies 
have found that applying curvature to muscle paths improves 
anatomical accuracy [2; 3] and affects muscle parameters such 
as moment arm [3] and moment [4]. Currently, data available 
in the literature for neck muscle moment arms (MA) is sparse. 
In this study we estimated in-vivo MAs of MRI-derived neck 
muscle paths modeled with curvature and those modeled as 
straight paths for head rotation in the sagittal plane. We 
hypothesize that MA estimates for curved paths will be 
significantly different from estimates for straight paths. 
METHODS 
Subject-specific cervical spine musculoskeletal models of two 
approximate 50th percentile males were created from 5 static 
magnetic resonance image (MRI)  postures to develop 
kinematically functional models from approximately 30° head 
flexion to 30° extension. Fifteen muscle pairs were modeled 
using the centroid (anatomic) path derived from consecutive 
cross-sectional areas on MRIs (Fig. 1A). Both straight and 
curved paths were modeled for each muscle. Straight paths 
were modeled using a straight line connecting the first and last 
centroid points (Fig. 1B).  

 
Figure 1: Subject-specific model in neutral posture with; A: Centroid 
muscle paths, B: Straight muscle paths, C: Moving muscle paths. 

Curved paths were modeled using piece-wise linear paths with 
straight line segments connecting consecutive moving muscle 
points (MMP) that were linked to each vertebral body (Fig. 
1C). A MMP was defined as the intersection of the mid-plane 
of each vertebral body with the smoothed centroid path [2]. 
The MMPs were determined for all vertebral bodies that 
intersected the centroid muscle path for all 5 postures. 
Positions of each MMP in the 5 static postures were plotted 
versus head angle and fit with a cubic polynomial to describe 
its position through the full range of head rotation. Moment 
arms were estimated for both curved and straight paths using 
the tendon excursion (TE) method. Tendon excursion MAs 
were estimated as the change in muscle length with respect to 
change in joint rotation for both curved and straight paths in 
SIMM (Software for Interactive Musculoskeletal Modeling; 
Santa Rosa, CA). Estimates of curved and straight paths were 
compared using a paired t-test at 2.5° increments from 20° 
flexion to 20° extension for both subjects. 

RESULTS 
Moment arm estimates of curved and straight muscle paths 
were found to be significantly different (p<0.05, paired t-test) 
for 12 of 15 muscles: infrahyoids, sternocleidomastoid (SCM) 
– sternal head, levator scapula, longissimus capitis and 
cervicis, longus colli, scalenus medius and posterior, 
semispinalis capitis and cervicis, and splenius capitis and 
cervicis. The clavicular head of the SCM, longus capitis and 
scalenus anterior did not have significant differences in MAs 
for straight and curved paths, because the modeled curved and 
straight paths were similar [2]. Concavely curved muscles that 
were constrained by overlying tissue, such as those in the 
posterior part of the neck (semispinalis capitis and cervicis, 
splenius capitis and cervicis, and longissimus capitis and 
cervicis) tended to have smaller MAs when modeled as curved 
paths versus straight. Figure 2 displays MA estimates of the 
semispinalis capitis through flexion and extension; the straight 
path MA estimates are significantly larger than the curved. 

 
Figure 2: Semispinalis capitis MAs for straight (dash) and curved (solid) 
paths through flexion/extension for subject 1 (orange/light) and subject 2 
(blue/dark). 

DISCUSSION & CONCLUSIONS 
In this study we calculated in-vivo MAs and hypothesized that 
estimates of curved paths would be significantly different from 
estimates of straight paths. The data support this hypothesis 
for muscles with large natural curvature; those with anatomic 
muscle paths that deviated the most from the straight path [2]. 
Modeling these muscles with straight paths could potentially 
lead to overestimation of total neck moment in the 
musculoskeletal models. 
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Figure 1: A taste of the method. The biomechanical model (a)
has a rigid bone and softer muscle and fat, as seen in the volu-
metric stiffness map (b). Our method can simulate it using only
three moving frames and ten integration points (c), running at
500 Hz on an ordinary PC. The frame placement is automati-
cally generated using a novel compliance-scaled distance (d).
Observe that when one side of the meat is pulled (e), the bone
remains rigid and the two meaty parts are correctly decoupled.
Interactive simulations of complex models (f) are achieved at
20 Hz.

1 INTRODUCTION
Contiuous media mechanics is essential in biomechanics for
simulating the behavior of soft objects. The classical approach
is the Finite Element Method (FEM) framework, where the de-
grees of freedom of the discretized model are the vertices of a
mesh. A relatively fine mesh is required to capture common
deformations such as torsion, leading to expensive simulations.
Meshing issues such as guaranteeing the geometric quality of
elements while meeting boundary constraints remain open re-
search problems. Meshless methods obviate the need to main-
tain mesh topology, however the particle-based methods pro-
posed so far are also based on dense clouds not very different
from the vertices of an FEM mesh. Moreover, most of the work
so far has focused on objects made of a single, homogeneous
material. However, many real-world objects, including biolog-

ical structures, are composed of heterogeneous material. The
simulation of such complex objects using the currently avail-
able techniques requires a high resolution spatial discretization
to resolve the variations of material parameters.

Consequently, the realistic simulation of biological objects
has remained a highly compute-intensive task, precluding ap-
plications where fast computation times are necessary, such
as interactive simulations, or the solution of complex inverse
problems. We tackle this challenge using a new type of de-
formable model which combines the realism of physically
based continuum mechanics models and the usability of com-
puter animation methods, allowing the interactive simulation
of objects with heterogeneous material properties and complex
geometries.

2 METHODS
The degrees of freedom of our model are coordinate frames
which move in reaction to internal body forces [2]. Their distri-
bution can be imposed to finely control the deformation modes,
or automatically computed based on material properties. The
deformation gradient and its derivatives are computed at each
sample point of a deformed object and used in the equations of
Lagrangian mechanics to achieve physical realism. We intro-
duce novel material-aware shape functions in place of the tra-
ditional radial basis functions used in meshless frameworks, al-
lowing coarse deformation functions to efficiently resolve non-
uniform stiffnesses [1].

3 RESULTS
Complex models can thus be simulated at high frame rates us-
ing a small number of control nodes, as illustrated in Figure 1,
and precision has been validated against traditional FEM.
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INTRODUCTION 
Fluid pressurization in articular cartilage and meniscus has 

been successfully modelled in recent 3D knee models. Due to 

computational cost and convergence difficulties, these studies 

were limited to small deformations. The long term goal of the 

current study is to investigate the fluid pressurization under 

physiological loading and boundary conditions. Our small 

deformation results suggested that the cartilaginous tissues 

should be modeled as fibril-reinforced porous materials. 

Therefore, in the present work, the quasi-linear viscoleasticity 
(QLV) theory is used to define the constitutive behaviour of 

the fibers undergoing large deformation. A user defined 

FORTRAN subroutine, UMAT, was incorporated in 

ABAQUS for this purpose. 

 

METHODS  
The fibrillar stress can be expressed by the QLV model as: 
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S is the second Piola-Kirchhoff stress, G is the 

reduced relaxation function and eS is the elastic stress. g
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and F  is the deformation gradient. An exponential form was 

used for the elastic stress response, eS . The non-fibrillar 

matrix was assumed as Kirchhoff material: 
ggm EES µλ 2)(tr +=             (3) 

where mS  is the second Piola-Kirchhoff stress in the non-

fibrillar matrix and λ and µ  are the Lame's constants. The 

numerical form of the tissue stress was implemented in a user 

subroutine UMAT using FORTRAN. As the first step, a 3D 

finite element (FE) model of the knee including the femur, 

tibia, femoral cartilage and tibial cartilages was considered. 

The FE software ABAQUS v6.11-1 was used for the 

simulations. Four layers of hexahedral quadratic elements 

were used to mesh the femoral and tibial cartilages. The tibial 

cartilages were tied to the femoral cartilage. Fluid exudation 
was permitted from the free surfaces of the femoral cartilage 

and through the thickness of the tibial and femoral cartilages. 

The geometrical nonlinearities were considered using the 

NLGEOM option in ABAQUS. A relaxation protocol of 

0.3mm compression was applied to the femur in one second. 

Four different models were considered: 1) porous cartilages 

with no fibril-reinforcement, 2) fibril-reinforced porous 

cartilages, 3) non-porous (elastic) cartilages with no fibril-

reinforcement with an equivalent modulus and nearly 

incompressible, and 4) fibril-reinforced, elastic cartilages. 

 
Figure 1: a) maximum of the First Principal Stress (KPa) in 

femoral cartilage for different models, b) maximum fluid 

pressure (KPa) in femoral cartilage using porous models. 

 

RESULTS 
The maximum of the First Principal Stress (Fig. 1a) in the 

porous model without fibril-reinforcement decreased very 

slowly: about 2.8% after 50s. The fibril-reinforced porous 
model, however, exhibited a 

strong relaxation: about 35% 

decrease in stress. As 

expected, the elastic model 

with no fibril-reinforcement 

yielded a constant stress 

during the relaxation. The 

fibril-reinforced elastic 

model showed a moderate 

relaxation when the whole 

viscoelastic terms of eq. (1) 

were considered (Fig. 2). The 

relaxation phenomenon was clearly seen in the obtained fluid 

pressure in the fibril-reinforced model, while the model 

without fibers showed a very slow relaxation (Fig. 1b).  

 

DISCUSSION 
The large deformation viscoelasticity of collagen fibers was 

implemented into a 3D knee model using UMAT in 
ABAQUS. The comparison between the four different models 

demonstrated that a fibril-reinforced porous model predicts the 

stress relaxation phenomenon much better than the other 

models. This confirms our previous results using small 

deformation theory. The predicted fluid pressure using a fibril-

reinforced model was considerably higher than the porous 

model without fibers (Fig. 1b), which further supports the role 

of collagen fibers in a knee model. The presented model can 

be used to predict the time-dependent response of the knee, 

which cannot be obtained using the available elastic models. 
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INTRODUCTION 

When a muscle shortens it must increase in transverse cross-

sectional area in order to minimize any changes in volume. 

This increase in cross-sectional area may occur as a bulging in 

depth or in width. Pennate muscles have structural 

asymmetries due to the nature of the pennation, and thus may 

have asymmetries between the bulging in depth or width. 

Muscle depth can be considered as the distance between the 

aponeuroses. Increases in the muscle depth cause increases to 

the fascicle pennation, and this reduces the fascicle shortening 

velocity and increases the potential for force generation and 

the gearing of the fascicles. The medial and lateral heads of 

the gastrocnemius show different bulging characteristics 

during contraction [1,2], and this may be reflected in 

differences in gearing.  

 

As the muscles bulge they change shape, and similarly their 

fascicles become curved as force and intramuscular pressure is 

developed. Most architectural studies have assumed that the 

fascicles follow straight paths, however, some ultrasound 

studies have quantified curvatures within the contracting 

fascicles [3]. 2D modelling studies have predicted that some 

fascicles may follow more complex curves and actually be S-

shaped [4]. Recent 2D ultrasound studies have confirmed such 

predictions [5]. However, if muscles bulge in width then the 

trajectories of the fascicles may follow complex 3D paths. The 

purpose of this study was to characterize bulging of the muscle 

and fascicles in the third dimension. 

 

METHODS  

The medial (MG) and lateral (LG) gastrocnemii were imaged 

using B-mode ultrasound for (1) 2D measures during isometric 

and isovelocity contractions on a dynamometer, and (2) 3D 

maps of the fascicles using 3D optical tracking markers 

attached to the ultrasound probe, scanning in water immersion 

and 3D image reconstruction techniques [6]. 3D vector fields 

described the fascicle orientations within the muscles, and 

fascicle curvatures were tracked in 3D using methods similar 

to previous 2D methods [5]. Fascicle curvatures were 

quantified for local regions within the muscle by their 

curvature magnitude, and the direction of the normals to the 

curve were described by their polar angles.   

 

RESULTS  

During plantarflexion the muscles shortened, but the MG 

decreased in thickness whilst the LG increased (Fig. 1A). 

Certainly for the case of the MG the muscle must have bulged 

in a width-wise direction to maintain constant volume during 

its shortening. During the isometric contractions, 2D images of 

the fascicles in the middle of the muscle belly showed S-

shaped curvatures (Fig. 1B) with the magnitude of the 

curvatures increasing with contraction level. The 3D measures 

showed that the fascicles were arranged in sheets that bulged 

in the width-wise direction, and the fascicles followed curved 

trajectories across these curved sheets. 

 
DISCUSSION AND CONCLUSIONS 

Changes in the muscle thickness and width are substantial and 

muscle-specific, and will contribute to force development and 

thus muscle function. Fascicles curve during contraction, and 

these curves follow 3D trajectories with the fascicle paths 

forming partial helices (Fig. 1C: fascicle illustrated by blue 

line, normals to curve shown by red arrows). 2D slices through 

these 3D geometries can result in S-shaped projections of the 

fascicle segments, and so the 2D and 3D imaging results are 

self-consistent. The 3D partial helix trajectories of the 

fascicles affect the distribution of intramuscular pressure and 

the structural mechanics. Muscle bulging should not be 

ignored when modelling muscle contractions.  
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INTRODUCTION 
Investigations of motion variability have been used in previous 
research as a means of assessing functional characteristics of 
the neuromotor system [1]. Previously, motor variability has 
been viewed as the result of system noise, which the motor 
system should minimize for optimal performance [1]. More 
recently, greater variability has been viewed as an increased 
ability to adapt to environmental or task constraints, though 
excessively high or low variability may indicate system 
dysfunction [1,3]. Furthermore, decreased variability may 
contribute to overuse injuries, resulting from greater localized 
stress on anatomical structures [1,3]. Kinetic variability may 
therefore be worthy of stronger consideration, regarding injury 
potential [2]. The purpose of this study was to explore the 
effects of walking speed and footwear on kinetic variability in 
males. As a result, three casual shoes with differing midsole 
hardness were tested at two contrasting speeds. 
 
METHODS 
Participants included 5 male volunteers (age 25.4±3.4 yr; 
height 175.3±6.8cm; and mass 82.3±12.2kg). Participant 
informed consent was obtained as approved by the Office of 
Research Integrity at the affiliated institution prior to 
participation.  
 
Three casual walking shoes, differing on midsole hardness, 
were selected for evaluation. Mechanical impact test data were 
acquired (Exeter; Brentwood, NH) for four sizes of each of the 
walking shoes, following the ASTM standard F-1614 protocol. 
Dependent variables included: peak force, acceleration and 
time, pressure and time, penetration and time, velocity, and 
energy return.  
 
Kinetic variability was explored in walking for each of the 
three shoes at preferred (1.41±0.01m/s) and fast walking 
speeds (2.14±0.02m/s). Kinetic data were acquired during the 
stance phase of gait (5 trials per condition) via a Kistler force 
platform (Model # 9281C; 480Hz). Variability was expressed 
for 12 dependent variables via coefficient of variation (CV), 
including: first and second maxima (vertical force), minimum 
vertical force (during midstance), maximum breaking and 
propulsive forces, kinetic variable temporal locations, 
transition time (braking to propulsion), and overall stance time.  
 
Impact test data were evaluated via one-way ANOVAs. 
Kinetic variability was examined using 2x3 (walking speed x 
shoe type) factorial repeated-measures ANOVAs for each 
kinetic variable. Omnibus F probability was set at α=0.05. 
Sidak post-hoc contrasts were conducted, as appropriate.  
 
RESULTS 
Impact test results identified significant differences among 
shoes for peak force, F(2,9)=72.03, p<.001, acceleration 

F(2,9)=72.09, p<.001,  peak acceleration time, F(2,9)=7.68, 
p=.011, peak pressure F(2,9)=72.03, p<.001, peak penetration 
time, F(2,9)=7.022, p=.015, and energy return, F(2,9)=11.52, 
p=.003, suggesting differences among footwear.  
 
Walk testing revealed no significant shoe x speed interaction 
or shoe main effect. Significant differences in variability were 
observed for walking speed for selected variables (Table 1).  
 
Table 1: Kinetic Variability Differences 
Variable CV (mean ± std. dev.) F df Sig. η2 

slow fast 
F1  speed 2.6±0.3 9.72±1.8 14.18 (1,4) .020 .78 
Fmin speed 4.6±0.7 15.0±3.2 14.73 (1,4) .018 .79 
Note: F1 = first maximum vertical force; Fmin = minimum 
vertical force during midstance 
 
DISCUSSION & CONCLUSIONS 
The results of the present study suggest that shoe hardness did 
not influence kinetic variability when walking. Variability was, 
however, influenced by walking speed (preferred vs. fast), 
where faster walking speed resulted in greater kinetic 
variability during the first half of the support phase. Previous 
research has indicated that overuse injuries may be more likely 
in conditions of decreased performance variability, where 
greater system demands reduce the dynamical degrees of 
freedom, in turn decreasing kinematic and kinetic variability 
[1,2,3]. It has been suggested that preferred walking speed is 
less constrained and more readily adaptable, allowing greater 
variability, while non-preferred speeds may result in biological 
stress [1]. Participants in this study demonstrated decreased 
variability at preferred walking speed implying that the faster 
walking speed was more readily adaptable. Overall, changes in 
walking speed altered kinetic variability in males, though 
changing midsole properties among shoes, does not appear to 
influence kinetic variability. Future research is needed to 
examine kinetic variability among other populations and speed, 
for more varied footwear, over a wider range of gait speeds.  
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INTRODUCTION 

WBV training machines have been largely used for 

rehabilitation or performance purpose. The effects of WBV 

machines on human body are still unclear with controversial 

results in the literature. Since cutaneous feedback from the feet 

is important for maintaining posture and balance control, the 

goal of this study was to investigate the response from 

mechanoreceptors for touch-pressure of the glabrous skin in 

response to a WBV session of 10 minutes of exposure.  

 

METHODS  

10 male and 10 female healthy subjects mean age of 25.3 

(±2.6) years were invited to the Human Performance 

Laboratory of the University of Calgary for the measurements. 

None of them was used to train on vibration platforms. All 

procedures were in accordance with the Ethical Comitee of 

University of Calgary, protocol number 24334. 

WBV training was performed for 10 minutes on a vibration 

plattform (TBS100A, Total Image Fitness, Inc.). The 

parameters settings (42Hz, 2mm amplitude and spiral mode) 

for the WBV exposure were chosen where people felt the 

highest sensation in lower leg and feet (determined with a pilot 

study prior to the experiment). Subjects were standing bare 

feet on a 3mm EVA foam with straight legs in an upright 

position. 

Pressure sensation was measured before the WBV exposure 

and 4 times after the WBV (immediately after, 1, 2 and 3 

hours after the end of the WBY session). Pressure sensation 

was determined with Touch-Test™ 20 Piece Kit Semmes 

Weinstein monofilaments (58011, Stoelting Co.). The 

sensation was measured in 5 anatomical regions of the right 

foot (heel, medial arch, 1
st
 and 5

th
 metatarsal head and hallux). 

The filaments were numbered such that each number was 

equal to the log10 (10x F[mg]). A modified 4, 2, 1 stepping 

algorithm [1], was used as a protocol. Furthermore, the 

temperature of the foot was measure before each 

measurement.  

Means and SE were calculated and the data were normalized 

to the control condition. Data were tested for normal 

distribution with Lilliefors test. Significance was determined 

with the Wilcoxon test due to the non-parametrical 

characteristics of the touch-pressure sensitivity data. The 

significance level of α=0.05 was Bonferroni corrected to 

αb=0.05/5= 0.01. 

A half-life recovery time was calculated through an 

exponential regression line. Half-life was called the duration 

after the WBV in order to increase the sensation half way to 

the before condition.  

 

RESULTS 

The results for touch-pressure sensitivity showed a 

significantly decrease of the sensation directly after WBV. 4 

regions (all except to the medial arch) remained reduced also 1 

hour after WBV. Two and three hours after the WBV only the 

heel continued significantly different. The increase in force 

that had to be applied in order to feel the pressure increase was 

about 2 times from the baseline (control condition). 

The half-life was below one hour for 3 regions of the foot 

Table 1). For the heel the half-life was 1.8 hour and for the 

hallux 1.5 hour. 

 
 

Figure 1: Recovery time after 10 minutes WBV exposure for 

5 anatomical regions of the foot. * αb= 0.01 

 

DISCUSSION & CONCLUSIONS 

Our findings showed a reduction for touch-pressure sensitivity 

after a short-term exposition to WBV that is for the 1
st
 

metatarsal head in agreement with the literature [2].  

In addition to the existing literature we also recorded the 

recovery time for all five regions measured on the foot. In 

therapeutic interventions, when a hypersensitivity of the foot 

affects the exercise session because of pain, a reduction of 

sensitivity might be helpful. With the recovery time it might 

be possible to estimate the time window a therapeutic 

intervention can last. 
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Table 1: Half life recovery time [h] after 10 minutes WBV for 5 regions of the foot (Heel, 1
st
 (I MET) and 5

th
 (V MET) metatarsal 

head, medial arch (MED) and Hallux). 
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INTRODUCTION 
 
Over 90% of hip fractures in older adults are caused by falls 
[1]. Risk for hip fracture increases 6-fold by falling sideways 
[2], and 30-fold by landing on the hip [3]. Yet there is lack of 
objective evidence on the factors separating falls that result in 
hip impact, from those that do not. This is a major barrier to 
prevention.  
 
In the current study, we collected video footage of real-life 
falls in older adults, captured by networks of digital video 
cameras in two long-term care (LTC) facilities, and analyzed 
these video data to determine the frequency and mechanisms 
that contribute to hip impact during falls. We hypothesized 
that risk for hip impact would depend on fall direction (being 
higher in sideways falls than falls in other directions). We also 
hypothesized that protective responses (such as hand impact) 
would decrease risk for hip impact. 
 
METHODS  
 
Over a 39 month period, we video-captured 219 real-life falls 
experienced by 130 residents in two long-term care (LTC) 
facilities in the Vancouver area. All falls occurred in common 
areas of the facilities. Each video was analyzed by a team 
using a validated, structured questionnaire to determine 
whether impact occurred to the hip or hand, the cause of 
imbalance, the fall direction just after imbalance and at 
landing, and attempts to recover balance by stepping or 
grasping. These data were input with age and gender to a 
generalized linear statistical model to determine the factors 
that associated with the probability of hip impact. 
 
RESULTS 
 
Hip impact occurred in 48% of falls. Risk for hip impact was 
influenced by initial fall direction (p≤0.001), being higher in 
forward and sideways falls (probability = 0.61 and 0.71, 
respectively) than in backward or straight down falls 
(probability= 0.32 and 0.33). Risk for hip impact also 
associated with landing configuration (p≤0.001), being higher 
in sideways configurations (probability=0.95) than forward or 
backward (probability= 0.0 and 0.38). 33% of falls initially 
directed forward resulted in a sideways landing configuration, 
and 36% of falls initially directed sideways ended in a 
backward landing configuration (Figure 1). 
 
Impact to the hands or knees did not decrease the risk for hip 
impact. Furthermore, risk for hip impact did not associate with 

 
age, gender, cause of imbalance, and attempts to recover 
balance by stepping or grasping. 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
Figure 1: Video-captured falls in older adults residing in LTC 
facilities. A) The resident lost balance by “tripping”. She 
initially fell forward but landed sideways, impacting her hip. 
(B) The resident lost balance due to “leg collapse”. He fell 
backwards but landed sideways, impacting his hip. (C) The 
resident lost balance due to “incorrect transfer”. She fell 
sideways but landed backwards, avoiding an impact to her hip. 
 
DISCUSSION & CONCLUSIONS 
 
We analyzed video footage of real-life falls experienced by 
older adults in LTC, and found that hip impact was equally 
likely in falls initially directed forward as sideways. This was 
due to the tendency for axial rotation of the body in the 
backward direction during descent, causing forward falls to 
result in a sideways landing configuration, and sideways falls 
to result in a backward landing configuration. Risk for hip 
impact was lowest in falls that were initially directed 
backward or straight down. Impact to the hand did not reduce 
risk for hip impact. Furthermore, risk for hip impact did not 
depend on age, gender, cause of imbalance, and attempts to 
recover balance. These results should contribute to 
improvements in risk assessment and exercise-based strategies 
to reduce risk for hip fracture in older adults. 
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INTRODUCTION 
The thumb is being used now more than ever for 
accomplishing one-handed tasks on mobile devices. Previous 
studies have found that thumb performance varies for different 
key locations and tapping conditions [2]. Determining how 
these variations change with posture can lead to new design 
guidelines that are based on users' physical capabilities to 
promote performance. The aim of this study was to determine 
if thumb/wrist posture is associated with motor performance 
across different key locations during single-handed phone use. 
 
METHODS 
A repeated measures laboratory experiment of 10 right-handed 
participants measured thumb 3D kinematics using an active-
marker motion capture system (Optotrak Certus, Northern 
Digital Inc., Waterloo, Canada) during reciprocal tapping 
tasks between two key locations on a common phone.  Thumb 
joint angles were measured for each tap for different 
combinations of key location, proximity and trajectory 
orientation. Fitts' index of effective performance was 
calculated as a function of the speed and precision of the 
thumb tip for each tap [3]. Motor performance and joint angles 
were averaged across taps and participants for 12 target key 
locations (Figure 1a). 
 
To test the hypothesis that thumb motor performance varied 
across different key locations we employed a mixed ANOVA 
model with participant as a random effect and key location as 
the fixed effect. To test the hypothesis that thumb motor 
performance varied with posture, we fit mixed univariate 
regression models for each posture metric with motor 
performance as the outcome. All statistical analyses were run 
using JMP Software (SAS Institute, Cary, NC). 
 
RESULTS  
Thumb motor performance was significantly associated with 
key location (Table 1) and with several of the thumb posture 
metrics, the most significant of the posture metrics being 
interphalangeal (IP) joint flexion (Figure 1b; p < 0.0001). 
Motor performance was best for straighter thumb postures 
such as when tapping on keys along the top right/bottom left 
diagonal of the phone, and was poorest when the thumb was 

very flexed such as when tapping on keys in the bottom right 
corner of the phone. 
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Figure 1: (a) Key locations on the phone (Apple iPhone 3®) 
(b) Linear association between motor performance (bits/sec) 
and interphalangeal (IP) joint flexion (deg) across 12 different 
key locations. 
 
DISCUSSION & CONCLUSIONS 
Poor motor performance appeared to be driven by extreme 
thumb joint flexion. When the IP joint approached its limit in 
flexion, passive joint forces are greater [3], which might 
increase the motor control required to accomplish the tap. 
Designers wanting to promote user motor performance and 
reduce extreme postures should avoid placing commonly used 
functions or keys in the bottom right corner of the phone for 
right-handed users and instead place keys in locations that 
promote a straighter thumb posture. 
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Table 1: Thumb motor performance (bits/sec) for each key location meaned across trials and averaged across participants (SD). The 
table layout is congruent with the relative layout of keys on the phone.   
 

Keys 1, 2, 3 11.8(2.4)A,B,C,D   11.5(2.0)C,D 13.1(1.9)A 
Keys 4, 5, 6 12.4(2.3)A,B,C,D 12.0(2.1)A,B,C,D 12.9(2.4)A 
Keys 7, 8, 9   12.6(2.6)A,B,C 12.1(2.4)A,B,C,D   11.5(2.7)C,D 
Keys 10, 11, 12    11.7(2.0)B,C,D 11.9(1.8)B,C,D 11.3(1.9)D 

 
1 Superscript letters represent results from the Tukey post-hoc analysis: same letters denote groups without significant differences. Values with different letters are 
ranked such that A > B > C > D.  
2 Color gradients are shown to highlight trends: darker indicates higher numbers, which indicates better performance. 

(a) (b) 
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INTRODUCTION 

 

The deflection an ice hockey stick obtains during shots 

determines to a large extent a puck’s velocity [1] [2]. 

Numerous shaft flex properties can be manufactured and 

bench tested; however, which properties best optimize shot 

velocity for any one individual are unknown, given the 

inability to directly measure deflection response during actual 

shooting tasks. One approach to address this problem is to 

utilize strain gauges that offer both accurate temporal 

resolution within the 20 ms stick-ice contact window and 

segmental deflection along the shaft [3]. The objective was to 

establish whether local strain responses can predict dynamic 

structural shape behaviour of a carbon fiber composite stick 

(beam) shaft. 

 

METHODS  

 

A Vapor X60™ stick (102 flex; Bauer Hockey Corp., NH, 

USA) was used. Three point cantilever bending tests loaded 

the blade end of the shaft with incremental loads (1 to 9 kg). 

Concurrently, spatial position of 13 optical markers along the 

shaft were tracked using a Vicon MX™ system (Vicon Inc., 

Oxford, UK) to determine shaft deflection as well as 

synchronized strain response from three strain gauge pairs 

(CEA-06-125UW-350, Vishay, Inc., Malvern, PA, United 

States) mounted at 200 mm intervals along the shaft. Strain 

analog signals were conditioned and recorded by way of a data 

logger (P3X8 DataLog™, Biometrics Ltd., Gwent, UK). To 

determine the dynamic relation between deflection and strain 

along the shaft, an optimization routine (Gnuplot software, 

http://gnuplot.sourceforge.net/) was used to solve the 

following equation (Eq. 1): 

)sin()( cx
bx

aexD                                                    (1) 

where D(x) is the deflection along shaft length, x. The 

coefficients a, b and c are unique to each stick and have to be 

found using the experimental data from the above. When 

fitting Eq.1 to the position recorded by the optical markers 

during the tests, we found that the b and c coefficient do not 

change substantially with the incremental loads, where as the a 

coefficient showed a linear increase with load. By setting b 

and c as constants, the coefficient a was determined. Placing 

these valued into Eq 1 yielded our stick’s specific function: 

)-0.001674xsin(
0.002898x

4.18)( exD               (2) 

Finally, a subject performed several slap shots using the same 

stick instrumented the three strain gauge pairs. Strain signals 

were recorded at 1000 Hz. Utilizing Eq. 1 and the determined 

coefficient a, b and c, and estimates were made of the stick’s 

dynamic deflection as well as its radius of curvature. 

RESULTS 

 

A difference of 11.6% (±0.6%) was observed between the 

measured and predicted deflections using our model. This 

represents the experimental error of our system. During the 

slap shot trials, stick strain profiles along the shaft’s length 

were estimated for each time step (Figure 1). 

 
Figure 1: Deflection of a hockey stick during a slapshot at 

different time intervals. The maximum deflection for this 

representative trial was (21±2) cm and occurs at 5.1 ms. The 

radius of curvature at 5.1 ms for SG2, SG3 and SG4 is 307.5 

cm, 151.6 cm and 75.9 cm respectively. 

 

DISCUSSION AND CONCLUSIONS 

 

This mathematical model allows estimation of strain responses 

at sufficiently high sample rates; thus enabling the stick’s 

bending response to be directly measured during real game 

tasks and within the hands of a person. The example here 

demonstrates the feasibility of this quantitative approach for 

direct product testing by subjects.  
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GAIT SYMMETRY IN CHILDREN WITH AUTISM 
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INTRODUCTION
Autism is a developmental disorder that is typically 
characterized by impaired social interactions and 
communication, and restricted, repetitive, and stereotyped 
patterns of behaviour [1]. Autism is often associated with 
movement impairments including motor asymmetry [2,3].  
Most studies examining gait asymmetry in autism have 
focused on infants and toddlers and have tended to use 
subjective methods of evaluating movement.  No previous 
studies have examined gait symmetry in older children with 
autism using objective motion capture systems.  The purpose 
of this study was to quantify gait symmetry in children with 
autism versus age-matched controls. 

METHODS
Fourteen children (n=14) aged 5 to 9 years with Autism 
Spectrum Disorder were recruited to participate in the study 
(mean age = 5.9 yrs; mean height = 120.06 cm; mean weight = 
28.67 kg).  Children diagnosed with Asperger’s or Otherwise-
Non Specified Disorder were excluded from the study.  
Previously published control data was used for data 
comparisons (Chester et al., 2006) and consisted of twenty-
two (n=22) children aged 5-9 years (mean age = 6.2 yrs; mean 
height = 119.42 cm; mean weight = 28.66 kg).  Ethical 
approval for this study was obtained from the University of 
New Brunswick Research Ethics Board.  An eight camera 
Vicon MCam motion capture system (Oxford Metrics Group 
Ltd., UK) tracked the three-dimensional trajectories of 
reflective markers placed on the subjects’ skin at a sampling 
frequency of 60Hz. Twenty reflective markers were placed 
directly on the skin of each participant in accordance with 
Davis et al. (1991).  Children were then encouraged to perform 
at least 20 trials, if possible. 

Data was exported from the Vicon software to Matlab 
(Mathworks Inc.) for processing.  The temporal-spatial 
variables computed in this study were 1) cadence (steps/min), 
2) stride length (m), 3) swing time (s), 4) stance time (s), 5) 
double stance time (s), and 6) swing/stance ratio.  For each 
temporal-spatial measure (TS), six measures of symmetry 
were computed. 
1) Symmetry Ratio (ratio): ratio = TSright/TSleft 

2)Symmetry Index Average (SIavg):   
SIavg = [(TSright-TSleft)/0.5(TSright+ TSleft)]×100% 

3) Symmetry Index Left (SIleft):
SIleft = [(TSright-TSleft)/ TSleft]×100% 
4) Symmetry Index Right (SIright):
SIright = [(TSright-TSleft)/TSright]×100% 
5) Symmetry Angle (SA):  
SA = [(45° - atan(TSright/TSleft))×100%]/90 
6) Gait Asymmetry (GA): GA = |100×[ln(TSright/TSleft)]| 

Significant (P<0.05) differences in mean temporal-spatial 
parameters and mean symmetry indices between the control 
and autism groups were tested using a MANOVA. All 
statistical tests were performed using SPSS (SPSS Inc).   

RESULTS
Descriptive data for the six temporal-spatial measures for the 
autism and control group are provided in Table 1.  No 
significant differences in mean walking velocity were 
observed between groups.  No significant differences (P>0.05) 
in mean temporal-spatial data or mean symmetry indices were 
found between the autism and control group.   

DISCUSSION & CONCLUSIONS 
No previous studies have examined gait symmetry using 
motion capture in older children with autism.  While studies of 
movement in infants and toddlers have revealed asymmetries, 
this study found no significant differences in temporal-spatial 
data or symmetry indices between the autism group and the 
age-matched controls.  Future work should use larger sample 
sizes to validate the findings in the present study.  Additional 
studies should also focus on different biomechanical inputs to 
the gait symmetry indices, including kinematics and kinetics.  
A greater awareness of movement deviations could be 
beneficial for treatment planning in children with autism. 

REFERENCES 
[1] APA.  Diagnostic and Statistical Manual of Mental 
Disorders, American Psychiatric Press, 1994. 
[2] Teitelbaum O et al. (2004).  Eshkol-Wachman Movement 
Notation in diagnosis: the early detection of Asperger's 
syndrome. Proc. Natl. Acad. Sci. 101; p.11909-11914. 
[3] Esposito G et al. (2009).  An exploration of symmetry in 
early autism spectrum disorders: Analysis of lying.  Brain and 
Development 31; p.131-138. 

Table 1: Descriptive data for the six temporal-spatial measures for the autism and control group
    Stride Swing Stance Double    

Cadence Velocity Length Time Time Stance Time Swing/Stance 
 Group (steps/min) (m/s) (m) (s) (s) (s)   

Control 129.11 101.82 0.95 0.38 0.57 0.19 0.68 
 Autism 134.27 99.89 0.90 0.36 0.56 0.20 0.65 

Victoria Chester, Matthew Calhoun
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NEURAL CONTROL OF PLANTAR FLEXOR EXERTIONS: COMPARISON OF UNILATERAL AND BILATERAL 
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INTRODUCTION 
With the advent of neuroimaging techniques such as 
functional magnetic resonance imaging (fMRI) it has become 
possible to determine areas of activity within the Central 
Nervous System during motor tasks. To date most of this work 
has focused on determining the mechanisms involved in the 
control of hand movements. The goal of this work was to 
determine which neural resources are involved in the control 
of plantarflexion movements of the ankle joint and compare 
the resources that are used in unilateral exertions to those that 
are used in bilateral exertions. We are particularly interested in 
which neural areas are involved in the coordination between 
the left and the right limbs. The findings of this work could be 
used to help improve our understanding of the neural 
mechanisms that are involved in the coordination of more 
complex lower-limb movements.  
 
METHODS  
Eleven healthy individuals volunteered to participate in this 
experiment (Age=19-34 years; 4M 7F). All participants were 
right handed and right foot dominant [1]. Participants attended 
a session where they practiced producing near isometric 
plantar flexor exertions at 15% of their Maximum Voluntary 
Contraction (MVC) on a custom made measurement system, 
in one of three conditions: with their right foot (R-ONLY), 
with their left foot (L-ONLY) or with both feet (BILAT). 
Participants were provided with visual feedback regarding the 
force they were producing in all conditions. During these 
exertions, the participant was supine, with their knees 
bolstered to a 90° angle. Electromyography was used over 
several lower-limb muscles to verify that the main plantar 
flexor exertion was the result of activity in the Soleus muscles.  
 
In a separate session, fMRI data was obtained during while the 
participant performed the same task. The participants 
performed a total of 16 exertions in each condition. The order 
of the exertions was randomized, with a random period of time 
between 10s and 16s between each trial. The force produced 
during each trial was also recorded.  An anatomical scan of the 
brain was also acquired for each participant.  
 
The magnitude of the force produced by each participant was 
analyzed with a repeated measures ANOVA to determine if 
there were any differences in the force produced between the 
three conditions.  
 
Standard fMRI processing techniques were used to create 
maps that identified regions of the brain that were active in 
each condition, for each participant. These were analyzed 
across the participants in two ways: a whole-brain analysis to 
identify the areas that are uniquely activated in the BILAT 
condition and using a regions of interest (ROI) approach, 

where comparisons in the magnitude of activation in motor 
regions of the brain were carried out between conditions.  
 
RESULTS 
Analysis of the magnitudes of the forces produced revealed 
that participants produced a statistically significant lower force 
with their left foot compared to their right foot. However, the 
mean difference between the two feet was less than 2% MVC. 
 
The voxel-wise analysis of areas that showed significant 
activation in the BILAT condition compared to the two 
unilateral conditions resulted in 42 clusters being identified. 
These regions were distributed across motor, visual, sensory, 
and executive processing centres. Subcortical regions 
including the thalamus and the cerebellum were also identified 
as being uniquely activated in the BILAT condition. In all of 
the regions identified there was greater activation in the 
BILAT condition compared to the unilateral conditions.  
  
The ROI analysis revealed that there was significantly higher 
activation in the BILAT condition when compared to the R-
ONLY condition in the following motor areas: right primary 
sensory cortex, right ventral premotor cortex, dorsal premotor 
cortex bilaterally.  
 
DISCUSSION & CONCLUSIONS 
This study is the only study to date that compares neural 
activation within the CNS between tasks that were performed 
bilaterally to those performed unilaterally with the lower-limb. 
The primary finding of this study is that there is a vast network 
of neural resources that are required to coordinate movement 
between the left and right ankle joints. 
 
Similar fMRI work, from upper-limb studies, has shown that 
the supplementary motor area (SMA) is primarily responsible 
for the coordination of bilateral movements [2]. However in 
this study of lower limb movements, there were no significant 
differences in activation between unilateral and bilateral 
exertions within the SMA and differences in motor areas were 
primarily limited to the premotor cortex.  
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INTRODUCTION 
With the advent of neuroimaging techniques such as 
functional magnetic resonance imaging (fMRI), it has become 
possible to determine areas of activity within the Central 
Nervous System during motor tasks. The goal of this work was 
to determine which neural resources are involved in the 
modulation of force selection in plantarflexion movements of 
the ankle joint and to determine any effects due to limb 
dominance. The findings of this work could be used to help 
improve our understanding of the neural mechanisms that are 
involved in the coordination of more complex lower-limb 
movements.  
 
METHODS  
Eleven healthy individuals volunteered to participate in this 
experiment (Age=19-34 years; 4M 7F). All participants were 
right handed and right foot dominant [1]. Participants attended 
a session where they practiced producing near isometric 
plantar flexor exertions at three force levels (15%, 30% and 
45% of their Maximum Voluntary Contraction (MVC)) on a 
custom made measurement system. Exertions were made 
unilaterally with either right or left foot, for a total of 6 
conditions. Participants were provided with visual feedback 
regarding the force they were producing in all conditions. 
During these exertions, the participant was supine, with their 
knees bolstered to a 90° angle. Electromyography was used 
over several lower-limb muscles to verify that the main plantar 
flexor exertion was the result of activity in the Soleus muscles.  
 
In a separate session, fMRI data was obtained during while the 
participant performed the same task. The participants 
performed a total of 16 exertions in each condition. The order 
of the exertions was randomized, with a random period of time 
between 10s and 16s between each trial. The force produced 
during each trial was also recorded.  An anatomical scan of the 
brain was also acquired for each participant.  
 
Standard fMRI processing techniques were used to create 
maps that identified regions of the brain that were active in 
each condition, for each participant. A regions of interest 
(ROI) approach was then used to make comparisons in the 
magnitude of activation in motor regions of the brain including 
6 cortical and 5 subcortical areas bilaterally. A two factor 
(FORCE & SIDE) repeated measures ANOVA was then used 
to determine differences in activation between force levels due 
to the side where the force was produced.  
 
RESULTS 
It was found that the participants were able to closely match 
the target force level in each condition. The difference 
between the force produced with the left and the right foot 
were within 2% MVC at each force level. 

 
There was a significant force effect within each cortical ROI, 
however there was no statistical difference in activation within 
these regions due to the foot that was used. For most of the 
cortical regions, post-hoc analysis revealed that there was no 
difference in activation between the 15% and 30% MVC force 
levels, however the activation in the 45% MVC condition was 
significantly higher. The only cortical regions that did not 
follow this pattern were the ventral premotor cortex (PMv), 
bilaterally. A significant FORCE x SIDE interaction effect 
was observed for all subcortical regions except the substantia 
niagra, with unique levels of activation being observed 
depending on the force level and the foot being used.  
 
DISCUSSION & CONCLUSIONS 
 In most of the cortical ROIs it appears that the force is 
modulated in a non-linear fashion with small differences in 
brain activation at lower force levels, and a large increase in 
activation for higher force levels. This non-linearity in brain 
activity may be related to the unique modulation of force in 
the soleus muscle, where motor units that are recruited at 
lower force levels do not show as wide of range of rate coding, 
whereas those that are recruited at higher force levels increase 
their firing rate much more quickly [2].  
 
The results of this study indicate that similar cortical resources 
are used regardless of the foot (dominant/non-dominant) that 
was used to perform the task while the subcortical areas 
showed differential activation due to the foot used and the 
force level that was required. The PMv may be particularly 
involved in planning the movements required for this task, as 
there was a unique activation at each force level. The 
difference in statistical patterns between cortical and 
subcortical regions could indicate that the overall movement 
pattern is determined by the cortical regions, while the 
subcortical activation is more variable, and may be involved in 
controlling the timing of the task and processing the visual 
feedback involved for the task [3].  
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INTRODUCTION 
Strain distribution in orthopaedic applications is very 
important because it effects healing period [1]. This is a 
comparison of strain distribution in callus stainless steel, Ti-
6Al-4V alloy and Nano-Titanium bone plates and screws in a 
simple transverse fracture of Tibia. 

 

METHODS  
We analysed tibia and plates and screws with ANSYS 12.1 

FEM software, under transverse loadings of 10% and 20% and 

50 % of body weight of a 70 kg human, considering all contact 

conditions between surfaces in ANSYS. 

 

Nano-Ti with ECAP technology is an advanced material for 
orthopaedic applications because of its excellent 
biocompatibility and low density; it does not contain any 
potentially toxic or allergic material, even Ti-Alloys such as Ti-
6Al-4V are normally biocompatible but after deterioration in 
body, potentially toxic Al, V will be released in body fluid that 
may cause allergy [2]. 
 

We simplified geometries of Tibia bone and screws in ANSYS 

for saving time and energy, fig.1 shows the bone, plate and 

screws designed in ANSYS [3] . 

 
Figure 1: tibia with bone plate and fastener screws 

Results 
Under all loading conditions, results show that we have the 

most desirable strain distribution when plate and screws are all 

nano-Ti due to its low modulus of elasticity in comparison 

with Ti-Alloy and Stainless Steel. in Steel and Ti-Alloy, forces 

cause more bending of pate instead of compress that , but in 

nano-Ti we have less bending which cause more strain 

distribution 

 

DISCUSSION & CONCLUSIONS 
We conclude that ECAP nano-Ti is the best choice according 

to results , because it has most strain distribution in callus and 

will decrease healing period ; However , in reality , it need to 

be examined to be sure . 
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Abstract 

This is a comparison of strain distribution in stainless steel, Ti-6Al-4V alloy and Nano-Titanium 

bone plates and screws in a simple transverse fracture of Tibia under several axial loadings 

using Finite Element Analysis after considering contact conditions. Nano-Ti with ECAP 

technology is an advanced material for orthopedic applications because of its excellent 

biocompatibility and low density; it does not contain any potentially toxic or allergic material, 

even Ti-Alloys such as Ti-6Al-4V are normally biocompatible but after deterioration in body, 

potentially toxic Al, V will be released in body fluid that may cause allergy. Analysis results show 

that ECAP Nano-Ti has a higher strain distribution which decreases healing period. 
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INTRODUCTION 

Nearly 54, 000 Canadians over the age of 65 are hospitalized 

for a fall each year [1], leading to direct treatment costs of 

approximately $2 billion [2]. The most severe fall-related 

injuries in the elderly are hip fracture and traumatic brain 

injury, which are commonly caused by falls and often lead to 

death or drastic reductions in quality of life. With the 

proportion of Canada’s population over the age of 65 projected 

to reach 25% by the year 2041 [3], injury rates are expected to 

increase dramatically. 

 

‘Safety floors’ aim to decrease the risk of fall-related injuries 

by absorbing impact energy during falls. Ironically, excessive 

floor deflection during walking or standing may increase fall 

risk. In this study we used a materials testing system to 

characterize the ability of a range of floors to absorb energy 

during simulated head and hip impacts whilst resisting 

deflection during simulated single-leg stance during gait. 

 

METHODS 

Three general categories of floors (4 carpets, 4 ‘safety floors’, 

and 4 bedside mats) were impacted with custom head, hip and 

foot indenters using a servohydraulic material testing system 

(FastTrack
TM

 8872  System, Instron Corporation, Canton, MA, 

USA).  

 

Based on the force-deflection profiles, peak deflection was 

measured for simulated single-leg stance, while energy 

absorption was calculated for simulated head and hip impacts. 

Additionally, the ratio of energy absorption (during head and 

hip trials) to peak deflection (during simulated single-leg 

stance) was calculated for each floor condition. A two-way 

ANOVA was used to determine whether energy absorption 

was influenced by indenter shape (head vs hip) across flooring 

conditions. One-way ANOVAs were then employed to 

determine whether the three outcome variables – peak 

deflection, energy absorption, and energy-to-deflection ratio – 

were influenced by floor condition. If significant results were 

observed, post-hoc Dunnett’s tests were performed to 

determine whether outcomes were significantly different from 

the commercial carpet (control condition). 

 

RESULTS 

We found that average energy absorption values for all safety 

floors (mean (SD) = 14.8 (4.9) J) and bedside mats (25.1 (9.3) 

J) were 3.2 to 5.4 fold greater than the control condition 

(commercial carpet). Indenter shape also had a significant 

influence as floors absorbed 9.6% more energy for hip versus 

head indentation trials. While footfall deflections for the safety  

 

 

floors (1.8 (0.7) mm) were not significantly different from the 

control carpet (3.7 (0.6) mm), they were consistently below 2 

mm, a design criterion recommended for safety floors [5]. 

Peak deflections were significantly higher for two of the 

bedside mats. Finally, all of the safety floors, and two bedside 

mats, displayed 3 to 10 times the energy-absorption-to-

deflection ratios observed for the baseline carpet (Figure 1). 

 

DISCUSSION & CONCLUS IONS 

Overall, these results suggest that the ‘safety floors’ we tested 

effectively addressed two competing demands required to 

reduce fall-related injury risk; namely the ability to absorb 

substantial impact energy without increasing footfall 

deflections. This study contributes to the literature suggesting 

that safety floors are a promising intervention for reducing 

fall-related injury risk in older adults  without introducing 

elevated fall risks. 
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Figure 1: Mean energy absorption (ehip) during hip trials, 

footfall deflection (dmax) during simulated single-leg stance, 

and energy-deflection ratios (ehip-ratio) for all floor conditions.   
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INTRODUCTION 

Low-back injuries constitute a common and costly problem in 

the fire service, yet relatively few attempts have been made to 

quantify spinal loading during firefighting tasks. The study 

objective was to calculate peak lumbar intervertebral joint 

forces during laboratory-simulated fireground activities. 

 

METHODS  

Ten men performed laboratory tasks designed to represent  

aspects of critical and essential fireground duties: equipment 

lift (EL); hose handling (HH); victim rescue (VR); forcible 

entry (FE); and ceiling breach and pull (CL) (Figure 1). 

 

 
Figure 1. Laboratory-simulated fireground tasks. 

 

Together with 3D kinematics of the lower extremities, pelvis, 

and lumbar spine, ground reaction forces (GRF) and surface 

EMG signals from the following bilateral trunk muscle groups 

were recorded: external and internal abdominal obliques; 

rectus abdominus; lumbar and thoracic erector spinae; and 

latissimus dorsi. Kinematic and GRF data were incorporated in 

a “bottom-up” inverse dynamical linked-segment model to 

yield estimates of L4/L5 net reaction forces and moments 

(performed in Visual3D™, C-Motion, Inc.). These kinetic 

quantities were then input with normalized EMG data into a 

musculoskeletal model of the torso [1] to compute peak L4/L5 

joint compression and shear forces during task performance. 

The general data acquisition, signal processing, and EMG-to-

force modeling procedures are described elsewhere [2]. 

 

RESULTS 

Peak L4/L5 compression and shear force magnitudes varied 

considerably between tasks and subjects (Table 1) with 

coefficients of variation across tasks ranging from 15.9 to 

42.1% for compression, 27.7 to 43.9% for A/P shear, and 23.5 

to 53.1% for M/L shear forces. Bodyweight normalization of 

peak spinal load magnitudes indicated that anthropometric 

differences contributed to some variability in individual 

loading responses, but inter-subject variation in movement and 

trunk muscle activation patterns were also contributory. On 

average, peak L4/L5 compression (7.4 ± 3.1 kN) and M/L 

shear (0.7 ± 2.6 kN) forces were greatest in the FE task, 

whereas peak A/P shear forces were greatest in the EL task 

(1.8 ± 0.6 kN). The number of study subjects who exceeded 

recommended acute exposure limits is summarized in Table 2. 

Table 1. Minimum and maximum peak L4/L5 joint forces 

documented during the performance of simulated tasks. 

Task 
Comp (N) A/P Shr (N) M/L Shr (N) 

min max min max min max 

EL 4505 7910 -49 2515 -164 423 

HH 2033 4717 -99 1713 -667 692 

VR 5060 8104 -127 2505 -189 198 

FE 4287 14911 -196 2675 -509 1263 

CL 1945 7489 -402 1452 -406 758 

 

 

Table 2. Number of subjects who exceeded recommended 

acute lumbar spinal load exposure limits. 

Task 
Comp

†
 A/P Shr

‡
 M/L Shr

‡
 

> 3.4 kN > 6.4 kN > 0.5 kN > 1.0 kN > 0.5 kN > 1.0 kN 

EL 10 2 10 9 0 0 

HH 7 0 10 5 4 0 

VR 10 4 10 6 0 0 

FE 10 5 10 7 8 1 

CL 10 2 10 3 1 0 
†Limits reported in reference [3]; ‡Limits reported in reference [4] 

 

 

DISCUSSION & CONCLUSIONS 

Results of this study suggest that characteristics of individuals 

and tasks performed can influence peak lumbar spinal loading 

demands and acute injury potential on the fireground. Given 

considerable inter-subject variation observed in the internal 

loading responses to fixed external task and environmental 

constraints, there could be opportunities to attenuate peak load 

exposures via movement behaviour modification programs. 

However, recommended acute exposure limits were frequently 

exceeded. This suggests that administrative controls (e.g., job 

training, exercise, and pre-placement screening) will remain 

key elements in low-back injury prevention and rehabilitation 

strategies for firefighters, especially since many firefighter 

duties are non-modifiable and unpredictable. 
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INTRODUCTION 
The mechanical environment of the knee joint (i.e. joint 
movement and loading) has been associated with the long term 
prognosis of a total knee arthroplasty (TKA) implant [1,2]. 
Despite the kinematic and functional variability in patients 
receiving TKA surgery [3], surgical design and decision-
making does not yet account for patient-specific kinematics. 
The purpose of this study was to examine the association 
between joint morphology (as defined by anatomical distal and 
posterior femur axes) and joint kinematics measured 
intraoperatively with a surgical navigation system. 
 
METHODS  
147 patients underwent computer-assisted total knee 
arthroplasty surgery using the Stryker (New Jersey, PA) 
navigation unit. As part of normal computer-assisted protocol, 
the surfaces of the distal and posterior condyles were painted 
with the surgical pointer before surgical cuts to the distal 
femur were made.  Standard anatomical landmarks were also 
digitized.  Prior to any dissection, the knee was moved 
passively through a full range of flexion.  The three-
dimensional motion of the knee during this exercise was 
captured and 3D angles represented [4].    
 
Using data extracted from the navigation system an axis was 
defined by a line drawn between the most distal points on the 
medial and lateral condyles. The same procedure was used 
with the most posterior points on the posterior medial and 
lateral condyles. These axes were referred to as the distal and 
posterior anatomical axis. These axes were compared to the 
flexion axis defined according to the joint coordinate system. 
The angular difference between the anatomical axes and 
flexion axis was calculated in the frontal and transverse 
planes. 
 
Kinematic data from the passive flexion exercise was also 
extracted from the data files.  The ab/aduction frontal plane 
angle at 10 and 90 degrees of flexion were extracted.  
Principal component analysis (PCA), a multivariate data 
reduction technique was also used to capture the shape of the 
ab/aduction curve through flexion [5].  The first three principle 
components (accounting for over 98% of the variability in the 
data set) were used, meaning that each patient’s passive 
flexion curve could be represented by 3 scores on these 3 
principal components.   

  
Pearson correlation coefficients were calculated between the 
difference in the flexion axis and the anatomical axes and the 
ab/aduction angle at 10 and 90 degrees.  Correlations were 
also calculated between the difference in flexion and 
anatomical axes and the three principal component scores.   
 
RESULTS 
Principal component 1 (PC1) represented the overall 
magnitude of the adduction angle through the range of flexion. 
PC2 represented an S-shape pattern. PC3 represented a C-
shape curve. 
 
Statistically significant correlations were found between the 
angular offset of the distal anatomical axis and the frontal 
plane angle at 10 degrees flexion (r = 0.78, P < 0.001), the 
frontal plane angle at 90 degrees (r = 0.44, P < 0.0001), and 
PC1 (r = -0.56, P < 0.0001) (Table 1). 
  
Statistically significant correlations were also found between 
the posterior anatomical axis and the frontal plane angle at 90 
degrees (r = 0.50, P < 0.0001), and the first two PCs (r = -0.42, 
P < 0.0001; r = -0.29, P = 0.001 respectively) (Table 1).  
 
DISCUSSION & CONCLUSIONS 
This study showed a moderate association between femur 
morphology (defined with anatomical distal and posterior axis 
positions) and knee kinematics measured intraoperatively 
during a passive movement exercise before TKA surgical cuts.  
 
As kinematics are increasingly being used to guide implant 
positioning, the relationship between kinematics and 
morphology needs to be better understood to optimize implant 
positioning and surgical outcome.   
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Table 1: Pearson correlation result between posterior and distal axes and adduction angle measured during a passive, dynamic 
flexion exercise in TKA surgery.  

Axis Adduction angle 
at 10° Adduction angle at 90° PC1 PC2 PC3 

Posterior R = 0.13 R = 0.50 R = -0.42 R =-0.29 R = -0.17 
P = 0.16 P < 0.0001 P < 0.0001 P = 0.001 P = 0.071 

Distal R = 0.78 R = 0.44 R = -0.56 R = -0.13 R = -0.67 
P = <0.0001 P < 0.0001 P < 0.0001 P = 0.16 P = 0.47 
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INTRODUCTION 
Reverse shoulder arthroplasty has been sucessful in treating 
massive rotator cuff tears combined with arthritis [1], a 
condition that is not adequately managed using conventional 
shouler arthroplasty. Despite this, complication rates remain 
high with instability being one of the most common 
complications [2]. The effects of only a few factors have been 
studied in a model that includes bony geometry and muscle 
forces and any interactions between factors remain unclear. 
Therefore, the goal of this investigation was to investigate the 
effect of loading direction, arm posture, humeral socket 
constraint, and glenosphere diameter and eccentricity and the 
interactions between these factors on the stability of reverse 
shoulder arthroplasty. 
 
METHODS  
The force required to dislocate the shoulder, determined using 
a biomechanical shoulder simulator, was used as a measure of 
stability. The simulator consisted of artificial bones (1028 and 
1050, Sawbones) with the prosthesis (Delta XTEND, DePuy) 
installed. The three heads of the deltoid (anterior, middle, and 
posterior) were modelled using pneumatically actuated cables. 
The rotator cuff was not included as patients who receive this 
surgery generally have massive rotator cuff tears and a worst 
case scenario was assumed. A displacing force was applied to 
the humeral head using a material testing machine (5500R, 
Instron) and could be applied in four directions (anterior, 
posterior, superior, and inferior) relative to the scapula. A 3.6 
kg weight was fixed to the humerus to simulate the weight of 
the arm. Kinematics were recorded using optical tracking 
(Optotrak Certus, Northern Digital Inc.) and the ISB 
recommended coordinate systems [3] were used to calculate 
joint angles. 
 
A half-fraction factorial experiment design was employed to 
examine six factors and the interactions between factors. The 
factors included: loading direction, abduction angle, abduction 
plane angle, humeral socket depth, and glenosphere 
eccentricity and diameter. A normal probability plot of effect 
estimates and a six-way ANOVA were used to determine 
significant factors and interactions. 
 
RESULTS 
A 30% increase in force to dislocate the shoulder was 
observed when the abduction angle was increased from 45 to 
60o (p<0.0001). Using an inferior-offset as opposed to a 
standard centred glenosphere resulted in a 17% increase in 
force to dislocate (p<0.001). Additionally, a significant 
interaction was found between humeral socket depth and 
loading direction (p<0.001). Use of the retentive humeral 
socket, which is 4mm deeper than the high mobility option, 
improved stability, but only if the shoulder was dislocated 

anteriorly, posteriorly, or superiorly (Figure 1). Glenosphere 
diameter and abduction plane had no effect on stability 
(p>0.05). 
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Figure 1: Use of a retentive cup resulted in an increase in 
force to dislocate if the shoulder was dislocated superiorly 
(88% increase), posteriorly (66% increase), or anteriorly (36% 
increase). * indicates p < 0.05. 
 
DISCUSSION & CONCLUSIONS 
The increase in stability observed for larger abduction angles 
was likely due in part to the greater muscle forces required to 
attain these postures. Therefore, stability may be improved by 
increasing deltoid tension intraoperatively. The results of this 
study also indicate that the risk of dislocation may be reduced 
by using an inferior-offset glenosphere, which is also 
beneficial in decreasing the likelihood of impingement and 
scapular notching. More constrained humeral sockets can also 
add stability to the shoulder, although there is no benefit for 
inferior dislocations. This interaction also highlights the 
complicated nature of instability in reverse shoulder 
arthroplasty and the importance of understanding 
dependencies between factors.  
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DETERMINATION OF THE LOWER LEG MUSCLE RESPONSES TO UNEVEN 
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Introduction: Previous studies have identified 
four distinct types of mechanoreceptors in the 
glabrous skin of humans, all of which contribute 
to the detection of the COP and stability under the 
plantar surface of the foot [1]. Further research 
has determined the importance of this sensory 
information for efficient gait and postural control, 
as these receptors may detect stability changes 
and initiate postural reflexes in order to prevent 
the COM from moving outside of the base of 
support [2][3]. A relationship has been identified 
between plantar pressures as detected by 
mechanoreceptors and muscle activity in the leg 
[4], however further investigation is required to 
understand whether a direct link exists between 
plantar pressure changes under specific areas of 
the feet and any subsequent muscle responses 
during gait. As the first step in the process, the 
leg muscle responses to uneven terrain are 
presented here. 
 
Methods: Kinetic and kinematic data was 
collected from 19 healthy participants aged 18-28 
(mean=22.3, SD=3.41) all without any 
musculoskeletal, vestibular or sensory conditions 
that may have influenced balance control. Each 
participant completed 10 normal walking trials, 
and 20 perturbed gait trials. Wooden wedges 
were placed on two floor-embedded force plates 
within each subjects stepping pattern to mimic 
four uneven terrain conditions, allowing us to 
record both anterior-posterior and medial-lateral 
perturbations. Each participant was equipped with 
electromyographical equipment to record muscle 
activity from 8 muscles of the right and left legs. 
Participants were fit with standardized shoes, 
each containing a size-matched pressure sensor to 
measure changes in pressure distribution during 
each condition. 
 

Results: Analysis of the five terrain conditions 
revealed significantly higher muscle activity 
magnitude in conditions 1 (mean=236.2uV), 2 
(mean= 241uV) and 4 (mean= 234uV) than in 
normal walking (mean=178.5uV) and condition 3 
(mean=158.3uV) (F(4,3267)=10.97, p<0.05). 
Further analysis showed significantly longer 
bursts of muscle activity during condition 1 
(mean=19.15ms) than in normal walking 
(mean=16.46ms) (F(4,3267)=4.098, p<0.05). 
Analysis of each of the eight muscles revealed 
many trends, indicating high rates of situational 
muscle behaviour. In reference to the lower leg, 
the right tibialis anterior (RTA) (mean=20.9ms) 
showed significantly faster onset times following 
heel contact than the right peroneus longus (RPL) 
(mean= 1232.9ms) and medial gascrocnemius 
(RMG) (mean=83.1ms) (F(7,3267)=5740, p<0.05). 
When considering the upper leg, results show 
significantly higher magnitudes of muscle activity 
in the anterior right rectus femoris (RRF) (mean= 
308.1uV) than in the posterior muscles, right 
biceps femoris (RBF) (mean=131.5uV) and right 
gluteus maximus (RGM) (mean= 161.7uV) 
(F(7,3267)=84.07, p<0.05).  
 
Discussion & Conclusion: This preliminary 
analysis has outlined some of the effects of 
uneven terrain on muscle activity in the leg. It is 
clear that differing terrain conditions can 
influence our muscular response during gait, 
however further analysis will be completed to 
identify whether these altered muscular responses 
are correlated with changes in plantar pressure 
patterns during uneven terrain walking. 
  
References: [1] Perry, S., et al. (2000) Br 
Research, 877 (2000); [2] Roll, R., et al. (2002). 
NeuroReport, 13 (15); [3] Kennedy, P., et al. 
(2002). J. of Phys, 538.3; [4] Do, M., et al. 
(1990). Exp. Br Research, 79.
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INTRODUCTION 
Previous literature has demonstrted a link between 
occupational prolonged standing and low back pain. Studies 
have shown 40-70%[1,2] of asymptomatic individuals develop 
transient low back pain during standing. Aids have been 
developed for people to use while standing that are meant to 
prevent development of this transient low back pain. For 
example, sloped platforms have been shown to decrease pain 
development in those who develop transient LBP to similar 
levels as those who do not develop transient LBP at all during 
standing[3]. The purpose of this study was to assess the 
lumbopelvic kinematics and trunk muslce thickness changes 
during sloped standing. 
 

METHODS  
Eleven subjects (6 male, 5 female) were recruited from a 
university student population. Subjects stood in three postures 
(level, incline, decline) for 1-minute quiet standing trials, 
followed by 16 minutes in each of the standing postures, 
during which subjects performed a light assembly task. Lower 
body and trunk kinematics were measured using an Optotrak 
Certus system (Northern Digital Inc., Waterloo, ON). Marker 
data were imported into Visual 3D (C-Motion, Kingston, ON) 
to calculate global pelvis, relative trunk, and lumbar lordosis 
angles. Kinematics were averaged over the 1-minute standing 
trials in the acute conditions, and every 5 minutes in the 
prolonged conditions. Muscle thickness measurements of the 
right erector spinae (ES), external oblique (EO), internal 
oblique (IO), and transverse abdomnis (TrA) (Figure 1) were 
obtained during the acute trials using ultrasonography (B-
Mode, Sonosite, Bothel, WA, USA). The transducer was 
placed into a jig that allowed for consistent positioning and 
pressure of the probe. A custom program was used to align the 
images to ensure that any rotation of the transducer did not 
impact measurement[4]. All outcome measures were entered 
into a two way general linear model with a between factor of 
gender and within factor of standing posture (p < 0.05). 

 
Figure 1: Ultrasound images of (a) lateral abdominal wall (in 
descending order: external oblique, internal oblique, and 
transverse abdominis and (b) right L3 erector spinae. 
 

RESULTS 
A significant main effect of standing posture was found for 
each joint angle. Standing on an incline caused significant 
anterior rotation of the pelvis and an increase in lumbar 
lordosis compared to level ground standing. The decline 

posture showed a trend towards posterior rotation of the pelvis 
(not significant) and a decrease in lumbar lordosis. The 
kinematic changes found for the acute trials held for the 
prolonged trials, with no main effect or interaction that 
included any change over time for the joint angles (Figure 2) 

 

Figure 2. Kinematics collapsed across time for the prolonged 
standing trials. Letters = significant differences between 
postures (+ = extension, - = flexion) 
 

A significant effect of gender was found for TrA, IO, EO 
thickness, with muscle thickness being greater for males than 
females. A similar non-significant trend was found for ES. 
Despite the kinematic changes shown during the acute trials, 
there was no effect of standing posture on muscle thickness. 
 

DISCUSSION & CONCLUSIONS 
Standing on a sloped platform effected lumbopelvic 
kinematics, which could be a mechanism that results in a 
decrease in pain development and gluteus medius co-
contraction found previously[3]. No trunk muscle thickness 
changes were found, which points to a person’s posture as a 
potential factor linked to pain development in standing. As a 
result, it is possible that a person’s initial standing posture 
influences their likelihood of becoming a pain developers and 
this hypothesis will be examined in future work.  
 

Beyond determining if a standing aid is useful in the 
workplace, studying the kinematics changes induced by 
standing aids provides insight into the mechanism of this pain 
development in those who suffer from this problem. This can 
be used to guide future research that investigates differences in 
initial standing lumbopelvic postures between pain developers 
and non-pain developers. 
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INTRODUCTION 

Finite element modeling provides an attractive approach to 

studying distal radius fractures.  While past radius models 

have been developed [1], they have only been tested with 

static loads and validation has been minimal.  Therefore, the 

purpose of this work was to develop and validate a finite 

element model of the distal radius that can be used to simulate 

forward fall impacts. 

 

METHODS 

Surface geometries of the cortical, cancellous and marrow 

regions of a human radius were extracted (Mimics
®
, 

Materialise) from CT images of a representative human radius 

and 8-node hexahedral meshes were developed (TrueGrid
®
 

XYZ Scientific Inc.) (Figure 1). The other components of the 

experimental impactor [2] were also meshed (Figure 1). 

 

Three separate impact events were simulated (LS-DYNA
®
) 

based on experimental tests previously conducted [2] (i.e., the 

appropriate impact velocities assigned to the model projectile): 

i) a pre-fracture event (2.1 m/s); ii) a crack event (2.7 m/s); 

and iii) a fracture event (3.3 m/s). Two element sets were 

created in the locations of the experimental strain gauges 

(dorsal radial styloid and dorsal ulnar side of radius) and 

model forces were recorded from the location of the load cell. 

 

Bone mesh acceptability was quantified using three mesh 

quality metrics: element Jacobians, aspect ratios and 

orthogonality. Values of 0.2, 1, and ±70
o
 were considered 

acceptable, respectively.  Three validation measures were used 

to assess the accuracy of the model in predicting the relevant 

experimental outcomes (i.e., axial force (Fz), and the min. and 

max. principle strains): i) a validation metric (VM) (Eq. 1) [3] 

that quantifies the model-experimental relationship over the 

entire impulse (~ 20ms) (values from 0-1);                              
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(Eq. 1) 

ii) the error between model peak forces and strains with 

respect to the experimental values; and iii) a comparison of the 

model and experimental bone fracture location and severity 

(bone failure was assessed using von-Mises stress criteria).   

         

                                                                        
Figure 1: Modeled components of the experimental set-up. 

RESULTS 

The element Jacobians, aspect ratios and orthogonality 

measures ranged from 0.08 to 12, 1.1 to 26, and -70
o
 to 80

o
, 

respectively. The force and strain VM ranged from 0.10 to 

0.54 and 0.35 to 0.67 (Table 1), respectively. 
 

Table 1: Force and strain validation metrics (VM). 

 

The estimated peak Fz was found to be 19.1%, 28.5% and 

27.1% greater than the experimental peak Fz for the pre-

fracture, crack and fracture events, respectively. The predicted 

min. and max. principle strains were found to differ by a mean 

of 33% across all impact events (3.0% - 75%).  Finally, the 

model was found to accurately predict the location and 

severity of bone damage (Figure 2).  

 
Figure 2: Comparison of model cortical (a) and cancellous (b) 

bone fracture to experimental (c-d) fracture patterns 

(black=failed element with cortical and cancellous critical 

levels = 134 MPa and 5 MPa, respectively). 

 

DISCUSSION & CONCLUSION 

The mesh quality metrics suggest that this was a quality mesh 

suitable for the purpose of these simulations, as 99.5% of all 

elements met the respective quality criteria.  

 

The lowest VM and highest errors tended to occur during the 

crack and fracture impact events, and can be attributed to a 

change in the bone material properties experimentally (i.e,. 

decreased bone stiffness), that were not incorporated into the 

simulations. Overall, the model presented here is a valid 

representation of the distal radius. The impact forces, radius 

responses (strains) and resulting fracture patterns agreed well 

with the experimental findings.  
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INTRODUCTION 

Forward fall-related distal radius fractures account for 

approximately 20% of all fractures and continue to be the most 

commonly seen by orthopaedic surgeons [1]. Regardless, our 

understanding of how these injuries result from dynamic, three 

dimensional impacts is limited. Duma et al. in 2002 [2] 

presented an injury risk criteria model for these fractures that 

included peak axial force; however, no further attempts have 

been made to include variables that better represent the 

dynamic, multi-directional nature of load application typical of 

forward falls. Therefore, the purpose of the current study was 

to identify injury risk criteria, with a focus on the dynamic 

variables, for distal radius fractures. 

 

METHODS 

Eight fresh-frozen, isolated human cadaveric radii were potted 

at a 75
o
 angle up to the distal third of the radius.  A custom 

designed pneumatic impact system [3] was used to apply 

impulsive impacts to the specimen at increasing energy levels, 

starting at 20 J (pre-fracture) and increasing in 10 J 

increments, until a crack (non-propagating damage) and 

fracture (specimen separated into at least two fragments) were 

recorded.  

 

Peak forces, load rates, impulses, and impulse durations, along 

all three force axes (Fx-medial/lateral direction; Fy-

volar/dorsal direction; Fz-axial direction), impact velocities, 

energies and specimen donor demographics (age, height, 

weight and bone mineral density) were included in a best 

subset analysis to develop multivariate injury risk models. The 

model that best represented the crack and fracture events, 

separately, were chosen based on a combination of the highest 

R
2
, low Variance Inflation Factors (<5 to ensure no 

multicollinearity) and the significance of each variable that 

was included (p<0.05), such that the final models accounted 

for the highest explained variance in injury with the fewest 

variables.  For comparison, Fz-only models were also created. 

 

Weibull plots (Figure 1) were created to extract the beta (slope 

of the Weibull plot) and alpha (Eq.1) coefficients, which were 

subsequently used to establish the shape of the cumulative 

distribution functions (Figure 2). The risk scores at 10%, 

probability of injury were also determined.   

   
 (
 

 
)
                                                                               (1)                                                                                                          

where b = the y axis intercept. 

 

RESULTS 

The best subsets analyses resulted in 17 and 14 different 

models for the crack and fracture events, respectively. The 

model that best represented the crack event (Adj. R
2
 = 0.69) 

included Fy Impulse, Fz Load rate, velocity and ln(Fz) (Eq.2 ) 

Figure 1: Weibull plot of the multivariate fracture model. (Pf= 

median rank of the fracture scores from each specimen; 

X=fracture risk score from Eq. 3). 

 

while the best predictive model of the fracture event (Adj. 

R
2
=0.82) included peak Fz, Fy Impulse and velocity (Eq. 3).  

In contrast, Fz alone accounted for only 55% and 29% of the 

variance in the crack or fracture outcomes, respectively.  The 

multivariate survivability curves suggest that there is a 10% 

probability of crack and fracture at risk scores of 0.5 and 0.6, 

respectively (Figure 2).  
 
 

Crack = 5.0+0.2*FyImp+5.0E-7*FzLR+0.1*Vel-0.9*LnFz (2) 

Fracture = -1.1-2.7E-4* FzPeak+0.2*FyImp+6.6E-1*Vel    (3) 
                                                                          

 
Figure 2: Crack and fracture impact event cumulative 

distribution functions 

 

DISCUSSION & CONCLUSION 

Overall, the multivariate models provided better failure 

predictions compared to the models that only incorporated the 

axial (Fz) force. The results presented here highlight the 

importance of considering the dynamic multidirectional nature 

of distal radius loading, and are therefore an important step 

toward developing more effective injury prevention strategies. 

 

REFERENCES 

[1] Hill C et al.  1998. J Hand Surg 23; 196-200. 

[2] Duma S et al. 2002.  Accident Anal Prev 35; 869-875. 

[3] Burkhart TA et al. 2012, J. Ortho. Res. In Press. 

 

ACKNOWLEDGEMENTS 

NSERC, CSB travel award 

0

0.2

0.4

0.6

0.8

1

0 0.5 1 1.5

F
ai

lu
re

 P
ro

b
ab

il
it

y
 (

%
) 

Risk Score 

Crack Fracture

-4

-3

-2

-1

0

1

2

-0.6 -0.4 -0.2 -1E-15 0.2 0.4

ln
 (

ln
(1

/1
-P

f)
) 

ln (X) 

R
2
= 0.95 

β  = 3.7 

α  = 1.1 



INTERPRETING JOINT KINETICS DURING FATIGUING LIFTING: SHOULD WE FOCUS ON CHANGES IN 

JOINT MOMENTS OR CHANGES IN OUR MOMENT GENERATING CAPACITY? 

 

Steven Fischer
1
, Robin Hampton

2
, Matt Cochran

2
, Wayne Albert

2
 

1
School of Kinesiology and Health Studies, Queen’s University, Kingston, Canada, steve.fischer@queensu.ca   

2
Faculty of Kinesiology, University of New Brunswick, Fredericton, Canada 

INTRODUCTION 

Controvery exists as to how fatigue can influence lifting 

biomechanics. Lifters have decreased their range of motion 

(ROM) at the hip and knee [1] and increased their flexion 

ROM at the trunk [2], while other lifters have responded 

oppositely, where hip ROM was increased and trunk ROM 

decreased concurrent with a decrease in moment loading on 

the spine, as a function of time [3]. It remains clear that fatigue 

impacts biomechanics during repetitive lifting; however 

controversy remains regarding the specific role fatigue may 

play, and in particular, whether fatigue is more influential in 

altering the biomechanical demands of the lift or in altering 

ones capacity to continue performing the lifting task. This 

study investigated how the biomechanical demands of the lift 

changed as a function of time (fatigue) while currently 

measuring an index of moment generating capacity.  

METHODS  

Twenty-one university aged participants (11F, 10M) were 

recruited to lift a box repetitively for 75 minutes. Prior to 

lifting they were asked to complete three different static 

maximum voluntary exertions (MVE) (a simulated lift posture, 

trunk extension specific and shoulder flexion specific). They 

were then asked to lift and lower a box weighing 10% of their 

simulated lift MVE force, from floor to a shelf at chest height, 

at a rate of 6 lifts per minute. At 5 minute intervals participants 

were asked to define their perceived level of exertion using a 

Borg scale. Upper body motions were also recorded at these 

intervals, for three consecutuve lifts using the Liberty™ 

electromagnetic motion tracking system (Polhemus, VT, 

USA).  

At the conclusion of the 75 minute protocol, participants 

repeated the trunk and shoulder specific MVE protocols to 

identify any decrements in their moment generating capacity 

from their initial MVEs. The moment loading demands from 

the lifting trials were derived  using a three-dimensional top 

down dynamic linked segment model. The model was driven 

by the measured kinematic data, where  anatomical landmarks 

on each recorded segment were digitized in a static calibration 

process prior to commencing the lifting protocol. Voltage 

gated switches were used to identify the beginning and end of 

each lift, indicating when the load was in the hands. For the 

purpose of this research only the RPE and peak right shoulder 

flexion and trunk extension moment data from the initial (t = 0 

min) and final (t = 75 min) lifting trials were analyzed. 

A one-way repeated measures ANOVA was used to identify 

pre-post / initial-final changes in participants’ capacity 

(shoulder and trunk MVEs and RPE) and demand (peak 

shoulder and trunk moments).   

 

 

RESULTS 

Following the 75 minute lifting protocol all three indices of 

capacity (shoulder MVE, trunk MVE and RPE) changed 

significantly (p<0.01). Shoulder MVE capacity decreased on 

average by 14%, trunk MVE capacity decreased by 18%, and 

the RPE increased by 58% from an average RPE of 9.3 (± 1.9) 

during the initial lifts to 14.8 (± 2.3) during the final lifts. 

Conversely, no significant differences were detected between 

the initial and final peak shoulder flexion (p=0.326) or trunk 

extension (p=0.294) moments produced while lifting the box.  

 
Figure 1: The pre-post moment generating capacity and 

initial-final peak moment loading for the right shoulder and 

trunk.  An asterisk ‘*’ indicates significant differences. 

DISCUSSION & CONCLUSIONS 

Conceptually repetition and fatigue is understood to impact 

risk, not by changing the loading on the body, but rather by 

changing the tolerance to withstand those loads [4]. Yet, 

research continues to quantify how exposures change as a 

function of fatigue or time.  These results, in line with the 

conceptual theory, suggest that the fatigue related decrements 

in capacity (crudely measured here) may be more influential 

towards understanding risk and injury potential, where as 

those decrements were more substantial than the subtle 

changes in exposure observed over the course of the lifting 

protocol. 
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INTRODUCTION 

Currently, no economical method is commercially available to 

assess thorax injury potential from near side impacts. Near 

side impact is defined to be a crash in which the area of 

damage is to the left or right side of the car closest to the 

occupant. Side impact structural elements of a vehicle involve 

complicated analyses, while the response of the human body is 

even more complex. There are several techniques, including 

finite element (FE) and lumped parameter models, used to 

analyze occupant responses to near side impacts. However, FE 

modeling is especially expensive. Here, we propose to develop 

an inexpensive and broadly available means for evaluating the 

likelihood of lateral thoracic injury potential for Abbreviated 

Injury Scale (AIS) being greater than or equal to 3, 4, and 5 

from near-side motor vehicle collisions. For preliminary 

validation purposes, a sample case study was used to evaluate 

our proposed method. 

 

METHODS  

For companies lacking the resources to obtain costly 

proprietary software, we sought to develop a preliminary 

lumped six-mass, six-spring, and one-dampener model as a 

systematic method for assessing thoracic injury in a 90 degree 

impact (Figure 1). The model was additionally constructed to 

determine the 

response of the 

pelvis, spine, 

and thorax of 

an unrestrained 

near side 

occupant of a 

struck vehicle. 

The widely 

available 

software, Matlab, was used for simulation because of its 

economical cost and programing ease. The model accounts for 

several occupant parameters using both Thorax Trauma Index 

(TTI) and Viscous Criterion (VC) injury scales. Simulation 

was achieved using MatLab’s differential equation solver 

(R2010a, Mathworks). VC is a soft tissue injury criterion 

utilizing compression and rate dependence and is used to the 

determine deflection of the rib and the velocity of rib 

compression [1]. TTI presumes injuries to the rib cage and 

lower thoracic spine are related to the maximum lateral 

acceleration [1]. TTI accounts for occupant age and weight, as 

well as combines kinematics with parameters of the test 

subject physique. Maximum likelihood estimation to fit a 

weibull distribution was used to obtain AIS 4 probability 

equations for TTI, Morgan et. al. [2] and VC, Viano et. al. [3]. 

The case used for the model validation was obtained from the 

National Automotive Sampling System (NASS) case web 

query system [4]. The case study involved an unrestrained 

driver of the struck vehicle who received an AIS 4 injury; rib 

cage fracture of more than 3 ribs on the left side with 

hemothorax or pneumothorax and rib cage fracture of 2-3 ribs 

on the right side. In the present case study, it was assumed that 

the vehicles did not rotate once they collided and that the 

width of the area of direct damage on the struck and striking 

vehicle was approximately equal. Initial conditions of the 

program included the velocity of the striking vehicle, the 

weight of the two vehicles, the Kv values for both vehicles, the 

width of the striking vehicle’s bumper, and the struck 

occupant’s age, weight, and height.  

 
RESULTS 

The peak accelerations of the body show that the rib has the 

highest acceleration followed by the pelvis and then the spine. 

The door first contacted the rib and pelvis, resulting in a larger 

displacement than that of the spine. In addition, the rib has a 

more rapid displacement and acceleration than the pelvis 

because the rib mass component is less than the pelvis. The 

maximum acceleration was 145 g for the rib and 49 g for the 

spine. The case study simulation predicted a probability of 

AIS 4 or greater in the range of 56-65% to 68-78% for VC and 

TTI, respectively.  

 

DISCUSSION & CONCLUSIONS 

Our validation of the chosen NASS case study revealed that 

the simulation estimated that an AIS 4 more likely than not 

resulted from the crash sequence, which was similar to the 

NASS report description. The results of our study indicated 

that our model can calculate the probability of an AIS injury of 

4 or greater for this case relatively well. The software code 

allows the spring constants to be easily modified so that a 

variety of cases can be simulated and does not require large 

quantities of computing power. Continued simulations against 

other NASS cases to ensure that our model provides an 

accurate simulation for cases of AIS values 3, 4 and 5 for any 

side impact case is planned. Future iterations include 

development to estimate the injury levels for restrained 

occupants, including side-impact airbags, interior door 

geometry and analysis of oblique vehicle impacts. Current 

limitations of the study include crash conditions limited to a 

90 degree broadside impact with no vehicle rotation. 

Furthermore, the inclusion of restrained occupants and side-

impact airbags was not examined.   
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INTRODUCTION 

Increased medical imaging and computing power, reduced 

cost, and ease of software usability, make finite element 

modeling available to a greater number of researchers. A finite 

element model (FEM) is often used to provide quantitative 

insights to clinical problems that may either be difficult or 

impossible to measure with direct in vivo or in vitro 

experimentation. In the near future, spine FEMs will likely be 

used extensively to contribute to clinical decisions; 

consequently, model validation and sensitivity analysis will be 

extremely important. Jones and Wilcox[1] outlined a 

controlled method for validation and sensitivity analyses for 

spine FEMs. However, a detailed implementation of their 

method has yet to be presented. This investigation presents an 

implementation of Jones and Wilcox’s[1] validation and 

sensitivity approach.   
 

METHODS  

Surface geometries for the model’s vertebrae were generated 

from point clouds obtained by white light scanning (StarCam 

FW-3R 3D, VX Technologies Inc., Calgary, AB, Canada) of 

the vertebrae of a C3-C4 porcine functional spinal unit (FSU). 

Disc geometry was generated using the inferior and superior 

surfaces of the C3 and C4 vertebral bodies respectively. 

Vertebrae were composites of cortical and trabecular bone 

modeled with triangular shell and tetrahedral elements 

respectively. The endplates and intervertebral disc were 

modeled with quadrilateral shell and 8-node brick elements. 

Each of the materials was modeled as homogeneous, linear 

elastic, and isotropic. Assigned material properties were 

identical to a model previously described[2]. Contact between 

articulating facet surfaces was modeled as frictionless and 

non-linear. 
 

Each simulation consisted of first applying a compressive 

force of 813 N (15% of the predicted compressive failure 

force). Anterior joint shear of C3 relative to C4, to a peak 

displacement of 3 mm was applied a rate of 0.15 mm/s. 
 

FEM validation was assessed by comparing simulated 

vertebral reaction forces with applied shear forces measured 

from comparable in vitro shear testing of 24 porcine cervical 

FSUs[3]. Elastic moduli for the cortical and trabecular bone 

were varied ±30% to evaluate sensitivity of the material 

properties. The choice of nodal set for the boundary condition 

application on the C3 vertebral body was also evaluated by 

varying the depth from 4 to 12 mm at 2 mm intervals. 
 

RESULTS 

The simulated shear force-displacement relationship showed a 

strong positive correlation (r = 0.954) with the average in vitro 

shear force-displacement relationship (Figure 1). Simulated 

shear forces also consistently fell within ±2 standard 

deviations of the average force. In particular, the simulated 

joint force was 1.2% greater than the average measured in 

vitro shear force after 3 mm of displacement.    
 

Increasing the cortical bone elastic modulus by 30% resulted 

in an 8.6% increase in simulated force. An identical increase 

in trabecular bone modulus resulted in a 7.3% increase. 

