
Preface 

 

Dear participant, 

 

We welcome you to the 13th International Symposium on Computer Simulation in Biomechanics. The 
symposium is a joint organization of K.U.Leuven’s Faculty of Human Movement Science and Faculty 
of Engineering. The topics covered in this symposium are at the heart of our mutual collaboration i.e. 
the development and testing of computer simulation methodologies and their application to gain a 
better understanding of human motion.  We are therefore honored to host this satellite seminar of 
the XXIIIth ISB Congress that is open to all researchers who share an interest in biomechanical 
computer simulations. 

The program committee has compiled an exciting program, featuring a selection of 35 oral and 7 
poster presentations, ranging from methodological developments to a wide variety of applications of 
musculoskeletal modeling, multi‐body simulation and finite element analysis.  The best presentation 
by a junior researcher will be awarded The Andrzej Komor New Investigator Award. In addition, two 
renowned international scientists will present a keynote lecture on specific applications of 
biomechanical computer simulations: while John Hutchinson will cover evolutionary biomechanics, 
Lena Ting will discuss neural control of balance. Both speakers will undoubtedly stress the crucial role 
of computer simulations in advancing their scientific insight.   

We are confident that the proposed program will stimulate your scientific appetite.  However, with 
Leuven being the home town of Stella Artois, and with Belgium being the home country of French 
fries and chocolate, we made sure that you will also sample from our gastronomic pleasures and 
indulge our Flemish culture.  

Enjoy your stay at the heart of Belgium! 

 

Ilse Jonkers 

Joris De Schutter 

Friedl De Groote 

   



Sponsors 

The organizing committee is grateful for the support of the following organizations and companies. 

  

With its headquarters in Leuven, Belgium and branches all over the world, the Materialise Group is best known 
for its activities in the field of rapid industrial and medical prototyping.  Materialise started out as a specialist in 
rapid prototyping and manufacturing in 1990 and has been active in this market since the beginning of RP&M 
commercialization. Based on  this  knowledge,  and  its  acquired  expertise  in biomedical  engineering  software 
solutions, Materialise is the perfect partner for those who are involved in cutting‐edge, innovative biomedical 
R&D.  Its  medical  and  dental  products  are  used  worldwide  by  famous  hospitals,  research  institutes  and  
clinicians. The company has acted as a pioneer  in many  fields and has been  investing  for years  in advancing 
research. Materialise has  the  largest development  team  in  the sector. With 700 people employed  in several 
subsidiaries  in  Europe,  Asia  and  the  USA,  we  speak  your  language.  For  more  information  please  visit 
www.materialise.com. 

  

Vicon  delivers  highly  accurate  3D  movement  analysis  systems  for  use  in  dynamic  injury  assessment  and 
evaluating  therapy  progress.  Over  150  sports  training  department’s  world‐wide  use  Vicon  technology.  Its 
flagship  camera  line,  the  Vicon  T‐Series,  offers  the  highest  resolution,  frame  rates  and  accuracy  available, 
allowing  detailed  motion  capture  in  almost  any  environment.  Bonita  is  Vicon’s  next  generation  camera, 
combining size, power, and price performance into one amazing solution. Vicon was established in Oxford, UK, 
in  1984  and  is  now  a  subsidiary  of  the Oxford Metrics  Group  Plc.  Some  of  Vicon’s  global  clients  include: 
University of Calgary’s Running  Injury Clinic; University of Brussels; Northumbria University;  Imperial College, 
London;  Loughborough  University;  University  of  Western  Australia;  Katholieke  Universiteit  Leuven;  and 
University of New Brunswick. For more information please visit www.vicon.com. 

 Fonds Wetenschappelijk Onderzoek Research foundation – Flanders 

 CNC‐Consult & Automation BV 

AnyBody Technology A/S 
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Prof. Ilse Jonkers  Katholieke Universiteit Leuven 
Prof. Joris De Schutter  Katholieke Universiteit Leuven 
Dr. Friedl De Groote  Katholieke Universiteit Leuven 
Prof. Jaak Duysens  Katholieke Universiteit Leuven 
Prof. Jos Vander Sloten  Katholieke Universiteit Leuven 
Prof. Peter Aerts  Universiteit Antwerpen 
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Scientific committee 

Dr. Mark King  Loughborough University 
Dr. Tom Franz  University of Cape Town 
Prof. B.J. Fregly  University of Florida 
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We wish to thank the PhD students from both our labs, Anke Van Campen, Karen Jansen and Lode 
Bosmans, for their help with the organization. 

   



Social Activities 

Opening Reception 
Thursday June 30, 18.00h 
Provinciehuis SPOOR 95 

The opening reception is the occasion to get to know other participants and the Belgian beers. 

 

Guided walk through Leuven with tasting of local specialties 
Friday July 1, 17.15h 
leaving from Provinciehuis 

Guides will take us on a city walk with a lot of attention for the local food and drinks. 

In the evening you can enjoy jazz music in different squares in Leuven (Oude Markt, Grote Markt, 
Vismarkt, Hogeschoolplein, Mathieu de Layensplein, and Vounckplein). More info on 
http://www.leuven.be/beleuvenissen . 

 

Banquet and Andrzej Komor New Investigator Award 
Saturday July 2, 20.00h 
De Waaiberg, Tervuursevest 60, Leuven 

We close the conference with a barbecue and the presentation of the Andrzej Komor New 
Investigator Award. 

   



General Information 

Venue 

Provinciehuis Vlaams Brabant 
Provincieplein 
3010 Leuven 

 

RAADZAAL (room A)    ‐ Podium presentations 

SPOOR 95 (room C)    ‐ Welcome coffee, coffee breaks, lunches 
        ‐ Computer demonstrations 
        ‐ Poster presentations 
        ‐ Sponsor exhibitions 

Guidelines for presentations 

Oral presentations 
Each oral presentation is 15 minutes in total, 10‐12 minutes presentation followed by 3‐5 minutes for 
questions and discussion. Presentations can be uploaded from a memory stick to the computer in the 
session room (RAADZAAL) half an hour before each session. 
 
Poster presentations 
Dedicated fixation material will be provided at the registration desk. 
 
All presenters are warmly invited to give a computer demonstration (spoor 95) in the break following 
their session. 
 

Internet Access 

During the conference wireless internet connection is available within all the conference rooms. User 
name and password are provided on the information panels in front of the registration desk.  

Each seat in RAADZAAL (Room A) is provided with a socket (220V AC, 50Hz). 

Map of Leuven (next page) 





Conference Programme 

Thursday 30/6     
8.00  18.00  Registration   
9.00  18.00  OpenSim workshop   

18.00  …  Opening reception   
       

Friday 1/7     
8.00  9.00  Registration   
8.45  9.00  Welcome   

Session 1 
Chair: Ajay Seth and Friedl De Groote 

9.00  9.15  Estimates of muscle function in gait depend on how 
foot‐ground contact is modeled 

Tim Dorn* 

9.15  9.30  A physically viable foot‐floor constraint for muscle 
induced accelerations 

Samuel Hamner* 

9.30  9.45  A 3‐dimensional forward simulation of bipedal walking  René Fluit* 

9.45  10.00  Sensitivity of the skeletal loads of the lower limbs to 
the uncertainties of kinematics parameters during 
walking 

Giordano Valente* 

10.00  10.15  Subject‐specific musculoskeletal models are needed to 
predict the influence of hip replacement on hip 
contact force 

Ward Bartels 

10.15  10.30  Real‐time dynamic simulation of a whole‐arm 
musculoskeletal system using implicit methods 

Dimitra Blana 

10.30  10.45  Comparing calculated and measured curves in 
validation of musculoskeletal models 

Morten Enemark 
Lund* 

10.45  11.30  Break/demonstrations   
11.30  12.30  Keynote lecture: The evolutionary biomechanics of 

large land animals and the challenges of modelling 
extinct organisms 

John Hutchinson 

12.30  13.30  Lunch   
Session 2 

Chair: Mark King and Jeff Reinbolt 
13.30  13.45  Contributions to more accurate human motion 

analysis and simulation 
Friedl De Groote 

13.45  14.00  Comparison of musculoskeletal parameters in healthy 
children and children with cerebral palsy 

Reinhard Hainisch 

14.00  14.15  Kinematic modelling of the seahorse tail  Tomas Praet 
14.15  14.30  CT‐based virtual shape reconstruction for severe 

glenoid bone defects 
Koen Eraly 

14.30  15.00  Poster session    
15.00  15.30  Break/demonstrations 

 
 

 



Session 3 
Chair: Maarten Bobbert and Mont Hubbard 

15.30  15.45  Should torque‐driven simulation models of squat 
jumping include biarticular torque generators? 

Martin Lewis* 

15.45  16.00  Prediction of the movement patterns for human squat 
jumping using the inverse‐inverse dynamics technique 

Saeed Davoudabadi 
Farahani* 

16.00  16.15  Strategy of optimizing simulation for arm stroke in the 
crawl swimming considering muscle strength 
characteristics of athlete swimmers 

Motomu 
Nakashima 

16.15  16.30  Establishing musculoskeletal simulation of real‐road 
cycling 

Chi‐Yi Lin 

16.30  17.00  Break/demonstrations   
17.15  …  Social activity sponsored by AnyBody   

       
Saturday 2/7     

Session 4 
Chair: Thomas Franz and Jos Vander Sloten 

8.45  9.00  Effects of implant mal‐positioning on contact forces 
for several TKAs: a numerical study 

Silvia Pianigiani* 

9.00  9.15  Location of the high‐risk tissue in the human proximal 
femur 

Sashank Nawathe* 

9.15  9.30  A stress analysis of spinal cord on decompression 
surgery for thoracic myelopathy 

Jiro Sakamoto 

9.30  9.45  Development of an algorithm for the computation of 
cortical bone adaptation 

Andre Pereira 

9.45  10.00  Interaction between left‐ventricular shape and 
regional myocardial stroke work 

Hon Fai Choi* 

10.00  10.15  A finite element micromechanical model to explore 
the mechanics of the myotendinous junction 

Bahar Sharafi* 

10.15  10.30  Elevated tissue strains during lengthening contractions 
predicted by 3D muscle models and in vivo imaging 

Niccolo Fiorentino* 

10.30  10.45  Effect of surface adhesion on stresses during vibration 
of vocal folds 

Pinaki 
Bhattacharya* 

10.45  11.30  Break/demonstrations   
11.30  12.30  Keynote lecture: Neuromechanical modeling for 

understanding neural function in balance control 
Lena Ting 

12.30  13.30  Lunch   
13.30  14.00  Lab demo materialise   

Session 5 
Chair: Rick Neptune and Ilse Jonkers 

14.00  14.15  Individual muscle contributions to propulsion differs 
between post‐stroke hemiparetic subjects 

Jessica Allen* 

14.15  14.30  Do the hamstrings flex the knee and extend the hip?  Katherine Steele* 



14.30  14.45  Biarticular muscles influence postural responses: 
implications for treatment of stiff‐knee gait 

Ashley Clark* 

14.45  15.00  Prediction of motion in musculoskeletal models  John Rasmussen 
15.00  15.15  Modelling patellofemoral joint compression forces in 

different running styles 
Paulien Roos 

15.15  15.30  Model‐based prediction of medial contact force 
changes due to gait modification 

Jonathan Walter 

15.30  16.00  Break/demonstrations   
Session 6 

Chair: John Rasmussen and Joris De Schutter 
16.00  16.15  Quantifying individual muscle contributions to 3D 

reaching tasks 
Ilse Jonkers 

16.15  16.30  Improvement of the forearm kinematics 
reconstruction 

Floren Colloud 

16.30  16.45  Upper limb assistive device simulation  Federico Casolo 
16.45  17.00  Trend validation of a musculoskeletal model with a 

workstation design parameter 
Charles Pontonnier 

17.00  17.15  Stability against fall; 4‐dimensional state analysis in 
sagittal plane 

Mohammed Hadi 
Honarvar 

17.15  17.30  Simulation of postures towards optimal body support 
during sleep 

Dorien Van Deun* 

17.30  17.45  Closing   
17.45  18.15  Break/demonstrations   
18.15  18.45  Transfer to lab   
18.45  19.45  Lab visit   
19.45  20.00  Short walk from lab to Waaiberg   
20.00  23.00   Banquet and New Investigators Award   
23.00  …  Busses to Brussels   

 

* eligible for Andrzej Komor New Investigator Award 

   



List of participants 

Name  Affiliation  Country 
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Alfred Schouten  Delft University of Technology  The Netherlands 
Ajay Seth  Stanford University  United States 
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Alison Sheets  The Ohio State University  United States 
Sandra Shefelbine  Imperial College London  United Kingdom 
Joris Snijders  Delft University of Technology  The Netherlands 
Ian Stavness  University of British Columbia  Canada 
Kat Steele  Stanford University   United States 
Brian Umberger  University of Massachusetts  United States 
Giordano Valente  Istituto Ortopedico Rizzoli  Italy 
Anke Van Campen  K.U.Leuven  Belgium 
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Marjolein van der Krogt  University of Twente 

VU University Medical Center 
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THE EVOLUTIONARY BIOMECHANICS OF LARGE LAND ANIMALS AND THE 
CHALLENGES OF MODELLING EXTINCT ORGANISMS. 
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INTRODUCTION 
Biomechanical computer simulation is 
particularly useful for the analysis of 
musculoskeletal function in animals for which 
experimental measurements are unethical (e.g. 
invasive studies of rare species) or impossible 
(e.g. extinct organisms). In many ways this area 
of research (rooted in biology departments) has 
evolved independently from studies of human 
locomotor mechanics (rooted in engineering 
departments or clinical gait labs). Techniques 
such as musculoskeletal modelling have often 
been developed independently and with little 
crossover between the two bodies of literature. 
However these boundaries are slowly eroding.  
 
Here I will describe work from my team’s 
research that in some ways straddles these 
boundaries and aims for more interdisciplinary 
integration. I will focus on our studies of the 
locomotor mechanics of two groups: elephants 
and dinosaurs, using a wide range from quite 
simple to more complex models and 
simulations, and will emphasize what we have 
learned about the importance of sensitivity 
analysis and validation as augmentations of 
these methods. A goal of these studies has 
been to improve methods and evidence, 
inspired by techniques and the standard of 
quality expected in the human/engineering field, 
given that little useful data existed for elephant 
or tyrannosaur locomotion when our studies 
commenced in the late 1990s. 
 
METHODS 
To date, we have mainly employed similar 
quasi-static inverse dynamic models of elephant 
and dinosaur locomotion. These models include 
gravitational and in some cases inertial 
moments, determined from 3D models and/or 
scaling from data for other individuals/species. 
Muscles have generally been represented as 
harmonic mean “meta-muscles” acting about 
each joint but in the latest models (SIMM 
software) we are currently analyzing all major 

limb muscle groups, and the challenges of this 
procedure will be discussed. 
 
For our elephant studies we have simply input 
measured experimental kinematics [1] and 
kinetics [2] into 2D mathematical models to 
calculate the muscle moments required to 
achieve static equilibrium during the stance 
phase, and from these data quantify the 
effective mechanical advantage (EMA; =GRF 
impulse/muscle force impulse across stance 
phase) of limb joints and its changes with 
speed. Recently we have collected data with 16 
synchronized forceplates and motion capture 
(100-250Hz) for more sophisticated inverse 
dynamics analysis to estimate locomotor costs 
[3], and are analyzing dynamic musculoskeletal 
simulations using these data. 
 
For our dinosaur studies we first used similarly 
abstract models to calculate the muscle masses 
needed to run quickly. “Validation” tests of 
extant taxa with known bipedal running ability 
(birds, humans, kangaroos) or lack thereof 
(quadrupedal lizards and crocodilians) were 
applied to gauge the qualitative accuracy of the 
model [4-6]. These tests estimated the muscle 
mass needed to run in realistic poses (as the 
model is designed to do) and compared these 
estimates to the actual masses from 
dissections. Sensitivity analyses were then 
applied to models of extinct dinosaurs, varying 
each input parameter (including posture) within 
plausible ranges of values to examine the 
impact on the model output results, and thereby 
check the reliability of the model to produce 
clear conclusions despite the unknowns. EMA 
of the limbs in different poses was calculated as 
in elephants. I focus on our results for the giant 
bipedal dinosaur Tyrannosaurus but also 
comment on other related species, including 
living birds. We have assembled SIMM models 
of ~15 different species along the lineage from 
early reptiles to living birds, so there is great 
potential to reveal patterns of the evolution of 
mechanical advantage for individual muscles. 



RESULTS AND DISCUSSION 
 
The obvious distinction between studies of 
elephants and extinct dinosaurs is that many 
more input data are known for elephants, 
whereas the major question for studies of 
dinosaurs may be more about what input data 
can be estimated and how. However even in the 
case of elephants we have encountered 
considerable challenges due to lack of basic 
anatomical descriptions, complex soft tissue 
geometry (e.g. extensive fascial sheaths around 
the distal limbs), and inaccuracies in 
experimental data (e.g. skin marker artifacts). 
 
Our simple models of elephant and tyrannosaur 
locomotion reveal similarities in EMA showing 
that at large body sizes (>300 kg) animals have 
maximized their EMA, and thus relative (or even 
absolute) maximal locomotor performance must 
decrease to maintain safety factors. Elephants 
thus are limited to odd “grounded running” gaits 
and speeds ~7 ms-1 whereas at least fast 
running in giant tyrannosaurs (>11 ms-1) is 
improbable despite improvements in estimates 
of input parameters (see below) that generally 
reduced our initial estimates of muscle masses 
required to run quickly (e.g. from 43% body 
mass per leg to 15-25% per leg for antigravity 
muscles). The size of ankle extensor muscles 
(<5% body mass per leg) remains the key limit 
on running performance in tyrannosaurs and 
those muscles’ miniscule size may also 
constrain performance in elephants (<2% body 
mass per leg). 
 
Whereas some input parameters such as body 
mass and muscle pennation angle are relatively 
unimportant in our models, we have devised 
and refined techniques for reconstructing 
muscle geometry [7] and moment arms [8] and 
estimating centre of mass and inertia [9]. 
Fundamental uncertainties remain about muscle 
fascicle lengths and masses for extinct 
organisms, as well as about the maximal 
isometric stresses that should be input into any 
models (extant or extinct species).  
 
Two possibilities exist for estimating unknown 
fascicle lengths: from the required length 
change to generate a maximal joint range of 
motion, assuming ~50% maximal change of 
length from resting (10) or from the normalized 
values in extant taxa, such as fascicle 
length/segment length (4-6).  
 
Muscle mass, in contrast, may be estimated 
from volumetric reconstructions (9), assumed to 
be typical values seen in athletic extant taxa 
(~5% body mass per joint [10,11]) or calculated 

as the output variable of a model—e.g. muscle 
mass needed to run at maximal speed (4-6). 
 
For maximal isometric stresses (Table X), 
values range from ~150 to ~1000 kNm-2 with a 
stark difference between human in vivo 
estimates (e.g. using MRI and kinetic data; 
[12]); ranging widely from ~200-1000 kNm-2; 
and animal ex vivo measurements (muscle 
levers and bundled fascicles); typically 200-300 
kNm-2 [13]. An ‘inclusive’ approach would vary 
these values across the full range (suffering 
reduced plausibility and accuracy at the 
extremes of that range), whereas a ‘consensus’ 
approach would use a moderate value 
corresponding to the ex vivo measurements.  
 
For dynamic modeling of living or extinct 
animals to move forward the latter controversy 
must be more conclusively resolved, although I 
argue that the more plausible approach 
currently is to favour the ‘consensus’. For non-
maximal performance estimates this decision 
may not matter, of course. Regardless, new 
approaches or evidence will be particularly 
valuable for dealing with these uncertainties. 
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INTRODUCTION 
Standing balance control is a complex and 
dynamic motor behavior that is often taken for 
granted, yet little is known about the interplay 
between biomechanical and neural components 
underlying stable posture and movement. As in 
many motor behaviors, we can collect a wealth of 
data on the activity of neurons, muscles, and 
limbs, yet these data are difficult to interpret, as 
there is no one-to-one correspondence between a 
desired movement goal and limb motions or 
muscle activity. Unfortunately, biomechanical 
constraints in themselves are insufficient to fully 
specify muscle activation patterns for posture and 
movement. More insight into neural mechanisms 
shaping the spatiotemporal patterning of muscle 
activity is necessary to better understand robust 
control of movement [1].  
 
Using neuromechanical models and optimal 
control principles we have demonstrated that 
spatiotemporal patterning of muscle activity is 
low-dimensional. Moreover, these low-
dimensional structures reflect sensorimotor 
transformations that allow abstract motor goals to 
be transformed into execution-level patterns of 
muscle activity. By incorporating both 
biomechanical and neural constraints into our 
models, we have reproduced detailed features of 
the spatiotemporal patterns of muscle activity and 
biomechanical function across a wide range of 
conditions during standing balance control in 
humans and animals. Understanding such 
neuromechanical interactions governing posture 
and movement may provide insights into normal 
and impaired motor control. 
 
METHODS 
To understand temporal modulation of 
individual muscles during support-surface 
perturbations during standing balance control, 
we modeled the body as a simple inverted 
pendulum [2, 3, 4]. Temporal patterns of muscle 
activity for balance were based on a weighted 
and half-wave rectified sum of time-delayed CoM 
acceleration, velocity, and displacement. These 
simulated muscle activation patterns were 
transformed through a first-order muscle model 

into a net torque applied at the base of the 
pendulum to counteract the perturbation torque. 
We determined optimal feedback gains and 
muscle patterns by minimizing a cost function that 
penalized squared deviations of CoM 
acceleration, velocity, and displacement from the 
upright position, as well as the squared, 
integrated magnitude of muscle activation. We 
also identified the feedback gains and time delay 
that best fit recorded muscle activation patterns. 
To investigate interactions between postural 
configuration and neural feedback control a 
similar delayed feedback model was applied to a 
four-bar linkage model of frontal plane balance 
control [5]. 
 
To understand the spatial coordination of 
multiple muscles during balance control we 
used a 7 degree of freedom model of the cat 
hindlimb with 31 Hill-type muscles [6, 7, 8, 9, 
10]. In a static model, we investigated the force 
production capabilities of the model using 
individual muscle control and reduced-
dimension muscle synergy control and 
compared them to the forces generated during 
multi-directional perturbations to standing 
balance in the cat [11]. Combining four limbs, 
we used optimal control to predict the patterns 
of muscle activity and force generation at each 
limb that minimize effort and produce the 
necessary force and moment at the center of 
mass to restore balance. We then compared the 
optimal solution to experimentally-measured 
forces and muscle activity. 
  
RESULTS AND DISCUSSION 
Delayed feedback signals encoding center of 
mass kinematics shape muscle activity during a 
postural correction to a sudden balance 
disturbance. Temporal patterns of muscle 
activation across the body in both cats and 
humans can be characterized by a 3-parameter, 
delayed-feedback model on center-of-mass 
kinematic variables. Moreover, feedback gains 
used in trained animals reflect an optimal tradeoff 
between postural error and energy expenditure 
[2]. The same model can also predict dramatic 
changes in muscle activation patterns observed 



after acute sensory loss. These altered muscle 
patterns reflect a re-optimization on the part of the 
animal where only two of the three feedback 
parameters are used. Differences in feedback 
gains can parameterize the variations in temporal 
patterns of muscle activity observed across naïve 
humans subjects [3, 4]. Moreover, over a period 
of learning, subjects approach the optimal 
solution. 
 
In medial-lateral balance control, changing stance 
width alters the mechanical dynamics of the body 
and limits the range of delayed sensorimotor 
feedback gains that produce stable postural 
behaviors [5]. Surprisingly, mechanical stability 
was found to decrease as stance width increased 
due to decreased effective inertia. Moreover, the 
ranges of the stable feedback gains were non-
overlapping across different stance widths such 
that using a single neural feedback control 
strategy at both narrow and wide stances could 
lead to instability. Thus, wide stance widths 
necessitate that the nervous system appropriately 
reduce feedback gains to maintain stability. This 
model may help explain both expected and 
paradoxical changes in stance width in healthy 
and motor impaired individuals. 
 
Using a static musculoskeletal model of the cat 
hindlimb, we investigated whether the low-
dimensional control of muscles in groups is a 
viable and efficient way to produce complex 
motor functions. Based on experimental data, 
spatial patterns of muscle activation can also be 
characterized by a small set of muscle synergies 
(identified using non-negative matrix factorization) 
that are like motor building blocks, defining 
characteristic patterns of activation across 
multiple muscles [1, 12]. Consistent with 
experimental observations [13], our model 
revealed that fixed spatial patterns of muscle 
activation can produce a consistent endpoint 
force with respect to the limb axis, even across a 
range of postural configurations [11]. Further, the 
use of muscle synergies for balance control 
constrains the feasible forces that can be 
produced by a single limb and predicts the 
change in endpoint force direction across postural 
configurations observed experimentally.  
 
Characteristic patterns of muscle activation and 
ground reaction forces across multiple 
perturbation directions and postural 
configurations were also predicted through task-
level optimal control of individual muscle or 
muscle synergies across all four limbs. While 
ground reaction force directions change with 
postural configuration, preferred directions of 
muscle activation remained constant. Optimal 
muscle activation patterns were also low-

dimensional, similar to that of muscle synergies 
identified experimentally. However, the use of 
muscle synergies reduced computation time by 
an order of magnitude, an increased effort only 
modestly. These results suggest that muscle 
synergies may be an efficient heuristic for neural 
computation of near-optimal motor solutions. 
 
CONCLUSIONS 
Our work demonstrates that spatiotemporal 
variability in motor patterns both within and across 
subjects during balance control in humans and 
animals can be characterized by a low-
dimensional set of parameters related to abstract, 
task-level variables. Both temporal and spatial 
patterns of muscle activity were predicted by 
optimal control of task-level variables, suggesting 
that a common neural controller may predict 
variation in motor patterns across a wide range of 
biomechanical conditions. Finally, both long- and 
short-term adaptation of motor patterns occurs 
through the modification of feedback gains related 
to task-level biomechanical variables that are 
abstract, or cannot be directly sensed. Our work 
demonstrates that both biomechanical and neural 
constraints are important for understanding 
muscle activation patterns for movement. 
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INTRODUCTION 
Computational analyses of leg-muscle function in 
human locomotion commonly assume that foot-
ground contact occurs at discrete points on the 
foot. Kinematic constraints acting at these contact 
points restrict the motion of the foot and therefore 
alter model calculations of muscle function. The 
aim of this study was to evaluate how predictions 
of muscle function obtained from musculoskeletal 
models are influenced by the model used to 
simulate ground contact.  

 
METHODS 
Gait experiments were performed on 14 healthy 
adults during walking (1.46 ± 0.11 m/s) and heel 
running (3.42 ± 0.13 m/s). A generic 
musculoskeletal model containing 54 muscles 
was scaled to each subject and muscle forces 
computed for each trial using inverse kinematics, 
inverse dynamics and static optimization [1]. 
Muscle function was determined by quantifying 
the contributions of all action forces (muscles, 
gravity and velocity) to the vertical, fore-aft and 
mediolateral components of the ground reaction 
force. These quantities were calculated for six 
models of foot-ground contact (Table 1) using a 
recently developed pseudo-inverse algorithm [2].  
 
Table 1: Six foot-ground contact models used in the study. 
 

 
Contact 
Model 

Contact 
Loc. 

Kinematic 
Constraints 

DOF
 

   
linear 
[X Y Z] 

rotational
[X Y Z] 

 

BALL CoP [1 1 1] [0 0 0] 3 
UNIVERSAL CoP [1 1 1] [0 1 0] 2 
HINGE CoP [1 1 1] [1 1 0] 1 

Time 
independent 
weightings 

WELD CoP [1 1 1] [1 1 1] 0 

SINGLEPOINT CoP [1 1 1] f(CoP) f(CoP)Time 
dependent 
weightings MULTIPOINT 5 pts f(CoP) N/A f(CoP)

 
Single- and multiple-point contact models were 
evaluated. The single-point models assumed 
contact to occur at the measured center of 
pressure location. The multiple-point model 
assumed contact to occur at five contact points 
distributed around the surface of the foot (Fig. 1). 
Weightings between 0 and 1 were assigned to 
each contact point, describing their tolerance to 

resist linear translations and angular rotations 
(Table 1). Zero represented an unconstrained 
degree-of-freedom, and one represented a fully 
constrained degree-of-freedom. 
 

 
 

Figure 1: Diagram illustrating how time-dependent kinematic 
constraint weightings were applied to the foot contact points. 

 
RESULTS AND DISCUSSION 
The results showed that two factors – the number 
of foot-ground contact points assumed in the 
model and the type of kinematic constraint 
enforced at each point – affect model predictions 
of muscle coordination (Fig. 2). Specifically: i) 
kinematic constraints applied in the sagittal plane 
affect model calculations of muscle contributions 
to the vertical and fore-aft ground reaction forces 
(compare HINGE and WELD); ii) kinematic 
constraints applied in the frontal plane affect 
calculations of muscle contributions to the 
mediolateral ground reaction force (compare 
UNIVERSAL and HINGE); and iii) kinematic 
constraints applied in the transverse plane have 
little effect on the calculations of muscle function 
(compare BALL and UNIVERSAL). 
 
Effects on the actions of individual muscles were 
also evident. For example, in the first half of 
stance, the primary contributor to support in 

mailto:t.dorn@pgrad.unimelb.edu.au


walking depended on the presence of a sagittal 
plane rotational kinematic constraint (about the 
mediolateral foot axis). Gluteus medius, gluteus 
maximus and vasti generated the majority of 
vertical ground force when this constraint was 
enforced, whereas soleus and gastrocnemius 
dominated when the constraint was removed. 
 
Determining the most valid contact model is 
difficult because individual muscle contributions to 
the ground reaction force cannot be measured 
experimentally. Each contact model should at the 
very least satisfy the superposition principle. This 
principle requires the sum of all action force 
contributions to equal the total measured ground 
reaction force. Superposition error (the difference 
between the measured and model summed 
ground force) indicated that the HINGE, WELD 
and SINGLEPOINT models were incapable of 
recovering the ground force in the mediolateral 
direction (Fig. 3). The BALL and MULTIPOINT 
models generated the least superposition error, 
yet their relative predictions of muscle 
coordination were very different. This finding 
illustrates an important limitation of superposition: 
this principle can quantify the accuracy with which 
the various action forces sum to the total ground 
force, but it cannot verify the calculations of the 
contributions of the individual action forces 
themselves. Superposition is therefore necessary 
but not sufficient for validating model predictions 
of multi-articular muscle coordination [1]. 

 
CONCLUSIONS 
As ground-force decomposition analyses become 
more widespread, careful consideration should be 

given to the formulation of the model used to 
simulate ground contact. The results of the 
present study illustrate the sensitivity of 
calculations of muscle coordination to the chosen 
model of foot-ground contact. These findings 
have implications for analyses of leg-muscle 
function in gait, particularly if the results of such 
analyses are to guide clinical decision making. 
 

