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Foreword
It’s a great pleasure to welcome you to this 12th International Symposium on Computer Simulation
in Biomechanics. This year we have delegates from over 15 different countries around the world,
with a diverse array of abstracts being presented. The field of computer simulation is constantly
developing and I look forward to learning about new advances during the symposium.

During the symposium we will once again remember the late Dr. Andrzej Komor, co-founder of the
Technical Group on Computer Simulation (TGCS) and organizer of the first symposium, who died
in March 1991 in a tragic airplane accident. To honour his contributions to this group, The Andrzej
Komor Award for the best paper by a young investigator during the symposium will be awarded.
This year the award is jointly sponsored Taylor & Francis Publishers and The Anybody Group
for which we are very grateful.

I am delighted by the content of this symposium which follows the traditional unique format of oral
presentations followed by computer demonstrations, and I look forward to the presentations by our
two keynote speakers Prof Fred Yeadon and Prof Daya Reddy.

I would like to thank Thomas Franz (co-chair), Rick Neptune (website), Knoek van Soest
(registration fees) and the rest of the programme committee for their contributions to the
symposium, without whom it would not have been possible to organise this meeting.

I hope that you all have an enjoyable and fruitful symposium and enjoy your stay in Cape Town.

Mark King
Chair, 12th ISCSB
ISBN 978-0-620-44188-9
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OPTIMISATION OF PERFORMANCE IN TRIPLE JUMPING
Sam Allen1, Mark King 1 and M.R. Yeadon1
1

School of Sport & Exercise Sciences, Loughborough University, United Kingdom

e-mail: s.j.allen@lboro.ac.uk, web: www.lboro.ac.uk/departments/sses/research/biomechanics
INTRODUCTION
While experimental studies of triple jumping
performance can provide information on what
athletes are doing [1], they are not suited to
determining what athletes should be doing in
order to optimise the distance jumped. The aim
of this study was to develop a realistic computer
simulation model of triple jumping to investigate
optimum technqiue.

Kinetic and kinematic data were collected of a
triple jump using a Kiestler force plate and 18
camera
Vicon
motion
analysis
system
respectively (Figure 2).

METHODS
A two-dimensional whole-body torque-driven
computer simulation model of triple jumping was
developed using AutolevTM. The model consisted
of 13 rigid, pin-linked segments and wobbling
masses at the shank, thigh and torso.

Figure 2:
Forty-five retroreflective markers
attached to the subject.
Strength characteristics were measured using an
isovelocity dynamometer from which torque-angle
and torque-velocity relationships were calculated
using a nine parameter function (Figure 3) [2].
Anthropometric measurements were also taken,
from which segmental inertia parameters were
calculated [3].
Viscoelastic parameters were
obtained by matching an angle-driven model to
each phase of the performance data and a
common set determined.
Figure 1: Structure of the 13-segment simulation
model of triple jumping.

These viscoelastic values were used in torquedriven simulations. The model was matched to
performance data for each phase individually by
varying the activation timings of torque generators
in order to minimise a six component root mean
square (RMS) difference between simulation and
performance using a genetic algorithm (GA) [4].

Ten torque generators were situated at the right
and left hip, shoulder, knee, ankle and ball joints
(Figure 1).

5

Figure 4: A comparison between performance
(top) and matched simulation (bottom) of the hop
phase.

Figure 3: Subject on an isovelocity dynamometer.
Each phase was subsequently optimised for
distance jumped by varying the activation timings
of torque generators using GA. Initial conditions
were taken from the matched simulations and
centre of mass (COM) height at landing was
taken from the performance. The score function
comprised the total phase distance. Since only
the stance portion of each phase was modelled,
simulations were penalised for excessive angular
momentum. It was assumed the model would
undergo the same configuration changes during
flight as the performance and thus, regardless of
flight time, undergo the same orientation change.
Using the performance mean whole body moment
of inertia (MOI) and angular momentum from the
simulation the orientation of the model at landing
was calculated and a simulation was penalised if
this differed from the performance by more than
two degrees.