Elevated moduli for both the cortical and trabecular bone 

produced a 16% increase in reaction force. Lastly, increasing 

the depth of the boundary condition nodal set from 4 mm to 12 

mm produced an 18% increase in reaction force.  

 

 
Figure 1: FEM (■) and average experimental (─) (±2SD, - - -) 

shear force-displacement relationships.   
 

DISCUSSION & CONCLUSIONS 

An implementation of the Jones and Wilcox[1] spine FEM 

validation framework was presented. The model was valid in 

anterior joint shear displacements to a maximum of 3 mm at 

0.15 mm/s for the initial material properties and boundary 

conditions. The FEM was found to be sensitive to both elastic 

modulus and depth of boundary condition nodal set, although 

the model consistently fell within ±2 standard deviations of the 

average force. Validation and sensitivity analysis is a crucial 

step in model development that is sometimes not completed as 

thoroughly as it should be. Stringent validation and sensitivity 

testing of an FEM allows outside researchers to make an 

informed decision on the relevance of subsequent results 

generated by that model. Greater importance must be put on 

validation and sensitivity analysis going forward if FEMs are 

to be used more extensively in clinical settings.  
 

REFERENCES 

[1] Jones AC and Wilcox RK (2008). Finite element analysis 

of the spine: towards a framework of verification, validation 

and sensitivity analysis. Medical engineering & physics. Vol 

30(10); p. 1287-1304. 

[2] Howarth et al. (2012). A finite element evaluation of the 

moment arm hypothesis for altered vertebral shear failure 

force. J Biomech Eng. Submitted.  

[3] Howarth et al. (2012). Influence of vertebral morphology 

and pars interarticularis bone density as determinants of 

anterior shear failure tolerance for the porcine cervical spine: 

Development of a mathematical model. Med Eng Phys. 

Submitted. 

0 

500 

1000 

1500 

2000 

2500 

3000 

0 0.5 1 1.5 2 2.5 3 

S
h

e
a
r 

F
o

rc
e
 (

N
) 

Shear Displacement (mm) 



BIOMECHANICAL MEASUREMENTS OF CORTICAL SCREW-BONE STRIPPING TORQUE 

IN HUMAN AND SYNTHETIC FEMURS 

 

Bruce Nicayenzi
1,2

, Meghan Crookshank
2,3

, Michael Olsen
2,3

, Emil H. Schemitsch
2,3

, Rad Zdero
2,4

, Habiba Bougherara
4
 

 
1
Department of Aerospace Engineering, Ryerson University, Toronto, Canada, bruce.nicayenzi@ryerson.ca 

2
Martin Orthopaedic Biomechanics Laboratory, St. Michael’s Hospital, Toronto, Canada 

3
Faculty of Medicine, University of Toronto, Toronto, Canada 

4
Department of Mechanical and Industrial Engineering, Ryerson University, Toronto, Canada 

 
INTRODUCTION 

Orthopaedic fracture fixation plates are applied using metal 

bone screws. Surgeons do this manually by “feel” without 

monitoring the torque applied. Few studies have measured 

the stripping torque of bone screws in human bone [1-3]. No 

studies have measured stripping torque in the synthetic bones 

increasingly being used in biomechanical studies. The 

present aim was to measure stripping torque of cortical 

screws in human vs. synthetic cortical bone. 

 

METHODS 

Sixteen fresh frozen human femurs and 8 artificial femurs 

(Model 3406, Sawbones) were obtained. Standardized bone 

mineral density (sBMD) and clinical T-score measurements 

were taken of human femurs with dual energy x-ray 

absorptiometry (Prodigy, Lunar Corporation). Human 

femurs were all left-limbed and were 69 +/- 15 years old. A 

2.8-mm pilot hole was drilled into the anterior cortex at 

midshaft, so only cortical bone was engaged. Using a digital 

torque screwdriver (Model DID-4, Imada), a 3.5-mm 

diameter unicortical screw (Model 204.014, Synthes Canada) 

was inserted through the pilot hole until failure of the screw-

bone interface (Figure 1). Peak torque and unicortical 

thickness were measured. Peak torques were normalized by 

unicortical thickness and by surface area engaged at the 

bone-screw interface. ANOVA was used for all statistical 

comparisons with p < 0.05 set as the significance level. 

 

 
Figure 1. Cross-sectional view of the midshaft segment of a 

femur specimen. A cortical bone screw was inserted from the 

top into the anterior cortex. 

 

RESULTS 

Stripping torques and cortex thicknesses showed no 

differences for human vs. synthetic specimens (Table 1). 

 

Table 1. Stripping torque results. Values are averages and 

standard deviations in parentheses. 

Parameter Human 

Femur 

Artificial 

Femur 

P 

value 

Absolute Torque 

(N.mm) 

1741 (442) 2012 (176) 0.51 

Torque/Thickness 

(N) 

185 (63) 201 (18) 0.11 

Torque/Area 

(N/mm) 

16.8 (5.7) 18.3 (1.6) 0.49 

Cortex Thickness 

(mm) 

9.7 (1.4) 10.0 (0.0) 0.49 

 

Pearson coefficients (R) showed poor correlations for 

absolute torque and cortex thickness, but there were 

moderate correlations for normalized torque (Table 2). 

Perfect correlation would have yielded R = 1. 

 

Table 2. Pearson correlation (R) results. 

 Parameter sBMD T-score Age 

Absolute Torque  0.32 0.29 0.29 

Torque/Thickness 0.49 0.49 0.53 

Torque/Area 0.49 0.49 0.53 

Cortex Thickness 0.30 0.34 0.42 

 

DISCUSSION AND CONCLUSIONS 

This study provides further evidence to biomechanical 

researchers that synthetic femurs manufactured by Sawbones 

can accurately replicate human femur properties. Given the 

wide range of human stripping torques obtained, clinicians 

may wish to monitor torque during screw insertion, rather 

than using subjective “feel” only, as is currently done 

clinically. To the authors’ knowledge, this is the first 

investigation to directly compare human vs. synthetic femurs 

from Sawbones with regard to stripping torque. 
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INTRODUCTION 
 
The demand for total knee arthroplasty (TKA) surgery is 
increasing dramatically, but it is expected that present human 
resources will be unable to meet the demand in the near future. 
Hence we need to develop objective models to determine who 
will benefit most from TKA in order to effectively manage 
waitlists. This study determined whether changes in pain, 
function and joint loading could be predicted from pre-TKA 
gait biomechanics and muscle activation patterns.  
 
METHODS  
 
57 participants (65 (7) years old, 32 (6) kg/m2) with severe 
medial knee OA were tested within one week prior to TKA 
and approximately one year (365 (54) days) later. Participants 
completed the WOMAC questionnaire [1] at each testing 
session (self-report measures of pain and function).  
 
Three-dimensional motion of the lower limb, ground reaction 
forces, and electromyograms (EMG) from seven lower 
extremity muscles (medial and lateral gastrocnemius, vastus 
lateralis and medialis, rectus femoris, medial and lateral 
hamstrings) were recorded during walking at a self-selected 
speed. External joint moments were calculated using inverse 
dynamics and were amplitude-normalized to body mass.  
EMG data were amplitude-normalized to maximal voluntary 
contraction efforts.  
 
Gait waveforms were time-normalized to 100% of the gait 
cycle then analyzed using Principal Component Analysis 
(PCA) [2,3]. Self-selected gait speed and knee adduction 
moment (KAM) magnitude (PC1) were used as objective 
measures of function and medial compartment loading, 
respectively. Pearson product-moment correlation coefficients 
were calculated between the PC scores and the change in i) 
WOMAC pain and function scores, ii) velocity, and iii) KAM 
PC1 scores. Correlations with p-values less than 0.10 were 
entered into stepwise regression analyses (α = 0.10 to enter 
and leave the model). A regression model was developed for 
the change (post-TKA – pre-TKA) in i) WOMAC pain, ii) 
WOMAC function, iii) walking velocity, and iv) dynamic 
loading (i.e. change in KAM PC1 score). 
 
RESULTS 
 
A phase shift in early stance activity (PC3) for the vastus 
medialis waveform explained 12.0% (p>0.05) and 13.7% 
(p<0.05) of the variance in the change post-TKA in WOMAC 
pain and function scores, respectively. Participants not 
displaying the phase shift had greater improvements in self-
reported pain and function.  

 
Prolonged stance phase activity (PC2) for the lateral 
hamstrings explained 23.6% of the variance in the change in 
gait velocity (p<0.001). Participants with prolonged 
hamstrings activity pre-TKA had greater improvements in gait 
speed post-TKA.  
 
The pre-TKA score for the overall magnitude of the medial 
compartment load (KAM PC1) was the best predictor for the 
change in this variable post-TKA. 62.7% of the variance was 
explained by the pre-TKA PC1 score (p<0.001), with an 
additional 4.8% of the variance being explained by the overall 
amplitude of activity (PC1) for rectus femoris (p<0.05). 
Higher pre-TKA KAM and rectus femoris activation were 
associated with greater post-TKA decreases in the KAM 
overall magnitude. 

 
 
Figure 1: Relationship between pre-TKA KAM PC1 scores 
and the change (post-pre) in KAM PC1. 
 
DISCUSSION AND CONCLUSIONS 
 
While pre-TKA biomechanics and muscle activation patterns 
were poor predictors of changes in self-reported outcome 
measures, they did predict greater proportions of variance in 
objective measures of function and loading. More altered 
muscle activation patterns and higher KAM magnitude pre-
TKA, indicative of poorer pre-TKA gait patterns, were 
associated with greater improvements in gait speed and greater 
decreases in medial compartment loading (KAM PC1). These 
findings have implications for managing TKA waitlists and 
illustrate the difference between subjective and objective 
outcomes. 
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INTRODUCTION 
The forearm crutch enhances control during gait for 
individuals with mobility impairments [1]. Although forearm 
crutches have been used by individuals with long-term and 
short-term disabilities for centuries, there has been relatively 
little change in design compared to advancements in other 
forms of assistive devices. 
 
Forearm crutches have evolved in an attempt to minimize the 
physical impact of crutch walking. Various adaptations have 
been made including incorporating a dynamic mechanism in 
the crutch to absorb impact. A new crutch design has been 
developed with a shock system to reduce the impact of crutch 
loading. It is thought that the dynamic mechanism decreases 
loading impact which will transfer to joints, thereby 
minimizing joint forces. The new dynamic shaft includes a 
urethane polymer which absorbs and returns energy. The new 
forearm crutch has also been developed with a ball-and-socket 
joint at the crutch foot. Other innovative highlights of the 
newly designed  crutch include a lightweight carbon design 
and an ergonomically designed hand pad.  

 
Despite the novel crutch design, it is uncertain how these new 
developments alter the biomechanics of forearm crutch gait. 
Therefore, the objective of this research is to determine the 
kinetic impact of two different models of the novel crutch 
design (one with the dynamic shaft and the other without) and 
determine how these models compare to a Traditional 
commercially available forearm crutch. 
 
METHODS  
Participants: Thirteen able-bodied individuals (5 males and 8 
females) participated in this study.  
Procedure: Three different crutches were compared: the 
SideStix™ Discovery (no shock with a Fetterman™ footpad), 
the SideStix™ Boundless (shock with a rotating footpad) and a 
Traditional model (typically sold in pharmacies).  
Two force plates were used to measure ground reaction forces 
during the swing phase of swing-through gait. Participants 
walked approximately 6 meters crossing over the force plates. 
Data collection occurred until the participant landed with the 
left and right crutches on the corresponding forceplates for 5 
trials. The force plates were sampled at 1000 Hz and data were 
low-pass filtered with a cut-off frequency of 50Hz using a 
fourth-order Butterworth filter.  
Data Analysis: Peak force and impulse for the three-
dimensional ground reaction forces were normalized to body 
weight and converted to units of percent body weight. 
Velocities were calculated for each trial. Each participant’s 

data was averaged across the 5 trials. Statistics were 
performed on the averaged data from all 13 able-bodied 
participants. A repeated measures ANOVA was used to 
determine differences between crutch types. Data from the left 
and right sides were combined for statistics involving peak 
force, impulse and time spent in the body swing-through 
phase. Bonferroni pairwise comparisons were used to 
determine which conditions were different when crutch type 
was significant.  
 
RESULTS 
Peak Force: There was a significant difference in peak values 
for braking and propulsive forces between crutch types 
(F=13.240, p<0.001). The Boundless crutch demonstrated a 
significantly smaller peak braking force compared to the 
Discovery model (p=0.009) and the Traditional model 
(p=0.001) according to a Bonferonni pairwise comparison. 
The Boundless crutch demonstrated significantly greater 
propulsive force than the Discovery model (p=0.008) and the 
Traditional model (p<0.001) according to a Bonferonni 
pairwise comparison. There were no differences in either peak 
vertical force between the three crutch types (F=2.804, 
p=0.07) or in peak medial-lateral force between the three 
crutch types (F=0.027, p=0.973).  
Impulse: There was a significant difference in vertical impulse 
between crutch types (F=5.724, p=0.006). The Boundless 
crutch had a significantly smaller impulse compared to the 
Traditional model according to a Bonferonni pairwise 
comparison (p=0.013). There was no difference in medial-
lateral impulse between the three crutch types (F=1.530, 
p=0.058).  
 
DISCUSSION & CONCLUSIONS 
Implementing a shock absorption system may provide some 
benefit to a forearm crutch user. Our study revealed a 17% 
relative reduction in peak braking force, a 7% increase in peak 
propulsive force, and a 3% decrease in vertical impulse, in 
able-bodied participants, for the Boundless crutch (containing 
a shock system) compared to the Traditional model (typically 
sold in pharmacies). Future research should examine what 
physiological impact these differences may have on joint 
loading and energy expenditure.  
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INTRODUCTION 
To better understand the kinetics of manual wheelchair 
propulsion, the SmartWheel was developed to allow clinicians 
to objectively assess the forces and moments applied to the 
push rims [1]. The SmartWheel is a specialized wheelchair 
wheel that measures propulsion parameters including three-
dimensional forces, push length, push frequency, and velocity 
while an indovidual is wheeling [1]. The SmartWheel is used 
clinically in conjuntion with a standardized clinical protocol 
that aims to assess four key parameters of manual wheeling: 
peak force, push frequency, push length and velocity. The test-
retest reliability of this protocol has yet to be determined. 
Therefore, the objective fo this study was to evaluate the test-
retest reliability of the SmartWheel clinical protocol. 
 
METHODS  
Design: The study used a test-retest design. All subjects were 
evaluated with the same protocol twice within a 7-day period. 
Participants: Ten manual wheelchair users (MWU) with at 
least 1 year of wheeling experience were recruited. Wheelchair 
experience ranged from 1 to 32 years. Fifteen able-bodied 
individuals (AB) were also included but analyzed separately 
from MWU. All participants were between 18 and 65 years of 
age, and able to use a manual wheelchair without pain. 
Procedure: MWU used their own wheelchairs for the study, 
while AB used a fitted elevation wheelchair (elevation, 
Instinct Mobility, Vancouver, BC). The SmartWheel 
(SmartWheel, Three Rivers Holdings, Mesa, AZ) was 
affixed to the dominant side of the subject’s wheelchair and 
used to collect data. The SmartWheel software was used to 
calculate 4 key parameters that are considered clinically 
relevant: average peak normalized force, average push 
frequency, average push length, and average velocity. The 
testing orders of the 3 surfaces were randomized for all 
subjects and all sessions. Adequate rest was provided at any 
time during testing sessions to minimize fatigue. 
Protocol: Data was collected in accordance with the 
SmartWheel clinical protocol, however multiple trials were 
collected for each of the three surfaces (tile, carpet and 5% 
gradient ramp). Subjects began trials from a stationary position 
and wheeled at a comfortable, self-selected speed for 10 
seconds or 10 meters, whichever occurred first. Data was 
collected for 5 consecutive trials. 
Data Analysis: For each parameter of each surface, the intra-
session reliability was calculated using intraclass correlation 
coefficients: ICC2,1 (singe measures) and ICC2,k (average 
measures). The inter-session reliability was calculated using 
ICC2,1 with the first trial of each session. In addition, to ensure 
that stable intra-session measures were obtained for each 

wheeling parameter, ICC2,1  was also calculated based on the 
average of 5 trials for each parameter. ICC values were 
interpreted according to Munro’s classification of reliability: 
0.26-0.49 reflects low correlation; 0.5 to 0.69 reflects 
moderate correlation; 0.7-0.89 reflects high correlation; 0.9-
1.00 indicates very high correlation [2].  
 
RESULTS 
Overall, ICC values for MWU show excellent intrasession and 
intersession reliability for all parameters (ICC ranged from 
0.8-0.98 and 0.7-0.97 respectively). Intrasession ICC values 
for AB parameters ranged from “moderate” to “very high” 
(ICC from 0.5-0.92). Intersession ICC values indicated “low” 
to “very high” (ICC from 0.25-0.9) depending on the 
parameter. For both MWU and AB, using the mean values 
from 5 trials increased both intrasession and intersession 
reliability. 
 
DISCUSSION & CONCLUSIONS 
Although collecting multiple trials in clinical practice requires 
more time, it may be justified by increasing the reliability of 
the SmartWheel clinical protocol. It is critical that clinical 
interventions or wheelchair prescriptions are based on data 
that are reliable, and not on measurement error. Therefore, it 
may be advisable to assess individuals (especially those with 
minimal wheeling experience) on multiple occasions before 
deciding on the effectiveness, of an intervention or settling, of 
a prescribed wheelchair configuration. 
 
The SmartWheel clinical protocol is a reliable method for 
assessing wheeling parameters in MWU and is appropriate for 
evaluating changes in wheeling characteristics for MWU. 
When assessing AB, the SmartWheel clinical protocol showed 
lower intrasession and intersession reliability compared to 
MWU. This group would benefit most from taking the mean 
of repeated measures during their assessments to improve 
intrasession reliability. 
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INTRODUCTION 

Anterior cruciate ligament (ACL) injuries are common and 

involve changes in knee gait kinematics of the affected limb. 

Greater flexion and increased internal tibial rotation have 

been demonstrated [1] and could persist due to the 

proprioceptive deficit. Increased internal tibial rotation is 

associated with knee osteoarthritis initiation in this 
population. This underlines the importance of increasing 

knowledge on modalities to correct this abnormal rotation. 

Science shows that vibration applied to a tendon is 

accompanied by an illusion of stretching and contraction of 

the vibrated muscle (Tonic Vibration Reflex or TVR) or of 

its antagonist (Antagonist Vibratory Response or AVR) [2]. 

This response can affect segment kinematics during gait [3]. 

Knowing that the hamstring acts as a synergist of the ACL, it 

becomes relevant to document the response elicited by 

vibration (TVR or ARV) of its tendon portions. The aim of 

the study was to explore the effect of vibration to the lateral 
and medial hamstrings tendons on transverse plane knee gait 

kinematics of healthy participants and participants with an 

ACL tear. 

 

METHODS 

Two groups six healthy subjects and 7 individuals with 

complete ACL tear (> 50%) for over three months (1 man, 6 

women) participated in this exploratory study. Position and 

orientation coordinates of the femoral and tibial segments 

were recorded using a Fastrak electromagnetic motion 

capture system  (Polhemus, Vermont,USA) and a KneeKG 

captor attachment system (Emovi, Montreal, Canada) while 

participants walked at a comfortable speed on a treadmill. To 

locate the knee joint center and identify the axes, a validated 

calibration protocol was conducted. From these data, 

internal/external rotation angles were calculated during 

complete gait cycles and used as reference. Two walking 

tests were then carried out while a low amplitude (0.5-1 mm) 

vibration of 80Hz was applied to the tendons: 1) the medial 

hamstring and 2) the lateral hamstring. The angle at initial 

foot contact and the maximum internal rotation angle during 

terminal stance were extracted over 15 gait cycles for each 

participant to compare the effect of vibration for both 

conditions (medial and lateral tendon) with the reference 

values. Given the exploratory nature of the study and sample 

size, a descriptive analysis was performed. To determine the 

nature of the response elicited (TVR or AVR) under each 

vibration condition on knee rotation, the difference between 
the parameter of interest and the reference values had to be 

greater than the device’s error measurement in the transverse 

plane (2.3°). 

 

 

 

RESULTS 
The results demonstrated a trend in AVR for healthy 

participants (Figure 1), especially for the vibration applied to 

the medial hamstring. Five of the 6 healthy participants 
showed a decrease in internal knee rotation for at least one 

parameter. An AVR also seemed to be observed with lateral 

vibration, though less frequently (3 of 6 healthy participants) 

and only at initial contact of the foot. Among the ACL 

participants (Figure 2), medial tendon vibration seemed to 

have no effect. We noted that lateral tendon vibration also 

tended to produce AVR by increasing internal rotation for at 

least one parameter in 3 of 7 ACL participants.  
 

Figure 1: Knee external/internal rotation, healthy participants 

Figure 2: Knee external/internal rotation, ACL participants 
 

DISCUSSION AND CONCLUSION 

The results suggested that the AVR was elicited in healthy 

individuals. It was therefore hypothesized that vibration of 

the medial hamstring may correct internal rotation in patients 
with an ACL injury. However, vibration does not seem to 

elicit AVR in these individuals. The lack of reaction of the 

injured knees during medial vibration could be explained by 

the fact that vibration acts on proprioception, which might be 

altered following ACL injury.  
 

REFERENCES 

[1]Torry et al. (2004). Med Sc Sports Exerc, Vol 36(8); p.1403-1412. 

[2] Roll et al. (1989). Exp Brain research, Vol 76(1); p. 213-222.  

[3] Courtine et al. (2007). J Neurophysiol, Vol 97; p.772-779. 

Legend:         
          Reference data (no vibration)      

          Vibration lateral hamstrings     

          Vibration medial hamstrings  

    *    Decreased internal rotation > 2.3° with ref. data 

    †    Increased internal rotation > 2.3° with ref. data 
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INTRODUCTION 
Accurate measurements of scapular orientation are required 
for biomechanical models to predict structural loads and to 
detect abnormal kinematics that may contribute to shoulder 
pathology. It is difficult to measure scapular orientation non-
invasively because the scapula is a broad, flat bone with no 
fixed center of rotation and substantial overlying soft tissue. 
Numerous non-invasive scapular orientation measurement 
approaches exist, such as palpation [1], where scapular 
landmarks (acromion angle, root of the scapular spine and the 
inferior angle) are digitized with a stylus; an acromion marker 
cluster (AMC) [2] which is a rigid plate with reflective 
markers adhered to the posterior flat surface of the acromion; 
and the scapular locator [2], a hinged structure that is attached 
over the scapula with its three ends aligned over the three bony 
landmarks. This study contrasts the performance of these 
methods by comparing the scapular orientation measurements 
obtained using the scapular locator and AMC methods with 
those obtained with the stylus.  
 
METHODS  
Twenty-eight (14M, 14F) right-handed individuals completed 
this study. Nine reflective markers were placed over specific 
anatomical landmarks on the trunk, clavicle and right upper 
arm. An AMC was adhered to the posterior flat portion of the 
acromion. With the elbow flexed at 90o, seated participants 
placed their arm in static postures spread over 5 arm elevation 
angles: 0o, 45o, 90o, 135o and 180o, 3 elevation planes: 0o, 45o 
and 90o and 3 axial rotations: maximum internal rotation, 
neutral and maximum external rotation. Participants held these 
arm positions while a scapular locator was placed over the 
scapula and the scapular landmarks were subsequently 
digitized with a stylus. The AMC remained attached to the 
acromion during all trials. The relative positions of reflective 
markers were recorded using a Vicon MX20+ (Vicon Motion 
Systems, Oxford, UK) optoelectronic motion tracking system. 
A custom software in MATLAB 7.9.0 R2009B (Mathworks, 
Natick, USA) was used to calculate scapular medial/lateral 
rotation, anterior/posterior tilt and retraction/protraction for 
each trial via Euler rotation sequences based on International 
Society of Biomechanics recommendations [3]. Three 1-way 
ANOVAs, followed by a post-hoc Tukey’s HSD, determined 
how measurement method influenced each scapular rotation.  
 
RESULTS 
Differences between scapular angles measured using the 
different methods existed (maximums listed in Table 1). When 
measuring lateral rotation and posterior tilt, all three methods 
resulted in significantly different values across all postures. 
The locator and the AMC underestimated lateral rotation for 
all arm postures and underestimated scapular tilt at low 
elevation angles. The AMC and the locator overestimated 

posterior tilt during overhead postures and this difference 
decreased with plane of elevation and internal humeral 
rotation. When measuring retraction/protraction, the scapular 
locator measurements were significantly different from the 
other methods across all postures. The scapular locator 
overestimated protraction by ~7o in all postures. Conversely, 
the AMC underestimated protraction at low elevation angles 
but overestimated it during overhead postures, especially in 
planes closer to the sagittal plane and during internal rotation. 
The maximum difference occurred at maximum elevation 
angle in the sagittal plane with internal humeral rotation. At 
low elevation angles the protraction measured using AMC 
approximated the stylus measurements better than the locator.  
 
Table 1: Average maximum difference between the methods. 
Positive values indicate overestimation. All values indicate a 
significant difference between stylus and alternative methods. 

Scapular Angle Stylus vs. 
Locator 

Stylus vs. AMC 

Lateral Rotation -10.16o

 

-1.41o 
Posterior Tilt 8.93o 9.55o 
Protraction 7.43o 14.67o 

 
DISCUSSION AND CONCLUSIONS 
This study is the first to directly compare multiple methods of 
measuring scapular orientation and to use the stylus method as 
a comparison standard. Meskers et al. [4] also found that the 
scapular locator underestimated lateral rotation of the scapula 
at low elevation angles in the sagittal plane. Contrary to the 
current study, van Andel et al. [2] found that the AMC 
underestimated scapular tilt, however, the locator was used as 
the ‘gold-standard’, which may be flawed.  The large variation 
between protraction values supports earlier commentary [5] 
that protraction may be most sensitive to soft-tissue artifacts. 
Since scapular kinematics differ depending on measurement 
technique, caution is imperative when comparing results 
across studies. For future studies, the choice of scapular 
tracking method should be predicated on which specific 
scapular rotation is most germane to the research question.  
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INTRODUCTION 
In this study, a mathematical model of inflatable hip protector 
is extracted. The model is developed based on polytropic 
process relation for an ideal gas under adiabatic conditions. 
For system identification, a prototype of the inflatable hip 
protector is tested through sinusoidal excitation on an 
electromagnetic shaker (Figure 2). The results suggest that 
inflatable hip protectors behave like springs that can absorb 
energy to attenuate peak force in the event of falls. The 
stiffness of the inflatable hip protectors depends on geometry 
and initial pressure inside the bag. 
 
METHODS  
Generally, in these types of airbags, as the fall detectors detect 
a fall the inflator inflates the airbag.  Simultaneously, the vent 
let the air outflow to dampen the high amount of produced 
energy to facilitate prevention of hip fracture.As the system 
undergoes a thermodynamic process, the mathematical 
equations which are supposed to describe behaviours of the 
system are written based on polytropic process for a system 
consisting of an ideal gas [1].   
 PVn=constant (1) 
where P and V stand for pressure and volume of the system 
respectivelyand n is polytropic index.  Continuation of 
calculation of this equation leads us to a very simple 
mathematical model of the system ,consisting only a spring 
with stiffness of 
 𝑲 =   

𝒏𝑨𝒆𝑨𝑽𝑷𝟎
𝑽𝟎

+ 𝑷𝟎 − 𝑷𝒂𝒕𝒎 𝑨𝒙  (2) 

which Ae and AV are geometric parameters calculkated through 
experimental tests and P0 stands for initial gaug pressure of the 
sstem 
For model verification and parameter identification of the 
proposed model we designed an experimental setup (Figure 2), 
consisting of a load cell, a pressure sensor and a LVDT to 
measure displacement variation. Different trials including 
various initial pressure, amplitude of displacement were 
conducted to investigate the correctness of the proposed 
model.  
 
RESULT & DISCUSSION  
Experimental results confirm the mathematical modeling 
where spring model (shown in Figure 1) describes the 
mechanical behaviour of the inflated inflatable hip protector. 
That is, during the impact, the effective body mass compresses 
the air inside the bag and thus the airbag absorb the produced 
energy.  

In this study, it is shown an experimental approach to 
determine the magnitude of stiffness. In addition, it is 
indicated that the loss generated heat due to expansion and 
contradiction of air inside the bag is almost negligible which 
justify the insignificant effect of damping in the proposed 
mathematical model. 
 

 
 

Figure 1: Mathematical Lumped-parameter model of the 
inflated airbag system without vent.  

 
 
Figure 2: The setup utilized to study an inflatable hip 
protector. 
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INTRODUCTION 
Wearable hip protectors (padded garments) are a promising 
approach to hip fracture prevention. These devices reduce 
fracture risk by attenuating the impact force applied to the 
proximal femur during a fall. They are made from either soft 
or hard foam rubber or plastic materials. However, it is likely 
that inflatable hip protectors can provide considerably greater 
force attenuation than current passive devices. Due to the more 
complex design and fabrication challenges (and likely cost to 
consumers), they must provide more considerable protection 
than currently available devices to justify the feasibility of this 
option. Toward this end, efficiency of these type of hip 
protectors (as opposed to passive padded ones) is examined 
and the parameters contribute to their efficiency are 
emphasized. 
 
METHODS  
In this study, three inflatable hip protectors in different 
sizes,termed as large, medium and small, fabricated from a 
non-elastic material (vinyl) as shown in figure. 1. SFU Hip 
Impact Simulator is utilized to measure the force attenuation 
provided by each inflatable hip protector (Figure. 2). 
Moreover, in order to compare the efficiency of inflatable hip 
protectors with commercially available ones, we take 
advantage of the study conducted by Laing et al 2011 [1] 
where a comprehensive comparisson of 26 commercially 
available hip protectors reported. 

 
Figure 2: The inflatable hip protectors examined in this study 
 
RESULTS & DISCUSSION 
Force attenuation for small inflatable hip protector was 
observed to be equal with the force attenuation provided on 
average by commercially available passive hip protectors at an 
impact velocity of 2 ms (Figure 3). The medium and large 
inflatable protectors provided 1.5 and 3 times the force 
attenuation provided on average by passive devices.  The 
results, also, indicate geometry, to a large extent, influences 
force attenuation. In contrast, the force attenuation tends to 
increase with increasing impact velocity (contrary to passive 
devices). For example, percentage of force attenuations for 

large, medium and small inflatable hip protector at impact 
velocity of 1 m/s are 58%,  29% and 18% respectively 
,whereas at impact velocity of 2 m/s the figures increase to 
61%, 32.5% and 22.5% , indicating direct relation of impact 
velocity and force attenuation. 

 
 

Figure 2: Simon Fraser University hip impact simulator. A 
surrogate pelvis is mounted on the end of an impact pendulum. 
A load cell located in the femoral neck measures the force 
applied to the proximal femur during a simulated sideways 
fall. 
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Figure 3: Comparison of the biomechanical efficiency 
(attenuation in peak femoral force) at an impact velocity of 2 
m/s between commercially available hip protectors and 
inflatable devices. SIHP: Small inflatable hip protector under 
study, MIHP: Medium inflatable hip protector, LIHP: Large 
inflatable hip protector. 
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INTRODUCTION 
Between-day variation in the position of a body segment’s 
endpoints and thus the orientiation of its local coodinate 
system could skew the interpretation of between-day changes 
in any kinematic or kinetic dependent measure. This study 
examined the influence of link segment model (LSM) 
variation on the calculation of a joint angle, force and moment. 
 
METHODS  
Infrared markers (Optotrak® Certus™, NDI, Waterloo, ON, 
Canada) were secured to one participant’s pelvis and right 
thigh, shank and foot. Each segment’s endpoints were located 
with a digitizing probe and used to define a segment-fixed 
(local) axis system. Motion trials were collected to compute a 
“functional” hip joint center (HJC) and “functional” knee joint 
axis (KJA) [1]. This protocol was repeated 20 times so that 20 
unique LSMs could be created. On two separate occasions 
(reference sessions) the participant performed 3 
countermovement vertical jumps. A force platform (AMTI, 
Watertown, MA, U.S.A.) was used to measure ground reaction 
forces and moments.  
 
The positions of each segment’s endpoints were described 
relative to a local origin (anatomical landmark located with the 
highest degree of reliability across all 20 LSMs) so that the 
proximal and distal radius and segment length could be 
maintained when applied to the reference sessions. As a result, 
each unique LSM could be used with the same motion data, 
thus providing an opportunity to examine the influence of 
variation in the model design process. This entire protocol was 
repeated twice using different segment endpoint definitions: 
A) digitized anatomical landmarks, and B) “functional” joints. 
In each instance knee joint angles, reaction forces and net joint 
moments were computed for the 20 LSMs. Between-LSM 
variation was described by the maximum deviation (2 SD) 
observed across all 20 LSMs at any point during the motion 
trial.  
 
RESULTS 
Slight variation in the position of each segment’s endpoints 
(0.9 – 9.0 mm) altered the orientation of the thigh and shank 
coordinate systems, thus introducing LSM-dependent 
variability into the computation of all knee joint angles, forces  

and moments (Table 1). However, the magnitude of this 
variation was highly dependent on the segment endpoint 
definition (Figure 1); using a “functionally”-defined HJC and 
KJA minimized the variation in each dependent measure 
(Table 1). Knee joint angles and net joint moments were more 
sensitive to variation in the LSM than the reaction forces 
(Table 1). 
 

 
Figure 1: Knee angles (abd/add), forces (med/lat) and 
moments (abd/add) computed with 20 distinct LSMs using: A) 
anatomical landmarks, and B) “functional” joints. 
 
DISCUSSION & CONCLUSIONS 
The interpretation of between-day changes (or between-study 
comparisons) can be influenced by the methods used to create 
the LSM, particularly if computing discrete measures such as a 
peak joint angle or net joint moment (e.g. 13.3 Nm deviation 
in the knee abduction moment). Using functionally defined 
segment endpoints may help to minimize the degree of 
variation introduced via the digitization or palpation of 
anatomical landmarks, and thus provide a more stable way to 
create the LSM for between-day comparisons.  
 
REFERENCES 
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Table 1: Maximum variation across all 20 LSMs created using: A) digitized landmarks, and B) functional joints.  The data are 
presented as a mean (SD) of the same 6 jump trials and expressed as an absolute difference and % total range observed (max-min).  
 

   Right Knee Angle (deg) Right Knee Force (N) Right Knee Moment (Nm) 
Model Variation Flex/Ext Ab/Add Int/Ext Med/Lat Ant/Post Vert Flex/Ext Ab/Add Int/Ext 

2 SD 2.4 (0.1) 8.0 (0.0) 6.7 (0.4) 43 (7) 14 (6) 4 (0) 11.7 (5.6) 13.3 (3.0) 1.3 (0.4) A 
% Range 2.1 (0.1) 33.2 (2.2) 27.4 (3.7) 20 (4) 2 (1) 0 (0) 5.7 (1.5) 14.3 (2.7) 6.5 (1.4) 

                     

2 SD 0.0 (0.0) 0.0 (0.0) 0.1 (0.0) 3 (1) 3 (0) 3 (0) 7.7 (2.3) 3.3 (1.3) 1.0 (0.2) B 
% Range 0.0 (0.0) 0.2 (0.0) 0.4 (0.0) 2 (1) 1 (0) 0 (0) 3.9 (0.4) 3.8 (0.7) 5.3 (1.1) 
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INTRODUCTION 
Tracking the thigh with its adjacent segments (i.e pelvis and 
shank) may minimize the influence of motion artifact and thus 
provide a better estimation of any measure referenced in the 
thigh coordinate system.  This study examined the influence of 
thigh tracking on the between-day variation and magnitude of 
knee joint motion. 
 
METHODS  
Infrared markers (Optotrak® Certus™, NDI, Waterloo, ON, 
Canada), were secured to one participant’s pelvis and right 
thigh, shank and foot. Each segment’s endpoints were located 
with a digitizing probe and used to define a segment-fixed 
(local) axis system. Motion trials were collected to compute a 
“functional” hip joint center (HJC) and “functional” knee joint 
axis (KJA) [1]. This protocol was repeated 20 times so that 20 
unique LSMs could be created. On two separate occasions 
(reference sessions) the participant performed 3 vertical 
jumps.  
 
The positions of each segment’s endpoints were described 
relative to a local origin (landmark located with the highest 
degree of reliability) so that the proximal and distal radius and 
segment length could be maintained when applied to the 
reference sessions. As a result, each unique LSM could be 
used with the same motion data, thus providing an opportunity 
to contrast two thigh tracking methods: A) using one and two 
digitized landmarks (DL) defined in the pelvis and shank (PS) 
coordinate systems, respectively, and B) using a rigid marker 
cluster fixed to the thigh (TH). In each instance segments 
endpoints were defined using anatomical landmarks.  A third 
instance (method C) was included for comparative purposes 
whereby the LSM was created using “functional” joints (FJ) 
and tracked with the rigid marker cluster (as in B). Knee joint 
angles were calculated for each of the 20 LSMs. Between-
LSM variation (2 SD) and maximums and minimums were 
extracted for comparison.  
 
RESULTS 
Tracking the thigh segment using landmarks defined in the 
pelvis and shank coordinate systems did not reduce the 
between-LSM variation, in comparison to the rigid cluster 
method (Table 1). In fact, substantial variation was noted in 
the abduction/adduction and internal/external rotation angles 
for both tracking methods when anatomical landmarks were  
 

used to define the segment endpoints (Figure 1). However, 
adopting the pelvis/shank tracking did impact the magnitude 
(Table 1) and direction of the joint angles (Figure 1); 
substantial differences (~ 9 degrees) were noted in the 
maximum and minimum joint motion in comparison to the 
thigh-fixed method. 
 

 
Figure 1: Knee joint motion described using methods A, B 
and C. 
 
DISCUSSION & CONCLUSIONS 
Tracking the thigh with its adjacent segments minimizes the 
influence of potential motion artifact and may therefore help to 
provide a better estimation of the actual knee joint motion. 
However, this approach has no impact on the between-day 
variation introduced during the LSM design process, which 
implies that the interpretation of any between-day changes in a 
kinematic variable should still be made with caution. To 
facilitate comparisons of this nature it is recommended that 
LSMs be created using functionally defined segment endpoints 
and tracked using landmarks defined in the pelvis and shank 
coordinate systems. 
 
REFERENCES 
[1] Schwartz M and Rozumalski A (2005). Journal of 
Biomecanics Vol 38 (1); p. 107-116. 

Table 1: The between-LSM variation (2 SD), max and min right knee flexion/extension, abduction/adduction and internal/external 
rotation angles across the 20 LSMs for methods A, B and C. The data are presented as a mean (SD) of the same 6 jump trials. 
 

  Flexion/Extension (deg) Abduction/Adduction (deg) Internal/External Rotation (deg) 
Variable DL/PS DL/TH FJ/TH DL/PS DL/TH FJ/TH DL/PS DL/TH FJ/TH 
2 SD 2.4 (0.1) 2.4 (0.5) 0.0 (0.0) 8.0 (0.0) 8.0 (0.0) 0.0 (0.0) 6.7 (0.4) 6.1 (0.5) 0.1 (0.0) 
Max 5.7 (0.7) 6.0 (0.7) 5.2 (0.7) 8.0 (0.5) 7.6 (6.7) 5.9 (8.8) 6.8 (1.3) 7.5 (4.0) 3.8 (4.6) 
Min -103.5 (2.7) -98.9 (3.7) -99.6 (4.3) -4.0 (0.5) -7.1 (6.0) -10.0 (4.4) -6.7 (0.9) -15.4 (9.8) -15.5 (9.4) 



GLUTEAL AND TFL MUSCLE ACTIVATION STRATEGIES DURING BAND ASSISTED HIP REHABILITATION 

EXERCISE PROGRESSIONS 

 

Edward D J Cambridge, Natalie Sidorkewicz, Dianne Ikeda, Stuart M McGill 

Department of Kinesiology, University of Waterloo, Waterloo, ON 

 

INTRODUCTION 

Clinically, there has been an interest in the relationship 

between hip and spine function since the first reporting of 

hip-spine syndrome [1]. This work discussed the effects of a 

pathological hip joint on spine function. Others [2,3] have 

suggested an association between low back pain (LBP) and 

gluteal muscle inhibition as part of the functional 

presentation in some patients with LBP. A variety of 

exercises are offered to enhance gluteal muscle activation 

during functional rehabilitation. Recent studies [4,5] have 

begun to compare muscle activation levels across multiple 

exercises that are commonly used to challenge the gluteal 

muscles. However, there is a paucity of information 

regarding the within exercise progression, specifically 

relating to exercise modifications. A critical question for 

constructing a progressive exercise rehabilitation program is 

the knowledge of muscle activation levels across exercises 

and within exercise modifications. This knowledge will 

allow the clinician to design a rehabilitation program tailored 

to the patient's capabilities and spine tolerance. This research 

seeks to understand the influence of resistance band position 

on muscle activation profiles during two commonly used 

rehabilitation exercises. The effects of altering resistance 

'mini-band' placement (i.e., around the knees, ankles, and 

feet) during two rehabilitation exercises (commonly referred 

to as 'monster walks' and 'sumo walks'), which use upright, 

semi-squat postures during gait to target increased muscle 

activation of the gluteal muscles and TFL, were analyzed.  

 

METHODS 

Nine healthy male volunteers formed a convenience sample 

and performed two styles of modified gait exercises with 

three band placements, while the activation of hip muscles 

and three-dimensional (3D) body segment kinematics were 

recorded. Three electromyography (EMG) channels 

measured neural drive of selected muscles of the right hip 

muscles: gluteus maximus (GMax), gluteus medius (GMed), 

and tensor fascia latae (TFL). Eight optoelectronic cameras 

captured kinematic data. Participants were briefly coached 

on the main features of the exercises and given an 

opportunity to practice until they felt comfortable and had 

achieved competence based on the clinical goals of the 

exercise. Three resistance band placements (i.e., around the 

knees, ankles, and feet) during the two exercises were 

utilized to provide a progressive challenge to the gluteal 

muscles while repeated measures analysis of variance 

(ANOVA) with a Bonferroni adjustment was used to assess 

differences in mean EMG.  

  

RESULTS 

Examining muscle activation profiles in the three hip 

muscles of interest revealed the progressive nature of the 

neural drive when altering band placement. TFL 

demonstrated a progressive activation when moving the band 

placement from the knee to the foot, but not between the 

ankle and foot placements. GMed demonstrated a 

progressive activation when moving distally between band 

placements. GMax was preferentially activated only during 

the foot placement. In addition, spine motion was minimized 

during these exercises and held in a near neutral position 

while the expression of motion occurred at the hip joint.  

 

Figure 1: Mean EMG for TFL, GMed, and GMax for sumo 

walks (left) and monster walks (right). 

 

DISCUSSION & CONCLUSIONS 

The band placements offered a progressive increase in 

challenge for hip rehabilitation, specifically the gluteal 

muscles, while maintaining a fixed neutral spine. The added 

benefit of placing the band around the fore-foot was 

selective enhancement of the gluteal muscles versus TFL – 

presumably by adding an external rotation effort to the hips. 

Moreover, unlike other exercises often prescribed for gluteal 

rehabilitation, these exercises can be used in neutral spine 

posture with limited spine movement. This information may 

assist those who address gluteal activation patterns for 

patients suffering hip and back conditions where gluteal 

activation has been affected.  
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INTRODUCTION 

 A critical question for determining the relevance of spinal 

manipulation (SM) for spine pain patients is the knowledge of 

comparative differences between manual procedures. Multiple 

procedures are offered to manage spine pain with little 

quantitative understanding of how they may be different. Such 

data may inform clinical expectations, their appropriate use and 

future studies on effectiveness of care.  To date, analysis of 

alternate thrust modifications for the same clinical procedure 

have not been evaluated. Moreover, there is a paucity of 

information regarding the characteristics of the force-time 

profile and how it may be skillfully controlled. This paper 

examines the correlation of force-time histories across three 

distinct procedures for the thoracic spine. In addition, classical 

descriptive measures such as preload, peak force, slope of the 

thrust, instantaneous loading rate (ILR) and thrust duration were 

evaluated to explore the potential differences in the force-time 

profile.  

 

METHODS 

A homogeneous sample of twenty-one male volunteers and 3 

clinicians formed a convenience sample from the Canadian 

Memorial Chiropractic College community. The clinicians 

performed one of the three procedure strategies (S1, S2 and S3) 

based on their personal preference and experience. Nineteen 

subjects were treated by each clinician once with a one week 

interval between them. The 3D force time-histories were 

recorded using a previously validated sensing table with a 

mounted force plate (AMTI model number OR6-7-2000, 

London, ON), and inverse dynamics techniques [1]. Cross 

correlation analysis was applied by procedure type. Secondary 

parameters included peak force, preload force, loading rate 

slope, instantaneous loading rate and duration of the impulse 

using ANAOVA testing and Tukey's HSD statistics for pair-

wise comparisons.  

 

RESULTS 

Primary results indicate strong correlations among all strategies 

but with notably different cross-correlation coefficients (0.894 

≤ r ≤ 0.946) based on individual comparisons (Figure 1). 

Classical descriptive components of the force-time curves (e.g. 

preload, peak force, slope, ILR, and trust duration) for each 

strategy group were found to be significantly different (Table 

1). One strategy of force development was significantly 

different from the others in four of the five characteristics. The 

effects of clinician stature were evaluated by normalizing force 

to body mass and these differences remained. 

 
Figure 1: Force-time profiles for three strategies of SM  

 

DISCUSSION & CONCLUSIONS 

The data suggests that the method of force generation during 

administration of a single HVLA procedure has significant 

influence on the characteristics of the mechanical loads that are 

applied. While the overall force signal waveforms are similar, 

the individual components can be very different. Future studies 

investigating clinical implications from these differences, if 

any, will require systematic study of patient response in 

conjunction with physiological biomarkers and biomechanical 

measures as done in the present study.    
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Table 1: Mean (SD) scores for S1, S2 and S3 for each of the five classical descriptive measures: peak force, pre-load, slope, ILR and 

thrust duration 

0 

100 

200 

300 

400 

500 

600 

700 

800 

900 

0.00 0.50 1.00 1.50 

Fo
rc

e
 (

N
) 

Time (s) 

S1 

S2 

S3 
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S1 
157.7 

(31.8) 

566.0 

(105.0) 

0.13 

(0.02) 

3244.7* 

(731.6) 

6359.6* 

(1319.2) 

S2  
179.7 

(24.3) 

625.4 

(51.6) 

0.28* 

(0.11) 

1835.6* 

(693.4) 

5138.2* 

(946.7) 

S3*  
109.1* 

(17.2) 

814.7* 

(69.0) 

0.17 

(0.01) 

4191.3* 

(635.8) 

7559.0* 

(909.1) 
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INTRODUCTION 
Muscle co-contraction is associated with joint stiffness [1].  
Co-contraction of the wrist extensors has been observed 
during gripping [2] purportedly to stabilize the wrist joint. 
However, the stabilizing potential of forearm muscles has not 
been quantified during gripping. To determine an individual 
muscle’s ability to resist joint rotation, knowledge of origin 
and insertion coordinates of a muscle, muscle force, and 
stiffness is required [3]. Thus, evaluating muscle co-
contraction itself may not provide adequate information to 
draw conclusions about joint stability. The purpose of this 
study was to quantify both forearm muscle co-contraction and 
individual muscle contributions to wrist joint rotational 
impedance (JRI) in preparation for sudden wrist perturbations. 
 
METHODS  
Ten right-hand dominant males (178.0 ± 6.0 cm; 77.0 ± 11.3 
kg; 22.7 ± 2.7 yr) performed a sub-maximal gripping task 
while a perturbation device provided a push force that caused 
either wrist flexion or extension. Each participant stood 
upright, next to a table with the right arm positioned above the 
surface (90° elbow flexion, 0° shoulder flexion/abduction), 
forearm mid-prone and wrist in a neutral posture (Figure 1A). 
Participants held a grip dynamometer (MIE Medical Research 
Ltd., Leeds, UK) and performed gripping tasks, which 
included: i) no grip, ii) 5% MVC grip, and iii) 10% MVC grip. 
Surface EMG (Bortec Biomedical Ltd., Calgary, Canada) was 
collected from seven forearm muscles of the right upper 
extremity: flexor carpi radialis (FCR), flexor carpi ulnaris 
(FCU), flexor digitorum superficialis (FDS), extensor carpi 
radialis longus (ECRL), extensor carpi radialis brevis (ECRB), 
extensor carpi ulnaris (ECU) and extensor digitorum 
communis (ED). EMG was collected at 2048 Hz, linear 
enveloped at 3Hz and normalized to maximum. Hand posture 
was collected using an electromagnetic motion tracking 
system (FASTRAK®, Polhemus Ltd., Colchester, USA) via a 
sensor attached to the dorsal aspect of the hand. Three time 
periods were examined: baseline (-150 to -100 ms pre-
perturbation), anticipatory (-15 to 0 ms pre-perturbation) and 
reflex (25 ms to 150 ms post-perturbation). Muscle co-
contraction was calculated for five muscle pairs (ECRL-FCR, 
ED-FDS, ECU-FCU, ECRL-ED, and FCR-FCU). Wrist 
kinematics and muscle activations were used as input into a 
biomechanical model to determine anatomical muscle 
coordinates (Figure 1B) and muscle forces to calculate 
individual contributions to JRI [3]. 
 
RESULTS 
Forearm muscle co-contraction for all pairs had increased co-
contraction from the baseline to anticipatory period (p<0.006). 
During the reflex period, co-contraction was greater than 
baseline for all pairs and greater than the anticipatory period 

for ECRL-ED, ECU-FCU and ECRL-FCR. The 10% MVC 
grip produced greater co-contraction than both 5% MVC grip 
and no grip trials (p<0.003). When normalized to maximum 
wrist JRI (MJRI), the no grip condition produced 10.5 ± 1.9% 
MJRI and the 10% MVC grip 14.4 ± 2.6% MJRI. JRI was 
35% greater in the anticipatory period (13.2 ± 2.2% MJRI) 
than during baseline (9.7 ± 1.6% MJIR). Individual muscle 
contributions were expressed as a percentage of the total JRI 
(%JRIT) for each condition. ECRL had the largest contribution 
(34.5 ± 1.3% JRIT), followed by ECRB (20.5 ± 2.3% JRIT), 
FDS (16.7 ± 3.9% JRIT) and ED (13.0 ± 0.5% JRIT). 

DISCUSSION AND CONCLUSIONS 
Increased co-contraction has been shown to enhance wrist 
joint stiffness [4]; however, no studies have quantified 
individual forearm muscle contributions. This study used joint 
rotational impedance to investigate the effects of gripping on 
sudden perturbations of the wrist. Gripping was used to 
modulate forearm muscle co-contraction.  For this low demand 
grip task (10% MVC), forearm muscle co-contraction 
increased wrist joint impedance by 34% over the no grip 
conditions. The greatest individual muscle contributors to JRI 
were consistent across all conditions. Thus, impedance was 
up-regulated across grip force level rather than redistributing 
muscle requirements. These findings help understand the 
neuromuscular response to sudden loading as well as how the 
system increases joint stability to provide a margin of safety 
for the joint. ECRL and ECRB dominated contributions to 
wrist impedance, indicating a large stabilizing potential. The 
forearm extensors appear vital for maintaining joint integrity, 
yet their stabilizing requirement can lead to increased loading 
and a potential mechanism for overuse injuries in the forearm. 
 
REFERENCES 
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Figure 1: A) Participant preparing for a perturbation. B) Hand
and forearm model developed for JRI calculations. 
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ARE STABILITY REQUIREMENTS DIFFERENT IN OVERGROUND AND TREADMILL LOCOMOTION? 
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INTRODUCTION 
Kinematics and kinetics of overground and treadmill 
locomotion only slightly differ. However, several results 
suggest that the two surfaces require different dynamic 
stability control [1, 2], and affect balance differently with age 
[3]. We thus compared dynamic stability during overground 
(OG) and treadmill locomotion in young and older adults. 
 
METHODS 
Twenty healthy persons (10 young: 21.3 (SD 0.9) yrs, 64.5 
(9.4) kg, 1.76 (0.10) m; 10 older: 71.5 (4.7) yrs, 70.7 (13.3) 
kg, 1.66 (0.08) m), with no balance problems at clinical 
evaluation, participated in the study. A Bertec instrumented 
treadmill was used to record ground reaction forces at 600 Hz 
(4th-order Butterworth zero-lag filter; cut-off frequency: 10 
Hz; re-sampled at 60 Hz) and to determine the global position 
of the centre of pressure. An NDI Certus motion analysis 
system was used to measure 3D body kinematics, sampling at 
60 Hz, from at least 3 non-collinear infrared markers placed 
over each body segment. A digital probe was used on the feet 
contours to determine the limit of the base of support relative 
to foot markers. The participants were asked to walk across the 
ground-level stationary treadmill (OG, 5 trials for 5 steps) and 
on the moving treadmill (5 steps after 30 seconds of gait). 
Recordings were made at the preferred gait speed on each 
surface. In addition, recordings were made at OG preferred 
speed on the moving treadmill to compare balance at the same 
absolute velocity. Step cadence was kept identical using 
auditory pacing set at OG natural cadence for all trials. 
 
To evaluate dynamic stability requirements, we used the 
stabilizing force, i.e. the theoretical force necessary to stop the 
displacements of the centre of mass at the limit of the base of 
support (the higher, the more unstable dynamic balance); the 
destabilizing force, i.e. the theoretical force necessary to bring 
the centre of mass to the limit of the base of support (the 
lower, the more unstable postural balance) and the stability 
index, i.e. the ratio of the two forces (the lower, the lower 
global stability). [4] Each was averaged, during the swing 
phase, between trials of the same condition. Repeated-measure 
ANOVAs were used to compare conditions and groups. 
 
RESULTS 
The two groups differed in terms of clinical balance (TUG: 
p<0.005; BBS: p=0.08) and fast gait speed (p<0.005) (Table). 
Treadmill preferred gait speed was lower than preferred 
overground gait speed in each group (p<0.001) with no 
interaction between group and surface (p=0.17) (Table). 
 
There was no group difference for the destabilizing (p>0.84), 
stabilizing force (p>0.61) or stability index (p>0.12). 

Table: Clinical scores and gait speeds (BBS: Berg Balance 
Scale; TUG: Timed-Up-and-Go, in seconds; POGS: Preferred 
OG Gait Speed, PTGS: Preferred Treadmill Gait Speed, FGS: 
Fast Gait Speed, in m/s) 

 BBS TUG  POGS PTGS FGS 
Young [56] 6.2 

(0.6) 
1.47 
(0.22) 

1.26 
(0.18) 

2.07 
(0.15) 

Older [55;56] 7.5 
(1.0) 

1.35 
(0.16) 

1.04 
(0.21) 

1.80 
(0.22) 

The stability index was lower on the treadmill at OG speed 
than in the two other conditions (p<0.001), which did not 
differ one from the other (p=0.33). The destabilizing force was 
smaller on the treadmill (OG and preferred speed) than OG 
(p<0.001), and smaller at preferred than OG speed on the 
treadmill (p<0.05). The stabilizing force decreased from 
walking on the treadmill at OG speed, to OG gait (p<0.035), to 
treadmill at preferred speed (p<0.005) (Figure). 

 
Figure: Mean stability variables in 3 conditions: Overground 
at preferred speed (OG), Treadmill at OG preferred speed 
(TrOG) and Treadmill at treadmill preferred speed (TrPref) 
 
DISCUSSION & CONCLUSION 
Despite similar stability at preferred speed (index), instability 
was more postural on the treadmill (destabilizing force), and 
more dynamic overground (stabilizing force). At OG speed, 
lower stability on the treadmill is due to lower postural and 
dynamic stability. Further analyses are needed to determine 
the biomechanical variables explaining these differences. 
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INTRODUCTION 
In this work, we use continuum mechanics to investigate the 
origins of spontaneous curvature in commonly accepted 
theories for biomembranes. Specifically, we consider lipid 
bilayers with non-zero spontaneous curvature indicating a 
possible asymmetric molecular compositin between two 
leaflets. The bilayer has been considered as a 3D body which, 
in addition to the bending deformation, can also undergo in-
plane stretching and through-thickness deformation. The first 
part of our study deals with understanding geometry, 
kinematics, and material symmetry of a lipid bilayer with 
spontaneous curvature. The second part involving a dimension 
reduction method delivers an energy density per unit area of 
the membrane. This analysis may also provide a foundation 
for the notion of spontaneous curavture introduced by Helfrich 
[1]. We also determine the conditions under which the 
Canham—Helfrich energy density is valid. Importantly, along 
with the common spontaneous curavture as the natural 
curvature of bilayer, a secondary contribution to the 
spontaneous curacture arises as a consequence of constitutive 
asymmetry between leaflets of the lipid bilayer.   
 
METHODS  
Consider a lipid bilayer, either closed or open, as a 3D body 
[2] undegoing a general deformation (Fig. 1).  
 

• Tangent planes T◦ and Tξ◦ of surfaces S◦ and Sξ◦ at points �X and Xξ◦
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Choose a tangent material line element dXξ◦ at point Xξ◦ as

dXξ◦ = d�X+ ξ◦d = d�X− ξ◦L◦d�X = (Pm − ξ◦L◦)d�X := S◦d�X , (2)

where L◦ represents curvature tensor of surface S◦, which henceforth we call it spontaneous curvature tensor,

and also S◦ = Pm − ξ◦L◦. Note that d�X corresponds a tangent line element on S◦ at the point �X. Since

S◦ and Sξ◦ have same normal vector at the points �X and Xξ◦ , tangent planes T◦ and Tξ◦ are parallel.

Therefore, dXξ◦ and d�X can be expressed in a same tangent space. In addition, S◦ can be seen as a 2D

tensor which maps d�X to dXξ◦ . We may introduce Q◦ as pseudo-inverse of S◦, in which d�X = Q◦dXξ◦ . Q◦
according to the Appendix is given by

Q◦ =
1

I2(S◦)
(I1(S◦)Pm − S◦) , (3)

where I1(S◦) and I2(S◦) are obtainable using Caley–Hamilton theorem for the curvature tensor L◦ as

I1(S◦) = tr(Pm − ξ◦L◦) = 2(1− ξ◦H◦),

I2(S◦) =
1

2
[(I1(S◦))2 − I1(S2◦)] = 1− 2ξ◦H◦ + ξ2◦K◦ := γ(ξ◦).

(4)

Hence

Q◦ =
1

γ(ξ◦)
(Pm + ξ◦L◦ − 2ξ◦H◦Pm). (5)

4

 
 
Figure 1: A lipid bilayer under a general deformation 
 
Assume that the deformation !  maps the bilayer to its 
placement  B  in space. Altough the lipid bilayer has a uniform 
thickness in the reference configuration, its deformed 
thickness need not be uniform. Using suitable geometrical and 
kinematical assumptions, we obtain the general structure of 
deformation gradient F = !" . Treating the biomembrane as a 
hyperelastic material, we endow it an energy density 
W = Ŵ (F).  In the material symmetry analysis, invoking the 
material properties of lipid bilayer, we prove that the above 
constitutive relation must take the form  W = !W (I1, I2, I3) , 
where I1 , I2 , I3  are three kinematic invariants under the 
symmetry group. Next, through a dimension recution 

procedure, we obtain a superficial energy density !  based on 
the 3D energy densityW .  This can be done by integrating 
W in the thickness direction in accord with 

! = W d"0
Thickness
# .   (1)  

To compute this integral, we may simply expand the energy 
density W about !0 = 0 up to any desirable order.    
 
RESULTS 
The consequence of the integration indicated in (1) is an 
energy density, per unit area of mid-surface, 

 ! = !̂ (H ,K ,H 0,K0, J,"S0
J ) , (2) 

in which (H ,K )  and (H 0,K0 )  are spatial and spontaneous 
mean and Gaussian curvatures of the mid-surface, 
respectively, while J and !S0

J  are areal stretch of the mid-
surface and its surface gradient. In the limiting case where 
bilayer is very thin (as usually is the case) and the only source 
of deformation is bending (i.e., J = 1  and thickness does not 
change), we can show that the energy density in (2) reduces to 

         ! =! 0 +
1
2
"1 H # (H 0 + $ )[ ]2 + 12" 2 (K # K0 ),   (3) 

where !1 and ! 2 are bending moduli (that are derivable based 
on W )  and  

 
! = 2h0

2

"1
#W / #I1 + #W / #I2! "$0=0  ,  (4) 

in which  f! "  denotes the jump of f  at the mid-surface and 
h0 is the half thickness of bilayer.  
 
DISCUSSION & CONCLUSIONS 
On the basis of continuum mechanical tools, we present the 
general form of mechanical energy density of biomembranes 
with spontaneous curvature. In the limiting case where the 
bilayer is very thin and its deformation is dominated by 
bending mechanism we retrieve the Canham—Helfrich model 
[1] except we predict an additional term !  which we may call 
it the constitutively-induced spontaneous curvature (which is 
distinct from the purely geometrical quantities H 0  and K0 ). 
Intuitively, !  represents a constitutive mismatch at the mid-
surface due to asymmetry in the molecular composition of the 
bilayer leaflets.  
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INTRODUCTION 
Despite being widely used in biomechanics research, there 
currently exists no standardized protocol for implementing a 
residual analysis to define the “optimum cutoff frequency” 
(OCF) of low-pass digital filters. Given the potential for cutoff 
frequency to impact results, an objective routine to automate 
this process is necessary for consistent data treatment between 
laboratories. Winter [1] suggested that the linear region of the 
residual vs. frequency plot should be used to identify the OCF 
at which there is an acceptable compromise between the 
magnitude of signal distortion and of high frequency noise 
passed through the filter. Therefore, the goal of this study was 
to formalize an objective technique to define this linear region, 
and to examine whether the method could be applied to signals 
other than marker displacement data, as originally proposed by 
Winter [1].   
 

METHODS  
Part I: Development of an objective routine 
A sensitivity analysis was conducted in MATLAB (2011b, 
The Mathworks, Natick, MA) using contrived sinusoidal 
waveforms. The following parameters on the residual vs. 
frequency relationship were hypothesized to impact the OCF: 
(i) linearity criterion magnitude (R2), (ii) frequency axis 
resolution and (iii) range of cutoff frequencies (normalized to 
sampling rate; SR) included in the analysis. 
 

Part II: Application in biomechanics research 
Two existing datasets, for which the experimental methods 
have been previously reported [2,3], were used to evaluate the 
routine devised in Part I (linearity criterion, R2 = 0.81; 
frequency range = 0.25-(SR/10)). Briefly, in study (A) 38 
participants (26 males, 12 females) of an athletic background 
performed 3 maximal effort 5m sprints from a standing start 
on a rubberized indoor surface. Ground reaction forces (GRFs) 
of the first step were recorded from the last two trials at 1008 
Hz using an in-ground piezoelectric force platform (9287B, 
Kistler, Switzerland) positioned directly in front of the start 
line. In study (B) 43 male firefighters performed three 
repetitions of a simulated hose drag (held over the right 
shoulder), using a 6.4cm diameter rope, connected to a 
weighted cable-pulley system (~9.8 kg).  GRFs of the first step 
were recorded at 2400 Hz using an in-ground strain gauge 

force platform (FP6090, Bertec Corporation, Columbus, OH, 
USA). 
 

For each study, four dependent measures were calculated from 
the vertical (V) and horizontal (H) GRFs. These included: (i) 
peak force (PF); expressed relative to bodyweight, (ii) time to 
peak force (TPF), (iii) rate of force development (RFD); 
defined as the maximum slope of the force-time trace, using a 
sliding 50ms rectangular window from touchdown to PF and 
(iv) impulse (IMP); normalized to body mass, reflecting the 
change in velocity of the body’s centre of mass during stance. 
To evaluate the influence of using a 2nd order (dual-pass) 
digital Butterworth filter with an OCF, each measure was 
compared to the raw (i.e. unfiltered) signal and filtered using a 
commonly applied cutoff frequency of 20 Hz (F-20) [4]. The 
frequency below which 95% of the total signal power was 
contained was also computed. 
 

RESULTS 
The method developed in Part I was found to be most sensitive 
to the range of frequencies (normalized to SR) included in the 
analysis. For example, sampling a 5 Hz sine-wave constructed 
with 60 Hz sinusoidal noise for 1s at 1024 and 2048 Hz 
resulted in OCFs of 3.4 and 89.5 Hz respectively.  
 

In Part II, the average (SD) OCF (reported in Hz) for H and V 
GRFs were: AH = 30.4 (8.9); BH = 62.8 (20.0) and AV = 24.3 
(10.3); BV = 68.0 (18.4) respectively. However, 95% of the 
total signal power for H and V GRF signals were below 16.0 
(5.3) and 8.7 (3.2) Hz in study A; and 8.0 (4.2) and 4.8 (1.9) 
Hz in study B. For this reason, both the F-20 and OCF filtering 
conditions had minimal impact on all force-time dependent 
measures, with the exception of RFD (Table 1). 
 

DISCUSSION AND CONCLUSIONS 
Residual analysis may not be appropriate for selecting an OCF 
for kinetic signals. Ultimately, knowledge of the frequency 
content of these signals is imperative when making data 
processing decisions [1]. 
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Table 1:  Average (SD) results of force-time dependent measures; * Significantly different from raw (p < 0.05) 

Study FC 
PF (%BW) TPF (ms) RFD (%BW/ms) IMP (m/s) 

H V H V H V H V 

A 
Raw 82.3 (10.6) 185.7 (19.3) 143.7 (22.3) 117.4 (22.3) 1.30 (0.46)  2.60 (0.58) 0.717 (0.120) 0.564 (0.150) 
F-20 82.2 (11.0) 185.4 (19.4) 143.0 (22.0) 118.0 (21.7) 1.10 (0.34)*  2.18 (0.53)* 0.729 (0.118) 0.573 (0.151) 
OCF 82.1 (10.9) 185.5 (19.4) 142.9 (21.9) 117.7 (22.0)  1.14 (0.35)* 2.20 (0.56)* 0.729 (0.119) 0.571 (0.149) 

B 
Raw 52.1 (11.4) 165.5 (17.3) 250.3 (87.3) 199.6 (65.0) 0.33 (0.17)  0.84 (0.20) 0.451 (0.111) 0.424 (0.116) 
F-20 51.7 (10.9) 165.3 (17.4) 255.4 (80.9) 200.5 (64.9) 0.26 (0.11)*  0.72 (0.21)* 0.457 (0.111) 0.429 (0.115) 
OCF 52.0 (11.2) 165.3 (17.3) 252.0 (85.0) 200.4 (65.2)  0.31 (0.16)* 0.81 (0.20)* 0.452 (0.111) 0.424 (0.116) 
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INTRODUCTION 
Falls are the number one cause of injury in older adults. An 
individual’s risk for falls depends on his or her frequency of 
imbalance episodes, and ability to recover balance following 
these events [1-3]. Currently, there is rapid growth in the 
development of inertial sensor-based wearable fall monitoring 
systems. The utility of these systems would be enhanced by 
the ability to detect imbalance episodes, or “near falls.” In the 
current study, we conducted laboratory experiments to 
determine how the number and location of sensors influences 
the accuracy of an accelerometer-based system and machine 
learning algorithm in distinguishing near-falls from activities 
of daily living (ADLs). 
 
METHODS  
Ten young healthy adults (aged 22 -32 years) participated in 
experimental trials involving near-falls and activities of daily 
living (ADLs). For near-falls, participants were subjected to 
five different scenarios: (i) slips, (ii) trips, incorrect transfer 
while (iii) descending from standing to lying or (iv) 
descending from standing to sitting, (v) misstep while 
walking, and (vi) hit/ bump by another person. For ADLs, 
eight scenarios were included: (i) walking, (ii) standing, (iii) 
rising from sitting, (iv) descending from standing to sitting and 
(v) from standing to lying, (vi) picking up an object from the 
ground, (vii) ascending and (viii) descending stairs. 
Participants performed three trials in each category. In each 
trial, we acquired acceleration data at 128 Hz from triaxial 
accelerometers mounted at the head, sternum, waist, both 
thighs and feet. By identifying an approximate instant of fall-
arrest (for near-fall trials) and activity completion (for ADL 
trials) through accelerometer data we chose a 2.5 s time 
window prior to the aforementioned instant to calculate the 
means and variances of the X, Y and Z axes accelerations 
from each sensor. Support Vector Machine (SVM) was used to 
distinguish near-falls from ADLs where the data from the first 
five subjects were used as training data for the SVM model 
and predictions were then made about the data acquired from 
the remaining five subjects (Table 1). 
 
RESULTS 
We found the sensitivity and specificity of the algorithm based 
on only a single sensor was at least 84%, except for the head 
sensor, which had 78% sensitivity (Table 1). With three or 
more sensors, the sensitivity and specificity was higher than 
95% in most cases. A system consisting of four accelerometers 
(at the head, right thigh and feet) showed the least number of 
false positives and false negatives (FP = 0, FN = 1) and 
sensitivity and specificity of 98.66% and 100% respectively. 
 
DISCUSSION & CONCLUSIONS 

This study demonstrated that various combinations of three or 
more accelerometers provide sensitivity and specificity higher 
than 95% in distinguishing near-falls from ADLs. We also 
found that sensor placement at the feet considerably decreases 
false negatives. The study demonstrates the utility of a 
wearable sensor system in distinguishing near-falls from 
ADLs with high accuracy. Incorporation of this application in 
fall monitoring systems should substantially enhance their 
utility for health professionals in assessing and monitoring the 
effectiveness of strategies in reducing fall risk.  
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Table 1.  Sensitivity and specificity of 3D accelerometer 
arrays in separating near-falls from activities of daily living. 

 
False Positive (FP) = ADLs, incorrectly identified as near-falls  
False Negatives (FN) = Near-falls, incorrectly identified as ADLs  
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INTRODUCTION 

The neutral zone, defined as the region of minimal passive 

stiffness [1], has been used to standardize the testing posture 

of functional spinal units (FSU) for in-vitro biomechanical 

studies. Typically, this region is determined experimentally 
through range of motion (ROM) tests, from which the applied 

moment and measured angular displacement are used to define 

the FSU’s passive stiffness. However, there is currently no 

standardized protocol that exists regarding the magnitude of 

compressive load that is applied during these tests [2]. As 

such, it has become increasingly difficult to make comparisons 

across studies since FSU test postures are typically defined 

using the experimental moment-angle data. The purpose of 

this study was to examine the impact of compressive load 

magnitude on passive flexion-extension (PFE) stiffness and 

neutral zone range. Considering previous research [3], it was 
hypothesized that increasing the magnitude of the compressive 

load would significantly change the passive stiffness of an 

FSU, resulting in different range of neutral zone. 
 

METHODS  

Twenty-one porcine cervical FSUs (12 c34, 9 c56; mean age = 

6 months), each consisting of two adjacent vertebrae and the 

intervening IVD, were excised. Each FSU received four 

repeats of a PFE ROM test with varying magnitudes of 

compressive load (10, 300, 900, 1800 N), applied in a 
randomized order. Using an independent servomotor 

(AKM23D; Danaher Motion, Radford, VA, USA) connected 

in series with a torque cell (T120-106-1K, SensorData 

Technologies Inc., Sterling Heights, MI, USA), three complete 

PFE cycles were applied at a rate of 0.5 degrees per second. 

Throughout each test, the applied moment (Nm) and angular 

displacement (degrees) were sampled at 15 Hz. Using methods 

previously described [4], the first derivative of a fourth-order 

polynomial fit to the PFE moment-angle data was used to 

establish the range of each FSU’s neutral zone. Three 

dependent measures were compared across loading conditions: 
(i) the neutral zone range (i.e. flexion limit – extension limit; 

degrees), (ii) the difference in the flexion limit angular 

displacement between the 10N and the 300N, 900N, and 

1800N testing conditions within each specimen (degrees), and 

(iii) neutral zone passive stiffness (Nm/degree); described by 

the slope of a linear fit to the angle-moment data within the 

boundaries that defined the neutral zone. 

RESULTS 

Increasing the magnitude of the applied compressive load 

significantly decreased the range of the FSU neutral zone, 

while increasing passive stiffness (Table 1). Specifically, the 

neutral zone range was reduced by 41% and 26% when the 
magnitude of compressive load was increased from 10N to 

300N and from 300N to 1800N respectively. Moreover, 

neutral zone passive stiffness increased by 82% from the 900N 

to 1800N testing conditions. The mean changes in the flexion 

limit from 10N to each compressive load tested were within 

±1o, where the 900N condition showed the largest mean 

change of +0.56o (SD 0.72). 

 

DISCUSSION & CONCLUSIONS 

Based on the results of this study, it is recommended that in-

vitro spine biomechanics studies employ a standardized 
compressive load magnitude when conducting PFE tests.  A 

standardized compressive load is particularly important when 

defining flexed and extended postures based on the specimen’s 

neutral zone. These findings are in accordance with previous 

research [3], in which the range of an FSU’s neutral zone was 

significantly reduced and the passive stiffness within this 

range significantly increased with an increase in compressive 

load. The neutral zone flexion limit (calculated for each FSU 

across different compressive load magnitudes) varied less than 

±1o, indicating that the extension limit differs due to a shift in 

the zero-moment position depending on the compressive load 

magnitude. Therefore, conducting PFE tests with a 
compressive load that is standardized to the ultimate 

compressive failure tolerance of the FSU [5] may be 

appropriate when only the flexion limit is of concern for the 

test paradigm. 
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Table 1: Neutral zone range and passive stiffness.  

Dependent Measure 

 

 Compressive Load Magnitude (N) 

 10 300 900 1800 
Neutral zone range (degrees) Mean (SD) 6.74A (1.10) 4.01B (0.56) 3.30B,C (0.32) 2.96C (0.54) 
Passive stiffness (Nm/degree) Mean (SD) 0.03A (0.006) 0.06A (0.04) 0.17B (0.04) 0.31C (0.06) 
Flexion limit difference (degrees) Mean (SD) --- -0.53 (0.59) 0.56 (0.72) 0.27 (0.77) 

Note:  Different superscript letters are significantly different (p < 0.05) 
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Introduction: Stability is defined by the ability 
of a system to return to a state of equilibrium 
following a perturbation, and hence can be 
assessed by quantifying the time-dependent 
response to a perturbation. This response may be 
divided into two phases: 1) an initial phase 
(which we call the “passive response”) that is 
dependent on both the steady state of the system 
before the perturbation and the system’s intrinsic 
mechanical properties; and 2) a second phase 
(which we call “reaction and recovery”), which 
depends upon active neuromuscular control and 
reflexes [1]. Whole body vibration (WBV) is 
assumed to influence neuro-sensory functions at 
both stages of the response [2]. The present study 
observed the effect that WBV has on the factors 
that quantify the passive response phase 
(maximum distance from the attractor after 
perturbation and the time to reach there) and the 
recovery phase (relaxation distance and rate of 
return) in response to the external perturbation. 

Methods: Ten male subjects without a history of 
low back pain completed two experimental tests 
on different days: 1) 45 minutes of seated WBV 
with a dominant frequency of 3 Hz, and 2) 45 
minutes of quite sitting without vibration. 
Directly before (Pre-test) and after (Post-test) 
each vibration condition, subjects were exposed 
to sudden torso perturbations in four different 
directions (left, right, anterior, posterior) while 
seated on a force plate. Each sudden loading test 
(Pre and Post) consisted of the four perturbations 
being applied in a random order over a 50s 
period (Test I), followed by 20s of rest, and 
another four perturbations in 50s (Test II). A 4-D 
state space was created using centre of pressure 
displacements and velocities, and the time-
dependent response to each perturbation was then 
calculated using normalized Euclidean distances 
between unperturbed and perturbed sitting [1]. 

Results: Perturbations were assumed to be 
controlled since no significant differences were 

found in the magnitude or rate of perturbations 
for any condition. In the passive response phase, 
the maximum distance from the attractor (fixed 
point B) was significantly higher in the no WBV 
condition, but the time to maximum distance (t) 
was significantly higher in the WBV condition. 
This can be observed in Figure 1, which shows 
representative data from one subject. Post-test I 
had significantly longer time to max distance 
than any other test. In all cases, irrespective of 
WBV, for the reactive phase, relaxation 
difference (A) was significantly higher in Post-
test I and was reduced in Post-test II. Rate of 
return to the fixed point (β) was significantly 
higher in Post-test I than in any other condition. 

Discussion: In present study, the reduced 
maximum distance from the attractor (B) and 
longer time to reach maximum distance (t), in 
response to perturbations following vibration 
exposure, may be indicative of a passive visco-
elastic effect. Some have suggested that WBV 
exposure influences the neuro-sensory system of 
stability and may delay the reflex responses [3]. 
In this case; however, active reflex control (rate 
of return and relaxation distance) was not 
different between vibration conditions, only 
between pre- and post test. Active control was 
recovered within 2 minutes after exposure.  
 

Figure 1: Representative response to a perturbation. 
 
References: [1] Bruijn et al. (2010): J. Exp. Biology, 213: 3945-3952; 
[2] Radebold et al. (2000): Spine, 25(8): 947; [3] Wilder et al. (2006): 
Spine, 21(22), 2628. 
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INTRODUCTION 
 

The development and progression of knee osteoarthritis (OA) 
have been clearly associated with the magnitude of knee joint 
loading experienced during walking.  We are therefore 
interested in developing therapeutic strategies for offloading 
the knee joint during walking.  One strategy that requires no 
surgery or medication is to modify the walking motion.  A 
variety of potential modifications have been evaluated in 
experiments on human subjects, but it is unknown which 
modication optimally reduces the knee joint load, or if the 
theoretical load-minimizing gait is practical for use in daily 
locomotion (e.g. incurs a relatively low metabolic cost).  
Forward dynamics simulations have been touted for many 
years as a tool for predicting and optimizing clinical outcomes, 
but to date have not been widely used for this purpose. 
 

Therefore, the purpose of the study was to use forward 
dynamics simulations to predict walking gaits that minimize 
the knee joint contact force.  The predictions were compared 
to experimental data to assess their accuracy and feasibility. 
 
METHODS 
 

Simulations were generated using a 2D forward dynamics 
model of the human musculoskeletal system [1] and compared 
to experimental motion capture, ground reaction force (GRF), 
electromyographic (EMG), and metabolic data from walking 
humans [2,3]. The muscle excitation controls, initial velocities, 
and stride duration were optimized to minimize a performance 
index over the time for one periodic stride. 
 

The first simulation (i) attempted to replicate “normal” 
walking by minimizing the gross metabolic cost of transport 
(CoT).  The other three simulations attempted to reduce the 
knee joint contact force by minimizing (ii) the peak knee 
flexion angle during stance, (iii) the peak axial knee joint 
contact force, and (iv) the peak axial knee joint contact force 
while tracking the experimental knee joint angle. 
 
RESULTS 
 

The “normal” simulation walked at 1.34 m/s with a CoT of 
3.74 J/m/kg, compared to 1.33±0.20 m/s and 3.52±0.29 J/m/kg 
in the human subjects (mean±SD).  The simulated joint angles 
and GRF deviated from the human experimental means by 
1.86 SD on average, even though none of these data were 
tracked explicitly.  The peak axial knee joint contact force was 
3.10 times the model’s weight (BW).   
 

Simulations (ii) and (iii) both featured reduced knee flexion in 
stance (Fig. 1) and reduced the peak joint contact force to 2.73 
and 2.31 BW, respectively.  Simulation (iv) reduced the peak 
contact force to 2.42 BW while tracking the measured knee 
angle to a deviation of 1.35 SD on average, using a “toe 
walking” gait with reduced ankle range-of-motion.  The CoT 
for simulations (ii)-(iv) ranged from 4.14-4.26 J/m/kg.   
 

(i) Normal (iii) Min Force

 
Figure 1. Kinematic traces of simulations (i) and (iii). 
 

 
Figure 2. Peak knee joint contact forces predicted by the 
simulations and estimated for the human subject.  Error bars 
are one between-trials standard deviation. 
 
The model predictions were tested on an adult male subject 
who walked normally, with reduced knee flexion, and with 
reduced ankle motion.  Joint loading was estimated using 
inverse dynamics and static optimization.  Reducing knee 
flexion decreaesd the estimated peak joint load (Fig. 2) by 
13% (ES = 1.53), but reducing ankle motion had no effect on 
the estimated load (ES = -0.11). 
 
DISCUSSION & CONCLUSIONS 
 

Forward dynamics simulations may be useful for predicting 
novel gaits for offloading the knee.  However, all predictions 
by a generic model may not generalize to an individual, and 
extensive experimental evaluation may not always be feasible 
(e.g. in individuals with severe knee pain).  Prediction 
accuracy can likely be improved by developing patient-
specific models, e.g. from MRI and joint strength testing. 
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INTRODUCTION 

Anterior cruciate ligament (ACL) injuries are common and 

involve changes in knee gait kinematics of the affected limb. 

Greater flexion and increased internal tibial rotation have 

been demonstrated [1] and could persist due to the 

proprioceptive deficit. Increased internal tibial rotation is 

associated with knee osteoarthritis initiation in this 
population. This underlines the importance of increasing 

knowledge on modalities to correct this abnormal rotation. 

Science shows that vibration applied to a tendon is 

accompanied by an illusion of stretching and contraction of 

the vibrated muscle (Tonic Vibration Reflex or TVR) or of 

its antagonist (Antagonist Vibratory Response or AVR) [2]. 

This response can affect segment kinematics during gait [3]. 

Knowing that the hamstring acts as a synergist of the ACL, it 

becomes relevant to document the response elicited by 

vibration (TVR or ARV) of its tendon portions. The aim of 

the study was to explore the effect of vibration to the lateral 
and medial hamstrings tendons on transverse plane knee gait 

kinematics of healthy participants and participants with an 

ACL tear. 

 

METHODS 

Two groups six healthy subjects and 7 individuals with 

complete ACL tear (> 50%) for over three months (1 man, 6 

women) participated in this exploratory study. Position and 

orientation coordinates of the femoral and tibial segments 

were recorded using a Fastrak electromagnetic motion 

capture system  (Polhemus, Vermont,USA) and a KneeKG 

captor attachment system (Emovi, Montreal, Canada) while 

participants walked at a comfortable speed on a treadmill. To 

locate the knee joint center and identify the axes, a validated 

calibration protocol was conducted. From these data, 

internal/external rotation angles were calculated during 

complete gait cycles and used as reference. Two walking 

tests were then carried out while a low amplitude (0.5-1 mm) 

vibration of 80Hz was applied to the tendons: 1) the medial 

hamstring and 2) the lateral hamstring. The angle at initial 

foot contact and the maximum internal rotation angle during 

terminal stance were extracted over 15 gait cycles for each 

participant to compare the effect of vibration for both 

conditions (medial and lateral tendon) with the reference 

values. Given the exploratory nature of the study and sample 

size, a descriptive analysis was performed. To determine the 

nature of the response elicited (TVR or AVR) under each 

vibration condition on knee rotation, the difference between 
the parameter of interest and the reference values had to be 

greater than the device’s error measurement in the transverse 

plane (2.3°). 

 

 

 

RESULTS 
The results demonstrated a trend in AVR for healthy 

participants (Figure 1), especially for the vibration applied to 

the medial hamstring. Five of the 6 healthy participants 
showed a decrease in internal knee rotation for at least one 

parameter. An AVR also seemed to be observed with lateral 

vibration, though less frequently (3 of 6 healthy participants) 

and only at initial contact of the foot. Among the ACL 

participants (Figure 2), medial tendon vibration seemed to 

have no effect. We noted that lateral tendon vibration also 

tended to produce AVR by increasing internal rotation for at 

least one parameter in 3 of 7 ACL participants.  
 

Figure 1: Knee external/internal rotation, healthy participants 

Figure 2: Knee external/internal rotation, ACL participants 
 

DISCUSSION AND CONCLUSION 

The results suggested that the AVR was elicited in healthy 

individuals. It was therefore hypothesized that vibration of 

the medial hamstring may correct internal rotation in patients 
with an ACL injury. However, vibration does not seem to 

elicit AVR in these individuals. The lack of reaction of the 

injured knees during medial vibration could be explained by 

the fact that vibration acts on proprioception, which might be 

altered following ACL injury.  
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INTRODUCTION 
Impact standards for ice hockey helmets evaluate only unused, 
newly manufactured helmets[1]. Although previous studies 
have investigated the performance effects of used helmets [2], 
there has been little reported regarding the sole effect of age 
on unused helmets. In 2007, Pearsall & Dowler[3] published 
results for the effects of age on five helmet models and found 
that in general unused helmets stored for upwards of 6 years 
maintained their ability to pass the Canadian helmet impact 
standards[1]. However, bonding materials used to adhere the 
foam to the helmet shell tended to become brittle allowing for 
shifting of the padding. This current study will investigate the 
‘shelf life’ of a remaining subset of unused helmets following 
a ten year storage period to complete this longitudinal 
assessment. 
 
METHODS  
Three models of 11-year-old (Y11), untested retail ice hockey 
helmets were impacted according to the preciously used CSA 
z262.1-m90 standard. Helmet age was determined by the 
manufacturing date found on the inside of the shell. Padding 
material varied between models consisting of vinyl nitrile 
(VN), multi-density vinyl nitrile (VNVN) and expanded 
polypropylene (EPP) padding. Each helmet was subjected to a 
40J impact into a rigid steel base. The impact was provided by 
placing the helmet on an EN960 ISO-M size headform 
mounted on a monorail (total assembly mass=5.013kg, impact 
velocity: 3.96m/s). Impact acceleration was measured at the 
headform center of mass by a linear accelerometer (Model 
353B04, PCB Piezotronics Inc) and recorded using Cadex 
Impact v6.9b software. Each helmet model was impacted three 
times at the Crown, Front, Front Boss, Side, Rear Boss and 
Rear locations. Helmets were visually observed for any 
cracking at the impact site or dislodging and damage of 
padding materials. Statistics (repeated measures, general linear 
model) were analyzed using Statistica® software. 
 