 

 
Figure 3: Superposition error for each contact model for 
walking (A) and running (B). 
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INTRODUCTION 
Muscle-actuated simulations have been used to 
provide a systematic methodology for 
determining muscle contributions to mass 
center and joint accelerations during walking 
and running [1,2,3,4]. Methods such as induced 
acceleration analysis [3,5,6,7], perturbation 
analysis [1,2], and ground reaction force 
decomposition [4,8] have become common for 
calculating individual muscle contributions to 
motion. We have recently created a three-
dimensional, muscle-actuated simulation of the 
running gait cycle and performed an induced 
acceleration analysis to quantify muscle 
contributions to propulsion and support [3]. Our 
results suggest these methods are sensitive to 
the ground contact modeled used. To test the 
validity of these analysis methods, previous 
studies have focused on comparing the sum of 
reaction forces of contact models to the 
experimentally measured ground reaction 
forces [3,4,9,10]. However, reproducing the 
reaction moments is also important. By using a 
three-dimensional model we were able to 
compare the reaction forces and moments from 
modeled foot-floor constraints to experimental 
measurements. The purpose of this study was 
to compare the reaction forces and moments of 
three different foot-floor constraints during 
running to measured ground reactions over 
multiple steps. This comparison is necessary to 
determine if a ground contact model is 
physically viable for accurately estimating 
muscle contributions to motion. 
 
METHODS 
We collected marker trajectories and ground 
reaction forces of a single healthy male subject 
(height 1.83 m, mass 65.9 kg) running on a 
treadmill and used these data to generate a 
subject-specific simulation of 14 gait cycles. 
The subject ran at 3.96 m/s, which was three 
times his self-selected walking speed. The 
simulation was generated using OpenSim [11] 
(Fig. 1). A 12 segment, 29 degree-of-freedom 
musculoskeletal model was scaled to match the 
subject’s anthropometry. An inverse kinematics 
algorithm solved for the joint angles that best 

Fig. 1. Snapshots from a simulation of the running gait 
cycle (left foot strike to subsequent left foot strike). Muscle 
color indicates simulated activation level from fully 
activated (red) to fully deactivated (blue). 
 
the subject’s motion. Kinematics were adjusted 
for dynamic consistency using a residual 
reduction algorithm (RRA) [11]. The computed 
muscle control algorithm [12] was used to 
compute the muscle excitations required to 
track the kinematics produced by RRA. An 
induced acceleration analysis was then used to 
compute contributions of individual muscles to 
the ground reaction force and moment 
generated by the foot-floor constraint.  
 
To perform the induced acceleration analysis, 
we computed accelerations due to individual 
force contributors according to the equations of 
motion for a constrained multibody dynamic 
system: 
 

 
 

where M is the mass matrix, q are the 
generalized coordinates (e.g., joint angles), C is 
the constraint matrix, λ are the constraint 
forces, G are the gravitational generalized 
forces, V are the generalized forces due to 
velocity effects, R is the matrix of muscle 
moment arms, and Fm are the muscle forces. 
Throughout the simulated running trial, the 
constraint reaction forces, λ, due to forces   
from muscles, gravity, and velocity effects were 
calculated. Reaction forces and moments for 
three different constraint types used in previous 
studies were calculated and compared to 
measured ground reactions: weld (i.e., foot 
fixed to the floor) [1,2,4,7,9], point (i.e., no 
translations) [8,10], and rolling without slipping 
[3]. 



Fig. 2. Comparison of the measured ground reaction 
forces and moments (red dashed) to simulated constraint 
reaction forces and moments (black solid) averaged over 
14 steps during running for three different constraints: 
point, weld, and rolling. Shaded areas represent ±1 
standard deviation. 
 
The rolling without slipping constraint is a 
custom constraint that combines a unilateral 
non-penetrating constraint (i.e., no floor 
penetration but the foot can be lifted off the 
floor) and a pure rolling constraint (i.e., no 
slipping in the fore-aft and mediolateral 
directions, and no twisting about the vertical 
axis).  
 
Each constraint was applied at the measured 
center of pressure at each time step during the 
analysis, allowing for direct comparison of 
constraint reactions and ground reactions.  
 
RESULTS AND DISCUSSION 
Ground reactions measured at the center of 
pressure during walking and running yield three 
force components (i.e., fore-aft, vertical, and 
mediolateral) and only one moment component 
(i.e., vertical). The weld constraint produced 

reaction moments not observed at the foot 
during running, while the point constraint did not 
produce any moments (Fig 2). The rolling 
without slipping constraint produced average 
reactions that closely matched each component 
of the reaction force and the vertical reaction 
moment, without introducing moments not 
generated at the foot during running. The rolling 
constraint did slightly overestimate the peak 
vertical moment in late stance by an average of 
4 N-m. The rolling constraint does not produce 
a moment about the frontal and sagittal axes 
(i.e., fore-aft or mediolateral) because only one 
rotation of the foot (twisting about the vertical 
axis) is constrained with respect to the floor. 
Methods other than kinematic constraints (e.g. 
spring-damper elements) may be used to 
achieve similar results. However, ground 
contact models that constrain frontal and 
sagittal rotations, like a weld constraint, or do 
not constrain vertical rotation, like a point 
constraint, will not reproduce experimentally 
measured moments between the foot and the 
floor. 
 
CONCLUSIONS 
We have presented a physically viable foot-floor 
constraint, used to analyze muscle-actuated 
simulations of running, which reproduces 
measured ground reaction forces and moments. 
As simulation studies to examine muscle 
actions during movement become more 
common, it will be important to characterize the 
reaction forces generated by contact models 
and compare them to measured reaction forces 
from experiments to ensure accuracy of results 
and correct interpretation of muscle function. 
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INTRODUCTION 
One of the objectives of the EU-funded project 
TLEMsafe is to predict the outcome of 
complicated orthopaedic procedures involving 
relocation of muscles or bone cuts in the lower 
extremities. Since different surgical strategies 
may result in different functional outcome (e.g. 
the resulting gait pattern), the goal is to predict 
this outcome on beforehand by simulating the 
movement with a personalized musculoskeletal 
model. The aim of the present study is to develop 
this predictive model. The challenge is to have an 
accurate model that is computationally fast 
enough to be used in clinical applications. 
 
METHODS 
A 21 degrees of freedom three-dimensional 
forward model of pre-operative gait is derived  
from an inverse dynamic analysis calculated with 
a motion analysis software (AnyBody 4.2.1, 
AnyBody Technology A/S). Segment lengths, 
masses, positions of the centre of mass, 
moments of inertia and joint axes are scaled to 
the subject. Each joint is spanned with a linear 
spring and damper. 
Although the human control strategy during gait is 
still an ongoing topic of research, this model is 
based on a hierarchical control strategy. In the 
higher centre, three gait descriptors are defined 
(see Figure 1). A global controller defines 
kinematic constraints to meet the requirements 
(e.g. knee stance angle, hip flexion and abduction 
angle at terminal swing). These kinematic 
constraints are implemented in a quadratic 
dynamic matrix control (QDMC). This is a model 
predictive controller which ensures that end-point 
or continuous controlled constraints are kept to 
their targets. QDMC also quadratically minimizes 

the derivative of the torques U according to the 

equation [1]: 
 

    1min
)(

 kekU
kx

 [1] 

where U  are joints moments, e  the error 

between future outputs and reference values 
and x  the system states. The closed loop 

system results in cyclic gait. 

 

The vertical ground reaction forces (GRFs) are 

modeled using a linear spring (            
 ) and a linear damper (            ) at 
each contact point at the foot. Shear forces are 
modeled as approximated Coulomb friction [2]. 
During the single stance phase, an additional 
kinematic constraint is implemented into the 
QDMC that aims to point the GRFs towards the 
body center of mass. Effectively, it adds shear 
forces at the stance foot, resulting in better 
estimates of the shear GRFs. 
 
RESULTS AND DISCUSSION 
Simulated GRFs, joint moments and angles 
have been compared to measured values 
analyzed with AnyBody 4.2.1. 
Simulated GRFs show correct magnitude and 
shape compared to measured values, as 
illustrated in Figure 2. 
Model predicted and human joint angles show 
qualitatively similar patterns, shown for several 
joint angles in Figure 3. 
Model predicted and human joint moments, 
normalized to body weight, show similar 
features (see Figure 4). Small differences can 
be found in the timing; the amplitudes are 
similar. Improvements should focus on  

Fig 1: Schematic overview of the model ( x respresents 

the system states) 
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increasing the smoothness of the simulated 
joint moments. 
An important aspect of this model is it’s lateral 
balance. For lateral balance, it is sufficient to 
control the hip abduction angle of the swing leg at 
the end of swing phase such that the extrapolated 
center of mass (XcoM) lies within the of support 
[3]. This is illustrated in Figure 5, showing that the 
simulated XcoM stays within the center of 
pressure (CoP). 
 

 
CONCLUSIONS 
Based on 3 gait descriptors, cyclic gait can be 
modelled by coupling a 3-dimensional forward 
model to a controller. The simulated GRFs and 
joint kinetics show patterns similar to measured 
values. Since the computational effort of this 
model is small, it can provide a fast prediction of 
walking capacities. 
Future work will focus on improving the current 
model and investigating whether the model can 
be used to successfully predict the post-operative 
gait. The latter aim could be achieved by: 
- Set limits on the maximum joint moments 
- Add (cyclic) disturbance moment, 

representing  loss of function or relocation of 
specific muscles. 

- Control variables 
- Mechanical properties (mass and dimension) 
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Fig 5: According to lateral balance theory, lateral stability 

is provided as long as the extrapolated center of mass 
lies within the base of support.  

Fig 4: Comparison of measured (solid) and simulated 

(dotted) joint moments of the right leg (red, blue and 
black lines represent hip flexion, knee flexion and ankle 
plantar flexion moment respectively). 

Fig 3: Comparison of measured (solid) and simulated 

(dotted) joint angles of the right leg (blue, red and black 
lines represent hip abduction, hip flexion and knee flexion 
angles respectively). 

Fig 2: Comparison of measured (solid) and simulated 

(dotted) ground reaction forces (blue, red and black lines 
represent vertical load, anteroposterior shear and medial 
shear respectively). 
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INTRODUCTION 
Dynamics simulations of human motion through 
musculoskeletal models represent a 
fundamental step for the evaluation of the 
skeletal loads during motion [1]. Recent studies 
report more accurate results using subject-
specific models particularly in presence of 
abnormal anatomies [2], as for patients 
undergoing massive skeletal reconstructions. 
Techniques of inverse dynamics and static 
optimisation applied to musculoskeletal models 
have been commonly adopted for the estimates 
of joint and muscle forces during motion [1]. In 
the workflow, different simulations need to be 
performed, involving modelling uncertainties at 
different steps that affect the prediction of the 
skeletal loads. Particularly, the instantaneous 
poses calculated through inverse kinematics 
are affected by modelling uncertainties mostly 
due to the definition of joint kinematics and 
optimisation parameters [3]. The results of 
inverse kinematics are used as inputs to 
dynamics simulations, whose results are 
affected by such uncertainties. There are no 
published works assessing the sensitivity of the 
skeletal loads of the lower limbs. Therefore the 
aim of the present study is to evaluate the 
sensitivity of joint and muscle forces to the 
modelling uncertainties due to the definition of 
kinematics parameters. The study is focused on 
the musculoskeletal system of the lower limbs 
during level walking, in a subject undergone a 
massive skeletal reconstruction. 
  
 
METHODS 
A subject-specific musculoskeletal model of the 
lower limbs was defined from clinical data of a 
young subject undergone a massive skeletal 
reconstruction at the left femur [4]. The model 
included 7 rigid bodies, 10 degrees of freedoms 
and 82 Hill-type musculotendon actuators (Fig. 
1). The articular joints were modelled following 
ISB standards [5] and the muscular model of the 
operated leg was modified to mimic the surgery 

operations. The muscle parameters were 
estimated on the individual data where possible, 
othewise derived from a published model [6]. The 
recorded 3D locations of 36 markers [7] and the 
ground reaction forces of a walking trial were 
used to run the simulations of motion. 

 
Fig 1. Modelling workflow: musculoskeletal model of the 
lower limbs and simulation of motion 

 
Two main setups of experiments were designed 
to evaluate the sensitivity of joint and muscle 
forces to the optimisation parameters of inverse 
kinematics (SetMarkers) and the identification 
of joint centres of knee and ankle (SetJoints): 
1. SetMarkers. The weights of the experimental 

markers of inverse kinematics were defined 
as statistical variables varying between 0.5 
and 1.5, resulting in 30 setups where the 
combinations of variable values were 
random and different in each setup (latin 
hypercube sampling). 

2. SetJoints. The anteroposterior and 
proximodistal coordinates of knee and ankle 
joint centres were varied ±5 mm from the 
nominal position through a design of 
experiments (fractional factorial), resulting in 
8 setups. Since the identification of the hip 
joint was derived from the CT scans, it was 



considered sufficiently accurate and not 
included in the experiments. 

Joint kinematics and kinetics, joint reaction and 
muscle forces were computed using the 
OpenSim software [8]. For the two Setups, joint 
reactions and muscle forces were collected as 
mean, minimum and maximum values within the 
gait cycle; the muscle forces were grouped by 
function and analysed in correspondence of the 
peak of joint reaction forces. 
 
 
RESULTS AND DISCUSSION 
Across the stance phase of gait, the joint 
reaction forces showed a comparable variability 
(range/mean) between the two Setups (Tab 1), 
with peaks at the ankle joint up to 35% (mean 
1.36 BW, range 0.48 BW). From these findings, 
it follows that one set of kinematics parameters 
is not more relevant than the other for the 
sensitivity of the joint reactions.   
 
Tab 1. Variability (mean and maximum across the stance 
phase) of the joint reaction forces for the two setups 

Variability 
(%) Mean Max Mean Max

Hip 10% 18% 6% 12%
Knee 10% 22% 12% 22%
Ankle 22% 34% 21% 35%

SetMarkers SetJoints

 
 
With SetMarkers the muscle forces showed a 
maximum variability of 30% (ankle 
plantarflexors) and mean value of 17% between 
all muscles; with SetJoints maximum variability 
of 56% (knee extensors) and mean value of 
18% (Fig 2). The absolute contribute of 
dorsiflexors was negligible. A comparable 
variability is shown between the two Setups; 
however a slightly larger sensitivity of the hip 
muscles forces was found to SetMarkers, while 
the knee and ankle muscle forces showed a 
slightly larger sensitivity to SetJoints. 
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Fig 2a. Hip muscle forces (mean, min and max) 
calculated in correspondence of the peak of hip reaction 
with the two experimental setups. 

Muscle Forces (N) - Knee and Ankle

0

500

1000

1500

Knee Flexors Knee
Extensors

Ankle
DorsiFlexors

Ankle
Plantaflexors

SetMarkers
SetJoints

Fig 2b. Knee and ankle muscle forces (mean, min and 
max) calculated in correspondence of the peak of knee 
and ankle reactions with the two experimental setups. 

 
 
CONCLUSIONS 
The present study showed the sensitivity of the 
skeletal loads of a lower limb model to 
modelling uncertainties of inverse kinematics. 
The sensitivity to the two sets of kinematics 
parameters was equally important and the 
predicted muscle forces presented a variability 
comparable to that shown varying the number 
of muscles included in the model [9]. The study 
involved only one subject, thus the found 
variabilities cannot be smaller with a larger 
sample size. The evaluation of the sensitivity of 
the skeletal loads can be helpful in designing 
protocols for gait analysis and defining the 
articular joints.  
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INTRODUCTION 
Total hip arthroplasty (THA) potentially intro-
duces major changes in hip joint biomechanics. 
An insufficient amount of bone stock may 
necessitate a superior repositioning of the 
acetabular cup, decreasing the calculated 
muscle moment generating capacity [1]. Also, 
changes to the hip joint center (HJC) and the 
proximal femur geometry were shown to 
influence calculated hip joint contact forces [2]. 
Considering the importance of hip loading to 
implant osseointegration, our long-term goal is 
to pre-operatively predict the effect of THA on 
muscle and joint loading around the hip. This 
requires an integration of subject-specific 
musculoskeletal modeling, computer-assisted 
orthopaedic surgery (CAOS) and the calculation 
of musculoskeletal loading. 
 
In this proof of concept study, we use a 
workflow to define individualized musculo-
skeletal models using CT-images. We evaluate 
the influence of the supero-inferior HJC location 
and prosthesis neck length (NL) on hip contact 
forces in one patient. To assess the influence of 
subject-specific modeling, the resulting forces 
are also compared to those calculated using a 
rescaled, generic model. 
 
 
METHODS 
In previous research [2], volumetric CT scans of 
the pelvis and femora were taken of a patient 
about to undergo THA for coxarthrosis. Pre-
operative gait analysis was performed for the 
same patient. During barefoot gait, motion was 
recorded using 30 reflective markers [3]. 
Ground contact forces were measured using 
two force plates. A static pose was also 
measured, with extra markers placed on the 
medial epicondyles and malleoli. Using the 
resulting marker locations, a generic musculo-
skeletal model [4] was rescaled [2, 5]. 

 
To generate the subject-specific models, we 
semi-automatically constructed 3D models of 
the patient's hemipelves and femora from the 
CT image gray values using Mimics 
(Materialise, NV, Leuven, Belgium). Further 
processing was done using custom MATLAB 
code (The MathWorks, Inc., Natick, MA, USA). 
Using the 3D bone models, we automatically 
determined the HJC [6]. The femoral neck 
center (FNC) was determined as the centroid of 
the shortest path around the femoral neck. The 
symmetry axis of the posterior condyles of the 
femur [7] determined the knee axis direction. 
The midpoint of the epicondylar landmarks, 
projected perpendicularly onto the knee axis, 
was used as the knee joint center. An inverse 
kinematics procedure calculated the joint 
kinematics based on the accommodated model. 
 
A database matching approach, modified from 
the work of Gelaude [8], was used to locate 
muscle attachment regions. The centroids of 
these regions were used as muscle attachment 
points. Muscle via points in the rescaled generic 
model were customized by re-calculating the 
model's scale factors using a modified scaling 
approach [5]. Finally, the muscles' maximum 
forces, optimum fiber lengths and tendon slack 
lengths were scaled by the muscle trajectory 
lengths. 
 
The subject-specific model described above 
was modified to reflect the anatomical changes 
introduced by THA. Following Delp et al. [1], the 
HJC was displaced superiorly relative to the 
pelvic coordinate frame by 20 mm, in 10 mm 
increments (Table 1). Subsequently, the NL 
was increased by 30 mm in 10 mm increments. 
The latter increase was simulated by displacing 
the HJC relative to the femoral frame along a 
line connecting FNC and HJC. This way, six 
different models were created. 



For the rescaled generic model and all six 
subject-specific models (Table 1), SIMM 
(Musculographics, Inc., Santa Rosa, CA, USA) 
was used to calculate gait kinematics [5], gait 
kinetics and muscle force generating capacity 
from the gait analysis marker trajectories. A 
static optimization algorithm developed in 
MATLAB (modified from [2]) was used to 
determine muscle activations. Using the 
resulting muscle forces, a second inverse 
analysis in SIMM calculated the hip joint contact 
force. Finally, the peak contact force magnitude 
over the observed gait cycle was determined. 
 
 
RESULTS AND DISCUSSION 
When comparing the rescaled and the unaltered 
subject-specific model (without changes to the 
anatomical HJC or NL), the peak contact force 
magnitudes (Table 1) do not show substantial 
differences. However, a considerable difference 
in contact force is observed during the swing 
phase of gait (Fig. 1). Limited differences in 
peak contact force are observed between the 
unaltered subject-specific model  and four of 
the five altered models (with NL increase up to 
20 mm). In contrast, the 30 mm NL increase 
causes a substantial rise in contact force. 
 
A likely cause for the increase in hip contact 
forces after a NL increase of 30 mm is the 
passive force exerted by muscles stretched 
beyond their normal length. This would 
correspond with the effects reported by Delp et 
al. [1], who reported an increase in passive 
muscle forces after increasing NL by 30 mm. 
This potentially impedes hip range of motion. 
 
Although these results are potentially useful to 
the planning of THA, they should be interpreted 
with caution, as only a single patient was con-
sidered and the resulting contact forces were 
not compared to measured data from an instru-
mented implant. Also, to use our methods in a 
clinical setting, the problem of transfer to the 
operating theatre remains to be solved. Spe-
cifically, a method is required to align the pros-
thesis with the anatomical femoral neck axis. 
 
 
CONCLUSIONS 
In this study, we have demonstrated a proof of 
concept for a system that integrates CAOS, 
subject-specific musculoskeletal modeling and 
the calculation of musculoskeletal loading. This 
system can provide biomechanical information 
relevant to the planning of THA. During specific 
instants of the gait cycle, the resulting hip 
contact forces differ substantially from those 
determined using a rescaled generic model, 

underscoring the need for subject-specific 
musculoskeletal modeling. However, more 
research is needed to resolve the issue of 
transfer to the operating theatre and to validate 
the results in a larger patient sample. 
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Table 1: Geometrical changes used to define different 
models, and the resulting peak contact force magnitudes. 
 

Superior 
HJC shift 

[mm] 

NL 
increase 

[mm] 
Model 

Peak 
contact 

force [kN] 

0 0 Rescaled 1.57 

0 0 1.64 

10 0 1.63 

20 0 1.56 

20 10 1.54 

20 20 1.61 

20 30 

Subject-
specific 

2.23 
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Fig 1: Hip contact force magnitude over one gait cycle, 
beginning at heel strike, for the rescaled and the 
unaltered subject-specific model. 
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INTRODUCTION 
The goal of this project was to create a “virtual 
arm” that can simulate complex musculoskeletal 
dynamics in real time, so that it can be used in 
the place of the actual human arm during 
development of neural prostheses and brain-
computer interfaces. 
 
In musculoskeletal dynamics, differential 
equations describing the model are typically 
very stiff and nonlinear. As a result, forward 
dynamic simulations using explicit numerical 
methods require small time steps and are much 
slower than real time. In this study, we used an 
implicit method based on a first-order 
Rosenbrock formula, resulting in simulation 
times faster than real time, with the same 
accuracy as a much slower variable-step 
explicit method. 
 
METHODS 
The model was initially built in SIMM 
(MusculoGraphics, Inc.), using anatomical data 
from cadaver studies performed by Klein-Breteler 
et al. [1]. Details of the original SIMM model and 
its evaluation using inverse dynamic simulations 
can be found in [2]. 
 
The model consists of seven body segments 
(thorax, clavicle, scapula, humerus, ulna, radius 
and hand), and eleven degrees of freedom 
(three each at the sterno-clavicular, acromio-
clavicular and glenohumeral joint, elbow flexion 
/extension and forearm pronation/supination). 
Each of the 138 muscle elements is modeled 
with activation dynamics and a 3-element Hill 
model (consisting of a contractile, series elastic, 
and parallel elastic element), described in [3].  
 
To model the scapulo-thoracic gliding plane, the 
thorax was described as an ellipsoid.  Two bony 
landmarks on the scapula (trigonum spinae and 
angulus inferior) were not allowed to penetrate 
the ellipsoid, as in [4]. In our model however, 
contact was not a hard constraint, but had an 

elastic potential energy that was zero outside 
the ellipsoid (to allow scapular “winging”), and 
increased quadratically when moving into the 
ellipsoid.  

 
The original SIMM model included geometric 
objects that allowed muscles to wrap around bony 
structures. Calculation of wrapping during runtime 
is, however, time-consuming. In this model, the 
moment arms and lines of actions of the muscles 
were exported from SIMM and approximated 
using polynomials, as described in [5].  
 

Equations of motion for the model were derived 
using Autolev (Online Dynamics Inc., Sunnyvale, 
CA). Muscle dynamics was implemented by 
custom C code. The system dynamics are 
described by a set of implicit first order differential 
equations that include the equations of motion, 
muscle activation dynamics and muscle 
contraction dynamics: 

0u),xf(x,   

where x is a vector with 298 state variables (11 
angles, 11 angular velocities, 138 muscle 
contractile element lengths, and 138 muscle 
active states). The vector u contains the 138 
control inputs, one neural excitation for each 

 
 
Fig 1: The model shown in OpenSim (posterior view). It 

includes the muscles, bones, wrapping objects, and the 
ellipsoid representing the thorax. 

mailto:TGCS@faber.kuleuven.be


muscle element. The Jacobians df/dx, df/dẋ, and 
df/du were implemented using symbolic 
differentiation in Autolev and hand-coded for 
muscle dynamics. Having exact Jacobians 
allowed efficient simulation with an L-stable 
implicit Rosenbrock method based on the 
backwards Euler discretization [6], which was 
implemented in Matlab (Mathworks, Inc.). 
 
RESULTS AND DISCUSSION 
The model was tested on an Intel i5 processor at 
2.67GHz. Calculation of the function f and its 
Jacobians required 1.17 ms, of which only  0.09 
ms was for the muscle models. Total time for 
each simulation step including the linear algebra 
for the implicit method was about 2.7ms, which 
means that real-time simulation can be done with 
a time step of 3 ms or more. 
 
As a benchmark test, we ran a 4-second 
simulation, starting at passive equilibrium. All 
muscles were ramped up to full stimulation at t = 
0.2 seconds. Stimulation was then kept constant 
at 100% and at t = 2.0 seconds the muscles were 
relaxed again to a passive state. 
 

 
Figure 2 shows the result of the simulation using 
a conventional variable-step explicit method 
(Matlab's ODE23), which was assumed to be a 
“gold standard” in terms of accuracy. Because of 
the extremely stiff nature of the system, very 
small time steps were taken, with an average time 
step of about 2 microseconds. The 4-second 
simulation took about 3.5 hours. 
 
The same simulation was also done with the 
Rosenbrock method and a step size of 3 ms, 
which resulted in the 4-second simulation taking 
3.6 seconds of real time. The RMS difference in 
joint angles between the explicit simulation result 

(Figure 2) and the implicit simulation was only 
0.11 degrees, which means that this method is 
faster than real time, and still very accurate.  
Figure 3 shows how the RMS error depended on 
the time step.  For sufficiently small steps, error 
was proportional to step size, which confirms that 
this was a first order method. Above 5 ms, the 
method became unstable. 

 
CONCLUSIONS 
We have succeeded in developing a 
musculoskeletal model of the shoulder and arm 
that can run fast forward dynamic simulations, 
using implicit formulation of system dynamics 
and an implicit solver. With this method, we 
achieved speeds 1.1 times faster than real time, 
using an ordinary personal computer and no 
specialized hardware. Integrated with a 3D 
visualization environment, this model can be a 
very useful tool for applications that require 
real-time forward dynamic simulation of arm 
movement. The methods presented here can be 
applied to other musculoskeletal models, and 
off-line simulations where simulation speed has 
always been a bottleneck. 
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INTRODUCTION 

Musculoskeletal simulation is in the process of 
gaining a central role in the decision making 
processes within product design [1-3] and 
orthopaedics [4,5]. This evolution makes it 
necessary to have a justified confidence that the 
models are adequate representations of the 
systems they simulate, and it raises the question 
of how musculoskeletal models can be critically 
evaluated. Even though the topic of validation has 
become extremely relevant there is still much to 
learn from traditional areas of engineering where 
validation and verification (V&V) have been a 
serious issue for several decades. 
Validation is defined as the comparison between 
experimental measurements and computational 
estimations.  Almost all works in musculoskeletal 
modelling contain some aspect of validation, 
either to justify a proposed model or provide 
confidence in the conclusion of a specific 
research question. The types of validation vary 
greatly, and both qualitative and quantitative 
methods are often seen. Qualitative methods are 
characterized by subjective terms describing 
agreement between the results as for example 
‘good’, ‘fair’ or ‘poor’. This kind of quantitative 
validation is often observed in musculoskeletal 
modelling studies in lack of better alternatives. 
For validation to be useful it must be based as 
much as possible on quantitative measures. 
Quantitative validation is warranted in all the 
cases where it is possible to define an objective 
comparison criterion between the computed and 
experimental quantity of interest. Such 
mathematical measures are referred to as 
validation metrics in the context of V&V. 
Single values are typically compared by their 
relative error, and many standard statistical 
methods are well suited for these kinds of 
problems. However, the same methods are less 
useful when comparing the difference between 
two curves. The comparison becomes sensitive to 
inaccuracies on the abscissa, and the magnitude 

of the quantity itself. Consider two similar curves 
shifted slightly along the abscissa. If the curves 
changes rapidly, the relative difference can 
become very large. 
It is possible that the problem of finding good 
methods for curve comparison is the main reason 
that many musculoskeletal studies stick to use a 
qualitative validation method. As previously 
mentioned other areas of engineering have faced 
similar challenges. Schwer [6] argues for the use 
of a validation metric for curve comparison 
originally proposed by Geers [7] which divides the 
metric into two parts; a magnitude error M which 
is insensitive to inaccuracies on the abscissa, and 
a phase error P that does not depend on the 
amplitude of the curves. 

The following illustrate an integration based 
metric for waveform comparison originally 
proposed by Geers [7]. 

     vmm =
1

t2 ¡ t1

Z t2

t1

m(t)2dt 

vcc =
1

t2 ¡ t1

Z t2

t1

c(t)2dt 

vmc =
1

t2 ¡ t1

Z t2

t1

m(t)c(t)dt  

Here m(t) is the measured wave form and c(t) is 
the computed waveform, and t1 to  t2 is the time 
span of interest. The magnitude and phase error 
is then defined as follows:  

M =

r
vcc

vmm
¡ 1 P =

1

¼
cos¡1 vmcp

vmmvcc
  

The metric M and P are designed to give zero 
when the curves are identical. Geers [7] also 
defined a combined error C to produce a single 
value for the comparison. 

C =
p

M2 + P 2  
In the present work we will investigate if there is 
potential for using Geers validation metric for 
quantifying the difference between measured 
EMG curves and estimated muscle activities. 



METHODS 

The Geers metric was applied on data produced 
by de Zee et al. [8]. In this paper a mandible 
model built in the AnyBody Modeling System was 
validated by comparing estimated muscle 
activities against EMG measurements for five 
different tasks (protrusion, chewing, symmetric 
clenching, unilateral clenching left, and unilateral 
clenching right). The model was equipped with 24 
Hill-type actuators controlling the mandible. The 
muscle recruitment was predicted using a 
min/max criterion. EMG activity of the anterior 
temporalis and masseter muscles was recorded 
bilaterally with surface electrodes (Medicom, 
Denmark), while the EMG activity of the medial 
and lateral pterygoid was recorded bilaterally with 
wire electrodes. The raw EMG signals were 
rectified and low pass filtered (cut-off: 3Hz, 4th 
order Butterworth) and normalized to MVC. The 
processed EMG and estimated muscle activities 
were used for calculating the Geers metric. 