Optimisation of each phase produced an increase
in performance from the matched flight distances
of 1.7%, 4.6% and 4.9% for the hop, step and
jump respectively; a theoretical overall increase of
3.7% (Table 1).
CONCLUSIONS
The model showed good agreement with
performance data, demonstrating sufficient
complexity for subsequent optimisation of
performance in the triple jump. Optimisations
yielded performance increases in each phase with
respect to the matched values.
These
improvements were relatively modest and indicate
the subject was operating with close to optimum
technique. In the future the model will be used to
optimise a complete triple jump performance (i.e.
a sequence of the three phases) and to
investigate the effects of strength and
anthropometry on performance.

RESULTS AND DISCUSSION
The evaluation produced a good match between
simulation and performance, with differences of
4.7%, 2.6% and 3.0% for the hop, step and jump
phases respectively (Figure 4).

REFERENCES
1. Hay, JG, J Sports Sci. 10:343-378, 1992.
2. King, MA, et al., J Appl Biomech. 22:264-274,
2006.
3. Yeadon, MR. J Biomech. 41:1809-1812, 1990.
4. Goldberg DE, Addison-Wesley, Reading, MA,
1989.

Table 1: Table showing differences between matched and optimised phase distances.
phase

matched phase distance (m)

optimised phase distance (m)

increase (%)

hop

4.16

4.23

1.7

step

3.92

4.10

4.6

jump

4.50

4.72

4.9

total

12.58

13.05

3.7
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MECHANICAL ADVANTAGE OF CROUCH GAIT
Jeffrey A. Reinbolt1, Ajay Seth1, Jennifer L. Hicks2, and Scott L. Delp1,2
Departments of 1Bioengineering and 2Mechanical Engineering, Stanford University
Email: reinbolt@stanford.edu, Web: www.stanford.edu/group/nmbl

studied for decades, it remains unclear whether
these factors are the reason for adopting a
crouched posture or instead a consequence of
walking with a crouch gait. One theory deserving
further exploration is that there may be
unrecognized benefits to a crouched posture.

INTRODUCTION
Crouch gait is a prevalent and troublesome
movement abnormality among children with
cerebral palsy [1]. Crouch gait is characterized by
excessive knee flexion during stance, which
substantially increases the energy requirements
of walking [2] and can lead to knee pain and joint
degeneration [3].

In this study, we used musculoskeletal modeling
and optimization to examine one possible benefit
of a crouch gait. Our goal was to determine if
walking in a crouched posture increases the
capacity of muscles to generate ground reaction
forces in the transverse plane during midstance.
We hypothesized that a crouch posture has a
larger force-generation profile compared with an
upright one (Figure 1).

Although the disadvantages of crouch gait are
well documented, it is difficult to elucidate
mechanisms that lead to a crouched posture.
Muscle tightness, weakness, and spasticity,
skeletal deformities, and motor control deficits
are factors that have been associated with the
development of crouch gait. Despite being

Figure 1. Three-dimensional musculoskeletal model placed in the upright (left) and crouched (right) postures during
midstance at 32% of the gait cycle and maximum ground reaction force profiles in the transverse plane.
7

RESULTS AND DISCUSSION
The crouched posture had, on average, 22%
larger maximum ground reaction forces during
midstance compared with an upright posture
(Figure 1, Table 1). The increase was largest
(304 N, 66%) in the lateral, anterior direction.
There was one direction (posterior) with a
decrease (-286 N, -27%) in the maximum force
generated for the crouched posture compared
with the upright one. The overall larger forcegeneration profile is the result of a mechanical
advantage of crouch gait. One benefit to adopting
a crouched posture is increased potential of
muscles to generate new movements which may
compensate for impairments, such as muscle
weakness and motor control deficits, associated
with cerebral palsy.

METHODS
A three-dimensional musculoskeletal model with
15 degrees of freedom and 92 muscle-tendon
actuators was created in OpenSim [4]. The
stance foot was welded to the ground. The lower
extremity joints were modeled as follows: each
subtalar and ankle joint was a revolute joint, each
knee was a planar joint, and each hip was a balland-socket joint. The head, arms, and torso were
represented as a rigid segment connected to the
pelvis by a ball-and-socket joint.
The musculoskeletal model was separately
placed into crouched and upright postures during
midstance at 32% of the gait cycle (Figure 1).
The crouched posture was defined by mean
kinematics for 100 subjects with cerebral palsy
who walked in a severe crouch gait [5]. The
upright posture was defined by mean kinematics
for 83 able-bodied subjects [5].