RESULTS 
All impacts to the Y11 helmets were below the 275g 
requirement of the CSA helmet standard with the exception of 
the VNVN helmet at the rear boss location (Table 1). Both the 
VN and EPP helmets passed the standard. No visible failure of 
helmet shell was observed however, padding shifted in the VN 
and VNVN helmets due to failure of the adhesives holding 
them in place. Visible permanent dimpling and piercing of 
foam occurred at the rear boss impact site for the VNVN 
helmets.  Significant main effects existed for both factors 
helmet model (F2,27=68, p<0.01) and age (F2,27=22, p<0.01). 
Peak acceleration increased with age. Y11 (139.6g) was 
significantly greater than both Y6 (128.5g) and Y2(125.8g), 
however there was no significant difference between Y2 and 
Y6 results. 

Table 1: CSA z262.1-90 helmet impact standard results (peak 
g, mean ± sd) Testing was conducted in 2003(Y2), 2007(Y6) 
and 2012(Y11) *Adopted from prior study [3] 

Site Helmet  (Y2*) n=3 (Y6*) n=4 (Y11) n=5 

  
Front 

  

VN 117.6±13.9 99.5±7.5 117.8±10.5 

VNVN 109.8±5.4 99.9±0.7 109.6±4.2 

EPP 126.6±2.3 146.7±2.9 129.4±4.1 
  

Front 
Boss 

  

VN 136±22.6  102.3±3.9  102.6±11.5 

VNVN 125.7±3.5 117.3±8.4 118.9±9.8 

EPP 120.5±18.3 138.4±16.4 114.1±6.7  

  
Side 

  

VN 122.5±9.0 114.4±6.4 114.1±9.8 

VNVN 172.4±19.9 142.1±12.8 161.1±7.5 

EPP 246.5±18.5 211.6±7.5 213.5±8.4 
  

Rear 
Boss 

  

VN 106.1±11.7 127.3±33.6 179.8±29.2 

VNVN 108.1±13.2 135.0±20.9 294.6±41.6 

EPP 96.3±8.9 127.6±16.4 121.1±30.8 

  
Rear 

  

VN 96.1±6.8 111.7±12.4 135.7±4.8 

VNVN 102.0±3.6 131.9±29.5 140.7±11.9 

EPP 95.1±3.1 110.9±4.4 106.6±3.5 

  
Crown 

  

VN 113.0±2.1 107.1±10.4 100.2±6.7 

VNVN 115.0±2.9 110.3±2.6 106.4±5.3 

EPP 155.3±7.6 179.4±3.8 147.6±10.5 
 
DISCUSSION & CONCLUSIONS 
There appears to be a measureable change in helmet 
performance as the materials degrade resulting in increasing 
levels of peak acceleration with increasing age. A CSA z262.1 
approval is valid for 5 years following approval of a 
representative sample. As previously reported all Y2 and Y6 
helmets passed this standard. The results of this study suggest 
that unused helmets greater than six years old should likely be 
avoided given the significantly greater acceleration values 
measured at Y11 and the breakdown of bonding materials. 
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INTRODUCTION 

High vertical loading rates (VLR) of the ground reaction 

forces have been linked to increased risk of stress fractures 

when running [1]. Previous footwear research has shown that 

there are clear kinematic differences between shod, minimal 

and barefoot running conditions [2]. Moreover, it has been 

shown that these kinematic changes are coupled with altered 

loading rate patterns [2,3]. Runners who are transitioning 

away from traditional footwear may be unaware or 

misinformed of the biomechanical changes that are induced by 

minimalistic footwear. Gait retraining through biofeedback has 

been successful in reducing loading rates over an 8-week 

training protocol [4] but consumer availability to biofeedback 

when running is limited. To the authors’ knowledge, there are 

have been no published studies reporting lower limb 

adaptations over a prolonged period of time (10 min) in 

minimal footwear, rather discrete running trials are typically 

used to characterize footwear differences. Therefore, the 

purpose of this study was to measure kinematic adaptations in 

the right lower limb while treadmill running in minimal 

footwear for a prolonged trial. Prior to conducting the study, it 

was hypothesized that a transition period would exist when 

running in minimal shoes with no prior experience.    
   

METHODS  

Seven recreational runners were recruited for this study. 

Inclusion criteria required participants to engage in a 

minimum of 20 km of running per week and be and injury free 

for the past year. Runners also had no previous experience 

with minimal footwear. Running was conducted on a treadmill 

at a self selected speed and included three prolonged trials 

each lasting 10 minutes. Runners were instructed to select a 

pace similar to a moderate day of training and once running 

speed was determined it was kept constant for all trials. The 

first and third trials were performed in runners’ own shoes. 

Trial two was considered the minimal running trial where 

runners wore a flexible shoe with minimal midsole 

construction (Nike Free 3.0, Nike Inc., Beaverton, OR, USA). 

Rating of perceived exertion was collected at the 5 and 10 

minute mark of each running trial to obtain some metric of 

effort. Kinematic data were collected with an Optotrak Certus 

system (NDI, Waterloo, ON) at a sampling rate of 100 Hz.  All 

data were processed using Visual3D software package (v4.85, 

C-Motion, Germantown, MD).  Four sagittal plane dependent 

measures were used for analysis, including: (i) foot (relative to 

lab system), (ii) ankle, (iii) knee and (iv) hip joint motion. All 

raw (time-varying) kinematic waveforms were consolidated in 

MATLAB (2011b, The MathWorks Inc., Natick, MA) and 

analyzed over 50 stride epochs throughout each prolonged 

trial.  
 

RESULTS 

Average (SD) running speed was 3.27 m/s ±0.33. Across all 

epochs, sagittal plane foot angle relative to the lab system at 

heel strike was decreased in the minimal footwear condition 

(18.56° ±0.30°) compared to the baseline and post test landing 

angle in subjects’ own shoes (20.91°±0.30° , 22.0°±0.68°). 

Coefficient of variation for the pre, minimal and post trials for 

foot landing angle were 23%, 44% and 27% respectively. 

Upon heel strike, sagittal plane ankle motion decreased 

throughout the baseline trial as it went from 3.33° ±2.4 to 

0.53° ± 4.4. Interestingly, a similar trend was observed in the 

minimal footwear condition, with decreased sagittal plane 

ankle motion (0.99° ± 3.58 to -0.58 ± 3.78).  
  

DISCUSSION & CONCLUSIONS 

Findings suggest there is an immediate adaptation in sagittal 

plane foot landing angle (relative to the lab) when wearing 

minimal shoes. It was hypothesized there would be a transition 

period as runners become familiar with the shoes. Sagittal 

plane ankle angle was decreased in the minimal condition 

compared to the baseline condition. Based on ankle motion 

changes that were observed within the minimal footwear 

condition kinematic variables may change while using a 

prolonged protocol. Current foot landing results do not support 

this contention as within trial values were consistent 

throughout each trial. When returning to one’s own shoes 

during the post-test, the amplitude of ankle dorsi flexion is 

elevated in comparison to both the pre and minimal 

conditions.  
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Figure 1: Mean (± 1 SD ) Sagittal plane foot motion (relative to the lab system) at heel strike.  
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INTRODUCTION 

Bone loss around orthopedic screw due stress shielding and its 

consequent screw loosening and avulsion is one of the main 

concerns of surgeons. In this study, bone remodeling 

algorithm based on strain energy density (SED) stimulus is 

combined with finite element approach to evaluate 

biocompatibility of screws. As seen from this parametric 

study, stress shielding can be avoided by a change in screw 

design parameters. 

 

METHODS  

A 2D axisymmetric idealization of bone-screw geometry is 

modeled using the FE package of ANSYS [1] (Fig. 1). A 

dimensionless set of stress-transfer parameters (STP) and 

strain energy density-transfer parameter (SEDTP) are 

developed to quantify the screw–bone load sharing which are 

defined as follows [2]: 

𝑆𝑇𝑃𝛼𝑖 =
𝜎𝐵

𝑖

𝜎𝑇
𝑖  (1) 
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where 𝜎𝐵
𝑖 is stress in the bone between consecutive screw 

threads, 𝜎𝑇
𝑖 is stress in the midpoint of screw threads and N is 

the total number of screw threads. Lower STP and SEDTP 

values indicate weak load transfer to bone which is a sign of 

stress shielding. Bone properties are changed during the 

simulation using following remodeling functions according to 

the literature [3]: 

where 𝜌 and B respectively are the apparent density and 

remodeling constant and 𝐾𝑀𝑖𝑛  , 𝐾𝑀𝑎𝑥 , 𝐾𝑂𝑣𝑒𝑟𝑙𝑜𝑎𝑑𝑖𝑛𝑔  are SED 

reference values. In every iteration bone properties is updated 

via two separate density-elastic modulus relationships for 

cortical and cancellous bone including proelasticity. 

Cortical bone 𝐸 = 2065 × 𝜀0.06 × 𝜌3.09 (9) 

Cancellous bone 𝐸 = 1964 × 𝜀0.06 × 𝜌1.64 (10) 

In this study, the configuration of functionally graded material 

(FGM) follows the patterns from literature [4].  

 

RESULTS 

The results indicate that STP and SEDTP values for FGM 

screw are higher than for fully metal screw which means better 

bio-compatibility. A decrease in material gradient and elastic 

modulus of metal fraction through an increase the volume 

fraction of ceramic the stress shielding risk decreases. Also 

increasing screw major diameter, thread numbers and 

decreasing minor diameter, and pitch, enhance STP and 

SEDTP values. 

 
Figure 1: Geometry, boundary conditions, loading and points 

used to define parameters 

 

DISCUSSION AND CONCLUSIONS 

By manipulating screws design parameters, many revision 

surgeries can be avoided. Several clinical and experimental 

investigations support the results proving that simplicity of 

model provides a standard benchmark for investigation of 

screw design parameters. 
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INTRODUCTION 
Abdominal wall muscles play a vital role in generating 
controlled movement of the lumbar and thoracic spine. The 
unique anatomical arrangement of the four muscles (rectus 
abdominis (RA), external oblique (EO), internal oblique (IO), 
transverse abdominis (TrA)) has inspired descriptions and 
related hypotheses regarding its function as a composite-
laminate structure.1 This composite laminate-like morphology 
has been hypothesized to enhance the ability of the abdominal 
wall to transfer force and stiffen the spine. Material properties 
of the components of this composite must be understood in 
order to define the structural basis for the properties of the 
abdominal wall.  However, the passive mechanical properties 
of the abdominal wall muscle fibres and extracellular matrix 
remain unclear and thus motivated this study. 
 
METHODS  
Biopsies of RA, EO, IO and TrA were obtained from Sprague-
Dawley rats. Testing was performed in a relaxing solution to 
ensure muscle properties were assessed in a passive state. 
Single fibres and small fibre bundles (comprised of 4 to 8 
fibers ensheathed in their connective tissue matrix) were 
isolated and tied to pins secured at one end to a force 
transducer, and at the other end to a high-speed motor to 
manipulate specimen length. A diode laser was used to 
transilluminate the specimen and generate a diffraction 
pattern, enabling sarcomere length measurement during 
testing. Specimens were initially lengthened until they started 
to generate a measurable passive force (termed slack 
sarcomere length). From this length the motor was controlled 
to provide rapid stretch to the specimens in increments of 
approximately 10% strain. After each stretch, the fibre or fibre 
bundle was held at constant length for three minutes to allow 
stress relaxation to occur. A minimum of seven stretches were 
performed on each specimen. Sarcomere length changes 
relative to initial slack length were used to compute specimen 
strain. Force at the end of each three minute relaxation period 
was normalized to fibre or fibre bundle cross-sectional area to 
calculate stress. These data were used to calculate elastic 
moduli for all specimens. 
 
RESULTS 
Single fibres displayed a toe region followed by a linear elastic 
region, whereas fibre bundles displayed a non-linear stress-
strain relationship that was best characterized by a second-
order polynomial function (Fig. 1). Thus, to better compare 
mechanical properties between fibres and bundles, we 
calculated the sarcomere length for each muscle at which fibre 
bundles became stiffer than single fibres. These lengths were 
as follows: RA = 3.05 μm; EO = 3.06 μm; IO = 3.20 μm; TrA 
= 2.80 μm. 

 
There were no statistically significant differences in elastic 
modulus among the four abdominal wall muscles for either 
individual fibres (p = 0.347) or fibre bundles (p = 0.836). 
Slack sarcomere lengths were not significantly different 
among the four abdominal wall muscles (p = 0.375). 
Individual muscle fibres and fibre bundles did have 
statistically different slack sarcomere lengths (p < 0.001), with 
bundles being shorter than fibres. 
 

0

10

20

30

40

50

60

70

0 0.2 0.4 0.6 0.8 1 1.2

St
re
ss
 (k
Pa
)

Strain

bundle raw data points
bundle curve fits

fiber raw data points
fiber curve fits

 
Figure 1: Representative stress-strain raw data points and 
curve fits for three individual RA muscle fibres and three RA 
fibre bundles.  
 
DISCUSSION & CONCLUSIONS 
Our results demonstrate that the four abdominal wall muscles 
have similar passive mechanical properties. In each of these 
muscles the extracellular connective tissue matrix appears to 
play an important role in regulating passive mechanical 
behaviour. Specifically, the connective tissue matrix provides 
a substantial stiffening effect at long sarcomere lengths 
(beyond the range of 2.80 to 3.20 μm). 
 
Brown et al.2 predicted, based on architectural analyses of 
human abdominal wall muscles, that, as the lumbar spine 
moves through its full range of motion, abdominal wall 
muscles (in particular EO and IO) lengthen well beyond the 
plateau of the force-length relationship. The stiffer connective 
tissue matrix observed here in the fibre bundles could provide 
the stiffening effect that may be necessary to transmit loads 
and stiffen the spine at these moderate and long muscle 
lengths. 
 
REFERENCES 
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123. 
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INTRODUCTION 
The effects of stretch-induced damage, such as loss of force 
and appearance of localized sarcomere damage, are often 
explained by the popping sarcomere hypothesis [1]. This 
hypothesis contends that sarcomeres operating on the 
descending limb of the force-length relationship (FLR) are 
unstable. During a stretch, they are thought to undergo rapid 
lengthening until filament overlap is lost (‘popping’), resulting 
in contractile failure. However, there is no direct evidence to 
confirm that popped sarcomeres are functionally damaged. In 
fact, recent evidence suggests that sarcomeres that are 
stretched from optimum length to lengths well beyond 
filament overlap do not exhibit reductions in force or  
discontinuities in function [2]. These results suggested that 
sarcomere overstretching is not necessarily associated with 
functional failure. The aim of this study was to test the 
hypothesis that popped sarcomeres can regain filament overlap 
thereby retaining their structure and force capability. 
 
METHODS  
Isolated myofibrils (n=13) obtained from rabbit psoas muscles 
were mounted in a fluid exchange bath containing a relaxing 
solution (pCa = 9.0) with one end attached to a glass micro 
needle and the other end to a silicon nitrate cantilever [3]. 
After maximal activation with an activating solution (pCa = 
3.5), at optimal sarcomere length (~2.6 µm), myofibrils were 
stretched by 0.9 µm sarcomere–1 at a speed of 0.1 µm 
sarcomere–1 s–1, then shortened immediately to their starting 
lengths at the same speed and allowed to contract isometrically 
for ~30s before relaxing. The length of each individual 
sarcomere within a myofibril was measured continuously by 
projecting the striation pattern of the myofibril onto a dense 
linear photodiode array [3]. 
 
RESULTS 
Out of the 182 sarcomeres contained in the 13 myofibrils, 35 
sarcomeres were overextended at the peak of stretch, and 26 of 
these regained filament overlap in the shortening phase, while 
9 remained overextended. Figure 1A shows the distribution of 
the sarcomere stretch magnitudes on the FLR. Sarcomeres 
with initial length on the descending limb, on average, were 
stretched less than the sarcomeres on the ascending limb.  
 
Approximately 35% of the sarcomeres with initial lengths on 
the descending limb of the FLR were overextended (Figure 
1B) with 9% remaining overextended in the shortening phase. 
In contrast, only 2% of the sarcomeres with initial lengths on 
the ascending limb and plateau region were overextended, and 
none of these remained overextended in the shortening phase.  

 
Figure 1: (A) Distribution of stretch magnitudes for 
sarcomeres with initial lengths on different regions of the FLR 
(gray) and within the descending limb (open). FLR is only 
approximate. Error bars, ± 1 SE. (B) Open bars, at the peak of 
the stretch; closed bars, after return. 
 
DISCUSSION & CONCLUSIONS 
The findings of this study provide first ever direct evidence 
that overextended sarcomeres can regain filament overlap in 
the shortening phase following stretch, and that the likelihood 
of overextension is higher for sarcomeres residing initially on 
the descending limb of the force-length relationship. 
Interestingly, the sarcomeres on the descending limb are 
stretched less on average than those on the ascending/plateau, 
suggesting that it is not a “weakness” of the sarcomeres or an 
“instability” that makes them more prone to be overextended; 
rather, it appears to be a statistical phenomenon that those 
sarcomeres closer to losing filament overlap will do so more 
frequently than sarcomeres far away from losing filament 
overlap. 
 
REFERENCES 
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and Herzog W (2010) Am J Physiol Cell. 299: C14-20. [3] 
Panchangm A and Herzog W (2011) J Biomech. 44:2144-9 
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INTRODUCTION 
Degenerative disc diease has been characterized by changes in 
compositional, structural, and functional changes to the whole 
intervertebral disc (IVD) [1]. However, investigations of 
altered mechanics of the anulus fibrosus are relatively few, 
especially in degenerated IVDs. The purpose of this study was 
to determine the mechanical changes that occur in the anulus 
following induced degeneration in a rabbit model and as a 
result of natural degeneration in human IVDs.  
 
METHODS  
 
Induced Degeneration:  
Twelve New Zealand white rabbits (9 months old) were used 
for the induced degeneration portion of this study. Eight of the 
12 rabbits underwent spinal surgery (experimental group) and 
the additional four served as age-matched control animals. In 
the experimental group, disc degeneration was induced in two 
IVDs (L2/3 and L4/5) via anular puncture [2]. Specifically, an 
antero-lateral approach was taken to expose the IVD that was 
to be punctured. Once exposed, an 18G needle was used to 
puncture the IVD.  
Animals resumed normal activity post surgery and disc height 
was assessed biweekly via x-ray. Four rabbits were sacrificed 
one month post-puncture and the other four at three months 
post-puncture. Following sacrifice, T2-weighted MR imaging 
was used to confirm degeneration development in the 
punctured IVDs (Figure 1). Four IVDs from each rabbit were 
excised (two non-punctured controls and two punctured 
IVDs). Two anulus samples were dissected from each IVD. 
Peel tests in a 180° "T" configuration (Figure 2) were 
conducted on multi-layered anular samples to assess strength 
and in particular, resistance to delamination. 
 
Natural Degeneration (human tissue): 
Preliminary data have been collected (similar 180° "T" peel 
tests) from human lumbar IVDs. The degeneration grades [3] 
of the IVDs were determined independently by two medical 
doctors in order to compare healthy IVDs with degenerative 
IVDs. Future work will include further examination of 
additional lumbar spines in order to determine if findings are 
similar to those observed in the rabbit model. 
 
RESULTS 
 
Induced Degeneration:  
Disc height, obtained from x-ray imaging, decreased by up to 
23% 12 week post-surgery indicating degeneration in the IVD. 
Further, T2 MRI values in the nucleus of the IVD were lower 
in the punctured discs compared to non-punctured (p=0.002), 
indicating reduced hydration and the presence of degeneration. 

Peel strength was also found to be 26% lower in anular 
samples from punctured IVDs compared to control IVDs from 
the same rabbit (p=0.01) and 30% lower than samples 
obtained from the non-operated control rabbits (p=0.02).  
 

 
Figure 1: MRI of a non punctured (left) and punctured (right) 
IVD three months post-surgery. 
 

 
 

Figure 2: “T” configuration of anular tissue sample used for 
peel testing (left: dissected tissue; right: mounted tissue). 
During mechanical testing, the tissue peels apart between 
adjacent anular layers. 
 
DISCUSSION & CONCLUSIONS 
The IVD puncture resulted in decreased IVD height and 
decreased water content as shown by the X-ray and MR 
images. These are typical changes observed in naturally 
degenerated IVDs. Further, degeneration also decreased the 
peel strength, and thus the resistance to delamination in the 
anulus. This was to be expected as delamination and cleft 
formation are also often observed in degenerated IVDs [1]. 
Preliminary results from cadaveric tissues with natural 
degeneration have shown a similar trend of decreased peel 
strength as that seen in the rabbit anular puncture model. 
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Puncture. Spine 30;p. 5-14. 
[3] Pfirrmann, CW et al. (2001). Magnetic Resonance 
Classification of Lumbar Intervertebral Disc Degeneration.  
Spine 26:p.1873-1878.



KNEE ADDUCTION MOMENT IN HEALTHY WOMEN WITH NORMAL AND HIGH BMI 
 

Joel L. Lanovaz, Quinten S. Paterson, Valerie Wellens 
College of Kinesiology, University of Saskatchewan, Saskatoon, Canada (joel.lanovaz@usask.ca) 

 

INTRODUCTION 
Increased BMI is a known risk factor for the development of 
knee osteoarthritis (OA) [1].  Women in particular are at an 
increased risk of developing OA when they reach 40 to 50 
years of age [2]. The link between excess body mass and 
cartilage wear has long been assumed but relatively few studies 
have looked at the biomechanics of persons with high BMI, 
especially before the onset of OA [3].  The external knee 
adduction moment (KAM) has been linked to both the severity 
and progression of OA as it is an indirect measure of medial 
compartment loading [4].  The purpose of this study was to 
examine the relationship between BMI and KAM during 
walking in healthy women at an age just prior to increased risk 
of knee OA. 
 
METHODS  
A total of 16 pre-menopausal women between 35 and 45 years 
of age were analyzed for this study.  Participants had no self 
reported knee pain or history of knee injury and completed the 
Western Ontario and McMaster (WOMAC) osteoarthritis index 
questionnaire.   
 
Participants were recorded while walking at their normal self-
selected pace along a 6 m runway.  Lower limb kinematic data 
were collected using an 8 camera 3D motion capture system (F-
20, Vicon Motion Systems, CO, USA).  A force platform 
embedded in the runway was used to collect ground reaction 
forces (OR6-7, AMTI, Watertown, MA, USA).  A combination 
of static and functional calibration data were used to estimate 
hip, knee and ankle joint centres.  Segmental inertial 
parameters for each participant were estimated using whole 
body dual-energy X-ray absorptiometry scan data and 
geometric models.  Inverse dynamics techniques were used to 
calculate the KAM during the stance phase and the first KAM 
peak was identified for each trial (Figure 1).  Data were 
collected for both left and right limbs with 6 successful trials 
averaged for each limb.  Limb data were combined by 
averaging to obtain a single value for each participant. 
 
For analysis, participants were divided into two groups based 
on BMI (Normal: <25 kgm-2, n=10; High: >30 kgm-2, n=6).  
Independent t-tests were used to compare between groups.  
Significance was set at p<0.05.   KAM data were expressed 
both normalized to body mass*height and in absolute form. 
 
RESULTS 
No differences were found between groups for age, stride 
velocity, and WOMAC score (Table 1).  In the High BMI 
group, the absolute peak KAM value was significantly larger 

and the normalized peak KAM was significantly smaller 
compared to the Normal BMI group (Table 1). 

 

 
 

Figure 1: Average and SD of absolute stance phase KAM for 
the Normal (solid/grey) and High (dots/hatched) BMI groups. 
 

DISCUSSION & CONCLUSIONS 
This study is one of very few to examine the relationship 
between KAM and BMI in adults without OA [3].  A unique 
aspect of this study is the similar self selected walking speeds 
between the Normal and High BMI groups.  In previous 
studies, increased BMI has been associated with lower self 
selected speeds which can confound moment data. In the 
current study increased BMI produced an increased peak 
absolute KAM which is consistent with several studies.  
However, our results also show an inverse difference in 
normalized KAM values, which might be expected but is less 
common in the literature.  Both differences have not been 
previously reported in the same study.  The difference in 
normalized KAM suggests that persons with high BMI may be 
adopting a strategy to reduce medial knee compartment 
loading.  The mechanics of this strategy have yet to be fully 
understood. 
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Table 1: Group comparisons [mean (SD)].  * indicates significant difference between groups (p<0.05)  
 BMI* 

(kgm-2) 
Height 

(m) 
 Mass* 

(kg) 
Age 

(years) 
Stride 

Velocity (m/s) 
WOMAC 

Score 
KAM* 
(Nm) 

KAM Norm* 
(Nm/kgm) 

Normal: 21.9 (1.5) 1.64 (0.03) 58.7 (4.4) 38.7 (2.8) 1.31 (0.13) 0.50 (1.08) -31.4 (2.6) -0.328 (0.029) 
High: 34.5 (3.2) 1.69 (0.09) 98.5 (8.3) 40.6 (3.9) 1.28 (0.15) 1.17 (1.33) -40.0 (8.7) -0.234 (0.050) 
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INTRODUCTION 
Wearing ankle braces reduces the incidence of ankle injuries 
by restricting the ankle joint position [1], specifically at the 
instance of impact. Several studies have examined the effect of 
bracing on the mechanics of the ankle, but little research has 
been done examining the associated biomechanical changes at 
the knee [2,3]. Although ankle injuries are common to both 
genders, females are at an increased risk for knee injuries than 
males [1]. The purpose of this study was to examine the effect 
of ankle braces on ankle kinematics, knee moments and joint 
stiffness during the impact phase of a drop jump in elite 
female athletes.  
 
METHODS 
Eight Canadian Interuniversity Sport (CIS) female basketball 
athletes were recruited for this study (age: 21.38 ± 2.23 years 
(mean ± SD), height: 171.5 ± 6.1 cm, mass: 67 ± 7.1 kg and 
4.0 ± 1.3 years of CIS level experience).  Each participant 
performed single legged forward jumps.  For each jump, the 
participants dropped forward from a height of 30 cm, landed 
on their dominant leg and then jumped forward in a 
continuous motion. Each participant performed 10-15 jumps 
with and without ankle braces while wearing standard team 
running shoes. In the braced condition, participants wore 
identical lace-up ankle braces sized for them (ASO, Medical 
Specialties Inc., Charlotte, NC, USA).  All braces were new.  
All participants were familiar with wearing this type of brace 
and did so regularly for all their practices and games. 
 
Lower-body 3D kinematics were collected using an 8 camera 
motion capture system (F-20, Vicon Motion Systems, CO, 
USA, SR: 200 Hz) and ground reaction forces during the 
landing were synchronously recorded with a force platform 
(OR6-7, AMTI, Watertown, MA, USA, SR: 2000 Hz). Ankle 
kinematics of the jumping limb were obtained at the instance 
of touchdown. Inverse dynamics techniques were used to 
calculate knee moments. Ankle and knee stiffness values were 
obtained by calculating the first derivative of the joint 
moment-angle curve. Peak knee moments as well as sagittal 
ankle and knee stiffness values were calculated during the first 
5% of ground contact. For each participant, data were 
averaged over 6 trials for each condition and two tailed paired 
t-tests were used to examine the main effect of brace with a 
significance level set at p<0.05.  
 
 

 

RESULTS 
Ankle brace application was associated with a significant 
mean difference in ankle position at impact, displaying an 
increase in ankle inversion of 3.32°, and as well as decreased 
plantarflexion of 5.34°. The ankle also displayed a shift from 
internal rotation at impact to an externally rotated position at 
impact, a shift of 4.64° (Table 1). Brace application was also 
associated with a significant change in knee moments at 
impact, including a 0.14 Nm/kg increase in knee abduction 
moment and a 0.48 Nm/kg increase in knee extension moment 
(Table 1). The ankle brace displayed a significant increase in 
sagittal plane stiffness (Control: -4.28 N·m/°, Brace: -4.85 
N·m/°) at the ankle joint during impact, however, no 
associated changes in sagittal plane knee stiffness were 
observed.  
 

DISCUSSION & CONCLUSIONS 
Our current data indicates bracing has a significant ability to 
alter both the ankle joint kinematics and the knee joint 
moments at impact. We speculate that the change in ankle 
position, which occurs prior to impact, is caused by the 
increased ankle stiffness observed with the brace application. 
The added stiffness of the brace decreased plantarfexion and 
positioned the foot into an externally rotated position, a 
mechanism thought to reduce strain on the lateral ankle 
ligaments. However, the observation of increased ankle 
inversion (potential for increased lateral ligament injury) has 
not been previously reported with in the brace literature. The 
observed changes in knee moments have the potential to 
increase injury risk. Specifically, increases in knee extensor 
and abduction moments are thought to increase strain on the 
anterior cruciate ligament. Clinically, this research provides 
new insights into how ankle braces affect highly trained 
athletic female populations with respect to ankle and knee 
dynamics at impact and offers information regarding the risk 
and reward involved with brace application decisions.   
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INTRODUCTION 

Canada’s working population is aging (the number of older 

workers is expected to double within the next 10 years [1]) . 

This trend has the potential to influence worker performance 

and risk of injury, and the manner in which work is designed. 

However, while psychophysically derived estimates of safe 

hand loads are commonly used to design manual materials 

handling tasks [2], it is unknown whether estimates of safe 

lifting masses differ for older vs. younger workers. The 

purpose of this study was to test the hypothesis that 

psychophysical estimates of maximum acceptable loads would 

be lower for older compared to younger female workers. 

 

METHODS  

Participants will include 12 older women (+ 50 years of age) 

and 12 younger women (20-30 years of age) who are 

experienced manual material handlers (at the time of abstract 

submission, data from 7 older workers had been collected). A 

40 minute period allowed the participants to familiarize 

themselves with the lifting frequencies (1 lift/9s, 1 lift/2 min, 

and 1 lift/8 hr) and heights (floor-to-knuckle and knuckle-to-

shoulder) (outlined in Table 1). The participant was given 15 

minutes to complete Task 4 (Table 1), followed by 30 minute 

trials for Tasks 1-3, during which participants were instructed 

to ‘work as hard as they could without straining themselves, or 

becoming unusually tired, weakened, overheated, or out of 

breath’[2]. For each lifting task, the participant adjusted the 

load (by adding or removing lead shot into a false-bottomed 

box) until they arrived at their perceived maximum acceptable 

load (loadmax). The box weight was ‘perturbed’ by adding 2-3 

kg at the midpoint of each task to ensure participants were 

actively monitoring the workload and adjusting the mass. 

 
RESULTS 

The following results are from 7 participants (all from the 

older age group). Our mean values were ranged from 27 to 

43% lower than the 50
th

 %ile values from Snook. For all task 

conditions, the mean loadmax values from our participants were 

less than the values Snook and Ciriello [2] reported that 90% 

of females felt they could lift safely for similar task demands 

(Figure 1).We also observed that loadmax was within 3% of the 

mass chosen immediately prior to the midpoint perturbation. 

 
 

Figure 1: Comparison of our older female loadmax (hatched; 

mean +-SD) to percentile values (% of women that felt they 

could lift mass safely) from Snook and Ciriello [2] across 

lifting tasks. 

 

DISCUSSION & CONCLUSIONS 

The current results provide some initial indications that the 

commonly used Snook and Ciriello tables [2] may 

overestimate the psychophysical estimates of safe lifting 

masses for older female workers. As the workforce is aging, 

this may have implications for inclusive design (typically 

aiming to accommodate 5%ile females to 95%ile males). 

Analyses of our older and younger worker groups will allow 

stronger conclusions as the task conditions will be identical 

with our younger worker group. From a methodological 

perspective, our results indicate that workers are able to 

determine a loadmax value within the first 15 minutes of a 

lifting task. This information will be helpful for those 

designing experimental protocols aimed at further 

characterizing psychophysical safe loading limits.  
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Table 1: Descriptions of tasks selected to probe cardiovascular and strength factors (corresponding to tasks investigated previously 

by Snook and Ciriello [2]) 

Task System 

challenged 

Lift type Body part challenged Distance 

(cm) 

Box width 

(cm) 

Lift frequency (1 lift 

every) 

1 cardiovascular floor-to-knuckle lower limb / trunk 76 34 9 s 

2 strength floor-to-knuckle lower limb / trunk 76 34 2 min 

3 strength knuckle-to-shoulder upper limb 76 34 2 min 

4 strength knuckle-to-shoulder upper limb 76 34 8 h 
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INTRODUCTION 

Accelerometers are becoming an increasingly important tool 

in the study of human movement.  Their ease and 

affordability, combined with the potential to collect large 

amounts of continuous data outside the laboratory setting 

makes them excellent tools for gait analysis.  Research has 

demonstrated the effectiveness of a single tri-axial 

accelerometer in measuring mean spatiotemporal parameters 

of gait, but there is limited information on their ability to 

assess measures of gait variability [1].  While the clinical 

applications of gait variability are not yet fully understood, 

these measures are believed to be critical in understanding 

the motor control of gait [2].  Therefore, it is necessary to 

establish an effective method to measure gait variability with 

the tri-axial accelerometer for future gait analysis 

applications.  The purpose of this study was to assess the 

concurrent validity of a tri-axial accelerometer in measuring 

mean spatiotemporal gait parameters and their variability, 

compared to a criterion footswitch device.   

METHODS 

A total of 82 healthy adults, ranging in age from 19 to 85 

years, wore a tri-axial accelerometer (ADXL330, Sparkfun 

Electronics) and footswitch device (Interlink Electronics) 

concurrently during a 10 minute walk around a 200m indoor 

track.  Data was sampled at 100 Hz and stored in separate 

logomatic v2 data loggers.  Acceleration data was processed 

using a fourth-order, zero-lag, low pass Butterworth filter 

with a cut-off frequency of 2 Hz.  Individual step times were 

then measured with a common peak-positive method [3] and 

an alternative peak-negative method, both from the 

anteroposterior acceleration signal.  These processing 

techniques computed separate mean step times and stride 

times, as well as step time and stride time variability (SD), 

which were then compared to those measures determined by 

the criterion (footswitch) device.   

RESULTS 

The results showed that both methods displayed excellent 

agreement (ICC = 0.970 – 1.0) with the footswitch device on 

all measures, except step time variability, where the peak-

negative method displayed fair levels of agreement (ICC = 

0.524), but the peak-positive method displayed poor levels of 

agreement (ICC = 0.181).  Additional statistical procedures 

(repeated measures ANOVA) confirmed the methods only 

differed significantly (p < 0.001) on the measure of step time 

variability.  Follow up tests revealed step time variability 

computed with the peak-positive method was significantly 

different than both the footswitch (p < 0.001) and the peak-

negative method (p < 0.001), but the peak-negative method 

was not significantly different from the footswitch (p = 

0.107).   

DISCUSSION 

The findings of this study confirm that the accelerometer is 

an effective tool for measuring mean spatiotemporal 

parameters of gait, as well as stride time variability.  On the 

other hand, the measurement of step time variability may not 

be as robust.  Specifically, the peak-positive method 

displayed significantly different results than both the 

footswitch and the peak-negative method.  While this peak-

positive method has been the method of choice in many tri-

axial accelerometer gait variability studies, it was originally 

only validated using stride times [3].  The findings may be 

related to extraneous positive peaks observed with certain 

individuals and walking speeds [3].  These additional peaks 

could greatly affect the timing when using the peak-positive 

method, but may be minimized with the peak-negative 

method.  Furthermore, the differences in validity between 

steps and strides may relate to differences in these additional 

peaks between left and right limbs.  For example, step time 

requires a foot event in the contralateral limb, but stride time 

only requires a foot event in the same limb.  Therefore any 

idiosyncrasies in acceleration patterns of contralateral steps 

would be irrelevant in the latter example.   

CONCLUSION 

Accelerometers are effective tools for measuring mean 

spatiotemporal parameters and stride time variability, but 

less effective for step time variability.  Using a peak-

negative method, as opposed to a peak-positive method, may 

be a more effective way of measuring of step time 

variability, as it is less affected by multiple positive peaks 

that can occur in some individuals and walking speeds. 
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INTRODUCTION 
 The deformation of the muscle-tendon complex in 
response to forces depends on architectural design, tissue 
properties and activation patterns. In this study we derive a 
mathematical model of muscle which is amenable to finite 
element simulation, and which allows for flexible prescription 
of tissue properties and architecture. Architectural design 
within this model is characterized by its volume, pennation 
angle, orientation of fascicle planes and tissue distribution 
(both with respect to its properties and its dimensions). The 
model design is intended to be general enough to support both 
dynamic and isometric studies of muscle. 
 Biological soft tissues exhibit anisotropy, near-
incompressible behaviour and support large deformations. The 
material anisotropy is consistent with a 'fibre-reinforced' 
framework, where the material is isotropic in a plane 
transverse to the local fibre direction (transverse isotropy). 
Key to the computation of such hyperelastic deformations is a 
careful description of the constitutive laws and strain energy 
for the muscle-tendon complex. 
 There are many studies that have modeled muscle 
responses in different loading conditions. In many earlier 
works simpler elements (i.e. spring-damper) and formulations 
were used. In order to have a muscle model with detailed 
architecture and be able to replicate many loading conditions a 
finite element study seems to be more practical. Among the 
strain energy functions that have been used for modeling soft 
tissues (including muscle) there are two distinct approach. The 
first approach (i.e. Weiss et al. 1996) had its strain energy 
based on invariants of a Cauchy-Green deformation tensor 
(classic formulation). The benefit of this formulation is that it 
is much easier to solve for the elasticity equation, and avoids 
higher levels of nonlinearity when compared to formulations 
from the second approach (i.e. Criscione et al. 2001). 
However, the second approach defined physically-based 
invariants and allows a faster and more understandable way in 
defining material constants using experimentally measured 
material properties. 
 In this study we introduce a new strain energy 
function, derived from both these previous approaches, to 
model muscle tissue elasticity. 
 
METHODS  
 Starting from a continuum description of a nearly-
incompressible fibre-reinforced material, we derive 
constitutive laws that encapsulate many of the known 
properties of muscle. These include isotropic behaviour along 
directions transversely oriented to the local fibre direction, as 

well as the ability to independently vary the activation states 
of different regions of the muscle. We incorporate different 
tissues in the muscle-tendon complex by appropriate choices 
of material properties.  
 We assume the local stresses arise purely in response 
to the local changes in configuration and neglect, for the 
current study, the history-dependent contributions. The 
stresses can be derived from a strain-energy function that must 
be invariant under changes of the observer's frame of 
reference, and that must also possess the transverse symmetry 
associated with muscle fibres. We explicitly include the fibre 
direction into this strain energy function. The invariants of the 
Cauchy-Green deformation tensor provide other contributions 
to the strain energy, and encode information on the local 
muscle properties. 
 We are then able to construct a suitable model of 
strain energy, which can be used to calculate deformations of 
the muscle-tendon complex under different loading conditions.  
 
DISCUSSION & CONCLUSIONS 
 The physically based invariants introduced by 
Criscione et al. (2001), beside developing a higher degree of 
nonlinearity, seem to depend on the order that consecutive 
loadings are evaluated (i.e. cross-fiber shear, along-fiber 
stretch and along- fiber shear). This makes the formulation 
unreliable for some situations such as dynamic loading. 
 In analogy with prior work (see i.e. Blemker et al. 
2005 or Criscione et al. 2001), we also describe invariants of 
motion which can be related to experimentally-measurable 
quantities. These in turn enable the measurement of elasticity 
parameters in the model. However, the strategy to solve the 
finite element solution will be based on classical 
hyperelasticity strategies, using the constitutive laws for 
muscle. 
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INTRODUCTION 

Maximal voluntary isometric contractions (MVIC) are 

commonly used to obtain reference amplitudes to normalize 

electromyographic (EMG) signals. It has been questioned 

whether this process is appropriate when normalizing EMG 

from dynamic contractions as it has resulted in muscle activity 

greater than 100% [1,2]. The purpose of this study was to 

assess four means of obtaining reference amplitudes to 

normalize EMG from dynamic shoulder activities. 

METHODS  

Twelve healthy males (176.2 ± 9.1 cm; 76.3 ± 11.9 kg; 

22.0 ± 1.5 years) with no history of shoulder injury were 

recruited from the university population. Surface EMG was 

recorded from the anterior (AD), middle (MD) and posterior 

(PD) deltoid, infraspinatus (INF), latissimus dorsi (LD), 

pectoralis major (PM), upper (UT) and lower trapezius (LT) of 

the right arm and trunk (AMT-8, Bortec Biomedical Ltd.).   

Participants performed a bi-directional wheel rotation task 

at 60°/s with maximal effort (Biodex 4, Biodex Medical 

Systems). Muscle activity from the wheel task was normalized 

to the peak excitation found in each of the following: i) during 

muscle specific manually resisted MVIC; ii) during the MVIC 

for any muscle (MVICALL); iii) during a maximum voluntary 

dynamic contraction (MVDC) in flexion-extension, abduction-

adduction, and internal-external rotation; and iv) from any 

experimental contraction (MEE), including those from i-iii and 

the experimental task itself.  

The method which elicited the greatest overall excitation 

(or MEE) for each muscle was determined and, when obtained 

from an MVDC, the angle was also recorded. EMG 

normalized to each method was ensemble averaged and peak 

activity for each muscle was compared with an analysis of 

variance (CI=95%). Significant effects were further examined 

using a Bonferroni corrected post-hoc t-test.  

 

 

 

RESULTS 

In 10 of 12 participants, the MEE for MD was found in 

the MVDC at 71.0° ± 20.4º of abduction. The abduction 

MVDC also elicited the MEE for UT and LT in 58% and 50 % 

of participants at mean angles of 63.2° ± 21.5° and 68.3° ± 

25.2°, respectively. For AD, the MEE was split between 

conditions. In 50% of participants, the AD MVE was found in 

the flexion MVDC (48.1 ± 26.1º), with 30% in the MVDC for 

abduction (75.9 ± 6.3°) and 20% in an MVIC (Table 1).  

Peak muscle activity for AD, MD, LT and PM (all p < 

0.05) was 1.4-1.8 times higher when normalized to MVIC than 

MEE. Peak PM activity was 102.7 ± 55.2% MVIC versus 62.9 

± 18.3% MEE (p=0.03). Due to the frequent inability of the 

MVIC to elicit the MEE, the variability was also much greater 

when normalized to MVIC than MVDC or MEE. 

DISCUSSION & CONCLUSIONS 

The literature is wrought with reports of EMG surpassing 

100% of “maximal” activity, at times reaching 150-300% 

[1,2]. Results from the current study strongly suggest that 

MVDC is a more appropriate means of obtaining true 

maximum muscle activity and is superior for normalizing 

EMG in dynamic contractions. For AD, MD, UT, LT and INF, 

the angle at which peak excitation was achieved during the 

MVDC trials varied greatly across subjects, spanning over 

60°. Normalizing EMG to dynamic reference contractions has 

seen previous success [1,3] and the current data strongly 

supports using this approach when investigating shoulder 

muscle activity during dynamic tasks. 
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Table 1: Summary of the conditions in which maximal experimental excitation (MEE) were found for each muscle.  Numbers 

represent how many participants elicited the MEE in each condition. 

Maximal Experimental Excitation Contraction (# of participants) 

 MVIC 

Specific 

MVIC 

Other 

MVDC 

Flexion 

MVDC 

Extension 

MVDC 

Abduction 

MVDC 

Adduction 

MVDC 

External 

MVDC 

Internal 

MVDC 

Wheel 

Total 

(n=12) 

AD 2  6  4     12 
MD 1  1  10     12 
PD 1 1 1  1  3  5 12 
UT 2 2 1  7     12 
LT  2   6  4   12 
PM 2    1   2 7 12 
LD 3 5  4      12 
INF 2 1 4  3  2   12 

Total 13 11 13 4 32 0 9 2 12 96 
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INTRODUCTION 

Prolonged lifting may be associated with an incrase injury risk 

due to fatigued muscles being less capable of reacting to any 

perturbations that occur during a lift.  Repetitive muscle use 

leads to reduced functional capacity, known as fatigue.  In 

lower force tasks, fatigue is an ongoing process which may 

result in increased perceived effort and a reduction in the 

maximal force generating capacity of a muscle [1].  This study 

investigated the neuromuscular changes in a general and two 

local fatiguing lifting protocols. 

METHODS  

Thirteen university students performed a lifting task consisting 

of lifting a box weighing 10% of a lift specific maximal 

voluntary isometric exertion (MVIE) from the floor to a chest 

height shelf at a rate of 6 lifts per minute.  The lifting task was 

performed under three different fatiguing conditions (general, 

back and shoulder) on separate days. Prior to the lifting 

conditions, the participants completed trunk extension and 

shoulder flexion MVIE.  General fatigue consisted of 75 

minutes of consecutive lifting. Shoulder and back fatigue 

consisted of 5 minutes of baseline lifting followed by a 

shoulder or back fatigue protocol, respectively and then 5 

minutes of post-fatigue lifting.  Borg perceived level of 

exertion was collected throughout the lifting protocols. Trunk 

extension and shoulder flexion MVIE protocols were repeated 

at the end of the lifting trials.  

Electromyography electrodes were placed on the anterior 

deltoid (AD), posterior deltoid (PD), upper trapezius (UT), 

long head of biceps brachii (BI), lateral head of triceps brachii 

(TRI), erector spinae at the thoracic (T8) and lumbar (L5) 

levels. Paired samples t-tests were used to identify significant 

changes (p<0.05) in MVIEs, lift times, Borg perceived 

exertion, integrated EMG (IEMG), Peak EMG and time to 

peak RMS normalized to a percentage of the lift time (relative 

time to peak). 

RESULTS 

Maximum Voluntary Isometric Exertions.  There was a 

significant decrease in the MVIEs for both trunk extension and 

shoulder flexion following all 3 conditions (Figure 1).   

Borg perceived exertion.  A significant increase in perceived 

exertion was observed for all conditions. The greatest increase 

was in the general protocol with an average increase of 6 

points followed by the shoulder and back with average 

increases of 4.8 and 3.8 respectively. 

Lift Time.  A significant decrease of 13 seconds in lift time 

was observed in the general fatigue protocol.  

IEMG.  The general fatigue protocol resulted in significant 

decreases in the AD, BI, T8 and LD muscle activation.  A 

significant decrease in AD IEMG was also found in the 

shoulder fatigue protocol. 

 
Figure 1.  The percent decreases in trunk extension and 

shoulder flexion MVIEs observed over the 3 conditions. 

 

Peak EMG.  The general fatigue protocol produced significant 

decreases in the AD, BI and T8 muscles.  The shoulder fatigue 

protocol resulted in a significant increase in peak BI activity. 

Relative Time to Peak EMG.  The AD, UT, TRI, T8,  and LD 

muscle activity peaked significantly earlier as the general 

lifting protocol progressed.  Additionally, muscle activity 

peaked significantly earlier in the AD following the shoulder 

fatigue protocol and in the UT following the back fatigue 

protocol (Figure 2). 
 

 
Figure 2.   Decrease in relative time to peak for UT and AD 

The letters A-D indicate significant decreases between the two 

corresponding conditions. 
 

CONCLUSIONS  

The results indicate that neuromuscular adaptations that occur 

during fatiguing tasks are complex and are a direct result of 

the type and location of fatigue within the neuromuscular 

system. 
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INTRODUCTION 
Promoting a more neutral sitting posture has become a 
commonly targeted aspect of ergonomic seat design.  
Strategies to impart more extension to the low back can be 
summarized by the following three strategies:  specialized 
thoracic supports (allowing scapular retraction), anterior tilting 
seat pans, and lumbar supports.  Lumbar supports attempt to 
alter posture by applying forces directly to the low back. The 
other approaches aim to indirectly impact lumbar spine 
posture by altering the orientation of the thoracic vertebrae  
above or the pelvis below the lumbar spine.  While there is 
support in the literature for some of these features to impact 
lumbar postures in isolation [1,2], currently no direct 
comparison exists.  The purpose of this study was to determine 
whether  one design strategy is superior for  improving the  
lumbar lordosis and pelvic tilt angles in sitting. 
 
METHODS  
Five subjects, recruited from a student population, were 
radiographed in 6 postures: standing, maximum flexion 
(maxflex) and sitting in an office chair specifically designed 
for this study with 4 different configurations:  control 
(backrest angle fixed at 100º, seat pan fixed at 0º), pelvic tilt 
(seat pan rotated anteriorly 10º with no backrest), scapular 
relief (backrest support along midline of spine, cut out through 
the area of the scapulae) and lumbar support (prominence of 
4cm).  Radiographic measures of lumbar lordosis (LL) and 
sacral tilt (ST) were measured from the radiographs.  A 2-way 
ANOVA (repeated measures of posture by gender) with a 
level of significance p ≤ 0.05 was conducted.  Fisher’s Least 
Significant Difference post hoc test was used on all significant 
main effects.   
 
RESULTS 
A significant main effect of posture was found for both lumbar 
lordosis (<0.001) and sacral tilt (0.0012) measures.  Lumbar 
lordosis was significantly greater (less flexion) and sacral tilt 
was significantly more anteriorly rotated in standing compared 
to the rest of the postures: maxflex (LL p<0.0001, ST 
p=0.0025), pelvic tilt (LL p=0.0008, ST p=0.0282), control 
(LL p=0.0004, ST p=0.0024) scapular relief (LL p=0.0004, ST 
p=0.0030) or lumbar support 

(LL p=0.0026, ST p=0.0066).  There were no significant 
differences between the maxflex posture and all seated 
conditions for both lumbar lordosis and sacral tilt measures:  
pelvic tilt (LL p=0.7634, ST p=0.7998), control (LL p=0.9402, 
ST p=1.0000) scapular relief (LL p=0.9132, ST p=1.000) or 
lumbar support (LL p=0.4001, ST p=0.9953).  No significant 
differences were found between seated conditions.   The main 
effect of gender was not significant for any of the measures 
and there were no interactions between gender and posture. 
 

 
 
Figure 1: Example radiographs of a participant standing (left) 
and seated in the control configuration (right) of the chair. 
 
DISCUSSION & CONCLUSIONS 
The low back and pelvic posture remains significantly flexed 
in sitting, close to the voluntary end range, even when features 
designed to impart extension to the low back are engaged.   
While not achieving statistical significance, the lumbar 
support condition appears to have the greatest impact on the 
lumbar lordosis measure and the seat pan tilt condition has the 
greatest impact on the sacral tilt measure. 
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Table 1: Radiographic measures of lumbar lordosis and sacral tilt for six postures.   

  
Posture 

  
Standing MaxFlex Pelvic Tilt Control Lumbar Support Scapular Relief 

Lumbar 
Lordosis 

Degrees (SD) 

Male 46 (4) 13 (18) 15 (18) 14 (4) 17 (12) 17 (13) 

Female 58 (12) 5 (6) 20 (4) 16 (13) 27 (7) 14 (13) 

Sacral Tilt 
Degrees (SD) 

Male 38 (13) 10 (25) 18 (11) 6 (0) 11 (1) 9 (4) 
Female 45 (10) 8 (14) 17 (13) 11 (9) 13 (10) 10 (8) 
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INTRODUCTION 

 
In the recent decades heart diseases and heart failure have 

become serious issues. Many patients die or struggle with 

severe heart diseases. Although nowadays heart transplant 

operation takes place successfully, not having enough heart 

donors has led to the development of ventricular assist devices 

(VAD) as a bridge to transplant or a final destination. Despite 

the researches done till now, a pump with all the desired 

capabilities such as having a small size and a low weight 

which leads to a low shear stress while producing the desired 

pulsatile outflow has not been established[1]. Therefore, in 

this study, the fluid domain of blood flow in a bi-chamber 

positive displacement VAD for two different driver patterns 

producing pulsatile flow has been simulated by the means of a 

commercial finite element package called ADINA in order to 

obtain the best pattern of motion. 

 

METHODS  

 

An electro magnet pusher plate which is glued to the contact 

faces of both poly-urethane chambers provides active filling of 

the blood via mild negative pressure and ejection via mild 

positive pressure (Figure 1). The pumps stroke is 13.4 mm, 

causing a 21 ml stroke volume for the pump. Initially the 

geometry of the blood pump was designed then the flow 

velocity pattern of blood flow in the pump and the distribution 

of shear stress were calculated using ADINA software (MIT, 

Massachusetts, USA).  

 
Figure 1: The geometry of the 25ml bi-chamber model with 

the pusher-plate in between 

 

Fluid dynamics of the blood pump were calculated at a pump 

outflow of 4.8L/min against a pump after load of 100 mm Hg. 

During the filling phase, a preload of 15 mmHg was applied to 

the inflow port while the outflow port was occluded. The 

pusher-plate on the sac chamber was moved to an end diastolic 

position with two different patterns, sinusoidal (the curve fit 

function of the motion leading to McDonald’s aortic pulse) & 

the motion leading to Guyton’s aortic pulse. During the 

ejection phase, an after load of 100 mm Hg was applied to the 

outflow port while the inflow port was occluded. The pusher-

plate was sent to an end systolic position with the reverse 

diastolic pattern. A blood density of 1060 Kg/m
3 

and a blood 

viscosity of 3.2×10
-3 

Pa.s were used for the calculation. Finite 

element method (FEM) in CFD software analysis was carried 

out under transient and laminar flow system. The designed 

model was divided in to 109303 tetrahedron elements for the 

calculation. 

 

RESULTS 

 
The diameters of the inflow and outflow ports were fixed to 

10.4 mm and 0.8 mm, respectively. The diameter of each 

chamber was fixed to 46mm. Figure 2a illustrates the blood 

flow within chamber1 for both patterns for one and a half 

cycle starting with the ejection phase. As shown in figure2b, 

the maximum shear stress for sinusoidal motion is lower than 

the Guyton’s aortic pulse.  

 

 
Figure 2: Results for two patterns: a) Blood flow in chamber1, 

b) Max shear stress in chamber1 

 

DISCUSSION AND CONCLUSIONS 

 

In this study, we developed a sac type blood pump for the left 

ventricle and optimized the pattern of motion. Hemolysis is 

one of the major blood damages caused by pumps. Thrombus 

formation and resulting thromboembolism are also other major 

problems that have impeded the widespread use of VADs[2]. 

Both flows produced by the patterns lie in the safe zone of Gie 

rsiepen hemolysis graph while the time average shear stress 

for sinusoidal motion is higher, cussing less thrombosis. 

Another advantage of sinusoidal pattern was the elimination of 

cavitations in the filing phase. The results suggest that the 

sinusoidal pattern is more efficient than the other pattern 

investigated. 
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INTRODUCTION 
In this work, a procedure is developed to simulate the human 
body dynamics employing the commercial package Motion 
Genesis™ and demonstrated on a modified Hanavan’s model 
with 16 segments. The resulting computer solution provides 
the output displacement, velocity, acceleration, and rotation of 
the human segments as well as the dynamic equations of 
motion. These equations are then numerically solved using 
MATLAB™.  The aim of this paper is to show, with the help 
of an example, that the procedure presented here can 
effectively be used in involuntry/ neorological disorder 
studies. The predicted output response to typical epileptic 
seizure input is shown to be in accordance with the 
experimental arm acceleration measurements obtained during 
a seizure event. 
 
METHODS  
The model consists of sixteen rigid body segments in total 
including head, upper trunk, right and left upper arms, right 
and left forearms, right and left hands, right and left thighs, 
right and left shanks, right and left feet, mid trunk, and lower 
trunk. The anthropological parameter values derived from De 
Leva. [1] has been employed in the present study. The total 
degree of freedom(DOF) of the model is 32 which includes: 
the whole body rotation (3DOF), the neck joint (1DOF), upper 
trunk (3DOF), shoulder joint (3DOF), the elbow joint (2DOF), 
the wrist joint (1DOF), the hip joint (3DOF), the knee joint 
(1DOF), the ankle joint (1DOF) and the stomach joint 
(3DOF). The foregoing coordinate frames, forces, and 
kinematic constraints are entered into Motion Genesis™ to 
obtain the equations of motion, which are later exported for 
numerical solution using MATLAB™.  
Motion Genesis™ is based on the Kane’s method to derive the 
governing equations. Kane’s method is a vector-based 
approach which uses vector cross and dot products to 
determine velocities and acceleration rather than pure 
differentiation [2]. Segments are connected to each other with 
springs and dampers. Non-linear stiffness functions are chosen 
in a way to simulate the realistic nature of the joints. For the 
forearm segment, angles are measured from the vertical fully 
stretched orientation. Low stiffness values close to zero for 
angles in the range -20 deg to +90 deg and very large values 
for angles out of the specified range are assumed. Appropriate 
stiffness functions are assigned for other joints.  
 
RESULTS 
As an example for demonstrating the suitability of the 
program, for a typical epileptic seizure input time function, 
human body’s arm response is quantified via simulation. 
Figure 1 shows the simulated acceleration output of the arm 
due to the seizure input. The seizure input has been adopted 
from the model proposed by Nijsen, et al. [3]. The response 

predicted in the x and y directions agree well with the 
experimental predictions by Nijsen, et al.  It is notable that 
features such as peak magnitudes, response settling time, and 
frequency have been used in the comparison.  

 
Fig. 1. Arm acceleration response to a myoclonic seizure input 
model 
 
DISCUSSION & CONCLUSIONS 
The procedures developed in this paper can be utilized for 
simulation of human whole body motion. As it requires a 
tremendous amount of time and effort to derive dynamics 
equations of motion of a model of this complexity using other 
methods such as Newton-Euler or Lagrange, utilizing this 
model in combination with Motion Genesis greatly helps 
execution of biomechanical research projects. By choosing 
different types of input, the scheme also has the ability to be 
extended to studies on involuntry/neorological disorders such 
as Parkinson Disease and bed falling among elderly people.  
 
Furthermore, this procedure is being utilized at present in the 
health and rehabilitation studies, in particular, on the 
determination of optimal number and locations of sensors 
attached to the body to extract human body movements (e.g. 
wearable sensor suit).  Hence, this approach is envisaged to 
contribute to the research on human movement related 
problems in general via effective numerical predictions.   
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INTRODUCTION 

The peak knee adduction moment (PKAM) is a gait measure 

which best represents the mechanical pathology associated 

with knee osteoarthritis (OA). Recent research has focused on 

whether the PKAM is modified by muscle function. While 

knee strengthening exercises reduce pain and improve quality 

of life, strengthening has little effect on the PKAM in OA [1]. 

Lower-limb muscle power is more useful than strength in 

explaining physical performance in healthy aging [2]. The 

purpose of this study was to compare the effects of knee 

strength and power on the adduction moment during gait. 

 

METHODS  

We studied the right knees of 25 active, healthy women (23.5 

± 3.6 years, Body Mass Index: 23.7 ± 3.2 kg/m
2
). Gait analysis 

was conducted with an 8 camera passive motion capture 

system, sampling at 100 Hz (MX40, Oxford Metrics, Oxford, 

UK). Twenty-four reflective markers were affixed to 

landmarks based on the Plug-in Gait Lower Extremity Model 

(Vicon Nexus, Oxford Metrics, Oxford, UK). Motion capture 

was synchronized with three force platforms sampling at 1000 

Hz (AMTI, Watertown, MA, USA). Participants ambulated at 

self-selected speeds. Data was exported to Visual3D (C-

Motion, Inc., Germantown, MD, USA) for analysis. External 

joint moments were normalized to body mass and time 

normalized to the gait cycle. The mean of 5 gait trials was 

calculated for each participant.  Joint moment data were 

ensemble averaged across all participants to provide a 

representative curve (Figure 1). The first and second peaks 

from the KAM waveforms were extracted for each participant. 

 

Peak knee extensor and flexor torque (Nm) during a maximum 

voluntary isometric contraction (MVIC) with the knee 

extended to 60° was recorded on a dynamometer (Biodex 

Medical Systems, Shirley, NY, USA). Peak torques were 

normalized to body mass [3] and represented by a single mean 

value from 5 consecutive isometric cycles. Peak knee extensor 

and flexor power (Nm-Deg/sec) was calculated by multiplying 

torque (Nm) by angular velocity (Deg/sec) during repetitive 

isotonic dynamic knee contractions. Resistance was set at 50% 

MVIC for both knee extension and flexion. Peak powers were 

normalized to body mass and represented by a single mean 

value over 5 consecutive isotonic cycles (Table 1). 

 

Correlations were used to examine the relationships between 

the first PKAM and peak torque and power separately. Linear 

regressions analyzed these relationships while controlling for 

gait speed. This analysis was repeated for the second PKAM.  

 

RESULTS 

Peak extension torque was significantly correlated with both 

the first and second PKAM (r=0.53, p=0.01 and r=0.40, 

p=0.05, respectively). Regression showed that 29.6% of the 

variance in the first PKAM was significantly explained by 

peak extension and flexion torque (p=0.03), after controlling 

for gait speed. The variance in second PKAM was not 

significantly explained by peak torques. Peak powers were 

neither correlated with PKAM, nor did they explain a 

significant portion of the variance in the data. 

-0.1

0

0.1

0.2

0.3

0.4

0.5

0 10 20 30 40 50 60 70 80 90 100

Gait Cycle (%)

K
n
ee

 A
d
d
u
ct

io
n
 M

o
m

en
t

(N
m

/k
g
)

 
Figure 1: Average knee adduction moment over gait cycle 

(black), with standard deviations (grey). 

 

DISCUSSION & CONCLUSIONS 

In young, healthy women, peak knee extension torque explains 

a significant portion of the variability in the first PKAM. 

These relationships have not been investigated in samples with 

knee OA. It is possible that absolute strength has a greater 

effect on gait mechanics in healthy young adults compared to 

an OA population. Although PKAM is correlated with 

extension torque, it is not related to the rate at which this 

torque is generated. 
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Table 1: Mean (standard deviation) of gait, torque, and power measures. 

1
st
 PKAM 2

nd
 PKAM Gait Speed 

(m/s) 

Peak extensor 

torque (Nm/kg) 

Peak flexor torque 

(Nm/kg) 

Peak extensor 

power (Watts/kg) 

Peak flexor power 

(Watts/kg) 

0.37 (0.11) 0.20 (0.12) 1.25 (0.16) 2.72 (0.45) 1.29 (0.22) 229.84 (67.16) 142.19 (48.54) 
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INTRODUCTION 
Helmets reduce the frequency and severity of head and brain 
injuries resulting from bicycle crashes by attenuating head 
acceleration and distributing the impact force. The 
effectiveness of helmets in mitigating injury has led to laws 
requiring certified bicycle helmet use in many jurisdictions. 
 
Modern certified helmets generally consist of an expanded 
polystyrene (EPS) energy absorbing liner covered with either a 
thin (traditional style) or a thick (BMX/skate style) outer shell. 
Traditional helmets are typically certified to bicycle helmet 
standards, while BMX/skate helmets are certified to bicycle, 
snow sport, and/or skateboarding helmet standards. Some 
helmets are not certified to any standard. 
 
Bicycle helmets are typically tested only under the conditions 
stipulated by one or more standards. In actual impacts, 
however, helmets are subjected to many different types of 
impacts. This study investigates the impact attenuation 
performance of various bicycle helmets over a range of impact 
speeds at, above and below those specified in the standards. 
 
METHODS  
Twelve helmet models were tested: six traditional and six 
BMX/skate style. Ten of the helmets had EPS liners and were 
certified to one or more of the CPSC, Snell, ASTM, CE-EN or 
AS/NZS standards. Two of the BMX/skate style helmets were 
not certified and had either a soft 2-stage foam liner or a 
Brock® foam liner. 
 
All helmets were size medium and fit the magnesium alloy 
headform (ISO J, Half Magnesium K1A, Cadex, Inc.). A 3.2m 
tall monorail and trolley system was used. The frontolateral 
aspect (i.e., the temple area) of each helmet struck a flat steel 
anvil. This impact location was below the test line typically 
used in helmet certification testing, but in a location we see 
many helmets hit in actual collisions. For impact speeds up to 
7.7 m/s, the helmets were dropped from an appropriate height. 
Above this speed, an elastic slingshot was used to increase the 
speed of the helmet. To date, 105 impacts at speeds between 
2 and 10 m/s have been conducted. 
 
RESULTS 
Peak headform acceleration increased with increasing impact 
speed (Figures 1 and 2). All of the helmets with EPS liners 
showed similar peak accelerations up to about 6 m/s—the 
typical impact speed of bicycle helmet standards. Above this 
impact speed, there was increased variability in the 
performance of the certified helmets. The peak accelerations 
of the two uncertified helmets (without EPS liners) diverged 

from the certified helmets at impact speeds in the range of 3 to 
5 m/s. 
 

 
Figure 1: Peak acceleration of the traditional bicycle helmets. 
 

 
Figure 2: Peak acceleration of the BMX/skate style helmets. 
Helmets labelled ‘No EPS’ are not certified to any standard. 
 
DISCUSSION & CONCLUSIONS 
This study compared the impact attenuation performance of 
various bicycle helmets at impact speeds of 2 to 10 m/s. 
Differences were observed between the certified and non-
certified helmets, as well as between the basic and top-of-the-
line traditional race helmets. 
 
The two non-certified helmets performed poorer than the 
certified versions of these helmets, despite looking similar to a 
consumer. Neither of the two uncertified helmets would meet 
the impact attenuation requirements of any current bicycle, 
snow sport and/or skateboarding standards. 
 
For the certified helmets, the thinnest and lightest helmets—
often the most expensive helmets—provided less impact 
attenuation at the high impact speeds. These helmets appeared 
to be optimizing factors other than impact performace above 
the impact levels prescribed in the various standards. 
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INTRODUCTION 
Hip fractures are a common and debilitating injury among 
older adults, and 90% are due to falls. Risk for hip fracture 
increases exponentially with age. In addition to bone density, 
this may be due to age-related changes in the mechanical 
properties of peripheral soft tissues, which act as a natural 
“shock absorber” for attenuating and distributing impact forces 
applied to the bone. In this study, we compared the stiffness 
and damping of soft tissue over the hip region in young and 
older women, and examined how these associate with soft 
tissue thickness. 
 
METHODS  
Participants consisted of 17 young women (aged 19-35) and 
17 older women (over the age of 65). In a first session, 
participants lay on a bed having a gap at the hip region (Figure 
1a). A mechanical indenter, consisting of a 10 cm diameter 
circular plate, was centred 5cm inferior to the greater 
trochanter – the site of peak pressure during a fall on the hip 
[1]. The baseline level of tissue compression was 40 N. The 
indenter was vibrated sinusoidally by a mechanical shaker 
(LDS shaker V408, Bruel & Kjaer), with displacement 
amplitude of 1 mm, and sweeping frequencies from 5 to 30 Hz 
at a rate of 1Hz per second. During the trials, force and 
displacement were measured from a load cell (MLP100, 
Transducer Techniques) and linear position transducer (MLT 
38000102, Honeywell). 

 
Figure 1: a. Schematic of experimental setup. b. Base 
excitation model [2]. 
 
In a second session, we used ultrasound (SonixRP, Ultrasonix) 
to measure the thickness of skin, fat, and muscle layers at the 
intender contact site. During each scan, the ultrasound probe 
contacted with skin with the consistent pressure and angle. 
 
We fit the shaker data with a single degree of freedom mass-
spring-damper model with base excitation [2] (Figure 1b) to 
estimate soft tissue stiffness and damping (see equations 1-2 in 
Figure 1b). The effective mass of each subject was estimated 

as 50% of body mass [3]. The damping ratio (zeta) for each 
subject was determined by least squares best-fitting the model 
force traces to experimental data. 
 
We used ANOVA (with alpha=0.05) to test whether stiffness 
and damping constants associated with age (a grouping factor) 
and tissue thickness (included as a covariate). We also used t-
test to compare tissue thickness in young and older adults.  
 
RESULTS 
Stiffness and damping associated with age (Figure 2), 
averaging 57% and 25% greater in older than young adults, 
respectively (stiffness: 91 (SD=20) versus 58 (SD=10) kN/m, 
F=31.4, p<0.0005, damping: 898.1 (SD=128.7) versus 721.3 
(SD=74.1) N-s/m, F=27.4, p<0.0005). 
 
Soft tissue thickness did not associate with stiffness (p>0.05). 
Damping associated with skin thickness (F=4.9, p=0.035) and 
total soft tissue thickness (F=4.3, p=0.047). Average values of 
total tissue thickness were not different in young and older 
participants (44.9 (SD=8.6) mm for young versus 40.8 
(SD=13.2) mm for old; t=1.05, p=0.3). 

 
Figure 2: Age-related changes in stiffness and damping, and 
their association with total soft tissue thickness. 
 
DISCUSSION & CONCLUSIONS 
Our results show that the stiffness of soft tissues over the hip 
region in women increases by nearly 60% with age, and 
damping increases 25%. This suggests that, under a given fall 
loading condition, falls in older women will tend to generate 
and deliver greater force to the proximal femur. We were 
surprised to find that stiffness was unaffected by soft tissue 
thickness over the hip region. This may relate to the moderate 
force levels involved in our experiment, or to phenomenon 
other than tissue thickness in governing mechanical behaviour. 
 
REFERENCES 
[1] Choi WJ et al. (2010). Clinical Biomechanics 25(1):63-9. 
[2] Inman DJ, Engineering Vibration: Prentice-Hall, 1996. 
[3] Robinovitch SN et al. (1997). Ann Biomed Eng 25(3):499-
50

 



BOOSTER SEATS AND UPPER NECK TENSION IN CHILDREN 

 

Alyssa L. DeMarco
1
 and Gunter P. Siegmund

1,2
 

1
MEA Forensic Engineers & Scientists, Richmond, Canada, alyssa.demarco@meaforensic.com  

2
School of Kinesiology, University of British Columbia, Vancouver, Canada 

 
INTRODUCTION 

Booster seats are recommended for children who have 

outgrown a forward-facing child restraint but do not yet 

properly fit an adult seat belt. All jurisdictions in Canada and 

the US require child restraints for infants and toddlers, but 

requirements for booster seats are not similarly universal. 

 

Our goal is to compile the available frontal crash test data for 

booster seats and to examine the effectiveness of booster seats 

in reducing severe to catastrophic neck injury risk in moderate 

and high-speed collisions. As a first step, we are focusing on 

the peak tensile force that develops in the upper neck. 

 

METHODS  

We extracted crash test data for 6- and 10-year-old dummies 

exposed to frontal collisions in either vehicle or sled tests from 

the National Highway Traffic Safety Administration (NHTSA) 

test database [1] (n=98) and 9 previously published studies [2-

10] (n=68). These data are a preliminary sample. After culling 

offset frontal tests and other special tests, we were left with 94 

tests of the 6-year-old dummy, comprised of 62 tests with 

high-back booster seats (HBB), 20 tests with low-back booster 

seats (LBB), and 12 tests with no booster (None). All tests 

used a lap and torso seat belt and varied in speed change from 

24 to 64 km/h. There were 21 tests of the 10-year-old dummy, 

comprised of 17 HBB tests and only 4 tests with no booster. 

There were no LBB tests of the 10-year-old dummy. The 

speed change for the 10-year-old dummy tests varied from 43 

to 62 km/h. The speed change of vehicle-to-barrier tests was 

calculated assuming a coefficient of restitution of 0.10.  

 

Separate comparisons of the 6- and 10-year-old dummy data 

were performed using an analysis of covariance (ANCOVA) 

wherein the categorical variable was booster seat type (HBB, 

LBB, None) and the co-variant was speed change. 

Significance was set to a level of p<0.05. 

 

RESULTS 

Analysis of the 6-year-old dummy data showed that peak neck 

tension varied with speed change (p<0.0001), but not with 

booster seat type (p=0.092) (Figure 1). Peak neck tension 

remained below the injury assessment reference value (IARV) 

of 1890N [11], which is associated with a 3% chance of injury, 

for speed changes less than about 40 km/h. 

 

Analysis of the 10-year-old dummy data was based on limited 

no-booster data, but nonetheless showed a significant decrease 

in peak neck tension for the HBB compared to no booster seat 

(p=0.0002). Peak neck tension did not vary with speed change 

in the 10-year-old data—possibly because of the small range 

of speed changes—and again appeared to exceed the IARV of 

2290N [11] at about 40 km/h. 

 
Figure 1: Peak upper neck tension as a function of speed 

change for HBB, LBB and no booster for 6-year-old dummy. 

 

 
Figure 2: Peak upper neck tension as a function of speed 

change for HBB, LBB and no booster for 10-year-old dummy. 

 

DISCUSSION & CONCLUSIONS 

Booster seats appear to benefit 10-year-old children more than 

6-year-old children; however, a possible lack of biofidelity 

with the 6-year-old dummy at high speeds may explain this 

finding [4,5,9]. Without the HBB data above 4900N (circled in 

Figure 1), neck tension was about 700N lower in a HBB and 

LBB than in no booster (p=0.0004). More work is needed to 

resolve this biofidelity issue and better understand how much 

booster seats benefit 6-year-old children. 
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INTRODUCTION 

Finite element (FE) models of the cervical spine are needed to 

evaluate injury prevention devices and to improve our 

understanding of vertebra fractures, which may injure the 

spinal cord. However, current FE cervical spine models 

typically do not incorporate trabecular bone heterogeneity or 

geometrical differences between spines; therefore, the models 

are not able to address questions related to differences in 

vertebral failure location or load magnitudes between people. 

The purpose of this study is to develop specimen-specific FE 

models of cervical vertebrae and to experimentally validate the 

results with anterior surface strains. Pilot results are presented. 

 

METHODS  

A C6 human cadaver cervical vertebra was obtained, and the 

posterior elements were removed. The bone was scanned in a 

high-resolution peripheral quantitative computed tomography 

scanner (voxel size: 82 μm)(XtremeCT, Scanco Medical). The 

bone was segmented using ITK-SNAP [1]. Polygonal surfaces 

were exported to INUS Rapidform where a smoothed surface 

was created. A tetrahedral mesh was generated. For the 

heterogeneous bone model, Young’s modulii were assigned 

using Bonemat [2] based on a published relationship between 

CT density and Young’s modulus [3] (Figure 1). A 

homogeneous bone model was also created using the 

volumetric average value of the Young’s modulii of the 

heterogeneous model. ESI Pam-Crash explicit solver was used 

to simulate compressive loading of the bone models; the 

inferior bone was constrained, and load was applied on the 

superior endplate.  

 

The bone specimen was also tested experimentally. Dental 

stone potting was used to distribute the load. A speckle pattern 

was applied on the bone surface to allow for the displacement 

field to be obtained using digital image correlation. Load up to 

3 kN was applied quasi-statically using a materials testing 

machine (model 8874, Instron Corporation) and was captured 

using two cameras (Phantom V9, Vision Research). The 

experimental results were compared with the FE simulations. 

  
Figure 1: FE mesh of the C6 vertebral body (left) and a 

photograph of the experimental setup (right) 

 

RESULTS 

Computational results from the simulated compressive loading 

show differences when comparing the heterogeneous and 

homogenous bone assignment (Figure 2). The magnitudes of 

the stresses were higher in the heterogeneous model. In both 

models, regions of high stress were observed on the superior 

endplate and on the antero-lateral surface of the vertebra. 

When the specimen was tested experimentally, failure was 

also observed in the antero-lateral regions (Figure 3). 

 
Figure 2: Von Mises stress patterns from simulation of 

compressive loading using homogeneous (left) or 

heterogeneous (right) bone material assignment 

 
Figure 3: Experimental compression image with circles 

indicating visible failure 

 

DISCUSSION & CONCLUSIONS 

This work is the first step towards creating cervical spine 

models for dynamic loading that incorporate the effects of 

variable bone geometry and density that occur in the human 

population. Differences were seen between the heterogeneous 

and homogeneous models indicating that incorporation of 

varying bone properties will predict differences in failure load. 

The high stress regions from the computational models 

matched the location of fracture in the experiment (Figures 2 

and 3). In the future, digital image correlation results will be 

used to ensure that the anterior surface strains in the model are 

representative of the experiments. 
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Introduction: The ankle has been reported to be the 
most frequently injured joint during physical activity 
and sport [1]. It has also been documented as the 
most frequently occurring injury in the United States: 
1 in 10,000 people or 25,000 sprains per day [2]. One 
quarter of individuals are unable to attend school or 
work for more than 7 days [3]. Resulting in “an 
estimated 1.2 million physician visits per year, at a 
cost of $835–$1206 per patient with an annual cost of 
3.8 billion dollars” [4]. Chronic Ankle instability has 
been defined as a reoccurrence of signs or symptoms 
after a first time lateral ankle sprain / strain has 
resolved. Signs and symptoms can include weakness, 
pain, swelling, another sprain, and feelings of giving 
out. Individuals with chronic ankle instability have a 
decrease in the range of dorsiflexion [5] [6]. The 
reoccurence of ankle sprains have been found to be in 
the range of 20 – 74% depending on the source [7] 
[2] and conservative treatment is preferred over 
surgical interventions [7]. It has also been found that 
the talus of the injured limb of individuals was 
located in an anterior position relative to the tibia in 
comparison to uninjured limb [2]. In order to achieve 
maximal dorsiflexion the talus must slide posteriorly 
on the tibia [5]. Thus the treatment of these injuries 
via mobilizations in an anterior to posterior direction 
applied to the talus resulted in statistically significant 
increase in talocrural joint range of motion [6]. 
 
Methods: This study compared individuals without a 
history of ankle sprains and individuals with chronic 
ankle instability (CAI). There were a total of 10 
participants per group (n=20). Participants were 
asked to perform three functional trials (squat, jump 
landing on single leg, and single leg stance) three 
times each prior to a talar mobilization and again 
afterwards. Functional range of motion was taken via 
a knee to wall test at four different intervals. They 
were taken before the functional trials, after the 
functional trials, immediately after the mobilization 
and after the functional trials were repeated again. 
Kinematic data was obtained via two four marker 
IRED clusters in order to evaluate joint maximums, 
minimus, and the instantaneous axis of rotation of the 
talocrural joint via 2 Optotrak 3020 (Northern 
Digital, Waterloo, Canada) camera banks. Kinetic 
data was collected using two force plates (AMTI, 
Watertown, MA) and was analyzed with respects to 
loading rates, center of pressure, and ground reaction 
forces.  

 
Results: There was an increase in functional range of 
dorsiflexion achieved for both the control group and 
the Chronic Ankle Instability group throughout the 
trials. The largest increase in functional range of 
motion came immediately post mobilization (Figure 
1). This is evident as there is a larger increase in 
range of motion between knee to wall 2 and knee to 
wall 3 for the control group and the CAI group. 

 
FIGURE 1. – Functional range of motion taken via 
the knee to wall test. 
 
Discussion and Conclusions: This study helps 
support previous literature indicating there is an 
increase in talocrural joint range of motion after 
mobilization to the talus. Further evaluation is 
warranted to determine if there are any affects of the 
mobilization during functional tasks. 
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INTRODUCTION 

In a healthy shoulder, as the humerus elevates, the scapula 

rotates upward and tilts posteriorly. Factors are known to 

influence the magnitude of this response such as the plane of 

elevation [1]; however, gender is rarely tested as a factor. This 

is remarkable, as gender is known to influence kinematic and 

injury outcomes at other joints, such as at the knee [2]. 

Therefore the purpose of this investigation was to identify how 

gender interacts with humeral elevation angle and humeral 

elevation plane to affect healthy scapular kinematics during 

dynamic humeral elevation. 
 

METHODS  

Healthy 3D right scapulothoracic (ST) and thoracohumeral 

(TH) kinematics of 15 male and 14 female right-handed 

university-aged volunteers were recorded at 50 Hz by an 8 

camera passive optoelectric motion analysis system (Vicon, 

Oxford, UK). Scapular motion was recorded dynamically 

using a skin-mounted acromion marker cluster (AMC) [3].  

 

Participants raised and lowered their fully extended right arm 

in six vertical movement planes: frontal, 30⁰ anterior to 

frontal, scapular (40⁰ anterior), 60⁰ anterior, sagittal, and 30⁰ 
medial to sagittal. ST joint angles were calculated relative to 

TH elevation at 15⁰ increments between 15⁰ and 120⁰ 
according to ISB conventions [4].  
 

4-way repeated measures ANOVAs were used to test the 

influence of elevation plane, elevation angle, motion phase 

and gender on ST protraction, ST upward rotation and ST 

posterior/anterior tilt. Tukey HSD was used post hoc to 

compare factor means when significant interactions existed.  
 

RESULTS 

No main effect of gender existed for any ST rotation. Males 

were more protracted at 60⁰ of humeral elevation (2.40⁰). 
Similar differences existed beyond this position, but were 

insignificant. (e.g. 3.37⁰ more protraction at 90⁰ elevation). 

Males possessed significantly more posterior tilt in planes 30P 

(3.09⁰) and 120P (4.53⁰) (Figure 1). Males demonstrated 

substantially more posterior tilt at higher elevation angles; 

however, only at 90⁰ of humeral elevation was the interaction 

significant (4.82⁰). The largest tilt difference between gender 

was observed at 120⁰ of humeral elevation (8.62⁰) (Figure 2).  
 

DISCUSSION & CONCLUSIONS 

Posterior tilt at higher humeral elevation angles is typically 

characterized as a protective mechanism against sub-acromial 

impingement of the rotator cuff [1]. Thus, these results suggest 

that females may be predisposed to a higher risk of rotator cuff 

injury compared to males, particularly at higher elevations, 

across multiple vertical planes of humeral elevation.  

 

 
Figure 1: Gender-movement plane interaction effects on 

scapular anterior (-ve)/posterior (+ve) tilt with standard error 

(SE). * and ∆ indicate movement planes where males had 

significantly more posterior tilt than females (p-value: 0.05). 

 
Figure 2: Gender-elevation angle interaction effects on 

scapular tilt with SE. * indicates elevation level at which 

males had significantly more posterior tilt (p-value: 0.05).  
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INTRODUCTION 

Quantifying healthy shoulder motion enables comparisons to 

special (e.g. athletic, injured) populations and allows for the 

identification of mechanisms of diminished performance. 

Although previous work has documented shoulder motion 

using bone pins [1], the overall applicability is limited due to 

small sample sizes, and because the majority of shoulder 

kinematic studies utilize skin-mounted motion capture 

techniques for pragmatic reasons. Also, past investigations 

tend to focus solely on scapular plane abduction. This study 

generated an extensive collection of healthy 3-dimensional 

(3D) dynamic sternoclavicular (SC), acromioclavicular (AC), 

scapula-thoracic (ST), and glenohumeral (GH) kinematic 

profiles collected in multiple vertical movement planes 

utilizing skin-mounted shoulder motion capture.  

 

METHODS  

Healthy 3D right SC, AC, ST, and GH joint kinematics of 15 

male and 14 female right-handed university-aged volunteers 

were recorded at 50 Hz by an 8 camera passive optoelectric 

motion analysis system (Vicon, Oxford, UK). Scapula 

orientation was recorded using an acromion marker cluster [2]. 

Segment definitions and joint rotation descriptions adhered to 

ISB standards [3]; however SC posterior rotation and AC 

posterior tilt were indeterminable with this setup.  

 

Participants raised and lowered their fully extended right arm 

in six vertical movement planes: frontal plane, 30⁰ anterior to 

frontal plane, scapular plane (40⁰ anterior), 60⁰ anterior, 

sagittal plane, and 30⁰ medial to sagittal plane. Mean joint 

angles were calculated relative to TH elevation angle within 

each plane for each participant at 15⁰ increments between 15⁰ 
and 120⁰. These profiles were then averaged across all 

participants.  

 
RESULTS 

Sixty total (10 joint rotations x 6 movement planes) healthy 

shoulder kinematic profiles were generated for both motion 

phases. In general, as humeral elevation increased, ST upward 

rotation, ST posterior tilt, SC elevation, SC retraction, AC 

elevation and GH elevation all increased regardless of plane; 

however ST protraction/retraction, GH internal/external 

rotation, GH anterior/posterior plane of elevation, and AC 

protraction/retraction responses were less consistent as 

movement plane was modified. ST profiles for scapular plane 

elevation are provided as an example in Figure 1. This joint-

plane combination is most often measured in upper extremity 

clinical research. Variability relative to range of motion 

(ROM) was high for most joints measured. For example, 

maximum relative ROM for ST protraction/retraction and 

posterior tilt were 319.15% and 126.78% respectively.  

 

 
Figure 1: Mean ST protraction (+ve), elevation (-ve), and 

posterior tilt (+ve) kinematic profiles (±1SD) observed during 

humeral elevation within the scapular plane 

 

DISCUSSION & CONCLUSIONS 

The healthy shoulder kinematic profiles produced through this 

study are the largest assembly of their kind. Most movement 

trends observed were similar in direction to previous studies 

using bone pins to directly measure kinematics [1] but had 

some occasional magnitude differences. The high variability in 

shoulder kinematics across individuals [1,2], combined with 

the smaller sample sizes of past investigations could contribute 

to these differences. Since most shoulder kinematic studies use 

skin-mounted motion tracking techniques similar to the AMC 

used in this study, the presented profiles have broad 

applicability for future upper extremity research that require a 

detailed understanding of healthy shoulder motion. Moreover, 

the results from this study encourage future shoulder 

kinematic investigations to move beyond singular scapular 

plane abduction.  
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INTRODUCTION 
Currently, there are several assessment tools that may be used 
to predict fall risk.  Although risk of falling is multi-factorial, 
the 30-second chair stand test (30sSTS) is a common 
screening tool utilized due to the functional relevance and 
complexity of the sit-to-stand (STS) task, involving all body 
segments and requiring sufficient joint mobility, lower-limb 
strength, and balance [1,2].  The protocol for the 30sSTS does 
not specify strategy other than verifying completion of full sit 
to full stand motion; therefore, individuals may utilize 
different kinematic strategies that could contribute to optimal 
performance. The purpose of this study was to investigate if 
differences exist in whole body and trunk kinematic strategies 
in the 30sSTS when comparing healthy older adults and older 
adults at risk of falling. 
 