RESULTS AND DISCUSSION 

Figure 1 shows the EMG and the estimated 
muscle activity for the 8 muscles for the unilateral 
left clenching task plus the calculated M, P and C 
metric. We restrict the discussion to this task, 
because it illustrates nicely the features of the 
Geers metric. The biggest advantage is that the 
method provides numbers for both the amplitude 
error, phase error and the combined error in one 
go, which gives intuitive meaning. It also 
measures the agreement between the 
computational results and the experimental data 
in such a way that positive and negative errors 
cannot cancel each other out. Even though the 
metric does not provide any statistical information, 
it does make it possible to compare different 
models in a more objective against the same 
experimental data. The biggest disadvantage of 
the Geers metric is illustrated by figure 1H, where 

both the EMG activity and the estimated activity 
are very low. This result in a high error using the 
Geers metric, while in our modest opinion we feel 
that figure 1H shows a good match between EMG 
and the estimated muscle activity. To test the 
validation metric further one should investigate 
the consistency of the validation metric using 
Subject Matter Expert opinions. 

CONCLUSIONS 

In order to advance in the field of musculoskeletal 
modelling it is essential to come up with 
quantitative validation methods. The Geers metric 
seems a good candidate for comparing EMG and 
estimated muscle activity curves, though not in 
situations where both calculated and measured 
signals are almost zero.  
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Fig 1: The EMG and the estimated muscle activity for the 8 muscles for the unilateral left clenching task plus the 
calculated M, P and C metrics. 



 
 
Fig. 1: Muscle paths in MRI with joint angles 

differing from zero degrees (red lines) and muscles 
paths used in OpenSim model (blue lines).  
The muscles paths have been corrected into a 
neutral standing position (zero degree joint angles) 
to calculate and set the individual muscle 
attachment points in the subject specific model. 
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INTRODUCTION 
Cerebral palsy (CP) is caused by an injury to 
the central nervous system and results 
commonly in abnormal motor control associated 
with an abnormal gait pattern. Crouch gait is 
one of the most common gait abnormalities in 
CP children and is primarily characterized by 
excessive flexion of the knee during stance, 
although flexion, adduction, and internal 
rotation of the hips are also often observed. 
Most cases of crouch gait are attributed to 
spastic or contracted hamstrings muscles, but 
hip flexion contracture and weakness of the 
ankle plantarflexors are also believed to 
contribute.  
Subject specific musculoskeletal models are 
necessary for accurate kinetic analysis of joint 
motions during walking. 
Few modelling studies have included subject-
specific muscle geometry and the actions of 
individual muscles, and even fewer studies 
have used subject specific models of children. 
We have created MRI-based musculoskeletal 
models of 2 children with cerebral palsy. For 
validating the models we compared the 
geometrical model descriptions and 
musculotendon parameters of the CP-models to 
an average children‟s model based on 5 age-
matched healthy subjects.  
These models will be used to study muscle 
function in CP gait. 
 
METHODS 
From five healthy children with no known gait 
disorders and two children with cerebral palsy 
(age 9,5 ± 1,7 years, height 1.34 ± 0,075 m and 
weight 30.3 ± 3,8 kg) magnetic resonance 
images (MRI) of the lower limbs were recorded 
from the first lumbar vertebrae down to the 
calcaneus. The parents of the children gave 
informed consent. 
For each subject forty-six muscle-tendon units 
and the corresponding bones represented by 
the pelvis and femur, tibia and fibula of each leg 
were reconstructed from the images using a 

commercial software package called AZIVO 
(Mercury Systems). 
 
Seven subject-specific musculoskeletal models 
for the simulation platform OpenSim [1] were 
created out of this data with a semi-automated 

process [2]. Each model has the same 
kinematic structure as described in [3]. The 
skeleton is represented as a 10-segment, 23 
degree-of-freedom articulated chain. Details of 
the model skeleton are given in [4]. The 
musculotendon parameters for the Hill-type 
muscles [5] used in the models of the normal 
children were set according to a process 
published by Hainisch et al in 2011 [2]. Herby, 
after manual segmentation, the attachment 
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points of the muscles in the MR-images were 
automatically detected. The joint centers and 
orientations where identified via marked 
anatomical landmarks and algorithms for re-
constructing the centerlines of the muscle-
tendon units were applied. We extracted the 
muscle paths in the MRI and corrected them 
according to biased limb orientation during the 
MR process (Fig. 1). Further we identified the 
position of occasionally required „via points‟ for 
wrapping a muscle over a bone. The algorithm 
described in [2] for adjusting the values of 
optimal fiber length, tendon slack length and 
maximum isometric force was used.  These 
methods were also applied to create CP-models 
but the parameters of optimal muscle fiber 
length, tendon slack length as well as maximum 
isometric force were adjusted according to the 
results from isometric force measurements of 
the CP subjects. 
For each subject, muscle properties were 
normalized according to the findings of Eek et 
al [6]. An average children‟s model, based on 
the 5 healthy subjects, was created for the 
comparison purposes.  
 
RESULTS AND DISCUSSION 
The maximum isometric force in the muscles for 
ankle plantarflexion where relatively lower in CP 
children but Tibialis posterior (+50%) and Flexor 
digitorum longus (+20%) are significantly 
stronger in CP2 than in the control group. The 
Vastus in CP2 is +30% stronger but in this 
subject also the some knee benders are 
stronger (Sartorius +70%, Biceps shorthead 
+30%). For hip flexiors/extensors and 
abductor/adductors the results show an overall 
lower force in a majority of the contributing 
muscles (around -30%). But especially in CP2 
certain muscles, protagonist as well as 
antagonists, are up to 43% stronger compared 
to healthy children. 
A comparison of the possible maximum net joint 
moments in the used models shows no big 
influence of biased bone geometry and shifted 
muscle paths in CP. 
 
CONCLUSIONS 
Our future work involves the analysis of 
previously recorded gait data of CP patients 
and controls for gaining better knowledge about 
the muscle function in crouched gait. These 
data will be used as input to the subject-specific 
musculoskeletal models of the lower limbs 
described in this study to evaluate individual 
leg-muscle forces during gait. This information, 
in turn, will be used to quantify how individual 
muscles contribute to support and forward 
progression in normal and CP gait. 
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INTRODUCTION 
Billions of years of evolutionary pressure have 
forced organisms to come up with efficient 
solutions to a whole range of real-world 
problems. More and more engineers turn their 
attention to these solutions provided by nature 
when looking for design inspiration, considering 
nature to be an enormous database of readily 
available field-tested solutions. 
 
The seahorse (genus Hippocampus) is one 
example of an animal that went to great lengths 
to adapt to its environment. Seahorses use their 
reduced caudal fin as main source of 
propulsion, which leaves much to be desired in 
swimming speed [1]. Consequently, the 
seahorse needs to rely on several highly 
specialized adaptations for survival. 
Remarkably effective camouflage helps 
seahorses to stay hidden from predators, while 
the specialized skeletal structure provides a 
body armour that likely makes the fish more 
resilient to bites of predatory fish [2]. 
 
The body armour that covers the seahorse is 
very strong in the radial direction. Nevertheless, 
the seahorse displays a remarkable flexibility, 
especially in the tail region. So much even, that 
the tail is effectively used as a prehensile organ 
that allows the animal to hold onto the sea floor, 
while hiding along the edges of reefs or 
seagrass beds [3]. 
 
The remarkable combination of radial strength 
and bending flexibility of the seahorse’s tail is of 
particular interest to engineers, as the same 
combination of mechanical characteristics can 
often be found in design requirements. 
Therefore, the biomechanics of the skeletal 
structure of the seahorse tail is studied from an 
engineering point of view, so that the same 
principles could hopefully be applied to a whole 
range of engineering applications. 
 
 
 

METHODS 
Several high resolution µ-CT scans were taken 
from the tail of a specimen of the longsnout 
seahorse (Hippocampus reidi). Resolutions 
ranged from 7 µm (for individual skeletal 
segments) to 50 µm (for scans encompassing 
the entire tail). Scans included the seahorse tail 
in a curled, stretched and overstretched 
position. 

 

 
 
Fig 1: Skeletal segment of the seahorse tail, consisting of 

five skeletal elements, interconnected by joints. 
 
The tail skeleton consists of a chain of uniformly 
shaped segments (Figure 1). Towards the tail 
tip the segments become progressively smaller 
and more inclined. Each of the segments 
consists of five separate skeletal elements: one 
central vertebra surrounded by four dermal 
plates. For simplicity only one full segment was 
segmented, after which the 3D models of the 
skeletal elements were scaled, skewed and 
translated accordingly to the appropriate 
position to represent the other segments. This 
process was automated using the open-source 
software package pyFormex (pyformex.org). 
 
Kinematic models of these 3D surfaces were 
thereafter constructed. The skeletal elements 
were modelled as rigid bodies, connected by 
joints that are modelled as non-linear spring-like 
elements with a stiffness that differs according 
to direction. The joints between dermal plates 
are modelled as sliding joints, while the other 
joints are modelled as ball-and-socket joints. In 
each case there is some limited movement 
allowed in the other directions to improve 
convergence of the analyses. 
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The input files for the kinematic analyses are 
generated by pyFormex and solved using 
Abaqus 6.10 (Simulia, Dassault Systèmes). The 
kinematic model is simplified by replacing the 
exact geometry of the skeletal elements by a 
simplified geometry that only includes the 
contact points between the elements and the 
attachment points of the muscles (figure 2). 
These simple elements further inherit the 
properties of the corresponding exact 
geometries, such as components of inertia. 
 
 

 
Fig 2: From CT-scan to simplified kinematic model. 

 
 
RESULTS AND DISCUSSION 
The muscles that are mainly responsible for 
ventral tail bending are the median ventral 
muscles and the myomere muscles [4]. The 
median ventral muscles connect two 
consecutive vertebrae and cause a purely 
ventral bending upon contraction. The myomere 
muscles run on both lateral sides of the tail and 
can thus assist in both lateral-ventral bending 
(unilateral contraction) and ventral bending 
(bilateral contraction). The exact position of the 
muscles was determined from high resolution 
synchrotron scans. It became evident that the 
median ventral muscles connect subsequent 
vertebrae, while the myomere muscles span up 
to 7 segments, connecting the lateral process of 
a vertebrae with the medial surface of a more 
distally located dorsal dermal plate.  
 
Both types of  muscles are modelled as 
contracting connectors. The thus delivered 
force gets distributed in both kinetic energy 
(moving skeletal elements) and potential energy 
(the spring-like connectors or joints that are 

compressed or rotated). At all times the kinetic 
energy is kept at a negligible level compared to 
the potential energy, so that the dynamic effects 
have a limited influence on the final results. 
 
By simulating muscle contraction, the ventral 
bending of the seahorse tail is studied. 
Simulation results show that the dermal plates 
slide along the ‘ridges’ on their surfaces to allow 
for the motion. The inclination of the ventral-
dorsal joints towards the tail tip allow for further 
bending of the segments without large 
compression of the soft tissues in between. 
Compression of the medial joints is less 
pronounced, and may be of more importance 
for compensation of the muscle thickening 
during contraction than for the kinematics of the 
seahorse tail. 
 
 
CONCLUSIONS 
A versatile kinematic model of the seahorse tail 
skeleton was constructed. Kinematic analyses 
show that both the shape and the joint 
movement are important to allow such a 
complex motion as strong ventral bending, 
while maintaining sufficient radial stiffness. 
Insights in the biomechanics involved therein 
can hopefully provide a fresh view on innovative 
engineering designs such as steerable 
catheters for stent delivery. 
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INTRODUCTION 
Present surgical treatments for (revision) 
shoulder arthroplasty are technically difficult 
when dealing with severe glenoid defects. A 
durable fixation between bone and implant with 
optimal fit and positioning needs to be 
achieved. The planning of these interventions is 
in need for an accurate virtual anatomical shape 
reconstruction of the severely damaged glenoid. 
Such virtual shape reconstructions could (i) 
estimate missing bone stock volume, (ii) provide 
3D models for shaping allografts, (iii) aid the 
surgeon in positioning and orienting a standard 
glenoid component and (iv) be used for the 
design of a custom implant component. 
Furthermore, the latter three of these could be 
optimized for post-operative range of motion 
and joint forces when the virtual shape 
reconstruction is (v) used as initialization input 
for a patient-specific musculoskeletal model. 
 
A previous published study showed that 
traumatic glenoid rim defects can be accurately 
shape reconstructed with CT data, under the 
condition that a significant portion of the defect 
glenoid surface has remained intact [1]. Before 
this, another study presented a similar CT-
based reconstruction method but only illustrated 
and validated for the hemi-pelvis [2]. The latter 
mentioned study did not require intact portions 
of the pathological joint, but both studies used 
the contralateral joint for reconstruction. 
Because CT data of pathological shoulders 
usually lack inclusion of the contralateral 
shoulder joint, the present work aims at 
innovatively expanding and validating these 
methods in order to reconstruct severe glenoid 
defects without the need for contralateral and 
partial ipsilateral intact bone. 
 
METHODS 
The dried scapulae of four cadavers (both left 
and right) where CT scanned using a soft tissue 
filter and voxelsize 0.6 mm X 1.2 mm X 1.2 mm. 

Accurate 3D bone surface models, represented 
in STL (Standard Triagulation Language) file 
format, where derived using the Mimics® image 
processing software [Materialise NV]. Scapulae 
with severe artificial defects were manually 
created from each surface model by applying a 
plane cut. This plane was oriented slightly in 
retroversion and inferior inclination, ensuring all 
of the glenoid surface and glenoid fossa were 
removed. The intact surface models are further 
denoted ‘intact models’, those with an artificial 
defect as ‘defect models’. A typical intact model 
contained more than 100000 mesh points 
(200000 triangles) from which uniformly 
distributed and calculation time friendly surface 
point clouds (PC) were derived using grid filters 
of 1,2 and 3 mm (e.g. typically 4500 points for 
the latter).  
 
The developed shape reconstruction methods 
involved a sequence of mutual alignment, 
corresponding landmark detections and 
registration algorithms with rigid and affine 
transformations. These reconstruction methods 
were applied in two ways: firstly (1) using the 
contralateral intact model of the same cadaver, 
and secondly (2) using the six intact models 
from the remaining cadavers (Fig 1). A selection 
criteria based on 3D distance deviations was 
used when using the second pathway.   
 
Both ways were validated using absolute 
volume deviation and 3D closest point paired 
Euclidean distance between original glenoid 
and reconstructed glenoid. The results were 
statistically processed for mean and standard 
deviation. 
 
 
 
 
 
 
 



 
Fig 1: Novel computer-based shape reconstruction of 
severely damaged glenoids: (a) intact surface model; 
(b) surface model with artificial severe glenoid defect; 
(c) automated reconstruction using the contralateral 
model; (d) automated reconstruction using six other 
models 
  

 
RESULTS AND DISCUSSION 
 
All methods applied in both ways - that is using 
the contralateral scapula and using six other 
scapula – delivered 3D Euclidean distance 
values in the order of magnitude similar to the 
previous reported method for the hip [2].  
 
Relative comparison of the 3D Euclidean 
distance values reveals that the methods using 
an iterative closest point algorithm [3] are 
superior to methods using only a limited number 
of accurately corresponding landmarks and that 
reconstruction using the contralateral scapulae 
gives slightly better results than the 
reconstruction using the six other scapulae. The 
same accounts when comparing volume 
deviations 
 
 
CONCLUSIONS 
The automated CT-based virtual reconstruction 
method has the ability to provide absolute 
volume deviations which are within an 
acceptable range to pre-operatively estimate 
glenoid bone loss. Furtermore, it has the ability 
to reconstruct severely damaged glenoids by 
estimating their shape. Further research will 
provide more elaborate validation also using 
other clinically relevant validation parameters 
(e.g. validating the performance in estimating 
original glenoid position and orientation). 
 
It is preferred to use CT data of the autologous 
contralateral joint, rather than using a small 
number of CT data from non-autologous 
shoulders. However, this new study shows that 
using a database of healthy shoulder CT data –  

when no autologous contralateral data is 
available – can provide a valuable innovative 
alternative. 
 
This favorable result indicates that this 
reconstruction method can be used for CT-
based planning of surgical treatments for 
severe glenoid bone defects. This can include 
using these reconstructions as an initialization 
input for a patient-specific musculoskeletal 
model. It gives the onset for a more elaborate 
validation of these developed reconstruction 
methods. 
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INTRODUCTION 
Typically forward-dynamic computer simulation 
models of human movement have employed one 
of two methods: Individual muscle models, or 
torque driven simulation models.  The former 
selects parameters from the literature to govern 
muscle strength characteristics, however small 
perturbations to the value of parameters can have 
a much larger effect on the forces subsequently 
calculated [1].  Subject-specific torque-driven 
simulation models can represent the torque 
exerted at a joint using torque measurements 
collected on an isovelocity dynamometer. Such a 
method avoids some of the errors encountered 
with individual muscle models by determining 
strength parameters directly from torque 
measurements.  The disadvantage of existing 
subject-specific torque generator models over 
individual muscle models has been that the 
torque exerted at a joint has been represented by 
a function only of the kinematics of that joint.  As 
such torque generator models may not accurately 
represent the torques exerted by biarticular 
muscles where two-joint kinematics are important.  
 
To establish whether torque-driven models need 
to consider multiple joint kinematics, two different 
subject-specific torque-driven simulation models 
of squat jumping were created; one considering 
only single-joint kinematics in the representation 
of ankle, knee and hip joint torques and another 
which considered multiple joint kinematics. 
 
METHODS 
A Contrex Multi-Joint isovelocity dynamometer 
(CMV AG, Switzerland) was used to collect 
maximum voluntary isometric and isovelocity 
ankle plantar flexion (PF), dorsi flexion, knee 
flexion (KF) and extension (KE),  hip flexion and 
extension, and shoulder flexion and extension 
torques for a single participant.  Isometric and 
isovelocity plantar flexion, knee flexion and 
extension, and hip flexion and  extension torques 
were measured for a variety of secondary joint 
angles.  
Kinematics were measured for both the 
dynamometer trials and a two footed squat jump 
using Vicon Nexus motion analysis system (OMG 

plc, UK).  In addition ground reaction forces for 
the squat jump were measured using a Kistler 
force platform (Kistler Instruments Ltd., UK).  The 
participant gave informed consent for the 
procedures in accordance with a protocol 
approved by the Loughborough University Ethical 
Advisory Committee.   
 
The nineteen parameters governing two-joint 
torque representations of plantar flexion, knee 
flexion and extension [2], and hip flexion and 
extension were determined using a simulated 
annealing algorithm [3] by minimizing a weighted  
Root Mean Squared (RMS) difference between 
measured and calculated torques.  Plantar flexor 
torque was represented as a function of ankle 
and knee kinematics, while knee flexion and 
extension torques were represented as a function 
of knee and hip kinematics.  The biarticular 
torques exerted during hip flexion and hip 
extensions were calculated from the pre-
determined biarticular knee flexor and extensor 
parameters.  Torques exerted by the dorsi flexors, 
shoulder flexors and shoulder extensors were 
represented by nine parameter single-joint 
representations of joint torque.  
 

 
Fig 1:  A two-joint subject-specific simulation model of 

squat jumping a) kinematic and kinetic data collection, b) 

two-joint torque generator model.  

 
Two planar subject-specific 8-segment forward-
dynamic torque-driven models of squat jumping 
were created using AutolevTM and subsequently 



compared.  Both simulation models incorporated 
an identical visco-elastic foot-ground interface, 
with three vertical linear spring dampers at the 
toe, ball and heel.  The horizontal location of the 
toe was fixed. The visco-elastic parameters 
defining the foot-ground interface were 
determined using an angle driven version of the 
model by minimizing the difference between  
measured and simulated  GRF’s, orientation at 
take-off, contact time, vertical and horizontal take-
off velocities and angular momentum, using a 
genetic algorithm.  One simulation model used an 
existing methodology; torques at the ankle, knee, 
hip and shoulder joints were calculated from 
single-joint kinematics [4], whilst a second model 
represented torques at the ankle, knee and hip 
using the kinematics of two joints (Figure 1).  
 
RESULTS AND DISCUSSION 
Fitting the PF, KF and KE torque measurements 
using a two-joint representation of torque resulted 
in weighted RMS differences of 23 Nm, 14 Nm 
and 26 Nm respectively.  For different secondary 
joint angles the differences ranged from 5-12% 
PF, 7-10% KF and 8-12% KE of maximum torque. 
Single-joint representations of PF, KF and KE 
torque resulted in weighted RMS differences of 9 
Nm, 10 Nm and 22 Nm respectively.  For different 
secondary joint angles the differences ranged 
from 5-16% PF, 6-15% KF and 9-18% KE (Table 
1). 
 
Table 1: RMS difference between measured joint torques 

and those calculated by the respective torque generators 

action / secondary 

joint angle (˚) 

single-joint 

(%) 

two-joint 

(%) 

plantar flexion  

(posterior knee joint angle) 

91 10.6 4.7 

114 16.3 11.9 

160* 5.3 5.1 

knee flexion  

(posterior hip joint angle) 

141 14.9 9.4 

126 12.4 9.7 

104* 6.2 7.6 

knee extension  

(anterior hip joint angle) 

146 18.3 8.2 

124 12.4 8.3 

104* 9.3 11.7 

* signifies secondary joint angle used to obtain single-joint 
model parameters. Two joint model parameters obtained 
from all three secondary joint angles 

 
One of the nineteen parameters determined for 
the two-joint torque representation was a 
measure of the mean moment arm ratio for the 
two joints such that ankle plantar flexion 
(knee:ankle) was 0.15, knee flexion (hip:knee) 
1.19 and knee extension (hip:knee) 0.44. Flexing 
the secondary joint by approximately 40˚ was 

accompanied by a greater difference between the 
single-joint representation of torque and 
measured torques than for the two-joint 
representation . 
 

 
Fig 2:  Monoarticular and biarticular plantar flexor torque 

contributions with a flexed knee. 

 
CONCLUSIONS 
A more physiologically accurate torque-driven 
simulation model of the human body incorporates 
biarticular torque generators, however under 
conditions where secondary joint angles differ 
little from those present during dynamometer 
measurements a single-joint torque generator 
representation can be sufficient.  For knee flexion 
when flexing the hip by 37˚ or for knee extension 
when extending the hip by 42˚ the knee joint are 
best represented by two-joint torque generator 
representations considering the kinematics of 
both the knee and hip.  A two-joint torque 
representation of the ankle considering both ankle 
and knee kinematics provides better agreement 
with measured torques than a single-joint 
representation when the knee angle has been 
flexed by 69˚.  Further to this the measured hip 
joint torques can include a contribution from the 
biarticular knee-hip components and hence a 
subject-specific simulation model incorporating 
two-joint torque generators should account for 
this when modelling hip torques.  
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INTRODUCTION 
Several efforts have been made to simulate 
human vertical jumping to gain insight into the 
coordination and adaptation in human 
segmental movement. It has been reported that 
different subjects show a stereotyped 
kinematics in squat jumping and, except the 
small differences in the initial body 
configuration, the segmental angle histories 
converge to a common kinematic pattern [1]. 
The control strategy used in vertical jumping 
has been investigated by Bobbert et al. [2], and 
the effect of arm swing in the vertical jump 
performance was investigated by Lees et al. [3]. 
It was demonstrated that the arms build up the 
energy in the early pushing-off phase and 
transfer it to the rest of the body shortly before 
takeoff. 

We studied the prediction of the movement 
pattern of human vertical jumping using a new 
optimization-based technique called Inverse-
Inverse dynamics. This method is implemented 
into the AnyBody Modeling System (AMS) [4] 
and it is a computationally efficient method for 
human posture and movement prediction based 
on three-dimensional musculoskeletal models.   
 
Inverse-Inverse dynamics is capable of 
predicting human movements provided that a 
proper objective function can be found. One of 
the big issues in human movement prediction is 
how the Central Nervous System (CNS) 
controls the human movement and which 
objectives lie behind its choices? In some 
phenomena, such as maximum height jumping, 
the objective function is clear but in many cases 
it is less obvious. In maximal vertical jumping 
the objective is to maximize the elevation of the 
center of mass of the whole body. However, for 
sub-maximal jumping, some researchers have 
reported that energy expenditure is taken into 
account [5]. Other possible criteria for sub-
maximal jump movement pattern prediction 
could be minimization of muscle stress, 

minimizing jerk or muscle activation, but nothing 
has been reported on these issues yet.  
 
METHODS 
In this study, Inverse-Inverse dynamics was 
used to predict the movement patterns in 
human vertical jumping. Inverse-inverse 
dynamic can, just as optimal control strategies, 
be subjected to optimization to determine the 
optimum motion. The novelty of the method lies 
in the choice of independent variables. While 
optimum control strategies traditionally use 
muscle activation or joint moment variations, 
inverse-inverse dynamics parameterizes the 
movement and treats joint moments or muscle 
activation as dependent variables. This means 
that if the motion is partially unknown, some 
parametric functions can be assumed and the 
optimization algorithm based on the results of 
the inverse simulation identifies the unknown 
parameters. In other words, the joint angles of 
the musculoskeletal model are found using 
optimization and the forces or moments needed 
for motion are calculated using inverse 
dynamics (Fig. 1).  
 

 

Fig 1: Inverse-Inverse dynamic method to predict human 
movement. 

 
The independent parameters of the optimization 
problem were the joint angles of hip, knee and 
ankle described by means of fourth order B-



splines. The muscular load sharing problem 
(redundancy) is solved by minimizing a cost 
function. In this study a min/max formulation 
was used subject to some physiological 
constraints [4]. 
 
Maximizing the height of body center of mass 
(h) is equal to maximize the vertical takeoff 
velocity. By neglecting air resistance, and 
according to the law of conversation of 
mechanical energy for the flight phase of the 
jump, the airborne phase can be treated as a 
projectile in free flight. The relationship between 
maximum jump height, h, and takeoff velocity v1 
of the center of mass is given by: 

 (1) 

Where g is the gravity acceleration. To 
maximize h, v1 should be maximized before 
takeoff. Applying the impulse-momentum 
theorem gives the changes in the body 
momentum: 

  (2) 

The model starts jumping from a stationary 
position ( ) so the  (initial velocity) is zero.  
Substituting  from (2) into (1) results in: 

 (3) 

A constrained optimization was used to 
optimize the cost function (eq. (3)) while no 
muscle at any time can be loaded above its 
maximum strength. 
 
RESULTS AND DISCUSSION 
It can be seen that the model can predict a 
taking off configuration in which the joints are 
almost fully extended (Fig. 2). The jump height 
is 8 cm by using the initial value for design 
variables. After optimization conduction, the 
jump height was increased to 19 cm. 

 
Fig 2: AnyBody squat jump model with 75 kg weight and 

180 cm height. 
 
The optimized movement pattern of jumping 
can be seen in Fig. 3. The optimization results 
show a proximodistal sequence of segmental 

rotation which is in agreement with 
experimental observations [1]. 
 

  

Fig 3: Joint angular velocity after optimization. 
 
Fig. 4 shows the variations of ground reaction 
force during the ground contact phase. The 
early negative slope of force curve shows a 
counter movement which was identified by the 
optimization algorithm as advantageous to 
reach the maximum jump height.  
 

  

Fig 4: Ground reaction force. 
 
CONCLUSIONS 
The results indicate that inverse-inverse 
dynamics is capable of predicting realistic 
motion patterns by means of optimization. The 
method can potentially lead to more efficient 
motion prediction because it is typically easier 
to parameterize a few degrees of freedom than 
the activation of a large number of muscles. 
Hence, this method leads to a relatively small 
number of design variables. Future work 
includes cases in which the objective function is 
not as straight forward as in high jumping. 
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INTRODUCTION 
Almost one hundred years have passed since 
the modern crawl stroke has been established. 
However, the style of arm stroke has kept 
changing during the hundred years. It has not 
been clarified yet that what style of arm stroke 
is really the ‘fastest’. The final goal of this study 
was to answer this question by means of the 
computer simulation. In the present study, a 
strategy of optimizing simulation for the arm 
stroke in the crawl swimming was provided. 
 
METHODS 
For the mechanical simulation of the swimming, 
the swimming human simulation model SWUM 
[1, 2] was utilized. In SWUM, joint motion of the 
swimmer is given, and the user can obtain the 
resultant swimming speed and various physical 
quantities, such as the propulsive efficiency, 
joint torques, fluid forces acting on the swimmer, 
and so on. Therefore, change in the swimming 
speed and propulsive efficiency according to 
the change in the arm stroke (joint motion) can 
be evaluated by SWUM. Its validation and 
accuracy have been already discussed in the 
previous studies [3, 4]. An example of analysis 
by SWUM is shown in Fig. 1. 
 
In SWUM, the inputting swimming motion in one 
stroke cycle is represented as the time histories 
of the joint angles. One arm stroke was divided 
into six time frames in this study. The joint 
angles between each of the two frames were 
automatically interpolated using the Spline 
function. The upper limb motion was 
represented by five degrees-of-freedom (DOF), 

that is, three at the shoulder joint and two at the 
elbow joint. Each five joint angles at three time 
frames in which the arm is underwater, were 
chosen as the design variables. Therefore, the 
total number of design variables was 15 (5 DOF 
for 3 frames). Their ranges were determined 
from the ranges of motion of the joints. 
 
Two objective functions were employed in this 
study. One is maximizing the swimming speed, 
which aims to obtain the fastest stroke in a 
relatively short distance race. The other is 
maximizing the propulsive efficiency, which 
aims to obtain the fastest stroke in a relatively 
long distance race. The propulsive efficiency is 
defined as 

                             
P
UT

=η  

where U, T and P respectively represent the 
time-averaged swimming speed, drag when the 
swimmer takes gliding position, and time-
averaged power consumed by the swimmer. 
 
The flow of optimization is shown in Fig. 2. In 
order to obtain the optimal solution as global as 
possible within reasonable computation time, 
two step optimization was employed in this 
study. In the first step, the simple random 
search was used for global searching. In this 
search, randomly generated 10000 arm strokes 
are evaluated and the best 20 ones are 
employed for the initial candidates of the 
second step. In the second step, the PSO 
(Particle Swarm Optimization) algorithm was 
used for fine searching. 
 
As the constraint conditions of the optimization, 
the muscle strength characteristics as well as 
the ranges of motion of the joints were 
considered. The muscle strength characteristics 
were represented as the maximum joint torque 
at a certain angle and angular speed of the joint. 
In order to obtain the muscle strength 
characteristics of the athlete swimmers, an 

 
 

Fig 1:  An example of analysis by SWUM (crawl stroke). 



Generate 10000 arm strokes randomly 

Evaluate 10000 arm strokes 
and select best 20 strokes 

Evaluate 20 arm strokes

Generate 20 new arm strokes
based on the PSO algorithm

End

Start

End of iteration?