REFERENCES
1. Wren TA, et al. J Ped Orthop 25:79-83. 2005.
2. Rose J, et al. Dev Med Child Neurol 32:333340. 1990.
3. Bleck EE. Orthopaedic Management in
Cerebral Palsy, Mac Keith Press, London.
1987.
4. Delp SL, et al. IEEE Trans Biomed Eng
55:1940-1950. 2007.
5. Hicks JL, et al. J Biomech 41:960-967. 2008.

For the crouched and upright postures, a series
of optimizations were performed using IPOpt. For
each of 8 points on the compass, separated by
45º, we maximized the ground reaction forces in
the transverse plane by modifying the muscle
forces acting on the model. Each optimization
was subject to a set of constraints requiring the
center of pressure to remain under the stance
foot and the vertical ground reaction force to
remain greater than or equal to zero.

ACKNOWLEDGEMENTS
We received valuable assistance from Samuel
Hamner, and support from NIH Roadmap for
Medical Research U54 GM072 970.

We evaluated our hypothesis regarding the forcegeneration profile of a crouched posture by
comparing the maximum ground reaction forces
and force profile plots of this posture to those of
the upright posture (Figure 1).

Table 1. Maximum ground reaction forces in the transverse plane for the upright and crouched postures during midstance
at 32% of the gait cycle.
Upright
Direction
1: lateral
2: lateral, anterior
3: anterior
4: anterior, medial
5: medial
6: medial, posterior
7: posterior
8: posterior, lateral

Anterior force
(N)

Crouch

Lateral force
(N)

Anterior force
(N)

Increase

Lateral force
(N)

Anterior force
(%)

Lateral force
(%)

0

577

0

827

0

43

463

463

767

767

66

66

1134

0

1299

0

15

0

462

-462

584

-584

26

26

0

-436

0

-523

0

20

-352

-352

-462

-462

31

31

-1052

0

-766

0

-27

0

-596

596

-613

613

3

3
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MESH GENERATION FROM BIOMEDICAL IMAGING DATA
Philippe Young 1, Viet Bui Xuan1, David Raymont1 and Ash Harkara2
1

School of Engineering, Computing and Mathematics, University of Exeter, United Kingdom
2
Simpleware Ltd., United Kingdom
Email: Philippe.G.Young@exeter.ac.uk, Web: http://www.secam.ex.ac.uk/

INTRODUCTION
There has been increasing interest in the
generation of models appropriate for
computational modeling from imaging
modalities such as MRI and CT. Novel
methods of generating the required finite
element and finite volume meshes directly
and robustly from the image data have
been proposed in recent years, however,
there are a range of issues related to image
processing of the data which still need to be
addressed.

The ‘image-based approach’ presented by
the authors is a more direct way, as it
combines the geometric detection and
mesh creation stages in one process. The
technique generates 3D hexahedral or
tetrahedral elements throughout the volume
of the domain [2], thus creating the mesh
directly with conforming multipart surfaces
(cf. Fig 1). This technique has been
implemented as a set of computer codes
(ScanIP, +ScanFE and +ScanCAD).

IMAGE-BASED MESHING
The paper will present the development of a
complete image processing software
framework
for
pre-processing
three
dimensional image data into suitable forms
for the specific purpose of generating
surface and volume meshes, and will
discuss issues specific to image-based
meshing which will be discussed below.
CAD-based versus Image-based Meshing
‘CAD-based approaches’ use the scan data
to define the surface of the domain and
then create elements within this defined
boundary [1]. These techniques do not
easily allow for more than one domain to be
meshed as multiple surfaces generated are
often non-conforming with gaps or overlaps
at interfaces where two or more structures
meet (cf. Fig 1).