METHODS 
This study utilized a cross-sectional design with data from two 
age matched samples – healthy older adults (n=16, 7 women, 
age 70.8  4.7 years (mean, SD)) and older adults at increased 
risk of falling (n=16, 12 women, age 72.7  5.0 years).  Fall 
risk was determined by a fall history interview and 
performance in a standard 3m timed up and go test.   
 
All participants were tested on one occasion in the lab for 
performance in a 30sSTS test.  In the 30sSTS, participants sat 
on a rigid, height adjustable bench (without arm rests and no 
back support), with arms crossed and were asked to move 
from sitting to standing as many times as possible in 30 
seconds (STSreps).  Initial foot placement and chair height 
were adjusted such that the initial hip and knee angles were 
standardized at 90° for all participants.  An 8 camera motion 
capture system (F-20, Vicon Motion Systems, CO, USA) was 
used to collect kinematic data during every trial and whole 
body centre of gravity (CG) trajectories were calculated.  Total 
body peak linear horizontal and vertical momentum (PLHM 
and PLVM), timing of PLHM and PLVM, trajectory of the 
CG at lift-off (CG angle), and trunk angle at liftoff were 
obtained.  Data were calculated for each STS repetition and 
averaged over all repetitions for each participant. Independent 
t-tests with Bonferonni correction (α=0.007) were used to 
determine between group differences for kinematic variables. 
 
RESULTS 
Significant differences were found between groups for 
STSreps, CG angle at liftoff, and PLVM (Table 1).  No 

significant differences were found in PLHM, peak linear 
momentum timing or trunk angles at lift off (Table 1). 
 
DISCUSSION 
We found that older adults at risk of falling perform fewer 
repetitions during a 30sSTS, but do not adopt a different 
postural strategy as compared to their healthy counterparts.  
Similar trunk angles at lift off between the groups shows that 
the fall risk group did not attempt to reduce the difficulty of 
the task by leaning farther forward.  The lack of difference in 
the timing of the peak linear momentum also indicates a 
similar kinematic strategy between the groups. 
 
The primary differences in this study come from PLVM and 
the trajectory of the CG.  The fall risk group had a more 
horizontal CG trajectory at lift off and a lower PLVM.  
Adequate strength and coordination are required to generate 
sufficient upper-body velocity, and hence momentum, prior to 
lift-off from the chair seat [3].  The ability to generate PLVM 
in the 30sSTS appears to be decreased in individuals at risk of 
falling, suggesting a deficit in strength.  The lack of difference 
in PLHM reflects similar findings in other studies showing 
that horizontal momentum is not sensitive to STS velocity [4]. 
 
Performance in the 30sSTS test was linked to fall risk in this 
study which supports its use as a screening tool.  The key 
components to focus on for intervention training to mitigate 
fall risk in an STS task still remain unclear, however this study 
would suggest that lower body strength needed to generate 
vertical momentum (i.e. quadriceps and hip extensors) may be 
an important target.   
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Table 1: 30sSTS kinematic variables [Mean (SD)],  0% cycle=liftoff, * indicates significant difference at p<0.007. 
. 

Group 
STS 

Reps* 
PLVM 

(kgms-1)* 
PLHM 
(kgms-1) 

PLVM Timing 
(%cycle) 

PLHM Timing 
(%cycle) 

CG 
Angle ()* 

Trunk 
Angle () 

Control 13.9 (3.6) 56.9 (18.0) 33.2 (11.5) 52.0 (10.8) -4.8 (10.2) 32.2 (15.5) 55.2 (6.2) 
Fall-risk 9.8 (1.4) 42.3 (9.0) 36.6 (8.8) 47.5 (9.1) -7.1 (4.5) 18.9 (5.2) 55.0 (5.4) 
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INTRODUCTION 

Recent research has suggested possible long term effects due 

to repetitive concussions, highlighting the importance of 

developing methods to accurately quantify concussion risk.  

This study introduces a new injury metric that considers both 

linear and rotational head acceleration for assessing 

concussion potential, and compares the predictive capability of 

this new metric to that of single biomechanical parameters.  

An improved ability to assess concussion risk will lead to 

better concussion prevention methods. 

 

METHODS  

This study introduces a new injury metric, the combined 

probability of concussion, which considers the overall risk of 

concussion associated with the peak linear and peak rotational 

head accelerations resulting from a given impact.  This new 

metric is expressed by Equation 1, where: CP represents the 

combined probability of concussion for a given impact, LR 

represents the risk of concussion associated with peak linear 

head acceleration, and RR represents the risk of concussion 

associated with peak rotational head acceleration. 
 

)1()1(1 RRLRCP    (1) 
 

Concussion risk curves for peak linear and rotational head 

acceleration have previously been developed from impact data 

collected from instrumented football players [1,2].  Linear 

acceleration risk is determined from Equation 2, where: a 

represents peak linear head acceleration.  Rotational 

acceleration risk is determined from Equation 3, where: α 

represents peak rotational head acceleration. 
 

 ae
LR

051.0805.91

1


  (2)      002.0531.121

1



e

RR  (3) 

 

The capabilities of these parameters to accurately predict 

concussion incidence were investigated using two separate 

datasets: HITS data collected from instrumented football 

players (32 concussions / 62,974 impacts) [1] and NFL data 

collected from impact reconstructions using dummies (25 

concussion / 58 impacts) [3].  Receiver operating characteristic 

(ROC) curves were generated for each parameter for each 

dataset.  The area under each ROC curve was compared (p < 

0.05) to the predictive capability of random guessing (Area = 

0.5).  Furthermore, ROC curves of predictors within each 

dataset were compared to each other (p < 0.05). 

 

RESULTS 

Figure 1 relates combined probability of concussion to peak 

linear and rotational head acceleration.  Linear acceleration, 

rotational acceleration, and combined probability were all 

significantly better predictors than guessing (Table 1).  Peak 

linear acceleration generated the greatest area under the ROC 

curve for both datasets.  For the HITS dataset, all predictors 

were significantly different from each other with the exception 

of peak linear acceleration and combined probability.  For the 

NFL dataset, no predictors were significantly different. 
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Figure 1: Combined probability of concussion contours 

relating overall risk to linear and rotational head acceleration. 

 

Table 1: Areas under the ROC curves (AUC) and p-values for 

each parameter investigated for the HITS and NFL datasets. 

 HITS NFL 

 AUC p AUC p 

Linear 0.982 < 0.0001* 0.867 < 0.0001* 

Rotational 0.908 < 0.0001* 0.849 < 0.0001* 

Combined 0.981 < 0.0001* 0.850 < 0.0001* 

 

DISCUSSION & CONCLUSIONS 

Peak linear acceleration and combined probability were not 

significantly different within either dataset, and both proved to 

be better predictors than peak rotational acceleration for head 

impacts in football.  This can partially be attributed to the 

effect of impacts to the top of the helmet which result in large 

linear and small rotational accelerations.  With that said, the 

combined probability approach would also be capable of 

accounting for impacts that result in large rotational and small 

linear accelerations, but this impact mode was not investigated 

because it is uncommon in football.  The combined probability 

approach offers a robust method of assessing concussion risk 

for any impact mode.  This technique can be utilized in the 

future evaluations of products to assess risk of concussion. 
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INTRODUCTION 

Low back pain/injuries due to occupational based vibration 

exposures can cause physical and emotional suffering as well 

as become a financial burden to the injured, industry and 

society [1]. Although there is conflicting evidence [2,3], some 

research has shown that vibration exposure has detrimental 

effects such as delayed muscular response and poor 

kinaesthesia [2]. Therefore, it is important to investigate if 

vibration exposures have negative effects on the 

neuromuscular system, a system that is vital for optimal 

muscle force coordination. The purpose of this study is to 

evaluate the effects of vibration exposure (below hazardous 

levels identified in the ISO 2631-1 standard) on the voluntary 

and involuntary neuromuscular responses prior to, during and 

following inertial-based trunk perturbations. 

 

METHODS  

Twenty healthy male subjects (18-30 years) will participate in 

the study. Fourteen channels of surface electromyography 

(sEMG) will be recorded bilaterally from the trunk utilizing 

the protocol outlined in Cholewicki and McGill (1996). 

Kinematics of the trunk, head and arms will be captured using 

a passive motion capture system (Vicon, Vicon Motion 

Systems). Subjects will be randomly assigned to one of two 

experimental groups: 1) control group (CG) – no vibration 
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exposure (n=10); 2) vibration group (VG) – vibration exposure 

(n=10). Subjects will be seated on a backless car seat which is 

rigidly secured to a parallel robotic platform (R2000 Rotopod, 

PRSCo). The VG will be exposed to stochastic tri-axial 

vibrations (r.m.s. = 0.55m/s
2
) prior to and throughout the 

linear perturbation protocol. All subjects will experience the 

same known and unknown timed linear perturbations causing 

rapid front, back, left and right trunk motions (total platform 

displacement = 60mm; peak acceleration = 15.7m/s
2
). All data 

will be windowed into four time periods based on Stokes et al. 

(2000): 1) baseline, from 500-450ms prior to perturbation, 2) 

pre-perturbation, from 50ms prior to perturbation, 3) pre-

voluntary response, from 25-150ms post-perturbation and 4) 

voluntary responses, from 150-300ms post-perturbation.  A 

2x4x4 analysis of variance (ANOVA), with repeated 

measures, will be used to determine the influence of each of 

the three independent variables: vibration exposure, 

perturbation direction, and time period (p<.05). 

 

EXPECTED RESULTS 

We expect to find significant increases in the reflex response 

latencies of the muscles recorded in experimental group, 

compared to the control group, during both the pre-voluntary 

and voluntary response time periods. 
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INTRODUCTION 

In a healthy shoulder, as the humerus elevates, the scapula 

rotates upward and tilts posteriorly. Factors are known to 

influence the magnitude of this response such as the plane of 

elevation [1]; however, gender is rarely tested as a factor. This 

is remarkable, as gender is known to influence kinematic and 

injury outcomes at other joints, such as at the knee [2]. 

Therefore the purpose of this investigation was to identify how 

gender interacts with humeral elevation angle and humeral 

elevation plane to affect healthy scapular kinematics during 

dynamic humeral elevation. 
 

METHODS  

Healthy 3D right scapulothoracic (ST) and thoracohumeral 

(TH) kinematics of 15 male and 14 female right-handed 

university-aged volunteers were recorded at 50 Hz by an 8 

camera passive optoelectric motion analysis system (Vicon, 

Oxford, UK). Scapular motion was recorded dynamically 

using a skin-mounted acromion marker cluster (AMC) [3].  

 

Participants raised and lowered their fully extended right arm 

in six vertical movement planes: frontal, 30⁰ anterior to 

frontal, scapular (40⁰ anterior), 60⁰ anterior, sagittal, and 30⁰ 
medial to sagittal. ST joint angles were calculated relative to 

TH elevation at 15⁰ increments between 15⁰ and 120⁰ 
according to ISB conventions [4].  
 

4-way repeated measures ANOVAs were used to test the 

influence of elevation plane, elevation angle, motion phase 

and gender on ST protraction, ST upward rotation and ST 

posterior/anterior tilt. Tukey HSD was used post hoc to 

compare factor means when significant interactions existed.  
 

RESULTS 

No main effect of gender existed for any ST rotation. Males 

were more protracted at 60⁰ of humeral elevation (2.40⁰). 
Similar differences existed beyond this position, but were 

insignificant. (e.g. 3.37⁰ more protraction at 90⁰ elevation). 

Males possessed significantly more posterior tilt in planes 30P 

(3.09⁰) and 120P (4.53⁰) (Figure 1). Males demonstrated 

substantially more posterior tilt at higher elevation angles; 

however, only at 90⁰ of humeral elevation was the interaction 

significant (4.82⁰). The largest tilt difference between gender 

was observed at 120⁰ of humeral elevation (8.62⁰) (Figure 2).  
 

DISCUSSION & CONCLUSIONS 

Posterior tilt at higher humeral elevation angles is typically 

characterized as a protective mechanism against sub-acromial 

impingement of the rotator cuff [1]. Thus, these results suggest 

that females may be predisposed to a higher risk of rotator cuff 

injury compared to males, particularly at higher elevations, 

across multiple vertical planes of humeral elevation.  

 

 
Figure 1: Gender-movement plane interaction effects on 

scapular anterior (-ve)/posterior (+ve) tilt with standard error 

(SE). * and ∆ indicate movement planes where males had 

significantly more posterior tilt than females (p-value: 0.05). 

 
Figure 2: Gender-elevation angle interaction effects on 

scapular tilt with SE. * indicates elevation level at which 

males had significantly more posterior tilt (p-value: 0.05).  
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INTRODUCTION 

It has been well documented that individuals with chronic low 

back pain (CLBP) tend to exhibit different muscle activation 

patterns in the trunk musculature when compared with healthy 

individuals.  Studies investigating the flexion relaxation 

phenomenon have observed the persistence of muscle 

activation during full trunk flexion in CLBP [1], while Silfies 

et al. [2] found that CLBP exhibited higher abdominal 

activation levels during loaded reaching movements.  These 

previous findings highlight the importance of understanding 

the neuromuscular control of movement in healthy individuals, 

which can then in turn be compared to CLBP patients.  

However, trunk muscle activation patterns have typically only 

been assessed during single plane movements; in addition, 

muscles are generally examined in isolation, as opposed to 

investigating the relationships between muscles’ activation 

patterns.  Therefore, the aim of this study was to assess global 

co-contraction levels of the trunk musculature during both 

single-plane and multi-axial movements in sitting and standing 

postures. 

 

METHODS  

Six asymptomatic, right hand dominant male participants 

performed a series of standing and sitting postures involving 

planar (maximum flexion (MF), axial twist (MAT), lateral 

bend (MLB), and slump) and coupled trunk movements.  The 

coupled movements involved controlled lumbar postures 

(neutral (Ln)/flexed (Lf)) and thoracic movements (flex 

(Tf)/twist (Tt)).  All twisting and bending movements were 

performed to the right side.  EMG was collected from: rectus 

abdominis (RA), internal (IO) and external (EO) obliques, 

upper (UTES) and lower (LTES) thoracic erector spinae, and 

lumbar erector spinae (LES) (Model AMT-8, Bortec, Alberta, 

Canada).  Co-contraction was quantified using a formula from 

Falconer and Winter [3], which calculates the global % co-

contraction between the trunk flexors (RA, EO, and IO) and 

extensors (UTES, LTES, and LES).  Maximum and average 

co-contraction values were compared between body position 

(sit/stand) and trunk movement. 

 

RESULTS 

Significant interaction effects were found between body 

position and trunk movement for both maximum and average 

co-contraction.  For average co-contraction, MAT was 

significantly greater than Lf/Tf, Lf/Tt, Ln/Tf, and slump in the 

sitting body posture (Table 1).  In addition, average co-

contraction was greater for Lf/Tf and Ln/Tf, and less for MLB, 

in standing compared to sitting.  Maximum co-contraction was 

greater in MLB compared to Lf/Tf and Lf/Tt in sitting; further, 

differences were found between sitting and standing for Lf/Tf, 

Lf/Tt, and MLB.  

 

Table 1: Maximum and average % co-contraction for each 

posture in sitting and standing (*different from MLB sit 

(maximum); different from MAT sit (average); °different 

from equivalent sitting posture variable) (p<0.05). 

 Maximum (SEM) % 

Co-Contraction  

Average (SEM) % 

Co-Contraction 

 Sit Stand Sit Stand 

Lf/Tf 63.24* 

(16.54) 

85.24 

(9.00) 

48.84 

(11.39) 

60.92° 

(7.78) 

Lf/Tt 69.24 

(9.33) 

93.81° 

(3.34) 

53.10 

(5.57) 

67.42° 

(4.59) 

Ln/Tf 65.19*
 

(14.70) 

82.63° 

(9.79) 

48.13 

(10.92) 

68.31 

(8.82) 

Ln/Tt 77.00 

(8.05) 

90.11 

(6.22) 

68.27 

(7.27) 

68.32 

(7.00) 

MAT 90.63 

(4.99) 

86.69 

(4.18) 

76.04 

(3.98) 

71.46 

(4.90) 

MF 92.77 

(4.74) 

93.24 

(5.03) 

64.72 

(3.97) 

64.98 

(7.68) 

MLB 99.83 

(0.17) 

65.81° 

(12.29) 

64.36 

(4.64) 

50.08° 

(9.22) 

Slump 66.53 

(14.48) 

73.15 

(9.44) 

46.14 

(8.52) 

58.30 

(9.11) 

 

DISCUSSION AND CONCLUSIONS 

These results indicate that during maximum planar movements 

(MAT/MLB), the activation levels of the trunk flexors and 

extensors tend to be more balanced (i.e. greater % co-

contraction) than during the controlled lumbar postures.  This 

is complementary to the findings of Thelen et al. [4], who 

observed that co-contraction was higher during axial twist and 

lateral bend than during flexion-extension movements.  Taken 

together, these findings may imply an increased requirement 

for spinal stability during these maximal movements, where 

the end range of motion is being reached [5].  Future work will 

investigate the patterns of co-contraction throughout the 

movement, as well as assess the co-contraction between 

individual muscle pairings. 
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INTRODUCTION 

Quantifying healthy shoulder motion enables comparisons to 

special (e.g. athletic, injured) populations and allows for the 

identification of mechanisms of diminished performance. 

Although previous work has documented shoulder motion 

using bone pins [1], the overall applicability is limited due to 

small sample sizes, and because the majority of shoulder 

kinematic studies utilize skin-mounted motion capture 

techniques for pragmatic reasons. Also, past investigations 

tend to focus solely on scapular plane abduction. This study 

generated an extensive collection of healthy 3-dimensional 

(3D) dynamic sternoclavicular (SC), acromioclavicular (AC), 

scapula-thoracic (ST), and glenohumeral (GH) kinematic 

profiles collected in multiple vertical movement planes 

utilizing skin-mounted shoulder motion capture.  

 

METHODS  

Healthy 3D right SC, AC, ST, and GH joint kinematics of 15 

male and 14 female right-handed university-aged volunteers 

were recorded at 50 Hz by an 8 camera passive optoelectric 

motion analysis system (Vicon, Oxford, UK). Scapula 

orientation was recorded using an acromion marker cluster [2]. 

Segment definitions and joint rotation descriptions adhered to 

ISB standards [3]; however SC posterior rotation and AC 

posterior tilt were indeterminable with this setup.  

 

Participants raised and lowered their fully extended right arm 

in six vertical movement planes: frontal plane, 30⁰ anterior to 

frontal plane, scapular plane (40⁰ anterior), 60⁰ anterior, 

sagittal plane, and 30⁰ medial to sagittal plane. Mean joint 

angles were calculated relative to TH elevation angle within 

each plane for each participant at 15⁰ increments between 15⁰ 
and 120⁰. These profiles were then averaged across all 

participants.  

 
RESULTS 

Sixty total (10 joint rotations x 6 movement planes) healthy 

shoulder kinematic profiles were generated for both motion 

phases. In general, as humeral elevation increased, ST upward 

rotation, ST posterior tilt, SC elevation, SC retraction, AC 

elevation and GH elevation all increased regardless of plane; 

however ST protraction/retraction, GH internal/external 

rotation, GH anterior/posterior plane of elevation, and AC 

protraction/retraction responses were less consistent as 

movement plane was modified. ST profiles for scapular plane 

elevation are provided as an example in Figure 1. This joint-

plane combination is most often measured in upper extremity 

clinical research. Variability relative to range of motion 

(ROM) was high for most joints measured. For example, 

maximum relative ROM for ST protraction/retraction and 

posterior tilt were 319.15% and 126.78% respectively.  

 

 
Figure 1: Mean ST protraction (+ve), elevation (-ve), and 

posterior tilt (+ve) kinematic profiles (±1SD) observed during 

humeral elevation within the scapular plane 

 

DISCUSSION & CONCLUSIONS 

The healthy shoulder kinematic profiles produced through this 

study are the largest assembly of their kind. Most movement 

trends observed were similar in direction to previous studies 

using bone pins to directly measure kinematics [1] but had 

some occasional magnitude differences. The high variability in 

shoulder kinematics across individuals [1,2], combined with 

the smaller sample sizes of past investigations could contribute 

to these differences. Since most shoulder kinematic studies use 

skin-mounted motion tracking techniques similar to the AMC 

used in this study, the presented profiles have broad 

applicability for future upper extremity research that require a 

detailed understanding of healthy shoulder motion. Moreover, 

the results from this study encourage future shoulder 

kinematic investigations to move beyond singular scapular 

plane abduction.  
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INTRODUCTION 
Concussions (mild Traumatic Brain Injury, mTBI) caused by 

direct mechanical forces to the brain or spinal cord, elicit a 

wide variety of cognitive and behavioral symptoms such as 

decreased balance control and motor coordination.  Previous 

research evaluating balance showed that increases in center 

of pressure amplitude and velocity are indicative of short and 

long-term effects on postural stability following a 

concussion [1,2]. Therefore, balance control may be a key 

marker in identifying the progression of a concussion. 

Current, balance assessment tools used by clinicians to 

monitor the progression of a concussion are subjective in 

nature and lacking objective viewpoints to recognize when 

an athlete has returned to their balance state prior to the 

concussion.  The objective of the present study is to 

determine if a simple balance task can be a reliable tool to 

quantify the changes in balance following a concussion. 

 

METHODS 

All participants included in the present study were members 

of the men’s varsity soccer. Baseline measurements were 

taken during training camp for all members on the team 

(control group; N=15, 18-22 years), and tested a second time 

if they experienced a concussion during the season 

(concussion group; N=5).  All athletes in the concussion 

group were diagnosed with a concussion by an athletic 

therapists using the sport concussion assessment tool 

(SCAT2).  All participants completed a health history 

questionnaire and provided informed consent prior to 

participation. Centre of Pressure (COP) measurements were 

taken using a Bertec
TM

 force platform at 50Hz for 30s, 

during a simple balance task.  Athletes were asked to stand 

quietly on with hands behind their back and feet together 

during two conditions: (1) eyes open and (2) eyes closed.  

The RMS of COP velocity was calculated for both the A/P 

and M/L directions.   

 

RESULTS 

The RMS COP velocity, in both the A/P and M/L directions, 

were analyzed using a 2 (control vs. concussed) x 2 (eyes 

open vs. eyes closed) repeated measures analysis of variance.  

In the anterior-posterior direction, a main effect between 

groups was found, indicating the concussion group 

(M=0.015m/s) displayed a significant increase in velocity 

compared to the control group (M=0.009m/s), F(1,19) = 

428.557, p < 0.01.  The main effect between conditions was 

also significant, indicating that the removal of vision 

(M=0.01365m/s) significantly increased the RMS COP 

velocity, compared to quiet standing with vision 

(M=0.01025m/s), F(1,19) = 48.306, p < 0.01.  Results were 

similar in the medial-lateral direction.  A main effect was 

found for group, as the concussion group (M=0.015m/s)  

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

showed a significant increase in COP velocity compared to 

the control group (M=0.011m/s), F(1,19) = 624.347, p < 

0.05.  A main effect between conditions was also present, 

indicating the removal of vision (M= 0.0148m/s) 

significantly increased COP velocity compared to when eyes 

were open (M=0.01115m/s), F(1,19) = 67.297, p < 0.01.  

 

DISCUSSION & CONCLUSIONS 

The current study showed that COP velocity increased in 

both A/P and M/L directions following a sport related 

concussion. These findings from individuals 3-5 days post 

concussion are consistent with results reported by Geurts and 

colleagues [1] with individuals who had experienced their 

mTBI at least 6 months prior to testing. Therefore, changes 

in COP velocity may be a good indicator of postural stability 

following a concussion. The overall decrease in postural 

stability found during the first five days following a 

concussion was also consistent with previous studies 

monitoring the changes in sway index during the 

symptomatic phase following a concussion [2].  These 

significant findings confirm that a simple standing balance 

task is sensitive enough to quantify the changes in balance 

following an concussion, and suggests that multiple balance 

tests during the symptomatic as well, as the asymptomatic 

phases, may be warranted as an accurate objective marker to 

indicate the progression of an concussion. 
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INTRODUCTION 
Surface electromyography (EMG) has been used to investigate 
neuromuscular function during force contractions. Much 
research has examined the relationship between force and 
EMG during isometric contractions, however uncertainty 
remains regarding the relationship under dynamic conditions. 
This could be due to the difficulty of comparing net force 
around a joint with individual muscle EMG recordings. 
Multichannel measurements may help with more accurate 
interpretation of the relationship between force and EMG [1, 
2]. Multichannel surface EMG allows for the measurement of 
topographical information concerning the distribution of the 
EMG activity over a muscle and may provide better insight 
into the mechanisms of the neuromuscular system through the 
use of energy maps. The purpose of this study was to examine 
torque and multichannel surface EMG data from healthy thigh 
muscle during isokinetic knee extensions to examine the 
relationship between muscle activity and force development. 
Participants were asked to visit the laboratory twice to 
measure reliability of the data. 
 
METHODS  
Ten healthy male subjects were recruited to participate in this 
study (mean age = 21.2 ± 1.14 years, height 179.97 cm ± 8.3, 
body mass 82.6  ± 7.9 kg). Each participant visited the lab 
twice (6 – 8 days apart) and completed the same protocol each 
time. Prior to any data collection, participants were provided 
with a familiarization session and asked to review and 
complete an informed consent form. A High Density (HD) 
EMG system (REFA 128 model, TMS International, The 
Netherlands) and an isokinetic dynamometer (Cybex) were 
used for data collection. Up to 93 electrodes were placed over 
the three muscles of the thigh (rectus femoris, vastus medialis, 
and vastus lateralis).  The electrodes were placed onto the 
subjects’ thigh consistently starting on the medial side of the 
thigh and placed in a grid formation. The participants were 
seated securely in the dynamometer and were first asked to 
perform two 5-second isometric maximal voluntary 
contractions (MVCs) of the knee extensors at 90 degrees with 
a one-minute rest between each MVC. The participants were 
then asked to produce five consecutive isokinetic maximal 
knee extensions at 60 deg/sec with rest in between each set. 
 
RESULTS 
Figure 1 illustrates the data from one subject showing the total 
EMG activity compared to the total isokinetic torque. It can be 
seen that the overall EMG from all channels (in this case 56 
channels of EMG) appears to track the isokinetic torque 
produced. Similar results were seen in the other subjects. 
 

 
Figure 1: Isokinetic Torque and Total EMG for one subject.  
 
The preliminary HD EMG energy maps indicate for each 
subject the area of greatest activation during the contraction. 
This data suggests that when the EMG of the whole muscle is 
considered, the relationship to torque development is more 
evident. Table 1 provides the data regarding the reliability 
between days 1 and 2. The torque data showed that there was 
no significant difference between days for either isokinetic or 
isometric torque. The EMG data showed that while there was 
no significant difference between days for the time to peak 
EMG there was a significant difference between days for the 
peak EMG values (p=0.01). The inconsistency in the EMG 
data could be due to the inherent variations in the EMG signal 
or the small sample size. 
 
Table 1: Mean torque and EMG data. 

 
DISCUSSION & CONCLUSIONS 
The relationship between EMG and torque during dynamic 
contractions has been difficult to elucidate. This work showed 
that when the total EMG activity from multiple sites is 
considered, the relationship to isokinetic torque is more 
apparent. The preliminary data obtained from this study 
suggests that multichannel EMG may provide more accurate 
interpretation of the relationship between the two. 
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 Day 1 Day 2 
Isokinetic Torque (Nm) 315.6 ± 35.7 313.6 ± 28.8 
Isometric Torque (Nm) 369.2 ± 49.6 354.2 ± 53.6 

Time to peak (ms) 508.5± 308 360.8 ± 292.1 
Peak EMG (RMS) 844.6 ± 195.9 995 ± 325 * 
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INTRODUCTION 

 
 Stress concentration is a very crucial factor for dental 

applications, and it depends on some parameters like 

coefficient of friction between surfaces , which varies with 

diffrent hydroxyapatite thiknesses . 

 

METHODS  

Several methods of coating metallic implants are used , as we 

will read later , plasma spraying is the most common 

technique among them due to its low cost and great 

advantages [1] . 

 

We compare stress concentration in dental implants that are 

coated with HA , with thickness range of 0-150 micrometer 

under the load of 130 N. Geometrical model was produced in 

CATIA and was imported to ANSYS 12.1 FEM analysis 

software.  

 

By ECAP technique , we can produce nano-Titanium from 

commercially pure Titanium . Nano-Ti is a very good choice 

for dental applications because of its high specific and fatigue 

strength in comparison with other biocompatible Ti-alloys and 

CP-Ti [2]. 

 
RESULTS 

Results show that as we increase the thickness of HA layer , 

we have less sliding distance , von Mises stress concentration 

decreases and we have lower stress in screw threads due to 

higher friction between surfaces . 

 

DISCUSSION & CONCLUSIONS 

We conclude that HA layer is essential from mechanical point 

of view to reduce stress concentration and implant 

displacements , according to the results the best range for HA 

thickness is 50-100 micrometer however , long-term clinical 

successes of different HA thickness should be examined later.  
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INTRODUCTION
Approximately 4  to  7  percent  of  workers  are  exposed  to 
potentially  harmful  levels  of  WBV  in  Canada,  the  United 
States,  and  some  European  countries  (Bovenzi,  1996a). 
Exposure to vibration is known to cause certain physiological 
responses. However, there is still a lack of understanding on 
how  these  responses  tax  the  neuromuscular  system.  The 
objective  was  To investigate whether exposure to vibration 
along with exercise induces measurable changes to a task 
requiring detailed kinaesthetic feedback and ii) to determine 
the neuromuscular origin and nature of these changes. 

METHODS 
A series of velocity matching tasks were performed at the knee 
using three different velocities (30º/s, 90º/s and 120º /s), 
before and immediately after 45 min of randomly applied 
vibration exercise protocols (Standing, Standing with 
vibration, Squatting and Squatting with vibration @ 3.5 Hz) in 
12 healthy subjects. For velocity matching errors, the between-
subject factors that were chosen to be evaluated are as follows: 
Condition (1 Squat, 2 Standing, 3 Squatting with vibration, 4 
Vibration), Direction (flexion/extension), Speed (30º/s, 90º/s, 
and 120º/s) and Time (PRE, POST).

RESULTS
There was no main effect found between exercise conditions, 
Speed or Time . However there was a significant difference 
between directions (F=6.66, P = .027). The results also yielded 
significant interactions between Speed * Direction (F=5.515, P 
=.025), Condition * Speed * Direction (F=10.266 Sig=.006), 
and Condition * Speed * Time (F=4.682, P =.041). 

Figure 1:  Error  force Interaction between Condition * Time 
(1=Pre, 2=Post). Subjects generated less errors post squat and 
vibration  squat  protocols.  As  expected  subjects  remained 

virtually  identical  post  standing.  Subjects  generated 
considerably more errors post vibration.

Figure 2: Interaction between Speed and Direction, Mean ± 

Standard Deviation, * Significance P <0.05)(1=Flexion, 
2=Extension). At 30º/s subject generated much less error 
during flexion when compared to extension. At 90º/s and 
120º/s produced larger errors during flexion when compared to 
extension but performances were very similar. 

DISCUSSION & CONCLUSIONS
Although the vibration frequency used in this study was well 
below the frequency thought to stimulate muscle spindles, we 
see an effect on movement sense. This outcome requires fur-
ther investigation but, given the vibration frequency, could 
have important implication for industrial workers. These res-
ults support  (Allen & Proske, 2006), indicating that sense of 
movement is not susceptible to fatigue.  It seems that sense of 
effort and velocities of movement also have a definitive influ-
ence on movement matching performance. To conclude, it 
seems that a wide variety of vibration intensities could have an 
effect on kinesthesia via different mechanisms. The use of low 
frequency vibration indicates that movement sense can be 
altered by more than disturbances to muscle spindles.
REFERENCES
[1]Bovenzi, M. (1996). Low back pain disorders and exposure 
to whole-body vibration in the workplace. Seminars in 
Perinatology, 20(1), 38-53. 
[2] Allen, T. J., & Proske, U. (2006). Effect of muscle fatigue 
on the sense of limb position and movement. Experimental 
BrainResearch. Experimentelle Hirnforschung. 
Experimentation Cerebrale, 170(1), 30-38. 



PROPOSING A MINIMAL DATA SET TO QUANTIFY QUASI-STATIC SITTING POSTURAL STABILITY IN 
INDIVIDUALS WITH SPINAL CORD INJURY 

Murielle Grangeona,b, Dany Gagnona,b, Cindy Gauthier a,b, Cyril Duclosa,b, Philippe Gourdoub 

a School of Rehabilitation, Université de Montréal, Montreal, Canada [murielle.grangeon@umontreal.ca] 
b Pathokinesiology Laboratory, Centre for Interdisciplinary Research in Rehabilitation of Greater Montreal—Institut de réadaptation Gingras-

Lindsay-de-Montréal, Montreal, Canada [www.pathokin.ca]  
 
INTRODUCTION 
There is a lack of research on sitting stability in individuals 
with spinal cord injury (SCI) using quantitative methods. Time 
and frequency domain measures are commonly applied to 
quantify the displacement, velocity, area and frequency 
characteristics of the centre of pressure (COP) fluctuation. Yet 
it is still not clear why one measure should be superior in 
differencing postural stability in healthy and pathological 
population.This study aimed to determine a minimum data set 
of postural measures to quantify sitting postural stability in 
individuals with SCI. 
 
METHODS 
Fourteen individuals (age=41.1±14.7yrs; height=1.8±0.08 m; 
weight=83.1±23.3kg) with SCI (lesion level=C3-L1; AIS=A-
D; time since SCI=4.4±6.3 yrs) and 14 healthy matched 
controls volunteered to participate in the study. During a 
laboratory assessment, they sat on an instrumented seat that 
has no backrest, with their feet resting on two forceplates 
embedded into the floor, and maintained two 60-second short-
sitting positions: 1) with both hands resting on their thighs 
(supported sitting) and 2) with both shoulders flexed at 70° 
and abducted at 45° (unsupported sitting). Reaction forces 
were recorded at a sampling frequency of 600 Hz. The 
resultant (RD) COP time series, computed from the tri-axial 
components of the combined reaction forces, was low-passed 
filtered (5 Hz) and then down-sampled (300 Hz) before 
analysis. Seventeen COP measures based on time and 
frequency series, structured into five types of measures, were 
computed (Table 1) [1]. A total of 39 COP measures were 
obtained for each sitting task since isolated measures for the 
anteroposterior (AP) and mediolateral (ML) directions are also 
reported for 11 out of the 17 COP measures, respectively. 
 
Table 1. Summary of the COP-related outcome measures.  
Types of measure Outcome measures 

Time-Domain 
Distance measures  

mean distance: average distance from the mean COP (mm)* 
RMS distance (mm)* 
TOTEX: total length of the COP path (mm)* 
Range: maximum distance between any two points (mm)* 
mean velocity: average velocity of the COP (mm/s)* 

Time-Domain 
Area measures  

95% confidence circle area (mm2) 
95% confidence ellipse area (mm2) 

Time-Domain 
Hybrid measures 

Sway area (mm2/s) 
Mean frequency (Hz)* 
Fractal dimension 
Fractal dimension based on the area-CC 
Fractal dimension based on the area-CE 

Frequency Domain 
measures 

Total power frequency (Hz)* 
Median power frequency (Hz)* 
95% power frequency (Hz)* 
Centroidal frequency (Hz)* 
Frequency dispersion (Hz)* 

*Computed based on resultant (RD) time series as well as on the 
anteroposterior (AP) and mediolateral (ML) time series. 
 
Pearson correlation coefficients quantified the association 
between the 17 outcome measures for each task in each group 

on each directional component (a total of 408 correlations by 
group). The COP measures that strongly correlated (r≥0.90) 
were organized under correlation subgroups and were judged 
to provide the same information. Then, the strongest correlated 
variable (with the mean highest r and the great number of r) 
within each correlation subgroup was selected as the most 
representative measure. Then, all uncorrelated measures found 
had to be sufficiently discriminative within themselves 
(r<0.70), between groups and tasks to be included in the 
minimal data set. Therefore a two-way ANOVA was also 
computed to confirm these differences between groups and 
tasks. Correlation coefficients were also used to verify the 
influence of AP and ML components on resultant COP 
outcome measures. 
 
RESULTS 
Distance and area COP measures were highly correlated with 
each other but not to frequency and hybrid measures. Mean 
distance and mean velocity were the strongest correlated 
variable among the 2 correlation groups of distance and area 
measures on each directional component in both groups. 
Among the correlation groups of frequency and hybrid 
measures combined, centroidal frequency was the strongest 
measure on each component in individuals with SCI, whereas 
it was the frequency dispersion in healthy controls. The most 
discriminative uncorrelated measures were linked to frequency 
and hybrid measures in both groups (sway area and median 
power frequency in individuals with SCI; centroidal frequency 
in healthy controls). In both groups, the 11 measures with 
directional components showed stronger correlations between 
RD and AP component than between RD and ML component. 
Individuals with SCI also showed stronger correlations 
between the RD and ML component than healthy controls. 

	
DISCUSSION & CONCLUSION 
Mean distance, mean velocity, area sway, centroidal 
frequency, median power frequency and frequency dispersion 
are proposed as a minimal data set when quantifying quasi-
static sitting postural stability, especially among individuals 
with SCI. These measures should be reported for all 
directional components whenever applicable, as both AP and 
ML activity independently contribute to the resultant COP 
outcome measures. 
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INTRODUCTION 
The coordination of posture and movement is an 

integral part of performing daily activities. While it is 

well known that the central nervous system (CNS) 

accommodates for balance disruptions induced by self-

movement via anticipatory postural adjustments 

(APA), it is still unclear as to how this control is 

organized.  Two theories currently exist: the single-

process model, which postulates that a common central 

command controls both postural and focal movements 

[1], and the dual-process model, which states that 

control of postural and focal movements is under 

separate but highly correlated control [2].  

 

Previous studies seeking to characterize control have 

employed various arm (focal) actions; however, these 

tasks were self-triggered or paced movements. The 

purpose of this study was to determine whether APAs 

are still employed with a focal task under very tight 

temporal external constraints, and whether APA 

generation depended on different spatial and temporal 

foreknowledge of the task.      

 

METHODS 
Young adults (n=10) attempted to catch a small ball 

under 4 conditions of temporal and spatial pre-

knowledge: 1) temporal condition (T): 5 s countdown 

to ball launch, 2) spatial condition (S): the aim of 

launch given beforehand, 3) combined condition (TS): 

both temporal and spatial cues, 4) control condition 

(C): no pre-cues. The launcher aim was hidden, and 

ball velocity tightly controlled, taking 500 ms (±3.4%) 

to reach the subject.  

 

Muscle activity (EMG) was recorded (Bortec 

Biomedical Ltd., Canada) from the legs (6 muscles) 

and catching arm (2 muscles).  Motion of the catching 

arm was tracked (OptiTrack, USA) while subjects 

stood atop a force plate (AMTI, USA). Onsets of focal 

and postural responses were determined by a sliding 

window for EMG, centre of pressure (COP), arm and 

whole-body motion.  

 

RESULTS 

Participants made catching attempts in all trials, 

despite the time-constraint resulting in a low number 

of catches (21% of trials) and ball contacts (hit hand 

but no catch; 45%).  The time constraints triggered 

rapid muscle onsets, but no difference (p=0.91) was 

found between the fastest focal (168±52 ms) and 

postural muscle (170±52 ms; p=0.91) response, across 

pre-knowledge conditions (interaction: p=0.51).  

Temporal cuing yielded faster onsets (Table 1) for both 

focal and postural muscles, as well as the COP 

(p<0.05) compared to spatial and control cuing trials. 

 

DISCUSSION AND CONCLUSIONS 

Postural muscle activity still accompanied a focal 

action under extreme temporal constraints.  Continuing 

analysis of the kinematic data will reveal whether the 

postural muscle activity was specific to parameters of 

the catching action (i.e. movement direction, speed) or 

reverted to a generic stiffening strategy given the tight 

temporal constraints. 
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Table 1: EMG and COP onset times based on condition parameters.  Onset times are in reaction to ball launch.  Fastest 

muscle activation in the arm (focal) and legs (postural) were used to determine onsets for muscle activity. 

Condition Parameters Muscle Activity Onsets (ms) Centre of Pressure Movement Onset 

(ms) Focal Muscle Postural Muscle 

Temporal (T)   162±50ms
*
   157±52ms

*
   176±68ms

*
 

Spatial (S) 181±46ms 182±47ms 202±64ms 

Temporal/Spatial (TS)   151±49ms
*
   150±60ms

*
  184±83ms

*
 

Neither/Control (C) 180±57ms 192±34ms 206±74ms 

* P<0.05 compared to S and C conditions 
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INTRODUCTION
Approximately 4  to  7  percent  of  workers  are  exposed  to 
potentially  harmful  levels  of  WBV  in  Canada,  the  United 
States,  and  some  European  countries [1]. Exposure  to 
vibration is known to cause  certain physiological  responses. 
However, there is still a lack of understanding on how these 
responses tax the neuromuscular system. The objective was To 
investigate whether exposure to vibration along with exercise 
induced a phenomenon of fatigue revealed by physiological, 
mechanical,  and  muscular  parameters  in  the  lower-limb 
muscles, and to determine the origin (central vs. peripheral) of 
the fatigue of the knee-extensor muscles. 

METHODS 
A series of neuromuscular tests including electrically evoked 
voluntary  contractions  were  performed  before  and  immedi-
ately  after  4  exercise  protocols  (Standing  [control], 
Standing/Vibration,  Squatting  and  Squatting/Vibration)  (3.5 
Hz) in 11 healthy subjects. Subjects participated in 4 testing 
sessions in random order on separate days.  The testing ses-
sions were composed of a standing session (ST), a vibration 
session (VT), a fatigue task session (SQT) and a fatigue task 
with vibration session (VSQT)  for which PRE and POST fa-
tigue neuromuscular tests were performed

RESULTS
Mean  maximum  voluntary  contraction  (MVC)  torque  pro-
duced during extension decreased significantly POST Squat-
ting Trial (SQT) (-17.8 %; P < 0.001) and Vibration Squat Tri-
al (VSQT) (-22.4 %; P < 0.001). Similarly, mean MVC torque 
during flexion significantly decreased POST SQT (-10.9 %; P 
=  0.016)  and  VSQT  (-24.9%;  P  =  0.011).  Raw  elec-
tromyography root mean square (EMG RMS) dropped signi-
ficantly POST VSQT for the rectus femoris (-39.33 %; P < 
0.05).  Twitch  contraction-time  (CT)  decreased  (-13.2  %; P 
=.004), twitch half-relaxation time (HRT) decreased (-21.9 %; 
P= .000) and twitch peak torque (PT) (-26.4 %; P= .002) for 
the squatting trial. Twitch PT decreased significantly (-28.29 
%; P= .038) for the squatting vibration trials. Doublet PT of 
the Squatting trials decreased (-22.7%; P =.002), doublet HRT 
during Squatting Vibration trials decreased (-28.8%; P =.004). 
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Figure 1: Maximal Voluntary Contraction (MVC) for 
extensor muscles of the knee for 4 experimental conditions 
PRE and POST. Mean ± Standard deviation, *** Significant 
difference between PRE and POST (P < 0.001).
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Figure 2: Maximal Voluntary Contraction (MVC) for flexor 
muscles of the knee for 4 experimental conditions PRE and 
POST. Mean ± Standard deviation, * Significant difference 
between PRE and POST (P < 0.05).

DISCUSSION & CONCLUSIONS
The key findings were overall significant decreases in MVC 
torque POST SQT and VSQT for extensor and flexor muscles. 
The MVC torque reduction was accompanied by a decrease in 
twitch  and  doublet  peak  torque  PT.  We  demonstrated  that 
VSQT induced a significant reduction in the torque produced 
during MVC, but it  was not significantly different  from the 
SQT trials. The significant extensor MVC torque reduction ob-
served POST SQT was accompanied by decreased voluntary 
activation of the rectus femoris, as attested to by the normal-
ized  EMG.  Central  drive,  as  indicated  by  raw EMG RMS, 
dropped significantly, POST Squatting with Vibration, for the 
rectus femoris.  The peripheral adaptations were very similar 
for both protocols (squatting vs. squatting with vibration). Al-
though  this  study  failed  to  demonstrate  substantial  central 
modifications for the squatting vibration protocol, the contri-
bution to overall fatigue should not be excluded. It has been 
established [2] that  exhaustive vibration exercise could alter 
central motor control patterns. In conclusion, the vibration ex-
ercise performed in this study induced a phenomenon of fa-
tigue at the peripheral level. However, the central contribution 
to the fatigued state in relation to low-frequency vibration ex-
ercise cannot be excluded at this point.
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INTRODUCTION 

Gait variables are highly correlated and have a temporal 

dependence [1].  Principal component analysis (PCA) has been 

applied successfully to extract information from highly 

correlated data [2].  Interpretation of the PCs’ is challenging. 

An alternative is to use a graphical display called Biplot [3] 

that gives insights into relationships and trends of complex 

data sets. Our goal was to demonstrate the role played by gait 

variables in women during life span with PCA-biplot. 

METHODS  

There were 453 subjects in the study: 151 elderly females 

(71.6±5.0 yrs), 152 adults (44.7±5.4 yrs) and 150 young 

(21.7±4.1 yrs) subjects. Subjects were able to walk 

independently. Gait parameters were collected using a 

computerized carpet (GAITRite, CIR systems, USA) at 

subjects’ preferred walking speed. PCs were first obtained 

followed by the PCA-biplot. The axes are represented by PC1 

and PC2; the PC scores of the groups were averaged and 

represented by symbols and the variables by vectors. The 

origin of the vectors is the mean for all variables. Variables’ 

with higher vector length indicate higher variance. The smaller 

the relative angle between two variables’ vectors the higher 

their correlation. The projection of the groups onto the 

variables’ vectors indicates their spatial distance in relation 

both to each other and to a set of variables; projections above 

the mean indicates higher value for that specific variable. In 

addition, the highest the distance along the variable more 

important is that variable in group separation [3]. 

RESULTS 

Figure 1 show that PC1 is heavily weighted by stance time, 

cadence, velocity and double support time and PC2 by step 

length and swing time. The highest relative variance is 

attributed to swing time. Velocity and double support show 

higher negative correlation. Elderly females walk with lower 

velocity, smaller step length, shorter swing time, higher 

cadence and longer double support time compared to the other 

two groups. The greatest distances between the groups are 

along the variable step length; therefore, step length and PC2 

are important in group separation. With the objective to 

interpret the behavior of the groups in the 2-PC model, Table 1 

was built with the result of the projection of the groups on the 

variables represented by symbols; when the projection falls 

well above the mean or below the mean, two plus and two 

negative signs were marked, respectively; when the projection 

falls somewhere between only one plus or one minus sign was 

marked. From the table we can conclude that as we get older 

we seek for a more stable gait pattern, since we decrease our 

speed and increase our cadence and time spent in stance. The 

behavior of the young group is opposite to the elderly’s and 

the adult group is somewhere between. 

Figure 1: PCA-biplot of the gait variables and the average 

score of the female elderly, adult and young groups (N=453). 

 

Table 1. Projection of each average group score onto the 

variables’ vectors on the PCA-Biplot.   

Variables 
Groups 

Elderly Adults Young 

Velocity - - + ++ 

Cadence ++ - - 

Step Length - - + ++ 

Swing Time - - + ++ 

Stance Time ++ - - - 

Interpretation  STABILITY 
+ = high value ; ++ = very high value; - = low value; -- = very low value; 

 

DISCUSSION & CONCLUSIONS 

PCA-biplot improves how we visualize the behavior of the 

groups on gait variables as we age. Step length appears to play 

an important role in group separation. It is clear that as we 

aged we seek for more stability. Although the outcome is not 

new in the literature, the PCA-biplot proved to be important 

tool that enhances the comprehension of the general features 

of the data. 
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INTRODUCTION 
Manual materials handling is prevalent in many industries. 

Often the lifting envelope is asymmetrical due to inadequate 

work space or improper ergonomic work configuration. 

Muskuloskeletal injury has been associated with both trunk 

twist increasing spine torque and prolonged repetitive lifting 

tasks. Although frequency and duration of lifting has been 

shown to modulate the effects of repetitive lifting on the body 

[1] technique changes with prolonged asymmetrical lifting is 

limited.  The aim of this study therefore was to examine 

kinematic changes to lifting technique related to prolonged 

asymmetric lifting. 

 

METHODS 

Eight male participants (age = 22 ± 1 yr., mass = 80.6 ± 6kg, 

height = 178 ± 4 cm) lifting a box weighing 10% of their 

maximum lifting capacity at a rate of 6 lifts per minute for 75 

minutes. The lift envelope was from the floor directly anterior 

to the participant to a waist height shelf positioned 30 degrees 

to the right of the participant. Electromagnetic motion capture 

sensors (Polhemus Inc., Colchester, VT, USA) were placed on 

each lifter to define C7, T8, L5/S1, the hands, forearms, and 

upper arms bilaterally. 

 

Motion capture data in concert with a static anatomical 

calibration for each participant was used to calculate joint 

angles using a kinematic model coded in MatLAB (The 

Mathworks, Natick, MA, USA). Joint range of motion (ROM), 

maximum joint angle, and maximum joint angular velocity 

were calculated about the elbow flexion/extension axis, and 

about all three anatomical axes for the shoulder and trunk. 

 

Fatigue was quantified by comparing pre and post lifting 

maximal voluntary exertions (MVE) for the shoulder and 

trunk. During the lifting protocol ratings of perceived exertion 

(RPE) were obtained. 

 

RESULTS 

MVE and RPE. Both trunk and shoulder exertions decreased 

significantly (p < 0.05) after the 75 minute lifting protocol. 

Ratings of perceived exertion increased significantly from the 

first to the last five minutes within the 75 minute period. 

Range of Motion. Lifting kinematics also changed from the 

beginning to the end of the 75 minute protocol. Right shoulder 

flexion, rotation and abduction ROM all increased significantly 

(Figure 1). Trunk flexion and lateral bend ROM increased 

while trunk rotation ROM decreased significantly. 

Maximum Joint Angle. The maximum trunk twist increased 

significantly following the 75 minute lifting protocol. 

Joint Angular Velocity. Shoulder ab/adduction, shoulder 

flexion/extension and trunk flexion, rotation and lateral bend 

all decreased over the 75 minutes of lifting.  

 

 
Figure 1 Range of Motion for Trunk Flexion, Lateral Bend, and 
Rotation 

DISCUSSION 

The kinematic results suggest a modification to the lifting 

technique as the participant became fatigued.  The significant 

decrease in MVE indicates that both the shoulder and the trunk 

were physiologically challenged. It appears that the participants 

migrated from ‘squaring’ themselves at  load initiation and 

completing the lift by incorporating significant trunk rotation, 

to reducing the ROM of trunk rotation by becoming more 

ergonomic and positioning the upper body in a manner that was 

slight rotated to the box initiation. This results in the need to 

begin the lifted in with trunk rotation to the left and completing 

with less rotation to the right. Therefore increasing the spinal 

twist load at load initiation and reducing at box placement. 

This was coupled with an increase in shoulder motion which 

may result in a higher loading at the shoulder joint.  The 

decrease in velocity may in part reflect a need to impose 

greater control over the motion and a result of tired muscles. 

 

CONCLUSION 

These results indicate that males change their lifting kinematics 

to compensate for the fatigue induced on both the shoulder and 

trunk during prolonged asymmetrical lifting.  
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INTRODUCTION 
Children with spastic cerebral palsy experience difficulties in 
activities of daily living because of hypertonia and limited 
range of motion (ROM). Casting, splinting and botulinum 
toxin (BT) injection of spastic muscles can reduce spasticity in 
spite of muscle weakness from BT [1,2]. Given that spasticity 
is a movement disorder, producing optimal force at the end-
point of the limb is crucial. Our objectives were 1) to find the 
optimal arm posture for maximal capacity to generate force at 
the end-point during immobilization and 2) to develop a BT 
model, using feasible force sets (FFS) which comprises all 
possible forces that muscles can generate at the end-point. 
 
METHODS 
To build a model of 3-linkage system with 6 degrees of 
freedom, we selected 12 upper arm postures of shoulder, 
elbow (30, 60, 90, 120o), and wrist (45, 0, -15o) for reaching 
(figure 1) and a total 9 muscles: biceps, triceps, brachialis (Br), 
brachioradialis (BrR), flexor carpi ulnaris (FCU), flexor carpi 
radialis (FCR), extensor carpi ulnaris (ECU), extensor carpi 
radialis longus (ECRL), and extensor carpi radialis brevis 
(ECRB). The model maps from 9 muscles coordination to the 
2-dimensional limb endpoint force, and we applied linear 
programming in MATLAB to determine the maximal force for 
each postures, using a cost function equation, Fmax = J R F0 a, 
J: jacobian matrix from geometric model of the limb end-point 
R: moment arm matrix of 9 muscles for 12 postures  
F: the maximal muscle force from muscle fiber 
a: muscle activation from the neural input [3,4]. 

 
Figure 1. The 12 postures of upper extremity for reaching.  
 
Monte Carlo analysis was performed to measure robustness of 
the model at the optimal posture, manipulating two 
parameters, PCSA and the optimal muscle length with +/- 50% 
and +/- 20% of upper and lower bounds of the original values 
respectively. 
 
FFS at the optimal posture was found multiplying Fmax by all 
possible muscle coordination patterns and presented in 2-
dimension. 4 muscles (biceps, BrR, FCU, FCR) were chosen 
for BT simulations based on its clinical applications. Muscle 
activation was modified to 30% of the maximal neural input 
for BT simulations.  
 

RESULTS 

 
Figure 2. The optimized maximal force for 12 postures. 

The maximal optimized muscle force was generated at the 
posture 11, which was 60° shoulder flexion, 60° elbow 
flexion, and 15° wrist extension (figure 2). The greater forces 
were produced at 60o of elbow flexion (P3, 7, 11). Monte 
Carlo analysis showed the model was robust. 

 
Figure 3. Feasible force set: no BT vs. BT in 4 muscles. 
 
FFS decreased by BT simulation, and the amount of decrease 
was different between two elbow flexors and between two 
wrist flexors. We found a significant decrease in FFS when 
simulating application of BT in multiple muscles (figure 3). 
 
DISCUSSIONS & CONCLUSIONS 
The greater forces were generated at 60o of elbow flexion and 
neutral to 15o of wrist extension. This suggests that the 
maximal reaching force is generated in the middle range of the 
elbow joint. Individuals with CP exhibit muscle weakness, and 
additional BT injections cause further muscle weakness. 
Therefore, instead of administering BT in multiple muscles at 
one visit, BT could be administered as a series of treatments, 
combining with strengthening exercise and physical therapy, 
to maximize ROM and minimize loss of muscle strength. 
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INTRODUCTION 
Osteoarthritis (OA), is one of the most common degenerative 
diseases in older adults. When conservative treatment fails, 
OA accounts for 81% of Total Hip Athroplasties (THA) [1] 
Unfortunately, some individuals can be left with short or long-
term physical impairments such as muscle weakness, stiffness 
and abnormal gait patterns [2-4]. Currently, there is a lack of 
knowledge regarding whether these impairments post-THA 
can predispose individuals to a greater risk of falling. The 
primary objective of our study was to examine operative hip 
abductor and extensor strength, ROM and non-operative toe 
clearance while walking and the associations between these 
variables in individuals three to 15 months post-THA. It was 
hypothesized that hip abductor and extensor strength, and hip 
ROM of the operative limb would have a moderate positive 
relationship with non-operative limb toe clearance. 
 
METHODS  
Twelve adults post-primary THA were 
recruited to participate in this study (age: 
69±5 years; sex: 8 female). Each participant 
underwent an assessment for hip flexor and 
extensor muscle strength, range of motion 
(ROM) and gait. For the gait assessment, 
participants were requested to walk along a 
straight path for approximately 3 meters 
with and without an obstacle. Obstacle 
height was calculated as 8% of the 
participants leg length. While walking, a 
motion capture system recorded the 3D 
displacement of 31 reflective markers 
located on the upper and lower body 
segments (7 Hz low dual low pass Butterworth filter). Toe 
clearance was calculated as the distance (mm) between the 
marker on the obstacle and the marker on the hallux directly 
vertical over the obstacle. (See Figure 1)  
 
RESULTS 
The ROM and strength of the hip abductors and adductors for 
the participants in this study are presented in Table 1. 
Participants walked at a speed of 1006 ±152 mm/sec without 
an obstacle in the travel path, that significantly decreased to 
841±170 mm/sec with an obstacle. (p<0.05) The mean toe 
clearance over the obstacle was 125±27mm. Initial correlation 
of ROM and strength demonstrated a weak and non-significant 
correlation with toe clearance. However, upon removal of two 

outliers that had clinically important pelvic obliquity, the 
correlation of toe clearance of the non-operative limb with 
peak hip abductor and extensor strength increased, and 
displayed a trend towards a weak negative correlation. (r= -
.53, r=-.48 respectively; (See Figure 2,3). 
 

 
 
 
 
 
 
DISCUSSION & CONCLUSIONS 
The participants in this study exhibited a slower walking 
velocity and decreased hip ROM and strength in relation to 
able bodied adults. With the removal of participant’s with an 
existing clinically significant pelvic obliquity, there was a 
trend towards a negative correlation between both hip 
abductor and extensor strength with toe clearance. This 
emerging trend reveals the importance of further expanding 
this study to a larger cohort of individuals post THA. Future 
research that investigates the persistence of these deficits and 
their association with fall risk will help inform and guide 
clinical practice post THA. 
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Table 1: Active-Assisted Hip range of motion (ROM), and strength measured with a standardized clinical protocol. 

 ROM (°) Peak Force Normalized  for Weight (N/kg) 
 Flexion Extension Abduction Adduction Abduction Extension 
Mean 118.1 -6.3 18.6 14.8 0.10 0.23 
Std. Deviation 7.0 7.7 7.1 3.2 0.06 0.10 

Figure 2 &3:. Correlation of hip abductor  (left) and hip 
extensor strength  (right) to contralateral toe clearance 
(outliers removed). 

Figure 1: 
Experimental 
set-up
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INTRODUCTION 
Reverse shoulder arthroplasty (RSA) is a relatively new type 

of surgery for patients with shoulder osteoarthritis combined 

with severe rotator cuff damage. RSA effectively reverses the 

orientation of the ‘ball and socket’ in the glenohumeral joint, 

increasing the moment arm of the deltoid and improving the 

abduction range of motion of the shoulder. While the surgery 

has been successful in reducing pain and improving mobility, 

joint instability leading to dislocation remains a common 

complication. Impingement of the humeral RSA component 

against the scapula has been reported as a common mechanism 

of dislocation [1, 2]; however, biomechanics and joint stability 

in this situation have not previously been investigated. The 

purpose of this study was to determine the effects of implant 

geometry on the force required to dislocate an RSA joint 

through impingement. 

 

METHODS  
An existing shoulder simulator, which was developed to 

investigate factors affecting RSA stability, was adapted for 

this study. RSA components (Delta Xtend, DePuy) were 

implanted in an artificial scapula and humerus (Sawbones 

1050 and 1028, Pacific Research Labs). The scapula was fixed 

in a frame, and three cables attached to deltoid insertion points 

on the humerus were fed through wrapping points on the 

scapula, and then coupled to pneumatic actuators representing 

anterior, middle, and posterior heads of the deltoid. Deltoid 

forces were adjusted using manual pressure regulators and 

recorded using inline load cells. The application point for the 

dislocation force was drilled and reamed to fit one end of a 

fourth load cell, through which the load was applied. 

 

Trials were carried out in random order according to a three-

factor, four-replicate factorial design. The factors were as 

follws: (i) glenoid component (glenosphere) eccentricity 

(standard or inferior offset),  (ii) glenosphere diameter (38 mm 

or 42 mm), and (iii) humeral cup depth (high mobility or 

retentive). A humeral cup thickness of 6 mm was used for all 

trials. Deltoid forces were applied to hold the humerus in 

position. Pressures were adjusted manually until the anterior, 

middle, and posterior deltoid load cells measured 30 N, 65 N, 

and 30 N, respectively. This corresponded to a neutral, 

impingement-free posture and a mean humeral abduction 

angle of 40 degrees. A force was applied at the distal end of 

the humerus, perpendicular to the epiphyseal axis, adducting 

the arm until impingement against the scapula caused the joint 

to dislocate. Peak force to dislocate was measured for each 

trial with a load cell. 

 

RESULTS 

Changing glenosphere offset from standard to eccentric 

increased force to dislocate by 14 N. Increasing glenosphere 

diameter from 38 mm to 42 mm increased force to dislocate by 

10 N (p < 0.001 for both factors). Humeral cup depth did not 

significantly influence the force to dislocate the joint. There 

were no significant interactions between factors. 

 
Figure 1: Force to dislocate a RSA shoulder based on glenoid 

component eccentricity, diameter, and cup depth. * denotes 

significance. 

 

DISCUSSION & CONCLUSIONS 

DePuy recommends the use of an eccentric glenosphere to 

improve stability and increase impingement-free range of 

motion, but does not make recommendations for glenosphere 

size as it relates to stability [3]. A previous study [4] found 

that when the dislocation force is applied directly to the head 

of the humerus, an eccentric glenosphere improves stability 

but glenosphere size does not significantly affect force to 

dislocate. The current results suggest that glenosphere size is a 

significant factor in dislocations caused by impingement.  

 

Interestingly, humeral cup depth did not have a significant 

effect on force to dislocate by impingement, despite the fact 

that the retentive cup is designed to increase stability of the 

joint. Selection of RSA components including an eccentric, 

large-diameter glenosphere may be effective in improving 

joint stability, particularly while the arm is adducted. 
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INTRODUCTION 
A mixture of motor unit types can be found in mammalian 
skeletal muscles and recruitment of these different motor units 
may influence whole muscle performance.  The focus of this 
study is on characterizing recruitment of slow and fast motor 
units, whether different motor units may be recruited in task-
specific pattern during locomotion, and how recruitment is 
influenced by mechanical factors such as strain, strain rate, 
force, and force rise-relaxation rates.  
 
METHODS  
Six African pygmy goats (Capra hircus; 3 males, 3 females, 
age 21 ± 15.5 months, mass 25.85 ± 6.20 Kg) were tested at 
the Concord Field Station at Harvard University. 
Electromyography (EMG), fascicle strain, and tendon force of 
the lateral and medial gastrocnemius muscles were recorded 
using surgically implanted offset bipolar silver-wire electrodes 
(0.1mm, California Fine Wire Inc.), sonomicrometry crystals 
(2mm, Sonometrics Inc.), and a tendon buckle on the Achilles’ 
tendon, respectively. Recordings were made during walking, 
trotting, and galloping on a level and incline surface on a 
treadmill. 
Tendon forces and sonomicrometry data were partitioned into 
20 equal time windows per stride and mean values of force, 
force rate, strain, and strain rate were calculated or each time 
window.  Wavelet analysis, a time-frequency decomposition 
technique, considers that action potentials from different 
motor unit types will leave a distinct intensity spectra in the 
EMG signal [2].  We used principal component (PC) analysis 
to identify the major features of the intensity spectra. An angle 
! that formed between the vector of the PCI-PCII loading 
scores and the PCII loading score axis indicated the 
contribution of high and low frequency content in the EMG 
signal (a small ! had a positive contribution of the PCII 
loading scores and indicated relatively high frequency content, 
Figure 1). ANCOVA was conducted to determine associations 
between ! and strain rate and force rise-relaxation rates. 
 
RESULTS 
Total EMG intensity, strain rate, force, and force rise- 
relaxation rates all showed a tendency to increase as speed  
increased from walking to trotting to galloping (p<0.05). 
These measures were even higher when animals moved on an 
incline surface compared to the same level speed (p<0.001). In 
particular, we found that there were times where preferential 

recruitment of faster motor units is associated with faster 
shortening fascicle strain rates (Table 1, p<0.001). 
 

 
Figure 1: Principal components analysis of the myoelectric 
signals. PC I and II loading scores for MG (solid) and LG 
(dotted) during different locomotor tasks. 
 
DISCUSSION & CONCLUSIONS 
Our findings for the goat LG and MG support previous 
observations in other animals and man that different motor 
units may be recruited in task-specific pattern such faster 
motor units are recruited for tasks that require rapid 
shortening-lengthening cycles [2,3]. We have demonstrated 
that a shift to higher EMG frequencies is related to increases in 
fascicle strain rate. Surprisingly, there was no evidence that 
faster motor units were recruited for tasks that required rapid 
force rise-relaxation rates. These findings offer crucial insight 
into the basic neuromechanical mechanisms of producing 
movement. 
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Table 1: Summary of the effect of mechanical and excitation variables on angle !. The arrows denote the direction of association: 
" positive and # negative when the covariates are significant (p<0.05). 

Variables Total intensity Strain Strain rate Force Force rate 
Force rise #  " #  

Force relaxation # # " #  
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INTRODUCTION 

Despite the frequency of hand-held load carriage in many 

industrial settings, most research to date has focused primarily 

on packs as the means of load carriage. The Mover’s Assistive 

Device (MAD), developed in 2008 at Queen’s University in 

conjunction with local moving companies, is an on-body 

ergonomic aid designed to reduce musculoskeletal effort 

during hand-held load carriage. The MAD has been found to 

reduce muscular activity, as well as reduce users’ perceived 

exertion during loaded walking [1]. Interjoint coordination 

(quantified as the continuous relative phase (CRP) angle) 

variability has been used as an indicator of a person’s ability to 

respond to and recover from perturbations in unfavourable 

conditions during normal gait [2]. The purpose of this study 

was to quantify differences in CRP variability during load 

carriage when: 1) carrying a load anteriorly and posteriorly; 

and 2) wearing and not wearing the MAD. 

 

METHODS  

Kinematic data were collected at 120Hz from six Vicon-512 

infrared motion analysis cameras (Oxford Metrics, Oxford, 

UK). Ten male participants walked 50 steps under each of four 

carriage conditions: 1) unassisted anterior carriage (UAC), 2) 

assisted anterior carriage (AAC), 3) unassisted posterior 

carriage (UPC), and 4) assisted posterior carriage (APC); 

while carrying a load equivalent to 20% of body mass. Using a 

three-dimensional Euler rotation sequence, sagittal angles and 

then velocities of the ankle, knee, hip, and trunk were 

calculated.  Angular positions and velocities were normalized 

between 0 and 1 (Figure 1 Top), phase angles were calculated 

using the inverse tangent of angular velocity over angular 

position (Figure 1 Middle), and CRP angle was calculated by 

subtracting the distal joint phase angle from the proximal joint 

phase angle (Figure 1 Bottom). This was done between the 

knee-ankle, hip-knee and trunk-hip, and CRP variability was  

calculated as the standard deviation of CRP for each percent of 

the gait cycle across all strides for each condition. Two-way 

repeated-measures analysis of variance was used to test for 

differences between carriage technique and device (p<0.05). 

 

RESULTS 

The posterior load carriage technique was found to exhibit 

significantly greater CRP variability than its respective    

 

anterior load carriage technique for all three coordination 

models. Furthermore, wearing the MAD caused a significantly 

less variable CRP pattern than not wearing the MAD for the 

hip-knee and the trunk-hip coordination models (Table 1). 

 

DISCUSSION & CONCLUSIONS 

The results from this study provide an initial evaluation of the 

differences in CRP variability between different types of load 

carriage. While an increased CRP variability has been 

associated with an increased ability to recover from external 

perturbations in normal gait [2], it is unknown whether this 

applies to hand-held load carriage. In conclusion, different 

load carriage techniques alter the amount of lower-extremity 

variability in the sagittal plane; however, the ideal amount of 

variability is still unknown. Future studies plan to apply 

stability analyses during similar load carriage conditions to 

begin testing for an ideal CRP variability during load carriage.  
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Coordination 

Model 

Mean CRP Variability (standard deviation) 
Device 

 p value 

Technique  

p value 

Device* 

Technique  

p value 

Unassisted Assisted 

Anterior Posterior Anterior Posterior 

Knee-Ankle 4.85 (±1.28) 6.14 (±1.33) 4.74 (±0.88) 5.93 (±0.94) 0.587 0.000 0.856 

Hip-Knee 4.94 (±0.97) 6.25 (±1.17) 4.84 (±1.02) 5.32 (±1.18) 0.088 0.007 0.107 

Trunk-Hip 12.03 (±1.87) 20.05 (±2.56) 11.55 (±2.28) 18.34 (±2.96) 0.020 0.000 0.258 

Table 1: Summary of the mean CRP variability (standard deviations of variability) across all subjects for the knee-ankle, hip-

knee, and trunk-hip and the analysis of variance (ANOVA) results. 

Figure 1: Calculation of the CRP during one gait cycle for 

one participant. Top) The normalized position-velocity 

curves. Arrow indicates beginning of the cycle. Middle) The 

phase angle of both the ankle and knee. Bottom) The knee-

ankle CRP. The large black dots represent one point at 20% 

of the gait cycle through each stage of the calculations. 
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INTRODUCTION 
Dexterous manipulaton shows improvements during childhood 
[1] and declines with age [2]. Metrics based on timed pick-
and-place tasks or grasping rigid objects saturate upon 
moderate manipulation abiltiy. As an alternative, we focus on 
the fact that dexterous manipulation depends on dynamic 
control of fingertip force direction—and use paradigms 
centered on grasp of unstable objects to quantify this control 
[3-5].  Our hypothesis is that a dynamic grasp paradigm can 
detect changes in dynamic control of fingertip forces at both 
extremes of the life span.  
 
METHODS  
We used four custom-made springs (Century Springs 
Corporation) that require low force (2-3 N) for complete 
compression and have the same stiffness. As each spring is 
compressed, its slenderness defines its propensity to buckle, 
thus the hand-spring system acquires different levels of 
instability. Two compression load cells (ELB4-10, 
Measurement Specialties) were mounted at the spring endcaps 
(Figure 1). The load cells were connected to a signal-
conditioning box and a USB-DAQ (Measurement Computing) 
sampled the data at 400 Hz using a custom written MATLAB© 
(Mathworks) program. 
 
After a brief familiarization with all springs and the tasks, we 
presented the springs in order, starting with the shortest 
(Spring 4) to find the first spring they could not compress 
fully. This was their ‘minimally impossible-to-compress’ 
spring. 90 children (4-16 yrs), 13 young adults (21-35 yrs) and 
20 older adults (50-85 yrs) participated in this multi-site study. 
Subjects were asked to compress their minimally impossible-
to-compress spring with their dominant index-thumb to the 
point beyond which they felt the device would slip out of their 
hand, and maintain that compression for at least 3 seconds.   
 
A custom written MATLAB© (Mathworks) program was used 
to visually identify the hold phases based on the force and 
force rate. The average of the two finger force time series were 
computed to create a representative force. A Dexterity score 
was computed by summing the maximal force of each spring 
they could compress fully, plus the maximal force they could 
hold in their impossible spring, normalized to that maximally 
possible over the four springs. 

RESULTS 
Significant differences were seen between the younger and 
older adults in the dexterity score (73.6 ± 3.3, 59.6 ± 3, 
p<0.05) using a repeated measures ANOVA (young vs. old 
age groups). During development we see a steady increase in 
the dexterity score in children totaling 40%, well 
approximated with a sigmoid curve and well beyond the age at 
which other metrics of hand function saturate (Figure 2). 

Figure 2: Development & decline of dexterous manipulation. 
 
DISCUSSION & CONCLUSIONS 
The use of a dynamic grasp paradigm presents a unique way of 
understanding and quantifying development and decline of 
dexterity, with improving control demonstrated throughout 
childhood and reduction with aging. Importantly, dynamical 
analysis reveals similar control at both ends of the lifespan.    
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Figure 1: Dynamic device and spring set.  
 

10 20 30 40 50 60 70 80 9040

60

80

100

Age

D
ex

te
rit

y 
Sc

or
e

 

 



PREDICTION OF FAT FREE MASS INDEX AND SARCOPENIA USING FUNCTIONAL 

 MEASURES IN COMMUNITY DWELLING OLDER ADULTS 

 

Emily I. McIntosh
1
, K. Brent Smale

1
, Katherine A.F. Harrison

2
, Lori Ann Vallis

1
 

1
Human Health and Nutritional Sciences, University of Guelph, Guelph, ON, Canada, mcintose@uoguelph.ca 

2
University of Guelph-Humber, Toronto, ON, Canada

 

INTRODUCTION 

Age related muscle loss, termed sarcopenia, has been linked to 

an increased risk of falls, disability, and mortality [1]. 

Researchers have used normalized fat free mass (FFMI) 

measurements, compared to a reference population to 

successfully identify older adult with sarcopenia [2]. The 

purpose of this study was to develop a predictive measurement 

tool to accurately estimate normalized fat free mass (FFMI) in 

healthy community dwelling older adult men and women. To 

ensure our prediction model would be useful by clinicians 

working with this population, ecologically and functional 

relevant measurements, including nutrition, clinical tests, 

balance, and gait variables were included. 

 

METHODS  

Eighty-five healthy community dwelling older adults (42 

male, 43 female) aged 75.2 ± 5.7 years participated in this 

study. Each participant completed three questionnaires to 

examine general health status, activity levels (physical activity 

scale for the elderly; PASE), and anxiety about falling (falls 

efficacy scale). Grip strength, anthropometric measurements, 

and body composition, as determined by bioelectrical 

impedance analysis, were measured. Each participant 

completed the Dynamic Gait Index, and were then asked to 

complete five steady state walking trials over a GAITRite 

pressure sensor pathway (50 Hz; CIR Systems). Finally, three 

trials of quiet standing were collected (AccuGait portable 

force platform, 50Hz; AMTI, Inc.).Upon leaving the research 

laboratory, participants were asked to complete a three day 

food record.   
 

The fat free mass value, determined by body composition 

analysis, was normalized by height to give FFMI which was 

then used to classify sarcopenia [3]. Pearson’s correlation 

coefficients were used to examine the relationships between 

the collected variables with the outcome measure FFMI. 

Variables that were correlated (P <0.05) with FFMI were used 

in linear regression analysis. As the majority of our sarcopenic 

population was female (66.6%), sex was a strong predictor of 

FFMI. For this reason, we separated the population by sex and 

determined two separate predictive equations. 

 

RESULTS 

In our current population, 27 out of 85 individuals (32%) were 

classified as sarcopenic. FFMI was significantly correlated 

with all of the circumference measures (waist, arm, calf, and 

thigh) and body mass index (BMI) for both sexes. In males, 

maximum grip strength and time spent outside a 95% 

confidence interval ellipse during quiet standing (TOE) were  

 

 

both positively correlated to FFMI. In females, age and several 

balance measures were negatively correlated to FFMI. These 

balance measures include average cumulative path length 

(global measure of distance travelled during quiet stance) and 

total sway velocity. Further examination of the data revealed 

that the variability of the velocity and acceleration in the 

medial-lateral and anterior-posterior directions all contributed 

to this negative correlation.  

 

The prediction equations that accounted for the most 

variability of FFMI included calf circumference, BMI, and 

TOE for men (adjusted R
2
=.726), and age, arm and waist 

circumference, and BMI for women (adjusted R
2
=.907). 

 

DISCUSSION & CONCLUSIONS 

Overall, circumference measures and BMI were correlated to 

FFMI in our entire population. It is interesting to note that we 

only observed a correlation between FFMI and grip strength in 

males and that the literature indicates that grip strength 

declines at a steeper rate in males than females [4,5]. Our 

results indicate that specific balance measures are negatively 

correlated to FFMI in females, which may suggest some 

functional deficits (e.g. increased falls risk) commonly 

associated with the presence of sarcopenia. 

 

The current linear regression models can successfully predict 

FFMI values to a high level of accuracy (~73% in males and 

91% in females). Using our proposed model, clinicians can 

predict sarcopenia in community dwelling older adults and 

early interventions can be planned and implemented. 
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INTRODUCTION 
The unstable Masai Barefoot Technology (MBT) shoe has 
been designed to introduce small instabilities while walking 
and there is anedotal and scientfic evidence to suggest that 
using these shoes can lead to a reduction in back and knee 
joint pain in some individuals [1,2]. A more comprehensive 
biomechanical gait analysis on these shoes is needed to better 
understand the mechanisms for symptom relief and what the 
long term implications of wearing these shoes might be on the 
body.  Therefore the purpose of this study was to use the 
multivarite statistical technique of principal component 
analysis (PCA) to comprehensively compare joint angles and 
moments at the hip, knee and ankle between walking in an 
unstable MBT shoe and a stable control shoe before and after a 
six week accommodation period of wearing the unstable shoe.   
 
METHODS  
Three dimensional joint angles and resultant internal joint 
moments at the hip, knee and ankle were computed in Kintrak 
(Human Performance Laboratory, University of Calgary) on 
23 healthy individuals while walking in an unstable MBT shoe 
and a stable control shoe, both before and after a six week 
accommodation period of wearing the unstable shoe at their 
work place.  Force data was captured at 240 Hz using a force 
platform (Kistler Instrumente AG) and motion data was 
captured at 2400 Hz using an eight camera motion capture 
system (Motion Analysis Corporation).  PCA was used on the 
stance phase waveforms to identify biomechanical features 
that were then tested statistically for differences between the 
two shoes and two testing sessions using a 2 x 2 two-way 
repeated measures ANOVA (PASW Statistics 18, SPSS Inc.) 
 
RESULTS 
PCA was effective in discriminating between the two shoes, 
with the greatest number of differences occurring at the ankle.  
Kinematic changes included reduced hip flexion-extension and 
ankle adduction-abduction range of motion, increased early 
stance dorsiflexion and increased knee internal rotation for 
unstable shoe walking.  Ankle moments tended to be greater 
for the unstable shoe compared to the stable control shoe for 
both testing sessions.  For example, ankle abduction moments 
were greater for the unstable shoe throughout the majority of 
stance (Figure 1A). During the first half of stance, the unstable 
shoe produced more of a plantarflexion moment compared to 
the stable control shoe which generated more of a dorsiflexion 
moment (Figure 1B).  Between 50-90% of stance, walking in 
unstable shoe also reduced the plantarflexion moment 
compared to the stable control shoe.  At the hip, the more 
notable moment changes were an increased peak abduction 
moment (Figure 1C) and increased peak extension moment for 
unstable shoe walking.  At the knee, walking in the unstable 

shoe also led to small but statistically significant magnitude 
reductions in peak abduction and peak adduction moments 
during the first 25% of stance (Figure 1D). 
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Figure 1: Internal joint moments. A) Ankle abduction / 
adduction moment, B) Ankle dorsi / plantarflexion moment, 
C) Hip abduction / adduction moment and D) Knee abduction 
/ adduction moment. 
 
DISCUSSION & CONCLUSIONS 
While many of the identified changes agree with previous 
studies on these unstable shoes, this is the first study to report 
of increases in some internal joint moments during unstable 
MBT shoe walking.  It is thought that reductions in joint 
moments could be providing pain relief in some individuals 
through reduced joint contact forces.  The implications of the 
increased moments remain less clear and therefore it is 
important that future long term follow-up studies be carried 
out on these shoes to better understand the long term 
implications of these unstable MBT shoes on the body. 
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INTRODUCTION 
Lumbar disc herniation is a condition in which annular tears 

permit the nucleus pulposus to extrude through the disc, often 

resulting in pain due to compression of neural elements. 

Microdiscectomy is a common surgical treatment and can be 

performed in partial or subtotal fashion. In a partial 

microdiscectomy (PD), only the herniated fragment is 

removed. This contrasts with a subtotal microdiscectomy 

(SD), in which not only the herniated fragment is excised but 

the majority of the disc as well. Studies have shown a 

decreased reherniation rate after SD as compared to PD [1]. A 

disadvantage of SD is that the diminished shock absorptive 

function of the residual disc may lead to accelerated 

degeneration and subsequent back pain. Though the etiology 

of this pain is not well understood, it may be related to 

alterations in the motion patterns of the facet joints and 

endplate. Therefore, the purpose of this study was to examine 

the effects of PD and SD on facet and endplate kinematics. 

 

METHODS  

Six L2-L5 human lumbar specimens were used in this 

investigation. The specimens were dissected free of all non-

ligamentous soft tissue, and the terminal ends were embedded 

in polymethylmethacrylate. Four non-metallic CT beads (The 

Suremark Co., Simi Valley, CA) were rigidly attached to each 

vertebra to serve as fiducial markers. Prior to testing, the 

specimens were CT scanned; and the data sets were segmented 

with SegVue (SegVue, Inc., Seattle, WA) to obtain a 3D 

reconstruction of each specimen. Specimens were tested in 

their intact condition and post- 1) unilateral laminotomy (UL), 

2) UL + PD, and 3) UL + SD. Testing was done on a custom-

designed spine simulator capable of applying a pure moment 

to the superior vertebra while allowing unrestricted motion of 

the specimen. The specimens were tested under continuous 

angular displacement control to maximum moments of: 

±10Nm in flexion-extension (FE), lateral bending (LB), and 

axial rotation (AR); and a maximum resultant moment of 

±7Nm in combined FE/LB. Throughout the motion tests, the 

3D kinematics of the vertebrae were tracked with a four-

camera VICON MX13 system (Vicon Motion Systems, Inc., 

Los Angeles, CA). The kinematic and geometric data were 

registered via the fiducial markers. Facet and endplate 

kinematics were examined at the index level (L3-L4) and the 

levels immediately adjacent to it. For each level, the centroids 

of the facet and endplate surfaces were expressed relative to 

the level below. To aid in establishing the normal motion 

corridors, the 3D positions of the centroids were plotted 

throughout the motion tests for each surgical condition. A 

volume was fit to the point cloud using Delaunay 

triangulation. The enclosed volume was computed, and a 

dimensional analysis was performed to describe its shape and 

orientation. 

RESULTS 
Sample data are shown in Figure 1. The plot shows 1) the 

collective 3D positions of the L3 inferior endplate centroid in 

the intact condition for all tests (FE, LB, AR, and combined 

loading) and 2) the "volume of motion" fit to the point cloud. 

 
Figure 1: Exemplar L3 endplate centroid motion in the intact 

condition (top) and the corresponding fitted volume (bottom). 

 

Table 1 shows the change in centroid volume of motion 

according to surgical condition. The changes are represented 

as percent increases from the intact condition.  

 

Table 1: Percent change in centroid volume of motion from 

intact.  

Condition Left Facet  Right Facet  Endplate  

UL 23 ± 18 17 ± 20 -1 ± 25 

UL + PD 74 ± 54 48 ± 47 44 ± 47 

UL + SD 106 ± 55 110 ± 63 103 ± 60 

 

DISCUSSION & CONCLUSIONS 
This study examined the effects of two increasingly invasive 

microdiscectomy procedures on the kinematics of the facets 

and endplate. The large increases in centroid volume of 

motion suggest that both procedures may have imparted non-

physiologic strains to the facet capsules and discs. In vivo, this 

could result in accelerated facet and/or disc degeneration and 

may explain the pain experienced by some patients post-

surgery.   

 

REFERENCES 

[1] Carragee E. et al. (2006). A prospective controlled study of 

limited versus subtotal discectomy: Short-term outcomes in 

patients with herniated lumbar intervertebral discs and large 

posterior anular defect. Spine Vol 31(6); p. 653-657. 

 

ACKNOWLEDGEMENTS 

Study supported by AO Spine North America Young 

Investigator Award. 



VERTEBRAL SHEAR FAILURE TOLERANCE IS MODULATED BY COMPRESSIVE FORCE AND POSTURE 
 

Samuel J. Howarth
1
 & Jack P. Callaghan

2
 

1
Canadian Memorial Chiropractic College, Toronto, ON, Canada, showarth@cmcc.ca 

2
Department of Kinesiology, University of Waterloo, Waterloo, ON, Canada 

 
INTRODUCTION 

Despite being a significant correlate with low-back pain 

reporting[1], modulation of shear injury potential has received 

minimal scientific attention. The little existing evidence 

presents conflicting and incomplete results on the influence of 

modulating factors such as compressive force and postural 

deviation on vertebral shear failure tolerance [2,3]. Since 

injury tolerance can be modulated by multi-axis loading, it 

was our objective to comprehensively evaluate the combined 

effects of compressive force magnitude and flexed/extended 

postures on vertebral shear failure tolerance.  
 

METHODS  

Ninety-six porcine functional spinal units (FSUs) (48 C34 and 

48 C56) were tested in this investigation as surrogates for the 

human lumbar spine. Width and depth measurements of each 

FSUs exposed endplates were used to estimate its compressive 

failure tolerance[4]. FSUs were mounted in custom aluminum 

cups with screws, steel wire and dental plaster prior to testing.  
 

First, five repeats of flexion/extension were performed, under 

300N of compressive force (Instron, ON, Canada), at 0.5 ˚/s. 