1st step

2nd step

 
 

Fig 2: Flow of optimization 

 
 

Fig 3: Musculoskeletal model 
for upper arm 
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(a) Default paramters for simulation             (b) Identified parameters for simulation 

Fig 4: Muscle strength characteristics for shoulder extension 
(dots; experiment, lines; simulation) 

experiment using Biodex Multi-Joint System 3 
was conducted. The subjects were five well-
trained competitive collegiate athlete swimmers. 
The average of their personal best records of 
100m freestyle was 54.1s. The isometric and 
isokinetic measurements for the shoulder and 
elbow joints were conducted. 
 
Although the experiment was conducted for the 
various joint angles and angular speeds, the 
data were obtained only in the limited 
experimental conditions. There were actually 
numerous combinations of angles and angular 
speeds of shoulder and elbow joints during the 
swimming stroke. In order to solve this problem, 
the musculoskeletal simulation was carried out. 
The musculoskeletal model is shown in Fig. 3. 
The upper limb was modeled using AnyBody 
Modeling System (AnyBody Technology). 
Seventeen muscles around the upper limb were 
represented as wires. Comparing the maximum 
joint torques in the experiment with those 
obtained by simulation reproducing the 
experimental condition, the muscle parameters 
in the model were identified (adjusted) so that 
they were consistent with each other as well as 
possible. Using the identified musculoskeletal 
model, the maximum joint torques for various 

(16,143) combinations of the angles and 
angular speeds of the shoulder and elbow joints 
were calculated. The results were stored in the 
computer as a database, which was referred in 
the optimizing calculation. The reason for 
constructing the database was that the 
musculoskeletal simulation took too much 
computation time to be directly incorporated 
into the optimizing iteration. In the optimizing 
calculation, the maximum joint torques were 
calculated at each time step in SWUM by the 
interpolation of the database values. If a joint 
torque during swimming calculated by SWUM 
exceeds the maximum joint torque, penalty term 
was added to the objective function so that the 
resultant objective function was reduced. 
 
RESULTS AND DISCUSSION 
An example of the experimental results of the 
muscle strength characteristics for shoulder 
extension are shown in Fig. 4. In Fig. 4(a), the 
maximum joint torques calculated by the 
musculoskeletal model with the default muscle 
parameters are shown as solid lines. It can be 
seen that the musculoskeletal simulation 
underestimates the maximum joint torque. This 
suggests that the competitive athlete swimmers 
have the muscle strength considerably stronger 
than ordinary people. On the other hand, 
maximum joint torque calculated with identified 
(adjusted) muscle parameters are shown as 
solid lines in Fig. 4(b). It was found that the 
musculoskeletal simulation could sufficiently 
reproduced the experimental characteristics. 
The results of the optimization for arm stroke 
will be shown at the symposium. 
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INTRODUCTION 

Cycling is an increasingly popular recreational 
and competitive activity, and the related injuries 
are becoming more common. Similar to many 
sports, the knee is a commonly reported 
problem area for cyclists. The cycling injuries, 
such as patellofemoral syndrome caused by 
increased pressure across the patellofemoral 
joint, is the most common cause of knee pain in 
the cyclist. However, many cycling-related 
injuries are preventable. The prevention of 
lower-limb injuries could be achieved by bicycle 
fit and alignment, proper rider position and 
pedaling mechanics, and appropriate training 
[1,2].  
 
In order to prevent lower extremity injuries and 
enhance the muscle activity level of cyclist, 
studies have reported the effects of bike 
geometric parameters and pedaling techniques 
on muscle activities and joint kinetics. However, 
most of these studies were conducted on indoor 
experimental setups by using an ergometer or 
treadmill, which presents different resistance 
and system dynamics from real-road cycling 
conditions.  
 
Therefore, the purpose of this study is to use an 
experimental platform (Fig. 1) for studying 
outdoor cycling, and to establish  
musculoskeletal (human)-mechanical (bike) 
model for simulating real-road cycling. 

 
 
Fig 1: Instrumented bike (outdoor experimental platform) is  
equipped  with  an  encoder,  a  load  cell  and  multi-channel 
surface EMGs with a data logger. 

METHODS 

To establish musculoskeletal-mechanical model 
to simulate real-road cycling, we first  
established an outdoor experimental platform 
(instrumented bike), in a previous study, to 
quantify mechanical and biomechanical 
variables during cycling on real roads [3]. The 
instrumented bike is a full-size bicycle equipped 
with an encoder, a load cell, a magnetic reed 
switch and multi-channel surface 
electromyography (EMG) to measure crank 
angle, pedal force, bike speed, and EMGs 
simultaneously.  
 
Healthy (untrained) subjects are recruited for 
this study. Surface EMG signals were recorded 
from vastus lateralis (VL), rectus femoris (RF),  
tibialis anterior (TA) and gastrocnemius lateralis 
(GL) muscles, with a sampling rate of 1000Hz, 
to quantify the timing, duration, amplitude, and 
pattern of muscle activities during real-road 
cycling.  
 
Subjects performed outdoor cycling, with 
constant pedaling cadence (60 rpm), on a level 
asphalt ground. The raw EMG signals were 
expressed in moving window with a time 
averaging period of 200ms. The activity level 
during pedaling of each muscle was normalized 
to the isometric maximal voluntary contraction 
(MVC). 
 
A full body musculoskeletal model, using 
individual anthropometric data, was then 
developed using AnyBody Package (AnyBody 
Technology, Aalborg, Denmark), with geometric 
constraints of the bicycle (CAD model) imported 
(Fig. 2), to match the real-road cycling 
conditions (experimental conditions). To 
determine the power output of the simulation 
model, we use the impedance equation derived 
by our previous study [3].  
 

mailto:TGCS@faber.kuleuven.be


 
 
Fig 2: A graphical representation of the three-dimensional 
musculoskeletal and bicycle model of the simulation 
model. 

 
The validity of the model was evaluated by 
comparing muscle activities simulated by our 
model with measurements (EMGs) from the 
outdoor experiment: the mean absolute error 
(MAE) was calculated by 





n

1i
ii EAMA

n

1
MAE  

where n is the number of angle steps (data 
points), MAi is the experimentally measured 
activity (normalized EMG) on time step i, and 
EAi is the simulated activity on time step i [4,5].  
The smaller MAE value, the higher similarity 
between experimental and simulation results. 
 
RESULTS AND DISCUSSION 

We successfully established a musculoskeletal-
mechanical model to simulate real-road cycling. 
Fig. 3 shows muscle activities of one 
representative subject measured from the 
outdoor experiment and predicted by our 
developed model. The average of the MAE over 
all muscles and tasks investigated was 0.116. 
The smallest MAE for each individual muscle 
was found for the RF (0.049), while the highest 
MAE for the VL (0.164). 
 
We are testing more subjects with various bike 
parameters in both outdoor experiment and 
musculoskeletal-mechanical simulation. The 
developed approach will be further employed to 
assist bike design for more efficient and injury-
free cycling. 
 
 
 

 

 

        
 

Fig 3: Estimated muscle activities and normalized EMG 
envelopes for one representative subject. The solid lines 
represent the normalized EMG envelopes. The dashed 
lines represent the estimated muscle activities. 
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INTRODUCTION 
A total knee arthroplasty (TKA) should be  
implanted without surgical errors to obtain the 
biomechanical behaviour for which a TKA was 
designed. Some surgical errors can alter the 
functionality of a TKA. The aim of this work is to 
estimate and compare patello-femoral (PF) and 
tibio-femoral (TF) contact forces in four different 
TKA designs during a loaded squat simulating 
mal-positioning of the tibial component and the 
patellar component.  
 
METHODS 
CT images of one cadaveric full leg (Caucasian 
male) were used to generate 3D models of the 
bones and to obtain a physiological knee model 
assuming standard positions of the main soft 
tissue insertions. Four TKA types were chosen in 
this study: a fixed bearing, posterior stabilized 
knee; a high flexion fixed bearing guided motion 
knee; a mobile bearing knee and a hinged knee. 
All prostheses were the same size and replaced 
both cruciate ligaments and all resurfaced the 
patella. Following the surgical procedure of each 
TKA, the proper surgical cuts on the bone model 
were identified and performed. Each TKA was   
virtually implanted, thus defining the reference 
replaced knee model. Each derivative replaced 
knee model was then obtained by changing the 
values of one parameter in a range based on 
literature and surgical experience [1] as showed 
in Table 1.  
A loaded squat to 120° was performed for each 
configuration, with a constant vertical hip load of 
200 N. These settings match the experimental 
tests performed in a previous in-vitro analysis on 
cadaver legs [3]. Each replaced model was 
developed and analyzed using a commercial 
musculo-skeletal modelling software 
(LifeMOD/KneeSIM 2008.1.0, LifeModeler Inc., 
San Clemente, CA) [4]. The loaded squat was 
reproduced numerically, simulating an existing 
knee kinematics rig [5] in terms of geometries, 
constraints, inputs and outputs (Fig. 1).  
 

Table 1: Derivate configurations of the sensitivity analysis 
(BPI = Blackburne-Peel index [2,3]) 

 
 

 
 
Fig 1: The knee simulator model used in this study. It 
consists of: a base frame (A), a hip sled (B), a femur block 
(C), a tibial block (D), a tibia rotation table (E) and an 
adduction-abduction sled (F). 
 

The model of the knee included TF contacts and 
PF contacts of the TKA components, passive soft 
tissues and active muscle elements. The external 
forces (ground reaction and weights), the muscle   
forces (quadriceps and hamstrings) and the 
frictional forces are applied to the knee joint 
through the machine. The mechanical properties 
of the tissues were obtained from literature [6].  
To avoid any lift-off of the femoral component, the 
model was initialized prior to the dynamic 



simulation until stable bi-condylar contact was 
established and static equilibrium was reached.  
To calculate the contact forces the solver uses a 
damping and penetration algorithm as 
documented in the software manual. Both TF and 
PF contacts were modeled using a Hertzian 
contact based formulation.  
With these settings, for each model, both the 
maximum PF and TF contact force have been 
evaluated. All contact forces are expressed in 
body weight (BW), referring to a BW of 712 N.  
 
RESULTS AND DISCUSSION 
The final outputs for each squat have been 
evaluated at 60°, 90° and for the maximum 
flexion.  
For each design, the PF contact force increased 
with flexion. It reached a maximum just before 
contact between the quadriceps tendon and the 
femoral trochlea occurred, after which it 
decreased. The patellar peak force for the 
maximum flexion, with a range of 2.1-6.5 BW, is 
in agreement with the range reported in literature 
[7-9]. Also the medial and lateral TF contact 
forces increased with flexion. As for the PF 
contact forces, because of differences in design 
of the TKAs, the implants show different 
magnitudes of the maximum lateral and medial 
tibio-femoral contact forces. Nevertheless, all of 
them demonstrate similar trends. Like PF forces, 
also TF maximum forces are high during a squat 
even in the physiological knee [10,11]. Our results 
for peak TF force are 1.6-5.4 BW for the 
maximum flexion.  
Table 2 reports the maximum total PF and TFs 
contact forces for all the TKAs for all the 
configurations. It is possible to observe that, i.e., 
a patella baja always reduces the maximum PF 
contact force (up to 32%) while a patella alta 
always increases the maximum values (up to 
67%) while the maximum TF contact forces 
increase for patella alta up to 22% but don’t 
decrease substantially for patella baja. Usually, 

the changes in TF forces are less than those in 
the PF force in the same configurations. 
Moreover, although some of the investigated 
parameters induce similar changes in different 
TKA types, some other parameters can induce 
completely different behaviour depending on 
implant type.  
 
CONCLUSIONS 
Looking at the obtained results, we can conclude 
that for the definition of a TKA numerical model 
much attention should be given to the selection of 
the correct boundary conditions, because even a 
small change in them could influence the resulting 
contact forces significantly. Moreover, the results 
of this sensitivity analysis can help surgeons 
while performing knee arthroplasty, and they are 
also important for engineers and surgeons while 
design new TKA implants. 
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INTRODUCTION 
Hip fractures are the most serious type of 
osteoporotic fracture in terms of mortality, 
morbidity, and social cost [1]. Although it is well 
known that both cortical and trabecular bone 
contribute to the structural integrity of the 
proximal femur [2,3], there is no clear 
understanding of what type of bone is most 
critical in terms of progression of failure within 
the proximal femur or eventual structural 
collapse. In assessing mechanisms of failure in 
any complex structure, one critical issue is the 
location of the “high-risk” region of the 
structure, i.e. that region which is at the highest 
risk of initial failure. Because of the tensile-
compressive strength asymmetry of bone 
tissue, regions of highest stress are not 
necessarily the regions at highest risk of initial 
failure. And because of the complexity of the 
structure of the proximal femur, it is not clear if 
first failure occurs in the trabecular or cortical 
bone.  
 
Our goal in this study was to investigate the 
regions of high-risk tissue within the proximal 
femur. We also sought to determine the 
sensitivity of the distribution of the high-risk 
tissue to the relative material properties of the 
cortical vs. trabecular tissue since there is some 
uncertainty regarding those relative material 
properties, and these properties may be altered 
with respect to each other by aging, disease, 
and treatment. Compared to other studies that 
have addressed the micro-mechanics of the 
proximal femur in detail [2], this study is unique 
in its focus on the high-risk tissue.  
 
METHODS 
High-resolution CT scanning (isotropic voxel size 
of 61.5 microns on a side; XtremeCT, Scanco 
Medical AG, Switzerland) of one cadaveric 
proximal femur ( 83 year old Female) was used to 
generate a 3D finite element model having 208 
million 8-noded hexahedral elements. In each 
model, the trabecular and cortical compartments 

were identified using custom code [4]. In our 
baseline model, all elements were assigned the 
same tissue-level isotropic elastic modulus (E = 
18.0 GPa) [5] and boundary conditions were 
applied to simulate a sideways fall onto the 
greater trochanter [6]. Linear elastic finite element 
analysis was performed using a custom code, 
including a parallel mesh partitioner and algebraic 
multigrid solver [7] on a Sun Constellation Cluster 
supercomputer (Ranger, TACC). Using 2176 
processors in parallel, each analysis required a 
runtime of approximately 1 hr in real time.  
 
In a parameter study to assess the role of 
variations of the tissue modulus of the cortical 
bone with respect to the trabecular bone, the 
elastic modulus of the cortical tissue was varied 
from 14.4 GPa to 21.6 GPa while the elastic 
modulus of the trabecular tissue remained 
unchanged at 18 GPa.  
 
The main outcome of these analyses was the 
location of the high-risk tissue. A risk factor in 
both tension and compression was calculated for 
each element, defined as either the maximum (or 
minimum) principal stress divided by the assumed 
tissue-level tensile (or compressive) yield stress. 
For our baseline model, a tissue-level tensile yield 
stress of 59.4 MPa and a tissue-level 
compressive stress of -145.8 MPa was used [5]. 
On changing the cortical elastic modulus from 
14.4 GPa to 21.6 GPa, the tissue-level tensile 
yield stress changed from 49.5 MPa to 71.3 MPa, 
and the tissue-level compressive yield stress 
changed from -121.5 MPa to -173.8 MPa. The 
element risk factor was then taken as the higher 
risk factor of the tensile and compressive values, 
and the mode of failure (tensile or compressive) 
was noted. The highest risk 1% and 5% tissue, by 
volume, was thus identified for the entire proximal 
femur, omitting tissue close to the boundary 
conditions where there were some artifactual 
stress concentrations.  
 



RESULTS AND DISCUSSION 
The first tissue to fail, as denoted by the top 1% 
of high-risk tissue, failed primarily by 
compression, with failure occurring in both the 
cortical and trabecular bone (Figure 1A). 
Cortical failure occurred along the superior 
aspect of the base of the neck, and trabecular 
failure occurred adjacent to this region, in the 
greater trochanteric region. The next highest risk 
tissue was also in these regions but a third high-
risk region developed on the medial cortex, 
primarily by a tensile failure mode (Figure 1B). 
These findings therefore suggest that, for this 
single bone loaded in a sideways fall 
configuration, failure starts via compression 
close to the base of the neck and then extends 
to the medial cortex where tensile failure 
occurs. We note that these analyses did not use 
non-linear constitutive modeling and thus we 
did not simulate actual failure of the tissue in 
the finite element model, or any propagation of 
such failure. Fully non-linear analyses, with 
possible fracture of elements, would be required 
to fully address this issue. 
 
We also found that changing the cortical shell 
elastic modulus from 14.4 GPa to 21.6 GPa (with 
the tissue level strength values changing in 
proportion), while keeping the trabecular tissue 
modulus at 18 GPa, had a negligible influence on 
the distribution of high stress or the high-risk 
tissue. This insensitivity highlights the dominant 
role that the bone microarchitecture plays in 
determining the overall stress distribution, and 
thus the regions of high-risk tissue. It remains to 
be seen how these trends extend to multiple 
bones and for different loading conditions.  

While these results provide unique insight into the 
failure process in the proximal femur for sideways 
fall loading conditions, none of these results can 
be generalized since we only analyzed one bone. 
Our future work will expand the analysis to 
multiple bones, men and women, and young and 
old.  
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Figure 1: Distribution of top 1% (A) and top 5% (B), by volume, of tissue at high risk of initial failure , for a sideways fall loading 
condition. Blue: failure in compression; Red: failure in tension. The circles denote the main high-risk regions. 
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INTRODUCTION 
Ossification of posterior longitudinal ligament 
(OPLL) is a disease that causes the spinal cord 
neuroparalysis. As enlargement of OPLL, space 
of vertebral canal become narrow, and the 
spinal cord is compressed by OPLL and interior 
surface of vertebral arch. OPLL and 
circumspinal decompression surgery are shown 
in Fig.1. The circumspinal decompression has 
been proposed to reduce the compression for 
the spinal cord in safety. Vertebral arch is 
resected to decompress posterior side of the 
spinal cord in the surgery. Biomechanical study 
of the circumspinal decompression has not 
been sufficient in spite of its clinical 
accomplishment. In this study, stress analysis 
of the spinal cord compressed by OPLL in 
condition before and after the surgery was 
performed by using the finite-element method. 
 

 
Fig 1: OPLL and circumspinal decompression surgery: (a) 
CT image, (b) schema of OPLL and spinal cord, (c) schema 
in medial plane, (d) vertebral arch resection, (e) correction of 
kyphosis. 
 
METHODS 
In this study, stress analysis of the spinal cord 
compressed by OPLL in condition before and 

after the circumspinal decompression was 
performed by using finite-element method. 
Finite-element model of trunk bone was 
developed based on THUMS (Total HUman 
Model for Safety, Toyota Technical 
Development Co.) [1] and spinal cord was 
added to the model. Material property of spinal 
cord was referred to literature [2] considering 
non-linearity and viscoelasticity. Fig.2 shows 
the finite-element model. Japanese elderly 
female was assumed in the model as 1.5m 
height and 50kg weight. We assumed OPLL 
occurred at a level between T8 and T9 vertebra, 
and enforced deformation was given to OPLL 
so that the occupation rate in spinal cord of the 
vertebral canal might be 60%. Half of body 
weight 249N was applied at center of gravity of 
trunk, and bottom surface of 5th lumber 
vertebra was fixed. Stress occurred in the 
spinal cord was evaluated for three models. 
One was no surgery and second was resection 
of vertebral arch at T8 and T9 (step1) as shown 
in Fig.3. Third was correction of kyphosis with 7 
degree after step 1 (step2) shown as Fig.4. 
Non-linear and large deformation analyses were 
performed by using MSC.Marc. 
 

 
Fig 2: Finite-element model for stress analysis of spinal cord 
in circumspinal decompression. Overall view (Left), side view 
of spine (Center) and section view of T8 and T9 (Right).  



 
Fig 3: FE model before and after surgery of vertebral arch 
resection.  

 
Fig 4: Spinal alignment of FE model before and after surgery 
of de-kyphos.  
 
RESULTS AND DISCUSSION 
Fig.5 and 6 shows Mises stress distribution in 
case of before surgery and after surgery step 1 
and 2. High stress region was observed at 
OPLL level in case before surgery.  
 

 
Fig 5: Mises stress distribution in no surgery condition. 
Spinal canal stenosis ratio is 60%. 
 

 
Fig 6: Mises stress distribution of spinal cord. Left is no 
surgery case, center is case of vertebral arch resection, and 
right is de-kyphosis correction. 

Maximum Mises stress of spinal cord versus 
spinal canal stenosis ratio before and after 
decompression is shown in Fig.7. However 
maximum Mises stress before surgery over 
38KPa, which is allowable stress of nervous 
tissue of brain [3], maximum Mises stress after 
surgery step 1 is less than the allowable stress. 
Furthermore, maximum stress after surgery 
step 2 reduce about 30% of one after surgery 
step 1. As the result, efficiency of circumspinal 
decompression for reducing spinal cord stress 
was ensured. 
 

 
Fig 7: Maximum Mises stress of spinal cord vs spinal canal 
stenosis ratio before and after decompression: (a) stress 
range is 8,000 KPa, (b) stress range is 80 KPa. 
 

 
Fig 8: Maximum Mises stress of spinal cord vs de-kyphos 
angle in de-kyphos condition. 
 
CONCLUSIONS 
Stress analysis of the spinal cord compressed 
by OPLL in condition before and after the 
circumspinal decompression was performed by 
using finite-element method considering total 
spine and non-linear and viscoelastic material 
property of spinal cord. It was ensured that the 
circumspinal decompression surgery was 
effective to reduce the spinal cord stress under 
allowable stress of nervous tissue, and de-
kyphosis correction was also effective to reduce 
the stress. The spinal cord is suspended only 
from top end of spine in the model, but 
influence of nerve root attached to the spinal 
cord must be consider in future study. 
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INTRODUCTION 
Bone adapts to mechanical load through 
resorption and apposition of new tissue. This 
adaptation is achieved by bone cell responses 
and it has been proposed to involve their 
sensitivity to various load-induced modifications 
in, for example, strain magnitude, strain energy 
density, strain gradient or fluid flow. 
 
The objective of this work is to develop a versatile 
computational method that simulates bone 
adaptation to applied loads, allowing us to explore 
the likely contribution of a variety of mechanical 
stimuli. To achieve this we have used a murine 
tibial loading model developed by de Souza et 
al.[1], in which the bone surface strains have 
been measured directly. We additionally modelled 
both young (8 week old) and old (78 week old) 
C57Bl6 mice to determine the influence of bone 
morphology on strain patterns. 
 
METHODS 
The left tibia of an 8 week old C57BI/6J male 
mouse was scanned using micro-tomography 

(CT), with a resolution around 5 micron/voxel. A 
finite element (FE) model was made from the 3D 
images (Mimics, Materialise, Belgium). We 
assumed continuous, linear elastic, 
homogeneous and isotropic material properties 
with Poisson’s ratio value of 0.3 and Young’s 
modulus of 19 GPa and 6 GPa for the cortical and 
trabecular regions, respectively.  
 
A Python script was developed, within the 
ABAQUS scripting environment that cycles 
through iterations of bone growth in which: 
1. A volume mesh is generated incorporating the 

hollow medullary canal and trabecular bone of 
the epiphysis and metaphysis; 

2. A compressive force is applied to the proximal 
tibia while the distal end is fixed; 

3. The mechanical environment of the structure is 
calculated. Values for strain energy density 
(SED), strain magnitude (SM) and longitudinal 
strain (ε33) were computed; 

4. These values are used as input for the 
adaptation model, in which the displacement of 
the surface mesh nodes are calculated and the 
coordinates updated accordingly; 

5. If needed, a Laplacian tri-mesh smoother is 
applied to the new surface mesh configuration; 
and  

6. Previous steps are repeated until bone 
reaches homeostasis (no further adaptation) or 
the maximum number of iterations is reached. 

 

The forces and boundary conditions applied in 
step 2 mimic the mechanical conditions imposed 
in the experimental trials published for the loaded 
tibia by de Souza et. al.[1] and Stefek et. al.[2]. In 
the first of these, a range of compressive forces 
had been applied to mouse tibiae and the strains 
in the tibia mid-shaft were measured using strain 
gauges. Using an identical loading system, the 
latter studies employed digital image correlation 
(DIC) to determine the surface strains in mouse 
tibiae, in both control, loaded limbs and pre-
loaded, adapted limbs subjected to identical 
regimes 2 weeks prior to examination – Figure 1.  
 

We used a SED-driven tri-linear remodelling 
curve, adapted from the work by Huiskes [3]. This 
algorithm is capable of considering different 
adaptation curves and drivers. We have not 
modelled resorption, as it is not exhibited in the in 
vivo experiment. 
 

FE meshes from C57BI/6J female 8 week and 78 
week-old mice were generated, in order to 
explore the influence of age-related geometric 
changes on strain distribution (independent of 
material properties). For both models, we used 
the material properties described above. 
 

RESULTS AND DISCUSSION 
The results obtained by our algorithm are shown 
in Figure 2. It can be seen that the patterns of 
strain are similar. The modelled strains are, 
however, 34% lower than those measured 
experimentally.  This may be due to an over-
simplification of both the predicted material 
properties and applied loads.   

mailto:pereira@imperial.ac.uk


After simulated adaptation (Figure 2b), the strains 
were reduced, and modelled cross sections            
(Figure 2c and d) illustrate that bone apposition 
occurs in those areas where the SED is highest. 
 

 

 

 

 
 

Figure 3 illustrates calculated longitudinal strains 
for tibial geometry at two ages and suggests that 
load-induced strains in bones from older mice are 
higher. Direct ex vivo measurements of peak 
strains using gauges revealed increases in the 
magnitude of load engendered strain in tibiae of 
older mice, and these are compatible with the FE 
results obtained herein – Figure 4. This indicates 
that age-related changes in morphology influence 
the strain distributions that are engendered during 
loading.  Future work will examine how aged 
bones adapt to these loading conditions. 
 
CONCLUSIONS 
Our model is able to replicate the strain patterns 
measured by DIC and to simulate adaptation 
which reduces these strains. This will allow the 
comparison of different mechanical stimuli on the 
predicted adaptation. 
 
Further work will include the development of a 
poroelastic model, in order to calculate pressure 
gradients and consequential interstitial fluid flow 
velocities, which may drive physiological 
mechanoadaptation [4]. 
 
We will also compare our predicted/simulated 
growth with histological sections of fluorescently 
labelled bone growth. 
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Fig 4: Strain levels in aged mice are higher, for a 

given load (measured by strain gauges). 

a) 

 

b) 

 

 

Fig 3: Longitudinal strain contour plots for geometry 

of mice with (a) 8 week old and (b) the 78 week old. 

a) 

 

b) 

 

 

c) 

 

d) 

 
Fig 2: Longitudinal strain contour plots a) in the shaft 

for the original mesh b) after adaptation, c) in the mid-
diaphysis cross section for the original and d) adapted 
configurations. 

 
Fig 1: Longitudinal strain contour plots measured by DIC [2].  
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INTRODUCTION 
As an adaptive response to changing loading 
conditions, shape remodelling of the cardiac left 
ventricle (LV) frequently occurs to maintain 
homeostasis [1]. However, the regional bio-
mechanics of LV shape remodelling is still 
poorly understood. In past studies, focus was 
mainly on the influence of constitutive equations 
or fiber architecture, assuming a normal LV 
shape based on gross anatomical 
measurements. In a previous finite element 
(FE) study [2], it was found that the distribution 
of passive end-diastolic (ED) fiber stress and 
strain depended significantly on regional 
curvature and wall thickness. Therefore, it was 
expected that the distribution of contraction, i.e. 
systolic, work load would also depend on the LV 
shape. This hypothesis was examined in the 
present FE study. 
 
METHODS 
The LV shape was approximated as a truncated 
ellipsoid with a homogeneous wall thickness, 
following [2]. Three different LV shapes were 
considered by setting the short-to-long-axis 
ratio of the cavity to 0.2 (ELONG), 0.5 
(NORMAL) and 0.99 (SPHERE). For each LV 
shape, the reference cavity and wall volume 
were set to 85 ml and 127 ml respectively, while 
the basal opening was given a diameter of 3 cm 
to represent the valve annuli, as previously 
proposed [2]. 
 
A mathematical template as defined by [3] was 
used to model the helical pattern of the 
myofiber orientation. In this template, the helical 
angle varied linearly in the transmural direction 

from 75° at the endocardial (inner) border to -

45° at the epicardial (outer) border. 
 
The passive mechanical response of the 
myocardium was modelled using an 
incompressible hyperelastic strain energy 
function with transverse isotropic symmetry 
aligned with the local fiber direction as 
proposed by [4]: 
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In Eq. (1),  is a volumetric or hydrostatic 
pressure, � the determinant of the deformation 
gradient tensor and ��� the elements of the 

Green-Lagrange strain tensor referred to the 
local fiber coordinate axes. The fiber, cross-
fiber and transmural directions are indicated by 
F, C and R respectively.    
 
During contraction, an active stress component 

���� along the fiber direction was added using 
the model as described in [5]. In this model, ���� 

depends on the sarcomere length  !, the 
contractile element length  �, the stiffness of the 

series elastic element �� and the time "� 
elapsed since the start of depolarization: 
 

���� � � !  !#⁄ �$�!%& !'$�(&"�,  !'��� ! 
  �� . (2) 
 
To model the propagation of the activating 
depolarization wave, the eikonal-diffusion 
equation [6] was solved to obtain the local time 
"*+, at which the contraction was initiated: 

 

-#./"*+, · 1 · /"*+, 
 / · 21 · /"*+,3 � 45 . (3) 

 
In Eq. (3), 1 is the coupling tensor containing 

characteristic spatial parameters that determine 
the anisotropy of the wave propagation due to 
the fiber architecture. The characteristic time 
parameter 45 and dimensionless parameter -# 
determine the propagation velocities. De-
polarization was initiated at the endocardial 
border. 
 
The cavity pressure-volume relation during 
ejection was defined through a three-element 
Windkessel model to account for the arterial 
system [7]. In this model, the arterial system is 

characterized by a compliance (�), a peripheral 



resistance (6) and a characteristic impedance 
(6�): 
 

7 � 6�&87 8"⁄ ' �  &6 � 6�'&89 8"⁄ '
� 66��&8�9 8"�⁄ ' � 0 , (4) 

 

where 7 and 9 are the LV cavity pressure and 
volume respectively. 
  
All equations were solved with an in-house 
developed non-linear Galerkin-type curvilinear 
FE framework [2]. Trilinear interpolation was 
used and a mixed method was applied to solve 
the displacement field together with the 
hydrostatic pressure. This FE implementation 
was combined with a forward Euler scheme to 
solve for the time dependency in the contraction 
and Windkessel model. For each shape, a 
structured FE mesh of the LV wall was 
constructed in prolate spheroidal coordinates. 
Each mesh contained 10 elements transmurally 
and 30 elements longitudinally. Because of the 
symmetry, only one element in the 
circumferential direction was required.  
 