Fig 2: a) Original image, unsmoothed (203,238
mm3); b) Traditionally smoothed (180,605 mm3,
Δvolume = -11.14%); c) Smoothed with
Simpleware’s smoothing algorithm (202,534 mm3,
Δvolume = -0.35%)

Robustness and Accuracy
Modelling complex topologies with possibly
hundreds of disconnected domains (e.g.
inclusions in a matrix), via a CAD-based
approach is virtually intractable. For the
same problem, an image-based meshing
approach is by contrast remarkably
straightforward, robust, accurate and
efficient. Meshes can be generated
automatically and exhibit image-based
accuracy with domain boundaries of the
finite element model lying exactly on the
iso-surfaces, taking into account partial
volume effects and providing sub-voxel
accuracy (cf Fig 2).

Fig 1: Original segmentation (left), non-conforming
(centre) and conforming multipart surface
reconstruction (right).
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CONCLUSIONS
The ability to automatically convert any 3D
image dataset into high quality meshes is
becoming the new modus operandi for
anatomical analysis. Techniques have been
developed for the automatic generation of
volumetric meshes from 3D image data
including image datasets of complex
structures composed of two or more distinct
domains and including complex interfacial
mechanics. The techniques guarantee the
generation of robust, low distortion meshes
from 3D data sets for use in finite element
analysis (FEA), computer aided design
(CAD) and rapid prototyping (RP). The
ease and accuracy with which models can
be generated opens up a wide range of
previously difficult or intractable problems
to numerical analysis.

Anti-aliasing and Smoothing
Where anti-aliasing and smoothing is
applied to the segmented volumes, the
presented technique is both topology and
volume
preserving.
If
appropriate
algorithms are not used, smoothing and
anti-aliasing the data can introduce
significant errors in the reconstructed
geometry and topology (cf. Fig 3). Most
implemented smoothing algorithms are not
volume preserving and can lead to
shrinkage of convex hulls and topological
changes. Whilst this is not particularly
problematic when the purpose is merely
enhanced visualization, the influence can
be dramatic when the resultant models are
used for metrology or simulation purposes.

The paper will focus on techniques specific
to image-based mesh generation and will
also discuss the interface with commercial
FEA and CFD packages (e.g. ANSYS,
Fluent, LS-DYNA, etc). A number of
examples that cover different applications
within and outside the Computational
Biomechanics field will be presented.

Fig 3: a) Binary interpolation; b) Greyscale based
interpolation.

Generation of variable density meshes
Automated mesh generation techniques
can easily generate millions of nodes,
which ultimately lead to larger models to
solve. The number of nodes is directly
linked with the computational complexity of
a problem. Reducing the size of the model
can therefore have a dramatic impact on
the computation time, as well as on the
memory and CPU (Central Processing Unit)
requirements. The authors have developed
a proprietary technique which allows the
setting of different density zones throughout
the model (cf Fig 4), effectively reducing the
overall number of elements required to
capture a given geometry, while allowing to
increase the mesh density around areas of
greater interest if necessary.

Fig 4: Variable mesh density in a femur; denser
mesh in the femur head.

REFERENCES
1. Cebral JR, et al., Int. J .Num. Methods
Eng., 51:985-1008, 2001.
2. Young PG, et al., Phil. Trans. Roy. Soc.
A, 366:3155-3173, 2008
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KINEMATICS OF ELBOW MOVEMENTS WITH UNEXPECTED INERTIAL LOAD ARE IN LINE WITH
PREDICTIONS BASED ON EQUILIBRIUM POINT CONTROL
Ilona Pinter1, Maarten Bobbert1, Arthur van Soest1, Dinant Kistemaker2 and Jeroen Smeets1
1

Research Institute Move, Faculty of Human Movement Sciences, VU University Amsterdam;
2
Motor Control Lab, Dept. Psychology, University of Western Ontario
email: ipinter@fbw.vu.nl,

INTRODUCTION
Among the theories concerning human movement
control, the equilibrium-point control (EP control)
theory is attractive for its small loan on intelligence.
This theory presumes that movement control is
based on specification of trajectories of equilibrium
points (EP). An EP is an equilibrium joint
configuration at which central drive results in
muscle forces that balance the external forces and
to which the system is attracted because of
functional variation of muscle forces to which both
feedback and muscle mechanics may contribute
[1].