Flexed and extended postures representing the endpoints of a 

region similar to the neutral zone were identified for 

subsequent acute shear failure tests. Each FSU was randomly 

assigned to one of twelve combinations of compressive force 

(15%, 30%, 45%, 60% of compressive failure tolerance) and 

postural deviation (extended, neutral, flexed) applied during 

acute shear failure testing. Shear failure was induced by 

posterior displacement applied to the FSU’s caudal vertebra at 

a constant rate of 0.15 mm/s by two linear actuators 

(Tolomatic Inc., MN, USA). Vertebral kinematics were 

obtained at a rate of 128Hz from infrared emitting markers 

(Northern Digital Inc., ON, Canada) attached to metal plates 

that were rigidly affixed to the FSU’s vertebral bodies. Shear 

forces were measured at 1024Hz with uniaxial load cells 

(Transducer Techniques Inc., CA, USA) attached in series 

with the linear actuators. 
 

Following shear failure, FSUs were removed from their 

fixation. Bone damage was documented from an x-ray taken in 

the FSUs sagittal plane, and verified by visual inspection 

following careful dissection of the FSU. 
 

Statistically significant differences (p < 0.05) in ultimate shear 

force and displacement were assessed by three-way (vertebral 

level, compression, posture) analyses of variance (SAS 

Institute Inc., NC, USA). Significant main and interaction 

effects were evaluated with Tukey’s post-hoc analyses. 
 

RESULTS 

Shear failure tolerance increased by an average of 11.1% 

(246N) with each 15% increment in compressive force (p < 

0.0001, Figure 1). Relative to the neutral posture, the shear 

failure tolerance respectively increased and decreased by 

13.2% (312N) and 12.8% (304N) in the extended and flexed 

postures (p < 0.0001, Figure 1). Neither compressive force, 

nor postural deviation influenced displacement at ultimate 

shear failure (p > 0.2518). 
 

 
Figure 1: Average ultimate shear force. Means with the same 

letter are statistically similar. 
 

Bilateral fracture of the cranial vertebra’s pars interarticularis 

(PI) occurred in 65% of all specimens. However, 88% of 

specimens at the 60% compressive force magnitude 

demonstrated this failure pattern while the flexed posture 

respectively reduced the incidence by 28% and 25% compared 

to the extended and neutral postures. 
 

DISCUSSION AND CONCLUSIONS 

It has been previously hypothesized that the mechanism for PI 

fracture produced by shear loading is a bending moment 

generated by facet contact[2]. Thus, altered shear failure 

tolerances measured here are likely related to changes in the 

moment arm length (MAL) between the PI and the centroid of 

facet contact force. Complimenting this study, we examined 

the same loading scenario with a finite element model and 

demonstrated that the MAL is systematically varied with both 

postural deviation and compressive force such that lower shear 

failure tolerances are related to larger MALs[5]. Due to the 

combined influences of compression and postural deviation on 

facet articulation and shear failure tolerances, it is necessary to 

consider these factors as significant modulators of low-back 

injury potential from shear loading.  
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INTRODUCTION 
A significant amount of research addressing the similarities 
and differences between overground walking and treadmill 
walking on a level surface exists [1,2,3].  There is a gap in the 
literature, however, with respect to i) the similarities and 
differences in muscle activation patterns between overground 
and treadmill walking on an incline and ii) the differences 
between overground and treadmill level surface walking for 
older adults.  Therefore the purpose was to analyze lower limb 
muscle activation patterns and describe differences and/or 
similarities while walking on overground and treadmill 
surfaces, both on a level and uphill incline in an older active 
female population.  It was hypothesized that there would not 
be a surface effect on muscle activity and that muscle activity 
would increase with an uphill incline regardless of the surface.   
 
METHODS  
Twenty healthy active older female adults (56.4 ± 4 yrs; 68.7 ± 
14.3 kg; 162.9 ± 5.8 cm ) performed a walking protocol at a 
self-selected speed that involved overground and treadmill 
walking at two inclines.  Surface electromyography (EMG) 
(Myomonitor IV, Delsys Inc.) recorded muscle activity 
patterns of the medial and lateral gastrocnemii, medial and 
lateral hamstrings, and vastus lateralis and medialis during all 
walking trials. The EMG data was captured at 2000 Hz and 
linear enveloped waveforms were obtained using a zero-lag 4th 
order Butterworth filter with a cutoff frequency of 6 Hz.  
Muscle activity waveforms were then magnitude normalized 
using a series of maximum voluntary isometric contractions 
(MVICs) performed on a dynamometer (System 3, Biodex 
Medical Systems, Inc.).  Footswitches allowed for the stance 
and swing phase to be determined for each stride.   Using 
Matlab (MathWorks Inc.), principal component analysis 
(PCA) identified key features of variation in the waveform 
patterns for both the stance and swing phase of each muscle.  
A two way repeated ANOVA (PASW Statistics 18, SPSS Inc.) 
was used to test for a surface (overground versus treadmill), an 
incline (level versus uphill) or an interaction effect for each of 
the six muscles.  Where an interaction effect was present for a 
specific waveform feature, each of the four groups (level 
overground, level treadmill, uphill overground, and uphill 
treadmill) were statistically compared using Bonferroni 
corrected pair-wise comparisons.   
 
RESULTS 
For both gastrocnemii, overground walking resulted in greater 
activity magnitudes throughout stance compared to treadmill 
walking (Figure 1A and 1B) (surface effect).  Uphill walking 
also generated greater gastrocnemii muscle activity 
magnitudes compared to level walking for both surfaces 
(incline effect).  Phase shifts in peak gastrocnemii activity 
were also captured (surface effect for lateral and interaction 
effect for medial).  Differences were more varied for the two 

hamstrings.  Midstance magnitude was greater during uphill 
treadmill walking compared to level treadmill walking for the 
lateral hamstring (interaction effect).  Greater medial 
hamstring activity magnitudes during stance were observed for 
uphill compared to level walking for both surfaces.  Uphill 
walking produced a greater overall vastus lateralis activity 
magnitude during early stance compared to level walking for 
both surfaces (interaction effect).  There was only a trend 
towards an incline effect for the vastus medialis during stance. 
For the swing phase, the only significant difference was a 
greater medial hamstring activity magnitude for uphill walking 
(incline effect).  

Figure 1: Overground and treadmill mean activation 
waveforms for the gastrocnemii (A and B), hamstrings (C and 
D) and quadriceps (E and F) during the stance phase of level 
and uphill walking. 
 
DISCUSSION & CONCLUSIONS 
This study is the first study to identify differences between 
overground and treadmill surfaces while walking for both a 
level and uphill condition. Uphill walking and overground 
walking tend to utilize higher levels of muscle activity, and 
therefore appear to be greater stressors of the locomotor 
system. These findings could have important implications for 
future research related to exercise programs that aim to stress 
the locomotive system.  
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INTRODUCTION 
Non-contact anterior cruciate ligament (ACL) injuries are 
devastating knee injuries experienced by athletes who 
participate in sports that involve jump landings and cutting 
maneuvers and are 2-8 times more prevalent in females 
compared to males. This injury generally occurs 
approximately 40 milliseconds after initial ground contact 
while the athlete performs an abrupt, split-second decision to 
properly execute the high risk maneuver.  The unanticipated 
nature of these maneuvers is often the result of overall game 
strategy to avoid and deceit opponents or as a response to 
external cues by teammates and coaches.  Besier et al [1] were 
able to show that neuromuscular control patterns are different 
during unanticipated and preplanned cutting maneuvers and 
Landry et al [2] demonstrated sex differences in 
neuromuscular control patterns for unanticipated cutting 
maneuvers.  To provide further insight into the understanding 
non-contact ACL injuries, the purpose of the study was to 
have university level soccer players perform unanticipated 
sidecut maneuvers on an artificial field-turf soccer field and 
compare neuromuscular control patterns of six lower extremity 
muscles between an audio cued and visual cued sidecut, for 
both the pre- and post-contact phases of the cut.   
 
METHODS  
Twenty seven (13 males and 14 females) university level 
soccer players who were injury free at the time of testing and 
had no previous major knee injuries participated in the study.  
Surface electromyography (EMG) (Myomonitor IV system, 
Delsys Inc.) was used to measure muscle activity patterns of 
the lateral and medial gastrocnemii, vastus lateralis and 
medialis and medial and lateral hamstrings.  To amplitude 
normalize the linear enveloped EMG waveform data (captured 
at 2000 Hz and a zero-lag 4th order Butterworth filter with a 
cutoff frequency of 6 Hz), maximum voluntary isometric 
contractions were performed on a dynamometer (System 3, 
Biodex Medical Systems, Inc.).  Two footswitches were used 
to determine the stance and swing phases of each stride, with 
this study analyzing both the pre-contact (100 msec prior to 
ground contact) and post-contact (100 msec after ground 
contact) phases of the sidecut stride separately.  Principal 
component analysis (PCA) was used to analyze and identify 
features of variation in the muscle activity waveforms. A two-
way mixed model ANOVA (PASW Statistics 18, SPSS Inc.) 
tested for a between group sex effect (male versus female), a 
within group cue effect (audio versus visual) and an 
interaction sex-cue effect for each of the 6 muscles and for 
both phases (pre-contact and post-contact).  
 
RESULTS 
A sex difference was identified in the pre-contact phase for the 
lateral hamstring (Figure 1C) with females demonstrating 

lower neuromuscular activity.  In response to an audio cue, 
lower muscle activity levels were generated in the pre-contact 
phase of the sidecut for the lateral gastrocnemius (Figure 1A, 
for both sexes), medial hamstring (Figure 1D, for both sexes) 
and vastus lateralis (Figure 1F, for females only).  A 
difference in the post-contact phase for the medial hamstring 
was also identified between the two cues that went along with 
the cue effect during the pre-contact phase.  A greater overall 
activity magnitude for the visual cued compared to the audio 
cued sidecut was captured during the early post-contact phase 
and this difference diminished as stance progressed. 

Figure 1: Mean activation waveforms (percent of MVIC) for 
the gastrocnemii (A and B), hamstrings (C and D) and 
quadriceps (E and F) for both the pre- and post-contact phases 
of audio and visual cued sidecuts. IC = instant of contact 
 
DISCUSSION & CONCLUSIONS 
These results suggest that compared to a visual cue, an 
athlete’s response to an audio cue may leave them more 
susceptible to ACL injury as important knee stabilizing 
muscles were not activated to comparable levels, especially for 
females. Females also had reduced lateral hamstring activity, 
thereby potentially putting them at greater risk. Understanding 
neuromuscular control patterns is important to designing or 
enhancing preventative training regimes, as this injury often 
leads to accelerated osteoarthritis at the knee and requires 
invasive surgery for the athlete to return to sport. 
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INTRODUCTION 
Valgus unloader knee braces (VUB) are designed to decrease 
medial compartment knee loading and  are effective at 
improving the clinical status of patients with knee 
osteoarthritis (OA) [1]. Whether medial comparment 
unloading is a consistent  result of VUB or whether other 
kinematic and kinetic alterations occur while the VUB is worn 
during gait requires further exploration.  The purpose of this 
study was to examine the effect of 6 months of brace wear on 
knee kinematics and kinetics during walking in patients with 
moderate medial compartment knee OA. 
 
METHODS  
Twenty-eight participants (5 female) with medial compartment 
knee OA were recruited. An orthopaedic surgeon prescribed a 
custom fitted VUB (Breg Fusion™, Carlsbad, CA, USA).  
All braces were fitted by a single, experienced physiotherapist. 
Testing was completed at baseline and after 6 months of 
monitored brace wear. 3-D lower limb motion data were 
collected at 100 Hz using two Optotrak 3020TM camera banks 
(NDI, Waterloo, ON, Canada) based on standard procedures 
[2].  Ground reaction forces were collected at 2000 Hz using a 
single AMTI force plate (Watertown, MA, USA) embedded in 
the 6-meter walkway, and aligned to the global coordinates of 
the motion capture system. Two conditions were randomized; 
walking with the brace on and with the brace off. Prior to each 
condition, at least 3 walking trails were completed for protocol 
familiarization. Five walking trials at a self-selected speed 
were collected and used for analysis for both conditions. 
 
Marker positional data were low-pass filtered (4th order 
Butterworth, Fc=8 Hz). Three dimensional knee angles were 
calculated using the Joint Coordinate System and three-
dimensional knee moments were calculated using inverse 
dynamics [2]. Knee moments are presented as external 
moments. Gait speed was calculated. For each variable, 
ensemble average waveforms from five walking trials were 
calculated for each participant over each condition (brace on 
and off) and time period (baseline and 6 months).  
 
Principal component analysis was performed for knee angles 
and moments in all three planes to identify principal waveform 
patterns. Three principal patterns, capturing over 85% of the 
variance in the amplitude and temporal waveform 
characteristics, were retained for each angle and moment 
waveform. The angle and moment ensemble waveforms were 
scored against the principal patterns to generate PC-scores.   
 
Two-factor (brace on vs. brace off and time baseline vs. 6 
months) repeated measures analysis of variance models tested 
for significant main effects and interactions for each angle and 
moment. Significance was set at α less than 0.05 
 

RESULTS 
Mean age of the group was 59+/-9 years and mean body mass 
index was 32.1+/-5.0 kg/m2. No change in gait speed (1.22 to 
1.24 m/s) was seen between brace and time conditions. 
  
Significant brace effects (p<0.05) were found for the 3 
transverse and 3 frontal plane angle PC-scores (magnitudes 
and difference operators). Brace wear resulted in a decrease in 
internal rotation magnitude and total angular displacement. 
Brace wear resulted in greater knee abduction at heel strike 
and greater knee adduction during mid/late stance. There was 
one significant brace effect for sagittal plane angle PC-scores, 
indicating an earlier flexion angle during swing.  
 
There was a significant (p<0.05) interaction effect for one 
sagittal plane moment PC-score. Post hoc analysis revealed at 
baseline, with the brace there was a decreased knee extension 
moment during late stance (45-60% gait cycle).   
 
DISCUSSION AND CONCLUSIONS 
The frontal knee (adduction) moment, a surrogate measure for 
medial compartment loading, was not altered with the VUB, 
which was consistent with some previous findings [3], while 
contradicting others [4]. With VUB, there was greater 
abduction angle in late swing and at heel strike but this was 
not present during mid to late stance. This finding perhaps 
helps to explain the lack of change in the knee adduction 
moment.  The decrease in the knee internal rotation magnitude 
and total excursion with brace suggests a potential stabilizing 
mechanism similar to functional knee braces. The effects were 
not altered over time except for a reduced late stance knee 
extension moment which was present at baseline but not after 
six months of brace wear. These results show that three-
dimensional knee joint kinematics were altered with VUB 
wear, but these affects are immediate and not changed with 
time. These findings provide information on the mechanisms 
by which VUB alter the knee joint mechanical environment. 
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INTRODUCTION 
With the recent increase in visibility of the Paralympics, many 
individuals with disabilities have become interested in 
participating in physical activity and sport, including adaptive 
rowing. Fixed seat adaptive rowing is an ideal adaptive sport 
for those with lower body mobility issues. However, both 
recreational and competitive able bodied rowers have 
historically high incidences of musculoskeletal injury and back 
pain [1]. Our long term goal is to limit injuries to adaptive 
rowers. Kinematic and kinetic investigations have identified 
large compressive forces as the key injury risk factor [2].  Peak 
and average force produced, by able bodied rowers through the 
drive phase of the stroke, at the oar or ergometer handle, are 
directly related to compressive loading of the lower back [3]. 
The aim of this research was to identify the peak and average 
forces employed by rowers in the three adaptive rowing 
setups: Legs, trunk and arms [LTA], trunk and arms [TA], and 
arms and shoulders [AS]. 
 
METHODS 
An indoor rowing ergometer study was designed to identify 
the kinetics of the LTA, TA, and AS setups.  Male (n= 9, 81.6 
± 7.0 kg and 184.9 ± 4.3 cm) and female (n=8, 63.3 ± 6.6 kg, 
and 162.8 ± 6.2 cm) able bodied athletes from the Laurentian 
University Varsity Rowing team served as test subjects. A 
Concept2 Model C ergometer with PM4 monitor was 
equipped with a WinTech rowing adaptive 7800L fixed seat 
and straps to complete the three adaptive setups. An ‘S’ type 
strain gauge was calibrated and employed to capture pull force 
(600 Hz) at the ergometer handle. The peak force and average 
force produced during the rowing stroke were determined in 
LABVIEW and averaged over each trial. Peak and average 
force were compared between gender and rowing setup using a 
repeated measures ANOVA with follow-up paired T-Tests in 
SPSS. 
 
RESULTS 
Male participants were observed to produce more peak and 
average force at the ergometer handle than females (p<0.05) 
for each ergometer setup. In addition, male and female rowers 

produced a greater peak and average force with the 
LTA>TA>AS (p<0.05). Interestingly, the average force 
produced at the handle differed for gender when comparing 
between setups (p<0.05). 
 
DISCUSSION AND CONCLUSIONS 
Handle force production differences between gender are well 
supported in the literature for the able bodied stroke [4]. 
Anterior pelvic rotation has been reported within the literature 
as being significantly greater in female rowers than male [4]. 
This kinematic difference may account for the more consistent 
handle force produced by female rowers across setups that 
eliminated leg action. Male rowers showed greater drops in 
handle force in adaptive setups, possibly because they generate 
a greater percentage of force at the handle through leg 
involvement.. Peak and average force production influence 
loading of the lower back during the adaptive rowing stroke. 
The forces observed for each of the adaptive rowing setups 
were high and, in combination with adverse postures, 
muscular weakness, or fatigue may represent mechanical risk 
factors to the adaptive rowing population.  
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Table 1: Comparison of observed peak handle forces (Newtons) between setups and gender. Differences: † p<0.05 between 
genders for each setup, and *p<0.05 between setups. 

 

 LTA TA AS 
 Peak Average Peak Average Peak Average 
Men 1035 ±96.9†* 640 ±56†* 838 ±110.8†* 498 ±68†* 650 ±98.4†* 380 ±64†* 
Women 696 ±104.5†* 420 ±65†* 526 ±126.3†* 318 ±78†* 329 ±98.9†* 235 ±58†* 
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INTRODUCTION 
Mobile equipment operators in mining, forestry and 
agriculture are at risk for musculoskeletal disorders as they 
often have to adopt rotated neck/trunk postures when exposed 
to whole-body vibration, WBV [1, 2]. WBV coupled with 
poor posture can result in a three-fold increase in the 
prevalence of low back pain [3]. The contribution of WBV 
exposure and rotated postures, on seated comfort is not 
understood.  The objective of this study was to evaluate seated 
comfort when randomly exposed to two levels of vibration and 
16 rotated neck/trunk postures in order to determine the 
posture/vibration combination associated with the greatest 
level of discomfort.  
 
METHODS  
Ten participants (males n= 5, 81.5 ± 10.1 kg and 176.6 ± 7.4 
cm; females n= 5, 70.9 ± 13.9 kg and 163.8 ± 7.1 cm) were 
required to sit on an industrial seat, mounted to a custom made 
WBV simulator (Laurentian University, Sudbury ON). Thirty-
two unique seated conditions, each held for 20 seconds with 
20 seconds of rest between conditions, were evaluated. The 
seated conditions included all combinations of neck rotation 
and trunk rotation at 0o, 15o, 45o, and maximal degrees of 
rotation, under WBV at a frequency-weighted r.m.s. 
acceleration of 1.2m/s2  (ISO 2631-1) or no vibration. In order 
to set-up the paired comparisons, the seated conditions were 
randomly presented to each participant in pairs.  To reduce the 
number of comparisons, and each participant’s total exposure 
to vibration, an “elimination tournament” format was used [4]. 
Participants were also asked to give a discomfort score on a 
scale of 0-9, at the end of each posture/vibration condition [5] 
and indicate which of the two paired posture/vibration 
conditions they found more uncomfortable. The 
posture/vibration condition rated more uncomfortable moved 
on to the next round of paired comparisons until the most 
uncomfortable posture/vibration condition was identified.  
 
RESULTS 
Eight of the ten participants were able to identify a posture that 
they felt was most uncomfortable (Table 1).  Two participants 
identified two postures that they felt were equally 
uncomfortable resulting in a total of 12 postures identified as 
most uncomfortable by the participants.  Seven of the 12 
postures involved vibration, nine of the 12 included maximal 
neck rotation and ten of the 12 included maximal trunk 
rotation.  Five participants identified exposure to vibration 
with the trunk and neck maximally rotated as most 
uncomfortable while two found the same posture, without 
vibration to be most uncomfortable.  
 

Table 1: Posture selected as the most uncomfortable during 
the paired-comparison “elimination tournament” testing. 

*the participant could not distinguish between postures 
 
DISCUSSION & CONCLUSIONS 
Sitting with the neck and/or trunk rotated beyond 45o  with or 
without exposure to vibration was uncomfortable. Additional 
testing is required to determine if there is a gender difference 
with respect to vibration exposure and comfort.  
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Participant Gender 

Most Uncomfortable Posture  
(Paired Comparison Testing) 

Posture  Posture Description  
Number Vibration Neck  Trunk 

1 Female 32 yes max max 

3* Female 32 no max max 
16 yes max max 

4* Female 15 no 45o max 
14 no 15 o max 

9 Female 14 no 15 o max 
10 Female 20 yes max 0 o 
2 Male 32 yes max max 
5 Male 20 yes max 0 o 
6 Male 32 yes max max 
7 Male 16 no max max 
8 Male 32 yes max max 
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INTRODUCTION 
Moving obstacles present a unique challenge to the motor 
control system as  to avoid a collision, ongoing gait patterns 
must be quickly adapted to accommodate specific obstacle 
properties (i.e. height/position in travel path) [1]. These 
alterations require changes in body segment position in 
relation to the changing obstacle location and are heavily 
influenced by visual information [2]. Investigation of gaze 
behavior in these dynamic situations may reveal how the 
central nervous system (CNS) uses visual input to adapt 
ongoing gait and could serve as a tool to enhance obstacle 
avoidance in this demanding situation. Knowing the 
potential risks associated with a trip, and subsequent fall, the 
purpose of this investigation was to examine the gaze 
patterns of healthy young adults as they negotiate a dynamic 
obstacle with varying time delays.    

METHODS 
Five young adults performed 36 randomized walking trials 
over an obstacle that, when triggered by a laser beam, 
rotated with varying time delays (zero delay, short delay, 
long delay) to a height of 45 percent of leg length (high 
position) or to a height 10 centimeters lower (low position). 
Visual patterns (gaze) were recorded using a head mounted 
eye tracking system (ISCAN, MA, USA; 30 Hz), while 
simultaneously recording head kinematics (i.e. pitch) using 
Optotrak (NDI, Inc. Waterloo, 60 Hz). Walking trials were 
windowed three steps prior to, and two steps following, 
obstacle crossing.  Within the course environment, six points 
of interest (POI) were identified (wall ahead, travel path pre-
obstacle, foot position pre-obstacle, obstacle, foot position 
post-obstacle, and travel path post-obstacle). POI was coded 
within this window and converted to a percentage of trial 
time. Magnitude and onset of the maximum and minimum 
head pitch angles (rotation about the medial/lateral axis) 
were also determined. Repeated measures ANOVA 
examined the effects of final obstacle height and time delay 
on the onset of head motion, the magnitude and timing of 
head pitch angle and POI. Linear regression analysis 
explored a potential relationship between head pitch angle 
and POI for maximum and minimum pitch angles. 
 
RESULTS 
A significant effect of time delay for POI was not observed. 
Additionally, no significant effect of final obstacle height or 

time delay was found for magnitude of head pitch angle (p > 
0.05). A significant interaction between final obstacle 
height*POI was observed (p = 0.02). Participants directed 
gaze to the obstacle when it moved from a low position to a 
high position. In contrast, gaze was directed to the post-
obstacle foot position when the obstacle moved from a high 
position to a low position. Time at which maximum, 
minimum, and onset pitch angles occurred were consistent 
for both final obstacle positions; maximum angle (head 
extension) occurred early in the trial, and minimum (head 
flexion) pitch angle occurred just prior to the obstacle 
crossing. Of interest, a significant difference in POI at each 
pitch angle was observed (p < 0.01). At maximum pitch 
angle, 29% of fixation time was directed to a position on the 
ground where the lead foot would land after crossing the 
obstacle, while at onset of head motion, 58% of fixation was 
on the lead foot position, and at minimum pitch angle 46% 
of fixation time was spent on this point. Finally, a significant 
relationship between POI and minimum pitch angle was 
found (p < .01; R = 0.38).  
 
DISCUSSION 
Overall, young adults directed their gaze to either the 
obstacle or the lead foot position post obstacle on all trials 
with little fixation spent pre-obstacle. Results indicate that 
final obstacle position, rather than reduced response time 
(time delay), influence where young adults direct their gaze. 
In addition, findings suggest a relationship exists between 
head angles and POI when participants approach the moving 
obstacle. Head pitch angles facilitate movement of the eyes 
when gaze is required beyond the range of eye motion. 
Future research will examine gaze behavior of older adults 
to assess if age related differences are present in gaze 
behavior during dynamic obstacle avoidance and whether 
these differences relate to increased falls risk. This work 
may have important implications for reducing fall risk in 
older adults. 
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INTRODUCTION 
It is common clinical practice to incorporate non weight-
bearing (NWB) exercises aimed at challenging gluteus medius 
(GMed) in the early stages of rehabilitation of lower extremity 
and low back injuries. GMed activity in NWB hip 
rehabilitation exercises has typically been compared to weight-
bearing exercise conditions [1,2] or loaded versions of the 
same unloaded NWB exercise [3]. Little is known of the 
effects of altering hip angle when performing these exercises. 
Specifically, muscle activation levels of GMed and its 
interplay with other synergists, such as tensor fascæ latæ 
(TFL), have not been investigated. One study [2] incorporated 
two variations (i.e., 30 and 60 degrees of hip flexion) of the 
side-lying clamshell exercise and found similar GMed activity, 
but synergists were not examined. The objective of this study 
was to assess the effect of altering hip angle during the side-
lying clamshell and side-lying hip abduction exercises on the 
relative muscle activation profiles of GMed and TFL. 
 
METHODS  
Eleven healthy males (23.8 ± 3.4 years, 177.7 ± 6.2 cm, 74.5 ± 
6.2 kg) participated in this study. Each participant performed 
two NWB gluteus medius rehabilitation exercises – the side-
lying version of the clamshell and hip abduction exercises – in 
three conditions, while electromyography (EMG) signals of 
the right GMed and TFL were recorded. The hip flexion angle 
was varied from 30, 45, and 60 degrees for the side-lying 
clamshell exercise and from internal, external, and neutral hip 
rotation orientation for the side-lying hip abduction exercise. 
The ratio of GMed-to-TFL peak EMG signal amplitude was 
compared across conditions for each exercise. Separate one-
way repeated measures analyses of variance (ANOVA), 
followed by post hoc analyses, were performed for each 
exercise to examine the differences in the relative muscle 
activity of GMed and TFL across conditions. 
 
RESULTS 
No significant difference was found between the three 
conditions of the side-lying clamshell. Regardless of the hip 
flexion angle when performing this exercise, the relative 
muscle activity of GMed and TFL did not vary a significant 
amount and the GMed-to-TFL peak EMG signal amplitude 
ratio remained well above 1.0 (Table 1). Across all conditions, 
the average peak EMG signal amplitude for GMed and TFL 
during the side-lying clamshell exercise was 26.93 ± 14.18% 
MVC and 7.52 ± 4.42% MVC, respectively. Similar results 
were found for the side-lying hip abduction exercise – hip 
rotation orientation did not have a significant effect on the 
relative muscle activity of GMed and TFL while performing 
this exercise. The ratio of GMed-to-TFL peak EMG signal 
amplitude also remained above 1.0, regardless of the hip 
rotation orientation condition (Table 1). Across all conditions,  

 
the average peak EMG signal amplitude for GMed and TFL 
during the side-lying hip abduction exercise was 40.97 ± 
18.77% MVC and 38.13 ± 22.46% MVC, respectively. 
 
Table 1: GMed-to-TFL peak EMG signal amplitude ratios for 
all three conditions of the side-lying clamshell and hip 
abduction exercises. 

Exercise Condition 

Mean GMed-to-
TFL peak EMG 
signal amplitude 
ratio (± 1 SD)* 

Side-lying 
clamshell 

30° of hip flexion 5.44 (5.36) 
45° of hip flexion 5.08 (4.06) 
60° of hip flexion 6.70 (6.60) 

Side-lying hip 
abduction 

Internal rotation 1.23 (0.38) 
Neutral rotation 1.21 (0.33) 
External rotation 1.37 (1.03) 

*Any number above 1.0 indicates a GMed-dominant condition. 

 
DISCUSSION & CONCLUSIONS 
The side-lying clamshell and hip abduction exercises are 
GMed-dominant (relative to TFL), regardless of the hip 
flexion angle and rotation orientation, respectively. Therefore, 
these exercises are appropriate choices in hip rehabilitation 
exercise programs to promote GMed activation; however, it 
appears that hip flexion angle and rotation orientation are not 
important considerations for increasing GMed muscle 
activation when prescribing and performing the side-lying 
clamshell and hip abduction exercises, respectively. Proper 
technique (e.g., no spine ‘twisting’ or rotation at the pelvis to 
initiate the movement) is likely a more substantial 
consideration when prescribing and performing these 
exercises. These findings provide information to clinicians that 
can enhance effective prescription of these common NWB hip 
rehabilitation exercises. 
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INTRODUCTION 
Individuals with a spinal cord injury (SCI) perform sitting 
pivot transfers (SPTs) about 20 times per day on average. 
While performing SPTs, these individuals generally minimize 
the distance separating the initial and target seat in an attempt 
to reduce upper limb (U/L) loads. However, the physical 
environments in which SPTs are performed often restrict the 
ability to bring these two seats close to one another. This 
increased distance between the initial and target seat is 
believed to increase U/L loads and, consequently, risk of 
secondary U/L impairments. While a few biomechanical 
studies have focused on the effects of target seat height on U/L 
demand during SPTs over the past decade [1,2], no study has 
yet investigated the effect of  the distance separating initial 
and target seats during SPTs. The purpose of this study is to 
investigate the effects of increasing the distance between an 
initial and target seat on shoulder loads during SPT in 
individuals with SCI. 
 
METHODS  
Twenty-seven individuals who sustained a complete or 
incomplete sensorimotor SCI (42.3±11.4 years old; 
1.77±0.09m; 78.5±15.6 kg; 10.3±10.9 years since injury; T5-
L4) participated in this study. During a laboratory assessment, 
participants performed two SPTs between an initial and a 
target seat separated by 2 cm (near condition) and two 
additional SPTs with a distance of 12 cm between the initial 
and target seat (far condition). During all SPTs, the right U/L 
assumed a leading role, whereas the left U/L assumed a 
trailing role. Three-dimensional (3D) kinetics and kinematics 
during all SPTs were recorded during all SPTs to compute 3D 
net shoulder joint moments using a recursive Newton-Euler 
approach. The resultant net moment (main outcome measure), 
that reflects the vector sum, was calculated before being time-
normalized to 100 data points and amplitude-normalized to 
body weight [3]. Peak resultant net moments were documented 
for each of the four SPT phases and the entire SPT cycle and 
compared using paired student t tests (p < 0.05). 
 
RESULTS 
Significantly higher peak resultant net joint moments were 
found at the leading shoulder during the far condition for the 
pre-lift and lift-pivot phases as well as for the entire SPT cycle 
when compared to the near condition. At the trailing shoulder, 
significant lower joint moments were reported during the post-
lift phase of the far condition when compared to the near 
condition. Irrespective of the near or far conditions, peak 
resultant net shoulder joint moments computed at the trailing 
shoulder were higher compared to the leading shoulder during 
all SPT phases, except during the post-lift phase. Additionally, 

the highest peak resultant net shoulder joint moments occurred 
during the U/L loading phase at the trailing shoulder and 
during the lift-pivot phase at the leading shoulder. 
 

 
Figure 1: Peak resultant shoulder joint net moments at the leading and trailing 

shoulders for the four phases of SPT and the entire cycle. * denotes 
a significant difference (p < 0.05). 

 
DISCUSSION AND CONCLUSIONS 
This study confirms that widening the distance between the 
initial and target seat predominately increases the load 
sustained at the leading shoulder, while almost no effect was 
found at the trailing shoulder. This study also highlights that 
greater net joint moments are generated at the trailing shoulder 
during SPTs compared to the leading shoulder, independently 
of the distance between the seats. This new evidence-based 
knowledge will strengthen clinical practice guidelines aimed at 
preserving U/L integrity and optimizing SPT performance in 
individuals with SCI. Future studies focusing on the EMG of 
key shoulder muscles may allow one to refine the 
interpretation of the current net joint moments as substantial 
shoulder agonist and antagonist efforts may occur during 
SPTs. 
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INTRODUCTION 

A significant number of non-institutionalized older adults have 

difficulty rising from a chair [1]. Although there exist several 

assistive devices to aid with sit to stand, there is a lack of 

research that compares and analyzes various modes of assisted 

sit to stand to characterize their relative effectiveness in terms 

of biomechanical metrics.  This research advances our 

understanding of the biomechanics of different modes of 

assisted sit-to-stand through empirical quantification of four 

methods of assisted sit to stand. 

 

METHODS  

A specialized sit-to-stand testbed with load sharing capabilities 

was designed and fabricated [2], Figure 1.  Experiments were 

conducted with 17 healthy older adults (6 female, 11 male) 

performing unassisted STS rises and assisted STS rises with 

grab bar, arm, seat, and waist assistance.  Joint kinematic 

measurements were taken using motion sensors (MTx-

49A53G25, Xsens Technology Inc.) and ground reaction force 

was measured using a force plate (OR6-7-1000-5571, AMTI).  

Each assisted rise mode was evaluated based on a subject 

questionnaire and key biomechanical metrics relating to static 

stability, dynamic stability, knee extensor effort reduction, 

knee extensor effort sharing (% of unassisted knee torque), 

and similarity to a momentum transfer (MT) rise strategy 

(based on peak trunk flexion). 

 

RESULTS 

With respect to the key biomechanical metrics, the waist and 

seat assists offer statistically detectable improvements on all 

scores, except for promoting a MT-type rise strategy.  The 

results of the post-experiment questionnaire show that the STS 

assists most preferred by subjects are the seat and bar assists – 

these assists received significantly higher scores than the waist 

and arm assists.  In a direct comparison between the seat and 

waist assists, the static stability, dynamic stability, and knee 

extensor effort metrics were very similar, but there were 

statistically detectable differences with respect to MT strategy 

promotion and subject feedback.  Peak trunk flexion results 

show that the waist assist promoted very little momentum 

transfer, Table 1. 

 

 
Figure 1: STS testbed assist modes.  From left to right: bar 

assist, arm assist, waist assist, and seat assist. 

 

DISCUSSION & CONCLUSIONS 

These results suggest that, of the modes tested and with 

respect to the metrics used, the seat assist had the best 

performance.  However, because the waist assist was 

determined to be the most statically stable assist, it should be 

considered for a clinical setting in which patient safety and 

stability are of high importance. 
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Table 1: Biomechanical measures characterizing STS motion for 17 healthy older adults.  Statistically significant results are bold 

underlined. 
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INTRODUCTION 
Moving obstacles present a unique challenge to the motor 
control system as  to avoid a collision, ongoing gait patterns 
must be quickly adapted to accommodate specific obstacle 
properties (i.e. height/position in travel path) [1]. These 
alterations require changes in body segment position in 
relation to the changing obstacle location and are heavily 
influenced by visual information [2]. Investigation of gaze 
behavior in these dynamic situations may reveal how the 
central nervous system (CNS) uses visual input to adapt 
ongoing gait and could serve as a tool to enhance obstacle 
avoidance in this demanding situation. Knowing the 
potential risks associated with a trip, and subsequent fall, the 
purpose of this investigation was to examine the gaze 
patterns of healthy young adults as they negotiate a dynamic 
obstacle with varying time delays.    

METHODS 
Five young adults performed 36 randomized walking trials 
over an obstacle that, when triggered by a laser beam, 
rotated with varying time delays (zero delay, short delay, 
long delay) to a height of 45 percent of leg length (high 
position) or to a height 10 centimeters lower (low position). 
Visual patterns (gaze) were recorded using a head mounted 
eye tracking system (ISCAN, MA, USA; 30 Hz), while 
simultaneously recording head kinematics (i.e. pitch) using 
Optotrak (NDI, Inc. Waterloo, 60 Hz). Walking trials were 
windowed three steps prior to, and two steps following, 
obstacle crossing.  Within the course environment, six points 
of interest (POI) were identified (wall ahead, travel path pre-
obstacle, foot position pre-obstacle, obstacle, foot position 
post-obstacle, and travel path post-obstacle). POI was coded 
within this window and converted to a percentage of trial 
time. Magnitude and onset of the maximum and minimum 
head pitch angles (rotation about the medial/lateral axis) 
were also determined. Repeated measures ANOVA 
examined the effects of final obstacle height and time delay 
on the onset of head motion, the magnitude and timing of 
head pitch angle and POI. Linear regression analysis 
explored a potential relationship between head pitch angle 
and POI for maximum and minimum pitch angles. 
 
RESULTS 
A significant effect of time delay for POI was not observed. 
Additionally, no significant effect of final obstacle height or 

time delay was found for magnitude of head pitch angle (p > 
0.05). A significant interaction between final obstacle 
height*POI was observed (p = 0.02). Participants directed 
gaze to the obstacle when it moved from a low position to a 
high position. In contrast, gaze was directed to the post-
obstacle foot position when the obstacle moved from a high 
position to a low position. Time at which maximum, 
minimum, and onset pitch angles occurred were consistent 
for both final obstacle positions; maximum angle (head 
extension) occurred early in the trial, and minimum (head 
flexion) pitch angle occurred just prior to the obstacle 
crossing. Of interest, a significant difference in POI at each 
pitch angle was observed (p < 0.01). At maximum pitch 
angle, 29% of fixation time was directed to a position on the 
ground where the lead foot would land after crossing the 
obstacle, while at onset of head motion, 58% of fixation was 
on the lead foot position, and at minimum pitch angle 46% 
of fixation time was spent on this point. Finally, a significant 
relationship between POI and minimum pitch angle was 
found (p < .01; R = 0.38).  
 
DISCUSSION 
Overall, young adults directed their gaze to either the 
obstacle or the lead foot position post obstacle on all trials 
with little fixation spent pre-obstacle. Results indicate that 
final obstacle position, rather than reduced response time 
(time delay), influence where young adults direct their gaze. 
In addition, findings suggest a relationship exists between 
head angles and POI when participants approach the moving 
obstacle. Head pitch angles facilitate movement of the eyes 
when gaze is required beyond the range of eye motion. 
Future research will examine gaze behavior of older adults 
to assess if age related differences are present in gaze 
behavior during dynamic obstacle avoidance and whether 
these differences relate to increased falls risk. This work 
may have important implications for reducing fall risk in 
older adults. 
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INTRODUCTION 

The Nintendo Wii Balance Board (WBB) (Nintendo Inc., WA, 

USA) has recently had an increased presence in research, 

rehabilitation and exercise settings in place of force platforms 

(FP) which are typically used in biomechanics labs. The WBB 

measures force in the vertical direction, but not shear forces or 

moments. It is light and portable with a mass of 3.5 kg, and 

costs 0.5-1% of the price of a laboratory-grade force platform. 

Two studies to date investigated performance of the WBB 

with respect to underfoot centre of pressure (COP) accuracy 

[1,2]. The purpose of this study was to extend validation of 

WBB use by providing a thorough characterization of WBB 

specifications related to COP measures, and to assess the 

difference between COP outcomes collected on a WBB and a 

FP across three WBB battery life conditions.  
 

METHODS 

Part A – Olympic standard weights totaling 150 kg were 

loaded onto the surface of the WBB in different regions to 

determine the following loading characteristics: drift, linearity, 

hysteresis, weight accuracy and uniformity.  

Part B – Ten healthy young adults performed quiet stance 

trials with eyes open and closed. Data during these trials were 

simultaneously recorded with a WBB placed on top of a force 

platform (AMTI, MA, USA). The eyes open task was 

performed with three different battery lives simulating 100%, 

87.5% and 75% (point at which WBB does not collect). RMS 

COP location and mean velocity calculated from the WBB and 

FP data in the AP and ML directions. Average % differences 

across trials were calculated as the main outcome variable.  

 

RESULTS 

Part A – The system was linear across input ranges, 

demonstrated minimal drift and hysteresis, in addition to high 

total weight accuracy and uniformity across different loading 

regions (Table 1). Battery life did not affect the WBB output.   

Part B – Figure 1 illustrates sample quiet stance COP vs. time 

traces from both the FP and WBB. On average, RMS COP and 

mean velocity showed less than 4% difference in the anterior-

posterior direction and less than 13% difference in the medial-

lateral direction for the using the WBB compared to FP data 

(Table 2). Battery life appeared to have no effect on the WBB-

FP differences. 

 

 

 

DISCUSSION & CONCLUSIONS 

Based on these results, the Nintendo Wii Balance Board 

appears to be a reasonable alternative to a force platform for 

measuring underfoot COP in static tasks such as quiet stance. 

Battery life does not appear to affect WBB measurements. 

Further studies should assess WBB performance during 

dynamic tasks involving larger shear forces. 
 

 

Table 2: Mean (SD) WBB characterization results across 

battery lives. 

 

 

Battery Life 

% difference between WBB and FP  

AP 

RMS 

COP 

AP 

Mean 

Velocity 

ML 

RMS 

COP 

ML 

Mean 

Velocity 

High battery (6.00 V) 3.38 

(2.73) 

3.81 

(2.35) 

7.19 

(5.87) 

7.57 

(4.34) 

Mid battery (5.25 V) 3.41 

(1.64) 

3.23 

(2.42) 

12.11 

(5.09) 

7.17 

(3.87) 

Low battery (4.50 V) 3.56 

(1.49) 

3.41 

(2.33) 

9.48 

(4.59) 

6.38 

(3.52) 
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Table 1: WBB Characterization results averaged across battery lives 

Test Drift Linearity Hysteresis Weight Accuracy Uniformity 

Result < 0.2% R
2
 = 1 %  diff 

< 0.13 

% diff  

< 1.00 

% diff  

< 1.00 

Figure 1: Sample COP tracing from FP and WBB during 

quiet stance eyes open trial. The similarity in outputs makes it 

hard to distinguish individual curves. 
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Introduction: In recent research, authors have 
highlighted the variability in the vibration exercise 
protocols used by investigators [1, 2, 5, 6]. This 
variability, which could affect damping, resonant 
frequency and transmissibility, might be related to 
the vibration waveform characteristics, intra-subject 
(orientation, position, and posture) and inter-subject 
factors (size, age, gender and body dynamics) [3,4 3, 4. 
Theoretically, different materials have different 
resonant frequencies that affect vibration 
transmissibility. Because the human body is 
composed of various tissues of different resonant 
frequencies (bone, muscles and fat), it is likely that 
body composition affects vibration transmissibility. It 
is then necessary to investigate the effects of body 
composition on exercise vibration transmissibility. 
 
Aim: The aim is to improve the efficacy of vibration 
training by matching frequency and amplitude of 
vibration to the physical characteristics of 
individuals. Therefore, the purpose of this study is to 
investigate whether leg composition interacts with 
vibration transmissibility by examining its effect on 
performance. 
 
Methods: Twenty male subjects will perform 1 
control testing session and 4 vibration sessions. In the 
control session, subjects will complete a muscle 
stiffness test, leg skinfolds, l-Repetition Maximum 
measurement on the leg press machine, and leg press 
repetitions to exhaustion at 70% of their 1-RM.  
Each vibration session will expose subjects to a 
frequency-amplitude vibration combination for 20 
minutes (30 sec of vib. exposure alternating with 30 
sec of rest) on the PowerPlate (Table 1). Subjects will 
complete leg press repetitions to exhaustion at 70% 
of their 1-RM after each vibration session. EMG will 

record during performance measurements while 
accelerometers record vibration transmissibility 
during vibration exposure. 
 
Expected Results: We hypothesize that 1) 
individuals with higher leg fat content will require 
higher vibration frequency and amplitude to achieve 
better performance than those with less leg fat; 2) 
those with greater muscle stiffness will require higher 
vibration frequency and amplitude to achieve better 
performance than those with lower muscle stiffness; 
and 3) different leg fat contents and different levels 
of muscle stiffness will both demonstrate variations 
in vibration transmissibility. 
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review. Scand. J Med & Sci Sports. 17: 2-11. 
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Table 1 Vibration Parameter (Frequency-Amplitude) Combinations 
 Exposure A Exposure B Exposure C Exposure D 
Frequency (Hz) 30 35 40 50 
Amplitude (high/low) Low Low High High 
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INTRODUCTION 
Recent evidences suggest that sitting balance upon admission 
may accurately predict the ambulatory capacity at discharge 
from intensive functional rehabilitation among individuals 
with neurological impairments. However, the link existing 
between sitting and standing postural stability abilities and 
sensorimotor regulation mechanisms has not been confirmed 
to date. The aim of this study was to determine the strength of 
the association between quasi-static postural stability measures 
obtained in sitting (supported and unsupported) and standing 
positions in healthy individuals. 
 
METHODS 
Fourteen healthy male individuals (age=41.4±13.4yrs; 
height=1.74±0.07 m; weight=80.1±7.90 kg) volunteered to 
participate in this study. During a laboratory assessment, they 
maintained 1) two sitting positions on an height-adjustable 
instrumented seat with their feet resting on forceplates 
embedded in the floor, with both hands placed on their thighs 
(supported sitting) and with both shoulders flexed at 70° and 
abducted at 45° (unsupported sitting); 2) one comfortable 
standing position on forceplates embedded in the floor, with 
both upper limbs resting in a comfortable position alongside 
the body. A total of two 60-second trials were randomly 
performed for each position. The global reaction force was 
recorded (600 Hz) to continuously locate the center of pressure 
(COP) position (Figure 1). The COP time series were low-
passed filtered (5 Hz) and re-sampled (300Hz) before analysis.  
 
A total of 17 COP measures based on time- and frequency-
domain, as proposed by Prieto et al. [1], were computed from 
the time and frequency series of the resultant (RD) reaction 
forces.	For 11 out of the 17 COP measures, the anteroposterior 
(AP) and the mediolateral (ML) components were also 
assessed separetely. A one-way ANOVA was performed to 
determine if differences existed across positions. Pearson’s 
correlation coefficients (r) quantified the association of all 
COP measures between sitting and standing positions. A 
correlation coefficient above 0.75 was judged strong whereas a 
correlation coefficient between 0.50 and 0.75 was considered 
moderate. 

 
RESULTS 
The majority of COP measures differed between each sitting 
position and standing positions. Greater displacement, velocity 
and lower frequency measures were confirmed in RD, as well 
as AP and ML components, in standing posture compared to 
the two sitting positions. Interestingly, velocity and COP 
displacement on ML component did not differ between 
unsupported sitting and standing position. Moderate 
correlations in velocity (r=0.59) and COP displacement 
(r=0.59) on ML direction were also revealed between these 
two positions. Other COP measures were uncorrelated 
between sitting and standing positions (r=0.09-0.41).  
 
DISCUSSION & CONCLUSION 
The lack of correlation in the COP outcome measures and the 
differences in the stability achieved between sitting and 
standing positions support the weak relationship between these 
postures. These results may be explained, in part, by 
differences in mechanical parameters (e.g.; lower center of 
mass in sitting position, reduced base of support in standing 
position, larger moment of inertia of the moving body in 
standing position) and in postural strategy that balance 
demands require for sitting and standing position (i.e. mainly 
ankle strategy in standing and mainly hip strategy in sitting). 
However, the similarities between standing and unsupported 
sitting position on ML component suggested close postural 
strategy on this direction. Since close postural control seems to 
occur when sitting stability is modified due to upper limbs 
movement, future studies investigating the relationship 
between dynamic sitting postural stability and quasi-static and 
dynamic standing postural stability are warranted. 
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     Fig. 1: Typical global COP positions observed over time during both supported and unsupported sitting as well as standing. 

-0,015

-0,01

-0,005

0

0,005

0,01

0,015

-0,015 -0,005 0,005 0,015

Supported 
Sitting

lateralmedial

posterior

anterior

-0,015

-0,01

-0,005

0

0,005

0,01

0,015

-0,015 -0,005 0,005 0,015

posterior

medial lateral

Unsupported 
Sitting

anterior

-0,015

-0,01

-0,005

0

0,005

0,01

0,015

-0,015 -0,005 0,005 0,015

COP path

Standing anterior

lateralmedial

posterior





GRIP FORCE MEASURES DURING ICE HOCKEY SLAP AND WRIST SHOTS 

Lisa Zane1, Yannick Michaud-Paquette1
, David Pearsall1, Rene Turcotte1

 
1Department of Physical Education and Kinesiology, McGill University, Montreal, Canada 

email: lisa.zane@mail.mcgill.ca, URL: http://icehockeyscience.mcgill.ca/ 
 

INTRODUCTION 
The hockey stick is a tool used to extend one’s arms that, with 
respect to shooting skills, also affords greater distal end swing 
velocities to project the puck [1]. Shaft movement is mediated 
by the grip forces at the hands [2]. Despite this, little is 
understood of the grip mechanics. The goal of this study was 
to demonstrate the feasibility to 1) acquire grip force 
distribution during rapid tasks and 2) differentiate grip 
dynamics between wrist and slap shots. 
 
METHODS 
A carbon fibre stick (Bauer Hockey Corp. NH, USA) was 
instrumented with two arrays of 16 piezoresistive sensors 
(FSA-ISS-O, Vista Medical, Winnipeg, Manitoba) placed 
around the upper and lower hand grip locations on each of the 
4 stick surfaces. 
 
Each sensor was connected to thin flexible wiring, allowing 
unencumbered movement of the stick by the subject. A 32-
channel amplifier was connected to a data acquisition device 
(cDAQ-9174) and computer using LabVIEW™ v2010 
(National Instruments, Austin, Texas) software to record the 
voltage of each sensor at a sampling rate of 1000 Hz. Each 
sensor was calibrated using a quasi-static stepwise dynamic 
loading within a measurement error of ± 10 N.  
 
Ice hockey players (n=5) performed 5 wrist shots and 5 slap 
shots. Grip force measures were recorded and grip force 
distribution and dynamics were determined for both shots for 
each of the 4 stick shaft surfaces: leading, lagging, toe-up and 
toe-down. 
 
RESULTS 
During both the slap and wrist shots, the sensing regions were 
able to acquire grip force measurements and distribution 
around the four stick surfaces (Figs 1 and 2). Each shot 
showed a distinct grip force pattern, with the wrist shot 
exhibiting distinctive loading, pushing, and follow through 
phases and the slap shot exhibiting distinctive loading and 
downswing, pushing, release and follow through phases. The 
results showed diverse grip force profiles between subjects, 
but very repeatable grip force profiles within subjects.  
 
DISCUSSION & CONCLUSIONS 
The system developed allowed for estimation of grip force 
responses during shooting tasks of short duration. This study 
demonstrates the feasibility of this quantitative approach for 
direct measurement of grip force at the hand-stick interface 
while executing tasks with the hockey stick.  
 

 
Figure 1: Gip forces of upper and lower hands during a 
representative wrist shot trial. Force (N) vs time (s).  
 

 
Figure 2: Grip forces of the upper and lower hands during a 
representative slap shot trial. Force (N) vs time (s). 
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INTRODUCTION 
Neck pain is a common complaint, often associated with 
workplace factors [1]. In a study involving 512 office workers, 
45.5% reported occurrence of neck pain over 12 months [2]. 
The sternocleidomastoid (SCM) is a superficial muscle in the 
neck involved in flexion, lateral flexion and rotation of the 
head [3, 4]. The purpose of this study was to examine the 
effect of head tilt on SCM activation during a low force level, 
dynamic task. 
 
METHODS  
Data were collected from six adult subjects, with no reported 
neck pain. Surface EMG was recorded from the left and right 
SCM. The skin was cleaned with rubbing alcohol and skin 
impedance was lowered using conductive gel. Single use 
electrodes (Kendall Medi-Trace #135) were affixed to the skin 
surface in bipolar configuration. Electrodes were positioned at 
1/3 of the muscle length, measured from the sternal notch, and 
oriented parallel to the muscle fibres. The ground electrode 
was placed over C7. EMG signals were amplified and pre-
filtered using a Bortec® surface EMG recording system; 
signals were sampled at 1 kHz.  

The subject was seated in a rigid chair with the head 
supported in a neutral posture. A horizontal LED display, 
comprising a central green LED and three red LED’s on either 
side, was mounted in front of the subject. The subject was 
positioned at a distance from the display such that turning to 
look at the LED’s resulted in head rotations of 15, 30 or 45. 
Four movement profiles were presented to the subject: jump 
right and left, in which s/he turned from 0 to 15, 30 and 45 
returning to 0 after each rotation; step right and left, in which 
s/he followed the pattern 0-15-30-45-30-15-0. Each 
position was held for 5s. Three vertical locations of the LED 
display were tested in random start order: Neutralat eye level; 
High20 above eye level; and Low20 below eye level. 
Subjects completed three trials of each movement profile for 
each vertical position. Prior to the dynamic data collection, 
EMG data for rest and maximum voluntary effort (MVE) 
contractions were recorded. 

The average EMG amplitude over each 5s segment for 
each trial was obtained. The values were normalized by 
subtracting the rest EMG amplitude and dividing by EMG 
amplitude at MVE. Normalized EMG amplitudes for the 
segments where the head was turned (three positions for jump 
trials and five positions for step trials) were summed. Negative 
summed values were obtained for one subject and the subject’s 
data were discarded. A two-factor ANOVA with repetition 
was run on the remaining data. Subjects with missing trials 
were removed from the analysis. Data were analysed for 5 
subjects  3 trials for the jump left movement, and for 4 
subjects  3 trials for all other movements. 

RESULTS 
Both subject and head position were found to be significant 
factors (p<0.05) affecting summed EMG amplitude levels for 
all movements. Summed EMG amplitudes, averaged across 
subjects are shown in Fig. 1 for high (H), neutral (N) and low 
(L) head positions. There is little variation in EMG amplitude 
between the neutral and high positions, but it is apparent that 
EMG amplitude increases for the low position.  
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Figure 1: Average summed EMG amplitude values for A. 
jump left (right SCM); B. jump right (left SCM); C. step left 
(right SCM) and D. step right (left SCM). Error bars are plus 
one standard deviation. 
 
DISCUSSION & CONCLUSIONS 
The results indicate that only a slight degree of neck flexion 
can result in an increase in SCM muscle activation during a 
low force dynamic task. It has been found that the SCM is 
susceptible to fatigue in endurance contractions [5]. The 
noticeable increase in SCM EMG amplitude with a slight neck 
flexion, may indicate an increased risk of developing neck 
pain during long term exposure.  
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INTRODUCTION 
Subjects with knee osteoarthritis (OA) exhibit altered 
mechanical loading and neuromuscular control patterns in the 
lower limb during gait [1].  Hubley-Kozey et al. [1] suggested 
that increased activation of vastus lateralis and biceps femoris, 
and inhibition of medial gastrocnemius that is observed in OA 
subjects may be employed to reduce the compressive load on 
the diseased medial knee compartment. However, such efforts 
may not be captured by the resultant joint moments typically 
used as surrogate loading measures, and it is unknown if 
individuals could successfully reduce knee contact loading 
through selective changes in muscle activations.  
 
Therefore, the purpose of this study was to test whether 
selective activation of lateral knee muscles can effectively 
unload the medial knee compartment during gait. 
 
METHODS  
Unilateral lower limb segment trajectories and ground reaction 
forces were collected for eight subjects with moderate knee 
osteoarthritis walking at self-selected speeds. 
Electromyographical (EMG) data were obtained from seven 
muscles spanning the knee: medial and lateral gastrocnemii, 
medial and lateral vasti, rectus femoris, biceps femoris, and 
semimembranosus. 
 
A detailed lower-limb musculoskeletal model [2], including 35 
muscles, was scaled to each subject.  Inverse kinematics, 
inverse dynamics, and muscle moment arms about each joint 
were computed using OpenSim (NCSRR, Palo Alto, CA).  
Joint kinematics and dynamics were identical for both 
“Optimal” and “OA” conditions. Muscle forces were 
estimated in Matlab (The Mathworks, Natick, MA) to 
minimize a weighted sum of squares of muscle stress at each 
instant in the gait cycle.  Muscle forces were constrained to be 
positive, and to balance the hip flexion, hip adduction, knee 
flexion, and ankle flexion moments.  This set of baseline 
muscle forces was called the “Optimal” condition.  
 
To test the effect of selective lateral activation on knee contact 
forces, muscle forces were perturbed to inhibit medial 
gastrocnemius (MG), and increase vastus lateralis (VL) and 
biceps femoris (LH) activations.  Perturbation magnitudes 
were equal to the mean difference in normalized EMG 
principal component patterns between control and moderate 
OA subjects [1].  A complete set of perturbed “OA” muscle 
forces was then optimized in Matlab subject to the additional 
constraint that the three perturbed muscles (MG, VL, and LH) 
must maintain their prescribed patterns of activation. For both 
“Optimal” and perturbed “OA” conditions, axial tibial contact 
forces were computed using a frontal-plane moment balance at 
tibial-fixed medial and lateral contact locations.  

RESULTS 
Selective lateral activation resulted in a 0.3 times bodyweight 
(BW) increase in peak lateral contact force during early stance 
(p < 0.01) due to antagonistic co-contraction, but did not 
significantly change the total contact force (Figure 1). During 
late stance, there was a 0.4 BW decrease in peak medial 
contact force (p < 0.01) and a corresponding 0.3 BW decrease 
in total contact force (p = 0.02).  Knee contact impulse was 
decreased for the medial condyle (p = 0.03), but increased for 
the lateral condyle  (p < 0.01).  
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Figure 1: Mean total (black, upper), medial (red, middle) and 
lateral (blue, lower) contact force estimates for “Optimal” 
(dashed) and perturbed “OA” (solid) conditions in eight 
subjects. 
 
DISCUSSION & CONCLUSIONS 
When the optimization model was perturbed to incorporate 
“OA” patterns of selective lateral activation, there was a 
significant decrease in medial contact load and a significant 
increase in lateral contact load.  These changes are 
independent of external kinematics or dynamics, but are 
similar in magnitude to in vivo changes in contact loads 
detected during medial thrust and walking pole gait [3].  
Results suggest that future knee osteoarthritis research should 
consider changes not only in external loading (i.e. knee 
adduction moment) but also in neuromuscular coordination. 
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NOVEL SAFETY FLOORS ATTENUATE IMPACT DIFFERENTIALLY ACROSS EXTREME BMI GROUPS 
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INTRODUCTION 
Novel safety flooring systems (SFs) show promise as an 
intervention to reduce fall-related injuries in seniors [1]. 
However, the protective capacity of SFs has never been 
assessed using experimental impact tests with humans. 
Furthermore, the influence of body mass index (BMI) on the 
protective capacity of SFs is unknown. Mechanically, soft 
tissue acts as a shock absorber by decreasing system stiffness 
and absorbing energy during impact [2]. Since soft tissue 
thickness over the greater trochanter [3] has shown to vary 
with BMI, SFs might have a differential protective capacity 
for people of different BMI. The purpose of this study was to 
test the hypotheses that: 1) SFs would provide greater impact 
attenuation when compared to institutional vinyl or carpet; 2) 
SFs-related impact attenuation would be greater for low BMI 
individuals.  
 
METHODS  
We recruited 30 participants; 7 men and 7 women in the low 
BMI (<22.5) group; 7 men and 9 women in the high BMI 
(>28) group. Participants underwent lateral pelvis release 
experiments [4] from a height of 5 cm which involved 
suspension and release of the pelvis onto a flooring surface 
mounted on a force plate. Pelvic deflection was measured by a 
motion-capture system. Two common floor systems (Resilient 
Vinyl (RV) and Residential Carpet (RC)) and 4 SFs conditions 
(SmartCell with Vinyl (SCV), SmartCell with Carpet (SCC), 
SofTile (ST), Kradal Tile (KT)) were tested. Four trials were 
collected per floor. Peak force (Fmax), time to peak force (Tmax) 
and energy absorbed (E; integral of force-deflection data) 
were measured for each impact. 
 
RESULTS 
Floor type had significant effects on Fmax, Tmax, and E (p<0.01 
for each). Compared to the RV floor, post hoc tests revealed 
that SCV, SCC and ST reduced Fmax; RC, SCV and SCC 
increased Tmax; and RC and SCC increased E. There were also 
significant main effects of BMI on Fmax, Tmax, and E (p<0.05 
for each), where impact attenuation was more pronounced for 
lower BMI individuals.   

 
Figure 1: Example force vs. time curves across flooring 
conditions from a low BMI male. Traditional flooring 
conditions are labeled in grey; SFs conditions labeled in black. 
 
DISCUSSION & CONCLUSIONS 
This study demonstrated that certain novel safety floors 
possess significant impact attenuation properties during 
sideways falls on the hip, compared to institutional vinyl or 
carpet flooring systems. In addition, we found that these 
protective characteristics were greatest for low BMI persons.  
 
Our findings further support the promise of novel safety floors 
as a biomechanically effective strategy for reducing fall-
related injuries. Of particular importance, this approach is a 
passive intervention that does not require user 
compliance/adherence, and offers increased protection for frail 
older adults (most of whom have low BMIs) at highest risk of 
suffering fall-related injuries.  
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Table 1: Mean (SD) force attenuation, time to peak force, and energy absorption measures across flooring and BMI conditions.  
Floor RV RC SCV SCC ST KT 
BMI High Low High Low High Low High Low High Low High Low 

Fmax (N) 1444 
(224) 

1348 
(263) 

1488 
(183) 

1198 
(240) 

1389 
(225) 

1058 
(160) 

1447 
(202) 

1069 
(131) 

1440 
(162) 

1075 
(152) 

1463 
(201) 

1120 
(138) 

             

Tmax (s) 0.052 
(0.016) 

0.022 
(0.007) 

0.059 
(0.016) 

0.027 
(0.007) 

0.057 
(0.014) 

0.026 
(0.007) 

0.058 
(0.015) 

0.028 
(0.005) 

0.054 
(0.014) 

0.027 
(0.007) 

0.052 
(0.014) 

0.026 
(0.009) 

             

E (J) 28.8 
(10.7) 

9.0 
(1.8) 

34.1 
(10.6) 

11.8 
(3.2) 

29.7 
(11.7) 

12.0 
(3.4) 

32.9 
(12.4) 

12.2 
(3.0) 

31.8 
(11.0) 

11.0 
(2.8) 

30.6 
(11.6) 

9.2 
(3.2) 
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INTRODUCTION 

Parkinsonian rigidity is described as a uniform 

increase in resistance to passive motion throughout 

the entire range of motion. Evidence indicates that 

rigidity is influenced by both non-neural and neural 

factors. The non-neural component of rigidity is the 

result of alterations in the mechanical properties of 

the muscle and connective tissues [1]. The neural 

mechanisms underlying rigidity include aberrant 

reflex responses to passive stretch and shortening. 

Previous research has revealed that a contralateral 

contraction enhances parkinsonian rigidity [2]. 

However, the changing contributions of the neural 

and non-neural components of rigidity in response to 

the contralateral contraction have not been previously 

investigated. The purpose of the current study was to 

compare the changes in neural and non-neural 

contributions to parkinsonian rigidity in response to 

contralateral activation. It was hypothesized that the 

contralateral contraction would result in greater 

contributions of the neural component of rigidity. 

 

METHODS 

Nine people with Parkinson’s disease (PD) 

participated in the current study. Inclusion criteria for 

PD subjects were presence of mild to moderate 

rigidity but minimal presence of tremor. Informed 

consent was obtained from each subject prior to 

participation in the current study. A custom-built 

apparatus generated passive wrist flexion and 

extension movements equal to 5° at 50°/s using a 

pseudorandom binary sequence (PRBS) waveform 

[3].  

 

PD subjects were tested after a 12-hour withdrawal 

from dopaminergic medication (OFF-MED) and 

again one hour after administration of medication 

(ON-MED). The PRBS waveform was imposed on a 

relaxed wrist joint under two conditions: passive 

(PA) and contralateral active (CA). Joint position and 

torque were recorded using an encoder (100 Hz, 

Pacific Scientific, USA) and strain gauge (1000 Hz, 

Transducer Techniques, USA), respectively. Surface 

EMG (Delsys, Inc., MA, USA) was recorded from 

the flexor carpi ulnaris, flexor carpi radialis, flexor 

digitorum superficialis, extensor carpi ulnaris, 

extensor carpi radialis and extensor digitorum 

communis. EMG signals were band pass filtered (10-

450 Hz) before being sampled at 1000 Hz. System 

Identification (SID) modeling approach was used to 

identify the intrinsic (non-neural) and reflex (neural) 

components of rigidity.  

 

The SID was applied to separate overall rigidity into 

the neural and non-neural components for each 

subject under the PA and CA conditions in the OFF-

MED and ON-MED states. An analysis of variance 

was used to determine the effects of the contralateral 

contraction and medication on the intrinsic and reflex 

components of rigidity in the PA and CA conditions 

under the OFF-MED and ON-MED states. 

Significance level was set at 0.05. 

 

RESULTS 

Neural and non-neural components of rigidity were 

enhanced with the contralateral contraction (neural: 

p=0.03; non-neural: p=0.01) in the OFF-MED state. 

In the ON-MED state, both components of rigidity 

were reduced in the presence of a contralateral 

contraction (neural: p=0.03; non-neural: p=0.04). 

Medication did not significantly reduce the neural 

and non-neural components of rigidity (p=0.17).     

 

 

DISCUSSION AND CONCLUSIONS 

Previous research has shown that a contralateral 

contraction increases rigidity in PD [2]. While the 

current data seem to be in conflict with previous 

findings, the mechanism previously suggested relied 

predominantly on input from the transcortical long-

latency stretch reflex (LLSR). These data suggest the 

underlying mechanisms for the observed changes in 

rigidity may not be solely attributed to the LLSR.  
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INTRODUCTION 
How do birds, like flamingos (Phoenicopteridae), sleep while 
standing on one leg? It is suggested that this behavior reduces 
heat energy lost through the legs [1]. Yet, the muscular energy 
required to actively support the body in this pose would likely 
offset any thermal benefits. In particular, flamingo femurs are 
oriented horizontally (Figure 1), which places the knee and hip 
joints in an unfavorable position for generating muscular 
torques to oppose gravity. We found a passive, gravity-driven 
mechanism in the proximal pelvic limb of the flamingo that 
allows sleeping and even dead birds to support their body 
weight on a single leg without any muscular activation at all. 

 
Figure 1: Pelvic limb anatomy of a sleeping flamingo. Note: 
short, horizontally oriented femur positioned close to the body. 
 
METHODS  
We received 2 adult Caribbean flamingos (P. ruber) 
specimens from the Birmingham Zoo (Birmingham, AL, 
USA). Anatomical dissections and kinematics analyses were 
performed on thawed specimens. While supporting the carcass 
by one leg at the distal tibiotarsus (just above the ankle), we 
tilted the bird forward and backward until the preparation 
became unstable. We measured sagittal plane knee and hip 
joint kinematics using motion analysis software (Dartfish).  
 
We studied 8 live juvenile Chilean flamingos (P. chilensis) 
hand-raised at a local zoo (Zoo Atlanta, GA, USA). Over 3 
months, we collected ground reaction forces (HE6X6, AMTI) 
from birds standing quietly on one leg (mass: 0.25-1.40 kg, 
ground-to-hip length: 0.17-0.40 m). Birds often fell asleep 
during trials. We measured and compared center of pressure 
(COP) movement patterns in awake and asleep trials.  
 
RESULTS 
The joints of the flamingo carcasses exhibited a large range of 
motion in the knee (63°) and hip (60°) joints, offering little 
resistance to manipulation. Through inspection, we determined 
that the body center of mass was located anterior to the knee 
joint as in other birds [2]. When supported by a single leg at 
the distal tibiotarsus, the specimens maintained an upright and 
stable posture with the knee and hip in full protraction. The 
specimen, however, could be easily retracted with a slight 

application of pressure at the tail to pitch the body upward 
about the knee joint. Pressure applied to the shoulders did not 
produce any movement at the knee or hip. Furthermore, the 
knee and hip stayed in the same stable position even as the 
entire specimen was tilted backward (72°) and forward (-47°) 
relative to vertical. The knee joint angle stayed within 98-113° 
and the hip within 5-16° over the 119° range of body tilt.  
 
In femoral protraction, a pronounced pelvic antitrochanter 
articulates within a femoral trochanteric ‘cup’ [2]. With the 
femoral head articulating within the acetabulum, these 
opposing pair of joints helped stabilize the hip joint. Gravity 
acts on the body center of mass creating a knee extension 
moment, which appears to reach a bony limit within the knee 
joint. This stay mechanism uses gravity and an antitrochanter 
unique to birds to passively stabilize the knee and hip in 
protraction and adduction, while allowing limb retraction.  
A.   B.      C. 

 
Figure 2: (A) Juvenile flamingo standing with left foot on the 
force plate. (B) COP (blue) stayed well within the base of 
support (green) when awake with ancillary body movements. 
(C) COP during quiet stance & eyes closed. scale bars=5cm. 
 
Behavioral data on live flamingos indicated that in one-legged 
stance, COP was position approximately beneath the 
tarsometatarsal-phalangeal (TMP) joint (Figure 2). Although 
foot contact area >16 cm2, COP typically remained within ~1 
cm2 when birds were alert and grooming. With the head 
tucked and eyes closed, COP area was reduced to ~0.64 cm2.  
 
DISCUSSION & CONCLUSIONS 
A passively engaged stay mechanism provides an economical 
means for knee and hip stabilization during one-legged stance 
in flamingos and possibly other birds. When alarmed, it can be 
easily disengaged for rapid limb retraction and escape.  
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INTRODUCTION 

There is an increased prevalence of back pain associated 

with professional drivers [1].  It has been shown that up to 50 

percent or 6 hours of an urban police officer’s shift is spent 

seated in a vehicle and on average 40 percent of in vehicle 

time involves data entry or retrieval activities with the mobile 

data terminal (MDT) [2].  The purpose of this investigation 

was to quantify postural changes in response to prolonged 

simulated driving, prolonged driving with an intermittent 

typing task and prolonged in-vehicle typing. 

 

METHODS  

Eighteen participants, nine female (age = 23.1 ± 2.4 years, 

height = 164.0 ± 10.6 cm, mass = 60.4 ± 9.2 kg) and nine male 

(24.2 ± 2.8 years, 185.7 ± 6.9 cm, 90.0 ± 11.6 kg) were 

recruited from a university student population.  Two 120 

minute simulated driving conditions were tested, prolonged 

driving with intermittent typing tasks and prolonged driving 

without a typing task.  The typing condition involved a total of 

30 minutes of continuous typing and 90 minutes of mixed 

typing and driving with 1 minute of typing for every 3 minutes 

of driving.  Two 15g tri-axial accelerometers (S2-10-g-MF, 

NexGen Ergonomics, Montreal, Quebec, Canada) were used 

to collect time varying lumbar and pelvic angles.  Lumbar 

spine angles were normalized to a percentage of maximal 

range of motion and binned into 0.5 percent increments of 

maximal lumbar flexion for each subject to calculate an 

Amplitude Probability Distribution Function of the lumbar 

flexion postures.  A capacitive pressure mapping system (X3, 

XSensor Inc, Calgary, Alberta, Canada) was used to quantify 

the pressure interfaces on the seat pan and seat back panel.  

Seat back centre of pressure (COP) and seat pan peak pressure 

area (PPA) were calculated.    

 
RESULTS 

There were no main effects of task, gender or time point on 

PPA.  There was a significant main effect of gender in the seat 

back centre of pressure in the medio-lateral direction where 

women were found to sit further to the right of the seat pan 

later in the simulation.  There was no main effect of time or 

task on COP (Table 1).  Generally, a greater degree of lumbar 

flexion was found during the typing task compared to the 

driving task (Figure 1). The postures adopted during all three 

tasks exhibited a high degree of non-varying postural exposure 

(Figure 1), with the mixed task containing a proportional mix 

of the two flexed postures adopted for typing and driving 

independently.  

 
Figure 1: Amplitude probability distribution function of 

seated lumbar postures in the three tasks for one participant.  

 

DISCUSSION & CONCLUSIONS 

Women were found to lean to the right on the seat back to 

a greater degree than male participants across all tasks.  This 

may be indicative of a gender difference in usage patterns of 

the backrest that has been previously documented in office 

sitting [3].  Differences in PPA were not found in the current 

investigation.  Previous work in office seating has 

demonstrated a gender difference in this metric where there 

was a significantly higher PPA in males than females (2.51% 

and 1.51% respectively) [3].  However, this difference may be 

due to the compressibility of the car seat compared to an office 

seat.  Typing resulted in greater lumbar flexion to interface 

with the laterally located MDT than driving alone. When the 

mixture of driving and typing was examined it included the 

same static postures present in the isolated tasks, with a 

distribution driven by the task ratio of typing and driving. The 

postures adopted in typing approach maximum lumbar spine 

flexion and can be sustained for periods or hours during a 

shift, creating potential for injury/low back pain.   
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Table 1: Average seat back centre of pressure, average seat pan peak pressure area 

 Male  Female P-Value 

Seat Back COPmediolateral (cm) 23.4 (1.1) 

 

21.3 (1.9) 0.0022 

Seat Back COPsuperiorinferior (cm) 23.6 (0.7) 23.9 (1.1) 0.5218 

Seat Pan Peak Pressure Area R (%) 1.5 (1.1) 1.2 (0.3) 0.0944 

Seat Pan Peak Pressure Area L (%) 1.3 (0.6) 0.3 (0.3) 0.5343 
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INTRODUCTION 
Although it may not be apparent, our ability to perceive the 
world is greatly dependent on the movement of our eyes; this 
sets biological visual systems apart from cameras. Our eyes 
are constantly in motion, both to stabilize the visual image on 
the retina and to move the fovea to objects of interest using 
fast saccadic eye movements. Even though much is known 
about oculomotor physiology [2], many aspects of the 
mechanics of the eye, its musculature, and how it is controlled 
remain poorly understood (e.g., see [1] for a taste of the 
current controversies). Our goal is to construct a geometrically 
accurate robotic eye that can serve as a platform for 
understanding how the human oculomotor plant works. 
Understanding the tight integration between how we move our 
eyes and what we perceive is critical to understanding how 
certain diseases or injuries affect vision as well as to finding 
potential solutions for treating these conditions. Furthermore, 
we hope to obtain insights from biology that may aid the 
future development of robotic eyes. 
 
METHODS  
Our design decisions have primarily focused on creating an 
eye model that incorporates aspects of the anatomy that are 
functionally important for understanding the oculomotor 
system. Thus, the eye robot has 3DOF (yaw, pitch and roll) 
and is driven by 6 DC motors (Amax-25, Maxon Motor AG) 
through low friction dyneema cables (a HMPE fibre). The DC 
motors represent muscle actuation while dyneema cables 
represent the 6 extraocular muscles. The globe’s natural orbital 
support is emulated by a custom designed, low friction gimbal 
structure that supports the eye on the anteroposterior axis at 
the back of the globe, where there is no tendon interference. 
Moreover, we have used the Buckingham Π theorem (i.e., 
dimensional analysis) to scale the geometric and dynamic 
properties of the biological eye according to the model’s 
specified dimensions and inertia. Lastly, to confirm the 
functionality of the eye and to verify that the initial design 
requirements have been satisfied, we have implemented a 
controller design to drive this robot. 
 
RESULTS 
Figure 1 illustrates the final design of the robotic eye. An 
important aspect of gimbal design is the sequence of rotations 
it implements. Since a gimbal forms a serial kinematic chain, 
the proximal axes of rotations have larger inertia than the 
distal ones. Thus, since the most common eye movement is 
yaw, our gimbal implements pitch, followed by roll, with yaw 
as the final rotation.  
The acceptability of the eye system for emulating oculomotor 
behaviors was evaluated by assessing 3 main characteristics of 
the robotic eye. 
 

 
 
Figure 1: The final design of the eye robot 
 
Specifically, the tracking accuracy of this robotic eye was 
evaluated using step inputs in the principal directions of 
rotation, which demonstrated that the robot is capable of 
reaching a target position to within 1/100th of a degree in an 
overdamped manner; a result characteristic of fast eye 
movements (saccades). However, due to relatively high static 
friction in the motors, the model had worse performance for 
combined motions, with errors of up to 3 degrees; an order of 
magnitude higher than the required 1/10th of a degree error. 
Nonetheless, this accuracy can be improved considerably by 
selecting motors with lower static friction or by explicitly 
compensating for the static friction in the control algorithm. 
By comparing the robot’s responses to commanded step inputs 
with human saccade responses, we found that the robot is 
capable of reaching biologically comparable speeds. 
Furthermore, the moments of inertia of the robot are similar to 
the scaled biological inertias that the model should have in 
order to behave acceptably.  
 
DISCUSSION & CONCLUSIONS 
We have developed a novel 3 DOF tendon-driven model of the 
human eye and a corresponding controller for driving this 
redundant system. The presented robotic eye focuses on 
creating a physical model that incorporates several key aspects 
of the anatomy that are functionally important for using this 
model as a testbed for evaluating oculomotor control theories. 
However, in addition to a geometrically correct robot, a 
physiologically accurate system must also incorporate a 
biologically-inspired control algorithm, which is left as future 
work.  
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INTRODUCTION 
There is great debate about how effectively the human hand is 
able to grasp and manipulate objects and whether it is 
optimized in any sense. Here we compare the grasping 
capabilities of the physiological human hand and thousands of 
tendon-driven anthropomorphic hand designs under the same 
constraints as the human hands: size, sum of muscle tensions, 
and D-H parameters. 
 
METHODS  
We use a previously-developed method to calculate the grasp 
quality of the human hand and anthropomorphic tendon-driven 
hands [1,2]. Briefly, the grasp quality is the maximal force or 
torque (scaled with the size of the object) which the grasp can  
exert. A higher grasp quality indicates a stronger grasp.  
 
We used the kinematic layout (i.e., DH-parameters) of the 
commercially-available Shadow Hand (an anthropomorphic 
robotic hand) when calculating grasp quality for robotic hand 
designs, and human hand grasp quality was calculated from 
previously-published cadaveric data [3,4]. 
 
We used a Monte Carlo search to obtain randomized tendon 
routings for 4000 robotic hands and calculated the resulting 
grasp quality. We subsequently optimized the joint centers of 
rotation for the hands with a custom greedy Markov-Chain 
Monte Carlo method, which was our first optimization step. 
We then optimized the distribution of maximal tendon 
tensions using a similar method, our second optimization step. 
 
RESULTS 
The grasp qualities for the random tendon routings which were 
unoptimized in joint center of rotation and maximal tendon 
tension distribution are shown in Figure 1, as well as the grasp 
qualities following the optimization steps. We see that none of 

the unoptimized designs can outperform the human hand in 
grasp quality, and that optimized designs can indeed 
outperform the human hand (for this grasping task). We also 
see that the best hand design outperforms the naïve design (a 
symmetric routing with one tendon on each side of every joint) 
by 501%.  
 
DISCUSSION & CONCLUSIONS 
We conclude that the human hand has critical morphological 
features lending it very good grasp capabilities. These include 
specific distributions of maximal muscle tensions (some 
muscles are much stronger than others) and moment arm 
ratios, and the centers of rotation away from the midline of 
joints (typically giving way to larger moment arms on the 
flexion side).  
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Figure 1: Grasp quality results from random designs (Original Monte Carlo), optimized designs, and the human hand. Index finger 

only of robotic hands shown. Maximal tendon tension distribution not shown. 
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INTRODUCTION 

During walking, humans select gait patterns that minimize 

their energetic cost of transport [2]. Subjects constrained to 

walk at a certain speed select the step frequency that 

minimizes their energetic cost and, similarly, subjects 
constrained to walk at a certain step frequency select the 

minimum cost speed [1]. Our recent research has found that 

when a physical perturbation is applied to walking subjects 

(such as a rapid change in treadmill speed), both a fast 

predictive and a slow optimization process are present in the 

selection of optimal step frequency [2]. The purpose of this 

study was to determine whether these two processes represent 

control mechanisms specific to speed constrained walking on a 

treadmill, or general control mechanisms for minimizing 

energetic cost in human walking.  Our hypothesis is that both 

fast and slow processes are general control mechanisms. 
 

METHODS 
To test our hypothesis, we performed three different 

experiments. First, we repeated the constrained speed 

experiment by applying a series of rapid changes in treadmill 

speed to walking subjects while measuring the step frequency 

adjustments towards the subjects’ new preferred frequencies 

(Figure 1A).  To allow for comparison of perturbations and 
responses of different directions and magnitudes we 

normalized all data to zero before the perturbation and one at 

steady state after the perturbation. We then used system 

identification techniques to test for the presence of fast and 

slow processes to obtain a model of the system dynamics. To 

test for the generality of these two processes, we tested the 

model against data collected from two validation experiments 

where very different contexts and perturbations were used.  
 

In the first validation experiment we used non-physical 

perturbations. We asked subjects to synchronize their steps to 

a metronome frequency while walking on a constant speed 

treadmill. We played a metronome frequency that would result 

in a different step frequency than their preferred at that speed. 

We then replaced the metronome with white noise and 

measured the step frequency adjustments back towards their 

preferred frequency (Figure 1B). 
 

In the second validation experiment we used a similar protocol 

to the original experiment but we switched the input and the 

output. This time we constrained subjects’ step frequency by 

asking them to synchronize their steps to a metronome while 

walking overground. We applied perturbations consisting of a 

series of rapid changes in metronome frequency and measured 

subjects’ speed adjustments towards their new preferred 

speeds (Figure 1C).  
 

RESULTS 

We found that for speed constrained treadmill walking with 

physical perturbations, there is a dominant fast process with a 

response time of 0.77±0.02 seconds, comprising 

approximately 85% of the overall amplitude change, and a 

slow process with a response time of 18.40±0.33 seconds 

comprising the remaining 15% of the overall amplitude 

change (R2=0.99, Figure 1D). These response times were fixed 
in a model which was then fitted to the validation responses. 

The good fit for the treadmill non-physical perturbation 

responses (R2=0.98, Figure 1E) and for the overground step 

frequency constrained responses (R2=0.99, Figure 1F) 

highlight the presence of the same dynamics in very different 

situations.  
    

 
Figure 1: Methods (left panels) and results (right panels). 
 

DISCUSSION & CONCLUSIONS 

Our results indeed show that two processes are present in the 

selection of preferred gait patterns, regardless of whether 

speed or step frequency is constrained, whether subjects walk 

on a treadmill or overground and whether the perturbation 

applied is physical or non-physical. The presence of a fast and 

slow process in these various situations strongly suggests that 

prediction and optimization are general control mechanisms 
for selecting energetically optimal gaits. 
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INTRODUCTION 

     Chondrocytes are responsible for maintaining the extra-

cellular matrix of articular cartilage. Of the breadth of chon-

drocyte biological responses to joint loading, intracellular 

calcium ([Ca2+]i) flux is one of the first [1]. During joint 

loading, chondrocytes experience hyper- and hypo-osmotic 
conditions as water is exuded and then imbibed into the car-

tilage during compression and relaxation respectively [2].  

     Bovine and porcine chondrocytes have been shown to re-

spond with [Ca2+]i flux to static and dynamic, hypo- and hy-

per-osmotic stimuli in vitro [1,3,4]. In contrast, murine 

chondrocytes maintained in their undisturbed cartilage ma-

trix respond to hypo- but not hyper-osmotic challenge [5,6]. 

It is currently unknown if murine chondrocytes respond to 

both conditions in vitro.    

     The purpose of this study, therefore, was to measure the 

[Ca
2+

]
i 
response to osmotic stress in murine chondrocytes in 

vitro. We hypothesized that murine chondrocytes would re-

spond to both hyper- and hypo-osmotic stress in vitro.  
 

 METHODS 

     All animal procedures were approved by the University 

of Calgary Animal Care Committee. Skeletally mature (age 

19±3weeks, mean±sd) Balb/c mice were euthanised and the 

femora isolated. Cartilage harvested from the head of the 

femora was digested using sequential pronase/collagenase 

application. Isolated chondrocytes were plated on glass co-
verslips, incubated with the calcium sensitive dyes Fura Red 

and Fluo-4 (Invitrogen) and then submerged in iso-osmotic 

(380mOsm) media in a heated (37±1°C) perfusion chamber. 

     Confocal microscopy (Zeiss LSM 7 Duo) was utilized to 

record the [Ca2+]i response of chondrocytes. Images 

(512x512 pixels (Fig. 1)) were acquired every 3.5s for 

10mins. After the first 9 images, the media surrounding the 

chondrocytes was withdrawn and replaced with either fresh 

iso-, hypo- (280mOsm) or hyper- (480mOsm) osmotic me-

dia using perfusion pumps (Kent Scientific). 

 

      

     A custom MATLAB code was utilised to measure [Ca2+]i  

responses, with a significant signalling event being defined 

as a Fluo-4/Fura Red fluorescence ratio >3SD above 
background measured during the first nine scans. The 

percentage of cells responding with single or multiple 

signals was determined and statistically analyzed (2).  

RESULTS 

 Figure 2: Single or multiple 

[Ca2+]I fluxes of chondrocytes 

from murine femora as a 

function of final osmolarity. 

N>3 experiments and  
n>24cells for each osmolarity. 

a=significantly different from 

380mOsm (p<0.01), 

b=significantly different from 

480mOsm (p<0.05). 