FE simulations were performed for each LV 
shape. Passive filling from diastasis to ED was 
obtained by increasing the cavity pressure with 
1.066 kPa. This was followed by an isovolumic 
contraction (IVC) phase until the diastolic blood 
pressure of 10.66 kPa was reached. In the 
concluding ejection phase, the Windkessel 
equation was imposed. During all simulations, 
the epicardial surface was loaded with zero 
pressure. The endocardial basal border was 
constrained to account for the relative stiff valve 
annuli and to prevent rigid body motion. Values 
for the input parameters were chosen from the 
literature [3,4,5,8] with modifications to obtain 
physiological ejection fractions (around 50%). 
The regional stroke work density was calculated 
as the area enclosed by the Cauchy fiber stress 
- natural fiber strain loop, following [9]. To close 
the loops, it was assumed that the relaxation 
from end-systole (ES) happened isometrically, 
i.e. at a constant fiber length. 
 
RESULTS AND DISCUSSION 
In the FE simulations, the stroke volume 
decreases with 11.35 ml from the ELONG to the 
SPHERE shape. This suggests that the ejection 
performance decreases with increasing 
sphericity, supporting the current clinical view. 
A LV shape dependent transmural variation in 
the regional stroke work density was also 
obtained in this study, as shown in Fig 1.   
 
The results suggest that LV shape could be an 
important factor in the remodelling process by 
mediating changes in mechanical hetero-

geneity. However, the physiological presence 
and importance of mechanical heterogeneity is 
still a much debated issue, although recent 
studies have shown that the presence of a 
metabolic heterogeneity is significant [10]. The 
activation pattern could play another 
determining role as proposed by [11], supported 
by the lower stroke work in the early activated 
subendocardium obtained here. 

 

Fig 1: Distributions of stroke work density. Longitudinal-

transmural sections of the three LV shapes are shown at the 
top, while transmural distributions at the mid-height (black 
line) and apical (white line) level are shown in the bottom 
row.   
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INTRODUCTION 
The myotendinous junction (MTJ) is a common 
location of injury in skeletal muscles [1].  The 
MTJ has a complex morphology where fibers 
taper and connective tissue gradually merges 
with tendon.  However, all current models of 
muscle simplify the MTJ as an abrupt interface 
between muscle and tendon.  A clear relationship 
between the mechanics of the MTJ and the 
occurrence of injury has not been established. 
Contraction-induced injury is thought to result 
from excessive sarcomere strain [2], and a  
micromechanical model that is capable of 
predicting micro-scale strains at the MTJ would 
provide insight into fiber injury. The goal of this 
study was to create and validate a finite element 
micromechanical model of the MTJ. 
 
METHODS 
Model geometry was based on longitudinal 
histological sections of fibers at the MTJ. To 
validate the model, we compared the 
deformations of the A-bands predicted by the 
model with those observed from longitudinal 
histological images of muscles fixed in slack 
and stretched positions. We measured the 
deflections, δ, of the A-bands as the maximum 
distance between points along each A-band and 
the straight line connecting the two ends of the 
A-band, as a function of distance, l, from the tip 
of the fiber (Fig. 1B). We used eight slack and 
seven stretched fibers in our analysis. 
 

The fibers in the model are set at a 37o angle to 
the tendon based on the average angle 

measured for fibers from the histological 
images. The end of the fiber has a tapered 
shape, and the whole fiber is surrounded by 
intramuscular connective tissue (IMCT). The 
stiffness of the IMCT varies along the length of 
the fiber. We used a hyperelastic transversely 
isotropic material model to represent the fiber 
and the IMCT [3]. The material model for the 
fiber also includes activation. The tensile 
properties of the fiber were defined based on 
previously published data [4]. We employed 
periodic boundary conditions [5] to simulate the 
effect of the neighboring fibers. Similarly, the 
presence of the tendon was simulated using 
boundary conditions. The shear properties of the 
fiber, and the shear and tensile properties of the 
IMCT, were chosen to produce the best match 
between the model and the experimental 
measurements. To compare the A-band 
deformations predicted by the model with those 
measured experimentally, an average fiber strain 
of 24% was imposed on the model. This average 
strain was calculated based on the average 
sarcomere lengths of slack and stretched muscle 
fibers. Subsequently, the model was subjected to 
passive and active stretches of 10% to determine 
the effect of activation on peak strains. 
 
RESULTS AND DISCUSSION 
The models were able to accurately predict the 
deformations of the A-bands both qualitatively 
(Fig. 1) and quantitatively (Fig. 2). 
 

 

Fig 1: The A-bands are seen as dark 
lines in the longitudinal sections of fibers 
from muscles fixed in the slack (A) and 
stretched (B) positions. δ is the peak 
deflection of the A-band from a straight 
line connecting its two endpoints  (line 
AB). l is the distance along the fiber 
between the fiber tip  (point P) and the 
midpoint of the straight line (point C). 
Both δ and l were normalized by the 
diameter of the stretched fiber, d, to 
enable comparison between different 
fibers.The FE model assumed that the 
A-bands are initially flat lines (C). The 
deformed lines are shown in the final 
configuration of the model (D).  
 



 

A 10% passive lengthening of the model 
resulted in a 16% peak strain near the MTJ 
(Fig. 3A). A 10% active lengthening of the 
model resulted in a 38% peak strain. For the 
actively stretched model, the peak strain occurs 
at the very end of the fiber at its attachment to 
the tendon (Fig. 3B).  
 
CONCLUSIONS 
The micro-scale strains predicted by the model 
can be thought of as the strains experienced by 
the sarcomeres and therefore provide insight into 
injury susceptibility at the MTJ. The models 
predicted that strain nonuniformity and peak 
strains increased substantially with activation, 
which may explain the higher likelihood of injury 
widely observed in actively stretched muscles. 
 
In order to achieve the best match with the 
experimental data, the following features of the 
model were important: (i) the connective tissue 
surrounding the fiber immediately proximal to the 
MTJ needed to be significantly stiffer than the 
fiber in tension to reproduce the curved shapes of 
the A-bands (Fig. 1B and D), (ii) the connective 
tissue surrounding the fiber farther away from the 
MTJ needed to be significantly more compliant 
than the fiber in tension to produce the relatively 
steep rise and fall of peak A-band deflections as a 
function of distance from the MTJ (Fig. 2B). In 
passive stretch, peak strain occurs where the 
most compliant region of the IMCT starts. The 
strain concentration in the passive fiber arises 
from the difference in stiffness between fiber and 
the connective tissue surrounding the fiber near 
its attachement to the tendon. In active stretch the 
strain distribution within the fiber is dominated by 
activation and is a result of the tapering profile of 
the fiber. At the MTJ, where the fiber cross-
sectional area is the smallest, the sarcomeres 
need to stretch further to balance the forces from 
adjacent regions of the fiber with larger cross-
sectional areas.These findings are consistent with 
experimental observations regarding the location                          
of damage in passive and active muscles [6]. 

Future work will use these micromechanical 
models to develop a more accurate 
representation of the myotendinous junction to be 
used in macro-scale muscle models. 
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Fig. 2: Peak A-band deflection, δ/d, is 
plotted as a function of normalized 
distance from the fiber tip,l/d. Since 
the δ/d measurements were sampled 
at different l/d values from fiber to 
fiber, cubic splines were used to 
interpolate the data points and the 
average (red dots) and standard 
deviation (shaded region) were 
calculated based on the cubic spline 
fits.  For the slack fiber images the 
deflections were negligible (A). 
Similarly, the model assumed flat A-
bands in the slack position (A). The 
model was able to predict the trend in 
measured δ/d based on the images of 
the stretched fibers (B). 

Fig 3: Contour plots show strains in passively (A) and 
actively (B) stretched models. The average tensile strain 
was 10% for both models.  
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INTRODUCTION 
The biceps femoris long head (BFlh) muscle is 
frequently injured during running. Strain injuries 
are thought to result from high-localized regions 
of tissue strain. For example, previous imaging 
[1] and modeling [2] studies have shown that 
tissue strains are elevated in the muscle tissue 
near the BFlh’s proximal aponeurosis, which is 
where the muscle gets injured most often. 
 
Animal models have shown that muscles are 
most commonly injured during lengthening 
contractions [3], and the degree of activation 
has been shown to correlate with the extent of 
injury.  How does activation influence strain 
magnitudes in the hamstrings? The goals of this 
project were to create finite-element models of 
the BFlh based on architectural measurements 
from high-resolution magnetic resonance (MR) 
images, and to verify model predictions by 
comparing to in vivo measurements during 
eccentric contraction and passive motion. 
 
METHODS 
Computational model 
Computational model meshes of the BFlh were 
generated using TrueGrid software (XYZ 
Scientific Applications) and based on the 
average architectural measurements of imaging 
subjects [2], including proximal aponeurosis 
width, distal aponeurosis width, aponeurosis-to-
aponeurosis muscle width and anterior-
posterior muscle width (Fig. 1).  Two 
simulations were performed—eccentric 
contraction and passive motion.  For eccentric 
contraction, muscle was activated to 20% of 
maximum.  Muscle was not activated for 
passive motion.  Muscle was modeled as a 
transversely isotropic, hyper-elastic, quasi-
incompressible material [4].  Simulations were 
run with the implicit FE solver Nike3D [5].  
Displacement boundary conditions were applied 
at the proximal end (fixed) and distal end (13.25 
mm inferior displacement) of the muscle, which 
was based on dynamic imaging measurements.   

 
 
Fig 1. Finite-element model.  A finite-element mesh of 
the BFlh was generated based on anatomical 
measurements from high-resolution MR images.  Views 
are from the axial plane (A) and the medial (B), lateral (C) 
and anterior (D) directions.  
 
High-resolution and Dynamic MR imaging 
Subjects (N = 13) signed informed consent and 
were scanned in accordance with the University 
of Virginia’s Institutional Review Board 
guidelines. A turbo spin-echo sequence was 
used to acquire high-resolution images from the 
BFlh’s origin on the ischial tuberosity to the 
insertion on the fibular head.  Anatomical 
measurements were taken directly on high-
resolution images with Mimics 13.1 software 
(Materalise, Leuven, Belgium).  High-resolution 
images were used to define the dynamic 
imaging plane through the proximal and distal 
aponeuroses and muscle belly (Fig. 2A). 
  

 
 
Fig 2. Experimental Setup. Subjects were placed head-
first, prone in a 3T Siemens Trio MR Scanner.  High-
resolution images were used to define the dynamic 
imaging plane (A).  Subjects repeated knee flexion-
extension motions during cine DENSE imaging (B).    
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Fig 3. Computational model and dynamic imaging results.  Color maps of displacement and 1st principal strain, as viewed 
from a plane that bisects the proximal and distal aponeuroses, showed that displacement increased and strain decreased 
with distance from the proximal aponeurosis for both eccentric contraction and passive motion.  Average 1st principal strain in 
the 1 cm region adjacent to the proximal aponeurosis during passive motion was 0.60 of eccentric contraction for model 
simulations and 0.68 for MR measurements.  MR data error bars represent standard deviation across imaging subjects.    
 
Cine Displacement ENcoding with Stimulated 
Echoes (DENSE) images were acquired during 
repeated knee flexion-extension [6] (Fig. 2B).  
Tissue trajectories and first principal strains 
were found at a pixel-wise resolution and 
averaged in a 1 cm region adjacent to the 
proximal aponeurosis.  First principal strain was 
averaged across imaging subjects during 
eccentric contraction and passive motion.   
 
Computational model predictions and dynamic 
MR imaging measurements of 1st principal 
strain were averaged in a 1 cm region of muscle 
tissue adjacent to the proximal aponeurosis, 
which is the region of the BFlh that is injured 
most frequently. To investigate how well model 
simulations predict differences in strain during 
eccentric contraction and passive motion, 
average strain during passive motion was 
normalized to eccentric contraction results. 
 
RESULTS AND DISCUSSION 
Displacement color maps show that tissue 
displacement magnitude varies throughout the 
BFlh muscle and that passive motion results in 
lower displacement values as compared to 
eccentric contraction (Fig. 3).  Similarly, color 
maps of 1st principal strain demonstrate a 
spatial dependence within the muscle—strains 
were higher near the proximal aponeurosis and 
decreased with lateral distance—and larger 
strain values during eccentric contraction than 
passive motion. Average 1st principal strain 
values for the computational model simulation 
and in vivo dynamic MR measurement during 
passive motion were 0.60 and 0.68 of the 
average strain during eccentric contraction, 
respectively.  The similar relative amounts of 1st 

principal strain (0.60 vs. 0.68) during eccentric 
contraction and passive motion verifies that 
these finite-element models can predict 
differences in tissue kinematics based on 
changes in muscle activation.   
 
CONCLUSIONS 
Computational model simulations can be used 
to answer clinically-important research 
questions that are unattainable with 
experimental observation alone.  In this study 
we verified a finite-element model’s strain 
predictions with in vivo measurements of tissue 
strain during eccentric contraction and passive 
motion and plan to use future models to 
address unanswered questions regarding strain 
injury mechanisms and inflated re-injury rates.   
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INTRODUCTION 
Vibration and impact of vocal folds (VFs) during 
phonation cause mechanical stresses that can 
result in tissue damage [1]. We hypothesize that 
these stresses are determined significantly by 
tensile forces generated by the adhesive VF 
mucosal surface. In this paper we perform 
numerical simulations on a pair of periodically 
excited VFs with cohesive mucosal surfaces 
defined on them. Our results support the 
hypothesis and indicate cohesive strength to be 
more important relative to other parameters of 
the cohesive surface law. 
 
METHODS 

A well-known [2] VF geometry, obtained as a 
statistical average of clinically sourced patient 
VF images, was used to define a three-
dimensional geometry (Figure 1).  
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
Following body-cover model [3], each VF was 
subdivided into body and cover regions. The 
tissue properties of the transversely anisotropic 
cover were derived using a micromechanical 
model of load-bearing fibers oriented 
preferentially along the anterior-posterior 
direction and embedded in a relatively 
compliant matrix. The isotropic body region was 
relatively stiffer and models the activation of 
laryngeal muscles. The VF surface inferior to 
the glottal entrance was excited using a 
pressure load that comprised of a mean and a 
single frequency fluctuating component. Table 1 

presents model details and references to 
literature on which these are based. The 
commercial FEM package Abaqus was used to 
create the model. All six degrees of motion of 
the elements on the anterior, posterior and 
lateral surfaces of the VFs were constrained. 
Surface-based cohesive behavior was defined 
on the opposing medial glottal surfaces on each 
VF using a stress-separation law. 
 

Variable Value Refs 
L 20 mm [4] 

T 10.7 mm 

D 8.5 mm 

t 2 mm 

dg 0.386 mm 
Ebody 24 kPa [5] 

Ecover, ant-pos 6 kPa 

Ecover, med-lat (1/5) Ecover, ant-pos [6] 

body, cover 1070 kg/m3 [7] 

P (t) 1000 + 400 sin (t) Pa [8] 

 560 rad/s [7] 

 
Table 1: Model details. 

 
 

 
 
 
 
 
 
 
 
 
 
 
 
 
The stress-separation law (Figure 2) becomes 
effective when two surfaces in contact 

(separation,  = 0) begin to move apart. The 
initial behavior is linear elastic and tensile 

stresses proportional to  are created, with the 
proportionality factor equal to the cohesive 

 
 

Fig 1: Model geometry. 

dg 

 
 
Fig 2: Stress separation law to model adhesive 
mucosal layer. 
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surface stiffness K. Damage of the cohesive 

surface initiates once the tensile stress equals 

the cohesive strength 0. The cohesive layer 
fails completely when the separation exceeds 

0. At the onset of every contact event, the 
previously failed cohesive surface is assumed 
to recover its original undamaged properties. 
The cohesive energy per unit surface area, e is 

the area under the stress-separation curve. 
 

K (kPa/mm) 0 (Pa) 0 (mm) e (mJ/m2) 

1 100 0.5 25 

1 300 0.5 75 

3 300 0.5 75 

1 100 0.2 10 

1 50 0.4 10 

 
Table 2: Cohesive law parameters. Cohesive energy e is not 

an independent parameter (e = 00 / 2). 

To our knowledge, not many experiments exist 
that have measured the adhesive nature of the 
VF mucosa. In this paper we assumed the 
cohesive energy of the mucosa to be of the 
same order as the surface energy of water, that 
is 72 mJ/m2. Table 1 shows the different values 
of the cohesive law parameters considered. 
 
RESULTS AND DISCUSSION 

Figure 3 compares the medial-lateral stress 
component in two cases, one with and one 
without adhesion. Three successive superior-
aspect snapshots of the deformed VFs show 
that the stress-states are significantly different.  

 
Gradients in stress on the superior-surface are 
larger when adhesion is present. Further, the 

time interval for which the contact area is non-
zero (glottal closed quotient) is larger when 
surface adhesion is present. 
 
To compare cases with different adhesion 
parameters, it was found suitable to categorize 
all contact characteristics into two classes: 
global and local variables. Global variables 
investigated were: contact area, volume 
integrated kinetic and strain energy and mid-
coronal plane trajectory. Local variables 
investigated were contact pressure histories 
and influence depth of contact and decohesion. 
It was found that the global variables were most 
strongly influenced by changes in the cohesive 
energy e. These variables changed marginally 
when e was held constant even when the 

parameters on which it depends were varied.  
On the other hand, the local contact 

characteristics were most sensitive to 0. 
 
CONCLUSIONS 

In this paper we demonstrated a method to 
account for the effect of surface decohesion on 
development of stresses in vocal folds during 
contact in a three-dimensional model. To the 
best of our knowledge this is the first attempt to 
capture this mechanism. In the absence of 
available measurements to specify model 
parameters, a parametric study was conducted 
under the assumption that the mechanical 
properties of mucosa are similar to an aqueous 
layer. This simple model is seen to influence 
the contact characteristics significantly. Contact 
characteristics were further classified into two 
categories, each found to show selective 
sensitivity to parameters of the decohesion law. 
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Fig 3. Sequence of images from superior aspect 
during separation without (left) and with 
decohesion (right). Contours plotted are of the 
medial-lateral stress component. 
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INTRODUCTION 
Increased walking speed, which is generated by 
increasing muscle contributions to forward 
propulsion, is a common goal in post-stroke 
hemiparetic rehabilitation. However, some 
patients increase speed through an 
improvement in paretic leg coordination while 
others overcome poor paretic leg coordination 
through compensatory effort by the nonparetic 
leg. Therefore, walking speed alone is not 
indicative of improvements in muscle 
coordination. A recent study identified the 
percent of paretic propulsion (PP = paretic / 
[paretic + nonparetic] propulsion) as an 
effective symmetry measure related to the level 
of coordination of the paretic leg [1]. While a 
weak positive correlation between PP and 
walking speed was found (r = 0.55), subjects 
walking at similar speeds exhibited different 
levels of PP. This between subject variability 
may result from the use of different walking 
mechanisms and the change in PP throughout 
rehabilitation may be indicative of the 
mechanism used to increase walking speed. 
Thus, understanding individual muscle 
contributions to forward propulsion generated 
by the paretic and nonparetic legs in subjects 
who increase walking speed with different 
changes in PP may help guide the development 
of subject specific rehabilitation therapies.  
 
The purpose of this study was to use modeling 
and simulation techniques to examine individual 
muscle contributions to forward propulsion in 
two post-stroke hemiparetic subjects who 
walked at identical speeds pre- and post-
therapy with different changes in PP: Subject A 
increased PP from 0.43 to 0.51 while Subject B 
decreased PP from 0.50 to 0.40. We 
hypothesized that Subject A would have greater 
increases in muscle contributions to paretic 
than nonparetic propulsion and Subject B would 
have the opposite.  
 
METHODS 
The two subjects analyzed were each greater 

than six months post-stroke and had completed 
a 12-week body weight supported treadmill 
locomotor therapy program. Each subject was 
analyzed pre- and post-therapy while walking at 
their fastest comfortable speed (pre = 0.8 m/s 
and post = 1.1 m/s) on a split belt instrumented 
treadmill. Bilateral kinematics, EMG and GRFs 
were collected. A 3D musculoskeletal model 
and optimization framework [2] was used to 
generate the simulations. Muscle excitation 
parameters were defined using a modified 
gaussian shape that consisted of 4 parameters: 
onset, offset, amplitude and shape factor. A 
simulated annealing algortihm optimized the 
excitation parameters for each muscle to 
minimize the difference between the simulated 
and experimentally collected 3D kinematics and 
GRFs. Segmental power analyses [2] were 
performed to quantify individual muscle 
contributions to forward trunk propulsion 
(average horizontal power delivered to the 
trunk) during the paretic and non-paretic 
propulsive phases (approximately equal to the 
second half of stance in each leg).  
 
RESULTS AND DISCUSSION 
The net changes in muscle contributions to 
paretic and nonparetic trunk propulsion in both 
subjects were consistent with our hypotheses. 
Subject A (Fig. 1) had a larger increase in net 
muscle contribution to paretic trunk propulsion. 
In contrast, Subject B (Fig. 2) had a larger 
increase in net muscle contribution to 
nonparetic trunk propulsion. In fact, Subject B 
had only minor changes in contributions to 
paretic trunk propulsion. Consistent with 
previous studies analyzing muscle contributions 
to paretic trunk propulsion [2, 3], the paretic leg 
plantarflexors (soleus, SOL and gastrocnemius, 
GAS) and nonparetic leg knee extensors (vasti, 
VAS, and rectus femoris, RF) were the primary 
contributors to paretic trunk propulsion in both 
subjects. Similarly, the nonparetic leg plantar-
flexors and paretic leg knee extensors were the 
primary contributors to nonparetic trunk 
propulsion in both subjects. However, the 



changes in their contributions post-therapy 
differed between the two subjects. 
 
Subject A increased contributions from both 
paretic and nonparetic leg muscles to trunk 
propulsion. Specifically, there were large 
increases in the contribution from both the 
paretic and nonparetic leg plantarflexors to 
paretic and nonparetic trunk propulsion, 
respectively (Fig. 2). The increase in SOL was 
larger than GAS, which is consistent with its 
more important role in generating propulsion 
[4]. In addition, the nonparetic leg VAS was 
important for paretic trunk propulsion 
generation while the paretic leg RF was 
important for nonparetic trunk propulsion 
generation and both increased their 
contributions post-therapy. 
 

 
Fig 1: Primary muscle contributions in Subject A to (A) 
paretic and (B) nonparetic trunk propulsion, where NET_P 
is the sum from all paretic muscles, NET_N the sum from 
all nonparetic muscle, and NET the sum of all muscles.  
 
In contrast, Subject B (Fig. 2) increased 
contributions from the nonparetic leg muscles 
and had only minor changes in paretic leg 
muscle contributions to trunk propulsion. The 
major increase post-therapy was the nonparetic 
leg plantarflexor contribution to nonparetic trunk 
propulsion. Similar to Subject A, SOL had a 
larger increase than GAS. The nonparetic VAS 
had a small increase in positive contribution to 
paretic trunk propulsion.  
 
Also of note were the contralateral hamstring 
(HAM) negative contributions to trunk 
propulsion. The negative contribution increased 
in Subject A and decreased slightly in Subject 
B. Previous studies found that the contralateral 
HAM contributes to swing initiation in both 
healthy and hemiparetic walkers [2, 3]. 
Therefore, the increased negative contribution 
in Subject A may be a consequence of utilizing 
HAM to increase swing initiation, which is 

another possible mechanism Subject A may 
have utilized to increase walking speed.    
 

Fig 2: Primary muscle contributions in Subject B to (A) 
paretic and (B) nonparetic trunk propulsion, where NET_P 
is the sum from all paretic muscles, NET_N the sum from 
all nonparetic muscle, and NET the sum of all muscles.  
 
CONCLUSIONS 
The plantarflexors and contralateral knee 
extensors are both important for increasing 
forward propulsion. However, the extent to 
which they are utilized to increase speed varies 
between hemiparetic subjects. The increase in 
speed in Subject A was accompanied by an 
increase in muscle contributions from both legs 
to paretic and nonparetic trunk propulsion, 
whereas the speed increase in Subject B was 
accompanied by only increases in nonparetic 
leg muscle contributions to nonparetic trunk 
propulsion. These results suggest that an 
increase in speed alone does not represent how 
a subject modifies their muscle coordination 
patterns following rehabilitation. Percent of 
paretic propulsion appears to be a potential 
measure that is more indicative of changes in 
muscle coordination than walking speed alone.   
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INTRODUCTION 
The action of bi-articular muscles, such as the 
hamstrings, can be difficult to determine due to 
dynamic coupling. Bi-articular muscles can 
generate a net acceleration in the direction 
opposite of their moment arm [1]. For example, 
electrical stimulation studies have shown that the 
bi-articular hamstrings, which have hip extension 
and knee flexion moment arms, can act to 
accelerate the knee into extension in certain 
postures [2,3]. However, an understanding of 
when the hamstrings generate flexion or 
extension accelerations of the hip or knee is not 
available.  The goal of this study was to use 
musculoskeletal modeling to determine in which 
postures the hamstrings flex or extend the hip 
and knee and to ascertain how sensitive these 
results are to modeling parameters. Clinical 
interventions are often based upon the 
assumption that the action of a muscle is in the 
direction of its moment arm. Understanding how 
muscles contribute to joint accelerations can help 
to guide clinical treatment planning and clarify the 
causes of pathologic gait patterns.  
 
METHODS 
To determine the angular acceleration generated 
by the bi-articular hamstrings at the hip and knee 
we calculated the potential of each muscle using 
a musculoskeletal model. A muscle’s potential is 
defined as the amount of acceleration generated 
by the muscle per unit of force (deg/s2/N). A 
muscle’s potential is dependent upon body 
position, musculoskeletal geometry, the contact 
model between the foot and the floor, and the 
inertial properties and degrees of freedom of the 
model.  
 
To calculate the potential of the bi-articular 
hamstrings a generic model (Figure 1) with 19 
degrees of freedom was used which included the 
muscle geometry for the semimembranosus, 
semitendinousus, and biceps femoris long head. 
Muscle geometry was based upon cadaver 
measurements [4].  
 
The right leg of the model was positioned in a 
range of postures with hip angle ranging from 80⁰ 
flexion to 40⁰ extension and knee angle ranging 

from 10⁰ hyperextension to 120⁰ 
flexion. Positions in which the 
foot could not be flat in contact 
with the floor were excluded from 
the analysis. The position of the 
left leg had minimal effects on 
the muscle potentials of the bi-
articular hamstrings and, 
therefore, was positioned in a 
default posture (as shown in 
Figure 1).  
 
The potential of each muscle 
was calculated using an induced 
acceleration analysis [5]. The 
sensitivity of the results were 
tested with various contact 
constraints (including roll without 
slipping, ball-and-socket, and 
weld), and two models of pelvic-
thoracic motion (ball-and-socket joint between 
pelvis and torso and torso locked to pelvis). We 
also tested the effects of hip abduction and 
rotation on bi-articular hamstring potentials. 
 
RESULTS AND DISCUSSION 
All three bi-articular hamstrings have large hip 
extension potentials except in positions of 
extreme hip extension. The biceps femoris long 
head has a larger knee extension potential than 
the semimembranosus and semitendinosus due 
to a smaller knee flexion moment arm (Figure 
2A). During gait, the biceps femoris long head 
has a knee extension potential during stance 
while the semimembranosus and  semitendinosus 
have a knee flexion potential.  
 
Hamstring potentials are sensitive to the pelvic-
thoracic degrees of freedom (Figure 2B,C). 
Locking torso motion to pelvic motion increases 
the knee flexion potential and decreases the hip 
extension potential compared to a ball-and-socket 
joint between the torso and pelvis. Locking the 
torso to the pelvis requires the hamstrings to 
accelerate a much greater mass in order to 
extend the hip and posteriorly tilt the pelvis; 
therefore, the contribution to knee flexion 
acceleration increases. The true relationship 

Figure 1: 
Generic model 
with bi-articular 
hamstrings 



between pelvis and torso motion is likely 
somewhere between these two extremes.  
 
Hip abduction increases the knee extension 
potential and decreases the hip extension 
potential. Hip rotation does not have a substantial 
effect on hamstring potentials. Potentials 
calculated using a roll without slippling or ball-
and-socket contact constraint are similar; 
however, using a weld constraint produces larger 
knee extension potentials.  
 
CONCLUSIONS 
The hamstrings generate both knee flexion and 
extension accelerations during activities of daily 
living, such as walking. The biceps femoris long 
head has a greater knee extension potential than 
the medial hamstrings. Elucidating the 
accelerations generated by the hamstrings at the 
hip and knee can assist in planning treatments for 

pathologic movements.  For example, lengthening 
the hamstrings is a common procedure to reduce 
knee flexion during stance in crouch gait in 
children with cerebral palsy; however, surgeons 
often debate which hamstrings should be 
lengthened. The results of this analysis indicate 
that the medial hamstrings have a greater knee 
flexion potential; therefore, lengthening the medial 
hamstrings could produce a greater reduction in 
knee flexion accelerations than lengthening the 
lateral hamstrings. 
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Figure 2: Semimembranosus, semitendinosus, and biceps femoris long head (A) ratio of hip to knee moment arms (MA) and 
knee potential with (B) free torso and (C) torso locked to pelvis. Each point on the graph represents a specified hip and knee 
flexion angle with the foot flat in contact with the floor. Positions where the foot could not be flat in contact with the floor are not 
plotted (lower right triangle). The black curves show average hip and knee flexion angles during normal walking.  
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INTRODUCTION 
Stiff-knee gait is a prevalent and troublesome 
movement abnormality among children with 
cerebral palsy, where peak knee flexion is 
diminished during swing phase. This diminished 
flexion has been attributed to the excessive 
knee extension moment produced by the rectus 
femoris muscle [1,2]. This muscle is a 
biarticular muscle crossing the hip and knee. 
 
Rectus femoris transfer surgery, a common 
treatment for stiff-knee gait, reattaches the 
distal tendon of this biarticular muscle to a new 
site, such as the sartorius insertion on the tibia. 
This treatment aims to decrease the muscle’s 
knee extension moment while preserving its hip 
flexion moment by altering the original, pre-
surgical biarticular function. 
 
Biarticular muscles play a unique role in motor 
control. Some suggest they function as energy 
conveying straps between joints [3,4]. Others 
suggest biarticular muscles may contribute to 
contact control tasks by distributing the net 
moments over multiple joints [4]. As a biarticular 
muscle, rectus femoris may offer unrecognized 
benefits that influence postural responses. 
 
In this study, we used musculoskeletal 
modeling and forward dynamic simulation to 
investigate the influence of biarticular muscles 
in postural responses. Our goal was to compare 
posterior, whole-body center of mass (CoM) 
displacements in response to anterior support-
surface translations for separate simulations of 
pre- and post-surgical transfer of the rectus 
femoris to the sartorius. We hypothesized that 
the pre-surgical simulation has larger peak 
recovery of the original CoM location relative to 
the support surface compared with the post-
surgical one. 
 