 

     More chondrocytes responded with [Ca2+]i flux to both 

hypo- and hyper-osmotic stimuli compared to iso-osmotic 

control (p<0.01) (Fig 2). Hypo-osmotic stimuli resulted in 

both single and multiple [Ca2+]i fluxes, in contrast to only 

multiple flux responses to hyper-osmotic stimuli (Fig 2).  
 

DISCUSSION 

     Here we measure the effects of osmolarity on [Ca2+]i flux 

in murine chondrocytes in vitro for the first time. In agree-

ment with previous in vitro studies, both hypo- and hyper-

osmotic stimuli resulted in a significant increase in the per-

centage of cells responding with [Ca2+]i flux relative to iso-

osmotic controls [1,3].  

     Interestingly, our data are in contrast to parallel experi-

ments carried out in chondrocytes preserved in intact murine 

femora [5,6]. In this ex vivo preparation chondrocytes re-

sponded to hypo- but not hyper-osmotic conditions with 
fewer cells responding (13-17% hypo-osmotic and 4-6% iso- 

and hyper-osmotic) [5,6]. The  insensitivity of chondrocytes  

in undisturbed cartilage suggests that interaction with the 

matrix mitigates chondrocyte [Ca2+]i signal transduction of 

osmotic challenge, especially hyper-osmotic conditions.  

     It has been shown that matrix adhesion, possibly via 

membrane spanning integrin molecules, plays a role in 

regulating chondrocyte [Ca2+]i response to fluid flow [7]. 

Our data would suggest that this may also be the case for 

osmotic challenge. In future studies we will utilise ex vivo 

and in vitro chondrocytes from integrin α1-null mice to 
investigate the role of one specific collagen receptor 

(integrin α1β1) in transducing osmotic challenge into [Ca2+]I 

flux. 
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of chondrocytes isolated 

from the femora of mice. 
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INTRODUCTION
Hip  fracture  is  a  debilitating  and  often  deadly  injury  that 
affects a large portion of the Canadian population. While much 
research  has  gone  into  understanding  femoral  fracture 
mechanics, the high-rate behaviour is not well defined. 

Force  traces  from  isolated  pelvis  impact  tests  [1] have  a 
bimodal  behaviour  with each  local  maximum having nearly 
the same magnitude, but the first having a lower duration. We 
believe that the initial force peak in this data was caused by the 
inertia of the femoral head and lateral pelvis, which are almost 
rigidly connected to the femoral neck. To date, test apparatuses 
used to model falls to the side have not reproduced the inertia 
of these structures but instead have focused on modelling the 
inertia of the body delivered through the pelvis. The rate of 
loading will affect  the strain rate in the femoral  neck; since 
bone properties  are influence by strain rate,  we believe that 
this initial, high-rate pulse could be critical to modelling and 
understanding  the  behaviour  of  the  proximal  femur  in  a 
sideways fall. To this end, we sought to include models of the 
tissues and structures surrounding the femur in a drop tower 
simulation of a sideways fall, replicating their inertial effects 
and elastic properties.

METHODS
A single  surrogate  femur  model  (large,  3rd generation,  left 
femur,  Sawbones,  Vashon,  WA)  was  positioned  in  the 
Orthopaedic and Injury Biomechanics Group drop tower in the 
literature standard fall orientation [2]. Nineteen millimetres of 
closed cell foam representing the trochanteric soft tissue, and a 
spring  with  a  stiffness  of  50 kN/m,  representing  the  pelvis, 
were placed in a stationary location between the drop tower 
gantry and the surrogate femur [3]. Two masses totalling 2 kg 
were suspended from the gantry. These masses represented the 
effective  mass  of  the  femoral  head  and  lateral  pelvis  and 
would bypass the pelvic spring, applying a shock load to the 
specimen buffered  only  by  the  trochanteric  soft  tissue.  The 
gantry was loaded to a total mass of 32 kg, representing the 
body mass in a sideways fall [4], and was raised to a height of 
62 cm for  a  target  impact speed of  3.5 m/s  [4].  Loads were 
applied on the greater trochanter.

High-speed video was collected at 11,000 frames per second 
from two views, one showing the anterior side of the femoral 
neck  and  the  other  showing  the  entire  setup.  The  greater 
trochanter platten was fitted with a 6-axis load cell, and the 
femoral  head platten was fitted with a single-axis load cell. 
Load cell data were collected at 88 kHz, synchronized to the 
video and filtered using a 4th order, low pass Butterworth filter 
with  a  3 dB  cutoff  at  500 Hz  (MatLab  v.R2011b,  The 
Mathworks, Natick, MA).

RESULTS

The compressive forces recorded under the femoral head are 
shown  in  Figure  1.  The  force  trace  shows  the  bimodal 
behaviour,  with  two  force  peaks,  one  at  17 ms  with  a 
magnitude of 2903 N and a second at 47 ms with a magnitude 
of 3761 N. The first peak is created by the 2 kg masses that 
bypass the pelvis spring, and the second was created by the 
body weight being transferred through the pelvis spring.

DISCUSSION
We created an isolated femur impact model that includes not 
only the body mass transmitted through the pelvis, but also the 
shock  loading  of  the  femoral  head  and  lateral  pelvis.  This 
shock  load  creates  loading  rates  that  are  higher  than  those 
created by the body load only. 

Tests by other researchers simulating the same event do not 
show this bimodal shape  [5];  however,  the shape is seen to 
some degree in  both isolated  pelvis  tests  and human pelvic 
release experiments [3].

Simulation of this event could help understand the protective 
role of soft tissue in sideways fall – as it is the only energy 
absorbing  structure  involved  in  reducing  the  force  pulse 
delivered by inertia of  the lateral  bony masses – as well  as 
understand the high strain rate fracture dynamics that occur in 
falls to the side.

REFERENCES
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62.

Figure 1: The compressive load recorded under the femoral  
head. The 2.9 kN local maximum at 17 ms was created by the  
unsprung mass, while the 3.8 kN global maximum at 47 ms 
was created by the body mass.
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INTRODUCTION 
Computational modeling of biomechanical systems often 
requires explicit analytical functions representing changes in 
tendon excursions with joint angles. This is particularly 
important for the simulation of musculoskeletal dynamics to 
test theories of motor control where moment arms (obtained 
by taking partial derivatives of these expressions with joint 
angles [2]) need to be evaluated iteratively several thousand 
times. Conventionally, these expressions for tendon excursions 
are assumed to be of polynomial form and the coefficients are 
regressed from experimental data obtained from cadaveric 
specimens (Eg. [2]). Here we present a novel method based on 
symbolic regression that infers both the form of the analytical 
functions as well as the parameter values directly from 
experimental data. We apply it to the inference of analytical 
functions representing tendon routings in the index finger. 
 

 
METHODS  
We applied a constant tension of 5N on the seven tendons of 
the index finger (flexor digitorum profundus (FDP), flexor 
digitorum superficialis (FDS), extensor indicis (EI), extensor 
digitorum communis (EDC), first lumbrical (LUM), first 
dorsal interosseous (FDI), and first palmar interosseous (FPI)) 
of a fresh-frozen cadaveric hand using servo dc motors (Fig. 
1). We then moved the finger manually to span the full four-
dimensional joint configuration space (ad-abduction at the 
metacarpophalangeal joint (MCP) and flexion extension at the 
MCP, the proximal interphalangeal joint (PIP) and the distal 
interphalangeal joint (DIP). We recorded tendon excursions 
using optimal encoders and calculated joint angles from 
marker positions obtained using a Vicon motion capture 
system. The joint angles and tendon excursion dataset was 
then divided into a training data set, a cross-validation dataset 
(interpolated datapoints) and an extrapolation dataset 
(datapoints outside the range of training). We then used a 
software package called Eureqa [3] that implements symbolic 
regression using genetic programming to infer both the form 
and the parameter values of analytical functions mapping joint 
angles to each tendon’s excursions using the training dataset. 
We used root mean squared error between measured and 

predicted tendon excursions as a measure of the fitness error. 
We compared errors of these analytical functions against those 
obtained using polynomial regression, the state-of-the-art 
technique used in musculoskeletal modeling. 
 
RESULTS 
Eureqa gives a family of solutions lying on the Pareto front of 
the fitness error-complexity plane (complexity defined by 
number of parameters) and we chose the expressions with 
smallest extrapolation errors as the optimal solutions. Figure 2 
shows the comparison against polynomial regression and 
sample results for one of the tendons (FDS). 

DISCUSSION & CONCLUSIONS 
Analytical functions obtained using Eureqa are more accurate 
than (or in some cases, comparable to) polynomial regressions 
when tested with cross-validation as well as extrapolated data. 
They are more compact, require fewer parameters and they do 
not tend to overfit to the training dataset. Hence, they are more 
suitable than state of the art, polynomial regressions, to model 
musculoskeletal systems. 
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Fig 2: Comparison of symbolic vs. polynomial regressions. 
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INTRODUCTION 
Currently, differences between the gait of osteoarthritic (OA)  
and Control subjects are most often quantified using knee 
adduction moment.  This gait feature has a well-established 
relationship with osteoarthritis (OA) severity [3]. However, it 
has been suggested that total knee moment may be more 
relevant to knee osteoarthritis.  Boyer et al [1] reported that the 
most sensitive measure for differentiating treatment effects for 
knee OA was the total peak knee moment than the knee 
adduction moment peak. Another recent study [2] reported that 
a combination of flexion and adduction moments better 
represented medial contact force than adduction moment 
alone. Total knee moment offers the advantage of being 
independent of the anatomical reference frames, and is 
therefore potentially less sensitive to inaccuracies in defining 
the joint axes.   
 
This work compares the sensitivity of total and knee adduction 
moments to differences in the gait between subjects with 
moderate knee OA and asymptomatic Controls.  
 
METHODS  
Gait data from forty-two subjects with radiographically 
confirmed mild to moderate medial compartment osteoarthritis 
were compared to forty-four asymptomatic control subjects. 
This data was collected using an Optotrak 3D motion analysis 
system (Northern Digital Inc., Waterloo, ON, Canada) and an 
AMTI force platform (Advanced Mechanical Technology Inc., 
Watertown, MA, USA).  Joint moments were calculated using 
a standard inverse dynamics approach in MATLAB (The 
MathWorks, Natick, MA, USA).  The coordinate system was 
fixed in the distal (tibia) segment; using the approach 
described in Newell et al [4]. Moments were normalized by 
body mass, and then PCA was applied to each moment 
waveform, following the approach described by Deluzio and 
Astephen [5].  To compare the relative sensitivity of the 
various gait parameters to differences between OA and control 
subjects, the effect size was calculated (Cohen’s d, [6]).  Effect 
size is a ratio of the difference between two groups to their 
pooled variance, which allows for comparison that is 
independent of units and magnitude. 
 
RESULTS  
The mean total knee moment waveforms for control and OA 
subjects (Figure 1) illustrate the similarity of the first peaks 
and the larger difference in first peaks of the adduction 
moment. The peak total moment during gait was not 
significantly different between the OA subjects and controls 
(p=0.53).  The effect size between OA and Control subjects 
was 0.14 for peak total moment.  In contrast, the effect size of 
the difference between the peaks of the knee adduction 
moment was 0.55, as shown in Figure 2.  This effect size is 

comparable to that of the first Principal Component (PC1) of 
the total moment waveform (0.58). However, both effect sizes 
were smaller than the difference detected by PC1 of the 
adduction moment (0.71). 

 Figure 1: Mean waveforms for Control and OA subjects, total 
and adduction moment 

 
Figure 2: Effect size, Control vs. OA subjects  

DISCUSSION & CONCLUSIONS 
The total knee moment is an appealing indicator for 
osteoarthritis because it is not confounded by reference frame 
selection. However, in this study the peak total knee moment 
was not sensitive to differences in gait between OA subjects 
and controls. Applying PCA to the total moment significantly 
improves its sensitivity to group differences, but was still not 
as sensitive as the first principal component of knee adduction 
moment.      
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INTRODUCTION 
The control of mediolateral (ML) dynamic stability during 
stepping tasks is particularly important for older adults, given 
the association with lateral falls and hip fracture [1]. Despite 
our understanding of the mechanisms for ML stabilisation 
during step initiation, there is a need to better understand the 
origins of age-related decline in ML stability, which can 
manifest during the restabilisation phase, after foot contact. 
 
We previously [2] characterised whole body centre of mass 
(COM) kinematics among younger adults during the 
restabilisation phase of volitional stepping and revealed COM 
incongruity (i.e. overshoot of the final COM position) to be 
common and potentially beneficial for simplifying ML 
stability control. The present study sought to extend this work 
to examine age-related differences in ML dynamic stability 
control. In contrast to young adults, we hypothesized that older 
adults would reduce average ML COM incongruity, but 
exhibit increased intertrial variability of incongruity. We 
believed that such age-related differences may be related to the 
regulation of whole body angular momentum during the 
restabilisation phase. As such, we analysed the waveform 
representing the divergence between the inclination angles of 
the net ground reaction force (θGRFnet) and COP-COM (θCOP-

COM) (Fig. 1). We expected older adults to exhibit difficulty 
directing the net GRF at the COM, as quantified by an 
increased root mean square error (RMSE) between θGRFnet and 
θCOP-COM.  
 
METHODS  
A motion analysis system (Vicon, CA, USA) and four force 
plates (AMTI, MA, USA) were used to record 3D kinematic 
data, reaction forces and moments. A whole body kinematic 
model was used to calculate the COM position. Starting from a 
standardized parallel stance position [3], healthy younger 
(n=20) and older adults (n=20) performed 10 self-selected 
speed, single step trials with the preferred limb (PREF). To 
vary the challenge to control, participants also performed rapid 
step trials with preferred (PREF_RAPID) and narrow step 
width (ML_RAPID), cued by an auditory tone. Participants 
were asked to maintain a stable final position for 10 seconds, 
after step contact. Task condition order was randomized. ML 
COM incongruity (peak - final COM position), intertrial 
variability (within-condition standard deviation), and RMSE 
values were calculated. Each dependent variable was analysed 
with a 2-factor ANOVA (age*step), with a repeated measure. 
Only the age-related differences are reported below. 
 
RESULTS 
Contrary to our hypotheses, older adults exhibited greater 
COM incongruity and reduced RMSE of the net GRF than did 
younger adults. Older adults, however, exhibited increased 

intertrial variability of incongruity. Given the unexpected 
results, secondary analyses were used to further understand the 
data. Due to the ML anticipatory postural adjustment, older 
adults exhibited larger COM displacement toward the stance 
limb during step initiation and, hence, exhibited reduced ML 
COM velocity at foot contact. Analysis of the waveform 
representing the divergence between θGRFnet and θCOP-COM 

revealed that older adults exhibited an increased latency in 
reorienting the net GRFnet to oppose the angular momentum 
that developed during the stepping phase (P2, Fig. 1). 

 
Figure 1: Divergence between θGRFnet and θCOP-COM. P1: first 
‘restabilising’ peak (passive, due to limb stiffness); P2: second 
‘restabilising’ peak (active). 

 
Figure 2: Incongruity magnitude (left); time to P2 peak (right) 
 
DISCUSSION & CONCLUSIONS 
The present results suggest that while COM overshoot may aid 
in the simplification of stability control, increased overshoot 
among older adults may arise from difficulty in reactive 
control during the restabilisation phase. Specifically, such age-
related differences may be linked to the latency in active 
reorientation of the GRFnet after foot-contact. We propose that 
the magnitude and timing of reorientation are likely modulated 
by sensory information regarding the state of the COM at the 
onset of, and during, the restabilisation phase. Interestingly, 
healthy older adults may attempt to offset such instability by 
modifying the COM trajectory in an anticipatory manner, prior 
to step-onset, which may minimize the development of ML 
instability during the stepping phase, prior to foot contact.  
REFERENCES 
[1] Parkkari J et al. (1999). Calcif Tissue Int, 65(3), 183-187.  
[2] Singer JC et al. (2012). Gait Posture, 35(1), 106-110.  
[3] McIlroy WE et al. (1997). Clin Biomech, 12(1), 66-70. 
ACKNOWLEDGEMENTS 
NSERC (Canada) for financial assistance. Rupesh Patel and 
Kira Pattison for assistance with data collection.



EFFECTS OF LUMBAR SPINE POSTURE ON THORACIC SPINE RANGE OF MOTION AND MUSCLE 

ACTIVATION PATTERNS WHILE STANDING  

 

Brian C Nairn
1
, Janessa DM Drake

1
 

1
School of Kinesiology and Health Science, York University, Toronto, Canada, nairn@yorku.ca; jdrake@yorku.ca 

 
INTRODUCTION 

Biomechanical studies of spine range of motion (RoM) and 

electromyography (EMG) typically focus on the lumbar 

region.  The thoracic spine remains a topic less investigated in 

the literature, especially in terms of complex/relative motion 

coupled with EMG patterns.  Research on complex motion 

patterns of the thoracic spine is directed towards kinematic 

measures only [1, 2] and usually focuses on only one area of 

the spine.  Therefore, the purpose of this study was to quantify 

the muscle activation and movement patterns of the thoracic 

spine when the lumbar spine was placed in known postures.  

METHODS  

Thirteen male participants from a university population were 

recruited.  A Vicon motion capture system (Oxford, UK) was 

used with 63 markers to track full body kinematics.  Eight 

rigid plates (24 markers total) were used to partition the spine 

into upper, mid-, lower thoracic, and the lumbar spine 

segments (UT, MT, LT, LUMBAR, respectively).  EMG was 

collected using two 8-channel Bortec amplifiers (Calgary, 

Canada) on 16 muscles bilaterally: upper (UTES), lower 

(LTES) thoracic, and lumbar (LES) erector spinae, superficial 

lumbar multifidus (SLM), latissimus dorsi (LD), rectus 

abdominis (RA), internal (IO) and external (EO) obliques.  

Seven postures were adopted with three repeats of each.  Four 

postures were determined by lumbar position and 

corresponding thoracic movement: lumbar neutral with 

thoracic flexion (Ln_Tf), lumbar neutral with thoracic twist to 

the right (Ln_Tt), lumbar flexion (to 50% of maximum) with 

thoracic flexion (Lf_Tf), and lumbar flexion (50%) with 

thoracic twist to the right (Lf_Tt).  The remaining three were 

maximum flexion (MF), and unilateral (right side) maximum 

lateral bend (MLB) and maximum axial twist (MAT).    

RESULTS 

Kinematic results showed significant interactions for both 

flexion (F(18, 288)=28.29, p<0.001) and twisting (F(18, 

288)=5.18, p<0.001) between postures and spine segments.  

EMG results also showed a significant interaction between 

posture and muscle (F(90, 1152)=5.69, p<0.001).  The LT 

segment showed the greatest flexion during the thoracic 

flexion trials while the UT and MT segments did not show a 

change in RoM when transitioning from a neutral lumbar to a 

flexed lumbar, as shown in Figure 1a.  Selected muscles 

during thoracic twist are shown in Figure 1b and illustrate the 

contribution of the right IO and LD muscles in the generation 

of axial movement.    

DISCUSSION & CONCLUSIONS 

Generally, more flexion was found in the lower region of the 

spine (lumbar and LT) compared to the UT and MT segments.  

Also, flexion in the lumbar spine tended to increase flexion in 

the LT segment.  The opposite tended to occur during twisting, 

where an increase in flexion was associated with a decrease in 

axial twist, especially in the MT region.  Right IO and LD 

showed the greatest activation during all the twisting trials. 

This study was the first to show EMG patterns of various 

regions throughout the spine during thoracic motion trials as 

well as quantifying the RoM differences.  Previous research of 

thoracic spine motion has been done qualitatively and without 

EMG [1, 3], thereby limiting the amount of information 

obtained.  Results from the current study will facilitate future 

work quantifying thoracic and lumbar spine motion resulting 

from upper-limb movement during tasks such as reaching.   
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Figure 1. a) Interaction between two of the postures and the spine segments.  The symbols († and ‡) represent a significant 

difference between postures within the segment.  The * indicates a significant difference between segments within the posture. b) 

Differences in muscle activation across muscles for the lumbar flexion, thoracic twist trial.  The * indicates a significant difference 

from RIO. For all measures, α=0.05. 
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INTRODUCTION 
Knee osteoarthritis (OA) is a joint disease that involves 
articular cartilage loss and is often associated with pain and 
limited function. The knee joint adduction moment has been 
used as a surrogate measure of medial compartment loading, 
the compartment that is most frequently affected by knee 
OA[1]. However, the knee joint adduction moment alone does 
not correlate consistently with pain or cartilage thickness[2,3]. 
The knee adduction moment (KAM) impulse takes into 
account both the magnitude and duration of loading during 
each step, and the number of steps per day is an indicator of 
loading frequency. Both knee adduction moment impulse and 
number of steps per day have been shown to relate to pain in 
knee OA patients[2]. The objective of this study was to 
determine the extent to which variation in knee adduction 
moment, adduction moment impulse, and loading frequency 
can explain variation in medial compartment cartilage 
thickness, volume, or surface area in the femur and tibia. 

METHODS  
Twenty-one participants (mean (SD) age: 60.8 (6.0) years,; 
mean (SD) BMI: 26.7 (5.2) kg/m2) who met the American 
College of Rheumatology clinical criteria for OA[4] were 
recruited through a local rheumatology practice. Rigid, 
infrared marker clusters were secured on the sacrum, thigh, 
shank and foot of the study leg and tracked using Optotrak 
position sensors (Certus, Northern Digital Inc, Waterloo, 
Canada). The study leg corresponded to the side with the most 
severe knee OA. Ground reaction forces were recorded using 
embedded force plates (AMTI, Watertown, MA, USA). 
Participants performed 5 barefoot walking trials at self-
selected speed. The KAM waveform was generated using 
inverse dynamics software (Visual 3D, C-Motion, Inc., 
Germantown, MD, USA). The mean non-normalized KAM 
impulse over five trials was calculated and mean number of 
steps/day was measured over seven days using a 
unidimensional accelerometer. 

An MR scan of each  participants’ study knee was acquired 
within 1 month of the biomechanical data collection. A 1T 
peripheral MR scanner was used (ONI OrthOne, Wilmington, 
MA). Medial femoral and tibial cartilage morphometry was 
segmented from a coronal 3D SPGRE fat-saturated protocol 
(1.5 mm slice thickness) using a fully automated, atlas-based 
method(Qmetrics, Rochester, NY, USA)[5]. 

Sequential forward linear regression analyses were 
performed for each of the following dependent variables for 
the medial compartment cartilage: mean and 5th percentile 
tibial thickness, volume, and surface area, and mean and 5th 
percentile femoral thickness, volume, and surface area. Two 
regressions were performed for each dependent variable: the 
first with BMI and peak knee adduction moment (PKAM) as 
separate independent variables (Model 1) and the second with 

BMI, KAM impulse, and steps/day entered as separate 
independent variables (Model 2). 

RESULTS 
Regression results are summarized in Table 1, where model R2 
values are listed and significance values for the change in F-
statistic are indicated. 

Table 1: Model R2 values for each dependent measure of 
medial compartment cartilage morphology. 
Cartilage measure BMIa  PKAMb Impulsec Steps/dayd

T
ib

ia
 

Surface area 0.271 * 0.421 * 0.627 ** 0.636  
Volume 0.360 ** 0.454  0.592 ** 0.791  
Thickness 0.129  0.130  0.132  0.219
5th %ile thickness 0.083  0.083  0.097  0.290 *

F
em

ur
 Surface area 0.329 ** 0.379  0.424  0.445  

Volume 0.283 * 0.291  0.320  0.346  
Thickness 0.035  0.071  0.042  0.061  
5th %ile thickness 0.060  0.123  0.066  0.070  

aStep 1 (Models 1&2); bStep 2 (Model 1); cStep 2 (Model 2); dStep 3 (Model 2) 
*p<0.05; **p<0.01 

DISCUSSION & CONCLUSIONS 
The variation in mean medial cartilage thickness was not 
explained by variation in BMI, loading magnitude, duration, or 
frequency.  These results are consistent with previous findings 
[3]. However, variation in medial femoral cartilage volume 
was explained by variation in BMI, while medial tibial 
cartilage volume was associated with BMI and impulse. Given 
that cartilage volume is a total, cumulative measure, it may be 
more sensitive to morphological changes than the average 
measure of thickness, which may explain why volume is more 
strongly affected by BMI and load magnitude/duration. The 5th 
percentile thickness would also be more sensitive to focal 
cartilage loss and is the only dependent variable for tibial 
cartilage to have significant variation explained by step 
frequency (p = 0.047). Femoral surface area is significantly 
affected only by BMI given that individuals with a larger BMI 
generally have larger bones than those with a smaller BMI. 
PKAM was not a significant predictor of tibial cartilage 
volume; however, impulse was a significant predictor. This 
finding indicates that loading duration has a significant effect 
on medial tibial cartilage volume.  
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INTRODUCTION 
To run at a predetermined speed is not easy – recreational run-
ners have been shown to make over 9% pacing error on aver-
age [1]. The purpose of this study was to develop a system that 
can help decrease this error, and thus increase the pacing accu-
racy during running. Our goal was to design a system that 
helps runners reach their desired speed quickly (<10 seconds), 
and stay within close proximity of this speed (<2% RMS-
error). We know that a tight relationship exists between pre-
scribed step frequency and preferred speed for both walking 
and running [2, 3], and that during walking the convergence to 
the preferred speed for any prescribed step frequency is rapid 
and automatic [4]. We hypothesized that if a similar response 
exists in running, it should be possible to use prescribed step 
frequency to control running speed accurately and automati-
cally. The purpose of the first part of this study was to deter-
mine the response in running speed to changes in prescribed 
step frequency. If we indeed find this response to be fast and 
automatic, the purpose of the second part of this study was to 
develop a system that would automatically and accurately con-
trol running speed 
 
METHODS  
To test our hypothesis, we used an experimental setup that 
provides commanded step frequency to the subject, and allows 
for accurate measurement of running speed (Figure 1A). 
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Figure 1A: We use a specialized GPS-based speed sensor 
(VBOX, Racelogic) to measure overground running speed. 
Data is logged onto an SD card using an Arduino Uno micro-
controller, which is also used to generate the auditory metro-
nome. B: We implemented the speed control system, consist-
ing of a discrete PID controller, using custom written C-code 
on the Arduino microcontroller. 
 
In the first part of the study we instructed subjects to match 
their step frequency to an auditory metronome. We then ap-
plied rapid changes in metronome frequency, and determined 
the resulting speed changes. Using system identification tech-
niques we created a dynamical model describing the runners’ 
speed response to changes in prescribed step frequency. We 
used this model in simulations to design and optimize the 
speed control system parameters. 

 
To allow for reliable control of running speed we developed a 
system where the prescribed step frequency is made dependent 
on the error between the desired and actual running speed 
(Figure 1B). The feedback loop in this system ensures that 
whenever an error between desired and actual running speed 
exists the prescribed step frequency will be updated to mini-
mize this error. It also ensures that the system works inde-
pendent of changes in runners’ step length. 
 
RESULTS 
We found that the speed response to changes in prescribed 
step frequency was indeed rapid and automatic (Figure 2). 
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Figure 2: Representative response in running speed to rapid 
changes in metronome frequency. 
 
When using our speed control system, runners converge to the 
desired running speed in under 10 seconds. The average steady 
state error in running speed is less then 0.5%, and the RMS-
error is around 1.5% (Figure 3). 
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Figure 3: Speed control result for a representative subject. 
Note that he subject was unaware of the target speed changes. 
 
DISCUSSION & CONCLUSIONS 
Our results show that a metronome-based feedback system can 
be used to accurately control running speed. Our current focus 
is on using these same principles to provide accurate and 
automatic control of heart rate during running. Besides this we 
are working on implementing our system in a smart phone - all 
hardware needed for our system to work exists in such phones. 
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INTRODUCTION 

Ultrasound (US) has emerged as an alternative to ionizing 

radiation imaging modalities, such as fluoroscopy. US is fast, 

portable, inexpensive and safe; however, it yields a low signal-

to-noise ratio image with artefacts such as speckle noise and 

image shadows. We propose to fuse intra-operative US with a 

high quality image to better visualize the both surface during 

orthopaedic surgeries. Specifically, we register 3D US with 

pre-operative Computed Tomography (CT) volumes. 

 

METHODS  

We present a fast registration method we previously proposed 

in [1] and provide additional phantom and clinical validation 

results. The bone surfaces are extracted from the US volumes 

using local phase features to determine regions of symmetry, 

expressed as the aligning of the phases in the Fourier domain. 

Log-Gabor filters were used to extract the local phase features 

[2]. The bone surfaces were segmented from the CT volume 

using thresholding. The resulting bone surfaces were one 

voxel thick and contained approximately twenty-five thousand 

points. To register these point clouds in a reasonable amount 

of time for clinical applications, these point clouds were 

simplified to contain approximately five hundred points. The 

resulting point clouds were reinforced with high curvature 

features extracted using Gaussian curvature. The point clouds 

were matched by iteratively minimizing the L2 distance 

between Gaussian Mixture Models representing each 

simplified bone surface [3]. 

 

A phantom was constructed using a radio-opaque hemi pelvis 

(Model #1295-22 Sawbone, Pacific Research Laboratories, 

Inc.) embedded in a PVC gel with seventy fiducials located 

approximately 1-3 cm away from the bone surface. The 

fiducials were used for validation only. Forty US datasets were 

acquired from the phantom. Eight datasets obtained from 

consenting patients admitted to Vancouver General Hospital 

(Level 1 Trauma Centre) were used in a clinical study. A G.E. 

Voluson 730 Expert US Machine with a RSP5-12 3D probe 

was used to acquire US volumes of both the phantom and in-

vivo data. A Scanco Xtreme CT (model #HRpQCT) was used 

to acquire the phantom CT datasets. The clinical CT datasets 

were acquired with unknown machines. 3D US scans were 

obtained of the iliac crest, iliac fossa and ilium in both the 

phantom and clinical study. 

 
RESULTS 

The average Target Registration Error (TRE) in the phantom 

study was 2.57 mm (STD=1.5 mm) and the Surface 

Registration Error (SRE) was 0.35 mm (STD=0.1mm). The 

average registration runtime for the phantom experiments was 

0.99 seconds. The clinical validation had an average SRE of 

0.60 mm (SD=0.34 mm) and an average runtime of 2.5 

seconds. Qualitative results of the clinical test can be seen in 

Figure 1.  

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 1: Qualitative results of the clinical experiment 

demonstrating the bone surface extracted from the CT volume 

(yellow) overlaid on a slice of the registered US volume 

(grey). 

 

DISCUSSION & CONCLUSIONS 

We demonstrate a fast and accurate registration algorithm that 

can feasibly be used to intra-operatively fuse US volumes with 

pre-operative CT data with a near-real-time algorithm. We 

validated our method on radio-opaque phantom datasets and 

with in-vivo datasets acquired from pelvic fracture patients. 

We demonstrated accuracy in the millimetre range with a 

runtime less than 3 seconds. In the future, we plan to 

incorporate this algorithm in to a surgical navigation system to 

assist with orthopaedic surgeries and further reduce the 

runtime by optimizing the US bone localization algorithm. To 

further improve the accuracy of our registration algorithm, we 

plan on improving the representation of the bone surface with 

as few points possible. 
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INTRODUCTION 

While walking can become limited or impaired with age, it is 

not known what specific changes in neural control over the 

adult lifespan are associated with this behavioural change [1]. 

In neurologically intact subjects, studies have used reflexes to 

probe the neural control of rhythmic locomotor tasks revealing 

characteristic reflex modulation patterns both within and 

between limbs [2,3]. These stereotypical reflex responses, 

originating from muscle and cutaneous afferents, are 

specifically sculpted to serve important regulatory functions 

during human locomotion [4]. For example, in young adults 

cutaneous reflexes of the foot have been shown to produce a 

coordinated response which is dependent on the phase of the 

gait cycle and serve a functional role in assisting with obstacle 

avoidance during swing phase [2,3,4]. Therefore, cutaneous 

reflexes measured at different latencies can be used as 

indicators of age-related changes in neurological function 

during locomotion as well as characterize deficits in neural 

control potentially associated with fall risk [5]. To date, 

changes in electrically-evoked cutaneous reflex responses 

during walking across the adult lifespan have not been 

investigated. The study of reflex responses during locomotor 

activities in the elderly will establish age related neural 

changes and present potential markers for deterioration in 

functional ability related to fall risk. While cutaneous reflex 

modulation has been investigated in young adults [4,6], to our 

knowledge no studies have explored cutaneous reflexes in 

older adults  and minimal research has explored muscle 

afferent reflexes in older adults. Further electrically evoked 

reflexes have not been used to characterize differences in 

neural control between older adults who fall and those who do 

not. Therefore we intend to quantify changes in cutaneous 

reflex responses during locomotion in 3 groups; young 

healthy, elderly healthy (>70) and elderly with a history of 

falls. We hypothesize that neural outcomes at all latencies will 

be largest in the young adult group, diminished in the healthy 

elderly group and further diminished in the elderly with a 

history of falls.  

METHODS 

Three age groups will be involved: younger adults (19-40), 

older adults with no history of falls (70+) and older adults with 

a history of falls (2 or more falls in the past year). Cutaneous 

reflexes will be evoked during walking on a treadmill by 

stimulation of the superficial peroneal (SP) and tibial (Tib) 

nerves during separate trials [7]. Muscle activity will be 

gathered with a tethered EMG system (P511, Grass 

Technologies). EMG during stimulation and control condition 

will be collected, averaged and subtracted to yield a response 

solely due to the cutaneous stimulation. Reflex amplitude 

responses will be analyzed at early, middle and late latencies 

[7]. Statistical analysis will involve repeated measures 

ANOVA with post hoc analysis to determine main effects of 

phase of gait, group and their interactions. 
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INTRODUCTION 

Age-related changes in human biomechanics and motor 

control quantifiably alter locomotor activities throughout the 

lifespan [1]. For example, aging is related to differences in the 

pattern of muscle activity and joint torque during walking [2] 

as well as changes in reflex sensitivity during posture and 

locomotion [3,4]. Studies of reflexes have proven invaluable 

for understanding functional responses to sensory stimulation 

during locomotion, as well as to characterize deficits in control 

[5] For example, in healthy young subjects, it has been 

observed that reflex responses result in coordinated neural and 

mechanical outcomes that serve important regulatory functions 

during human locomotion [6]. That is, reflexes originating 

from cutaneous nerves of the foot have been shown to assist 

with obstacle avoidance during the swing phase of walking 

while reflexes from muscle afferents in the lower limb have 

been associated with important stance phase corrections [6,7]. 

In the elderly, there is a noticeable decrease in the contribution 

of muscle afferent reflexes during the stance phase of walking 

[4]. This may reflect changes in central control that result in 

altered neural and mechanical responses to perturbations [4]. 

Therefore, the study of reflex responses during locomotor 

activities in the elderly may be useful to establish mechanisms 

of age related neuromechanical changes and present potential 

markers for deterioration in functional ability related to fall 

risk. While there has been some research on muscle afferent 

reflexes in the elderly, a neuromechanical investigation of 

cutaneous reflexes has only been conducted in young adults 

using simple single-axis kinematics at the ankles and knees 

[6]. Additionally, there is no known research quantifying 

neuromechanical reflex responses to electrical stimulation in 

older adults with a fall history. Therefore we intend to quantify 

3D mechanical changes in cutaneous reflex responses during 

locomotion in 3 adult groups; young, older with no fall history 

(>70) and older with a history of falls. We hypothesize that 

mechanical outcomes will be largest in the young group, 

diminished in the healthy elderly group and further diminished 

in the elderly group with a history of falls.  

 

 

METHODS 

Three age groups will be involved: younger adults (19-40), 

older adults (70+) and older adults with a history of falls (2 or 

more falls in the past year). Cutaneous reflexes will be evoked 

during walking by stimulation of the superficial peroneal (SP) 

and tibial (Tib) nerves during separate trials [8]. Muscle 

activity will be gathered with a tethered EMG system (P511, 

Grass Technologies). Kinematic measures (joint and segment 

kinematics, spatio-temporal gait parameters and centre of mass 

(COM) motion) will be gathered utilizing a 3D motion 

analysis system (Vicon Motion Systems). Analysis will 

involve comparison between the 3 participant groups as well 

as between cycles with stimulation (intervention) and cycles 

without (control) for biomechanical, reflex and background 

EMG measures. Statistical analysis will involve repeated 

measures ANOVA with post hoc analysis to determine main 

effects of phase of gait, group and their interactions. 
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INTRODUCTION 
      Abnormal knee function as a result of severe knee 
osteoarthritis (OA) has been well characterized. After total 
knee arthroplasty (TKA) surgery, comparisons of knee 
mechanics relative to the pre-operative state have been studied 
to assess the functional success of the surgery. Less well 
acknowledged are the compensatory changes in hip and ankle 
joint mechanics that accompany severe knee osteoarthritis [1], 
and whether or not TKA surgery has positive or potentially 
detrimental effects on the mechanics of these joints. The 
purpose of this study was to characterize the changes in joint 
angle patterns at the hip and ankle after TKA surgery.  
 
METHODS  
      Three-dimensional lower extremity kinematics were 
captured during gait for 60 asymptomatic subjects and 64 
patients within a week prior to receiving a TKA surgery and 
one year post-surgery (OptotrakTM motion capture). Three-
dimensional hip and ankle angles were calculated according to 
the Joint Coordinate System [2] and the sagittal plane angles 
were normalized to 100% of the gait cycle.  Principal 
component analysis (PCA) was applied to each angle (hip and 
ankle separately) to extract the major modes of variability in 
the data [3]. Paired t-tests were used to compare post-TKA 
angle patterns to the pre-TKA state and ANOVA was used to 
compare both to the asymptomatic group.  
 
RESULTS 

Post-TKA gait speed was found to be significantly 
faster (0.90±0.23) than pre-TKA (1.07±0.19) gait (P<0.001). 
The first 3 principal components for hip and ankle sagittal 
plane flexion angles explained 92% and 87% of the variability 
cumulatively, respectively.  The overall magnitude of hip 
flexion during gait (PC1) was lower than the asymptomatic 
magnitude pre-TKA and remained lower post-TKA, 
(P=0.037), indicating that hip flexion magnitude was not 
restored postoperatively. The relative difference (i.e. range) 
between late stance hip extension and swing phase flexion 
(PC2) increased from pre-TKA to post-TKA (P=0.001), yet 
still remained lower than asymptomatic values post-TKA 
(P<0.001) (Figure 1).  

            
Figure 1:  Mean hip flexion angle over the gait cycle (+ve: 
flexion) relative to an asymptomatic range (± 1 stdev.). 

       PC2 of ankle flexion captured the plantar/dorsiflexion 
range of motion throughout gait. There were no changes in 
PC2 from pre to post-TKA, and patients exhibited less angular 
range compared to the asymptomatic group (P<0.001). PC3 
characterized later peak plantar and peak dorsiflexion angles 
in the gait cycle, with significant differences between pre and 
post-TKA (P=0.006). Post-TKA, patients had higher PC3 
scores, meaning that they had a later peak post operatively, 
restoring patterns closer to the asymptomatic group with no 
differences from asymptomatic to post-TKA (P=0.36) (Figure 
2). 

         
Figure 2:  Mean ankle flexion angles over the gait cycle (+ve: 
dorsiflexion) relative to an asymptomatic range (± 1 stdev.). 
 
DISCUSSION AND CONCLUSIONS 
      This study showed some improvements in sagittal plane 
hip and ankle angle patterns one-year after-TKA surgery. 
However, some compensatory changes in hip and ankle 
mechanics that were associated with severe OA pre-TKA were 
maintained post-TKA. This suggests that while TKA surgery 
improves joint function in the lower extremity, some abnormal 
patterns persist that may be indicative of an unfavourable 
mechanical environment. To our knowledge no other studies 
have examined the mechanics of the hip and ankle joint after a 
TKA. Post-TKA outcome should therefore objectively assess 
entire lower extremity function, and implant/surgical design 
should aim to optimize entire lower extremity function.  
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INTRODUCTION 
Individuals with acquired brain injuries (ABI) commonly 
experience gait impairments that restrict their mobility [1]. To 
compensate for their functional limitations, they often use 
rollators (i.e. four-wheeled walkers). However, as with other 
neurologic populations, ABI patients exhibit an increased falls 
risk [2], despite assistive device, which negatively impacts 
their safety and quality of life. Previous work using an 
instrumented rollator, developed by our team (i.e. iWalker), 
has demonstrated that the variability of foot placement 
patterns can change between different walking environments 
[3]. In this case study, we aim to determine if there is also an 
environmental effect on the upper trunk accelerations of a 
rollator user with an ABI, specifically looking for differences 
between a laboratory and a typical urban setting. 
 
METHODS  
One ABI patient (i.e. subarachnoid hemorrhage with 
hydrocephalus; age: 61; sex: female), who used a rollator 
regularly, participated in this study. She was asked to use the 
iWalker (Figure 1) while walking along: (i.) a typical, straight 
path in a laboratory (i.e. a 7-m walkway); and (ii.) a pre-
determined course in the vicinity of the Toronto Rehabilitation 
Institute, located in downtown Toronto. Accelerations of the 
upper trunk were acquired in both settings using a tri-axial 
accelerometer attached to C7 (GLink-mXRS, Microstrain). 
 
RESULTS 
There were significant differences in the mean acceleration 
root-mean-square (RMS) of the course walk compared to the 
laboratory setting, in the vertical (VT) and anterior-posterior 
(AP) directions (Table 1). In fact, during the course walk, 12, 
86 and 88% of the RMS accelerations observed were above or 
below the laboratory-based confidence interval (mean ± 
standard deviation) for the medio-lateral, AP and VT 
directions, respectively (Figure 2).  
 
DISCUSSION & CONCLUSIONS 
This case study demonstrated that the upper trunk 
accelerations of a rollator user with an ABI differ between a 
controlled, laboratory setting and walking outdoors. Thus, in 
order to better understand the challenges to stability that 
rollator users face, it would be helpful to observe how the 

characteristics of everyday environments affect their upper 
trunk accelerations. Future work will expand on the sample 
size of this case study, correlate the changes observed in upper 
trunk accelerations with clinical measures and other iWalker-
based parameters (e.g. walker loading patterns, gait speed, 
etc.), and generate new knowledge about the determinants of 
stability of rollator users during walking in the community. 
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 Table 1: Mean (SD) for Accelerometer RMS 
Environment Vertical (g) Medio-Lateral (g) Anterior-Posterior (g) 
Laboratory  0.48 (0.04) 0.11 (0.02) 0.63 (0.02) 
Course Walk  0.61 (0.07)* 0.11 (0.03) 0.55 (0.05)* 

Figure 1: iWalker Instrumentation. 

Figure 2: Percentage of RMS accelerations during course walk 
outside the 95% confidence interval of the lab. 
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INTRODUCTION 

The ability of an animal to detect and respond to changes in 

the environment is critical to its survival. However, two 

elements of sensorimotor control – the time required to sense 

and respond to a stimulus (responsiveness) and the precision 

of stimulus detection and response production (resolution) – 

are inherently limited by a competition for space in peripheral 

nerves and muscles. 

  

Responsiveness incorporates six sources of neuromuscular 

delays, with three of these accounting for more than 90% of 

total response time. These delays must remain constant if 

response time is to remain constant [2]. Resolution 

incorporates the densities of both sensory receptors and motor 

units throughout the body. The number of nerve fibers in 

peripheral nerves must therefore increase in proportion to 

animal volume if innervation density is to remain constant [2]. 

 

To ensure nerve diameter is kept within reasonable size limits, 

animals face a tradeoff between responsiveness and resolution. 

This tradeoff becomes more acute with increasing body size. 

In the giraffe, which is both large and has exceptionally long 

legs, this tradeoff is especially critical. To investigate whether 

the giraffe has developed unique methods of dealing with this 

tradeoff, we examined its responsiveness and resolution by 

quantifying the three major sources of sensorimotor delay as 

well as the number and size distribution of nerve fibers in its 

sciatic nerve. 

 

METHODS  

We acquired data from eight male giraffes (Giraffa 

camelopardalis; four animals used for each experiment). We 

measured motor nerve conduction velocity, a determinant of 

nerve conduction delay, by electrically stimulating the sciatic 

nerve and measuring the time between stimulation and onset 

of activity in the medial gastrocnemius (Figure 1a). We 

measured electromechanical and force generation delays by 

electrically stimulating the medial gastrocnemius directly and 

measuring the times between stimulation, force onset, and 

peak force (Figure 1b). We estimated the number and size 

distribution of axons in the sciatic nerve by imaging nerve 

samples with a scanning electron microscope (Strata 

DualBeam 235, FEI Company) (Figure 1c), identifying 

myelinated nerve fibers in seven fascicles of each nerve, and 

extrapolating to whole-nerve values. 

 
RESULTS 

The average nerve conduction velocity over four giraffes was 

50.4 m/s ± 20.0 m/s (mean ± sd). Average electromechanical 

delay was 13.4 ms ± 1.4 ms, and average force generation 

delay was 45.9 ms ± 10.7 ms. Extrapolating our sampled fiber 

counts to whole-nerve values resulted in a relatively consistent 

estimate of 106,697 ± 7,778 nerve fibers in the sciatic nerve. A 

histogram showing the sizes of all 15,559 fibers measured has 

a bimodal distribution, with peaks at 5 µm and 12 µm.  

 

 
 

Figure 1: We electrically stimulated nerves to measure nerve 

conduction velocity (a) and muscles to measure 

electromechanical and force generation delay (b). We imaged 

sciatic nerve sample cross-sections to measure nerve fiber 

number and size distribution (c). 

 

DISCUSSION & CONCLUSIONS 

Our measured nerve conduction velocity is similar to other 

animals with the same mass [1], resulting in longer nerve 

conduction delays in the giraffe due to its long legs. Our 

measured electromechanical and force generation delays are 

longer than the equivalent delays in the rat [2]. Our estimated 

nerve fiber number is comparable with trends seen in smaller 

mammals [3]. These results are broadly comparable to those of 

other animals based on measured trends with size, suggesting 

that the giraffe’s sensorimotor physiology is relatively similar 

to that of other terrestrial mammals. Consequently, giraffes 

must contend with longer sensorimotor delays and limited 

resolution compared to smaller animals. 
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INTRODUCTION 
Experimental investigation of spinal cord mechanics during 
injury has typically been limited to quantifying gross spinal 
cord morphology under extraneous applied loads. While this 
approach has been varied and utilized many times over the 
past decades, it is readily acknowledged that an appreciation 
for how the internal elements of the spinal cord deform, would 
provide a more appropriate perspective of the mechanical 
stimuli that causes acute spinal cord injury (SCI). In order to 
accomplish this, a novel, displacement-controlled, MR-
compatible rig was designed, that is able to induce specific, 
repeatable spinal cord injuries in vivo, in a rat model, within 
an MR scanner. In this study, an image processing method 
was developed to quantify the deformation of the in vivo rat 
spinal cord during an acute SCI event. The processing method 
was evaluated for accuracy against a ‘gold-standard’ measure, 
and also evaluated for versatility, by employing the method 
across a number of varying SCI events. 
 
METHODS 
Animals (n=24) were anesthetized and inserted into a test rig 
to facilitate MR-imaging of the spinal cord. One set of MR 
images was acquired in the ‘uninjured’ state (7T Bruker-
Biospec, Germany; T2-echo, 140x140um in-plane resolution, 
0.5mm slice thickness). Then, an acute SCI was induced in the 
animal at the C5/6 cervical spine level, through a pneumatic 
actuator triggered from outside of the MR machine and 
sustained for the duration of the following MR scan (~30min). 
Four different ‘types’ of acute SCI could be induced: a light 
(n=6) or severe (n=6) contusion injury1, or a light (n=6) or 
severe (n=6) dorsal dislocation injury1. Once the injury was 
induced, another MR scan was performed to image the injured 
spinal cord. The ‘pre-injury’ and ‘injury’ MR image data sets 
were used as inputs to an image registration algorithm (Insight 
Segmentation and Registration ToolKit, ITK, US National 
Library of Medicine) that was constructed to compute the 
deformation field that represented the motion that the spinal 
cord must undergo during injury. The registration process 
consisted of rigid, affine and deformable transformations, 
effected by the use of optimization metrics. The output of this 
process is a deformation field that maps every pixel from the 
‘pre-injury’ image set to their respective locations in the 
‘injury’ data set. To evaluate the accuracy of this image 
processing algorithm, a validation study was performed that 
employed a ‘gold-standard’ method of measuring soft tissue 
motion. Aluminum oxide beads (~120um diameter, Brace 
GmBH, Germany) were injected into pre-determined positions 
in fixed, fresh cadaveric spinal cords that underwent one of the 
four aforementioned SCI injuries (n=4x3=12) with the same 
MR imaging methods performed. In this cadaveric model of 

SCI, the motion of the beads due to the injury could be 
calculated by comparing the ‘pre-injury’ and ‘injury’ locations 
of the beads. The image registration algorithm was then run on 
these data sets, and the portion of the deformation field that 
corresponded to the location of the injected beads was 
compared to the actual measured motion of the beads. An 
error measure encompassing the discrepancy between the 
actual 3D bead motion and the predicted motion was then 
ascertained. 
 
RESULTS AND DISCUSSION 
MR specimen data (example – Figure 1) is currently being 
analyzed and processed with the aforementioned image 
registration process. Qualitatively, the image processing 
algorithm appears to compare well with the measured motion 
of the injected markers, suggesting that validation of this 
image processing method is possible. Although deformation 
fields are obtainable from the in vivo experiments, a validation 
measure is required to ensure that the produced results are a 
true representation of how the spinal cord deforms during 
these induced injuries. 
 
CONCLUSIONS 
Measurement of in vivo, soft tissue deformation using image 
analysis methods would be of great importance to the study of 
SCI. The very sensitive and inaccessible nature of the spinal 
cord environment would make a non-invasive, deformation 
measurement technique very valuable to future studies. 
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Figure 1:  In vivo MR images of the rat spinal cord just 
rostral from the injury epicenter. Left – natural spinal cord; 
Right – spinal cord due to dislocation injury. 
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INTRODUCTION 

Fatigue has been shown to influence motion 

strategies and the subsequent compensations may 

lead to an increased risk of musculoskeletal disorders 

and injury [1].  Lifting tasks are complex and multi-

segmented, and relative phase has been successful in 

quantifying inter-joint coordination [2].  Relative 

phase is unique in its ability to consolidate proximal 

and distal segment displacement and velocity into a 

single measure [3].  This study examined the changes 

in relative phase as a measure of coordination during 

a prolonged repetitive lifting task.   
 

METHODS 

Thirty-one healthy participants (16 males/15 females; 

mean age 24 years, height 172cm, weight 72kg) were 

recruited from the university student population.  The 

participants performed a repetitive symmetric lifting 

task at a rate of six lifts per minute for 75 minutes. 

The task involved lifting and lowering a crate, 

weighing 10% of their maximum lift capacity (mean 

box weight 12.4kg), from floor to shoulder height.  

Pre and post static shoulder and back maximum 

voluntary exertions (MVEs) were recorded to provide 

an indication of global back and shoulder fatigue.  

Trunk motion and upper extremity motion (bilateral 

shoulder and elbow movement) were recorded using 

an electromagnetic tracking system (Polhemus 

Liberty Latus, Vermont, USA), with sensors placed 

over the sacrum and C7 and T8 vertebrae, as well as 

the hand, forearm and upper arm. Motion data was 

recorded for 3 consecutive lifts at the beginning of 

the protocol and again at the end of the lifting 

session.   
 

Coordination of the upper extremity, forearm and 

upper arm, and the trunk was assessed through 

relative phase. All relative phase waveforms were 

time normalized to 101 time points.  Principal 

Component Analysis was used to extract essential 

modes of variation with a one-way repeated measures 

ANOVA used to determine differences between the 

pre-fatigue (initial lifts at beginning of session) and 

post-fatigue (final lifts at end of lifting session) 

relative phase waveforms. 
 

 

 

 

 

RESULTS and DISCUSSION  

There was a significant decrease (p<0.01) in the pre-

post shoulder and back MVE measures, indicating 

fatigue.  The upper arm relative to the trunk segment 

was the only relative phase to show significance 

between early and late phase lifting waveforms. The 

first principal component (PC1) was significant in 

explaining 88% of the overall expected variance (p= 

0.019). PC1 loaded high around 40% and 65% of the 

relative phase curves (Fig.1).  Throughout prolonged 

lifting, trunk extension leads the lifting motion.  At 

40% of the lift, there is a difference in the relative as 

shoulder flexion moves towards being more in-phase 

with trunk extension at a quicker rate. The increased 

rate of movement towards being in-phase between 

the arms and the trunk continues through 

transitioning of the box from being lifting up to being 

moved out towards shelf placement (65% of the lift).  

The final stage of box placement illustrates a similar 

pattern in both early and late lifting as the arms and 

trunk move towards being in-phase as the end range 

of motion for box placement is achieved. 
 

 
Figure 1: PC1 loading curve illustrates significant 

difference in upper arm and trunk relative phase for 

early and late lifting curves. 
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INTRODUCTION 

Manual materials handling, specifically lifting, and the 

link to musculoskeletal disorders and injury has been 

previously investigated; however, the mechanisms of 

injury remain unclear [1].  The effects of fatigue on 

motion patterns have suggested a compensatory shift 

toward a more biomechanically compromising but less 

physiologically demanding motion [2,3]. This study 

investigated the differences in lifting motion strategies 

as a result of general global fatigue, and joint specific 

shoulder and back fatigue. 
 

METHODS 

Thirty-one healthy university students (16 males and 15 

females; mean age 24 years, height 172 cm, weight 72 

kg) were recruited to complete three lifting sessions: 

general (global) fatigue, back specific fatigue and 

shoulder specific fatigue.  The lifting task used in pre-

post lifting assessment and the general protocol  

involved lifting and lowering a crate, weighing 10% of 

their maximum lift capacity, from floor to shoulder 

height at a rate of six lifts per minute.  Pre and post 

static shoulder and back maximum voluntary 

contractions (MVCs) were recorded to provide an 

indication of global back and shoulder fatigue. The 

general fatiguing protocol required participants to lift 

continuously for 75 minutes, the specific fatigue 

protocols required 5 minutes of lifting pre and post to 

the fatiguing protocol.  The back specific fatiguing 

protocol consisted of a modified Biering Sorensen test, 

ten second horizontal back extension hold with five 

seconds rest between repetitions to fatigue.  The 

shoulder specific fatiguing protocol consisted of a 

repeated seated mock lift at a rate of thirty lifts per 

minute from hip to shoulder height to fatigue, using a 

weight 40% of the shoulder MVE.  Trunk motion and 

upper extremity motion (bilateral shoulder and elbow 

movement) were recorded using an electromagnetic 

tracking system (Polhemus Liberty Latus, Vermont, 

USA), with sensors placed over the sacrum and C7 and 

T8 vertebrae, as well as the hand, forearm and upper 

arm, bilaterally.  

Processing and analysis of the kinematic data included 

determination of joint centers and joint angles, 

extraction and normalization of each lift waveform to 

101 time points.  Principal Component Analysis (PCA) 

was used to extract modes of variation and a one way 

repeated measures ANOVA was used to determine 

differences between the pre-fatigue, the general fatigue, 

the back specific and the shoulder specific fatigue states. 

 

RESULTS and DISCUSSION 

For all testing sessions there was a significant decrease 

in the shoulder and back MVEs (p<0.001), indicating 

fatigue.  Comparisons between the pre-fatigue lifting 

waveforms and post-fatigue as a result of specific 

fatiguing protocol are as follows: General Fatigue 

Protocol.  A late phase variance with an increased 

elbow flexion coinciding with an increased shoulder 

flexion during the mid-lift with decreased flexion during 

load placement and an overall trunk angle decrease was 

seen with fatigue.  These changes in motion pattern 

suggest that when globally fatigued the shoulder joint is 

limiting motion.  Shoulder Fatigue Protocol. A 

significant early and mid phase difference in the elbow 

angle coinciding with an early and late phase difference 

in the shoulder angle was found.  Shoulder angle was 

greater in the load initiation phase and decreased during 

load placement in the post-fatigue condition. The late 

phase motion of the trunk was significant with increased 

extension during load placement.  Back Fatigue 

Protocol. A transition phase variance highlighted by a 

decrease in shoulder angles was found in post-fatigue 

waveforms.  The trunk angles showed a significant 

decrease throughout the lift. 

 

CONCLUSION 
Joint specific fatigue had a different effect on lifting 

strategies than global fatigue during repetitive lifting 

tasks.  Shoulder specific fatigue led to a decrease in 

shoulder joint angles during load placement and an 

increase in trunk extension.  Back specific fatigue led to 

a decrease in trunk angles and an increase in shoulder 

motion during transition of the load.  Significant 

compensations were seen in the shoulder and trunk as a 

result of general fatigue.  The shoulder decreased 

motion during load placement and the trunk increased 

flexion throughout the entire task.   
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INTRODUCTION 
Injury causation biomechanics is used in forensic work to help 
determine the likely cause of an accident involving an injury.  
Normal human movements such as walking or running are 
very well understood and can be easily reconstructed.  
However, unique human movements, which are most typical 
for forensic cases, are not well understood nor easily 
reconstructed.  Verbal description of these movements alone 
does not help a non-scientific audience understand and 
accurately visualize the unique biomechanics involved.  In this 
paper we discuss a unique motion capture method we have 
adopted for use in our forensic work.  This motion capture 
system allows us to not only capture the unique biomechanics 
of human movement for each case, but more importantly, it 
allows us to capture movements in the exact setting where the 
accident occurred, without constraints of a laboratory or use of 
reflective markers and video tracking.  Several cases are 
presented wherein we have captured the unique biomechanics 
of human movement, and integrated these movements into 
high fidelity animations in order to accurately reconstruct the 
injury causation biomechanics.  Animations allow us to 
visually illustrate opinions about how an injury occurred, and 
are most useful when actual reconstruction of an accident 
would be unsafe and costly. 
 
METHODS  
We use a reflector-less inertial-based wireless motion capture 
(mocap) system (Xsens MVN) to recreate and digitize the 
unique human movements of interest for each specific case.  
Typically this mocap is done on location at the actual accident 
site, or at a suitable alternative site.  The forensic 
biomechanics expert serves as the “director” and instructs each 
mocap performer to recreate the movements of interest.  
Multiple data acquisition “takes” with the performer are 
acquired via proprietary data acquisition software (Xsens 
Studio).  Each “take” is also filmed via video camera for 
reference.  Afterwards, all mocap data are then exported to 
common motion capture file formats (BVH, and FBX).  
Further data manipulation or “clean up” is then completed in 
another software package (MotionBuilder, AutoDesk) in order 
to correct common acquisition errors, such as feet passing 
through the ground surface plane.  Clean mocap data files are 
then exported for use in animation software (3DStudioMax, 
AutoDesk) for further manipulation.   
 
RESULTS 
The first forensic case example is shown in Figure 1.   This 
case involves an adult woman carrying a child, walking across 
a street in the crosswalk.  The pedestrians were struck by a 
vehicle moving at approximately 45mph and were both thrown 
approximately 50 feet.  The adult had severe trauma and 

debilitating injuries and the child recovered completely.  We 
used motion capture at the actual accident site to recreate the 
biomechanics of the adult carrying a child across the street.  In 
the animation, we show the movement of the vehicle and 
pedestrians to the point of impact. 
 

   
Figure 1: Case Example 1 – Pedestrians vs. Auto.  Video 
reference (left), Motion capture (center), and Animation 
(right). 
 
The second forensic case example is shown in Figure 2.  This 
case involves an elderly man descending a stairway who fell 
near the bottom of the stairs.  He suffered a hip fracture, 
requiring surgical intervention.  We used motion capture at a 
similar stairway to capture the biomechanics of descending the 
stairs and the fall.  The animation shows the complete 
movement during decent and fall to the ground. 
 

                      
Figure 2: Case Example 2 – Fall Down Stairs. Video 
reference (left), Motion capture (center), Animation (right). 
 
DISCUSSION & CONCLUSIONS 
We have found that using our methods to recreate human 
biomechanics, which are captured at the actual accident site, 
greatly enhance the visual impact of our animations.  Since the 
data is from real human movement, the results appear real and 
natural to the viewer.  We hope others working in forensic 
biomechanics will find these same techniques useful to their 
specific cases under investigation.  
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INTRODUCTION 
Inspired by biological systems, creating artificial intelligence 
requires knowing what goals the system is trying to achieve. 
Some goals are obvious and explicit. For example, a robotic 
arm is designed to move its endpoint to a specific point in 
space because an explicit goal of human upper limb control is 
reaching the hand to an object. In contrast, it is less clear what 
the goals of lower limb control are during human locomotion 
because these are, by nature, implicit goals. Given that center 
of mass dynamics in bouncing gaits (i.e., running & hopping) 
are similar across many conditions and species [1, 2], one 
possible locomotor goal is to generate specific forces on the 
ground [3, 4]. The purpose of our study was to develop a 
methodological framework that identifies implicit goals of 
biological systems. Here, we apply the framework to testing 
the hypothesis that specific force goals are part of human 
bouncing gait control. 

 
METHODS  
Our approach for implicit goal identification was quantifying 
coordination of system elements (i.e., joint torques) in relation 
to stability of a hypothesized goal variable (i.e., force applied 
on the ground). If joint torques covaried across cycles to 
generate a consistent force, then that specific force is likely an 
implicit goal of the system. We derived a coordination metric 
(CoV) from projections of a weighted covariance matrix onto 
the null and range spaces of a unity matrix. 
 
We validated the utility of using CoV to identify goals, by 
applying it to simulated kinematics of a multi-degree-of-
freedom limb model with additive noise and a known goal. 
The joint angles were controlled through three different 
feedback controllers each of which was optimized for different 
goals: 1) stabilizing all joints equally; 2) prioritizing joint 
stabilization by its influence on endpoint position; and, 3) 
stabilizing the limb endpoint position. 
 
We also calculated CoV for human hopping to experimentally 
test whether net (left+right) force was an implicit goal. Lower 
limb kinematics and ground reaction forces of 10 healthy 
adults were recorded by a motion capture system (Vicon) and 
force plates (AMTI). Subjects gave informed consent and 
hopped in place on their right leg paced by a metronome (2.2 
Hz). In addition, subjects hopped in place on both legs. Joint 
torques were calculated via inverse dynamics and compared 
between the two conditions. If net force were an implicit goal 
as hypothesized, then three joint torques would be coordinated 
to stabilize the right limb force during one-legged hopping, but 
not during two-legged hopping. Instead of individual limb 
force stabilization, we hypothesized that two-legged hopping 
should involve net force stabilization through the interlimb 
coordination of six joint torques.  
 

RESULTS 
As expected, CoV was positive only for the modelled limb 
controller that was optimized for endpoint stabilization, thus 
validating the use of CoV to quantify joint-level coordination 
for endpoint-level stabilization. 
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Fig 1. Force stabilization through joint torque coordination 
during (a) 1-legged and (b) 2-legged hopping. Positive CoV 
values represent force stabilization (blue bars indicate 
significantly positive CoV values, P < 0.05, n=11). 
 
For experimental data of one-legged hopping, CoV was 
significantly greater than zero only for mid-stance (Fig. 1A, P 
< 0.05). For two-legged hopping, however, force stability of 
an individual limb was not significantly greater than zero (Fig. 
1B-C). In contrast, total vertical force stability of both legs 
considered together (i.e., net force) was significantly greater 
than zero during mid-stance (Fig. 1D). The net force stability 
signature of two-legged hopping was qualitatively similar to 
that of the stability signature for one-legged hopping. 
 
DISCUSSION & CONCLUSIONS 
By quantifying joint torque coordination and comparing 
results from experimental manipulations designed to rule out 
alternative explanations of joint torque covariation, we showed 
that net force generated on the ground during mid-stance is 
likely an implicit goal of human bouncing gaits. By further 
examining coordination of elements within the biological 
locomotor system, other biomechanical goals may be 
identified that can then be mimicked in legged robots for 
successful biomimetic control. 
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INTRODUCTION 
A strategy for the forward dynamic simulation of forearm 
motion is presented. The mathematical model consists of a one 
degree of freedom segment representing the forearm and hand 
along with seven elbow muscles, including four flexors: 
Brachioradialis (BRD), Biceps Long Head (BICLH) and Short 
Head (BICSH), Brachialis (BRA), and three extensors: Triceps 
Long Head (TRLH), Medial Head (TRMH)  and Lateral 
(TRLT). The goal is to solve the muscle redundancy problem 
during a desired periodic motion to simulate the contribution 
of each individual muscle. Different objective functions are 
studied for comparison. 

METHODS  
Muscle models are Hill-type including three elements where 
activation and contraction dynamics have been considered 
within the contractile element [1]. Muscle moment arms are 
assumed to be constant during the course of motion [2]. 
Desired motion for the elbow angle is defined as a Gaussian 
distribution function where state values in the beginning and at 
the end are zero and the maximum of 120 deg occurs exactly 
in the middle. Each muscle neural excitation is parameterized 
by a 3rd-order spline as a function of time. The model is 
implemented in MapleSim® software for maximum efficiency 
and the highly efficient code is then exported to MATLAB for 
optimization. The optimization process finds the coefficients 
of the splines that minimize the objective function, which is 
defined as a linear combination of a physiological cost 
function and motion tracking error, as follows: 
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with the system dynamics ( ) ( , , )x t f x u t=  where ( )x t is the 
state vector and the control signal ( )u t is the vector of muscle 
excitations. The objective functional J includes two cost 
functions: a time-integral of a polynomial function of 
activation states, ai, and a tracking error term; index i refers to 
the muscle number. T is the motion period and p is an 
exponent for the activations that is 1, 2, 3 or 10 in four 
different groups of objective functions. Ni defines the share of 
each muscle in the first objective function; in one case Ni are 
set to 1 and in another case, Ni are muscle volumes [3]. W1 and 
W2 are weighting factors that adjust the contributions of the 
two objective functions. The principal constraints are those on 
muscle excitations, 0 1iu≤ ≤ . The Sequential Quadratic 
Programming algorithm from the optimization Toolbox of 
Matlab® is used for solving the problem.  

RESULTS 
Eight sets of results, four different activation exponents with 
two different set of Ni each, were acquired from the 
simulations. Figure 1 depicts typical results for the case when 
p=10 and Ni are muscle volumes. In this set of results, 
excitation plots show that no constraint violation and co-
activation has occurred; in some of the other seven sets of 
simulations, co-activations were seen.   
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Figure 1: Optimal motion and muscle excitations for the case 
that p=1 and Ni are muscle volumes. 

DISCUSSION AND CONCLUSIONS 
Simulation results demonstrated that spline parameterization is 
a suitable choice for muscle excitations in periodic motions; 
however it involves high computation time. Convergence 
study on the order of the parameterization splines, the number 
of discretization windows and on the optimization itself is 
crucial in these studies. 

REFERENCES 
[1] van Soest A.J. et al., 1993, The contributions of muscle 

properties in the control of  explosive movements, 
Biological Cybernetics, 69 (3), 195–204. 

[2] Murray W.M. et al., 2000, The isometric functional 
capacity of muscles that cross the elbow, Journal of 
Biomechanics, 33, 943-952. 

[3] Ackermann M. et al., 2010, Optimality principles for 
model-based prediction of human gait, Journal of 
Biomechanics, 43, 1055-1060. 



ESTIMATING METABOLIC COST FROM EMG 

 

Ollie M Blake, Jarrett J Lum, James M Wakeling 

Biomedical Physiology & Kinesiology, Simon Fraser University, Burnaby, Canada, omb@sfu.ca 

 
INTRODUCTION 

Metabolic rates can increase 12 and 21 times above resting 

levels in untrained and trained cyclists respectively [1]. The 

majority of this increase can be attributed to the energy 

demand from leg muscle contractions. This in turn affects 

muscular efficiency since the coordination and timing of leg 

muscle activation is reflected in the mechanical work and 

power output of the cyclist [2].   

 

When analyzing mechanical efficiency in cycling the 

metabolic costs have been estimated through oxygen/ carbon 

dioxide exchange [3] where the energy utilized by the working 

leg muscles reflects the changes in oxygen consumption (VO2) 

[4]. Gas exchange measures of metabolic work are unable to 

resolve the metabolic cost on a cycle by cycle basis during 

rapid pedalling, although we know that cycle-by-cycle 

changes in activity affect the cycling efficiency [2].  

 

Studies have compared electromyography (EMG) from the 

vastus lateralis to VO2 and found both linear and non-linear 

relationships [5]. Recently, we showed a significant monotonic 

increase in metabolic power associated with increased EMG 

intensity using ten leg muscles while cycling [6]. The purpose 

of this study is to improve the predictions of metabolic cost 

based on EMG, and to determine how much information about 

metabolic power can be derived from the EMG.  

 

METHODS  

Periods of three-minute steady state cycling were performed at 

ten evenly spaced workloads between 30 and 90% of the 

power output at maximum VO2. Surface EMG from ten leg 

muscles as well as oxygen and carbon dioxide gas exchange 

were monitored throughout the test.   

 

The EMG was resolved into intensities (IEMG) [7]. Total EMG 

intensity (Itot) was given by the sum of IEMG across all muscles 

for each pedal cycle and normalized for each muscle by 

intensities attained during a dynamic sprint test completed at 

the beginning of the test. Metabolic power was estimated from 

the gas exchange data for each breath and the mean Itot 

between breaths was used to acquire a Itot value per breath. 

Cross correlation was used to identify the highest correlation 

between Itot and metabolic power assuming there is a delay 

between the EMG signal and subsequent oxygen consumption. 

 
RESULTS AND DISCUSSION 

The correlation was highest with a mean delay in metabolic 

power of 44 seconds across all workloads (r=0.89; Figure 1). 

This delay is consistent with previously recorded on-transient 

pulmonary oxygen uptake response times during cycling [8]. 

The correlation was an improvement on the correlation found 

previously (r=0.86; [6]), with the major differences in 

methodology being the normalization of the EMG, and the 

time offset between the EMG activity and the gas exchange 

measures of metabolic power. 

 

It is reasonable to suggest that larger muscles can place a 

greater metabolic load on the body than smaller muscles. It is 

thus possible that weighting the EMG intensities by the muscle 

volume may further improve the relationship between EMG 

and metabolic power. 

 

This study shows that Itot across ten leg muscles is a reasonable 

estimate of metabolic power at workloads where VO2 would 

traditionally be used (predominantly aerobic). This is an 

important finding as it allows for estimates of metabolic cost 

on a cycle-by-cycle basis using EMG. This approach will 

make possible future studies that relate changing coordination 

patterns with cycling efficiency. Furthermore, these methods 

may also provide valuable information at predominantly 

anaerobic workloads as muscle activity does not discriminate 

the energy source.  

 

 
 

Figure 1: Total EMG intensity across 10 leg muscles versus 

metabolic power on a breath-by-breath basis. 
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INTRODUCTION 

Femoroacetabular impingement is an abnormal bony contact 

of the femur and acetabulum which leads to reduced range of 

motion and soft tissue damage. This pilot study aims to 

investigate in vivo hip kinematics for healthy subjects under 

weight-bearing conditions based on magnetic resonance 

imaging (MRI). The developed processing method will be 

used for the assessment of FAI patients. 

 

METHODS  

A normal subject was scanned in both a lying position in a 

standard clinical 3T MRI scanner to obtain a high resolution 

image of the subject's femur and pelvis and in a weight-

bearing sitting configuration in an open MRI machine to 

obtain low resolution images of the hip joint. To test 

repeatability, four scan cycles were obtained with the subject 

being removed and reinserted in the Open MRI scanner 

between cycles. In each cycle, a block was inserted (up 

position) and removed (down position) under the subject's foot 

while they are seated. Figure 1 shows the subject sitting in the 

Open MRI scanner and the corresponding high and low 

resolution MRI images of the hip joint. 

 

In order to measure the joint angle in different postures, we 

segmented the high resolution and low resolution MRI images 

to produce cubic images of the hip joint. The images of the 

femur and acetabulum from high resolution scans were 

registered to the images of femur and acetabulum from low 

resolution scans respectively using the versor rigid 3D 

transformation registration method in the ITK toolbox. The 

acetabulum models from the different images were aligned 

and the angles of hip joint were computed. 

 
RESULTS 

Table 1 shows the registration results of femur and acetabulum 

for four cycles.  The mean relative flexion angle at the up and 

down positions are 33.9° and 23.4°, the mean difference in the 

relative flexion angle between the up and down positions is 

10.5°.  

 

 

 
 

Figure 1: Open MRI configuration for sitting position (left). 

Corresponding high resolution (top) and low resolution 

(bottom) MRI images of the hip joint.  

 

DISCUSSION & CONCLUSIONS 

Our results are similar to those found by Yamamura et al. [1] 

in which the mean femoroacetabular angles in the sitting 

straight position were (55.1,4.8,1.0)° (flexion, adduction, 

internal rotation). Since there is no direct support at the back 

of the subjects, the pelvis tends to lean back, which produces 

smaller flexion angles. Our processing and registration method 

produces plausible measures of the femoroacetabular angles.  

The repeatability of the absolute femoral angle is very good 

(SD < 1°), but the repeatability of the acetabulum position is 

worse with a SD > 4° in some positions.   
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Table 1: The hip joint angles in sitting posture, degrees in flexion/adduction/internal rotation. 

Cycle 
femur acetabulum femoroacetabular angles (relative) 

up down up-down up down up-down up down up-down 

1 86.1/6.0/ -1.9 72.5/9.0/-5.4 13.6/-2.9/3.5 51.5/-5.4/3.5 50.2/-4.3/1.6 1.2/-1.2/2.0 34.6/11.5/-5.4 22.3/13.2/-7.0 12.3/-1.8/ 1.6 

2  84.1/6.1/-2.1 71.6/9.2/-4.4 12.6/-3.1/ 2.3 54.6/-4.7/4.1 53.3/-4.2/ 2.4 1.2/-0.5/1.7 29.6/10.8/-6.1 18.2/13.5/-6.8 11.3/-2.6/ 0.7 

3 85.3/6.1/-2.4 71.7/9.7/-4.0 13.6/-3.6/1.5 48.1/-3.7/3.6 43.2/-4.4/-1.2 5.0/0.7/4.7 37.2/ 9.9/-6.0 28.6/14.1/-2.8 8.6/-4.2/-3.2 

4 85.9/6.4/-3.3 72.2/9.9/-4.0 13.8/-3.5/0.7 51.7/-6.5/3.7 47.6/-4.8/1.0 4.2/-1.7/2.8 34.2/12.9/-7.0 24.6/14.7/-5.0 9.6/-1.8/-2.0 

mean 85.4/6.1/-2.4 72.0/9.4/-4.4 13.4/-3.3/2.0 51.5/-5.1/3.7 48.6/-4.4/0.9 2.9/-0.7/2.8 33.9/11.3/-6.1 23.4/13.9/-5.4 10.5/-2.6/-0.7 

std 0.9/0.2/0.6 0.4/0.4/0.7 0.6/0.3/1.2 2.6/1.2/0.2 4.3/0.3/1.5 1.9/1.0/1.4 3.2/1.3/0.7 4.3/0.7/1.9 1.7/1.2/2.2 
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INTRODUCTION 
The objective of this study is to investigate both roles of the 

cruciate ligaments and the menisci in the knee joint response 

under anterior femoral displacement at full extension without 

any applied load. The following four cases are studied: case 

(1): Menisci Intact with fixed axial rotation or (2) free, case 

(3): Menisectomy with fixed axial rotation or (4) free. Tibial 

cartilages contact forces are studied in all previous cases. 

Previous studies investigated ligaments’ response to anterior 

femoral displacement in intact and unilateral menisectomy 

models but not complete menisectomy at full extension in free 

and fixed axial rotation as presented in this study.  
 

METHODS  

A Finite Element knee joint model which was previously 

validated in axial compression testing was used to conduct this 

study. The model was created based on MRI scans of the right 

knee of a 45 year old male (70 kg weight) which were used to 

extract the 3D geometry of the knee joint model. The 3D 

geometry of the knee skeletal model was built using Mimics 

software before exporting it to Abaqus for inputting  material 

property, meshing, boundary conditions and load definition. 

Articular cartilages and menisci were considered to behave as 

linear elastic isotropic as reported in the literature [1]. 

Ligaments were modeled as springs which have an elastic 

nonlinear behaviour [2]. Since bone stiffness is much higher 

than the soft tissues, bones are modeled as rigid bodies 

represented by a reference node. Only tibio-femoral joint is 

considered in this study. Menisci and cartilages were meshed 

with 8 node hexahedron elements. Bony structures were 

meshed with tetrahedral elements to save computational time 

since no stress output was required from them. Frictionless 

non linear contact with finite sliding was assumed in all 

articulations. Tibia and Fibula were fixed in all D.O.F. An 

anterior displacement of 2 mm [3] was applied to the Femur 

with fixed or free axial rotation. 
 

RESULTS 

Results showed that the Posterior Cruciate Ligament (PCL) is 

the main cruciate ligament resisting the anterior displacement 

of the femur which agrees with previous literature [4]. In the 

menisci intact models, total PCL forces at full extension were 

(35N) and (52N) for fixed and free axial rotations, respectively 

(within range with previous studies [2,4]) while in the 

menisectomized models, much higher PCL forces were 

noticed (113N) and (124) for fixed and free axial rotations, 

respectively (Figure 1). Force components were much higher 

when axial rotation was left free as PCL resists external 

rotation. Higher contact force resulted on the medial cartilage 

than its corresponding lateral cartilage in all cases, which 

agrees with previous studies [5] that medial compartment is 

the main resistant in case of femoral anterior displacement. 

Contact forces were much higher in the case of menisectomy 

in both cases (Table 1). No difference was noticed in Anterior 

Cruciate Ligament (ACL). 

        

  
Figure 1: PCL forces vs. femoral anterior displacement (Inset: 

menisectomized and intact knee models) 
 

DISCUSSION AND CONCLUSIONS 

Menisci plays main role in providing substantial resistance to 

anterior femoral drawer to prevent joint collapse. In both 

conditions of  menisectomy (fixed and free rotations), more 

PCL forces resulted due to higher ligament stress to maintain 

joint stability as no load is shared by the menisci. In intact 

models, the difference was not substantial. Higher contact 

forces on the tibial cartilages resulted in both menisectomy 

conditions due to absence of shock-absorption role of the 

menisci, which is the main cause of cartilage degeneration as 

reported in [5]. Clinically, meniscal preservation becomes a 

priority in treatment to avoid disruption in the knee function 

and cartilage degeneration. If meniscal excision becomes 

absolute necessary in case of severe damage, clinical doctors 

are encouraged to use allograft or autograft meniscal 

transplantation [5] to maintain the knee function and avoid 

future PCL injury. 
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Table 1: Contact pressure forces on tibial cartilages. 

 

 Rotation Fixed Rotation Free 

Intact 0.5 MPa 0.85MPa 

Menisectomy 1 MPa 1.15MPa 
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INTRODUCTION 

Human cadaveric spines are used to study the biomechanics of 

the intact spine, effects of surgical procedures and medical 

devices. The high degree of inter-specimen variability in 

cadaveric tissue can complicate these studies and require large 

populations to achieve significance as well as be costly and 

difficult to obtain and handle [1].  

 

Synthetic mechanical analogs to long bones have been used 

for various biomechanical studies [2,3]. Pacific Research 

Laboratories (PRL) has recently developed synthetic spines 

models (L2-L5) for use in biomechanical testing. The 

synthetic spine models consist of polyurethane foam vertebral 

bodies connected with intervertebral discs, ligaments and facet 

capsules consisting of various polyester/urethane polymers. A 

synthetic L3-L4 functional spine unit was previously validated 

against L3-L4 human motion segments [4]. The purpose of 

this study was to evaluate and compare the biomechanics 

between human cadaveric and synthetic spine models. 

 

METHODS  

Five synthetic L2-L5 spine models were subjected to pre-

conditioning and then by three cycles of pure bending 

moments (±10 Nm) in flexion/extension (FE), lateral bending 

(LB) and axial rotation (AR) using a multi-axis spine 

simulator (Applied Biomechanics Laboratory, University of 

Washington) [5]. Nine fresh frozen human L2L5 lumbar 

spines (mean age 65.5 yrs, max 75 yrs, min 48 yrs) potted in 

PMMA were subjected to the same pure bending moment 

protocol. A Vicon MX13 Camera motion tracking system 

(Vicon Motion Systems, Los Angeles, CA) recorded kinematic 

data. The third cycle of each test was analyzed using Matlab 

(MathWorks, Natick, MA).   

 
RESULTS 

The averaged moment-angle curves for the synthetic and 

human motion segments were plotted along with ± 1 standard 

deviation of the human curves (Figure 1). The synthetic spine 

models generally fit the human motion corridors for the 

inferior lumbar levels (L3-L4 and L4-L5). The L2-L3 

synthetic model, although similar in stiffness to lower 

synthetic levels, fell outside the human corridors for all axes.  

Synthetic L3-L4 levels matched the stiffer limit of the human 

range for L3-L4 levels for all axes. Synthetic L4-L5 levels fell 

closer to the mean of the human range for L4-L5 levels for all 

axes. The motion of the entire synthetic model (L2-L5) 

matched the human range reasonably well. However, the 

shape of the moment-angle curves for the synthetic models 

was linear in flexion unlike the more typical sigmoidal shaped 

human curves (Figure 1). In extension, LB, and AR the 

synthetic models did exhibit a more sigmoidal moment-angle 

relationship. 

 
Figure 1: Average Moment-Angle curves from Human and 

Synthetic Spine Models and confidence bounds of ±1Human 

standard deviation for FE. 

 

DISCUSSION & CONCLUSIONS 

The inferior synthetic spine models were better matched to 

human specimens than the superior L2-L3 levels. This likely 

resulted from the same target properties and manufacturing 

process being used for each of the synthetic discs 

Nevertheless, the overall biomechanical behaviour of the 

synthetic models matched the human biomechanical behaviour 

relatively well due to the cumulative effect of the synthetic 

levels matching two of the three human levels. Future 

evaluation will include compression and shear testing. 
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INTRODUCTION 

Human movement variability is the variation of a motor 

performance across multiple repetitions of a task. In recent 

years movement variability has been analysed with respect to 

injury and performance. For example, a low variability in joint 

segment coupling of the knee joint has been associated with 

patellar femoral pain syndrome [1].  

Studies analysing the variability in running usually focus on 

time dependent one dimensional variables such as the step 

frequency or the step length [2]. The step length is the result of 

the coordinated movement of the limbs and therefore an 

analysis of the whole movement would provide further insight 

for the origin of the variability. A comprehensive approach, 

combining the whole body movement can provide further 

insight to movement control. The purpose of this paper is to 

use a comprehensive approach to analyse the whole body 

movement of running with respect to variability.  

 

METHODS  

Ten healthy male recreational runners (age 25.4 ± 5.4 years, 

mass 75.8 ± 11.3 kg, heights 180.8 ± 5.1 cm, 10k running time 

= 54.1 ± 7.4 minutes, mean and standard deviation (SD)) 

performed treadmill runs at five different speeds (1.3m/s, 2.2 

m/s, 3.1 m/s, 4.0 m/s and 4.9 m/s). All speeds were performed 

for 40 seconds for which the last 30 seconds were recorded. 

Kinematic data were collected at 240 Hz using 47 reflective 

markers with an eight camera motion capture system (EVaRT, 

Motion Analysis Corp, Santa Rosa, CA).  

The marker data were analysed with a principal component 

approach (PCA) [3] in order to identify the principal 

movements (PMs) of running. The first three PMs explaining 

95% of the running movement as well as the general 

movement defined by the first 12 PMs (explaining 99% of the 

movement) were analysed.  

The coefficient of variation (CV) for each subject and each 

PM was calculated. The mean and standard error of the CVs 

for different speeds were tested for significant (α = 0.05). 

 

RESULTS 

The average 10k speed for the runners was 3.0 ± 0.4 m/s. The 

CV within the preferred movement was smallest for 3.1m/s. 

The preferred movement was split into the horizontal 

movement in the frontal plane (1
st
 PM) of the limbs, heel lift 

(2
nd

 PM) and centre of mass movement (3
rd

 PM).  CV for the 

1
st
 PM did not show any difference with speed. In the 2

nd
 PM 

the CV was lowest for 3.1m/s. CV for the 3
rd

 PM decreased for 

higher speed. 

 

DISCUSSION AND CONCLUSIONS 

A minimum of the CV in the preferred movement was found 

close to the 10k running speed. The minimum of the preferred 

movement could be explained by the U-shape of the CV for 

the heel lift, while the reduced CV of the centre of mass 

movement shifts the minimum slightly to the right.  

 

 
Figure 1: Coefficient of variation for the general movement 

the horizontal movement of the limbs in the frontal plane (1
st
 

PM), the heel lift (2
nd

 PM) and centre of mass (3
rd

 PM) 

movement (mean and standard error). Bars indicate significant 

differences between speeds. 

 

The U shape of the CV for the general movement may be 

explained by the system dynamic theory [1]. According to this 

theory the variability is smallest for the most trained 

movements. With increased running speed the centre of mass 

movement may approach physical constraints, which would 

explain the reduction in variability for higher speed in the 3
rd

 

PM. Interestingly the movement responsible for the forward 

motion (horizontal movement) maintained a constant 

variability across running speeds.  

Non-linear analysis of the time dependent PMs should be 

performed to identify central control mechanisms for the 

whole body movement. 
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INTRODUCTION 

The challenging nature and high incidence of trips and falls in 

the elderly during stair negotiation has led to numerous 

research studies investigating lower extremity biomechanics in 

older adults [1]. Stair descent has been shown to yield greater 

impact peak ground reaction force (GRF), and greater peak 

knee internal abduction moment compared to stair ascent and 

level-walking [2,3]. Changing the step width (SW) during stair 

walking could change the direction of the GRF vector relative 

to the lower extremity joints and, may alter frontal plane joint 

motion. The purpose of this study was to examine the effects 

of increased SW on GRF and lower limb joint motion in 

healthy older adults during stair descent. 

 
METHODS  

Eight healthy older men (52.1 ± 7.4 years, 75.7 ± 10.0 kg, 1.75 

± 0.09 m) were recruited for the study. A motion analysis 

system (240 Hz, VICON) was used to obtain the three-

dimensional lower limb kinematics during testing. An 

instrumented 3-step staircase (FP-stairs, AMTI) mounted 

independently to two force platforms (1200 Hz, AMTI) with 

two additional customized wooden steps (4
th

 and 5
th

 steps) was 

used to collect GRF data during stair descent trials. 

Participants performed five stair descent trials at their pre-

established self-selected speed at self-selected, wide, and 

wider SW. Participants were asked to step on tape marks on 

each step to control their SW. The wide and wider SW were 

normalized to 26% and 39% of leg length, respectively. 

Kinematic and GRF data were filtered using a 4th-order 

Butterworth low-pass filter with a cut-off frequency of 8 Hz 

[4].  GRF and internal joint moments were normalized to body 

weight and mass, respectively. A one-way repeated measures 

analysis of variance (ANOVA) was performed for selected 

variable to detect any differences between the three SW (19.0, 

SPSS). The alpha level was set at 0.05. 

 

RESULTS 
The average stair descent speed for all participants was 0.61 ± 

0.03 m/s. The calculated SW confirmed that participants did 

increase their SW from normal to wider SW (Table 1). 

Loading rate of impact peak vertical GRF and peak medial 

GRF were greater with wider SW compared to normal and 

wide SW. Peak ankle eversion angle was reduced with 

increasing SW and peak ankle inversion moment was smaller 

in wider SW compared to normal and wide SW.  Peak hip 

adduction angle was greater in wider SW while peak hip 

abduction moment was smaller in wider SW compared to 

normal and wide SW.   

 

DISCUSSION AND CONCLUSIONS 

The greater peak medial GRF and ankle eversion angle 

provide an explanation for the smaller ankle inversion moment 

in wider SW.  The greater peak medial GRF suggest that the 

frontal plane GRF vector (sum of vertical and medial GRF 

vectors) is shifted more medially to reduce the laterally 

directed frontal plane peak GRF and thus, the ankle inversion 

moment. The greater vertical loading rate coupled with 

reduced ankle moment may suggest that the rapidly generated 

vertical GRF is less attenuated at the ankle joint in the wider 

SW compared to normal and wide SW. The greater peak hip 

abduction angle in wider SW compared to normal and wide 

SW is expected as a greater step width naturally abducts the 

hip joint.  Interestingly, no significant changes were found for 

peak knee adduction and peak knee abduction moment 

between SW conditions. The small sample size, high 

variability and healthy knees of our participants may explain 

the lack of differences between SW for frontal plane knee joint 

variables. More healthy participants will be tested to increase 

sample size. Older adults with medial compartment knee 

osteoarthritis (OA) are also currently being tested to compare 

the effects of increased SW on GRF, and lower extremity joint 

variables to healthy adults during stair descent.  
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Table 1. GRF variables, and joint angles and moments (mean ± SD) for all three step widths.  

Variables Self-Selected SW Wide SW Wider SW p 

Step Width (m) 0.20±0.03 
* #

 0.23±0.02 
#
 0.34±0.03 0.001 

Impact Peak GRF (BW) 1.52±0.19 
*
 1.45±0.18 1.49±0.18 0.049 

Loading Rate (BW/s) 11.0±2.2 
* #

 10.5±2.3 
#
 11.8±2.3 0.011 

Peak Medial GRF (BW) - 0.13±0.02 
*
 
#
 - 0.15±0.01 

#
 - 0.22±0.02 0.001 

Peak Ankle Eversion (deg) - 12.6±3.2 
* #

 - 10.9±3.3 
#
 - 8.50±2.9 0.001 

Peak Ankle Inversion Moment (Nm/Kg) 0.056±0.049 
#
 0.039±0.068 

#
 0.0037±0.060 0.007 

Peak Knee Adduction (deg) 5.40±2.0 4.74±2.0 4.53±2.3 0.071 

Peak Knee Abduction Moment (Nm/Kg) - 0.79±0.13 - 0.75±0.12 - 0.74±0.15 0.127 

Peak Hip Abduction (deg) - 0.59±3.0 
#
 - 1.34±3.19 

#
 - 7.25±3.13 0.001 

Peak Hip Abduction Moment (Nm/Kg) - 1.13±0.14 
#
 - 1.12±0.09 

#
 - 1.05±0.09 0.046 

*: Significantly different than wide SW; #: Significantly different than wider SW 
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INTRODUCTION  
Positive Pressure Mechanical Ventilation (MV) is the standard 
modality of life support for critically ill patients in Intensive 
Care Units (ICU). However, delivering the required amounts 
of air using positive pressure can damage the lungs (ventilator-
induced lung injury, VILI; ventilator-associated pneumonia, 
VAP) and causes rapid atrophy of the disused diaphragm 
muscle (ventilator-induced diaphragmatic dysfunction, VIDD; 
[1]). We hypothesized that electrically pacing the diaphragm 
to assist MV with more physiological Negative Pressure 
should lead to improved respiratory mechanics, reduce 
complications and help patients wean faster from MV.  
 
METHODS 
We conducted experiments on anesthetized pigs, mechanically 
ventilated in Volume Control Mode. LungpacerTM prototype 
transvascular phrenic nerve stimulating electrodes were 
percutaneously inserted via the external jugular vein [2] and a 
proprietary system controlled the timing and intensity of 
diaphragm contractions.  
 
Initially, with the animal fully supported on MV, airway flow, 
airway pressure, esophageal pressure and gastric pressure data 
were acquired in real time, stored and analyzed off-line to 
derive the basic respiratory mechanics parameters.  
 
Subsequently, transvascular phrenic nerve pacing was started. 
Stimulation was delivered during the inspiratory phase of the 
ventilatory cycle with operator set stimulation amplitude, 
pulse width and frequency parameters. The signals specified 
above were acquired for analysis of the respiratory mechanics. 
 
RESULTS 
For every breath in which the diaphragm was paced during the 
MV inspiratory phase, a large reduction in the peak airway 
pressure was observed, when compared to every breath that 
was produced with MV alone. In the example shown in Fig. 1, 
pacing reduced the ventilator pressure by about 50%, while 
the tidal volume and airway flow remained largely unchanged.  
  
The signals were analyzed to quantify changes in respiratory 
mechanics like Work of Breathing and Pressure-Time product. 

 
Figure 1: Data from 3 breaths during MV only, followed by 3 
breaths during MV + Pacing. A substantial reduction in peak 
airway pressure occurred immediately upon pacing (arrow); 
the airway flow and tidal volume remained largely unchanged. 

DISCUSSION & CONCLUSIONS 
We show here preliminary results of combining two opposite 
ventilatory modalities with beneficial effects in the respiratory 
mechanics of breathing. In critically-ill patients subjected to 
positive pressure mechanical ventilation, the respiratory 
mechanics can be optimized depending upon the condition of 
the patient’s respiratory neuromuscular system. Such a 
therapeutic intervention will not only reduce the risk of 
ventilator induced lung injury, but also protect the diaphragm 
from rapid disuse atrophy in patients subjected to mechanical 
ventilation and sedation.  An additional benefit of pacing is in 
improving cardiovascular mechanics through the pumping 
action of the diaphragm in assisting venous return [3]. 
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INTRODUCTION 
The tolerance of the spine to bending moments is used for 
evaluation of injury prevention devices [1]. This may be 
determined through experiments using segments of the 
cadaver spine [2-3]. Preliminary experiments in our lab that 
applied rapid moment using impact demonstrated unwanted 
“artifact” moments. The aim of this study was to evaluate the 
dynamic effects of test configuration on measured moments in 
cadaver spine segment testing. Specific objectives were to 
create dynamic equilibrium equations for the loads measured 
inferior to the specimen and to experimentally verify these 
equations. 
 

METHODS  
A free body diagram was created for a spine specimen that is 
connected to testing apparatus (Figure 1). The apparatus 
consisted of potting material for fixation of the specimen, a 
source of compression loading (i.e. actuator), and a roller joint. 
The centreline of the actuator had a horizontal offset to the 
centre of the specimen, and this was defined as the eccentricity 
(e, Figure 1). A posterior eccentricity would be expected to 
result in extension moments. Motion was assumed to be in the 
mid-sagittal plane. Using planar kinetic equations of motion, 
an equation was determined for the moment measured inferior 
to the specimen at the load cell (M4): 
 

        (equation 1) 
where C1 is the compression force from the actuator, m1 and I1 
are the mass and moment of inertia of the superior mounting 
structures, ax1 is the horizontal acceleration of these structures, 
and the h2 is the vertical distance from the load cell to these 
structures. Note the appearance of the superior mounting 
structure mass that is proportional to the acceleration in this 
equation.  

 
Figure 1: Free body diagram (left) and photograph (middle) of 
the spine testing configuration. The orientation of the load cell 
outputs is shown on the right. 
 

To verify these equations, tests were performed on a rubber 
specimen that was potted in polymethylmethacrylate. The 
specimen was loaded in eccentric compression with a posterior 
eccentricity of 2.2 cm using a servohydraulic materials test 

system (8874, Instron) at dynamic (0.4 m/s) and quasistatic 
rates (5 mm/s). Loads were recorded inferior to the specimen 
using a six-axis load cell (4366, Denton ATD). A linear 
accelerometer (355B02, PCB Piezotronics) recorded 
accelerations of the superior mounting structures. To verify 
equation 1, measured and calculated moments were compared. 
 

RESULTS 
Extension moments were measured for the quasistatic test 
(Figure 2A), as would be expected for a compression force 
applied with a posterior eccentricity. For the dynamic test, 
measured moments alternated between flexion and extension 
during the initial loading phase, and extension moments were 
measured at the end of the loading phase (Figure 2B). 
 

 
A                                        B 
Figure 2: Measured and calculated moments at the load cell 
for the quasistatic (A) and dynamic (B) tests. The three terms 
of the calculated moments are also shown. For the quasistatic 
case, the curve for the compression term overlies the 
calculated moment curve. 
 

Calculated moments were similar to the measured moments 
(Figure 2). In the quasistatic test, the compression term 
dominated the calculated moment (Figure 2A), while in the 
dynamic test, the linear acceleration term dominated (Figure 
2B). 
 

DISCUSSION & CONCLUSIONS 
Moments in spine segment testing can be significantly altered 
from those intended due to apparatus mass and geometry. In 
order to minimize inertial effects on moments, the mass of the 
superior mounting structures and the vertical distance from the 
point of load measurement to the centre of mass of these 
structures should be minimized.  
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INTRODUCTION 

In the past decade, the field of single-molecule mechanics has 

grown rapidly, and through the use of techniques such as 

atomic-force microscopy (AFM) and optical tweezers, much 

has been learned about the molecular mechanisms responsible 

for mechanical response [1]. In spite of this, there have been 

few studies relating mechanical response across a range of 

hierarchies, in order to relate molecular-level mechanics to 

mechanics at higher levels of structure. We are taking a 

systematic approach to this problem, by developing optical 

tweezers instruments capable of probing protein mechanics at 

various levels of assembly, and by focussing our studies on 

collagen, for which we have developed a recombinant 

expression system. Collagen undergoes hierarchical assembly, 

from isolated triple-helical molecules to fibrils to higher-order 

structures found in connective tissues, allowing us to isolate 

and probe mechanics at different levels of structural assembly.   

 

METHODS AND INTERPRETATION 

Type I collagen is obtained from rat tail (Cultrex Invitrogen). 

Type II procollagen is obtained recombinantly from HT1080 

cells, providing procollagen devoid of crosslinking and age-

related modifications found in tissue-derived samples. 

Cloning, expression and purification of type II procollagen are 

performed as described [2]. Specific labelling of proteins and 

microspheres to enable single-molecule stretching experiments 

(Fig. 1a) is performed as described [2]. 

 

Stretching experiments are performed using our single-beam 

optical tweezers instrument [2]. As shown in Fig. 1a, a focused 

laser beam provides a harmonic potential in which refractive 

objects sit, allowing for trapping and manipulation of micron-

sized refractive particles and measurement of forces acting on 

them through F=-k∆z, where k is the precalibrated trap 

stiffness. From measured force-extension curves (akin to 

stress-strain curves on materials), we derive the molecular 

flexibility and stiffness of collagen. Our preliminary results 

indicate procollagen to be much more flexible than found in 

solution-based studies of collagen, and similar to previous 

single-molecule stretching studies of procollagen [3]. Current 

experiments are designed to determine whether these 

differences arise from mechanical contributions of the globular 

propeptide ends flanking the triple-helical collagen. 

 

We also use optical tweezers to perform microrheology studies 

on collagen in solution (Fig. 1b), probing the local complex 

shear modulus G*(ω) and how it is altered by collagen 

sequence and during assembly into fibrils.  Here, the 

bandwidth of our position detection (>10 kHz) allows the 

study of viscoelastic response at short (< msec) timescales, 

providing information on the strength of transient interactions 

between neighbouring collagen chains.  

a. b. c.  

Figure 1: Schematics of: a. A collagen molecule stretched 

between two microspheres, one held by suction at the end of a 

movable micropipette, and the other held in an optical trap, 

which acts as a force transducer;  b. Collagen chains in 

solution, whose thermal motion and interactions are probed via 

their effects on the position of an optically trapped 

microsphere, from which the complex shear modulus G*(ω) is 

obtained; c. Holographic optical tweezers acting as a 

microscale tensometer to deform and probe soft biomaterials. 

[Schematics are not drawn to scale.]  

 

OUTLOOK  
Our preliminary studies on the molecular-scale mechanics of 

collagen suggest that this bottom-up approach to protein 

mechanics has much to offer. To further extend these studies, 

we have built and calibrated a holographic optical tweezers 

instrument, designed to measure stress-strain curves on 

microscale soft materials (Fig. 1c) [4,5]. This technique, 

integrated with the others, provides access to mechanics of 

different levels of structure of protein-based materials, 

enabling the comparison of mechanics at different hierarchies 

by very similar techniques on samples prepared from the same 

starting material. These approaches offer a controllable means 

by which to investigate the role of chemical composition and 

local environment on the biomechanics of collagen.  
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INTRODUCTION 
Collagen, as a major fibrous structural protein present in the 
majority of connective tissues in mammals, provides integrity 
and mechanical strength throughout its hierarchical 
organization. It has the ability of making fibrillar structures. 
Therefore, determining the mechanical behavior of collagen 
from a single molecule to a network of entangled chains will 
contribute to understanding the correlation between molecular 
structure and mechanical properties.  
 
Optical tweezers have been used to characterize single-
molecule mechanics [1] as well as to probe more complex 
biological materials such as actin networks [2]. These studies 
have demonstrated that optical tweezers are a versatile tool for 
probing viscoelastic behavior at the micron scale.  In this 
study, we used optical tweezers to locally probe viscoelastic 
properties of solutions of the protein collagen. We also 
investigated the morphology and mechanical properies of 
collagen at the microscopic levels of assembly. 
 
METHODS  
A concentrated stock solution (5 mg/ml in 20 mM acetic acid) 
of collagen type I from rat tail (Cultrex Invitrogen) was diluted 
to the desired final concentrations and mixed with a small 
number of probe particles. Polystyrene particles were used as 
the probe particles, with diameters ~2.1 µm. Samples were 
pipetted into sample chambers of volume 10-20 µl made of 
two microscope coverslips separated by a layer of parafilm. 
The sample chamber was mounted onto a microscope stage in 
a home-built optical tweezers instrument [3]. Laser light 
passing through the chamber traps probe particles at the focal 
point. This confines the particle via a harmonic force and 
allows readout of particle position at high bandwidth from the 
refracted laser light. For each bead, the power spectral density 
of position was obtained, from which the Kramers-Kronig 
integral [4] was determined to obtain the viscoelastic shear 
modulus. This consists of the storage modulus, a measure of 
elasticity, and the loss modulus, a measure of viscosity.  
 
To produce collagen fibrils, a cooled (4°C) collagen solution 
was mixed with 10X PBS buffer with additional amounts of 
potassium and sodium phosphate salts (pH~6.9) at the ratio of 
1:9 v/v. The samples were then sealed and heated either to 
room temperature or to 30°C. Turbidity measurements were 
performed with a spectrometer to determine the extent of fibril 
formation over time. The resultant collagen fibrils exhibited 
D-periodicity, as seen with transmission electron microscopy.  
 
RESULTS 
The concentration dependence of viscoelastic response of 
collagen showed that although both viscosity and elasticity 

increase with concentration, elasticity becomes comparable to 
viscous behavior at collagen concentrations of 5mg/ml (Figure 
1). We seek the cause of this, which may be due to physical or 
chemical chain-to-chain interactions.  

 
Figure 1: Elastic modulus (G’) and loss modulus (G’’) 
obtained from 5 mg/ml collagen; elasticity is comparable to 
viscosity at this concentration. 
 
To study the process of fibril formation, verified via turbidity 
measurements, we measured the shear modulus in neutralized, 
warmed collagen solutions as a function of time, observing in 
some cases changes in viscosity and elasticity. We attribute 
this to the self-assembly process of collagen molecules into 
fibrils with different mechanical properties. 
 
DISCUSSION & CONCLUSIONS 
Elasticity of collagen solutions may arise from different 
chemical interactions such as electrostatic, hydrophobic, and 
hydrogen bond. Therefore, altering the sequence of collagen 
and/or its chemical environment may lead to different 
viscoelastic properties of the system.  
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INTRODUCTION 
Idiopathic Scoliosis (IS), is a sub-class of paediatric spinal 
deformities that is of unknown origin, and is characterized by 
a complex three dimensional curvature of the spine that is 
accompanied by spatial disorientation of the thoracic cage and 
postural dyscontrol [1-3]. With the aim of guiding clinical 
decisions and enhancing clinical outcomes, previous work has 
identified risk factors that are associated with curve 
progression that include skeletal maturity, gender and family 
history.[1] Recently emergent hypothesis have proposed 
possible associations between asymmetric vertebral loading, 
muscle imbalance, vertebral deformity and curve progression 
[2]. In recognition that traditional models of clinical 
management have focused on the assessment of posture in an 
upright standing position [3], we propose to expand current 
clinical models to include a variety of tasks that are more 
typical of activities of everyday life. The present work situates 
itself within an ongoing project that is focused on the 
enhancement of our understanding of the relationship between 
the structure and biomechanical function of the spine. At this 
initial stage, the primary objective is to develop preliminary 
observations about differences in postural stability and 
alignment between sitting and standing postures. This initial 
analysis will guide the development of mechanical models of 
spinal stability for children living with IS. 
 
METHODS  
Children and youth diagnosed with IS were recruited from an 
outpatient Orthopaedic Clinic located in the Hospital for Sick 
Children. Participants were invited to participate if they were 
aged between 8 and 16 years old, diagnosed with IS, have a 
spinal curvature between 15 and 45º, and have no secondary 
neurological or musculoskeletal conditions.  
 
Each participant underwent a biomechanical assessment in the 
Biomechanics and Assistive Technology Laboratory located in 
the Rehabilitation Sciences Building at the University of 
Toronto. This assessment included the evaluation of sitting, 
and standing posture, gait, and mobility. Specifically, posture 
in quite sitting and standing was recorded for a duration of 1 
minute, followed by maximal trunk flexions (AP&ML:5 
trials), and walking (5 trials). Muti-axial forceplates (AMTITM) 
were used to record the ground reaction forces, and centre of 
pressure (COP) under the base of support (Sampling 
Frequency (SF) = 1000 Hz). An Mx Control  Motion Capture 
system (Vicon IncTM) (SF: 100 Hz) recording the 3D co-
ordinates of markers positioned bilaterally on the Heel, 
Metatarsal, Lateral Maleolus, Lateral Condyle, Mid-
shank/Mid-Thigh, Anterior Superior Iliac Spine, Posterior 
Superior Iliac Spine, S1, C7, T12, Inferior Border of Each 
Scapula, and Acromions. In addition, a portable accelerometer 
(MicrostrainTM) was positioned on the Sacrum (S1), and in the 
thoracic region of the spine (C7). (SF: 1000 Hz). Initial 

analysis has focused on quantifying changes in postural 
stability and alignment between the standing and sitting 
postures. Ongoing work is focused on the analysis of the trunk 
mobility (AP, ML flexion), and the validation of trunk 
mobility measurements with accelerometers for the purpose of 
clinical evaluation and ambulatory monitoring.  
 
RESULTS 
This initial pilot project recruited a sample of 9 children 
diagnosed with IS (aged: 12 ± 2). Initial analysis of this cohort 
has focused on differentiating postural alignment and stability 
between the sitting and standing postures. Notably, AP and 
ML RMS COP displacement was observed to be significantly 
greater in standing (8 ± 5 mm; 6±3mm) than that observed 
with sitting. (3±2 mm;3±3 mm). (p<0.05) Importantly, this 
observed ML RMS displacement represents 5 and 2 % of the 
full range of COP displacement when performing maximal 
ML bilateral trunk flexions in standing and sitting respectively 
(Range of ML COP displacement: 128 ± 52 mm, 141±28 mm).  
 
DISCUSSION & CONCLUSIONS 
The initial analysis of this cohort has revealed decreased RMS 
displacement of the COP in both the AP and ML directions 
when sitting. Within the context of traditional perspectives 
related to postural stability, this may be attributed to a 
decrease in the number of joints, associated degrees of 
freedom and increased base of support. However, importantly, 
in recognition that youth spend significant periods of their day 
in a relatively static sitting postures [4], further attention 
towards the development of models of vertebral loading and 
spinal stability in these conditions are warranted. Ongoing 
work by our team is focused on expanding this analysis to 
develop further insight in the alignment of the underlying 
skeletal structures with mechanical loading, and also the 
frequency and duration of asymmetric postures that may be 
assumed throughout the day in children with IS.  
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INTRODUCTION 
Acoustic emission (AE) sensors record dynamic stress waves 
generated from release of energy in a material, such as a 
fracture [1]. These have been used to detect the time of 
fracture of skull and lower extremity bones [2-3]; however 
they have not been used to detect and differentiate between 
dynamic bone fractures and ligament injuries in the spine. The 
objective of this study was to evaluate the effectiveness of 
using AE signals to detect and differentiate between the time 
of injury of vertebral body (VB) and ligamentum flavum (LF) 
specimens tested in compression and tension, respectively. 
 

METHODS  
Isolated human cadaver VB (n=7) and LF (n=7) specimens 
from the cervical and upper thoracic spine were potted in 
polymethylmethacrylate (PMMA). Two AE sensors (Nano30, 
MISTRAS Group) were attached to the PMMA (superior and 
inferior). Specimens were attached to a load cell inferiorly 
(model MC3A-6-1000, Advanced Mechanical Technology) 
and to a materials test system actuator superiorly (model 8874, 
Instron Corporation). VB and LF specimens were tested in 
compression and tension, respectively, to nominal strains of 25 
and 40%, respectively at a rate of 0.4 m/s. AE signals were 
pre-amplified and collected at 5 MHz. High speed video was 
collected at 33,057 fps (Phantom v9, Vision Research). 
 

Times of injury (time of peak AE amplitude) were compared 
to those using traditional methods (LF: visual evidence in high 
speed video, VB: time of peak force). ‘Characteristic 
frequencies’ were defined as those with peak coefficients of 
the continuous wavelet transform of the AE signal at the time 
corresponding to applied stress values between 80% and 100% 
maximum stress. Peak AE signal amplitudes and characteristic 
frequencies for the LF and VB specimens were compared with 
analysis of variance and Friedman’s test, respectively. 
 

RESULTS 
 

  
Figure 1: Sample results of force and AE signals (inferior 
sensor) vs. time for a VB specimen (A) and a LF specimen 
(B). High speed video images of the LF specimen for the time 
points indicated (A, B, C) are shown in Figure 2. 
 

Six specimens failed in each group (VB, fracture; LF, 
periosteal stripping or attenuation) and one did not. AE signals 

were recorded during loading and after the peak forces were 
reached (Figure 1). AE signals were recorded in the initial 
stages of loading for the VB specimens which were identified 
as artifacts of the impact (Figure 1A).  
 

Time of injury using AE signals for LF and VB specimens 
produced average absolute differences to traditional methods 
of 2.4 (SD 1.5) ms and 0.7 (SD 0.2) ms, respectively (Figure 
2). AE signals from VB fractures had higher amplitudes and 
frequencies than those from LF injuries (average peak 
amplitude 87.7 (SD 6.9) dB vs. 71.8 (SD 9.8) dB for the 
inferior sensor, p<0.05; median characteristic frequency from 
the inferior sensor 97 (interquartile range, IQR, 41) kHz vs. 31 
(IQR 2) kHz, p<0.05). 
 

   
Figure 2: High speed video images of a LF specimen before 
loading (A), when rapid motion of a ligament fibre was first 
observed (B), after the time of peak force when a portion of a 
torn fibre was observed (C). These times are also indicated in 
Figure 1B. 
 

DISCUSSION & CONCLUSIONS 
This study confirms the potential of using AE signals to detect 
time of injury and to differentiate between failures of different 
spinal components in dynamic loading. AE signals from 
compressive VB fractures were associated with higher 
amplitudes and frequencies than those from tensile LF failures. 
Although the loading and boundary conditions in these 
experiments may not fully replicate those of the in vivo spine, 
this allowed us to be certain that AE signals were not 
originating from other anatomical structures. Also, despite the 
fact that we tested specimens from various spinal levels, as 
was necessitated by the low number of specimens available, 
statistically significant differences were observed.  
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INTRODUCTION 
Spinal cord injuries (SCIs) in football are rare but catastrophic 
events. The SCI incidence rate in the United States for high 
school, college, and professional football has been estimated 
as 0.52, 1.55, and 14 per 100,000 participants, respectively [1]. 
These injuries are very significant given the enormous 
economic and societal costs and the vastly diminished quality 
of life of the injured person. The large majority of these SCIs 
are a result of tackling, particularly when the head is down, 
resulting in head-first impacts. These impacts can result in 
high compressive axial loads being transferred into the 
cervical spine and can lead to potential vertebral fracture and 
contusion, or other injury to the spinal cord. In order to 
address such injuries, our group is developing a helmet [2] to 
mitigate the potential for spinal and spinal cord injuries, as 
well as minimize head injury risk, in head-first impacts. In 
particular, a prototype designed and intended specifically for 
the football market has recently been developed and dubbed 
the PNT-Football. 
 
METHODS  
The PNT-Football helmet uses a standard commercially 
available football helmet outer shell with the PNT mechanism 
and inner shell integrated within the outer shell. The latest 
prototype incorporates an advanced carbon fibre inner shell 
(Figure 1).   
 

 
Figure 1: PNT-Football prototype 

 
Head-first impacts were carried out to examine head and neck 
injury metrics. These impacts were simulated using a 
biofidelic headform from a Hybrid III 50th male percentile 
anthropomorphic test device (ATD) and a biofidelic surrogate 
neck for head-first impact [3] attached to a custom-designed 
drop tower. The head was instrumented with nine uniaxial 
accelerometers (Model 7264C-2000, Endevco Corp.), while 
the neck was instrumented with a 6-axis load cell located at 
the lower neck (Model 4366J Denton ATD Inc.). Each drop 
was imaged with a Phantom V9 (Vision Research Inc.) high-
speed camera at 1000 frames/second. The impact velocities 

were approximately 3.0 m/s (±0.1 m/s). In addition, drop tests 
simulating oblique impacts away from the top of the head 
were also carried out using an in-house vertical drop rail and 
ball arm-mounted head form to examine the ability of the 
helmet to reduce linear head accelerations, and thus potential 
for concussion.  
 
RESULTS 
Preliminary proof-of-principle tests have shown reductions in 
axial neck loads by as much as 29% (Figure 2) and reductions 
in resultant linear accelerations at the center-of-gravity of the 
head by 36%. Rotational accelerations were also reduced by 
approximately 64%. All tests were compared against a 
standard commercially-available football helmet, indicating 
the successful performance metrics of the PNT-Football 
compared to a state-of-the-art helmet. 
 

 
Figure 2: Lower neck axial loads 

 
DISCUSSION & CONCLUSIONS 
We are encouraged by the effective reduction of both brain 
and cervical spine injury metrics in this initial proof-of-
concept football helmet. We have measured more extensive 
reductions in head acceleration and neck loads in earlier 
prototypes [2] and we are now working to further improve 
these metrics in future PNT-Football prototypes. 
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INTRODUCTION 

Osteoarthritis (OA) is a painful, debilitating joint disease 

marked by cartilage degeneration and underlying subchondral 

bone changes [1]. To date, the exact mechanism of OA 

initiation and progression is unclear [2]. One predominant 

theory indicates that observed increased quantity and stiffness 

of bone near the subchondral surface results in an overall 

stiffer subchondral bone, which will change the load 

distribution in cartilage layer leading to OA [3]. However, 

other OA studies have found decreased amounts of bone at 

sites distal to the subchondral bone surface (>5 mm), which 

may also alter subchondral bone stiffness and cartilage load 

distribution. Using parametric finite element (FE) modeling, 

the objective of this study was to investigate the relative 

effects of varying proximal tibial morphologic and mechanical 

bone properties on overall subchondral bone stiffness.  

 

METHODS  

Normal and OA related mechanical properties and geometry 

of different layers of the proximal tibia were chosen based on 

literature (Table 1) [4-8].  The overall geometry of the model 

was based on a segmented (ANALYZE, Mayo Foundation) 

CT image of a cadaveric proximal tibia (~100 mm distal to the 

tibio-femoral joint line). The segmented geometry was 

simplified to develop a 2D, symmetric, plane-strain, FE model 

of proximal tibia (1096 PLANE42 elements, 8 different 

material properties) using ANSYS (ANSYS Inc.) (Figure1). 

 

 
Figure 1 Different layers of the symmetric FE model of the 

proximal tibia. (SC: Subchondral Cortical, ST: Subchondral 

Trabecular, ET: Epiphyseal Trabecular). 

 

In this model, varied bone properties included subchondral 

cortical thickness (SCT) and stiffness (elastic modulus) (SCS), 

subchondral trabecular thickness (STT) and stiffness (STS) 

and epiphyseal trabecular stiffness (ETS). Normal values for 

SCT, STT and ET thickness were chosen to be 1, 2.5 and 15 

millimeters, respectively [4-7]. Normal SCS, STS and ETS 

were 1000, 500 and 300 MPa, respectively [4,10].  For each 

set of analysis, four parameters were set at normal values 

while one parameter was altered within a range of values 

observed with OA. “Effective Stiffness (K)” was defined as 

the overall stiffness of the proximal tibia, calculated using 

nodal displacement and load of the loading area on 

subchondral cortical bone surface. For this analysis we report 

K, expressed relative to normal stiffness (Knorm) following 

either a 20% increase or 20% decrease of each parameter. The 

±20% variation is selected based on literature [9] and is 

considered as a reasonable properties alteration in OA 

condition. 

 
RESULTS 

The results of FE analysis are presented in Table1. The normal 

Knorm of 22.63 MN/m was calculated using the normal values 

of all parameters. Changing ETS had the largest influence on 

subchondral bone stiffness, resulting in a change of 0.2 Knorm 

with a 20% reduction in stiffness. All other 4 parameters 

affected K by less than 2%, even considering their minimum 

and maximum possible values.  

 

Table 1: Effect of altering each parameter on overall stiffness 

of the proximal tibial model. K /Knorm represents the change in 

K following ±20% variation of each parameter, with respect to 

its normal value (Knorm).   

 

Param. Norm. -20% K /Knorm +20% K /Knorm 

SCT 1 mm 0.8 mm 0.99 1.2mm 1.01 

STT 2.5mm 2mm 0.99 3mm 1.01 

SCS 1000MPa 800MPa 0.99 1200MPa 1.01 

STS 500MPa  400MPa 0.99 600MPa 1.01 

ETS 300MPa 240MPa 0.80 360MPa 1.17 

 

DISCUSSION AND CONCLUSIONS 

Subchondral cortical and subchondral trabecular bone has 

thought to be the main factor defining the overall stiffness of 

the OA affected bone (e.g. proximal tibia). The results of this 

study suggest that the effect of epiphyseal trabecular bone is 

higher than other layers, and modest changes in this region 

might equate to large changes in overall stiffness. Mechanical 

and structural changes to subchondral cortical/trabecular bone, 

on the other hand, may have little effect on overall stiffness. 

These results suggest that epiphyseal trabecular bone is a key 

site of interest in future analyses of OA and normal bone. 

These results also suggest that observed changes in epiphyseal 

OA subchondral bone may result in a weaker, not stiffer, 

subchondral bone.  
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INTRODUCTION 
Cervical spine injuries result in significant financial cost to the 
injured and society. Spinal cord injuries can lead to severe 
disability and death. Understanding of the biomechanics of 
these injuries is based on decades of study that consider in 
vivo and ex vivo axial compression. Early biomechanical 
studies used whole cadavers but lacked measurement of 
cervical kinetics and kinematics because the neck was 
surrounded by musculature. More recent studies use isolated 
cervical spine-head complexes that allow measurement of 
cervical kinetics and kinematics because musculature is 
removed. Both whole cadaver and spine-head studies suggest 
that, during head first impact, the cervical spine buckles as the 
head impact moves it toward the relatively more massive torso 
and further that the type of buckling and resulting injuries may 
be correlated [1]. Some impact studies describe cables tethered 
to cervical anatomy to simulate the role of neck musculature in 
controlling neck posture and have succesfuly recreated 
clinically-observed injuries. However, these cables do not 
recreate lines of action of compressive follower loads that 
neck musculature supplies in vivo and that has been shown 
through recent modeling to significantly increase neck injury 
risk [2]. For quasi-static loading, ex vivo experimental work 
has shown that compressive follower loads (guided at each 
level) increase the compressive loads at which buckling occurs 
but without follower loads the isolated cervical spine could not 
even support the weight of the head[3]. Due to this evidence, 
we hypothesize that it is important to simulate in vivo 
compressive follower load in ex vivo experiments for head-
first impact. Moreover, we hypothesize that buckling in past 
ex vivo impact experiments [1] may be due to absence of any 
approach to simulate musculature that is present in vivo. The 
objective of this work was to compare the kinematics/kinetics 
of buckling, during head-first impact, of isolated cervical 
head/neck complexes instrumented with follower load to those 
without preload. 
METHODS  
We simulated head-first impact of cervical spine-head 
complexes (n=12) using a drop-tower. Six complexes (Occ.-
T1) were instrumented with follower load (FL group), while 
six were not (NFL group). Occiputs of all specimens were 
fixed to a biofidelic surrogate head and T1 was encased in a 
mounting cup. The metrics relevant to buckling that are 
reported in this abstract are: impact speed; time to neck 
buckle; the vertebral levels at which the neck buckles; and the 
total angular divergence at the levels at which the neck 
buckled. The criterion to determine buckling and vertebral 
level of buckling was failure of the neck to support 
compressive force while C7 continued to translate toward the 
head and divergence of angular rotation across any two or 
three vertebral levels as indicated by opposing rotation 
direction that was greater than 2 degrees. 

RESULTS 
The mean impact speeds were 2.8 m/s (NFL) and 2.9 m/s 
(FL). There was a significant difference (p=0.009) in time to 
buckle between the NFL and FL group, which had means of 
4.9 msec and 2.5 msec, respectively. For the FL group, 3/6 of 
specimens buckled across C4/5 (Fig. 1), 2/6 across C3/4 and 
1/6 across C2/3. For the NFL group, buckling in 5/6 
specimens involved C4 rotation being nominally zero while 
C3 and C5 had negative and positive rotation (sign convention 
in Fig. 1), respectively. The remaining NFL specimen buckled 
(opposing rotations) across C3/4. The FL specimens (avg. 5 
degrees) had significantly smaller (p=0.002) rotations at 
buckle than the NFL (avg. 20 degrees). All specimens 
exhibited overall hyperextension across the spine (Fig. 1). 

 
Figure 1: (left) sagittal plane view showing initial inclination 
of vertebra (red lines) and rotated inclination (blue) at the time 
of buckle; (right) vertebral rotations during head-first impact. 

DISCUSSION & CONCLUSIONS 
Follower loads did not prevent buckling in these ex vivo head-
first impacts. Significantly lower buckle time in the FL group 
indicates increased mechanical coupling between the head and 
T1 in specimens with follower preloads. Increased coupling is 
believed to be caused by increased axial spine stiffness as a 
result of the addition of follower load and related compression 
of the intervertebral discs. Significantly lower rotation 
divergence in the FL group compared to the NFL group seems 
to be consistent with increased spine stiffness in the sagittal 
plane. It may be important to simulate these effects in 
computational models of head first impact. Furthermore, these 
preliminary results suggest that simulating follower load that 
may be similar to in vivo muscle forces  results in significantly 
different buckling behaviour, and therefore potentially 
different injury mechanics occur in vivo than in many 
biomechanical tests where musculature is not simulated. 
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INTRODUCTION 
Cervical spine osteoligamentous and cord injuries result in 
significant financial cost to the injured and society. Spinal 
cord injuries can lead to severe disability and fatality. 
Understanding of the biomechanics of these injuries is based 
on decades of epidemiology, clinical studies, computational 
models, ex vivo experimental studies, and combinations 
thereof, that consider axial compression from both  head-first 
impact and quasi-static loading. Early biomechanical studies 
used whole cadavers but lacked measurement of cervical 
kinetics and kinematics because the neck was surrounded by 
musculature. More recent studies used isolated cervical spine 
complexes that allow measurement of cervical kinetics and 
kinematics because musculature is removed. Most studies 
describe cables tethered to the head to control neck posture, 
prior to impact. However, these cables do not recreate lines of 
action of loads that neck musculature supplies in vivo and that 
has been shown, through recent modeling, to significantly 
increase injury risk during impact [1]. For quasi-static loading, 
ex vivo experimental work has shown that follower loads 
(guided at each level to simulate musculature) lead to cervical 
mechanics that match in vivo [2] and increase the load 
carrying capacity of the spine prior to buckling under axial 
compression [3]. We hypothesized that simulate approximate 
in vivo compression using follower load in ex vivo 
biomechanics experiments will improve the biofidelity of our 
tests. The objective of this work was to compare kinematics 
and kinetics, during head-first impact, of isolated cervical 
spine complexes instrumented with follower load to those 
without follower load. 
METHODS  
We simulated head-first impact using a drop-tower and 
cadaveric cervical spines. Six segments (Occ.-T1) were 
instrumented with follower load (FL group, mean age 71 yrs.) 
applied via tensioned bilateral cables passing through the 
flexion-extension centre of rotation at each vertebral level [2], 
while six were not (NFL group, mean age 78 yrs.). Occiputs 
were fixed to a biofidelic surrogate head and T1 was encased 
in a mounting cup. Vertebral motions (kinematics) and 
compressive head force and neck forces and moments at T1 
(kinetics) were measured. Vertebral motions were calculated 
by tracking the motions of vertebra-fixed photo-reflective 
markers with high-speed video cameras (Phantom V9.0, 
Vision Research Inc., NJ) and using photogrammetry to 
calculate three-dimensional motion from camera images. Head 
forces were measured with an axial load cell (LC, Omega 
Engineering Inc., CT) while T1 forces and moments were 
measured with a six-axis load cell (MC3A, AMTI, MA). The 
kinematic and kinetic metrics reported are: time from head 
impact to injury, Tinj; time from head impact to peak 
compressive neck force, Tpeak; impact speed, Vimpact; pre-injury 
peak compressive neck force, Fn; and mount-cup impulse from 

impact to injury, Iinj. Tinj was determined as the time at which 
compressive neck forces dropped to 2/3 of the peak while 
sagittal moment increased [4]. Wilcoxon Rank-sum tests were 
used to test for statistical significance. 
RESULTS 
The mean Vimpact was 2.8 m/s in the NFL group and 2.9 m/s in 
the FL group. There was no significant difference in Fn, 
between the NFL and FL groups (p = 0.24) which had means 
of 1.9 kN and 1.4 kN, respectively. There were significant 
differences between the NFL and FL groups for both Tpeak (p = 
0.004) and Tinj (p = 0.009). The mean Tpeak for the NFL group 
was 4.2 msec and for the FL group was 1.6 msec. The mean 
Tinj for the NFL group was 4.9 msec and for the FL group was 
2.5. There was no significant difference in Iinj between the 
NFL group and FL group (p = 0.200), which had means of 3.9 
Nsec and 2.1 Nsec, respectively. Motions of photo-reflective 
markers (Fig.1) indicated that overall hyperextension was 
experienced in all specimens (both FL and NFL group). 

  
Figure 1: vertebral marker positions for one complex (H1177) 
pre-impact (a) and post (b); MC is mount-cup at T1. 

DISCUSSION & CONCLUSIONS 
There were no significant differences between the FL and NFL 
groups for both Fn and Iinj which suggests that the addition of 
follower load does not affect the overall transfer of torso 
momentum to the cervical spine. However, significantly lower 
temporal measures (Tinj , Tpeak)in the FL group indicates 
increased mechanical coupling between the head and T1 
relative to the NFL group. Increased coupling is believed to be 
caused by increased axial spine stiffness, secondary to disc 
compression, as a result of the addition of follower load and is 
consistent with previous work that shows increases in cervical 
spine stiffness during quasi-static loading with compressive 
preloads [3]. These results improve our understanding of head-
spine coupling and the influence of follower load, representing 
musculature, on it and they are thus key elements in injury 
mechanics of the cervical spine under head-first impact. 
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INTRODUCTION 
Elastin is an important structural protein, responsible for the 
elastic characteristics of many tissues. Its mechanical 
properties have direct relevance to its physiological roles, and 
are also of interest in tissue engineering and material design. 
We are studying the mechanical behaviour of elastin at the 
single-molecule level using optical tweezers.  
 
Optical tweezers utilize a highly focused laser beam to trap 
microscopic objects, and exert forces in the picoNewton (pN) 
range. They can be used to probe the mechanical response of a 
protein: by applying pN-scale forces to microspheres tethered 
to its ends, the protein can be stretched. The resulting force-
extension curves provide information on the protein's 
mechanical properties such as elasticity and extensibility.  
 
The relatively short contour length of elastin (L=266 nm) 
introduces physical and chemical challenges to determining 
mechanical properties such as elasticity and flexibility [1]. In 
this work, we discuss using DNA handles to extend the length 
of the tethered construct, thereby reducing experimental 
difficulties such as non-specific binding of elastin to 
microspheres and physical and optical interactions between the 
microspheres. Through analysis of simulated force-extension 
curves of the hybrid elastin-DNA system, we develop an 
understanding of how parameters such as length of the DNA 
handles and of the protein affect output parameters such as 
persistence lengths. We present experimental force-extension 
results of a hybrid system of elastin with DNA handles.  
 
METHOD 
The molecular construct consists of human tropoelastin protein 
linked at each end to a double-stranded DNA “handle”. This 
hybrid construct is specifically bound between two labelled 
microspheres, one held in an optical trap (a focussed laser with 
a trap stiffness κ=100pN/µm), and the other on a micropipette 
whose motion enables stretching the tethered molecule [1].  
 
Simulations of force-extension trajectories are performed to 
mimic experiments. As a molecule is stretched, the optically 
trapped bead is pulled from the centre of the harmonic trap 
(F=-κx), reflecting the tension applied through the tethered 
molecule and the stochastic thermal force. The overdamped 
motion of the bead is described by the Langevin equation [2]: 

! ! = − !
!
! ! + 2!! ! +!"#. 

Here ! = 6!"#$ is the drag coefficient of the bead with 
radius R in a solution with kinematic viscosity ν and density ρ, 
! = !!! ! is its diffusion coefficient, and ! !  represents the 
random thermal force. WLC represents the force required to 
stretch the tethered molecules to each extension, and is given 
by the worm-like chain model, which considers the DNA and 
elastin to possess purely entropic elasticity in the force range 

simulated (F<10 pN) [3]. For the simulations, persistence 
lengths and contour lengths of pDNA=50 nm, pelastin=0.36 nm 
and LDNA=680nm, Lelastin=266nm were used [3,4]. 
 
RESULTS 
A simulated force-extension curve of the hybrid elastin-DNA 
construct is shown in Figure 1.  

 
Figure 1: A simulated force-extension curve of the elastin-
DNA hybrid system (red), with WLC contributions of DNA 
(blue) and elastin (green) shown for comparison.  
 
DISCUSSION & CONCLUSIONS 
While elastin and DNA are considered as WLC polymers, a 
single WLC model cannot be used to describe the entropic 
force-extension behaviour of the hybrid system due to the 
significant difference in the persistence lengths of elastin and 
DNA. DNA handles dominate the mechanical response at low 
forces, while elastin increasingly contributes to extensibility 
and stiffness of the system at higher forces. We find that 
persistence length and contour length of the handles can be 
extracted by fitting low-force data with the WLC model, and 
then using these parameters in a fit to the higher-force data to 
extract persistence length and contour length for elastin. 
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INTRODUCTION
During human walking, lateral foot placement and step width
affect the displacement of the center of mass (CoM) and
aid in maintaining balance [1]. In addition, the role of
hip ab/adduction net muscle moment in the stance limb can
contribute to lateral center of mass displacement during swing
[2]. A third contributor to lateral center of mass displacement
during walking is likely the initial velocity of the center of
mass at toe off. The purpose of this study was to determine
the relative importance of center of mass velocity at toe off to
center of mass displacement during swing. We hypothesized
that the lateral and vertical center of mass velocities at toe
off would substantially contribute to the lateral center of
mass displacement during swing. To test this hypothesis we
constructed a computer simulation of an inverted pendulum
model during normal and wide step width walking.

METHODS
Using a simple inverted pendulum model, we simulated center
of mass dynamics during the swing phase of walking (60 to
100% of the gait cycle). We determined the initial parameters
for the simulation with a series of human experiments [3]. Ten
healthy young adults walked at 1.2 m/s on an instrumented
treadmill with Normal and Wide step widths (13% and 39%
leg length). In addition to the constant step width conditions,
subjects transitioned between Normal to Wide and Wide to
Normal step widths within a single step. Subjects could
anticipate the transitions as these were indicated at initial foot
contact of the previous gait cycle. We simulated each constant
and transitional condition (Matlab, R2011a). We used the
average subject leg length (l) and the distance between the
center of mass and the stance foot at toe off to calculate the
initial angle of the inverted pendulum model. We determined
the initial angular velocity from the center of mass velocity
at toe off. We set the duration of the simulation to 40% of
the average gait cycle for each condition to approximate swing
duration. We performed a fixed-step Euler integration (dt =
0.01s) of the inverted pendulum equations of motion, with
gravity (g) as the only force:

θn = θn−1 +ωn−1∆t +
1
2

αn−1∆t2

ωn = ωn−1 +αn−1∆t αn =
gcosθn

l

We compared the predicted center of mass displacement with
the location of the center of mass at the end of swing in the
corresponding experimental data.

RESULTS
The predicted final center of mass displacement came within
68 to 99% of the experimental results (Table 1). With the
exception of the Normal to Wide transition, the simulation

overshot the lateral center of mass displacement ending with
a final displacement 1.5 to 4.2cm further from the stance limb
than in the experimental findings.

Table 1: Lateral displacement of the center of mass relative to
foot placement for various step width walking conditions

CoM Displacement (m)
Condition Measured Simulation % Difference

Normal 0.109 0.124 14.1
Wide 0.214 0.230 7.8

Normal to Wide 0.192 0.191 -0.5
Wide to Normal 0.133 0.175 31.3

DISCUSSION & CONCLUSIONS
The degree to which the simulation predicts the displacement of
the center of mass indicates that the center of mass velocity at
toe off contributes about 87% of the lateral displacement during
swing. The difference between the simulation and experimental
result indicates there are additional factors during swing phase
that control center of mass lateral displacement. For the Normal
to Wide transition, the body takes advantage of gravity to
increase the lateral displacement of the center of mass. In
contrast, for the Wide to Normal transition, the discrepancy
between the simulation and experimental results indicates that
muscular action, such as hip abd/adduction, is needed during
swing to pull the center of mass closer to the stance limb. The
1.5 to 1.6 cm overshoot in the final center of mass displacement
during the constant step width conditions indicates that factors
such as stance limb muscle actions reduce lateral center of mass
displacement during swing. While we analyzed only average
data of center of mass dynamics, there is inherent step width
variability in real human gait. In some instances, this variability
may be related to stability[1]. Determining whether the gait
variability originates from biomechanical mechanisms prior to
toe off or during swing could provide insight into deficiencies
of gait stability and help direct successful interventions.
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INTRODUCTION 

Bone loss around orthopaedic screws due stress shielding and 

its consequent screw loosening and avulsion is one of the main 

concerns of orthopaedic surgeons. In this study, we are 

combining bone remodeling algorithm based on strain energy 

density stimulus with finite element approach to evaluate 

biocompatibility of two types of orthopaedic screws, i.e. 

functionally graded and fully metallic screws. 

 

METHODS  

A 2D axi-symmetric idealization of bone-screw geometry is 

modeled using the FE package of ANSYS [1] (Fig. 1). A 

dimensionless set of stress-transfer parameters (STP) and 

newly introduced strain energy density-transfer parameter 

(SEDTP) are developed to quantify the screw–bone load 

sharing, which are defined as follow [2]: 
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where   
  is the stress in the bone between consecutive screw 

threads,   
  is the stress in the midpoint of screw threads, and 

N is the total number of screw threads. Lower values of STP 

and SEDTP indicate weak load transfer to bone, which is a 

sign of stress shielding. Bone properties are changed during 

the simulation using the following bone remodeling equations 

[3]: 

where   and B are the apparent density and remodeling 

constant, respectively, and      ,     ,              are strain 

energy density reference values for bone resorption, formation, 

and overloading conditions. 

In every iteration bone properties is updated via two separate 

density-elastic modulus relationships for cortical and 

cancellous bone, through the following equations [3]: 

(9) Cortical bone                   

(10) Cancellous bone                   

In this study, the configuration of FGM follows the patterns 

from literature [4], and is governed by a power law based on 

mixture theory. 

 

RESULTS 

Results of this study indicate that STP and SEDTP values for a 

FGM screw are greater than those of a fully metal screw. 

Moreover, reducing the elastic modulus of the metal fraction 

and increasing the volume fraction of ceramic would decrease 

the stress shielding. Also, by increasing screw major diameter, 

thread numbers and decreasing minor diameter, pitch and 

elastic modulus, STP and SEDTP values will increase, which 

means a lower probability of screw loosening. 

 
Figure 1: Geometry, boundary conditions, pull-out loading 

and points used to define STP and SEDTP 

 

 

DISCUSSION AND CONCLUSIONS 

By manipulating orthopaedic screws’ design parameters, many 

revision surgeries might be avoided. Employing bone-like 

material for orthopaedic screws can greatly decrease the risk 

of excessive resorption around screws’ threads, and thus 

decrease the probability of screw loosening. Future research 

can include the real configuration of cancellous bone, and an 

isotropic model for both cortical and cancellous bones. 
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INTRODUCTION 
Our lab has developed a knee-mounted biomechanical energy 
harvester that attempts to selectively engage power generation 
only during phases of negative joint work—thus harvesting 
energy while aiding muscles in decelerating the limb [1]. 
Currently, knee angle and angular velocity are combined with 
a priori knowledge of power profiles during walking to signal 
the device to engage generation. Instead, we propose to use the 
muscle activity of the user’s lower limb to control power 
generation. We hypothesize that myoelectric control can be 
used to accurately identify when the knee is generating 
negative mechanical power, and then automatically adjust the 
magnitude of electrical power generation.  
 
METHODS  
Our control algorithm uses measured muscle activity and 
generator angular velocity to provide real-time estimates of 
knee joint torque and knee joint angular velocity, respectively 
(Figure 1). The product of torque and angular velocity yield an 
estimate of knee joint power. The control algorithm engages 
power generation of a new bi-directional energy harvester only 
when the knee joint power indicates that the knee is 
performing negative work. The torque that the generator 
applies to the body is proportional to the estimated knee joint 
torque, thereby automatically controlling the magnitude of 
power generation. 
 
To estimate knee joint torque, our single test subject first 
performed a six-minute level walking calibration trial at 1.5 
m/s. Measured EMG signals from the knee extensors and 
flexors were normalized to muscle cross-sectional area and 
summed to produce separate knee extensor and flexor profiles. 
We then used unconstrained nonlinear optimization to identify 
the flexor and extensor gains, as well as a cross-correlation 
analysis to identify the optimal time-lag, that best-fit a generic 
literature knee torque profile for the same walking speed 
(R2>0.9) [2]. 
 
To test our hypothesis, we then engaged our controller and had 
the subject walk at 1.5 m/s on the level (0°), decline (-15°) and 
incline (+15°). 
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Figure 1: Preliminary design of myoelectric control algorithm. 
 

RESULTS 
As hypothesized, myoelectric control automatically and 
accurately modulated the timing and magnitude of energy 
harvesting (Figure 2). For level walking, electrical power was 
produced during four regions of the gait cycle, all of which 
correspond to regions of negative mechanical knee joint power 
from the literature. The controller, which was calibrated only 
during level walking, was able to identify phases of negative 
joint power for both decline and incline walking. For example, 
during decline walking the controller appropriately ceased 
harvesting at mid-stance (~35% gait cycle)—a region in which 
harvesting occurred on the level. Additionally, the controller 
automatically harvested increased levels of electrical power 
when greater power was available during decline walking. 
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Figure 2: Electrical power generation (red) for level, incline, 
and decline walking. Shaded regions represent phases during 
which electrical power is generated. These regions coincide 
with peaks in negative mechanical knee joint power (blue). 
 
DISCUSSION & CONCLUSIONS 
A myoelectrically controlled energy harvester automatically 
and accurately modulates the timing and magnitude of 
harvesting for level, decline, and incline walking. While these 
results are preliminary, they suggest that by translating the 
user’s own neural signals, our controller may be exceptionally 
adaptable to complex movements and environments.  
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INTRODUCTION 
Quantitative analysis of nerve fiber, fascicle and whole nerve 
anatomy is useful for determining the extent of neural 
degradation in disease, evaluating rehabilitation procedures, 
and indicating evolutionary adaptations. Two commonly used 
morphological parameters are nerve fiber number and nerve 
fiber size distribution. To estimate these parameters in large 
nerves of large animals, such as the sciatic nerve of the giraffe, 
sampling is essential since one nerve may contain over 300 
fascicles representing more than 100,000 nerve fibers [1]. 
Much emphasis has been placed on developing effective 
intrafascicular methods for sampling individual nerve fibers 
within a fascicle, but interfascicular sampling methods have yet 
to be thoroughly assessed. The purpose of this study was to 
determine the minimum fascicle number required to accurately 
estimate total nerve fiber number and size distribution.  
 
METHODS  
To meet our goal, we determined the confidence intervals for 
our key parameters from their sampling distributions when 
randomly sampling from different numbers of fascicles. We 
first imaged sciatic nerve cross-sections of four giraffes using 
scanning electron microscopy. We randomly selected seven 
fascicles from each animal’s nerve (Figure 1a), and analyzed 
them to determine our reference values for total nerve fiber 
number and size distribution [1]. Within the seven fascicles 
from each nerve, a custom written program randomly sampled 
combinations of fascicles. The sampling groups ranged from 
two to six fascicle combinations, and 10 samples were sampled 
from within each group (except for the six fascicle group that 
had only seven possible fascicle permutations) (Figure 1b). For 
each sample, we estimated total nerve fiber number by 
multiplying the sample nerve fiber density by the total nerve 
area, and estimated nerve fiber size distribution by the 
diameters of all nerve fibers within a sample. To compare 

groups, we used the sample values to calculate the 95% 
confidence intervals for total nerve fiber number and for the 
mean fiber diameter of each peak in the nerve fiber size 
distribution (Figure 1c). We express these confidence intervals 
as a percentage of the reference values.  
 
RESULTS 
We found that 95% of samples with combinations of fascicles 
equal to or greater than five fascicles reproduced the reference 
total nerve fiber number within 5% (Figure 1d). All fascicle 
number groups reproduced the reference mean fiber diameter 
of each peak within 5%. The identified pattern of increasing 
confidence with increasing number of fascicles was used to 
estimate the 95% confidence intervals for our seven-fascicle 
reference group: the mean fiber diameters of each peak are 
expected to be within 0.1μm of the whole nerve values, and the 
107,000 total nerve fiber number estimate is within 3,000. 
 
DISCUSSION & CONCLUSIONS 
Our results suggest that the total nerve fiber number and the 
nerve fiber size distribution can be estimated to within 5% 
accuracy with as few as five fascicles. This has important 
applications for nerve image analysis—using our methodology, 
five fascicles requires only ten hours to image and analyze, 
whereas we estimate that a similar analysis of all 300 fascicles 
would require approximately 600 hours. Thus, the total nerve 
fiber number and size distribution can be estimated over 98% 
faster by using interfascicular sampling rather than analyzing 
all fascicles, thereby drastically increasing the efficiency of 
peripheral nerve imaging and analysis of large animals.  
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Figure 1: (a) Cross-section of one giraffe sciatic nerve showing the seven fascicles from its reference set. Red icons indicate the 
two fascicles, enlarged in (b). (b) One random sample from one animal’s two-fascicle group. (c) Reference nerve fiber size 
distribution (black) and the estimated nerve fiber size distribution (red) from the two-fascicle sample shown in (b). (d) Comparison 
of 95% confidence intervals of estimated total nerve fiber number between fascicle groups. Confidence intervals are based on all 
samples within each group, and are expressed as a percentage of the reference total nerve fiber number for that giraffe. 
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INTRODUCTION 

 
When a skeletal muscle is actively stretched, its force is 

substantially greater than the force obtained for a muscle 

contracting purely isometrically [1]. This phenomenon has 

been observed for more than fifty years, is an accpeted 

property of skeletal muscle contraction, and has been termed 

force enhancement [2]. When performing experiments on 

force enhancement in human skeletal muscles, we observed 

that force enhancement was not associated with an increase in 

muscle activation. In fact, in the force enhanced state, a given 

submaximal force could be maintained with substantially 

lower activation than the same force in an isometric reference 

contraction [3]. This observation led to the idea that maybe 

force in the enhanced state was metabolically cheaper than in 

the isometric reference state. However, there is nothing in the 

literature on metabolic cost of muscle contraction in the force 

enhanced state. Therefore, the purpose of this study was to test 

the hypothesis that force in the enhanced state was 

metabolically cheaper compared to force in the isometric 

reference state. If this hypothesis was supported, it could point 

to new mechanisms that might explain force enhancement. 

 

METHODS  

 

We used skinned fibres from the rabbit psoas muscles (n=37) 

that were isolated and set up in a standard mechanical testing 

apparatus as described previously [4]. One set of fibres (n=15) 

was stretched to an average sarcomere length of 2.4µm and an 

isometric reference contraction was performed. The fibres 

were then stretched to an average sarcomere length of 2.8µm 

for another isometric reference contraction. Then, the fibres 

were actively stretched from 2.4-2.8µm to induce force 

enhancement. For each isometric reference and each stretch 

test contraction, fibres were transferred into a fresh activation 

solution bath for measurement of the metabolic cost of 

contraction and were held there for exactly 40s. The same 

testing was performed for a second set of fibres (n=22), 

however these fibres were tested isometrically at average 

sarcomere lengths of 2.4 and 3.2µm, and the corresponding 

stretch test contraction (to induce force enhancement) was also 

performed for an active stretch from 2.4-3.2µm. Forces were 

measured continuously using a commercial load cell and 

displacements were imposed using a computer controlled 

motor as described previously [4]. 

Metabolic cost measurements were made over a 40s period by 

measuring the ATP activity using an enzyme coupled assay as 

described previously [5]. A non-parametric Wilcoxon test 

(α=0.05) was used to test for differences in metabolic cost per 

unit force for fibres in the isometric reference state and fibres 

in the force enhanced state following active stretching. 

 

RESULTS 
 

Force enhancement: Stretching of fibres from an average 

sarcomere length of 2.4 to 2.8µm resulted in a force 

enhancement of 7.7% (3.7%) and stretching of fibres from 2.4 

to 3.2µm resulted in a force enhancement of 14.2% (4.2%). 

Force enhancement occurred in all fibres and was highly 

statistically significant. 

Metabolic cost: The metabolic cost per unit of force was 

reduced by 12.4% (3.2%) and by 20.7% (4.4%) for the fibres 

that were stretched to average sarcomere lengths of 2.8 and 

3.2µm, respectively compared to the corresponding isometric 

reference contractions. This reduction in metabolic cost was 

observed for each single fibre and was highly statistically 

significant. 

 

DISCUSSION AND CONCLUSIONS 

 

Force enhancement in skinned fibres from rabbit psoas 

muscles, induced by active stretching, was associated with a 

substantial decrease in the metabolic cost per unit force. The 

reduction in metabolic cost was greater, on average, than the 

observed force enhancement because the increased force in the 

enhanced state was associated with a lower metabolic cost 

than that measured during the isometric reference contractions. 

This result strongly suggests that force enhancement is 

associated with the “activation” of a structural component 

rather than an increase in cross-bridge based forces. We have 

previously shown that the structural protein titin is a calcium 

activatable spring, and have speculated that titin-associated 

force enhancement could be achieved by titin binding to actin 

in an activation/force dependent manner. The results of this 

study support that idea. 

The results of this study also question the common notion that 

force enhancement evolved as a mechanism to increase force 

of muscles during everyday movements. Evolution might have 

favoured the “force enhancement” mechanism not primarily 

for the purpose of increasing force, but for decreasing the 

metabolic cost of human movement. 
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INTRODUCTION 
Mixed martial arts (MMA) has recently grown in popularity. 
Furthermore, very little quantitative research has been 
performed to investigate striking dynamics and the kinetic 
parameters of devices used for both striking and receiving 
strikes. This investigation compared the strike dynamics of 
some sample boxing and MMA gloves in terms of peak force, 
time under load and patterns of force output given a constant 
energy input. 
 
METHODS  
A repetitive impact tester was custom built and used to expose 
gloves to long-term (5 hour) repetitive impact tests with 
impact data collected every 30 minutes. The impact tester 
consisted of a pendulum arm falling under gravity to transmit 
a constant energy through the gloves mounted on a model fist, 
which impacted an instrumented anvil. Impacts were collected 
via a pancake force transducer (AMTI, Massachusetts, USA) 
sampled at 2160 Hz. Impact data was filtered using a 2nd order 
dual pass Butterworth filter with cutoff frequency set at 100 
Hz, supported with residual analysis. 
 

 
Figure 1: Representation of pendulum impact tester used 
during data collection. 
 
RESULTS 
A general finding was that the MMA glove created a peak 
strike force that was approximately 5 times the peak force of a 
boxing glove and that this peak was achieved 4-5 times faster 
than the boxing glove (Figure 1).  
 
A comparison of different model boxing gloves showed 
interesting outputs on the force-time plot, where a dual peak of 
force were observed given a single impact from the pendulum 
(Figure 2). 
 
DISCUSSION & CONCLUSIONS 
The composition (density, stiffness, amount of padding) plays 
a role in the strike dynamics of the gloves. The MMA glove, 4 
times lighter and much thinner than the boxing glove, created 
a more forceful and sharper strike than the boxing glove.  
The dual peak observed was speculated to be due to a non-
homogenous composition where foams of varying densities 

and thicknesses are layered in the boxing glove. Model 1 
exhibited this dual peak pattern and as observed in Figure 3 
the amplitude of peak force is much lower than Model 2, 
which exhibited a single peak. It is speculated that this initial 
peak was due to the outer (and more compliant) padding 
which bottoms out and reduces the amplitude of the second 
larger peak. 
 
Given that the injury to tissue is dependent upon time of 
exposure strain rate, force magnitude; to name a few; this 
unique data will support discussion regarding issues of 
delivering force and energy versus protecting against applied 
force and energy. 
 
 

 
Figure 2: Typical force-time histories comparing boxing and 
MMA gloves showing the difference in amplitude of peak 
force and time in which force is applied. 
 
 

 
Figure 3: Comparison of 16 oz boxing gloves. The blue plot 
shows a single peak of force from the impact of the pendulum 
whereas the green plot shows two peaks of force.  
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INTRODUCTION 
Preferred walking speed is becoming an increasingly 
important metric for predicting a range of health issues 
including falls, disabilities, dementia, admission to hospital, 
and even mortality [1-2]. This predictive ability suggests that 
preferred walking speed is under precise physiological control. 
Here, we directly tested the degree to which people control 
their walking speed by releasing subjects from a range of 
initial speeds and measuring how quickly and precisely they 
returned to their preferred speed. 
 
METHODS 
Seven healthy young adults (3 males, 4 females, age: 24±2) 
participated in our study after giving informed consent. The 
experiments began with each subject completing a 6-minute 
walk to roughly estimate their preferred speed and step 
frequency. They then completed a series of eight randomly 
ordered trials that began at four different initial speeds. These 
initial speeds were induced using a metronome beating at 
frequencies above and below their previously measured 
preferred step frequency (Figure 1). After 90 s, the metronome 
beat was replaced with six minutes of white noise. Prior to the 
experiments, subjects were instructed to match their cadence 
to the metronome beat and to walk comfortably when the 
metronome turns off—they were free to change their speed if 
they so desired. To measure walking speed we used a GPS-
based speed sensor (VBOX Speed Sensor, Racelogic)—the 
data was logged to an SD card using an Arduino Uno 
microcontroller, which was also used to generate the 
metronome beat and white noise. 
 
To compare the speed responses between trials and subjects, 
we normalized all trials to zero at steady-state speed while the 
metronome was playing, and one at steady-state speed after 
the metronome was silenced. Then, we first determined how 
quickly subjects converged to a new steady-state walking 
speed, by combining all normalized trials, for all subjects, and 
computing settling time (time needed to reach 95% of the final 
steady-state value) using system identification techniques. 
Secondly, we determined the degree to which speed is 
controlled during each steady state, by determining the root-
mean-square error (RMSE) in normalized speed during the last 
two minutes of all trials. Finally, we determined how 
consistently subjects converged to the same preferred speed 
between the eight trials. For this we computed the average 
steady-state speed for each trial, and determined the standard 
deviation in these eight speeds for each subject separately. 
Here we report the average standard deviation for all subjects. 
 
RESULTS 
In response to the different metronome frequencies, subjects 
walked with a range of initial speeds—the average speeds at 
the slowest and fastest metronome frequencies were 0.96 and 
1.78 m/s, respectively. But once the metronome was silenced, 

subjects quickly adjusted their gait towards a more moderate 
speed and were within 15% of their final steady-state speed 
after only 11 s. It took an additional 125 s to reach steady-state 
speed, but once there speed was precisely controlled—during 
the last two minutes of each trial speed varied by only 2.4% 
(RMSE). Despite the wide range of initial speeds, subjects 
consistently converged to the same preferred speed—the 
average variability in steady state speed between trials was 
only 4.7% (s.d.). 
 

 
Figure 1: Methods and results for one subject. We prescribed 
step frequencies ±15 and ±30% away from the estimated 
preferred frequency, illustrated by the different coloured lines. 
 
DISCUSSION & CONCLUSIONS 
Our results show that preferred walking speed is indeed under 
precise physiological control—regardless of how fast or slow 
they initially walked, each subject consistently converged on 
one preferred walking speed.  
 
Our finding that it takes over 100 s to reach steady-state 
walking speed has important implications when determining 
and comparing preferred speeds. Current methods used to 
determine preferred speed commonly involve subjects walking 
a fairly short distance (5-30 m) [3]. Our results suggest that 
longer distance tests are necessary for subjects to converge to 
their true preferred walking speed. However, given that 
subjects rapidly get within 15% of their preferred speed, short 
distance tests might provide a convenient method to acquire a 
rough estimate of preferred walking speed. But, care has to be 
taken when comparing preferred speed estimates resulting 
from tests of different lengths.  
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INTRODUCTION 
Concussion is a complex pathophysiological process affecting 
the brain, induced by traumatic biomechanical forces [1]. It is 
estimated that over 300,000 concussion related sports injuries 
occur in the US, as sport involvement increases, there is an 
increased need for research to reduce prevalence and expedite 
recovery of concussion injuries [2,4]. Damage sustained from 
a concussion can result in lingering balance disturbances and 
vertigo [3]. Rehabilitation focused on the vestibular system 
has shown to improve balance performance post-concussion 
[5]. However, the role of the vestibular system in oculomotor 
control for stabilization and tracking post-concussion has been 
limited. The purpose of this research was to measure 
oculomotor behavior and the observed differences in post-
concussed and non-concussed athletes via gaze control during 
active balance assessment. The goal was to provide evidence 
for the use of gaze control in conjunction with balance 
assessment post-concussion.  
 
METHODS  
Nine post-concussion (PC) and nine non-concussed (NC) 
athletes performed 3 balance assessment trials while wearing a 
head mounted eye tracking system (Applied Science 
Laboratories, MA, USA). Balance performance was measured 
via Nintendo WiiFit® soccer heading game. This game is a 
comprehensive balance activity as it involves directing center 
of pressure in response to visual stimuli. Gaze stabilization 
was measured as the percent of time fixed on the center of the 
game screen. Gaze deviations from center of the screen were 
also recorded. Between subjects ANOVA were performed for 
gaze time on center, soccer game score, and gaze deviations 
from center. Additionally, Pearson Product correlations 
between gaze time on center and soccer game score were 
performed. Lastly, learning effects on the Wii soccer heading 
game over a three-week period (NC) and two-week period 
(PC) were investigated. Repeated measures ANOVA assessed 
differences in scores over the weeks in each group. For all 
statistics an alpha level of 0.05 was set a priori. 
 
RESULTS 
A significant correlation between gaze time on center and 
WiiFit soccer score was found. Non-concussed individuals had 

a positive correlation (r = 0.792, p = 0.011) while post-
concussed individuals had a negative correlation (r = -0.846, p 
= 0.004). No significant difference in Wii soccer score or time 
on center was found between PC and NC. However, deviations 
from gaze were significantly different PC (46.5±13.58) and 
NC (24.1±8.82, p < 0.001). Repeated measures for the 
learning effect of the Wii were significantly different from 
week 1, week 2, and week 3 (p < 0.001), yet, non-significant 
between week 1 and week 2 for PC individuals (p = 0.061). 
 
DISCUSSION & CONCLUSIONS 
Results indicate differences in oculomotor behavior during a 
comprehensive balance activity in concussed athletes. 
Concussed athletes directed gaze to the center of the screen, 
however scores were low, indicating less effective body 
responses to visual stimuli. Greater gaze deviations in 
concussed athletes from the center of the screen suggest a 
deficit in visual tracking or stabilization. In addition, NC 
participants demonstrated a significant learning effect during 
weekly play. In contrast, PC individuals did not significantly 
improve score over a two-week recovery period. The effect or 
strength of the learning component is still unknown; however, 
this effect points to an interesting area for further 
investigation. Overall, visually driven balance responses and 
assessing gaze may provide greater insight into dysfunction of 
the vestibular system in PC individuals. 
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Table 1: Post-Concussion (PC) and Non-Concussed (NC)  

  Correlation Wii Soccer 
Score 

Time on Center Gaze 
Deviations 

PC -0.846 94.90 (21.80) 64.20% 46.5 (13.58) 
NC 0.792 132.2 (25.57) 63.20% 24.1 (8.82) 
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INTRODUCTION 
Osteogenesis imperfecta (OI) is a genetic disorder that affects 
the production of type I collagen. A major characteristic of OI 
is bone fragility, caused in part by bone mass deficiency [1]. 
Impaired collagen network and abnormal mineralization have 
also been observed in OI [2,3], suggesting that bone material 
properties are also compromised. Little data, however, is yet 
available to describe bone material properties in OI. The 
objectives of this study were to measure and compare intrinsic 
elastic modulus (E) of bone tissue from young individuals with 
OI types I (mild) and III (severe), and to examine how this 
property varies between osteonal and interstitial regions. 
 
METHODS  
Per an IRB approved protocol (MU HR-2167), eleven 
osteotomy specimens were collected from long bones of ten 
individuals (ages 7-16 years) with OI: five with OI type I and 
five with type III. The specimens were dehydrated in ethanol 
and embedded in resin. The polished cross-sections were 
indented with a Nanoindenter XP (MTS, MN, USA), using a 
continuous stiffness measurement approach, in which a low 
magnitude oscillating force was superimposed onto a 
quasistatic force ramp. Frequency, amplitude, and strain rate 
were set as 45 Hz, 2 nm, and 0.05 s-1, respectively. E was 
averaged between indentation depths of 800 to 1600 nm. 
Twenty indentations were attempted in each specimen. Bone 
microstructure was observed at each indent site using a 
reflectance microscope. Indent sites were divided into two 
groups: osteonal and interstitial bone (Figure 1).  

 

 
Figure 1: Typical indentation sites. The specimen shown was 
obtained from the femur of a 12 year-old girl with OI type III. 
 
The effects of OI severity (OI types I/III) and lamellar 
microstructure (osteonal/interstitial) on E were analysed using 
a linear mixed model. Four covariates were explored: age, 
gender, site (femur/tibia), and history of bisphosphonate 
treatment (yes/no). Covariates and interactions that were found 
to be significant (p<0.05) were included in the final model. 
 
RESULTS 
Anatomic site (femur/tibia) had a significant effect on E, 
therefore this covariate was included in the final statistical 

model. Other covariates and interactions did not have a 
significant effect and these were not included in the model.  
 
OI severity, microstructure and anatomic site had significant 
effects on E (Table 1). Individuals with OI type III had lower 
mean E than those with type I by 1.2 GPa (approximately 7%). 
Osteonal regions had lower E than interstitial regions by 
approximately 13%. Finally, E was higher in the tibia than the 
femur by approximately 8%. 
 
Table 1: Results of the linear mixed model for E (GPa).  

 Coefficient SE P value 
(Intercept) 17.5 0.5 <0.001 
Severity = OI type III -1.2 0.5 0.024 
Microstructure = Osteonal -2.2 0.3 <0.001 
Anatomic site = Tibia 1.4 0.6 0.014 

 
DISCUSSION AND CONCLUSIONS 
Little is known about the material properties of bones in OI. In 
particular, bone properties have not yet been characterized for 
the most common form of OI, type I. The results of the current 
study indicate that bone tissue E is slightly lower in OI type III 
than in type I. Results also show that E values are lower in 
osteonal than interstitial regions. This difference is likely 
attributed to variations in local degrees of mineralization 
between these regions. 
 
Bisphosphonate treatments have become common in children 
with OI. In this study, patient history of such treatment was 
not found to have significant effect on E.  
 
A limitation of this study is that strength and toughness were 
not measured. Future research is therefore needed to determine 
how bone tissue strength and toughness are affected in OI, and 
if these properties are compromised by bisphosphonate 
treatment. 
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INTRODUCTION 

The compressive loading on the cervical spine results the 

activation of the neck muscles to counterbalance their impact 

on the posture of the joint. Wearing a helmet in many sports or 

military and work activities increases the compressive loading. 

The compressive load is estimated to range from 120 to 1200N 

[1]. In this current study and based on our finite element 

model, we aim to estimate the neck muscles net moment able 

to maintain the the head at four positions: neutral position, 10 

and 20deg head flexion and 10deg head extension. The 

compressive loading considered in this study varies from 40N 

to 100N with 20N incrementation. The 40N compressive 

loading is considered as the head weight.  

 

METHODS  

A 3D nonlinear head and neck (HN) complex finite element 

(FE) model was developed and constructed based on CT scans 

and MRI images. The FE model consists of bony structures 

and their cartilage facet joints, intervertebral discs and all the 

ligaments. The non-linear material properties for the ligaments 

were considered based on the study of Shim et al. [2]. The 

transverse ligament is modeled as a bundle and all the other 

ligaments are each modeled by a number of uniaxial elements 

with non-linear material properties. However, linear and 

homogenous properties for the annulus and nucleus and the 

cartilage were considered. The bony structures were 

considered as rigid due to their greater stiffness to the adjacent 

soft tissue structures. For stable unconstrained boundary 

conditions, T1 is fixed while the cervical vertebrae are left 

free. In order to quantify the effect of the compressive load at 

various angles of flexion-extension, two loading cases were 

considered. The first one consisted of the application of 

extension-flexion constrained angle to the centre of the mass 

of the head (CMH). Four head postures are considered: 0deg 

(neutral position), 10deg and 20deg of flexion and 10deg 

extension. In the second loading case, the angle of flexion-

extension is fixed however a compressive load was applied. 

The considered loadings are 40N, 60N, 80N and 100N.  

 
RESULTS 

The net moment developed by the neck muscles required to 

maintain the head at the desired posture under a compressive 

load was computed and presented in Figure 1. At 40N 

compressive load, the muscles need to develop a flexural 

moment of 392N.mm to maintain the head at 20deg flexion. 

This moment is extensive for the remaining three postures and 

reaches 23N, 231N and 384N at 10deg flexion, neutral posture 

and 10deg extension, respectively. In the case of the addition 

of 20N compressive load to the 40N head weight, all the 

required moments for all the studied postures become 

extensive. The maximum one was computed at 10deg head 

flexion. This trend changes for the two other cases, and the 

maximum required moment is computed at 20deg head flexion 

followed by 10deg head flexion, neutral position and 10deg 

head extension. Under a 100N compressive load, the moments 

of extension required to develop flexion of the head by 20deg, 

10deg and 0deg are 1700N.mm, 1311N.mm and 844N.mm, 

respectively. Note that the net moment developed by the 

muscles at 10deg head extension varies very slowly 

comparatively to the other head postures.  
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Figure 1: Required neck muscle net moments for various 

compressive load and head postures.  

 

DISCUSSION & CONCLUSIONS 

This study evaluated the effect of the compressive loading on 

the neck muscles activities in flexion and in extension. The 

compressive load applied to the CMH induces flexion moment 

due to the existing anterior lever arm of the CMH. However, a 

flexural moment need at 20deg head flexion can be explained 

by the resistance of the joint constituted by the facets contact 

and the ligaments. However, the other computed extensive 

moment may be explained by the fact that the compressive 

load applied to the CMH created a flexion moment more than 

it is needed. For that, the muscles tend to develop an extensive 

moment to counterbalance the created moment. The most 

variation of the muscles activities was computed at 20deg head 

flexion. At 10deg head extension, the variation of the muscles 

activities is the smaller one. This study may be a great interest 

to help the understanding of the musculoskeletal interactivity 

concerning the head and neck complex at various postures.    
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INTRODUCTION 

Rock climbing is becoming both accessible and popular 

amongst a broader population base [1].  This increasing 

participation has been matched by an increasing injury rate, 

particularly injuries to the distal upper extremity [2].  The 

most common climbing injuries occur in the finger flexor 

tendon pulleys, which can be overloaded to failure by acute 

excessive force in compromised finger postures [3].  Despite 

this risk, little is known about either variety or consistency of 

hand postures employed in climbing [4].  The purpose of this 

study was to qualify hand posture behaviours and force 

production amongst expert rock climbers.    

 

METHODS  

Thirteen expert climbers (self-report able to climb a 5.10a 

rated route; 7 male; 23.3 +/- 1.2 years old) performed grasping 

trials on 5 common indoor climbing holds (“pinch”, ”sloper”, 

“crimp”, “pocket”, “jug”) mounted 25 cm along the stationary 

horizontal lever arm of a Lido WorkSET II dynamometer (Fig. 

1; Loredan Biomedical).  Vertical height of the apparatus was 

set such that the middle phalange of the fully extended middle 

finger of the right hand just touched the hold anchor bolt while 

the subject was on both knees.  10 trials were performed per 

hold, with peak grasp moment measured in each while the 

subject rose from kneeling to standing while grasping the hold.  

Close-up images of grasp pattern were also video recorded in 

two planes (frontal from posterior, transverse from superior) 

for all trials, using an angled mirror [Fig. 1].  Force produced 

in each trial (as a percentage of body weight) was calculated 

for each subject, and subjects were sub-grouped for each hold 

type based on their preferred grasping pattern.  Mean force 

production for hold-specific sub-groups were determined and 

compared.     

 

 

 

 

Figure 1.   

Subject with grasp 

of “pocket” hold.  

Fixed angled mirror 

is visible above 

dynamometer 

apparatus. 

 

 
RESULTS 

Alternative grasping behaviours were observed for each hand 

hold type except the “jug” (Table 1).  Different grasp postures 

were also associated with different force production levels.  

Examples of climbing grasp behaviour alternatives for the 

pinch grip are shown in Figure 2. 

 
Figure 2.  Alternative grasp patterns for  “pinch” hold (l-r 

digits together, on top, index extended).  Group mean peak 

force production differed between grasp patterns by 10% BW. 

 

Table 2.  Grasp pattern sub-groups and subsequent force 

 production levels.   

 
DISCUSSION & CONCLUSIONS 

Expert climbers do employ different grasping patterns that 

produce different forces on different climbing holds.  The 

disparity in behaviour may reflect differences in learning, in 

ability, or in perception of appropriate grip force safety margin 

[5].   In situ or in vivo models of climbing grasp kinetics and 

finger flexor tendon pulley injury risks need to consider the 

variability of climbing grasp behaviour. 
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INTRODUCTION 

Anterior cruciate ligament (ACL) injuries are among the most 

severe knee injuries an athlete can sustain in sport[1]. 

Biomechanical analysis of sidestepping shows that both 

external valgus and internal rotation are elevated relative to 

straight line running; the same loading patterns shown to 

elevate ACL strain in cadaveric knee models[2,3]. Clinically 

relevant measures of upper body stability in the medial/lateral 

(ML) plane have been shown to be a predictor of ACL injuries 

in college level athletes[4]. Causal mechanisms that link upper 

body stability to the biomechanical factors associated with 

ACL injury risk have yet to be identified. The purpose of this 

investigation is to determine whether clinically relevant 

measures of upper body stability are associated with peak knee 

joint loading and subsequent ACL injury risk during non-

contact sidestepping sport tasks. 

 

METHODS 

The experimental design consisted of two phases, (1) a 

clinically relevant upper body stability assessment, and (2) the 

UWA sidestepping protocol [3,5]. Participants (Table 1) were 

exposed to five release perturbations in four directions at 40% 

of their maximal voluntary contraction (MVC) in the trunk 

segment’s flexion-extension (FE) and medial-lateral (ML) 

plane of motion. With the arms restrained to the trunk, the 

angular motion of the head, arms and trunk center of mass 

(HAT) following a release perturbation was recorded (Fig. 1). 

Peak knee moments across the weight acceptance phase 

during unplanned (UnSS) non-contact sidestepping tasks were 

also recorded. A backward linear stepwise regression was used 

to determine if HAT CoM angular displacement following a 

release perturbation was correlated with mean peak knee 

moments during UnSS. 

 

RESULTS AND DISCUSSION 

Significant correlations were shown between a combination of 

good lateral stability and poor extension stability with 

increased varus knee loading UnSS (p = 0.002, R
2
 =0.635) 

(Table 1). A positive correlation was observed between poor 

extension stability and increased flexion knee moments during 

UnSS (p = 0.016; R
2
 = 0.373) (Table 1). These results suggest 

that an athlete with poor stability in the FE plane will display 

elevated valgus and flexion knee moments during non-contact 

UnSS tasks. Adding to previous literature [4], these results 

show that upper body stability in the FE plane may be an 

important factor associated with ACL injury risk. 

 

 
 

Figure 1: An example of a release perturbation showing the 

movement of the CoM of each trunk segment. 

 

CONCLUSIONS 

Clinically relevant estimates of an athlete’s upper body 

stability can predict peak knee joint loading during non-

contact sidestepping sport tasks. Stability in the FE plane of 

motion was identified as the best predictor of peak knee 

moments in both the FE and ML planes. This is an important 

finding as ACL injury risk is the greatest when flexion 

moments are combined with frontal plane knee moments. 

Finally, results suggest that clinically relevant measures of 

upper body stability may be used as a screening tool to 

identify athletes at increased risk of ACL injury. 
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Table 1: Backward stepwise linear regression between peak mean knee loading (Nm.m
-1

.kg
-1

) recorded during UnSS and peak 

angular HAT CoM displacement following a release perturbation. 
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INTRODUCTION 
Robotic therapy, with its unique advantages over a human 

therapist, is an appealing option to minimize patients’ recovery 

time. Massed practice and means of amplifying its positive 

effectsvia a robotic interface (i.e., error augmentation of the 

patient’s reaching trajectory) has been extensively studied. 

However, even with utilizing suchneuro-rehabilitation 

paradigms, therapy robots still have two major challenges: 

sustaining the patient’s motivation to continue therapy and the 

need for a therapist to set up the therapy session based on each 
patient’s physical and emotional states. 

 

To overcome these limitations, we envision therapy robots that 

utilize a real-time decision-making algorithm to set the 

difficulty of the exercise based on emotional (psychological) 

state and motor performance. Such bio-cooperative systems 

will autonomously adjust the difficulty of the therapy task in 

order to reach a desired level of challenge, without causing 

stress or harm. We believe this approach will result in a longer 

engagement in the therapy regimen and a more intense 

workout. This paper presents the fundamentals of such a 
system. 