METHODS 
We assessed the influence of rectus femoris 
transfer surgery on postural responses by 
creating dynamic simulations of a patient with 

cerebral palsy. A three-dimensional 
musculoskeletal model with 92 muscle-tendon 
actuators and 23 degrees of freedom was 
created in OpenSim (Fig. 1). The model was 
scaled to represent the size of the patient using 
previously collected gait analysis data [5,6,7]. A 
pre-surgical simulation was altered to represent 
surgical transfer of the rectus femoris to the 
sartorius (Fig. 1a and 1b) [7]. The foot-ground 
interface was modeled using elastic foundation 
contact and the feet were based on cadaver 
foot geometry [8]. 
 
The mechanism involved in maintaining an 
erect posture was based on a muscle stretch-
reflex control model [9]. The controller’s static 
and dynamic thresholds and reflex gain were 
determined using MATLAB’s nonlinear least-
squares optimizer algorithm for a 16s-long 
simulation of a quiet-standing condition for the 
pre-surgical model. This controller is analogous 
(but not identical) to monosynaptic reflexes and 
afferent mechanisms (e.g., muscle spindles and 
Golgi tendon organs) responsible for lower-level 
motor control, and should not be affected 
following surgical transfer. Thus, the same 
stretch-reflex controller was used for both the 
pre- and post-surgical simulations of quiet 
standing and support-surface translations. 
 

  
Fig. 1: Musculoskeletal model of a patient with cerebral 

palsy on an anteriorly translating support surface and 
biarticular attachments for the rectus femoris muscle (a) pre- 
and (b) post-surgical transfer to the sartorius. 

b) post a) pre 



 
Fig 2: Posterior displacements of the original CoM location 

relative to the support-surface, and anterior recoveries in 
response to anterior support-surface translations for 
separate simulations of pre- and post-surgical transfer of the 
rectus femoris to the sartorius. The support-surface 
translation time is highlighted in gray. The minimum CoM 
displacement during recovery, dminimum, is marked by an ‘x’. 
 

The support-surface was translated anteriorly 
10 cm over a 0.5s time range with a peak 
velocity of 28 cm/s and peak acceleration of 
0.23g. This translation was based on 
experimental methods for adult subjects [10]. 
The adult-sized translational distance was 
scaled (83%) to be proportional to the size of 
child in this study. The simulation of support-
surface translation was roughly 1.5s long, 
including 0.25s of quiet standing, 0.5s of 
translational motion, and 0.75s of recovery. 
 
We evaluated our hypothesis regarding the 
peak recovery of CoM location relative to the 
support surface by quantifying this recovery as:  

                
        

        
       

where dminimum was the minimum CoM 
displacement during recovery (marked as ‘x’ in 
Fig. 2) and dmaximum was the CoM displacement 
at the instant the translation ended (t=0.75s). 
Both displacements were measured from the 
original CoM location relative to the support 
surface. For example, a peak recovery of 50% 

would be indicated by a dminimum of 4 cm 
following a dmaximum of 8 cm. Moreover, a dminimum 
of 0 cm would result in 100% recovery. 
 
RESULTS AND DISCUSSION 
The pre-surgical simulation of postural 
response to support-surface translation had a 
2.5x larger peak recovery of the original CoM 
location relative to the support surface 
compared with the post-surgical one (Fig. 2). 
Both cases reached a peak recovery before the 
end of the 1.5s simulation (tpre=1.4s and 
tpost=1.2s). The pre-surgical simulation had a 
peak recovery of 35% and the post-surgical one 
had 14%. This finding supports our hypothesis 
that the pre-surgical simulation has larger peak 
recovery compared with the post-surgical one. 

Both pre- and post-surgical simulations used a 
stretch-reflex controller with static (5.41) and 
dynamic (0.02) thresholds and a reflex gain 
(8.95) optimized for a 16s-long simulation of the 
pre-surgical model during quiet-standing. This 
same controller maintained an erect posture for 
the post-surgical model during a quiet standing 
condition for about 4s, or more than twice the 
time (1.5s) for the translational simulations. 
 
Successful development of a stretch-reflex 
controller and application to a musculoskeletal 
model for support-surface translations has 
allowed for evaluation of the influence of the 
biarticular muscle, rectus femoris, in lower-limb 
postural response tasks. Our findings suggest 
that distal transfer of the rectus femoris results 
in diminished postural response compared to 
the original, pre-transfer case, illustrating the 
biomechanical advantage that biarticular 
muscles have in contact control tasks.  
 
CONCLUSIONS 
Patient-specific simulation is a powerful tool to 
investigate the role of biarticular muscles in 
control tasks. Future investigations will look at 
the influence of unilateral versus bilateral rectus 
femoris transfers on postural responses and 
potential applications to investigate biarticular 
muscles in other treatments (e.g., hamstrings 
lengthening) for other movement abnormalities 
(e.g., crouch gait). 
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Fig 1: The musculoskeletal winch model developed 
in the AnyBody Modeling System. Muscle color is 
proportional to the muscle tonus. 
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INTRODUCTION 
Musculoskeletal simulation is gaining maturity 
as a computer-aided engineering (CAE) tool, 
and it is finding a role similar to finite element 
analysis or computational fluid dynamics in the 
design process. CAE tools allow users to inves-
tigate systems that are not yet built or to gain 
insight into system properties that are not easily 
measured. Thus, a purpose of musculoskeletal 
modeling and indeed all CAE tools is to reduce 
the need for costly and complex experiments. 
 
In many cases, the situations that we wish to 
investigate involve changes of motion depend-
ing on the model parameters. In engineering 
design, a change of the boundary conditions, 
for instance a door opening, will influence the 
way the body moves, and in simulation of ten-
don transfer surgery, the entire purpose of the 
prospective procedure is to alter a deficient 
movement pattern. Thus, it is crucial for the 
future of musculoskeletal modeling that it can 
predict motion to some extent. 
 
In this work, we shall use a technique called 
inverse-inverse dynamics proposed by Ras-
mussen et al. [1], to predict the movement of 
the upper body of a sailor operating a winch 
using a detailed musculoskeletal model. 
 
Winching in sail boat races is an important part 
of the performance in which the muscular ca-
pacity of the sailors can determine the outcome 
of the race. We shall use this case to illustrate 
the ideas. 
 
METHODS 
A musculoskeletal model of a sailor driving a 
winch is developed in the AnyBody Modeling 
System (AnyBody Technology, Aalborg, Den-
mark) [2] using the AnyScript Managed Model 
Repository, version 1.3 (www.anyscript.org). 
The model is depicted in Fig. 1. 
 
The model is presumed grounded at the pelvis 
and the right hand is linked to the handle of the 

winch by a revolute joint. The winch is driven at 
a constant angular velocity. The left hand is 
supported on a railing such that the left arm 
muscles contribute to the stabilization of the 
upper body. Please notice that this creates mul-
tiple closed kinematic chains in the model. 
These kinematic constraints determine some of 
the degrees-of-freedom of the system but not 
all. 
 
The AnyBody Modeling System is based on 
inverse dynamics in which motion is input and 
muscle forces are output, as opposed to for-
ward dynamics techniques. The variation of 
joint angles was parameterized by means of B-
splines interpolating a number of keyframe val-
ues over the time of the simulation. These key-
frame values then become the design variables 
of the problem. In this particular model we pa-
rameterize spinal flexion/extension and lateral 
flexion and the pronation/supination of the right 
forearm, leading to a total of 18 variables. 
 
The initial movement has constant elbow prona-
tion and an assumed circumduction of the up-
per body with an amplitude of 30 degrees in 
flexion/extension and 15 degrees in lateral flex-
ion in phase with the movement of the winch. 

mailto:jr@m-tech.aau.dk�
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Fig 2: The identified motion. 

The upper body circumduction is necessary to 
enable the hand to reach the handle under the 
limited length of the arm. 
 
The definition of the objective function is a pre-
sumption that the sailor will exploit the upper 
body movement to minimize the muscle load 
during the winching in some sense. To give ad-
ditional weight to the time steps with large loads 
while still counting the effort of moments with 
smaller loads, the objective function was de-
fined as: 

T

dta
T

jj∫ 





0

3

)(max
minimize  

where T is the total simulation time, i.e. one 
rotation of the winch and aj is the active state of 
the jth muscle. 
 
The optimization method implemented in the 
AnyBody Modeling System is a constrained 
feasible directions method. It performs a sensi-
tivity analysis and selects a line search direction 
in the design space. It subsequently uses gol-
den section search to minimize the objective 
function along the chosen search direction while 
not violating any of the constraints. Then the 
algorithm performs another sensitivity analysis 
and continues the process until convergence. 
The method is well-suited to the fact that sensi-
tivity analysis is computationally costly because 
it is performed by finite difference. Therefore it 
is an advantage to restrict the need for sensitivi-
ty analysis to the search direction determina-
tion. The 0’th order golden section search en-
sures maximum robustness of the algorithm 
against non-smoothness in the objective func-
tion. 
 
RESULTS AND DISCUSSION 
The optimization reduces the objective by 15% 
and converges to the solution illustrated in Fig. 
2 in which the principal differences compared 
with the starting movement is the development 
of an elbow motion varying from 6 degrees pro-
nation to 30 degrees supination, a decrease of 
the trunk flexion/extension amplitude to 17 de-
grees and a decrease of the lateral flexion am-
plitude to 10 degrees. Furthermore, a phase 
shift is observed, such that the body motion 
tends to precede the movement of the handle 
by about seven degrees. 

 
Movement prediction has been accomplished 
successfully before with forward dynamics 
techniques, prominently represented by Ander-
son and Pandy [3]. The principal difference be-
tween that approach and inverse-inverse dy-
namics presented in this paper is in the choice 
of independent parameters. In forward dynam-
ics approaches, the independent parameters 
are the muscle activation histories, which in turn 
drive the model segments and create the mo-
tion. In inverse-inverse dynamics, the indepen-
dent parameters are the time histories of se-
lected degrees of freedom, from which muscle 
forces are computed as dependent parameters. 
The advantage of the latter is that, in redundant 
muscle systems, the number of muscles ex-
ceeds the number of degrees-of-freedom, and it 
is therefore possible to significantly reduce the 
number of parameters in the problem by using 
the degrees-of-freedom as free parameters. 
Thus, it is possible to perform motion prediction 
on a model as complex as this, comprising 
roughly 500 individually activated muscles, on a 
personal computer within a few hours of compu-
tation time on a desktop computer. 
 
Perhaps the most questionable issue related to 
optimization-based motion prediction is the 
choice of objective function. It looks like a rela-
tively random quantification of effort as used in 
this problem produces credible results, but fur-
ther research is necessary to propose suitable 
criteria. The value of this work is therefore not 
the possible prediction of a movement that 
could also be measured in an experiment but 
rather the development of a computationally 
efficient method for motion prediction. 
 
CONCLUSIONS 
The availability of motion prediction in muscu-
loskeletal simulation will significantly enhance 
the applicability of the technology for virtual 
prototyping, product design and surgical plan-
ning in the sense that it enables analysis of 
cases for which experimental motion data are 
difficult or impossible to obtain. 
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INTRODUCTION 
Patellofemoral pain syndrome (PFPS) is a 
common injury in athletes [1]. In order to maintain 
active PFPS patients are often adviced alternative 
exercises. Backward running for example has 
been suggested to reduce patella femoral joint 
compression force (PFJCF) [2]. Forward running 
style may also influence PFJCF. It has been 
shown that mid- and forefoot strike running has 
lower impact forces than heel strike running [3, 4]. 
Midfoot strike running could therefore have 
reduced PFJCF compared to heel strike running. 
The aims of this study were to explore 1) 
musculoskeletal modelling approaches to 
estimate PFJCF and 2) whether PFJCF was 
reduced in midfoot compared to heel strikers. 
 
METHODS 
Ethical approval was obtained from the Human 
Research Ethics Committee of the School of 
Healthcare Studies at Cardiff University. Three 
healthy volunteers (2 male and 1 female, age: 
29±8 years, height: 1.71±0.05 m, mass: 
66.9±3.4 kg) were asked to run along a 7-meter 
runway at a speed between 1.7 and 2.3 m/s. No 
instructions were given on running style. One 
subject was a consistent heel striker, one a 
consistent midfoot striker and the other used both 
styles intermittantly.  
 
For each subject one static calibration trial and 
four running trials were recorded. Kinematic data 
were collected at 100 Hz using an eight camera 
VICON system (Oxford Metrics Group Ltd., UK). 
Reflective markers were placed using the lower 
limb ‘Plug-in-Gait’ marker set. Ground reaction 
force data were measured at 1000 Hz using two 
force plates (Kistler Instruments Ltd., 
Switzerland). Data analysis focussed on right foot 
contact with the force plate. The raw marker data 
were filtered with a 30Hz low pass Butterworth 
filter within VICON Nexus software. The PFJCF 
was calculated and compared using two methods; 
1) using VICON Nexus and a custom Matlab 
routine (VICON/Matlab method) and 2) using a 
musculoskeletal model developed in OpenSim. 

For the VICON/Matlab method, inverse dynamics 
calculations were performed within VICON Nexus 
software, and data were subsequently processed 
and analysed within Matlab R2010b (The 
Mathworks Inc., USA). Kinematic and kinetic data 
from VICON Nexus were combined with values 
for the patella tendon moment arm (dPT) and the 
patella mechanism angle from literature [5]. The 
dTP was scaled to knee angle and subject height. 
PFJCF was calculated as follows: 
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where RFq-Fpl was the ratio between the 
quadriceps and patella tendon force, Fq the 
patella tendon force, QTForce the quadriceps 
tendon force and Mk the knee moment. RFq-Fp was 
extrapolated from [6] and depended on the knee 
angle (α). PFJCF was normalised to body weight. 
 
For the OpenSim method marker and force plate 
data from VICON Nexus were transformed to the 
OpenSim coordinate system using the 
OpenSimMatlabUtil developed by Dr. Seth. Data 
were imported into OpenSim version 2.2.0 
(SimTK, USA, [7]).The ‘Plug-In-Gait’ model and 
marker set developed by Dr. Dorn were adapted 
for a lower limb marker set only and used in 
simulations. The model was scaled using the 
static calibration trial and one running trial that 
was not used in further analysis. Inverse 
kinematics and inverse dynamics calculation were 
performed in OpenSim. Followed by a Residual 
Reduction Analysis (RRA). This RRA adjusted the 
centre of mass of the model and the kinematics. 
In order to obtain smooth kinematics, another 
lowpass filter with a cutoff frequency of 30 Hz was 
applied. Following RRA muscle forces were 
computed using the computed muscle control 
(CMC) tool in OpenSim. This provided muscle 
forces of the 86 Hill-type muscles. The PFJCF 
was calculated using the summed force of the 
quadriceps muscles as Fq in eq 1.  
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RESULTS AND DISCUSSION 
Peak knee moments (Mk) were estimated higher 
and PFJCF were estimated lower using the 
VICON/Matlab method (Table 1). According to 
both methods PFJCF were higher using a 
midfoot strike (Table 1). Agreement of PFJCF 
estimated with Matlab and OpenSim ranged 
from 1% to 39%. Typical kinematic and kinetic 
data looked similar for both methods (Fig. 1). 
 

 
 
The estimated PFJCF differed between both 
methods, but showed similar trends, with higher 
PFJCF in subject 3 (Table 1). Sample size in 
this study was too small to perform any 
statistics. Further research with more subjects 
is required to investigate whether PFJCF are 
actually higher in midfoot than in heel strike 
running. This result was opposite to what we 
expected based on literature [3, 4]. 

 
Both methods to calculate PFJCF used models 
that were simplified representations of the real 
mechanisms that define the PFJCF. It cannot 
be said that one method would be more 
accurate than another. PFJCF cannot be 
measured in vivo, and results could therefore 
not be validated. The musculoskeletal model 
was more related to an anatomical model, but 
had a larger number of estimated parameters 
which may cause error. 
 
CONCLUSIONS 
Patellofemoral joint compression forces (PFJCF) 
estimated using Matlab showed similar trends to 
those estimated using a musculoskeletal model. 
There are indications that PFJCF varied between 
different running styles. It needs to be further 
investigated whether certain running styles have 
a reduced PFJCF and may therefore be beneficial 
to patellafemoral patients. 
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Fig 1: A) Knee angle and B) knee moment during ground 

contact for the trial with the largest difference  in 
estimated PFJCF between VICON/Matlab and OpenSim 
methods in black (39%) and the trial with the smallest 
difference in grey (1%). The solid lines are data from 
VICON/Matlab and the dashed lines are from OpenSim. 

Table 1: Running style, peak knee moment (Mk), knee angle at Mk, peak patellafemoral joint compression force (PFJCF), 

and normalised PFJCF, calculated with the VICON/Matlab (VM) method, or with an OpenSim (OS) musculoskeletal model. 

Subject Method Running  
style 

Mk (Nm) Knee angle  
at Mk (°) 

PFJCF (N) Normalised  
PFJCF 

1 
OS 

Heel 
107±9  46±1 2757±188 4.36±0.34 

VM 123±1  43±1 2555±22 4.04±0.02 

2 
OS Heel/ 

Midfoot 
130±13 41±1 2796±219 4.15±0.30 

VM 134±2  39±3 2345±198 3.50±0.23 

3 
OS 

Midfoot 
154±38 46±6 3702±800 5.75±1.00 

VM 162±29 42±6 3166±734 4.92±0.99 
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INTRODUCTION 
Medial compartment knee osteoarthritis (OA) is a 

common musculoskeletal disorder in which the 

articular cartilage in the medial compartment of 
the knee progressively deteriorates [1]. Since the 

structural integrity of articular cartilage is 

responsive to joint loading, reducing compress-
ive loads during walking may slow the rate of 
cartilage breakdown. Though internal medial 
contact force (MCF) cannot be measured 

clinically in vivo, the peak knee adduction 

moment (KAM) has been identified as a 

surrogate external measure. 
 
Gait retraining has been proposed as a low cost 
and non-invasive treatment for medial knee OA. 
One potentially therapeutic gait pattern, medial 
thrust gait, was designed using optimization of 
a patient-specific computational gait model [2]. 
The optimization predicted a new gait pattern 
that was similar to the subject’s nominal gait 
pattern but significantly decreased the peak 
KAM. When a patient implanted with a force-
measuring tibial prosthesis performed this gait 
pattern, a large decrease in peak KAM was 
observed without a corresponding decrease in 
peak MCF [3]. The hypothesized cause was a 
simultaneous increase in the patient’s peak 
external knee flexion moment (KFM). To facili-
tate knee medialization during stance phase, 
the patient increased knee flexion, which 
necessitated a corresponding increase in peak 
KFM. This increase in turn was likely achieved 
through increased knee extensor muscle 
contraction, resulting in increased compressive 
loads acting on the tibia. 
 
This study uses a refined estimate of MCF to 
predict how medial thrust gait should be 
modified to reduce peak MCF during stance 
phase. Based on the experimental findings 
described above, we estimated MCF throughout 
stance phase as a linear function of KAM and 
magnitude of KFM. This experimentally 
validated regression equation was then used in 

a patient-specific gait optimization that 
minimized MCF directly. 
 
METHODS 
Previously reported gait data collected from one 
patient implanted with a force-measuring tibial 
prosthesis (male, right knee, age 83, mass 68 
kg, height 1.7 m, body mass index 23.5, neutral 
leg alignment) were used for this study [4]. The 
patient performed overground gait with simulta-
neous collection of internal knee contact force 
[5], external video motion, and external ground 
reaction data. Institutional review board 
approval and subject informed consent were 
obtained. The subject performed five trials each 
for two different gait patterns: 1) the subject’s 
normal gait pattern and 2) a medial thrust gait 
pattern. The subject performed both gait 
patterns at his self-selected walking speed of 
1.23 m/s. A three-dimensional patient-specific 
dynamic skeletal model possessing 27 degrees 
of freedom was constructed and calibrated from 
the data [3,6]. Both gait patterns were analyzed 
with the model to determine joint reaction loads 
and joint kinematics. 
 
A previously reported optimization framework 
was modified to minimize either MCF or the 
KAM during stance phase [2]. Three optimiza-
tion problems were formulated to predict 
therapeutic gait modifications. To attempt to 
reproduce the undesirable changes exhibited by 
the patient experimentally, problem MT1 
minimized the KAM with loose tracking of the 
KFM. Similar to the original medial thrust gait 
prediction, problem MT2 minimized the KAM 
with tight tracking of the KFM. To determine if a 
new gait modification exists that is linked to 
MCF reduction, problem MT3 minimized MCF 
directly via a new regression relationship 
described below. All three optimization prob-
lems tracked experimentally measured foot 
paths, centers of pressure, trunk orientations, 
pelvis translations in the axial plane, and control 
torques at each lower extremity joint. 
Optimization design variables were B-spline 
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nodes used to fit experimental lower extremity 
joint angle and ground reaction curves. The 
cost function performed an inverse dynamic 
analysis to calculate joint moments at 101 time 
frames for 0-100% of the gait cycle (heelstrike 
to ipsilateral heelstrike). 
 
To estimate MCF, we used the experimentally 
validated regression equation  

 
  c c c1 2 3MCF KAM KFM

 
(1)

 
where c1 = -0.3843, c2 = 0.1258, and c3 = 0.4963. 
Moments are normalized to percent body weight 
times height and force to body weight. These 
coefficient values were reported in a previous 
study using the first and second peaks in MCF 
measured in 15 gait trials using three different 
gait patterns (R  

2 = 0.93) [3]. 
 

A Levenberg-Marquardt non-linear least squares 
optimization algorithm was used with a cost 
function that implemented automatic differenti-
ation for Jacobian calculation. Five normal gait 
trials were optimized, and results from all five 
predictions were then averaged.  
 
RESULTS AND DISCUSSION 
Gait predictions were successfully found that 
matched desired constraints and optimal design 
criteria. Each optimization took less than 10 
minutes to perform on a PC workstation with 
two 3.2 GHz quad-core processors.  

 

 
Fig 1: Comparison between experimental (black curves) 

and optimization (colored curves) results for knee flexion 
angle, KFM, KAM, and MCF. MCF results are calculated 
from Eq. (1). Experimental trends in MCF are similar to 
those shown above. Only stance phase is shown. 
 

Large increases in the knee flexion angle and 

KFM were found for problem MT1 but not for 

problems MT2 and MT3 (Fig. 1). All problems 

predicted similar reductions in the KAM with 

peak values being near those from experimental 
medial thrust gait. Problem MT1, with looser 

KFM tracking, predicted a large increase in the 
knee flexion angle and moment accompanied by 

only a small reduction in peak MCF. This result is 

in good agreement with experimental 
observations from the subject’s medial thrust gait 
pattern. Problem MT2 predicted a minimal 
increase in the knee flexion angle and moment 
along with reductions in MCF throughout stance 

phase. Minimization of MCF directly in problem 

MT3 predicted the largest decrease in MCF 

along with a small decrease in knee flexion angle 

and KFM. The predicted shapes and magnitudes 

of the MCF curves for the three optimization 

predictions closely resembled the MCF curves 

measured by the instrumented prosthesis.  
 
Due to the influence of the KFM on MCF, the 
gait optimizations predicted that medial thrust 
gait using little to no change in knee flexion 
angle during stance phase should be effective 
at reducing both peaks of MCF. The credibility 
of this prediction is supported by the ability of 
problem MT1 to reproduce the experimental 
trends in knee flexion angle, KFM, KAM, and 
MCF for the subject’s original medial thrust gait 
pattern. Furthermore, similar relative trends 
between regression-fitted and actual MCF 
curves suggest that our refined results are a 
good estimate of medial compartment load. 
 
CONCLUSIONS 
We have used optimization of a patient-specific 
gait model to predict an improved version of 
medial thrust gait that decreases MCF 
throughout stance phase, including the peak 
value. We recently collected experimental data 
from the same subject attempting to perform the 
improved version of medial thrust gait predicted 
in this study. Once processed, these data will 
be used to evaluate this new prediction. 
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INTRODUCTION 
To improve diagnosis and treatment in patients, a 
better insight in actions of individual muscles 
during arm movement is mandatory. Using a 
musculoskeletal model that describes the 
geometry of the upper limb (UL) and a muscle 
model that relates muscle excitation to muscle 
force production, a muscle-driven forward 
simulation can be formulated to define the causal 
relation between the muscle 
excitations/activations, muscle forces and 
resulting UL kinematics. The aim of this study was 
to quantify the muscle contributions of six major 
UL muscles to the UL kinematics during a three 
dimensional (3D) reaching task using muscle 
driven forward dynamic simulations. 
 
METHODS 
Five healthy subjects performed 3D reaching 
movements to standardized targets at 3 different 
widths: at center line (Medial: M), 45° lateral from 
center line (Lateral: L) and intermediate position 
(Neutral: N), as well as three different heights: at 
shoulder height (Middle: M), 45° above shoulder 
height (High: H) and 45° below shoulder height 
(Low: L). This resulted into nine reaching 
conditions: ML, MM, MH, NL, NM, NH, LL, LM 
and LH. Kinematic data of 26 LEDs were 
collected at 100Hz using a 3D motion capture 
system (Krypton, Nikon Metrology). Using the 
measured marker trajectories, dynamic 
simulations were generated using a dedicated 
workflow in Opensim [1]: An individual scaled 
musculoskeletal model [2] was created for each 
subject and inverse kinematics was performed to 
calculate kinematics for the following degrees of 
freedom (DOFs): shoulder elevation i.e. angle 
between longitudinal axis of humerus and 
longitudinal axis of body, elevation angle i.e. 
orientation of vertical plane in which the arm 
elevates relative to frontal plane, shoulder rotation 
i.e. angle between forearm and sagittal plane, 
when the shoulder is at neutral elevation angle 
and elbow flexed 90°, elbow flexion i.e. angle 
between longitudinal axis of forearm and 
humerus, and forearm rotation i.e. rotation of 

forearm relative to its longitudinal axis. Secondly, 
computed muscle control (CMC) computed a set 
of muscle excitations that drives the generalized 
coordinates towards the experimental kinematics. 
Using the initial states and muscle excitations 
from CMC, a muscle-driven forward dynamic 
simulation was generated that reproduced the 
experimentally measured kinematics. In a final 
perturbation step, muscle excitations of deltoid 
anterior (DELTA), medius (DELTM) and posterior 
(DELTP), biceps longus (BIC), triceps longus 
(TRI) and pectoralis major (PMAJ) were 
increased to half of the maximal excitation during 
0.005s at one third of the reaching movement. To 
quantify the individual muscle contributions, the 
effect of the perturbation on the DOFs was 
evaluated by calculating the mean difference 
between the reference kinematics and perturbed 
simulation over a 0.1s window following the 
perturbation. The main effect of reaching height 
and width on the individual muscle contribution 
was evaluated statistically for the nine targets 
using a repeated measure ANOVA. 
 
RESULTS AND DISCUSSION 
Figure 1 shows the results of the perturbation 
analysis. Main actions of DELTA were horizontal 
shoulder adduction, shoulder elevation and elbow 
extension. With increasing height, horizontal 
shoulder adduction, elevation, internal rotation 
and elbow extension decreased. When reaching 
laterally, horizontal shoulder adduction, internal 
rotation and forearm pronation increased. Main 
actions of DELTM were shoulder elevation, 
internal rotation and horizontal ad- or abduction, 
depending on target location. With increasing 
height, shoulder elevation, internal rotation and 
elbow extension decreased. When reaching 
laterally, shoulder internal rotation decreased and 
horizontal abduction decreased and reversed to 
horizontal adduction for lateral reaching. Main 
action of DELTP was horizontal shoulder 
abduction. With increasing height, shoulder 
horizontal abduction decreased. When reaching 
more laterally, shoulder depression decreased 
and changed into elevation. 



Main actions of BIC were forearm supination and 
elbow flexion. Main action of TRI was elbow 
extension that reduced when reaching more 
laterally. With increasing reaching height, forearm 
supination increased. Main actions of PMAJ were 
horizontal shoulder adduction and internal 
rotation. With increasing height, horizontal 
adduction decreased. When reaching laterally, 
internal rotation, elbow extension and shoulder 
depression increased. 
The position-dependent magnitude of the muscle 
contribution confirms that when reaching in 3D, 
the task specific kinematics determine the 
contribution of individual muscles to the control of 
individual DOFs. For specific muscles, a reversal 
of the muscle contribution was reported. This 
confirms that when reaching in 3D space, the 
task-specific kinematics of the shoulder has the 
potential to affect the instantaneous muscle 
moment arm and invert the muscle moment and 
the consequent observed muscle action, inducing 
secondary action at joints they do not span. 
The calculated muscle contributions were 
compared with anatomical literature. The main 

Differences mainly relate to position-dependent 
effects. Studies describing muscle action during 
3D reaching tasks are nonexistent, but the results 
of this study indicate the need to further explore 
the effect of 3D motion on joint kinematics and 
underlying muscle contributions. A second 
method to validate the calculated muscle 
contributions using electrical stimulation 
experiments is subject of future research 
activities.  
 
CONCLUSIONS 
We conclude that the proposed method has 
potential not only to identify the role of individual 
muscle actions during different 3D reaching tasks 
but also to explore the effect of muscle weakness 
on UL motion. 
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Fig 1: Effect of increased excitation of  6 muscles on the 5 DOFs for the 9 targets. The effect is expressed as average of the 
differences between the kinematics of the reference and perturbed simulation over a 0.1s window following the perturbation. 
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INTRODUCTION 
In daily life, the upper limb is required to 
perform many tasks as diverse as reaching, 
grasping, lifting, and writing. To perform these 
complex tasks, the joints that compose the 
upper limb must allow large ranges of motion to 
position the hand in many different 
configurations. Even now, the estimation of 
accurate tridimensional (3D) joint kinematics 
remains difficult due to the complexity of these 
joints. The global optimization method (GOM) 
showed promising results for the 3D 
reconstruction of the upper limbs kinematics [1]. 
The chain model needs to be precisely defined 
to obtain an accurate and realistic movement. A 
solution is to introduce functional approaches to 
personalize the chain model. Ehrig et al. 
developed algorithms to estimate joint centre [2] 
and axis of rotation [3]. This second algorithm 
could be useful to determine the orientation of 
the forearm in a more anatomic way. The 
upper-limb kinematic chains classically model 
the forearm following the recommendations of 
Wu et al. [4]. The prono-supination axis is 
therefore perpendicular to the flexion-extension 
axis while it should be 4-5° off the perpendicular 
to the flexion-extension axis [5]. 
 
The first objective of this study was to propose 
a new model of the forearm, as part of an upper 
limb chain model, where both axes of rotation 
were determined by a functional approach. The 
second objective was to compare the kinematic 
reconstruction accuracy of this new model with 
the classical model proposed by [4]. 
 