 

METHODS  
In [1,2] subjects were asked to reach for visually presented 

targets by moving a cursor to the target points via a haptic 

manipulandum (Figure 1). To study how subjects learn to 

reach, a rotation between the end-effector coordinates and the 

display coordinates was implemented, initially making it 

harder to reach for the targets. These studies showed that the 

learning will be faster if the initial reaching trajectory error 

was additionally augmented (visually or via haptics). This type 

of massed practice with trajectory error augmentation leads to 
persistent functional changes for hemispheral post-stroke 

subjects [3]. 

 

 
Figure 1: Reaching for visual targets via a robotic interface  

 

Building on results of [1,2], we have conducted a preliminary 

study in which massed practice was replicated. To assess the 

affective state of the subject during reaching tasks with 

different levels of coordinate rotation, Skin Conductance 

Response (SCR) data of the subject were collected.  

 

RESULTS 
The top row of Figure 2 shows the trajectory-following 

performance over time: upon first exposure to the rotation, 

trajectory errors are large, followed by learning to reach in the 

distorted environment, and finally adaptation by the subject to 

the rotation (the errors grow large in the opposite direction 

when the rotation is turned off). Sudden changes in SCR data 

(bottom row of Figure 2) indicate a clear sign of the subject’s 

orienting response to a change in task challenge. This 
preliminary study indicates a correlation between the 

physiological signals (i.e., subject’s affective state), 

performance (i.e., trajectory error), and the rehabilitation task 

challenge (i.e., activation/deactivation of the rotation), and 

thus the possibility of designing a bio-cooperative 

rehabilitation robotic system. 

 

 
Figure 1: Top:  a subject’s trajectory in different stages of the 

experiment. Bottom: the subject’s skin conductance response 
measured during the experiment. 

 

DISCUSSION & CONCLUSION 
In this paper, we present a future vision of robotic therapy: to 

shift from human-based to robotic-based therapy sessions, we 

need robotic therapist assistants that are more emotionally 

responsive. We believe that the first step toward autonomous 

robot therapists is to make the robots responsive to the 

patient’s affective state. Our proposed novel interface, which 

encompasses real-time use of the subject’s physiological data 

and performance, is aimed at reaching this vision. 
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INTRODUCTION  

Biomechanical factors such as stiffness, strength and strain 

distribution of bones are the key factors in determining bone 

adaptation, osteoporosis and fractures [1]. During the past 

decades, scientists have been trying to describe the 

relationship between bone strain and its osteogenic responses 

quantitatively. However, only a few studies have examined 

bone strains under physiological condition in humans, owing 

to technical difficulty and ethical restrictions [2]. While the 

femur has been extensively investigated, little information is 

available about the strain  distribution in the tibia [1]. In 

passive ankle under axial loading, contact-stress changes in 

response to alterations of external load involve reproducible 

and specific patterns to maintain ankle stability [3]. The 

specific geometry of the joint surface makes various loading 

patterns in kinematic of  locomotion during a gait cycle. In this 

study load transferring via ankle joint has been investigated by 

measuring strain distribution on the tibia in varius angles when 

loading was applied upward same as real walking.  
 

METHODS 

In order to assess strain distribution on tibia bone and the load 

transferring via ankle joint to tibia, six sensors (3 axis TML 

rosette strain gauge) mounted on the sub-layer of the 

periosteom on the tibia bone of  an intact cadaver foot (a 46 

years old male cadaver). The sensors arranged by two on 

anterior side, two on posterior, one on the medial, and the 

other one on the lateral side of tibia. Positions of the sensors 

were selected according to anatomical landmarks on the distal 

of tibia nearest place on the top of the joint capsule. Almost 

the whole capsule and ligaments’ compartments were 

remained intact. The opposite strain gauges were placed on the 

same height in anterior and posterior, as well as in medial and 

lateral sides of tibia. Also, for all the sensors, the first axis, 

which is specified on the sensors, was placed along the bone 

shaft. In order to simulate a gait cycle, the ankle joint were 

mounted on a specific fixture which was designed and 

manufactured for this purpose (see Fig.1) in order to provide 

the joint various range of motions. The load was increased 

from 0N to 1000N in about 70 seconds and was applied from 

the bottom and then decreased gradually to 0N. The test was 

carried out in five different positions: 1- level position (0
◦
), 2- 

Plantar flexion (30
◦
), 3- Dorsi flexion (20

◦
), 4- Inversion (15

◦
), 

and 5- Eversion (15
◦
).      

Data were collected by the specified time interval from the all 

axis of the sensors simultaneously, and compared in various 

angles of the joint. 
 

RESULTS 

Strain distribution during loading and unloading can be seen in 

fig.2. Acquired strains from medial, antromedial, antrolateral, 

lateral, postrolateral and postromedial sensors were as 414, 

528, 334, 843, 52, and 282 microstrain, respectively and all 

compressive. Strains in various positions of the ankle show 

significant changes in relation to the level (planti-grade) 

position. For instance, in the dorsi flexion, strain distribution 

reduced significantly in medial and antromedial and increased 

in the lateral and antrolateral sides of tibia. These 

consequential changes demonstrated in other positions 

compared to level position, as well. 

 
Fig.1: Data acquisition in planti-grade position. Fasten belts (1); 

inversion / eversion axis (2); adjustment screw (3); plantar flexion / 

dorsi flexion axis (4); strain gauge sensor mounted on anterior aspect 

of tibia (5) 

 

Fig.2: Loading-unloading strain pattern on the lateral side of the tibia 

DISCUSSION AND CONCLUSION 
Based on our results, it can be concluded that strain 

distribution on tibia is so sensitive to the ankle joint angle and 

also its surface geometry. Almost the changes in various 

positions are not predictable. As in inversion position, strain 

intensity is in antromedial side but in eversion position, it 

purely transferred to the lateral side.   
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INTRODUCTION 
Adding mass to the feet or shoes increases energetic demand: 
~1% for each 100grams added per foot [1,2].  However, 
several studies indicate that running with lightweight shoes 
has an equivalent energetic cost as running barefoot (Figure 
1). Frederick et al. [3] hypothesized that this could be 
explained if running barefoot involves a greater “cost of 
cushioning” which counteracts the energy savings due to 
eliminating shoe mass. Here, we directly tested Frederick et 
al.’s hypothesis. 

 
Figure 1: Summary of previous studies. Solid squares = 
p<0.05 vs. barefoot; open squares = p>0.05. 
 
METHODS  
11 experienced barefoot runners ran at 3.35 m/s with a mid-
foot strike pattern on a Quinton 18-60 motorized treadmill 
which has a rigid steel deck. Subjects ran unshod on the 
normal belt and with 10 mm and 20 mm thick slabs of 
ethylene-vinyl acetate (EVA) foam affixed to the treadmill 
belt (Figure 2). We calculated metabolic power (W/kg) from 

rates of oxygen consumption and carbon dioxide production. 
Figure 2: Treadmill equipped with EVA foam slats. 
 
RESULTS 
Despite considerable individual variability, metabolic cost for 
unshod running was on average 1.83% (SE +/- 0.67%) cheaper 

on the 10 mm foam compared to the rigid surface (p=0.027).  
The reduction in metabolic cost on the 20mm thick surface 
was not statistically significant (0.92% +/- 0.90% p=0.322).  
 
DISCUSSION & CONCLUSIONS 
Our results support the cost of cushioning hypothesis. When 
total foot + shoe mass is equalized, using shoes generally 
requires 3-4% less energy than unshod running [2]. 
Cushioning cannot explain all of that difference (Figure 3).  
Unshod running elicits a faster stride frequency which could 
explain ~0.4% difference if the relationship between stride 
frequency and energetic cost is independent of footwear.  
Other aspects of shoe construction (heel lift, arch support and 
sole flex/return) may be advantageous and explain the 
remaining difference in energetic cost. 

 
Figure 3: Graph combines results of the present study and 
those of Franz et al. [2]. 
 
To date, running barefoot and in lightweight, cushioned shoes 
are energetically similar; the advantages and disadvantages 
counterbalance each other.  Perhaps even lighter shoes will tip 
the balance in the future. 
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INTRODUCTION 
Injury causation is a central issue in many personal injury 
lawsuits. To succeed in a personal injury suit, the plaintiff 
must prove that the forces applied to their body by the 
defendant’s action (or inaction) caused or materially 
contributed to their injury. In response to the plaintiff’s claim, 
the defendant can show that either the forces were insufficient 
to cause the plaintiff’s injury, or the forces applied during 
some other event or activity better explain the injury. Thus 
both the plaintiff and defendant require experts qualified to 
analyze injury causation. In this article, I describe the 
qualifications expected of an injury biomechanics expert and 
how the analyses of injury biomechanics are conducted. 
 
QUALIFICATIONS  
Over the last decade, some courts have limited accident 
reconstruction engineers from opining about injuries because 
they lack training in anatomy, physiology and injury 
mechanics. Medical doctors have similarly been limited from 
opining about biomechanics because they lack training in 
engineering mechanics, dynamics and tissue response. The 
resulting void has been filled by individuals who are trained in 
both engineering mechanics and tissue response. Based on 
event-related information generated by accident reconstruction 
engineers and injury diagnoses provided by medical doctors, 
the injury biomechanist can calculate the forces applied to the 
body and compare these forces to the tolerance for specific 
diagnosed injuries. 
 
BIOMECHANICAL ANALYSES  
Biomechanical analyses of injury examine the causal 
relationship between a specific event or loading scenario and a 
specific set of diagnosed injuries. A summary of the injuries is 
drawn from the medical records and reports, and in the case of 
car crashes, data regarding the crash direction and severity is 
drawn from the collision reconstruction report. Thus 
biomechanical analyses rely on the evidence of other experts, 
and accurate reconstructions and diagnoses are needed for 
sound biomechanical analyses. 
 
The biomechanical analysis of each injury in question consists 
of two main steps: mechanism and magnitude. To assess 
injury mechanism, the point of application and direction of the 
forces/moments applied to the body are first determined for 
each event in question. This information is then compared to 
the point of application and direction of the forces/moments 
required to cause each injury. 
 

 
If the point of application and direction of the applied and 
required forces/moments do not match, then a mechanism for 
the diagnosed injury does not exist and the injury was not 
caused by the event in question. If, however, the point of 
application and direction of the applied and required 
forces/moments do match, then a mechanism for the diagnosed 
injury exists and the analysis proceeds to the magnitude step. 
 
To perform the second step of a biomechanical analysis, the 
magnitude of the forces/moments applied to or through the 
injured tissue is calculated for each event in question. The 
magnitude of the applied force/moment is called the exposure, 
and the threshold force/moment, above which an injury 
occurs, is called the tolerance. The tolerance values are drawn 
from scientific studies published in the peer-reviewed 
literature. If the exposure is greater than or equal to the 
tolerance, then the injury is consistent with the event. 
Alternatively, if the exposure is less than the tolerance, then 
the injury is not related to the event in question. 
 
Although the mechanism and magnitude analyses are 
relatively simple in theory, there are numerous factors that can 
complicate an injury biomechanics analysis. First, the medical 
diagnosis is sometimes unclear, particularly for soft-tissue 
injuries where the specific tissue injury responsible for the 
plaintiff’s symptoms is often not identified. Second, the 
forces/moments applied to the occupant may be difficult to 
calculate, either because of the nature of the event (e.g., 
rollover collisions) or the lack of scientific data. Third, the 
tolerance values for some diagnosed injuries or conditions 
(e.g., fibromyalgia or carpal tunnel syndrome) and the 
tolerance values for individuals with some pre-existing 
conditions are not known. And finally, there is considerable 
variation in the tolerance values for many injuries. Thus the 
quality of the diagnosis and the state of the science for a 
specific injury play a large role in the quality of the answer an 
injury biomechanist can provide regarding injury causation. 
 
SUMMARY 
Individuals with training in engineering mechanics and tissue 
response have the necessary qualifications to be qualified as an 
expert in injury biomechanics. A comparison of the plaintiff’s 
tissue exposure to the published injury tolerance of that tissue 
can help prove or refute the causal relationship between a 
specific diagnosed injury and the events alleged to have 
caused it. 
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Omnipresent variability is likely amongst the first and most 
common confounders most biomechanists encounter when 
investigating human kinematics, kinetics, and the behaviour 
of the musculoskeletal system when performing activities. 
This is reflected by the pervasiveness of statistical analyses 
in biomechanical research, and the large magnitudes of 
variability in most biophysical measures. 
 
In the subset of tasks deemed occupational, which can be 
rather inclusive depending on the definition, multiple sources 
of variability combine to complicate work task analyses and 
occupational design approaches, but are not always 
considered. Focusing on physical ergonomics, three major 
umbrella categories of occupational variability are: 1) 
variability in task performance – i.e. how a person performs 
a specified task; 2) variability in tissue response– i.e. how 
different persons are affected by common task requirements; 
and 3) variability in exposure – i.e. how different tasks or 
subtasks have different requirements. These sources interact 
to produce many potential injury or overexposure scenarios. 
 
The issue of variability and potential injury is exemplified by 
considering subacromial impingement as a successor to 
shoulder muscle fatigue. In this previously published study 
(Chopp et al., 2010), a relatively homogenous group of 
young male subjects were exercised to fatigue through 
performance of a specified task that included overhead work 
and internal and external axial humeral rotation. Humeral 
superior migration, which has been linked to rotator cuff 
damage, was measured with radiographs at several arm 
elevation angles. The variability in response is dramatic 
(Figure 1).  
 

 
Fig. 1. Variation in humeral head migration following a fatiguing 
protocol across angles. Outliers (+/- 2 SD) are indicated by circles, 
individual data points by diamonds, and standard errors by the 
shaded areas. Adapted from [1]. 
 
Consideration of the mean response elicits only moderate 
concern at most elevation angles, but individual responses 
are alarming in some cases. This is shown by overlapping 
reported distributions (estimated from empirical data [1,2]) 

of humeral excursion magnitudes along with reported 
available subacromial width (Figure 2). Further, this example 
focuses on two variability sources: biological (congenital) 
musculoskeletal geometry and fatigue response, which are a 
subset of the possibilities. Indeed, despite highly controlling 
specific exposures and the subject population, high 
variability still existed. Other sources indicate even higher 
levels of variability [3,4]. Additionally, this data was pooled 
over arm angles, and understates the potential for injury 
under specific conditions. 
 

 
Fig. 2. A comparison between estimated distributions of humeral 
migration (solid line, left) and available subacromial distance 
(dotted line, right). The overlapping portion of the distributions 
represent scenarios where tissue compression would likely occur. 
 
This symposium brings together researchers from across 
Canada to discuss variability within the three areas of 
variability indicated. First, Dr. Dickerson (Waterloo) will 
describe techniques and approaches to accounting for 
variability in occupational biomechanical analysis, and 
indicate how common such methods are. Secondly, Dr. 
Hubley-Kozey (Dalhousie) will speak to variability of 
exertion performance, specifically in a return-to-work 
framework. Third, Dr. Kier (McMaster) will provide 
commentary on variability in tissue response to load, with a 
focus on the carpal tunnel. Fourth, Dr. Beach will detail 
differences in occupational exposure in a set of firefighting 
tasks, and implications for musculoskeletal risk exposure. 
The symposium will conclude with a panel discussion in 
which the current state and future of accounting for 
variability in occupational biomechanics will be discussed. 
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INTRODUCTION 
Biomechatronic devices, such as robotic prostheses and 
exoskeletons, show promise for restoration and rehabilitation 
of human biomechanical performance [1,2]. Development has 
been made slow and inefficient, however, by the need for new 
designs of high-performance, autonomous devices prior to 
testing benefits of proposed functionalities. This high cost, 
often requiring years of design and refinement, has severely 
limited exploration within and across intervention strategies. 
 
Laboratory testbeds, by contrast, have often been used as 
versatile exploratory tools in basic research on, e.g., human 
neuromechanics [3]. Such systems typically serve as probes, 
requiring only moderate mechatronic performance to gain 
useful insights. With improved fidelity, perhaps such tools 
could also be used to emulate specialized, wearable robots [4]. 
 
MECHATRONIC DESIGN 
We have developed a testbed suitable for rapid assessment of 
gait interventions. This system (Figure 1) comprises: i. power-
ful motor and control hardware, ii. a flexible tether, and iii. 
lightweight, instrumented end-effector(s) worn by a person. 
Off-board motor control components can be large and heavy, 
allowing simpler designs with higher performance. Only one 
drive and tether is needed for a wide variety of end-effectors. 
These light, wearable elements can take any form, with design 
made simple by leveraging off-board power. A single end-
effector, such as an ankle-foot prosthesis, can emulate many 
control behaviors and mechanical elements. 
 
A Testbed elements

tether

motor

prosthesis

control
emulation

B Prosthesis end-effector C Prototype used in pilot study

series spring
heel spring

transmission

toe segment
connector

toe motion

encoders

 
Figure 1: Experimental biomechatronic testbed.  
 
We used an electric motor drive and a Bowden cable tether, 
and designed two ankle end-effectors, one prosthesis and one 
orthosis. A 1.6 kW 3-phase AC servomotor (Baldor Co.) is 
commanded by a 1GHz control package (dSPACE). Power is 
transmitted through a 3 m Bowden cable with 0.006 m Vectran 
cable. Each end-effector uses a fiberglass leaf spring for series 
elasticity while transforming cable tension into joint torque 
(Figure 1). Ankle joint angles are measured directly, while 
joint torque is inferred either from spring deflection or strain.  

SYSTEM PERFORMANCE 
We performed a series of benchtop tests to gage mechatronic 
performance, and found significant improvements over prior 
platforms (Table 1). In particular, this system has an unusual 
combination of low worn mass and high closed-loop torque 
bandwidth, key to emulation of specialized biomechatronic 
devices. We also performed walking trials to gage dynamic 
torque control and versatility. For example, we applied an 
impedance law relating joint angle and velocity to desired 
torque, and widely varied net ankle work (Figure 2).  
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Figure 2: Impedance-based torque tracking during walking. 
 
APPLICATIONS 
We will use these ankle simulators to investigate the effects of 
robotic prosthesis and orthosis design on human energy use, 
stability, and adaptation. In one pilot study, we systematically 
varied net ankle work and measured metabolic cost. Increased 
ankle push-off work could reduce human energy cost [2,3], but 
also requires larger, heavier motors and batteries, or shorter 
range, in autonomous devices. Delineating this trade-off will 
inform autonomous designs that suit targeted patient groups. 
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Table 1: Mechatronic performance determined from benchtop tests. The best values collected from other lower-limb 

biomechatronic devices are provided for reference. * These are from a variety of tethered and un-tethered systems at various joints. 
 Worn Mass (kg) Bandwidth (Hz) Torque (N·m) Power (peak, W) 

Prosthesis testbed 0.86 12 225 800 
Best reported values * 1.37 7.5 175 630 
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INTRODUCTION 
Adding mass to the feet or shoes increases energetic demand: 
~1% for each 100grams added per foot [1,2].  However, 
several studies indicate that running with lightweight shoes 
has an equivalent energetic cost as running barefoot (Figure 
1). Frederick et al. [3] hypothesized that this could be 
explained if running barefoot involves a greater “cost of 
cushioning” which counteracts the energy savings due to 
eliminating shoe mass. Here, we directly tested Frederick et 
al.’s hypothesis. 

 
Figure 1: Summary of previous studies. Solid squares = 
p<0.05 vs. barefoot; open squares = p>0.05. 
 
METHODS  
11 experienced barefoot runners ran at 3.35 m/s with a mid-
foot strike pattern on a Quinton 18-60 motorized treadmill 
which has a rigid steel deck. Subjects ran unshod on the 
normal belt and with 10 mm and 20 mm thick slabs of 
ethylene-vinyl acetate (EVA) foam affixed to the treadmill 
belt (Figure 2). We calculated metabolic power (W/kg) from 

rates of oxygen consumption and carbon dioxide production. 
Figure 2: Treadmill equipped with EVA foam slats. 
 
RESULTS 
Despite considerable individual variability, metabolic cost for 
unshod running was on average 1.83% (SE +/- 0.67%) cheaper 

on the 10 mm foam compared to the rigid surface (p=0.027).  
The reduction in metabolic cost on the 20mm thick surface 
was not statistically significant (0.92% +/- 0.90% p=0.322).  
 
DISCUSSION & CONCLUSIONS 
Our results support the cost of cushioning hypothesis. When 
total foot + shoe mass is equalized, using shoes generally 
requires 3-4% less energy than unshod running [2]. 
Cushioning cannot explain all of that difference (Figure 3).  
Unshod running elicits a faster stride frequency which could 
explain ~0.4% difference if the relationship between stride 
frequency and energetic cost is independent of footwear.  
Other aspects of shoe construction (heel lift, arch support and 
sole flex/return) may be advantageous and explain the 
remaining difference in energetic cost. 

 
Figure 3: Graph combines results of the present study and 
those of Franz et al. [2]. 
 
To date, running barefoot and in lightweight, cushioned shoes 
are energetically similar; the advantages and disadvantages 
counterbalance each other.  Perhaps even lighter shoes will tip 
the balance in the future. 
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INTRODUCTION 
The Road Safety and Motor Vehicle Regulation Directorate of 
Transport Canada has a mandate to regulate the safety of new 
vehicles in Canada.  As part of this effort, Transport Canada 
conducts a research program focused on real-world collisions.  
The field investigations are conducted by various contractors 
throughout Canada.  The authors of this paper conduct the 
field work for the Alberta region.  The goal of the program is 
to reduce the societal costs of fatalities, injuries, and property 
damage resulting from motor vehicle collisions.  A 
comprehensive analysis and reconstruction of the collision 
events of each case is conducted in order to understand various 
aspects of the crash such as occupant kinematics, injury 
causation, and the role of restraint systems in injury severity. 
 
METHODS  
The research program currently includes studies investigating 
four areas: advanced airbags, side impacts, rear occupant 
protection, and special investigations such as school bus 
collisions and child restraint performance.  These studies are 
pertinent to the monitoring of current and future regulations.  
Collisions meeting the study criteria are identified through the 
media and collaboration with Alberta police forces.  Collision 
investigations include documentation of the collision site, 
description and measurement of vehicle exterior damage and 
occupant compartment intrusion, identification of occupant 
contact points and witness marks on occupant restraint 
systems, and the retrieval of crash data from supported 
vehicles’ electronic control modules.  Investigators also 
interview the case vehicle occupant(s) of primary interest in 
order to document occupant anthropometric and demographic 
information, pre-collision occupant positioning, restraint 
usage, and injury details.  Additional analysis may include 
analysis and reconstruction of vehicle dynamics, occupant 
kinematics, collision severity, occupant injury mechanisms, 
and evaluation of the collision performance of relevant motor 
vehicle safety standards. 
 
Two brief case studies will be presented to highlight occupant 
injury mechanisms. 
 
RESULTS 
The first case involved a collision between a school bus and a 
dump truck (Figure 1).  The collision occurred on the right 
shoulder of an urban roadway.  The dump truck was parked on 
the side of the road and the school bus was approaching the 
dump truck from the rear.  The right front corner and right side 
of the school bus struck the left rear corner and left side of the 
dump truck box.  A portion of the right side of the bus was 
separated from the vehicle and there was extensive intrusion 
into the occupant compartment of the bus.  Eleven students 

were on the school bus at the time of the collision.  A 9-year-
old student seated near the front right side of the bus sustained 
fatal injuries due to occupant compartment intrusion.   
 

 
 
Figure 1: School bus exterior damage  
 
The second case involved an urban, side-impact collision 
between a four-door hatchback and a two-door coupe (Figure 
2).  The collision took place at an urban intersection.  The 
coupe was travelling westbound through an intersection when 
the southbound hatchback attempted to make a left turn in 
front of it.  The front end of the coupe struck the left side of 
the hatchback.    The driver of the hatchback was the sole 
occupant of the vehicle.  The vehicle was equipped with side 
torso, side curtain, and front airbags, all of which deployed in 
the collision.  The seatbelted driver of the hatchback sustained 
multiple injuries due to contact with the left side interior of the 
vehicle.  
 

 
 
Figure 2: Four-door hatchback exterior damage 
 
DISCUSSION 
This data is used by Transport Canada to conduct Canada-
wide, ongoing investigations into real-world motor vehicle 
collisions.  These investigations provide important information 
regarding the effectiveness of current safety standards and data 
to evaluate the needs and potential of new safety devices. 
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INTRODUCTION 

The worlds of litigation-related biomechanical injury 

reconstruction is vastly different but undeniably and closely 

linked to the world of academic injury biomechanics research. 

We will document some of the ways that these two fields are 

linked and can inform each other through case studies and 

discussion.  

 

BACKGROUND 

In a typical litigation biomechanical engineering 

reconstruction the biomechanical engineer is retained by a 

lawyer to answer one or more questions related to the specific 

mechanism of a particular injury that occurred and led to a 

lawsuit. Questions such as “was the vehicle occupant seat 

belted”, “which of the two occupants was driving when the 

incident occurred”, “was the occupant injured before or after 

being ejected from the vehicle” or “could the bicycle helmet 

have prevented the cervical spine and spinal cord injury 

documented in Figure 1 are examples of this context.  

 

To answer these questions the biomechanical engineer uses a 

variety of tools including, first, an in depth analysis of the 

evidence from the subject incident and then injury databases, 

computer models, and published academic injury 

biomechanics studies in which the injury mechanisms of the 

body part(s) that were injured in the subject incident are 

studied in detail.    

 

This is different than laboratory injury biomechanics research 

because: 1. The biomechanical engineer has no choice in what 

type of injury they will be asked to analyze 2. The timeline 

and scope of the project is well defined and often short 3. The 

injury occurred in the “real world” in a living person. This is 

very different than academic research because in the 

laboratory : 1. The injury to be studied is selected by the 

researcher 2. The projects can sometimes involve long 

timelines and 3.Injuries are often studied using cadaver 

specimens, crash test dummies or computational models – all 

of these are models of the in vivo injury but none of them can 

replicate the real-world conditions that the injury 

biomechanics consultant is faced with. 

 

Because of the relative youth of the biomechanical 

engineering field and complexity and heterogeneity of human 

injury it often happens that data necessary (i.e. cadaver, 

surrogate or computational models of the injury event) for the 

litigation-related biomechanical reconstruction is not available 

for the injury reconstruction. This can serve to indicate poorly 

understood injury mechanisms and this in turn can act as 

motivation to design a laboratory study around the mechanism 

of interest.   

 
METHODS 

We will use case studies to demonstrate how a litigation 

related analysis would proceed and to demonstrate some 

examples of data that is not available from previous laboratory 

studies.  

 

There is an example in the figure 1 below. In this head first 

impact, the person was traveling with sufficient velocity and 

energy to fracture the cervical spine in the manner shown and 

this is associated with a bone fragment contacting the spinal 

cord and causing spinal cord injury. An example law suit 

would be for an injured individual to sue the football 

manufacture and claim that the helmet was defective because 

it did not protect the neck.  

 

 
Figure 1: Mechanism of cervical spine and spinal cord injury 

in head-first impact. When the head hits the ground or another 

object and stops the neck is asked to halt the momentum of the 

torso.  

 

DISCUSSION & CONCLUSIONS 

We will use the case studies and context described to 

demonstrate current gaps in the injury biomechanics data and 

discuss how these weaknesses in the available data can be 

exploited to make high impact contributions to the engineering 

and scientific knowledge on specific injuries and novel 

methods to prevent them.    
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INTRODUCTION 
It is now clear that many significant and medically relevant 
biological processes (for example, muscle (re)generation, stem 
cell differentiation and cancer metastasis) can be modulated 
and controlled through mechanical forces arising in the 
microenvironment (ME). It is also evident that the immediate 
response of a cell to mechanical force is complex cytoskeletal 
and nuclear deformation, organelle movements and focal 
adhesion remodelling which all takes place far upstream any 
other biological events. Our work has demonstrated how cells 
display extremely complex responses to mechanical forces and 
often exhibit unexpected time-dependent anisotropic 
mechanical properties that are intimately linked to cell 
function [1]. The dynamic mechanical properties of cells 
during physiological processes, such as mitosis, metastasis and 
cell death [2-4], also play an important regulatory role 
 
METHODS  
We employ a variety of cell line models to study the earliest 
effects of mechanical stimulation on living cells in health and 
disease. In general, my laboratory focuses on the effects of 
physical force on mouse embryonic stem cell fate, the 
differentiation of muscle precursor cells into myotubes, and 
the onset and progression of cancer metastasis. Details of cell 
lines have been described previously [1-4]. 
 
In order to study the effects of local mechanical stimulation 
we combine Atomic Force microscopy (AFM) (JPK 
NanoWizard II), Optical Stretching, Planar Bi-Axial 
Stretching and Traction Force Microscopy with simultaneous 
high-speed confocal (Nikon TiE-A1R), phase contrast and 
fluorescence microscopies (Nikon TiE). Cells expressing 
fluorescently tagged structures of interest (cytoskeleton, 
nucleus, plasma membrane, focal adhesions, etc) are placed in 
these commercial and custom-built devices and are subjected 
to nano/micro-indentation or physical stretch while 
simultaneously imaging stress-induced sub-cellular 
deformation and force propagation. 
 
Computational image tracking routines written in my lab are 
used to quantify and characterize the response of cells to 
physical force. Combined with optical approaches, such as 
photobleaching, we quantify the nanoscale deformation ad 
response of living cells to physical stimuli with high spatial 
and temporal resolution. 
 
RESULTS 
In this talk I will describe our work utilizing a variety of 
biophysical tools to investigate the dynamic and timescale 
dependent mechanical properties of cells. In combination with 

molecular biology and physical/computational approaches we 
physically touch and mechanically stimulate living cells in 
order to examine the transmission of force through the 
cytoarchitecture (plasma membrane, cytoskeleton, focal 
adhesions and the nucleus), which results in complex elastic 
and viscoelastic three‐dimensional relaxation and remodelling. 
 

 
Figure 1: An AFM cantilever touching and mechanically 
stimulating a living cell expressing EGFP-Actin [1] (scale bar 
= 15 µm). For more information see www.pellinglab.net  
 
DISCUSSION & CONCLUSIONS 
Physical forces and the mechanical properties of cells and their 
microenvironment, play a critical role in cell biology. The 
mechanical properties of cells are distinctly controlled by time 
and cell type dependent mechanisms that, in turn, are governed 
by the mechanical microenvironment. The interesting physical 
response of cells to mechanical stimuli is not merely a 
side‐product of biology but is a key component of a biological 
and physical feedback loop governing the life of a cell. 
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INTRODUCTION 

Soft tissue vibrations within the human body have attracted the 

interest of scientists in the last decade. These vibrations are 

typically heavily damped and it has been shown that the 

magnitude of damping is related to the muscular activation 

during a movement task. Thus, the damping coefficient can be 

used to estimate the work needed to cope with tissue 

vibrations. However, the role of damping in terms of comfort 

and efficiency is not yet clear. The purpose of the current 

study was to quantify the damping coefficient of the medial 

gastrocnemius during shod and barefoot running for a 

preferred and a non-preferred strike pattern. It was 

hypothesized that the preferred strike pattern represents a more 

comfortable and efficient movement and thus, would 

demonstrate lower damping coefficients.  

 

METHODS  

12 healthy, male subjects performed two treadmill running 

conditions (shod and barefoot) with a comfortable preferred 

and a less comfortable non-preferred strike pattern (Table 1). 

Vibrations were measured from the tissue package overlying 

the muscle belly of the medial gastrocnemius using an 

accelerometer. Acceleration data was recorded at a sampling 

frequency of 2400Hz. Prior to data collection the subject was 

given a three minute warm up period in order to familiarize 

with treadmill running. 20 consecutive steps were analyzed for 

each condition. A wavelet transform [1] of the raw 

acceleration signal was computed to analyze the exponential 

decay of the signal power. Taking the logarithm yielded a 

linear slope for the exponential decay. The magnitude of 

damping for each step was determined using a least square 

minimization algorithm. A repeated measures ANOVA (α = 

0.05) with Bonferroni correction was used for statistical 

analysis. 

 

RESULTS 

Results are normalized to the preferred shod condition (light 

blue). Across all twelve subjects shod running in the non-

preferred strike pattern resulted in an increase of 93.3% in the 

damping coefficient compared to the preferred movement. For 

the barefoot condition, there was no significant difference in 

damping between preferred and non-preferred strike pattern. 

On average the difference between shod and barefoot running 

within the midfoot/forefoot strike pattern was 64.77% while 

the rearfoot strike pattern yielded an average difference of 

33.36% (Figure 1). Comparing both preferred strike patterns 

the shod condition showed a lower damping coefficient with 

an average difference of 28.53%. 

 
Figure 1: Comparisons between barefoot rearfoot (dark blue), 

shod rearfoot (light blue), barefoot forefoot (red) and shod 

forefoot (orange) running conditions. Data is illustrated as 

means ± SD of 240 steps. 

 

DISCUSSION AND CONCLUSIONS 

For three out of four comparisons the subjects presented lower 

damping coefficients for the preferred strike pattern. Based on 

these results it seems that a lower damping coefficient is 

related to a natural comfortable movement. A preferred strike 

pattern is presumably related to optimizing the energy of the 

movement. Based on this hypothesis it might be that lower 

damping is linked to a more efficient and thus more 

comfortable movement. Comparing shod rearfoot (light blue) 

and barefoot forefoot (red), while both the preferred strike 

pattern for the given condition, shod running showed a lower 

damping coefficient. This may be due to the fact that subjects 

were shod runners and not especially trained for barefoot 

running. It still remains unknown if barefoot damping is lower 

compared to shod damping for trained barefoot runners. 

Concluding it seems that there is no condition (barefoot vs. 

shod) which is favourable overall in terms of damping. It 

rather depends on the chosen strike pattern and on the fact to 

potentially minimize the energy expenditure throughout a 

movement pattern.  
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Table 1: The preferred and non-preferred strike patterns for barefoot and shod running for the recruited subjects. 

Shod Condition I Shod Condition II Barefoot Condition I Barefoot Condition II 

Shod Rearfoot Shod Forefoot Barefoot Rearfoot Barefoot Forefoot 

Preferred  Non-preferred Non-preferred Preferred 
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INTRODUCTION 

The discussion about barefoot and shod running has expanded 

into the biomechanical research circles and many claims are 

made about possible advantages and/or disadvantages of one 

mode of running over the other. The purpose of this paper is to 

discuss some of these claims critically. 

 

CLAIM 1: 

Barefoot running is associated with toe-landing while shod 

running with heel-landing.  

This claim is not correct. It has been shown [1, 2] that the 

landing pattern is subject specific and influenced by the 

surface, the shoe, the running speed and the individual’s past 

activity (Fig. 1). 
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Figure 1: Frequency of forefoot and heel landing when 

jogging, running and sprinting barefoot on asphalt or grass for 

12 subjects. (Data from [2]). 

CLAIM 2: 

Forces during barefoot running are smaller than during shod 

running.  

This comment is possibly made because the external vertical 

impact forces are smaller than the corresponding forces during 

heel landing. However, the forces that are relevant in this 

context are the internal forces. Internal forces can be estimated 

using a free body diagram. These calculations show (a) the 

active forces are the same, (b) the impact forces in the ankle 

joint are about the same. The impact forces in the muscle-

tendon units of the lower extremities are shifted (e.g. from 

triceps surae to tibialis anterior) but that their magnitudes are 

about the same [1]. 

 

CLAIM 3: 

Barefoot running is associated with fewer injuries than shod 

running.  

There is no study that is known to the author that shows 

conclusively that (a) people running barefoot or (b) people 

landing on the heel have fewer injuries than people running 

with shoes or landing on the forefoot. 

 

CLAIM 4: 

Barefoot running needs less energy than shod running.  

This aspect is discussed in more detail in two papers from two 

different research groups [3, 4]. In summary, there are many 

factors that influence the energy balance and some of them are 

not well understood. 

 

CLAIM 5: 

Barefoot running provides more training for the muscles 

crossing the ankle joint than shod running.  

Multi-muscle pattern for the small muscles crossing the ankle 

joint suggest that (a) the activity of these muscles is smaller 

for running than for side-shuffling and that (b) the activity 

during running may be higher for shod than for barefoot 

running. 

 

 
 

Figure 2: Illustration of the multi-muscle pattern around the 

ankle joint for one subject running in barefoot (left) running in 

shoes (center) and the difference plot of these two intensities 

(right). 
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INTRODUCTION 
The constraint of constant volume for a contracting 
muscle cell implies a radial expansion that occurs 
during axial shortening will lead to increases in the 
radial spacing of the lattice of myofilaments.  That 
change in filament spacing, in turn, can have a 
profound effect on the attachment rate of cross-
bridges [1].  At the same time, cross-bridges 
attaching to thin filaments and generating axial 
(longitudinal) forces and may simultaneously 
restrict the extent to which the filament lattice can 
expand or contract in the radial direction as muscle 
shortens.  This leads to an unexplored interaction 
between force generation, muscle shortening, and 
radial changes in the geometry of the contractile 
machinery.  
While the current evidence suggests lattice spacing 
changes are small in intact muscle fibers, data were 
derived from very small strains in the flight 
muscles of Drosophila[2].  In other animals, much 
larger muscle strains accompany movement.  As 
such we examined radial changes in the lattice of 
the flight muscle of the hawk-moth Manduca sexta. 
We used high speed time resolved X-ray 
diffraction to directly measure the time course of 
changes in filament spacing as a function both the 
length of muscle and the timing of activation.  
 
METHODS 
To examine the interaction between muscle 
activation, axial strain, and myofilament radial 
spacing, we adapted a work-loop apparatus for 
simultaneous measurement of force, electrical 
activation, and length [3].  Intact flight muscle was 
subject to 25 Hz sinusoidal length changes with 
phase-controlled electrical stimulation and placed 
in the direct line of the x-ray source of the 
Synchrotron at the Argonne National Labs. A 
shutter synced to the stimulus allowing permitting 
5 images per cycle for 100 cycles. Images were 
phase averaged and the location of intensity peaks 
permitted direct calculation of myofilament 
spacing.    Under the constant volume assumption, 
our null hypothesis is that myofilament spacing 
would increase in inverse proportion to the square 
root of the length.   
  
 
 
 

RESULTS and DISCUSSION 
The predicted changes in myofilament spacing (the 
d10 spacing)  depended slightly on phase of 
activation because of the interaction between 
muscle force and the motor controlling muscle 
length.  Interestingly, the measured lattice spacing 
(1) strongly reflected activation timing and (2) 
varied considerably during the cycle of shortening 
and lengthening and (3) did not follow the pattern 
predicted by a constant volume assumption.   

 
Three key issues arise from these data.  (1) Large 
changes in lattice spacing suggest that models of 
cross-bridge force generation should consider 
radial separation of thick and thin filaments; (2) 
cross-bridges may restrict the expansion of the 
filament lattice and may experience considerable 
radial force; and (3) the mismatch between 
measured and predicted radial motions of 
myofilaments indicates that there is fluid 
movement between subcellular compartments that 
has not been considered in the mechanics and 
energetics of force generation by muscle.  Finally, 
radial tensions may play a key role in elastic 
energy storage for insect flight. 
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New Computational Models for Musculoskeletal Simulation in Three Dimensions
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Introduction

Models of musculoskeletal systems are constrained not only by ex-
perimental data but also by the technology available to make pre-
dictions with these models. The technology includes not only the
computer hardware used to simulate these models but also the math-
ematical formulation of the models in the form of software. Limi-
tations of modeling technology can have a subtle but inexorable in-
fluence on how we view complex biomechanical phenomena. Two
broad types of models currently in use are: (1) models of large scale
musculoskeletal dynamics, involving multiple joints and muscles
(e.g., models developed using OpenSim [Delp et al. 2007]); (2)
models of muscle deformation in contact with other muscles (e.g.,
using finite element models). Both types of models have been well
studied, and mature software is available.

In this thematic presentation, we will describe new computational
approaches that may address some of the current limitations of
these types of models.

Musculoskeletal dynamics

Most current models of musculoskeletal biomechanics extend the
multibody dynamics models developed in robotics by adding ab-
stract muscles, so that muscle activations can be used as a more nat-
ural input. This is now the standard approach in biomechanics. The
muscle is abstract because it has no mass and only serves to com-
pute the joint torques via the muscle’s “moment arm”. While these
serve a useful purpose, the underlying architecture imposes two sig-
nificant limitations for simulating dynamics. First, as pointed out in
[Pai 2010], since muscles are massless in these models, with their
mass lumped with a body segment, the computed joint inertias (and
potentially all aspects of dynamics) are inaccurate. For example,
to move the most distal joint of your finger, you must move not
only the mass of the tiny distal phalanx, but also the mass of larger
muscles in the forearm which are connected to it. This is not ac-
counted for in the standard approach. Second, the moment arm is
a useful concept when a muscle has a simple action, but this is not
true for many muscles, e.g., the lumbricals and others that insert
in the tendon network of the finger. Even though an instantaneous
but time-varying moment arm could be defined in these cases, it no
longer provides a parsimonious description of the muscle action.

To address these and other challenges we have introduced a new
technique for representing the fiber-like structure of biological
tissues using thin elastic solids called “strands” that can curve
and make contact in 3D, but can be efficiently simulated [Sueda
et al. 2008]. Using strands we have modeled the dynamics of
the hand with 54 musculotendons and 17 bones. We have also
constructed a 3D model of the dynamics of the oculomotor sys-
tem, including muscles and connective tissue pulleys [Wei et al.
2010]. Recently we addressed the challenge of discretizing highly
constrained strands (e.g., tendon in a sheath) by introducing new
reduced-coordinate and Eulerian nodes [Sueda et al. 2011].

Muscle Deformation in Contact

Models of muscle deformation are usually discretized using La-
grangian finite elements (FEM) (e.g., [Blemker and Delp 2005]).

FEM models are very general in principle, but can have significant
computational cost and modeling complexity, especially if dynam-
ics, contact, and large deformations are required. In addition to the
difficulties in detecting close contact, such as that between adja-
cent muscles, methods relying on Lagrangian discretizations must
handle degenerate cases by explicitly remeshing the deformed ob-
ject. Fully dynamic FEM simulations have therefore been limited
to small numbers of muscles and joints.

We recently introduced a new Eulerian discretization to address
these limitations [Levin et al. 2011]. Eulerian methods, which dis-
cretize space itself, provide an interesting alternative due to the
fixed nature of the discretization. Our method features a contact
detection and resolution scheme which does not require explicit sur-
face tracking to achieve accurate contact response. Time-stepping
with contact is performed by the efficient solution of large sparse
quadratic programs; this avoids constraint sticking and other dif-
ficulties. Simulation and collision processing can share the same
uniform grid, making the algorithm easy to parallelize. We have
demonstrated an implementation of all the steps of the algorithm
on GPUs (commodity many core parallel computers). The method
is effective for simulation of complicated contact scenarios involv-
ing multiple highly deformable objects, and can directly simulate
volumetric models obtained from medical imaging techniques such
as CT and MRI. Work on modeling muscle with this new frame-
work is in progress.

Conclusion

We have introduced two new modeling technologies motivated by
the needs of 3D musculoskeletal modeling. Even though both these
technologies are in their infancy, they may enable fresh insights into
the biomechanics of the musculoskeletal system.

References
BLEMKER, S. S., AND DELP, S. L. 2005. Three-dimensional
representation of complex muscle architectures and geometries.
Annals of Biomedical Engineering 33, 5, 661–673.
DELP, S. L., ET AL. 2007. OpenSim: open-source software to
create and analyze dynamic simulations of movement. IEEE Trans
Biomed Eng 54, 1940–1950.
LEVIN, D. I. W., LITVEN, J., JONES, G. L., SUEDA, S., AND
PAI, D. K. 2011. Eulerian solid simulation with contact. ACM
Transactions on Graphics (Proc. SIGGRAPH) 30, 4, 36:1–36:10.
PAI, D. K. 2010. Muscle mass in musculoskeletal mod-
els. J. Biomechanics 43, 11 (August), 2093–2098. DOI:
10.1016/j.jbiomech.2010.04.004.
SUEDA, S., KAUFMAN, A., AND PAI, D. K. 2008. Musculo-
tendon simulation for hand animation. ACM Trans. Graph. (Proc.
SIGGRAPH) 27, 3, 83:1–83:8.
SUEDA, S., JONES, G. L., LEVIN, D. I. W., AND PAI, D. K.
2011. Large-scale dynamic simulation of highly constrained
strands. ACM Transactions on Graphics (Proc. SIGGRAPH) 30,
4, 39:1–39:9.
WEI, Q., SUEDA, S., AND PAI, D. K. 2010. Physically-based
modeling and simulation of extraocular muscles. Progress in Bio-
physics & Molecular Biology 103, 2-3 (December), 273–283.



COLLISION RELATED STEERING WHEEL INTERACTION CASE STUDIES 
Jarrod W Carter 

Origin Engineering LLC, Liberty Lake, WA, USA; jc@oerecon.com 
 
INTRODUCTION	  

Two case studies are presented that involve interactions 
between the occupant and the steering wheel during a 
collision.  In one case the occupant sustained a shoulder injury 
and in the other the occupant sustained a facial/head injury.  
These case studies will focus on the nature of the evidence 
(vehicle interior and occupant) with some limited development 
of quantitative data.  It is hoped that the reader will appreciate 
the attention to detail required to establish the injury 
mechanisms in these cases. 

METHODS	  

The cases presented here are typical of intersection and head-
on collisions that occur regularly on roadways.  For each case 
study presented detailed exterior and interior inspections were 
conducted for the vehicle of interest.  Additionally, thorough 
medical record reviews were conducted for each driver. 

Crash severity was defined based on the exterior inspection 
and expressed as a velocity change (ΔV) along a Principal 
Direction of Force (PDoF).  Interior contacts/interactions for 
the driver were developed through a detailed interior 
inspection focusing on the clearly damaged steering wheel.  
Finally, the crash environment, the driver’s interactions with 
the interior, and the injuries sustained by the driver were 
correlated to determine a case-specific mechanism of injury. 

RESULTS	  

Case 1 – This case involved a 1991 Hyundai Excel 2-door 
hatchback and a 1983 Mercury Cougar 2-door coupe.  The 
Cougar ran a stop sign at an intersection and the Excel struck 
the left side of the Cougar with its front end.  As a result of the 
impact the Excel sustained an ~20 mph ΔV with a PDoF range 
from 12 to 1 o’clock.  An inspection of the passive restraint 
revealed evidence of loading on the torso portion in the form 
of web-grabber marks.  The steering wheel ring was heavily 
deformed (Figure 1), there were depressions/indentations to 
the trailing aspect of the instrument cluster shroud, and there 
was also deformation of the driver’s knee bolster.  The 78 year 
old male driver had signs of torso belt usage, without signs of 
lap belt usage.  He also sustained a full thickness tear of the 
supraspinatus tendon of his right shoulder along with, a mid-
body sternal fracture, and multiple left and right rib fractures. 

Case 2 – This case involved a 2001 Ford Taurus 4-door sedan 
that was impacted nearly head-on by a 1992 Mazda Miata 2-
door roadster.  As a result of the collision the Taurus sustained 
an ~30 mph ΔV with a PDoF of between 11 and 12 o’clock.  
The driver’s airbag did not deploy.  There was heavy evidence 
of occupant loading on the driver’s restraint.  Further, the hub-
to-column bracket was fractured.  A peculiar inverted u-
shaped cut was found on the steering wheel ring (Figure 2).  
The 55 year old male driver had signs of restraint usage and 
had sustained a facial injury with exposure and truncation of 
the nasal bone.  Additionally, a small intraparenchymal brain 
hemorrhage was noted along with diffuse chest wall pain and 
two right rib fractures. 

DISCUSSION	  

Case 1 – Careful correlation of the evidence on the restraint, 
knee bolster, steering wheel ring, and instrument cluster 
shroud demonstrated that the driver was in a normal seated 
position with both hands near the top of the steering wheel 
ring and bracing for impact.  During the impact his failure to 
use the lap belt allowed his pelvis and lower extremities to 
move forward engaging the knee bolster.  Use of the passive 
torso belt resulted in the mid-body sternal fracture and 
bilateral rib fractures.  By bracing against the upper portion of 
the steering wheel ring the driver forced the ring to bend 
forward about the spokes (Figure 1), which allowed his 
knuckles to indent the instrument shroud.  Moreover, the 
forces required to bend the ring (~ 200 to 300 lbs based on a 
component test) overloaded the supraspinatus tendon in the 
driver’s right shoulder. 

Case 2 – As a result of the significant crash forces the driver 
heavily loaded his three point restraint and applied substantial 
load to the steering wheel through his arms and torso.  As a 
result his head and neck were flexed forward to the point 
where the steering wheel ring engaged his face across the 
bridge of his nose.  The soft-tissues and cartilage overlying the 
nasal opening were displaced toward the left side of his face 
and the upper portion of the nasal opening cut through the 
soft-tissues and cut the steering wheel ring.  The u-shaped cut 
to the steering wheel ring (Figure 2) matched the size and 
shape of the upper portion of the nasal opening.  On close 
examination a fragment of bone was found embedded in the 
ring, consistent with the truncation of the nasal bone. 

 
Figure 1: Photo of the deformed steering wheel for Case 1. 

 
Figure 2: Photo of the peculiar u-shaped cut in the steering 

wheel ring from Case 2. 
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Although musculoskeletal disorder causation is multi-factorial, 
strong links have been established epidemiologically between 
occupational low-back loading demands, pain reporting, and 
injuries [1].  Controlling low-back loading exposures in the 
workplace could therefore play an important role in the 
prevention and management of low-back disorders (LBD). 
 
While logical in principle to regulate peak or cumulative low-
back loading demands through job (re-)design, it is currently 
impractical to acquire load-time histories in most work 
environments given current knowledge and technology.  As a 
consequence, occupational biomechanists and ergonomists 
must rely on information garnered from relatively short-
duration observations or experiments, often conducted in 
artificial laboratory settings, wherein data from a limited 
number of subjects are aggregated to yield “representative” 
exposure data. However, internal musculoskeletal loading 
demands are highly sensitive to personal movement strategies 
[2], and thus inter- and intra-individual variability in low-back 
loading patterns is commonly observed [3], even when 
external task and environmental characteristics are held 
constant [4]. In dynamic and unpredictable work (e.g., 
emergency response operations), the number of available 
movement solutions could vary considerably as changing 
personal, environmental, and task constraints interact to shape 
and guide movement behaviour [5].  Data from an unpublished 
study are included in Fig. 1 to illustrate the degree to which 
peak low-back loading levels can vary between and within 
individuals under fixed task and environmental constraints. 
 

 
 

Fig.1. Peak low-back compression forces during a laboratory-
simulated equipment handling task that was performed by 48 
career firefighters (S01–S48). A dynamic biomechanical model 
was used to quantify L4/L5 forces while the firefighters lifted a 
24.7 kg crate three times. Data presented are the mean values 
calculated across three repetitions for each firefighter; error 
bars represent the standard deviation for each firefighter. The 
group mean (solid line) ± standard deviation (dashed lines) is 
also displayed. 

Given inherent links between movement strategies and internal 
musculoskeletal loading patterns, it is not surprising that low-
back loading demands vary within and between individuals 
performing identical tasks.  The human movement system is 
endowed with numerous biomechanical degrees-of-freedom, 
and thus motor task objectives may be satisfied using many 
different patterns of coordination and control.  This flexibility 
is advantageous because task goals can be achieved even if 
characteristics of individual performers (e.g., fatigue) or their 
surroundings (e.g., ambient light/temperature) are fluctuating 
[5].  The variability in low-back loading patterns that would 
result from such flexible and adaptable movement behaviour, 
however, poses a challenge for occupational biomechanists 
and ergonomists in that representative exposure data becomes 
more difficult to define.  Indeed, even in a laboratory setting 
with standardized measurements and instructions, there may 
be few performers who exhibit a consistent or “average” low-
back loading response to fixed task demands (Fig. 1). 
 
Viewed differently, appreciating that movement and low-back 
loading patterns are variable may encourage novel analyses 
and alternative interpretations of work-related mechanical 
exposure data. It has been hypothesized, for instance, that 
variable movement behaviour could aid in the maintenance of 
musculoskeletal health by reducing the likelihood of suffering 
chronic injuries [6]. From this perspective, it may be that 
characteristics of the low-back loading variability itself are 
important to consider in the prevention and management of 
LBD; there are a variety of analytical tools that may be 
suitable for this purpose [7].  Future studies incorporating such 
techniques are warranted, especially in cases where data 
aggregation results in an average response that is different 
from those of the individual subjects [e.g., 8]. 
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Human tissue tolerance data is widely used to provide a basis 
for acceptable limits in ergonomics and guidelines for 
rehabilitation.  Variability in tissue tolerance is inherently 
accepted in population estimates but concerns arise with 
applications involving individuals during rehabilitation, return 
to work, or forensics.  Due to the destructive nature of testing, 
tolerance estimates based cadaveric tissue samples are the 
norm.  Some tissues, such as the lumbar spine, have been 
heavily studied and, in spite of considerable variability, show 
strong relationships with age and sex.  Anatomical regions 
such as the carpal tunnel are comprised of many different 
tissues including ligaments, osseous complexes, and tissues 

running through the tunnel (nerve, tendon and sub-synovial 
connective tissue).  The mode of injury differs for each of 
these tissues and because disorders of the wrist tend to develop 
over time, ultimate strength is rarely tested.  However, 
stiffness of the carpal tunnel has been determined in vivo and 
in more detail with cadaveric wrists.  Perhaps the most studied 
aspect of the carpal tunnel is carpal tunnel pressure which is 
dependent on the properties of the transverse carpal ligament 
and the properties of its contents.  Interpreting the tissue 
properties as they relate to injury mechanisms relies on 
understanding the sources and magnitudes of variability.     
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In the area of occupational health and safety, biomechanics 
research has been valuable to understand injury mechanisms, 
the development of standards and is now beginning to develop 
objective metrics that are predictive of injury and re-injury. 
While psychosocial factors need to be considered, there is 
ample evidence as to the importance of understanding 
biomechanical factors in many injuries, in particular those of a 
musculoskeletal nature.   Disorders of the lower back continue 
to be the most prevalent musculoskeletal problem worldwide 
with a significant financial burden being related to direct and 
indirect costs.  The focus of this presentation is to discuss 
whether objective metrics based on biomechanical and 
neuromuscular factors could improve assessment of recovery 
and potentially help predict low back re-injury.  
 
The most costly low back disorders are those that are chronic, 
and research shows that chronic low back pain is often the 
result of repeat injuries.  While 90% of low back injuries 
resolve themselves with respect to pain, up to 62 % of all cases 
will re-injure within a year. This suggests that criteria for 
return to work (RTW) have poor predictive validity or that 
return to work is devoid of the risk for re-injury. RTW criteria 
are based on intrinsic and extrinsic factors to the worker.  
Intrinsic assessments (the focus of this presentation) are often 
based on self-reports of symptoms (pain) and functional 
disability, with objective assessments involving a myriad of 
functional capacity evaluations that have been used 
extensively since the early 1990s to determine readiness to 
RTW.  The latter are time consuming and costly, with recent 
studies showing that the predictive value of these tests for 
recovery and re-injury is poor.  Major limitations exist for self-
reports as well, since pain is a complex phenomenon that is 
affected by variables that are not directly related to physiology 

or biomechanics, including psychological and sociological 
factors.  Accurate self-report of “tolerance” or of function is 
difficult and even healthy individuals have been shown to not 
estimate lifting loads accurately.  When pain is present (such 
as in a chronic low back disorder population) the ability to 
perform tasks, rating of pain and exhibits of pain behaviours 
are altered.  This begs the question as whether we have 
accurate measures of recovery following an episodic low back 
injury or pain episode, and whether these outcome measures 
provide the information needed to make decisions on recovery 
and RTW. Current measures capture perceptions and 
outcomes but not biological changes associated with a low 
back injury/pain episode. While a task can be performed with 
minimal visible variability, it can be produced by an infinite 
combination of muscle activation patterns.  
 
Metrics that capture physiological changes might provide a 
more objective assessment of recovery and may be predictive 
of re-injury. Given the importance of the trunk musculature to 
spinal function, measures based on electromyography 
recordings offer an opportunity to link physiology and 
biomechanics during functional task performance.  A number 
of studies have found differences in a myriad of features taken 
from electromyographic recordings between those with 
chronic low back injury/pain and controls; but would it not be 
more informative to examine low back pain before it becomes 
chronic?  This would require examining those with a low back 
problem earlier in the injury process, to begin to understand 
recovery and thus determine predictive capabilities of those 
metrics related to re-injury. This area has been understudied 
and the present state of the literature will be presented. What is 
evident is that clinicians, case workers and even injured 
workers want more objective specific information.  
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Abstract	  
There	  have	  been	  many	  ways	  to	  interpret	  neural	  activity	  in	  primary	  motor	  cortex	  with	  the	  
last	   25	   years	   largely	   focused	   on	   identifying	   neural	   representations	   (i.e.	   muscles	   versus	  
movements).	   The	   results	   highlight	   myriad	   representations	   are	   present	   with	   little	  
consensus	   on	   what	   this	   means.	   Recent	   theories	   based	   on	   optimal	   control	   have	   been	  
influential	   for	   interpreting	   voluntary	   control	   and	   emphasize	   the	   importance	   of	   online	  
sensory	   feedback	   for	   guiding	  motor	   action.	  My	   talk	  will	   describe	   our	   recent	   studies	   that	  
highlight	   the	   sophistication	   of	   online	   control	   including	   knowledge	   of	   limb	   mechanics,	  
scaling	  to	  spatial	  target	  location,	  and	  avoidance	  of	  obstacles	  in	  the	  environment.	  As	  well,	  I	  
will	   highlight	   how	  primary	  motor	   cortex	   provides	   a	   key	   role	   in	   this	   sophisticated	   use	   of	  
sensory	  feedback	  to	  guide	  motor	  action.	  
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Abstract	  
Millions	   of	   people	   take	   drugs	   for	   osteoporosis,	   but	   millions	   of	   osteoporotic	   fractures	  
continue	   to	   occur.	   Thus,	   there	   remains	   a	   need	   to	   better	   understand	   the	  mechanisms	   by	  
which	   bone	   deteriorates	   with	   age	   and	   disease,	   and	   how	   drug	   treatments	   alter	   bone	  
strength.	  There	   is	  also	  a	  need	  to	   improve	  clinical	  assessment	  of	  bone	  strength	  for	  elderly	  
orthopaedic	  surgery	  patients.	   In	   this	  context,	   I	  will	  discuss	  recent	  research	  on	   the	  micro-‐
mechanical	   failure	   mechanisms	   of	   trabecular	   bone	   and	   whole	   bones,	   and	   how	   we	   are	  
translating	  this	  research	  to	  a	  clinically	  deployable	  technology.	  At	  the	  core	  of	  this	  technology	  
is	  biomechanical	  analysis	  of	  medical	  images,	  ranging	  from	  high-‐resolution	  micro-‐CT	  scans	  
to	   rather	   coarse	   clinical	   scans.	   I	   will	   discuss	   some	   of	   the	   challenges	   encountered	   in	  
translating	  this	  technology	  “from	  bench	  to	  beside”	  and	  how	  this	  general	  approach	   is	  now	  
being	  extended	  to	  a	  very	  different	  clinical	  application	  —	  patient-‐specific	  analysis	  of	  blood	  
flow	  in	  stroke	  patients	  for	  their	  clinical	  management.	  
	  
Bio	  
Tony	   M.	   Keaveny	   is	   Professor	   of	   Mechanical	   Engineering	   and	  
Bioengineering	  at	  the	  University	  of	  California	  at	  Berkeley	  and	  director	  
of	   the	   Berkeley	   Orthopaedic	   Biomechanics	   Laboratory.	   An	   expert	   in	  
bone	   biomechanics,	   osteoporosis,	   finite	   element	   modeling,	   and	   the	  
biomechanics	   of	   bone-‐implant	   systems,	   Dr.	   Keaveny	   has	   published	  
numerous	  articles	  in	  such	  journals	  as	  the	  Journal	  of	  Bone	  and	  Mineral	  
Research,	   Bone,	   Spine,	   Journal	   of	   Orthopaedic	   Research,	   Journal	   of	  
Biomechanics,	  Journal	  of	  Biomechanical	  Engineering,	  and	  is	  co-‐author	  
of	  the	  textbook	  “Orthopaedic	  Biomechanics:	  Mechanics	  and	  Design	  in	  
Musculoskeletal	   Systems”.	   Dr.	   Keaveny	   has	   served	   as	   Principal	  
Investigator	   on	   numerous	   grants	   funded	   by	   NIH,	   NSF,	   The	   Whitaker	   Foundation,	   and	  
various	   industrial	  entities,	  and	  is	  the	  recipient	  of	  the	  Y.C.	  Fung	  Young	  Investigator	  Award	  
and	  the	  Van	  C.	  Mow	  Medal,	  both	  from	  the	  ASME	  Bioengineering	  Division.	  A	  keen	  advocate	  
of	   translational	   research,	   in	   2004	   Dr.	   Keaveny	   founded	   O.N.	   Diagnostics	   in	   Berkeley,	  
California,	  to	  translate	  some	  of	  his	  laboratory	  research	  at	  UC	  Berkeley	  into	  clinical	  practice.	  
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Abstract	  
Understanding	   the	   coevolutionary	   process	   that	   led	   to	   organisms	   as	   we	   know	   them	   is	  
critical	  to	  understanding	  their	   function,	  dysfunction	  and	  rehabilitation.	   In	  recent	  decades,	  
this	  scientific	  endeavor	  has	  been	  dominated	  by	  the	  perspective	  that	  muscle	  redundancy	  is	  
the	   central	   problem	   of	  motor	   control.	   	   Therefore	   the	   "problem"	   the	   brain	   solves	   is	   cast	  
explicitly	  and/or	  implicitly	  as	  one	  of	  neural	  computation	  needed	  to	  select	  viable	  solutions	  
from	  the	  many	  allowed	  by	  the	  redundancy/adaptability	  that	  comes	  from	  having	  "too	  many"	  
redundant	   or	   overcomplete	   muscles	   or	   joints.	   However	   valuable	   and	   informative,	   this	  
perspective	  is	  also	  paradoxical	  with	  respect	  to	  the	  evolutionary	  process,	  the	  clinical	  reality	  
that	  even	  mild	  injury	  leads	  to	  measurable	  dysfunction,	  and	  a	  rigorous	  mechanical	  analysis	  
of	  complex	  systems	  and	  complex	  behavior.	  I	  will	  describe	  my	  personal	  journey	  in	  the	  study	  
of	   sensorimotor	   function	   (biased	   towards	   mechanics,	   computational	   motor	   control,	  
mathematics	   and	   clinical	   problems)	   that	   has	   allowed	  me	   and	   others	   in	   related	   fields	   to	  
articulate	  the	  problem	  of	  motor	  control	   in	  a	  way	  that	  resolves	  these	  apparent	  paradoxes.	  
Namely,	  that	  vertebrates	  have	  barely	  enough	  muscles	  to	  meet	  the	  mechanical	  requirements	  
of	  real-‐world	  ecological	  task.	  
	  
Bio	  
Francisco	   J.	  Valero-‐Cuevas	  was	  born	   in	  Mexico	  City	  and	  received	   the	  
B.S.	  degree	   in	  engineering	   from	  Swarthmore	  College	  (1988),	  and	   the	  
M.S.	   and	   Ph.D.	   degrees	   in	   mechanical	   engineering	   from	   Queen’s	  
University,	  Kingston,	  Ontario,	  Canada	  (with	  Caroline	  Small,	  1991)	  and	  
Stanford	  University	  (with	  Felix	  Zajac,	  1997),	  respectively.	  
	  
He	   is	   Professor	   at	   the	   Department	   of	   Biomedical	   Engineering,	   and	  
Division	   of	   Biokinesiology	   and	   Physical	   Therapy,	   University	   of	   Southern	   California	  
(USC).	  	  He	  was	  previously	  Assistant	  and	  Tenured	  Associate	  Professor	  at	  the	  Sibley	  School	  of	  
Mechanical	  and	  Aerospace	  Engineering	  at	  Cornell	  University.	  	  In	  2012-‐13	  he	  will	  be	  Visiting	  
Professor	  at	  the	  Swiss	  Federal	  Institute	  of	  Technology	  (ETH)	  Zurich,	  Department	  of	  Health	  
Sciences	  and	  Technologies;	  and	  the	  University	  of	  Innsbruck,	  Department	  of	  Sport	  Sciences.	  
	  
His	   research	   interests	   focus	  on	   combining	   engineering,	   computational	  methods,	   robotics,	  
applied	  mathematics,	  and	  neuroscience	  to	  understand	  function	   in	  organismal	  and	  robotic	  
systems	  for	  basic	  science,	  engineering,	  and	  clinical	  applications.	  
	  
He	   is	   currenlty	   	  PI	  of	  NIH	   funded	  projects,	   the	  NSF-‐EFRI	  project	   to	  Reverse	  Engineer	   the	  
Brain's	   Control	   of	   the	  Hand,	   as	  well	   as	   Thrust	   Leader	   for	   the	  Rehabilitation	   Engineering	  
Research	   Center	   at	   USC	   centered	   on	   Optimizing	   Participation	   Through	   Technology	   for	  
People	  Aging	  with	  and	  Into	  a	  Disability.	  
	  



Prof.	   Valero-‐Cuevas	   is	   member	   of	   the	   ASME,	   IEEE	   Engineering	   in	   Medicine	   and	   Biology	  
Society,	  the	  American	  and	  International	  Societies	  of	  Biomechanics,	  the	  American	  Society	  of	  
Mechanical	  Engineers,	  the	  Society	  for	  Neuroscience,	  and	  the	  Society	  for	  the	  Neural	  Control	  
of	  Movement.	  
	  
He	   has	   received	   the	   Mellon	   Undergraduate	   Mentorship	   Award	   (2012),	   a	   Research	  
Fellowships	   from	   the	   Alexander	   von	   Humboldt	   Foundation	   to	   work	   at	   the	   Max	   Planck	  
Institute	   in	  Munich	   (2005),	   the	  Post-‐	  Doctoral	  Young	  Scientist	  Award	   from	   the	  American	  
Society	  of	  Biomechanics	   (2003),	   the	  Faculty	  Early	  Career	  Development	  Program	  CAREER	  
Award	  from	  the	  National	  Science	  Foundation	  (2003),	  the	  Innovation	  Prize	  from	  the	  State	  of	  
Tyrol	   in	  Austria	  (1999),	  a	  Fellowship	  from	  the	  Thomas	  J.	  Watson	  Foundation	  (1988),	  and	  
was	  elected	  Associate	  Member	  of	  the	  Scientific	  Research	  Society	  Sigma-‐Xi	  (1988).	  
	  
He	   has	   served	   as	   Associate	   Editor	   for	   the	   IEEE	   Transactions	   on	   Biomedical	   Engineering	  
from	   2003	   to	   2008,	   and	   as	   a	   regular	   member	   of	   the	   Motor	   Function,	   Speech	   and	  
Rehabilitation	  (MFSR)	  Study	  Section	  of	  the	  National	  Institutes	  of	  Health	  from	  2004	  to	  2009.	  
	  



THE ROLE OF BIOMECHANICS IN INFORMING EQUIPMENT DESIGN AND RULES TO PREVENT HEAD 
INJURY IN SPORTS 
 
Saturday, June 9 
12:45-1:50 PM 
Images Theatre 
Simon Fraser University (Burnaby campus) 
 
Helmets save lives daily in cycling, skiing, hockey and football. At the same time, growing understanding and concern 
about the frequency and consequences of concussion and other head injuries in sport is driving the need for 
improved helmet design and rule changes. Our moderated expert panel will address the role of biomechanics in in the 
design of improved protective equipment and rules to prevent head injuries in sport. 
 
Moderator: Carolyn J. Sparrey, Ph.D., P.Eng, Assistant Professor, Mechatronic Systems Engineering, Simon 
Fraser University; Principal Investigator, ICORD 
 
 

FROM THE LAB TO THE FIELD: TRANSLATING BIOMECHANICAL RESEARCH TO 
REDUCE CONCUSSIONS IN SPORTS 
 
Steven Rowson, Ph.D., Assistant Professor, Center for Injury Biomechanics, Virginia 
Tech, Blacksburg, VA, USA 
 
Abstract: This presentation will discuss how biomechanical studies can inform equipment 
design and rule changes to reduce the incidence of concussion in sports. I will highlight 
examples of translational research at Virginia Tech where studies have directly led to new 
helmet designs and the implementation of rule changes in football leagues. Furthermore, I will 
describe how these fundamental principles have applications across all sports. 
 

Speaker background: Dr. Steven Rowsonʼs research in the Virginia Tech – Wake Forest Center for Injury 
Biomechanics focuses on investigating the human tolerance to impact loading, with particular emphasis on 
concussion. In 2011, he developed the STAR Evaluation System, which evaluates the ability of football helmets to 
reduce the probability of concussion, and disseminates the results to the public so that consumers can make 
informed decisions when purchasing helmets. This work has resulted in a paradigm shift in the way consumers 
purchase helmets, as well as how helmets are designed. 
 

CONCUSSIONS AND HELMETS: IS THERE AN ALTERNATIVE TO MORE AND BETTER 
PADDING THAT CAN MAKE A DIFFERENCE? 
 
Peter A. Cripton, Ph.D., P.Eng., Associate Professor and Patrick Campbell Chair in 
Mechanical Design, Departments of Mechanical Engineering and Orthopaedics, The 
University of British Columbia. 
 
Abstract: In this presentation I will give an overview of current state-of-the-art helmets and 
technologies that are being marketed or that are under development to provide improved 
protection against concussions. I will critically review helmet standards and helmet research in 
the context of concussion protection. I will also discuss the ongoing contentious debate about 
bicycle helmet efficacy and discuss what biomechanics has brought and can bring to this 

debate. 
 
Speaker background: Dr. Peter Cripton's research is focused on injury prevention and neurotrauma. He and one of 
his PhD students, Tim Nelson, co-invented a novel helmet that incorporates features to provide improved protection 
against concussion and spinal cord injuries in head-first impacts. He is actively working towards commercialization of 
this helmet with local entrepreneurs and a Vancouver based start-up company. He is also leading a retrospective 
trauma analysis for the Whistler Sliding Centre. 



ROLE OF BIOMECHANICS 
IN INFORMING EQUIPMENT DESIGN AND RULES TO 

PREVENT HEAD INJURY 
IN SPORTS

speakers:

STEVEN ROWSON  Center for Injury Biomechanics, Virginia Tech

Reduce Concussions In Sports

PETER A. CRIPTON  Depts of Mech Engineering and Orthopaedics, UBC, and ICORD

public forum

June 9, 2012
12:45-1:50 PM, Images Theatre

Simon Fraser University, Burnaby Campus

17th Biennial Meeting of the Canadian Society of Biomechanics/
Société canadienne de biomécanique Meeting 
Simon Fraser University

Helmets save lives daily in cycling, skiing, hockey and 
football. Yet the frequency and consequences of 
ĐŽŶĐƵƐƐŝŽŶ�ŝŶ�ƐƉŽƌƚ�ƌĞŵĂŝŶƐ�Ă�ƐŝŐŶŝĮĐĂŶƚ�ĐŽŶĐĞƌŶ͘�
This is driving the need for improved design of helmets 
and safer environments for sport. Our moderated 
expert panel will address the role of biomechanics in 
ƚŚĞ�ĚĞƐŝŐŶ�ŽĨ�ŝŵƉƌŽǀĞĚ�ƉƌŽƚĞĐƟǀĞ�ĞƋƵŝƉŵĞŶƚ�ĂŶĚ�
rules to prevent head injuries in sport.

 Canadian Society of Biomechanics/
Société canadienne de biomécanique 

For further information visit www.sfu.ca/CSB-SCB2012
or contact the organizing committee by email to csb2012@sfu.ca



CSB	  Career	  Award	  Lecture	  
Trials,	  Triumphs	  and	  Tips:	  My	  Travels	  down	  Memory	  Lane	  

Joan	  Stevenson	  
School	  of	  Kinesiology	  and	  Health	  Studies,	  Queen’s	  University,	  Ontario,	  Canada	  

	  
Bio	  
Joan	  Stevenson	  (PhD)	  is	  a	  full	  professor	  in	  occupational	  
biomechanics	   and	   ergonomics	   at	  Queen’s	  University	   in	  
the	   School	   of	   Kinesiology	   and	   Health	   Studies	   with	   a	  
cross-‐appointment	   to	   the	   School	   of	   Rehabilitation	  
Therapy.	   She	   is	   also	   the	  Chair	   of	   the	  General	  Research	  
Ethics	   Board.	   	   Dr.	   Stevenson	   has	   led	   a	   number	   of	  
research	   teams	   who	   have	   completed	   basic	   research,	  
worked	   with	   the	   military	   and	   many	   private	   sector	  
companies.	   Her	   research	   areas	   have	   included:	   sport	  
biomechanics,	   spinal	  mechanics,	  bona	  fide	  occupational	  
requirements,	   back	   pain	   in	   industry,	   design	   and	  
assessment	  of	   load	  carriage	  equipment	  and	  developing	  
ergonomic	  assistive	  devices.	  



BATMAN,'IRON'MAN,'AND'A'BIT'OF'BIOMECHANICS'
E.#Paul#Zehr#

Centre#for#Biomedical#Research,#University#of#Victoria,#B.C.,#Canada#
#
Abstract'
One#avenue#for#popularizing#science#is#to#link#scientific#concepts#to#images#and#concepts#in#popular#
culture.#Comic#book#superhero#movies#and#TV#shows#are#extremely#popular#and#Batman#and#Iron#
Man#were#used#as#vehicles#for#popularizing#neuroscience,#physiology,#and#biomechanics.#Through#
his#years#of#rigorous#training#the#fictional#human#Bruce#Wayne#pulled#himself#to#nearIsuperhuman#
status#as#Batman.#This#part#of#the#Batman#mythology#is#attractive#because#it#seems#wellIgrounded#
in# the# reality# of# hardIwork# and# achievement—but# is# it# really# scientifically# possible# to# train# to#
become#Batman?#This#is#the#central#question#of#“Becoming#Batman:#The#Possibility#of#a#Superhero”#
(Johns#Hopkins#University#Press,#2008).#As#for#Iron#Man,#through#years#of#rigorous#experimentation#
and# invention# the# fictional# genius# Tony# Stark# created# the# fully# articulated# and# animated#
anthropomorphic# robotic# suit# of# armor# that# defines# Iron#Man.#Assuming# that# such# a# suit# existed,#
would#it#actually#be#possible#to#use#it#without#altering#the#human#inside?#What#would#happen#if#the#
suit#was#connected#directly#to#the#nervous#system?#These#questions#are#the#focus#of#“Inventing#Iron#
Man:# The# Possibility# of# a# Human#Machine”# (Johns# Hopkins# University# Press,# 2011).# Batman# and#
Iron#Man# have# been# used# to# address# neuromechanical# concepts# including:# neural# adaptations# to#
skill# training# and# motor# learning;# the# biomechanics# of# martial# arts# training# and# combat;##
pathophysiology# of# concussion;# neural# plasticity# associated# with# injury# and# training;# cortical#
somatosensory# and# motor# maps# and# phantom# limbs;# and# the# concepts# of# neuroprosthetics# and##
brainImachine# interface.# This# talk#will# explore# these# concepts# in# an# accessible#way# aimed# at# the#
general# public.# Biomechanists# will# gain# an# appreciation# for# communicating# their# science# in# a#
different# way# by# viewing# it# through# the# lens# of# popular# culture.# The# general# public# will# gain# an#
appreciation# for# biomechanics# by# considering# the# science# of# superheroes# as# a# common# anchor#
point.#Both#groups#will#ponder#answers#to#the#question,#is#there#a#superhero#in#me?#
#
Bio'
E.#Paul#Zehr#(www.zehr.ca)# is#professor#of#neuroscience#and#kinesiology#at#
the# University# of# Victoria# in# British# Columbia# with# a# research# program#
focused# on# the# neural# control# of#movement# and# recovery# of#walking# after#
stroke.#He#has#a#tremendous#passion#for#the#popularization#of#science#and#is#
involved# in# numerous# outreach# activities.# He# established# the# Café#
Scientifique#public# outreach#program#at# the#University#of#Victoria# in#2008.#
His# recent# popIsci# books# include# “Becoming# Batman:# The# Possibility# of# a#
Superhero# (2008)”# and# “Inventing# Iron# Man:# The# Possibility# of# a# Human#
Machine#(2011)”.#“Becoming#Batman”#was#recently#translated#and#published#
in# Japan# as# “Batman# ni# naru”# and# “Inventing# Iron# Man”# was# excerpted# in#
Discover# Magazine’s# Special# Issue# on# brainImachine# interface.# He# has#
written# for#YES#Magazine:# the# Science#Magazine# for#Kids,# and#Flipside:#The# Science,# Engineering,#
and#Technology#Magazine# for#Teenagers.#Paul# is# also#a# regular# speaker#at# conferences#and#comic#
book#conventions,#including#the#San#Diego#International#ComicICon#which#draws#over#100#000#fans#
annually.#He#has#been#interviewed#and#contributed#to#articles#on#exercise,#science#and#superheroes#
in# Scientific# American# Online,# Men’s# Health,# Men’s# Fitness,# Maxim,# and# Popular# Mechanics#
magazines.#Paul#has#also#been#featured#on#National#Public#Radio#in#the#USA,#CBC#Radio’s#National#
Science# Show# “Quirks# and# Quarks”# in# Canada,# CTV’s# “Canada# AM”,# CBC# TV’s# “The# National”,# and#
CITY#TV# “Breakfast# Television”.#He# also#writes# a# popular# neuroscience# blog# “Black#Belt# Brain”# at#
Psychology#Today.#



BATMAN, IRON MAN, AND A BIT OF 

BIOMECHANICS

speaker:

E. PAUL ZEHR 

Neuroscience and Kinesiology, 
University of Victoria, BC

Batman and Iron Man provide 
ĨĂƐĐŝŶĂƟŶŐ�ĞǆĂŵƉůĞƐ�ŝŶ�
considering the limits of 
human performance and how 
these can be enhanced by 
technology and training. This
talk will draw on these 
ƐƵƉĞƌŚĞƌŽ�ĞǆĂŵƉůĞƐ�ŝŶ�
ĚŝƐĐƵƐƐŝŶŐ�ŶĞƵƌĂů�ĂĚĂƉƚĂƟŽŶƐ�
to skill training, the 
ďŝŽŵĞĐŚĂŶŝĐƐ�ŽĨ�ŵĂƌƟĂů�ĂƌƚƐ�
and combat, pathophysiology 
ŽĨ�ĐŽŶĐƵƐƐŝŽŶ͕�ĐŽƌƟĐĂů�ŵĂƉƐ�
and phantom limbs, and 
ŶĞƵƌŽƉƌŽƐƚŚĞƟĐƐ�ĂŶĚ�
brain-machine interfaces.

public forum

June 8, 2012
1:00-1:50PM

Images Theatre
Simon Fraser University, 

Burnaby Campus

17th Biennial Meeting of the Canadian Society of Biomechanics/
Société canadienne de biomécanique Meeting 
Simon Fraser University

For further information visit www.sfu.ca/CSB-SCB2012
or contact the organizing committee by email to csb2012@sfu.ca

 Canadian Society of Biomechanics/
Société canadienne de biomécanique 



CSB 2012                                                                                                                                                                        Room 1, 4:45 – 5:45 pm, June 7 

LOOKING BEYOND ACADEMIA 

 

Are you wondering what opportunities may lay outside the ivory walls of academia? All CSB student 
attendees are invited to take part in the 2012 Student Workshop. This event is designed to highlight 
career paths that stray from that of the tenure track. Students will have the unique opportunity to hear 
from a panel of three leading industry experts from a range of fields including forensic biomechanics, 
ergonomics, and pediatric orthopedics. Each speaker will discuss their background, why and how they 
chose their respective career path, and share some of their experiences working in industry. Following 
the speaker panel, students will have an opportunity to network and connect with speakers in a relaxed 
environment. 

THE EVOLUTION OF AN ERGONOMIST 

Dan Robinson  
Robinson Ergonomics Inc., Coquitlam, BC 

 
Dan Robinson is a Canadian Certified Professional Ergonomist (CCPE) who has 
been consulting in ergonomics for more than twenty years, and operating 
Robinson Ergonomics Inc. since 2000.  Dan completed his PhD and MSc. degrees at 
Simon Fraser University in the School of Kinesiology.  Dan’s consulting experience 
spans a wide variety of applications that includes military, medical, mining, 
manufacturing, trucking, warehousing, construction, laboratory, office, hazardous 
waste and the performing arts.  He has authored several journal articles, many 
conference papers, and provided technical input to a series of graphic novels.  

 

FROM THE LAB TO LITIGATION: FORENSIC BIOMECHANICS 

Robert Parkinson 
Giffin Koerth Forensics, Toronto, ON 

 
Dr. Robert Parkinson is a Biomechanist and Certified Kinesiologist at Giffin Koerth 
Forensics, in Toronto, Ontario and holds a Doctorate degree in Biomechanics from 
the University of Waterloo. Dr. Parkinson specializes in injury biomechanics, 
biomechanical modeling of human movement, as well as occupational injury and 
ergonomics, and has published in numerous international scientific journals 
including the Journal of Biomechanics and the Spine Journal. Dr. Parkinson holds 
an Adjunct Professor position at the University of Waterloo, and has been asked to 
speak at multiple Universities, conferences, and industry events.    
    

THE ROLE FOR CLINICALLY RELEVANT BIOMECHANICS IN PAEDIATRIC ORTHOPAEDICS  

Alec Black 
Sunny Hill Health Centre for Children, Vancouver, BC 

 
Alec Black is the Director, and one of the founders of the Shriners Gait Lab (SGL) at 
Sunny Hill Health Centre for Children. The SGL is a biomechanics tool that helps 
clinicians to delvelop interventions for children with walking disorders including 
cerebral palsy, spina bifida, club feet and traumatic brain injury.  The Gait Lab was 
started in 1996 and since then has seen over 250 children per year. Alec's research 
interests focus on clinically relevant outcomes.  Recently he and his group have 
been working on a multi segmented biomechanical foot model that can be used 
clinically on children with cerebral palsy and club feet.  
 



FEDERAL FUNDING OF BIOMECHANICS RESEARCH IN CANADA: CURRENT AND FUTURE DIRECTIONS 
 
Thursday, June 8 
4:45-5:45 
Halpern Centre 
Simon Fraser University (Burnaby campus) 
 
Biomechanics research has traditionally been funded by two federal agencies in Canada: the Natural Sciences and 
Engineering Research Council of Canada (NSERC) and the Canadian Institutes of Health Research (CIHR). New 
regulations designed to minimize overlap in funding of health research, along with changes in peer review 
mechanisms, may create challenges for biomechanics researchers in securing funding from these agencies. Our 
panel speakers are current chairs of peer review committees at CIHR and NSERC. This moderated session 
will explore new directions in funding and peer review, tips on getting funded, and strategies for ensuring ongoing 
commitment to funding of biomechanics research at NSERC and CIHR. 
 
Moderator: Stephen Robinovitch, Ph.D., Professor, Departments of Biomedical Physiology and Kinesiology, and 
Engineering Science, Simon Fraser University 
 
 

BIOMECHANICS RESEARCH FUNDING AT CIHR - CURRENT AND FUTURE DIRECTIONS 
 
Thomas R. Oxland, Ph.D., Professor, Department of Orthopaedics, Department of 
Mechanical Engineering, University of British Columbia; Interim Chair, Biomedical 
Engineering Peer Review Grants Panel, CIHR 
 
Abstract: The Canadian Institutes for Health Research (CIHR) is a major funder of biomechanics 
research in Canada. This presentation will outline the current funding procedure at CIHR with 
ample time for discussion. There are some significant changes coming to the CIHR Open Grants 

competitions and these changes will also be outlined and discussed. 
 
Speaker background: Dr. Oxland is a Professor in the Department of Orthopaedics and the Department of 
Mechanical Engineering at the University of British Columbia. His major research interests include the management 
of bone loss problems and spinal cord injury. Dr. Oxland also serves as the Interim Director of ICORD (International 
Collaboration On Repair Discoveries), an interdisciplinary UBC research centre focused on spinal cord injury. He is 
currently Interim Chair of the CIHR Biomedical Engineering Peer Review Grants Panel. 
 

BIOMECHANICS RESEARCH FUNDING THROUGH NSERC'S DISCOVERY GRANTS 
PROGRAM - AN INSIDE LOOK 
 
Antony Hodgson, Ph.D., Professor, Department of Mechanical Engineering, The University 
of British Columbia; Co-chair, Mechanical Engineering Evaluation Group, NSERC. 
 
Abstract: The NSERC Discovery Grant program is the baseline source of funding for many 
biomechanics researchers. In this presentation, I'll explain (from my perspective as the most 
recent co-chair of the NSERC Mechanical Engineering Evaluation Group) how biomechanics-

related applications are handled at NSERC and describe some strategies for maximizing your evaluation scores 
under the new(ish) scoring model introduced in the fall 2008 competition. 
 
Speaker background: Dr. Tony Hodgson is Professor & NSERC Chair in Design Engineering in the Department of 
Mechanical Engineering, and Director, Graduate Program in Biomedical Engineering at UBC. His research seeks to 
understand human neuromotor control and apply that understanding to improved surgical tools and techniques, 
rehabilitation protocols, and medical robots. 
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