METHODS 
Ten healthy subjects (age: 25.0 ± 2.4 years; 
mass: 70.5 ± 9.9 kg; height: 1.76 ± 0.05 m) with 
no history of upper limb injury participated to 
this study. Subjects were seated on a chair 
facing a table. To solicit any upper limb degrees 
of freedom (dof) as well as the whole amplitude 
of both forearm dof, they performed a complex 
task: they moved a rigid object hold in their right 
hand on three targets placed on the table. This 
complex task is sequenced by five key postures 

(Fig. 1). Then, subjects performed setup 
movements for functionally locating each joint 
centre using the SCoRE algorithm [2]. The 
trajectories of the thirty-six reflective markers 
placed on both subject (30) and object (6) were 
recorded using a 10-camera motion capture 
system sampled at 250 Hz (T40, Vicon – 
Oxford, UK). Their 3D coordinates were used to 
define two personalized upper-limb chain 
models for each subject. 
 

 
The first model (ISB model) was constructed 
following the recommendations made by the 
International Society of Biomechanics [4]. The 
ISB model was composed of six segments (15 
dof): thorax (6), shoulder (2), arm (3), forearm 
(2), hand (2) and object (0). The second model 
(AXIS model) differed from the ISB model only 
at the level of the forearm. Two joint coordinate 
systems (JCS) with one dof were used to model 
the flexion-extension and prono-supination, 
respectively. Both axes of rotation were 
determined using the functional SARA method 
[3]. The origin of the first JCS corresponded to 
the projection of the midpoint between the 
medial and lateral epicondyle on the flexion-
extension axis. For the second JCS, the origin 
was the projected point of the first JCS origin on 
the prono-supination axis. Moreover, we 
introduced a constant angle (the carrying angle) 
between these both active dof [6]. This carrying 
angle was computed from a static trial.  
 

 
 
Fig 1: Illustration of the complex task performed by 
the subjects. The five key postures are shown from 
picture 1 to picture 5. 



GOM was used to reconstruct the movement of 
the upper-limb chain model during the complex 
task [7]. The reconstruction error was 
calculated as the difference between the 3D 
coordinates of model-determined and measured 
markers. Four paired t-tests were conducted on 
the mean values of the global, forearm, hand 
and object reconstruction errors to assess the 
effect of the model on the reconstruction 
accuracy. 
 
RESULTS AND DISCUSSION 
The four reconstruction errors were significantly 
decreased using the AXIS model (Fig. 2). 
Global, forearm, hand and object reconstruction 
errors were reduced on average by 17%, 18%, 
24% and 3%, respectively. The ISB model 
defined the orientation of the forearm using one 
JCS with two dof for flexion-extension and 
prono-supination. Thus, this model assumed 
that both axes are perpendicular. The main goal 
of the AXIS model was to model flexion-
extension and prono-supination in a more 
anatomic way. Veeger et al. [5] showed that 
prono-supination axis is 4-5° off the 
perpendicular to the flexion-extension axis. To 
take into account this observation, we proposed 
to define the orientation of the forearm using 
two JCS in the AXIS model. Moreover, both 
axes of rotation were determined using a 
functional approach personalizing the chain 
model to each subject [3]. This feature is 
important because large variations between 
subjects were reported for the positions of the 
prono-supination axis [8]. As a result, the AXIS 
model improved the reconstruction of the 
forearm and its child segments (i.e. hand and 
object). 
 
Concerning the object, larger reconstruction 
errors were observed for both models. The 
difference between ISB and AXIS models was 
not as much important as for the one observed 
for the hand (Fig. 2). Even if the order was to 
hold the object firmly in the hand, it was not 
strictly the case during the whole task. There 
were very small relative movements of the 
object in hand. These tiny movements could be 
an explanation of the large errors observed for 
the object because this segment was modeled 
without any dof in the chain model. Further 
research should focus on comparing the 
reconstruction accuracy of both models without 
including the object in the chain model. The 
AXIS model should also be tested for a wide 
range of movement performed by the upper 
limb in order to assess its accuracy. Moreover, 
the smaller reconstruction errors observed for 
the hand in comparison to the forearm showed 
that the current AXIS model could be improved. 

For this purpose, the main work should consist 
in determining more accurately the axes of 
rotation by improving the placement of markers 
on the forearm. 
 

 
CONCLUSIONS 
In this study, we introduced the functional 
method develop by Ehrig to determine the two 
forearm functional axes (flexion-extension and 
prono-supination). Our model improved the 
reconstruction accuracy of the upper-limb chain 
model, especially for the forearm and the hand 
segments in comparison with the classical 
model recommend by the ISB. To assess its 
accuracy, this model should be tested for 
different kinds of movement of the upper limb. 
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Fig 2: Bar charts (means) with error bars (standard 
deviations) of the reconstruction errors in 
millimeters obtained with ISB (grey) and AXIS 
(black) models. An asterisk indicates a significant 
difference between both models.  
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INTRODUCTION 
An assistive active system for enhancing 
impaired upper limb mobility and to generate 
therapeutic training exercises, has been 
simulated to evaluate its performance and 
optimize its mechanical, control, and command 
parameters. The system has some operating 
modes – e.g. arm gravity compensation, 
contribution to the arm motion for an “open 
trajectory” task or for a preset motion of the 
arm. The computer simulation of the system 
allows analyzing the contribution to the motion 
required to the robot joints and to the subject 
muscles. The results are used to size the 
actuators for the various categories of patients.          
 
The ADL (activity of daily living) are for many 
patients very difficult task. To recover the ones 
related to the arm motion in some cases 
physiotherapy exercises are required, while 
sometime a mechanical help during the task 
execution is unavoidable. 
 
At present, most of the devices used for 
physiotherapy [1] are located in clinical 
environments and generally are not suitable for 
personal use at home. The personal devices - 
as e.g. the one mounted on wheelchairs – are, 
in general, passive, that is not motor driven. 
Our aim is the evolution of a motor driven 
assistive device, suitable to equip a wheelchair 
and capable of performing physiotherapy and 
also arm assistive tasks. 
 
To allow ADL training the assistive robot must 
be able to move the patient’s arm and to 
position the human hand in the required 
workspace of the arm. 
  
This can be achieved by an end-effector based 
robot or by an exoskeleton type device [2-3]. In 
order to avoid overstressing subject’s joints due 
to inaccurate placement of the multiple 
connections between the exoskeleton and the 
human arm, an end-effector based system has 
been designed with only one connection to the 
body on the forearm. The reference point that 
represents the actual end-effector of the entire 
parallel system is on the subject’s hand. 
 

METHODS   
The upper arm model is simplified by using a 
ball and socket type joint - 3 DOF – and a 
revolute joint at the elbow: this is adequate to 
the range of motion of the subjects needing the 
assisting device. They will very seldom 
overcame the 90° elevation  up to which the 
model is acceptable, nevertheless over this 
limit,  the present  architecture  of the system 
may only induce errors on the  trajectory of  
end-effector, but not joint overstress. The 
robotic arm has three active revolute joints and 
is connected to patient’s forearm by a universal 
joint (fig 1)  

  
Fig 1. Subject and assistive device system 

 
The command approach to the system is 
related to the chosen operative mode, while for 
reaching the motion target the impedance 
control has been implemented.  
 
With respect to the command, the system 
working modes under test are: 
- Gravity compensation mode, where, beside 
the robot weight, also the upper limb weight is 
totally or partially compensated by the motors. 
This is intended for recovering autonomous 
activities of weak arms.  
- Self physiotherapy mode, where the arm 
trajectory is preset and the device can apply the 
needed forces depending on patient’s arm 
impairment, a similar approach can be used for 
repetitive ADL movements such as the ones 
related to eating. 
- Commanded mode, similar to the previous 
mode but where the end-effector (hand) follows 
a virtual target directly driven by the subject 
(e.g. by means of head motion, BCI system, 
etc.) 
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abduction-adduction internal-external rotation flexion-extension

Dynamic equation of motion can be written as: 
 
 

Where q is the joint vector, ( )M q is the inertia 

matrix, ( , )C q q is the coriolis/centrifugal vector, 

( )G g is the gravity vector, F is the desired force 

applied to the operator’s hand, J is the jacobian 

of the robot and intjo  is the joint torque. 

The impedance control method demonstrated to 
be well suitable for applications including man 
machine interactions [4]. 
To achieve target impedance with constant 
stiffness and damping the control law in quasi 
static condition is: 
 
 

The desired force F is computed according to 

the error dese x x  between the desired 

position and end-effector position: 
 
 

 1K k I , 2B k I  where I is the identity matrix 

and 1k and 2k are the controller parameters. 

The impedance parameters are related to the 
expected patient effort to contribute to the 
desired movements. 
 
The control system block scheme is shown in 
(fig 2).If patient is able to follow a desired 
trajectory the actuator of the robot just 
compensate its weight. However if the patient is 
not able to follow the desired trajectory the 
robot will guide the arm with an adjustable 
force. 
 

 
 

Fig 2. The impedance control scheme of the robot 

 
RESULTS AND DISCUSSION 
The simulation of the gravity compensation 
mode shows that only active compensation of 
the arm and device weight gives chance to 
patient with a weak arm to perform most of the 
ADL tasks, because it drastically reduces the 
required effort (fig 3). 
 

The computer simulation procedure allows the 
correct sizing of the electromechanical 
actuators based on the evaluation of the joint 
torques required for the most demanding tasks. 
In addition, it can be very useful to evaluate if a 

given assistive device can fit the need of a 
specific disable, with his characteristics and 
limits (fig 4.) 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

 
CONCLUSIONS 
The simulation results show the effectiveness of 
the operating modes for optimizing control and 
mechanical parameters. Future development of 
the work will be more focused on the third 
working mode of the device, in order to 
enhance the procedure used by the patient to 
drive the target of the end-effector. 
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Fig 3. Comparison of human shoulder joint torques 

for a predefined trajectory of fig.1 a) without help 
and b) with gravity compensation mode. 

 

Fig 4. Self physiotherapy mode, an example: 

comparison of the torques required to the motors of 
the robot’s joints when the subject is passive (red 
line) and when the subject produces 50% of the 
physiological torque (blue line) needed for a given 
arm trajectory.     
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INTRODUCTION 
The aim of this article is to present the 
application of a trend validation to validate a 
simulation model. The workstation parameter 
used to define the trend is the table height of 
simulated meat cutting tasks (well known to be 
related to MSD [1]). 
 
METHODS 
In this article, we investigated the effect of the 
table height on muscle activation levels during a 
meat cutting task. Preliminary results are 
provided from a single pilot recording (Age: 39 
yrs; Body Mass: 72 kg; Height: 1.86 m). The 
subject was standing in front of a table and 
performing 10 cutting task cycles in the 
designed directions at three different table 
heights. The first one is the recommended table 
height for a light work [2] that corresponds to 
elbow height for a neutral position of the arm 
and was used as a reference. The two other 
heights were 10 and 20 cm below the reference 
height. The investigation aimed at verifying the 
musculoskeletal simulation by comparing 
simulated activation trends and the recorded 
EMG amplitude when the table height is 
decreasing. 
 
The data collected during the motion consists of 
movement data (Visualeyez II™ system set up 
with two VZ4000 trackers, Phoenix Technologies 
Inc., BC, Canada) sampled at 60 Hz. Twelve 
active markers were used to collect trunk, right 
arm and knife motion with respect to anatomical 
landmarks. Trajectories were low-pass filtered 
(Butterworth 2nd order, Fcut-off 5 Hz). To register 
the applied external forces, we used an 
instrumented knife that allows the recording of the 
cutting force in 3D. The knife is based on a 3D 
force sensor (FS6, AMTI, Watertown, MA, USA). 
Force signals were low-pass filtered (10.5 Hz) 
and amplified 2000 times. The signals were A/D 
converted and sampled at 60 Hz (12 bits A/D 
converter, Nidaq 6024, National Instruments, 

Austin, TX, USA) and recorded through a custom 
made program (Mr Kick, Aalborg University, 
Aalborg) in LabView 8.2 (National Instruments, 
Austin, TX,USA), which also provided feedback to 
the experimenter. 
Both motion capture and external force data were 
used to drive a musculoskeletal model of the 
trunk and the arm (52 degrees of freedom and 
146 muscles) in the AnyBody Software [3]. For 
each table height, we only computed one frame 
corresponding to the mean half time of the task 
with a constant force of 30N (applied in the 
recorded direction during the real task) to obtain 
simulated muscle activations in the shoulder/neck 
area. Figure 1 shows the real experimentation 
task and the simulated one. 
 

 
 

Fig 1: Real task experimental protocol and simulated task in 

the AnyBody software.  

 
To verify if the trend followed by simulated muscle 
activations is matching with actual exerted force, 
we recorded electromyographic activation of 
several superficial muscles. A 64-channel matrix 
was used to collect the muscle activity of the 
upper-middle trapezius. Moreover, four bipolar 
channels were used to collect EMG from the 
Deltoideus Medialis, Deltoideus Anterior, Biceps 
Brachii and Triceps Long head with bipolar 
surface electrodes. Bipolar electrodes were 
placed with respect to anatomical landmarks. The 
EMG signals were amplified 2000 times (64-
channel surface EMG amplifier, SEA64, LISiN-OT 
Bioelectronica, Torino, Italy) and sampled at 2048 

Cutting direction 

Table  
height 
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Hz (National Instrument, 12 bits acquisition board, 
Austin, USA). Signals were low pass filtered (4 
Hz), and rectified – using the envelope as final 
value.  
 
RESULTS AND DISCUSSION 
Table 1 presents the trend followed by the 
measured activations (R) and the simulated 
activations (S) for three table heights. Recorded 
activations are the mean activations extracted 
from 10 cutting cycles and the simulated 
activations are obtained for a unique frame 
driven at the same height from motion capture 
data, and for a constant input force of 30N in 
the recorded cutting direction. 0cm height is 
used as a reference for the activations. The 
activations were reported as the percentage of 
its difference from the corresponding reference. 
 

Height  0cm -10cm -20cm 

Biceps R 0% -24,4% -36,5% 
Biceps S NA NA NA 

Triceps R 0% +7,3% -3,7% 
Triceps S 0% +18,84% -13,0% 

Delt Ant R 0% -9,2% -30,9% 
Delt Ant S 0% -18,0% -36,0% 

Delt Med R 0% -21,5% -35,8% 
Delt Med S 0% -18,0% -36,0% 

Trap Acr-C7 R 0% +9,8% +10,6% 
Trap Acr-C7 S 0% +3,45% +17,2% 

 
Table 1: Comparison between the trends followed by 

recorded activations (R) and simulated activations (S) for the 
three table heights. The trapezius Acr-C7 is the activation of 
the muscle in the Acromion-C7 direction, computed as the 
mean of the 4 bipolar channels available in this direction. 

 
First, absolute EMG envelopes showed that the 
decreased table height led to a global decrease 
of the mean recorded muscle activations for a 
~30N output cutting force. For the simulated 
task, we can see that biceps is not activated 
(due to the fact that it is antagonistic to the 
output force) and cannot be used to investigate 
the trend. The trend is the same as the 
recorded one for Deltoidus Medialis and the 
Deltoidus Anterior (activations decrease in a 
similar range for both R and S). For the triceps, 
we can see that the recorded and the simulated 
activation levels do not follow the global trend, 
and shows that the -10cm height leads to a 
maximal activation compared to the two other 
ones in both cases (R and S). The simulation 
seems to overestimate the variations of the 
triceps activation during the task. It could be 
due to the fact that the biceps is not activated 
(activating the biceps will decrease the relative 
variation of the triceps activation by adding an 
offset on the triceps activation [4]).  
The trend followed by the trapezius activation is 
also difficult to investigate, because we 

compare a recorded spatial activation to several 
sub-muscles activations (representing the 
trapezius in the AnyBody model). Here we 
compare the activation obtained on the action 
line between the acromion and the 7 th cervical 
vertebra that corresponds to the location of the 
4th line of the 64-channel matrix. We can see 
that the both R and S activations are following 
the same trend, but the variations are not 
similar in terms of range. 
These results show that Deltoidus is the most 
reliable muscle to investigate for this 
workstation parameter. Both R and S for 
anterior and medial part are following a similar 
trend. This is why in further analysis we will use 
these activations to investigate the effect of the 
table height. 
Finally, simulated and real activations suggest 
that the table height has to be set slightly below 
the elbow height for a neutral position of the 
arm to decrease the muscle activation levels. 
Further analysis and investigations are needed, 
especially with respect to the kinematics during 
the task. Kinematics parameters such as range 
of motion are highly related to the muscle 
activation levels. Finally, these results have 
also to be validated on a relevant statistical 
sample of subjects. The 64-channel matrix can 
at last be used to investigate muscle fatigue 
and pain phenomenon [5].  
 
CONCLUSIONS 
This short article based on a pilot recording 
presents a trend comparison between recorded 
and simulated activations with respect to a 
workstation design parameter (the table height) 
during meat cutting tasks. Results show that the 
trend followed by the simulated activations is 
the same as the one followed by the recorded 
data. The most reliable activations are the 
Deltoidus ones. Antagonistic muscle activations 
are difficult to investigate with a classic inverse 
dynamics method; this is why in further 
investigation we propose to simulate the task 
with a hybrid (inverse-dynamics assisted by 
EMG) method.  
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INTRODUCTION 
A primary objective of human movements is the 
control of balance. In the field of fall analysis and 
human balance control, it is essential to assess 
an individual’s ability to control its balance. For 
example, one major class of fall prevention 
approaches rely on improvements of an 
individual’s ability to keep its stability following a 
perturbation onset [1-2], mainly through training 
individuals by repeated exposure to dynamic 
instabilities. To consider the improvement ability 
must be measured. One way is to introduce a 
balanceable region in the state space, or define a 
stability index for an initial state showing how 
close it is from the balance conditions.  
 
Aside the criterions observing the extreme 
situations during recovery such as maximum 
trunk angle, minimum hip height, spatial/temporal 
safety margins, etc., stability was traditionally 
being represented by the position of body center 
of mass (COM) with respect to the base of 
support (BOS) [3,4]. In this sense, a person must 
keep its COM over the BOS during an action, 
which is neither necessary nor sufficient to the 
balance be kept. Ref. [5] included the horizontal 
component of velocity of COM and suggested a 
movement state: horizontal disp. and vel. of COM 
from the BOS. They defined the instantaneous 
stability for an individual in gait as the shortest 
distance of its corresponding movement state 
from some dynamic stability limits [6,7]. Then, 
stability control is characterized as the control of 
the so defined movement state [8,9]. To improve 
the criterion to represent the stability of a human 
state more precisely, we define four-dimensional 
states based on a 3-segment human model, then 
propose a balanceable region, and define a 
stability index. 
 
METHODS 
We use a 3-segment model (Fig.1) with sagittal 
symmetry: the feet, lower limbs, and upper 
body. Eq. of motion and state are in forms of 
������ � ���	 �
� � ��� � �, �
��� � ������	 �����, 
respectively. State is �� � ����	 ���	 �
��	 �
���.  
Define the most stable zone (MSZ) as the 
subspace of the state space which goes to the 

balance posture (� � �) 
when control input is set 
to zero. MSZ is therefore 
the stable subspace of 
�
 ��� � ������	 ��. Also 
define the balanceable 
region � for input region 
� (���� � �� as: �� � ������������� ! "���� � �#�$� % � 
such that �� � � and 
���� � &#�$� % �, subject 
to �
 � ���	 ��# ���� � ��. 
& is a state region 
including �. Define ''��(� as the stable subspace 
for the system �
 ��� � ������	 �(�, and the 
integrated stable subspaces as )''��� �
*+''��,�-�, � �,.�where �, is the boundary of 
�.�)'' is a 3-dimensional subspace of the state 
space which devides the space (more precisely 
&) into three regions: on ISS, inside ISS (iISS) 
including the origin, and outside ISS. It can be 
shown that iISS is totally balanceable (prove has 
been omitted because of the lack of space). 
 
Although the balanceable region is the best 
representative of one’s ability in handling 
balance perturbations, difficulties arouse in 
finding and analyzing it when state dimension 
increases. Some quick estimation of the 
stability of a state will be helpful in many cases. 
Based on our 3-segment model we define the 
stability index as the distance to the MSZ, 
obtained in �/-space: �/ � 01234 	

15
36 	 1
 27 	 1
57 8 or 9:-space: 

9: � �9:�;< 	 9:7;< 	 9:
�;< 	 9:
7;< � � 0=2>?34 	 =5>?
34 	 =
2>?7 	 =
5>?

7 8 
which is the normalized horizontal pos./vel. of 
COM of each segment. 
 
RESULTS AND DISCUSSION 
Typical male properties is used to determine 
mass/Inertia/Geometric parameters [10]. MSZ is 
found for @�@ A BCDE using MATLAB. MSZ is a 3-
D subspace in the 4-D space, and its projection in 
9;< F 9
;<  plane (horizontal pos.-vel. of the COM 
of entire body) is shown in Fig.2. 
Stability index is calculated for randomly selected 
points in the 4-D state space, based on distance 

 
Fig.1; 3-segment model 
 



in �/-space (Fig.3-a) and in 9:-space (Fig.3-b). The 
intersection of the ISS with the �( � �G	 �H � �I 
hyper-plane also is shown in Fig.4.  
 
A compatible projection of the balanceable region 
found based on 3-segment model is slightly 
different with that found using 1-seg. model [11] 
with only ankle strategy applicable (Fig.4), since 
the 3-seg. is able to perform hip str. in addition to 
ankle str., and offers a more realistic balanceable 
region. However, finding the balanceable region 
for higher-segment models is much more difficult 
and time consuming, though it is the best 
representative of ability in handling perturbations.  
 
Stability measured in 9:-space (Fig.3-b) decreases 
perpendicular to the projection of MSZ for nearby 
points, decreasing only with the COM vel. for far 
points. This is because in 9:-space the information 

of vertical pos./vel. of segments are lost, therefore 
this stability has almost nothing more than that 
based on 2-seg. model. 
Even some of the points close to the projection of 
MSZ are found very unstable (Fig.3-a). This 
emphasizes the role of vertical pos./vel. and 
suggests that the distance of 9;< F 9
;<  to the 
projection of MSZ is not a good criterion to 
measue stability. In fact, only when the body state 
is limited to some special patterns -e.g. gait [9]- it 
works well and can determine how close the loss 
of balance is, and for general conditions, stability 
measured in 4-D �/-space prepares a more 
realistic estimation of the actual stability. 
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Fig.3: instantaneous stability based on distance to MSZ �/-

space (a) and 9:-space (b). The colder, the more stable. 

 
Fig.2; green: MSZ, red: the most stable curve in ref.[5] 
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Fig.4; green: intersection of ISS with �( � �G	 �H � �Ihyper-
plane. Blue: boundary of the balanceable region in ref. [11]. 
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INTRODUCTION 
Although our living environment is evolving 
towards high-tech systems to provide optimal 
comfort, little research focuses on the sleep 
environment. However, proper body support – 
which is posture-dependent – plays an 
important role in spinal recovery. Therefore, 
new approaches in the design of sleep systems 
consist of monitoring posture based on mattress 
indentation measurements. Previous research 
showed that when posture is known, the spinal 
shape can be accurately estimated based on 
indentation measurements [1]. The assessment 
of detailed posture recognition requires a 
personalized human model [2]. Furthermore, 
detailed simulation of the mattress indentation, 
based on such models, is needed for these 
procedures. 
This project focuses on estimating the human 
posture while sleeping using personalized 
human models in a particle filter estimator. 
 
METHODS 
A total of 25 subjects participated in this study. 
Personalized human body models were 
generated based on camera images [3, 4] or 3D 
whole body scans using the MakeHuman 
project [5]. The subjects were also asked to lie 
on a specifically designed sleep system for one 
hour, pretending they were sleeping. Subjects 
were not told to maintain specific postures. The 
sleep system can measure the perpendicular 
indentation of the mattress in 170 sensors, 
arranged in a two-dimensional grid of 11 by 31 
sensors, equally separated (DynaSleep, 
Custom8, Leuven, Belgium). For verification 
purposes some anatomical markers were 
attached for visual inspection of the posture, 
together with a depth sensor (positioned 
perpendicular on the bed plan) generating a 
pointcloud of both the human and the mattress. 
The result is a high precision measurement 
which serves as ground truth for the 
experiments. Fig 1 shows an output example of 

an indentation measurement for a person lying 
in a right lateral posture.  
To estimate the current posture a particle filter 
estimator is used, which estimates the hidden 

parameters (posture    with k = 0, 1, 2, ...) 
based on the observation of the mattress 
indentation (   . All estimates follow the 

posterior distribution          as in the equation 
below. Thus for each particle a likelihood needs 
to be calculated which comes from a virtual 
simulation of the mattress indentation. 
 

           
                  

            
               

 

 

Fig 1: Indentation measurement for right lateral posture 

Mattress indentation can be simulated using 
Blender, a Free and Open Source Software for 
modeling, rigging, simulating and creating 3D 
applications [6] and using the Bullet Physics 
Engine [7]. The individualized models can be 
exported from MakeHuman and imported into 
Blender, enabling the modification of joint 
positions of the model to create sleeping 
postures as in Fig 2.  
 

Fig 2: Individualized MakeHuman model, incorporated in Blender 

(left) and posed in a lateral sleeping posture (right). 

In a next step a mattress model is created in 
Blender that deforms due to the sleepers weight 
and body contours as presented in Fig 3. Then, 



using the physics engine, we export simulated 
mattress indentation measurements. The 
goodness of the match between measured and 
simulated mattress indentation (defined by e.g. 
a sum of squared differences or an ICP 
algorithm on the two generated pointclouds) 
depends on the modeled sleeping posture. 
Iteratively the right posture can thus be 
estimated. 
 

 

Fig 3: Simulation of mattress indentation in the Blender software 

RESULTS AND DISCUSSION 
This paper describes the integration of human 
models to simulate detailed sleeping postures. 
Results are important in the framework of 
ergonomics towards optimal spine support. 
 
REFERENCES 
1. Verhaert V., et al. Proceedings of IEA-DHM 

I, Lyon, France, accepted for publication, 
2011  

2. Harada T., et al. Proceedings of IEEE 
International Conference on Robotics & 
Automation, 2001. 

3. Buys K., et al. Proceedings of IEA-DHM I, 
Lyon, France, accepted for publication, 2011 

4. Van Deun D., et al. Proceedings of IEA-
DHM I, Lyon, France, accepted for 
publication, 2011 

5. Bastioni M., et al. (0.9.1 Release 
Candidate), the MakeHuman project, 
http://sites.google.com/site/makehumandocs
, 2007 

6. Roosendaal T. Blender: a free and open 
source tool for 3D graphics application, 
available on http://www.blender.org 

7. Bullet Physics Engine, 
http://bulletphysics.org/ 

 
ACKNOWLEDGEMENTS 
This study was carried out thanks to the 
Institute for the Promotion of Innovation through 
Science and Technology in 
Flanders ( IWT - Vlaanderen) and the financial 
support of K.U.Leuven's Concerted Research 
Action GOA/2010/011 real-time optimal control 
of autonomous robots and mechatronic 
systems; Tinne De Laet is a PostDoctoral 
Fellow of the Research Foundation - Flanders 
(FWO) in Belgium.  
 

http://sites.google.com/site/makehumandocs
http://sites.google.com/site/makehumandocs
http://www.blender.org/


Abstracts of poster presentations 

   



 



 
 
Fig 1: 2D forearm and upper arm model lifting a dumb-

bell weighing 5 kg. The elbow is modeled using FDK.   
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INTRODUCTION 
In traditional inverse dynamic analysis of mus-
culoskeletal models [1,2], kinematics and kinet-
ics are treated separately. Kinematic analysis is 
performed to compute the position, velocity and 
accelerations of the segments in the model from 
a description of the joints and the motion. This 
is formulated through the solution of a set of 
nonlinear constraint equations. Subsequently, 
the computed segment positions, velocities and 
accelerations are substituted into the dynamic 
equilibrium equations to obtain a set of equa-
tions with only unknown reaction and muscle 
forces. This set of equations is solved through 
muscle recruitment by assuming a criterion for 
the distribution of the internal forces between 
the muscles and the reactions. This approach 
requires that the joints and motion of the model 
can be completely described through these 
constraint equations without consideration of 
the forces that created the motion. However, 
several anatomical and prosthetic joints, such as 
spinal disks, knees and many shoulders are non-
conforming to such an extent that the forces sig-
nificantly influence the detailed joint kinematics 
and the joint’s internal force equilibrium. For in-
stance, in the knee, the internal motions occurring 
are due to a complex interaction between the 
muscle actions, cartilage contact mechanics, and 
soft tissue stiffness and deformations. Forward 
dynamics approaches have the potential to ad-
dress these phenomena, but they do not handle 
complex muscle systems well and often require 
careful tuning and long computation times to 
simulate vibrations and damping which in many 
cases are not very relevant to orthopaedic prob-
lems. 
 

To address this problem, we recently developed a 

new method called Force-Dependent Kinematics 

(FDK) [3]. The method is used to compute the 

muscle and reaction forces as well as not-

predetermined motion in user-specified directions.  

In this study, we applied FDK to a simple test 

problem to model the elbow joint in a 2D model of 

the arm using contact forces based on two points 

in contact with the surface of a cylinder as well as 

linear springs, mimicking bone contacts as well as 

ligaments, respectively (Fig. 1).  
 
METHODS 
The FDK method is based on an assumption of 
quasi-static force equilibrium between all the act-
ing forces in the model in the directions in which it 
is desired to also compute the displacements 

(denoted   ). Computationally,    is computed by 
introducing a kinematic driver equation (        
    ) in a standard inverse dynamic analysis 
model to obtain a kinematically determinate sys-
tem for a given   . The function         of the 

model coordinates,  , and time,  , computes the 
FDK directions. We assume that the time deriva-

tives of    are zero, i.e. we obtain a quasi-static 
solution. FDK reaction forces,   , in the same 
directions are also introduced. Hereby, the mus-
cle and reaction forces, including the FDK reac-
tion forces, required to balance the model for a 
given    can be computed. The desired FDK dis-
placements bring all the forces in the model in 
balance, i.e. where the FDK reaction forces are 
zero. This leads to the computational workflow 
illustrated in Fig. 2.  
A simple 2D test model was constructed. The 
model consisted of the forearm, upperarm, el-
bow joint, a dumbbell, weighing 5 kg, and seven 
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Fig 2: FDK analysis framework. The displacements in the 

FDK directions ( s) are computed as the displacements, 

where no artificial reactions (Fs) are required to balance 
the model in these directions.   

 
 

Fig 3: Computed joint translations in the elbow joint. 

Notice that with high stiffness, the translations are practi-
cally zero, whereas with low stiffness, there are some 
translations in the joint. 

muscle units. The muscles were assumed to be 
equally strong and with constant strength of 300 
N. Three elbow models were tested; a revolute 
joint and two models with linear contact forces 
and five linear springs, mimicking bone contacts 
and ligament actions around the elbow. Contact 
forces were computed between two points at-
tached to the upper arm (the blue points in Fig. 
1) and a cylinder attached to the forearm. The 
five springs were equally spaced on a circle in 
the upper arm and they all attached to the same 
point in the forearm. This point was also used 
as the center of rotation in the revolute joint.   
 
The model performed a one second lift of the 
dumbbell by flexing the elbow and shoulder 45O 
and 30O, respectively, starting with the elbow 
flexed 90O and the shoulder extended 10O.  
 
RESULTS AND DISCUSSION 
When the stiffness in the elbow model was 
high, the model practically produced the same 
results as with a revolute joint, i.e. no joint 
translations and the same muscle forces. How-
ever, when the stiffness of both the contact as 
well as the springs was lowered, the results 
were significantly different. The detailed motion 
of the joint was significantly different between 
the two joint models with high and low stiffness 
(Fig. 3). The model with high stiffness showed 
practically no joint translations, similarly to a 
revolute joint. With low stiffness, however, the 
simulation results showed translations of up to 

8 mm.  
Although the simple arm example illustrated 
here is not physiological, it demonstrates nicely 
the features of the FDK method of simulta-
neously computing the muscle and joint reac-
tion forces, while still allowing modeling of the 
joints in terms of the force elements. Applica-
tions of the method on real problems are under 
development. For instance, a total knee re-
placement (TKR) model, an anatomical knee 
model and modeling of spinal fixation devices 
are under development. The TKR model is illu-
strated in Fig. 4 and preliminary results are pre-
sented in [3]. The detailed knee mechanics of 
the TKR model is modeled by the contacts be-
tween the implant components and the liga-
ments. 
 
CONCLUSIONS 
While we only demonstrated the FDK metho-
dology on a simple 2D model, the same method 
works for more complicated 3D models as well. 
Due to the FDK method’s capability to compute 
both the model motion and internal forces 
through quasi-static force equilibrium, it opens 
up new possibilities in detailed modeling of 
joints in musculoskeletal models. This can be 
accomplished by creating models directly of the 
mechanical structures of the joint in terms of 
force elements, rather than converting the ac-
tions of the force elements into kinematic con-
straint equations. This enables analysis of non-
conforming joints under the influence of muscle 
forces. 
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Fig 4: A TKR model is just one possible practical applica-
tion of the FDK method.   



 
 
Fig 2: ArtiSynth screen shot showing a combined jaw-tongue-
hyoid model, with the main viewing panel (center), component 
navigation panel (left), probes arranged on the timeline 
(bottom), and a panel for adjusting properties (right).  

 
 
Fig 3: The rigid-body jaw-hyoid model (left) extended to 
include the soft-tissues of the tongue, lips, and face (right).  

 
 

Fig 1: General organization of the ArtiSynth system. 
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INTRODUCTION 
ArtiSynth (www.artisynth.org) is an open 
source, Java-based biomechanical simulation 
environment for forward and inverse dynamics 
modeling of anatomical systems composed of 
both rigid and deformable structures. Models 
can be built from a rich set of components, 
including particles, rigid bodies, finite element 
models (FEM) with both linear and nonlinear 
materials, point-to-point muscles, and various 
bilateral and unilateral constraints including 
contact. These components are arranged in a 
hierarchy that can be easily viewed and edited 
through a graphical interface (Figures 1 and 2). 
Component parameters and state variables are 
exposed as properties that can be interactively 
monitored and controlled as the simulation 
proceeds. The toolkit has been used to develop 
advanced biomechanical models of orofacial 
and upper airway anatomy, including the face, 
lips, jaw, tongue, soft palate, and larynx 
structures (shown in Figures 2, 3, 4). The state-
of-the-art physics engine provides both forward 
and inverse dynamic simulation, with the latter 
allowing for the computation of the muscle 
activations required to achieve target motions. 
 
METHODS 
General System Design. A primary design goal 
of ArtiSynth is to provide the user with 
comprehensive interactive simulation control, 
which is achieved using a rich graphical user 
interface (GUI), as illustrated in Figures 1 and 
2. The GUI allows a user to view and edit the 
model hierarchy, and modify component 
properties through property panels. A timeline 

display is used to temporally control the 
simulation and arrange streams of input and 
output data (known as probes) that can control 
and observe the model during simulation. 
Simulation proceeds under the control of a 
scheduler, and the model is advanced through 
time using a physics simulator. 

FEM capabilities in ArtiSynth include support 
for tetrahedral, hexahedral, and some higher-
order elements, along with both linear and large 
deformation behaviors, including corotated linear 
and hyperelastic materials. Muscles can be 
simulated using simple point-to-point force 
effectors or by embedding directed anisotropic 
material behaviors capable of excitation within 
selected groups of FEM elements (see Figure 4 
for a depiction of FEM tongue muscles). 

 



Fig 5: Sequential images of inverse simulation with an 
idealized tentacle model of elongation and bending. Cyan 
spheres indicate the target kinematic trajectory for the tentacle 
tip. Muscle fiber activation levels are indicated by line color 
(white = 0%, red = 100%).  

Fig 4: Tongue protrusion simulated using FEM muscles 
(left panels; the lower panel shows a cutaway view 
revealing muscle element directions as colored lines). Our 
modeling activities are also directed toward medical 
applications, such as modeling jaw reconstruction (right). 

Physical Simulation. ArtiSynth models are 
advanced forward in time by solving the 
second-order ordinary differential equation: 

 
where q and u are the generalized positions 
and velocities of all the dynamical components, 
f denotes the generalized forces, and M is the 
(block-diagonal) composite mass matrix. 
Equation (1) is solved subject to bilateral and 
unilateral constraints of the form G(q)u = 0, 
N(q)u ≥ 0, which account for joint, incompress-
ibility, contact, etc. The presence of deformable 
bodies usually necessitates using an implicit 
integrator, which when combined with the 
constraints gives rise to a large, sparse mixed 
linear complementarity problem of the form: 

 

where k denotes values at a particular time 
step,     and   are M and f augmented with force 
Jacobian information, h is the step size, λ and z 
are the constraint impulses, g and n are time 
derivatives of the constraints, and w is a slack 
variable. A detailed description of the ArtiSynth 
physics simulation and the solution of equation 
(2) can be found in [1].  
 
Inverse Simulation. Artisynth provides support 
for inverse simulation, allowing movement 
trajectories to be specified for selected 
components, which are then tracked by the 
dynamic model with muscle activations 
computed using various optimality criteria, as 
illustrated in Figure 5. Other target criteria for 
inverse simulation are currently being added, 
including constraint forces and effective 
stiffness at selected points. Since the target 
criteria are locally linear with respect to the 

muscle activations, the inverse problem can be 
solved using a small, dense quadratic program 
(see [2] for details). 
 
RESULTS AND DISCUSSION 
The ArtiSynth toolkit has been used to create a 
number of biomechanical models and assoc-
iated simulation studies mostly focused on the 
oral, pharyngeal, and laryngeal (OPAL) region 
(see www.artisynth.org/opal for details). 
 
One of the earliest models created was a jaw 
and hyoid model used to simulate chewing 
dynamics [3] as well as jaw mechanics following 
surgical resection and reconstruction [4] (Figure 
4). The jaw-hyoid model was combined with a 
3D finite element tongue model to create a fully 
coupled jaw-tongue-hyoid model [1] (Figure 2). 
An extension of this to include the face and lips 
is currently in progress (Figure 3). Videos 
showing simulation results are available on the 
ArtiSynth website at www.artisynth.org. 
 
CONCLUSIONS 
At TGCS 2011, we will describe the ArtiSynth 
simulation framework in detail, including the 
physics engine, the solver, and the inverse 
techniques. We will also provide a hands-on 
demonstration of the toolkit for attendees. 
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INTRODUCTION 
Musculoskeletal diseases and prosthetic 
revision operations concerning lower 
extremities represent a huge burden that 
increases rapidly with the aging population. For 
patients requiring major surgical operation, 
procedures are still uncertain in outcome and 
have high complication rates. The main 
objective of the EU-funded project TLEMsafe is 

to develop, validate and clinically implement an 
ICT-based patient-specific surgical navigation 
system that integrates tools for visualization, 
modeling, simulation and surgery. This will offer 
surgeons a system to safely reach the optimal 
functional result for the patient and a user 
friendly training facility. 
 
The aim of the present study was to perform a 
comprehensive sensitivity analysis of a 
musculoskeletal model to perturbations in Hill-
type muscle model parameters. This allows 
assessing the effects of potential errors in 
personalized musculoskeletal datasets (based 
on medical imaging techniques and functional 
kinematic and dynamic tests) on model 
outcomes. Finally, the results provide 
quantitative information about which parameters 
and which muscles need to be selected and 
quantified most carefully to create a reliable 
subject-specific musculoskeleal model. 
 
METHODS 

We used the recently developed Twente Lower 
Extremity Model (TLEM), based on the first 
comprehensive and consistent anatomical 
dataset from a single cadaveric specimen [1], 
and its implementation in the AnyBody 
Modeling System (version 4.2.1) [2]. The model 
consists of 12 body segments (HAT, pelvis and 
right and left femur, patella, tibia, talus, foot), 11 
joints (L5S1, right and left hip, knee, 
patella/femur, talocrural, and subtalar) and 
21DOFs. Each leg contains 159 muscle-tendon 

 
Fig. 1: Hill-type muscle model: Contractile element (CE), 
Series elastic element (SE), Parallel elastic element (PE) 
 

elements, represented as a Hill type muscle in 
series with a tendon (Fig. 1), to describe the 
mechanical effect of 56 muscle-tendon 
actuators. 
 

Inverse dynamic simulation and static 
optimization were used to calculate the time 
histories of muscle-tendon forces for one cycle 
of normal walking. The performance criterion 
was to minimize the cubes of muscle activation 
at each instant during the gait cycle. 
 
We quantified the effects of perturbations in 
several Hill-type muscle parameters on the 
model outcome. We varied the values of 

maximal isometric muscle force          , 
optimal muscle fiber length           , 

pennation angle          , relative amount of 

fast fibers      
          , tendon rest length 

  
         and tendon strain           from 

their nominal values, based on inter-individual 
anatomic variations reported in literature [3]. 
Then an inverse dynamic problem was solved 
to compute the corresponding changes in the 
calculated muscle-tendon forces. The sensitivity 
of the model was assessed by computing a 
Local Sensitivity Index (LSI) and an Overall 
Sensitivity Index (OSI). LSI was used to 
quantify the effect of parameter perturbation on 
the force delivered by the muscle-tendon 
actuator that was perturbed: 

mailto:v.carbone@ctw.utwente.nl
http://www.bw.ctw.utwente.nl/


    
         

            
        

 

       

        
       

 

       

       

 
OSI was used to quantify the effect of the 
parameter perturbation on the sum of the forces 
delivered by all the other muscle-tendon 
actuators: 

    
         

            
        

 

       

        
       

 

       

       

 
RESULTS AND DISCUSSION 
The results of our analysis (Table 1) show that 
the sensitivity of the musculoskeletal model to 
perturbations in Hill-type muscle parameters is 
relatively high. Therefore errors in medical 
imaging techniques (MRI/CT) and functional 
kinematic and dynamic tests could have great 
effects on subject-specific models outcome. In 
general, sensitivity values depend largely on 
the parameter perturbed: very high values are 
obtained for perturbations in tendon rest length 

  
 , optimal muscle fiber length     and maximal 

isometric muscle force   , while perturbations in 

pennation angle   , relative amount of fast fibers 
     
  and tendon strain    produce low values. 

 
OSI values are lower than LSI values, this 
means that the complex musculoskeletal 
system is able to compensate for parameter 
perturbation better than the perturbed muscle-
tendon actuator alone, due to multiple muscle 
interactions throughout the cycle gait. OSI 
values depend largely on the role of the 
actuator during the walking movement. In 
particular, the highest values are obtained for 

variation of   
 ,        of prime movers and hip 

stabilizers, like triceps surae, quadriceps 
femoris and gluteal muscles. Instead, variations 
in muscle like pectineus or popliteus cause very 
low OSI values despite high LSI values, this 

means that large relative changes in these 
muscles contribute only little to the walking 
movement and hardly affect the gait pattern. 
 
The results of this study provide quantitative 
information about which parameters and which 
muscles need to be selected and quantified 
most carefully, through accurate measurements 
and detailed optimization, to create a reliable 
subject-specific musculoskeletal model. It 
suggests also that approximate methods, such 
as geometric linear laws based on the subject’s 
height and weight, may be used for the least 
sensitive parameters. Based on these results 
we developed a priority list containing 
requirements for medical imaging and functional 
measurements. 
 
Our sensitivity study was applied only to normal 
gait, but we expect that the results of new 
analysis will change depending on the 
movement being analyzed, as the pattern of 
muscle development changes. Next steps of our 
work will be to perform an extended sensitivity 
analysis for a range of tasks of daily living, like 
stair climbing or sitting down and getting up 
from a chair. This will allow having a complete 
view of the sensitivity of subject –specific 
musculoskeletal models outcome to potential 
errors in personalized sets of parameters. 
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Table 1: Parameter perturbations causing the highest and lowest OSI values (darker colors indicate higher sensitivity). 
 

 Local Sensitivity Index (%) Overall Sensitivity Index (%) 

                
    

                    
    

     

GasMed 16.62 7.50 1.42 11.84 113.09 2.19 2.41 1.08 0.15 1.68 18.43 0.40 

SolLat 17.89 7.15 7.15 7.40 97.83 3.38 3.10 1.22 1.28 1.26 17.30 0.58 

SolMed 19.22 7.55 9.94 5.67 91.75 3.42 3.01 1.19 1.51 1.24 13.69 0.56 

RectFem 14.36 12.69 7.00 1.99 68.36 3.11 2.68 2.34 1.39 0.46 11.33 0.29 

GluMedAnt 16.54 17.73 1.99 5.81 89.13 2.44 1.95 2.09 0.14 0.75 10.46 0.34 

GluMinAnt 19.96 37.27 1.19 1.39 162.06 2.94 1.06 1.99 0.11 0.13 8.44 0.21 

GluMedPos 18.36 23.21 5.63 7.77 148.89 2.13 1.04 1.32 0.32 0.50 7.55 0.18 

VasLatSup 16.15 18.76 0.53 5.09 90.17 3.54 1.12 1.41 0.05 0.46 7.27 0.33 

… … … … … … … … … … … … … 

Pectineus 27.58 3.23 1.55 11.83 0.79 0.03 0.17 0.02 0.01 0.06 0.01 0.00 

Popliteus 24.34 12.65 1.29 3.91 138.89 7.26 0.03 0.01 0.00 0.01 0.17 0.00 
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INTRODUCTION 
Musculoskeletal models are commonly used to 
study the mechanics, energetics, and control of 
human movement. For many applications, a 
generic model will suffice. In other cases, 
subject-specific models representing the 
morphology and functional capacity of individual 
subjects are necessary. Parameter values for 
generic models have typically been derived 
from measurements made on cadaveric 
specimens. Parameter values for subject-
specific models have been determined using 
various combinations of direct measurement, 
scaling, numerical optimization, and estimation 
from first principles [e.g., 1, 5]. 
 
As part of a larger effort to develop an improved 
model for predicting muscle metabolic energy 
consumption [4], we have developed a multi-
phase procedure for determining subject-
specific parameter values for a mechanical 
model of the human dorsiflexor muscle group. 
In the initial phase, most model parameter 
values are derived from measurements made 
directly on individual subjects. This is followed 
by two additional phases where small subsets 
of model parameter values are adjusted using 
constrained optimization, based on a sensitivity 
analysis. The purpose of this study was to 
evaluate the feasibility of using these 
procedures to obtain model parameter values 
that lead to good predictions of isometric joint 
torques for individual subjects. 
 
METHODS 
The shank and foot were modeled as two rigid 
bodies, joined by a frictionless hinge joint 
representing the ankle. Active muscle torque 
was produced by a two-component Hill-type 
model consisting of a contractile element (CE) 
and a series elastic element (SEE). The Hill-
type model represented the combined 
properties of the muscles in the anterior 
compartment: tibialis anterior, extensor 
digitorum longus, and extensor hallucis longus. 
Measurements were made on 10 male subjects 
(29±5 yr; 1.80±0.10 m; 76.3±8.9 kg) using a 

combination of ultrasound, magnetic resonance 
imaging (MRI), and dynamometry [3]. The 
measured data were used to determine subject-
specific model parameter values such as 
muscle volume, CE optimal length, and SEE 
stiffness. In addition, peak isometric dorsiflexion 
joint torques were measured at four joint angles 
ranging from 30 plantar flexed to 15 
dorsiflexed. 
 
Phase 1: In phase 1, all model parameter 
values except SEE slack length (LS) were 
determined from measured data. For example, 
optimal CE lengths (L0) were estimated from 
ultrasound images, muscle moment arms were 
determined from MRI images, and CE peak 
isometric forces (F0) were determined from 
measured torques and moment arms. With all 
model parameter values set except for LS, 
individual subject values for LS yielding the best 
agreement with measured joint torques were 
determined to the nearest mm. 
 
Phases 2 and 3: A sensitivity analysis 
performed on the musculoskeletal model used 
in this study revealed that predicted joint 
torques were most sensitive to changes in the 
value of LS, followed by L0, and then F0 [2]. All 
other model parameters had low sensitivities. 
Based on the results of the sensitivity analysis, 
the values of LS and L0 were optimized in phase 
2 to minimize the differences between 
measured and model joint torques for each 
individual subject. In phase 3, the values of LS, 
L0, and F0 were likewise optimized for each 
individual subject. For both phase 2 and phase 
3, the parameter values obtained in phase 1 
were used as initial guesses, and parameter 
values were only allowed to vary by an amount 
equal to two standard deviations of the mean 
value for each parameter. 
 
Model performance was determined for each 
individual subject by computing the root-mean-
square difference (RMSD) between the 
measured and model predicted peak isometric 
dorsiflexion joint torques. 



 
 
Fig 1: Measured joint torque - joint angle curves compared 
with phase 1 and phase 3 model predictions. 
 
RESULTS AND DISCUSSION 
The procedures followed in phase 1 led to good 
results (low RMSD values) for some subjects, 
such as the two subjects shown in Fig 1. 
Subjects with higher RMSD values usually 
exhibited the greatest discrepancies in the 
direction of plantar flexion, such as the two 
subjects shown in Fig 2. The average RMSD 
between measured and model joint torques for 
phase 1 was 5.3±2.6 Nm (13.3±6.5%). 
 
Phase 2, wherein LS and L0 were optimized 
together, resulted in a reduction in the average 
RMSD to 4.5±2.6 Nm (11.3±6.5%). Phase 3, 
with LS, L0, and F0 being optimized together, 
resulted in a further reduction in the average 
RMSD to 1.9±1.8 Nm (4.8±4.5%). Phase 2 was 
characterized by only modest reductions in 
RMSD relative to phase 1 for most subjects, 
yielding joint torque-angle curves similar to 
phase 1 (e.g., Fig 1 and 2). Phase 3 results 
were uniformly better than phase 2, with RMSD 
values less than 2.5 Nm for all but one subject 
whose RMSD was 6.8 Nm. 
 
The average model parameter values obtained 
for each phase are shown in Table 1. Average 
values for LS and L0 were similar across the 
three phases, but some individual subjects 
exhibited more substantial changes in 
parameter values between phases. Moreover, 
LS and L0 values increased between phases for 
some subjects, while decreasing for others. 
Optimizing LS and L0 together in phase 2 did not 
improve the joint torque predictions compared 
to phase 1 by a meaningful amount for the 
subjects with the largest RMSD values. 
Optimizing F0 along with LS and L0, as in phase 
3, was generally necessary to produce 
substantial reductions in RMSD over phase 1. 
The procedure used to estimate F0 (see  
 
Table 1: Average model parameter values (mean±SD). 
Phase LS (m) L0 (m) F0 (N) 

1 0.250±0.023 0.059±0.010 1224±172 
2 0.252±0.026 0.055±0.017 1224±172 
3 0.254±0.027 0.058±0.022 1433±276 

 
 
Fig 2: Measured joint torque - joint angle curves compared 
with phase 1 and phase 3 model predictions. 
 
Methods) is more likely to lead to an 
underestimate of this parameter value than to 
an overestimate. Consistent with this, F0 
predicted in phase 3 was higher than in phase 1 
for nine of the 10 subjects, being approximately 
15% higher on average (Table 1). 
 
Numerical optimization has frequently been 
used in determining musculoskeletal model 
parameter values [e.g., 1]. An important aspect 
of the current approach was that the procedures 
followed in phase 1 provided parameter-specific 
estimates of variability that were used to 
constrain the solutions to physiologically 
relevant ranges in phases 2 and 3. 
 
CONCLUSIONS 
The procedure used in this study resulted in 
musculoskeletal model parameter values that 
led to good predictions of ankle joint torques on 
an individual-subject basis. While reasonable 
torque-angle profiles can be obtained for some 
subjects following the procedures in phase 1, 
the constrained optimizations performed in 
phase 3 may provide better estimates of some 
model parameter values. This approach should 
be useful in applications where subject-specific 
information on the function of the dorsiflexor 
muscles is needed [e.g., 4]. Furthermore, the 
approach can readily be adapted for use with 
other muscle-joint systems. 
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INTRODUCTION 
Posture maintenance involves the interaction of 
controlled muscle (co-)contraction and 
additional muscle activity based on afferent 
feedback. Experiments demonstrated that the 
contributions of muscle visco-elasticity and 
afferent feedback are in the same order of 
magnitude [e.g., 1,2]. Within these experimental 
studies the dynamic behavior of a joint is often 
expressed in terms of admittance, i.e. the 
dynamic relation between input force (or torque) 
and the output displacement. Although the 
experimental studies provide valuable insights 
in control strategies, the precise contributions of 
the underlying mechanisms remain unclear. 
Neuromuscular modeling is an important tool to 
relate experimental data to physiologically 
relevant parameters and to predict dynamic 
behavior with for example optimal control. The 
dynamic behavior of a neuromuscular system 
results from the complex mechanical interaction 
between visco-elasticity due to muscle co-
contraction and afferent feedback from muscle 
spindles and Golgi tendon organs. As a result of 
the multiple interactions the individual effects of 
each of the structures to the overall dynamics 
are hard to recognize, if not impossible.  
 
Recently we developed a neuromuscular control 
(NMC) model and implemented the model in a 
graphical user interface to analyze the role of 
the various physiological structures on the 
mechanical behavior of a limb [3]. Although the 
model and the graphical user interface allow 
users to explore the effects of the underlying 
parameters on joint dynamics, the relative 
contribution of each parameter is not directly 
evident. Moreover, it is hard to pinpoint the 
frequencies in the admittance that are mostly 
affected by each of the parameters. Here we 
developed a visualization tool to demonstrate 
the effect of each parameter on the admittance 
by using the analytically derived partial 
derivative. This visualization tool can be used 
for educational purposes to demonstrate the 

effects of parameters on the mechanical 
behavior. Other, more experimental applications 
are for example inspection of parameter 
accuracy and investigation of possible 
parameter interactions in a given working point.  
 
METHODS 
The model describes the dynamics of a human 
joint and is based on human shoulder 
experiments [2,4]. In these experiments 
subjects were instructed to minimize the 
displacements in face of unpredictable force 
perturbations applied by a manipulator. With 
continuous force perturbations the subject must 
actively control the position and preserve 
stability, resulting in a natural and unambiguous 
task. Such postural control tasks with small 
deviations around an equilibrium position allow 
for a linear approach enabling the use of linear 
control engineering tools. 
 
The model describes the admittance of the 
human arm in one degree-of-freedom and is 
given in detail in [3]:  

   
 

 
 
 
 

 

2

2

2
0 0

1,

1

1

1

2 1

d

d

d

d

jsT
v act

jsT
f act

jsT
p act

jsT
f act

act

X f
H f p

F f ms Bs K

b k e H f
B

k e H f

k k e H f
K

k e H f

H f
s s
 









 
 












 

 

with parameter vector p: 

0, , , , , , , ,v p f dp m b k k k k T       
 
The parameter m denotes the mass of the arm; 
b and k represent the visco-elasticity due to 
muscle co-contraction; kp, kv and kf are the 
feedback gains for position, velocity and force 
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Fig 1: The blue lines represent the magnitude of the mechanical admittance with the parameter values as presented in the 
subtitles. Each subplot presents the partial derivative of the admittance with respect to one parameter, i.e. the sensitivity of the 
admittance to this parameter. The green area denotes the positive relation (increased parameter value); the red area the 
negative relation. Note that each parameter affects the admittance differently, targeting specific frequency regions. 

respectively; Td is the neural time delay of the 
feedback loop; 0  and   represent the 
bandwidth and the relative damping of the 
muscle activation dynamics.

  
The sensitivity of the admittance to each 
parameter was analyzed through the 
analytically obtained partial derivative ( ) 
using the Matlab symbolic toolbox (Mathworks).  

/H p 

 
RESULTS AND DISCUSSION 
Figure 1 presents the (scaled) partial derivative 
for each of the parameters onto the magnitude 
of the admittance with the model in the default 
configuration, i.e., the initial parameter values 
based on previous experiment results. For 
example the upper left plot presents the partial 
derivative of the admittance with respect to 
mass. Increasing the mass (green area) in this 
configuration would result in decreased gain for 
higher frequencies, and a reduced natural 
frequency. The lower left plot presents the 
sensitivity to the neural time delay: increasing 
the time delay would increase the oscillatory 
peak at the natural frequency, which is in 
accordance with the destabilizing effect of a 
time delay in a feedback loop. 
 
For the current parameter values, some 
parameters similarly affect the admittance or 
are effective in the same frequency region. The 
parameters for the muscle viscosity (b), velocity 

feedback gain (kv), the muscle activation 
dynamics ( 0 ,  ) and the neural time delay (Td) 
are effective especially around the natural 
frequency. The stiffness due to muscle co-
contraction (k) is primarily effective in the lower 
frequency region, i.e., below the natural 
frequency, while the mass (m) is primarily 
effective in the higher frequency region, i.e., 
above the natural frequency. The feedback 
gains for position (kp) and force (kf) are effective 
in the same frequency range around and below 
the natural frequency. 
 
CONCLUSIONS 
Analytical derivation of the partial derivatives of 
the modeled mechanical admittance enables 
analysis of the relative importance of specific 
parameters in a given working point, and helps 
understand the effects of the multitude of 
parameters in the model. Moreover, overlap in 
frequency regions where the parameters affect 
the admittance reveals parameter interactions. 
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INTRODUCTION 
A fundamental question in motor control is how the 
Central Nervous System (CNS) generates muscle 
activation patterns in order to control posture and 
movement. Several theories are based on or 
inspired by the idea that the CNS works as an 
optimal controller. In such a scheme, muscle 
activation patterns are computed by minimizing a 
task relevant cost function, that can comprise one 
or more variables [1]. In a previous study, it was 
shown that at least for arm movements energy 
minimization was not one of these variables [2]. In  
 
this study, it was investigated if other variables –
minimum torque change, control effort and minimal 
jerk– are minimized by the CNS.  
 
METHODS 
Subjects made point-to-point movements while 
grasping a robotic manipulandum (Fig. 1). We used 
the robot and display apparatus to present three 
different movement contexts to human subjects. 
The robot created a force field (FF) similar to [2]: 

= = − + ⋅ − 

target0; ( )x yF F b y x y y  
36 subjects were divided over 6 conditions: FF (2 
strength levels), visual distortion (1.5 and 3 cm) and 
both. Visual feedback was distorted such that a 
straight hand path, resulted in a visual path that 
was an arc between the start and target position 
with a maximal rightward excursion of either 1.5 or 
3 cm. All conditions started with a null field (no 
forces applied) and zero visual distortion. 

 
Fig. 1: Schematic drawing of the experimental setup.  

 
A sparse nonlinear optimal control solver (SNOPT, 
TOMLAB) was used to identify optimal muscle 
activations for a 2DOF musculoskeletal model of 
the arm actuated by six Hill-types muscles.  
 
RESULTS AND DISCUSSION 
Predicted hand paths for the different cost functions 
are shown in Fig. 2. It was found that subjects 
could quickly learn how to adequately reach in the 
FF, even when visual feedback was distorted. 
There were no significant differences found 
between the hand paths of moving in the null field 
and moving in the FF (both levels, see Fig. 2). The 
used FF was such that the predicted path for 
minimal control effort is clearly different from that in 
a null field. Therefore, these results suggest that 
the CNS does not minimize control effort per se. 
The trajectories found were in agreement with both 
minimum jerk and minimum torque change. 
 
In the conditions in which vision was distorted, 
subjects significantly changed their hand paths 
such that the curvature of the visually perceived 
hand path was decreased (see Fig. 3 and Table 1). 
Note that due to the nature of the visual 
perturbation, subjects did not need to adapt their 
hand paths to adequately arrive at the target. The 
paths taken decreased visual movement curvature, 
but at the cost of an increase in the amount of 
torque, control effort and jerk (and energy). As 
such, these hypothetical cost functions are not 
consistent with the experimental data. 
 
Arguably, jerk might not only be perceived through 
the somatosensory system, but also through vision. 
A cost function that minimizes the combined 
observed jerk using these two systems can indeed 
explain the experimental results (see Fig.2 third 
panel).  
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Fig. 2 Predicted hand paths for minimizing control effort (sum of muscle input squared), torque change, jerk (in joint space) and 
metabolic energy. The blue line in panel 3 was the predicted hand path for minimizing the average of the visually observed and actual 
jerk.
 

 
Fig.3 Experimental results. Δx-dev (mm) is the difference 
between the maximal x-deviation in the baseline measurement 
and FF/warp measurement (last 10 trials). *denotes statistically 
reliable differences from zero. 
In green is the Δx-dev depicted for two subjects in FF2 with a 
negative arc of 3cm. 
 
 
Table 1 Overview  experimental results 
 
 

NFw2
 

FF1nw FF1w2 NFw3 FF2nw FF2w3 FF2-
w3x 

Δx-
dev 

-3.8* -7.0** 0.7 -1.6 -9.7** -6.2* 11.7 

E 0.2 5.1 5.5 0.2 7.4 7.8 6.9 
Average changes in x-deviation  of the last 10 trials in the 6 
different conditions. * denotes statistically reliable differences 
(t-test; *p<.05, **p<0.005). E (J) is the average energy delivered 
to the handle of the robot per movement. x Only two SJs in this 
condition. 
 
 
 
 
 

 
CONCLUSIONS 
In contrast with several studies in the literature, 
these results indicate that the CNS does not 
minimize control effort [1] to generate muscle 
activation patterns and associated kinematics. The 
results found were consistent with a scheme in 
which jerk of observed path (integrated information 
of both vison and proprioception) was minimized. 
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