force-length-velocity
relationship),
tendon
compliance and muscle spindle feedback. The
modeled EP controller consists of an open-loop
component, specifying the EP trajectory and a
closed-loop component that feeds back the
difference between actual and desired length and
velocity of the contractile element (CE) of the
muscle. More detailed information is given in [1].
The input to the EP controller is a desired
movement represented as a ramp-shaped EPtrajectory. The starting time and duration of the EP
trajectory, as well as the feedback gains for CE
length and CE velocity were determined through
numerical optimization, i.e. were set such that the
sum of squares of the difference between simulated
and measured elbow angle trajectory was
minimized.

Several researchers have rejected EP control
based on observations of arm movements that
were (un)expectedly disturbed with an additional
load [2, 3]. They claim that observed velocity
profiles and EMG patterns do not match
expectations based on EP control theory. An
important shortcoming in these studies is the lack
of an adequate EP model that quantifies the
expected adjustments.
We therefore used a realistic neuromusculokeletal
model with an EP controller as described in [1] to
quantify adaptations concerning, angular trajectory
and peak velocity when a fast horizontal-plane
elbow flexion is perturbed with an unexpected
inertial load. Our model has the advantage that its
parameters can be adjusted to match the inertia,
force and movement trajectory of the participant
that provides the experimental data. Once the
model has been adjusted to the unperturbed
experimental data, an additional inertial load can be
incorporated to simulate an unexpected inertial load
perturbation.

Measurements: A pilot study was done in which
one participant was asked to perform fast elbow
flexions with an amplitude of 55°. Movements were
performed in a situation where the flexion-extension
axis of the elbow was oriented vertically and where
this axis was aligned with the fixed axis of a lowinertia (0.05 kg.m2) manipulandum to which the arm
was tightly strapped. A potentiometer was mounted
in the axis of the manipulandum to measure elbow
angle. Total moment of inertia of the participant’s
lower arm-plus-manipulandum was 0.07 kg⋅m2.
After a practice session of 18 trials, participants
were deprived of visual feedback of the arm
movement. We then recorded a trial with an
unexpected additional inertial load of 0.11 kg⋅m2.
Angular data were low-pass filtered using a
bidirectional 6th order Butterworth filter (cut-off
frequency = 8 Hz) and differentiated to obtain
angular velocity profiles.

METHODS
Model: The neuromusculoskeletal model contains
mathematical descriptions of muscle activation
dynamics, muscle contraction dynamics (like the

RESULTS AND DISCUSSION
As can be seen from Fig. 1 the model fitted the
participant’s unperturbed movement well. (RMS
difference of 0.0278 rad). This finding is in line with
11
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results presented in a previous study [1]. More
interesting is the model simulation for the
unexpected-added-inertia condition. For the first
200 ms after movement initiation, the simulation
results resemble the experimental results (Fig. 1).
After 200 ms a substantial overshoot is observed in
the simulation results, which is not the case for the
experimental data. In our view, however, this late
difference does not disqualify the EP model: at this
stage, adaptations in the control that are based on
detection of the perturbation may well affect the
kinematics.

Figure 1: Comparing fast elbow flexions with normal load
(thin lines) and with an unexpected additional load of 0.11
kg.m2 (thick lines) to model simulations (dashed lines). The
zero in the time-axis was set at movement onset.

The good resemblance within the first 200 ms
between the model simulation and the experimental
data on the unexpected-inertial-load condition is
remarkable since the model was only optimized for
movements without additional load. Since in our
daily life the load is not always known exactly
before movement onset, it is reasonable to assume
that movement control is robust against small
differences in loads. We expect even better
simulation results when feedback gains are
optimized to fit movements made under small
differences in inertial loads. Furthermore we will
aim our research in future experiment at identifying
which elements of EP controller are essential for
the response to the unexpected inertial load.
CONCLUSIONS
Although researchers have suggested otherwise
[2, 3], we can not refute the possibility of
equilibrium-point control based on responses to
unexpected additional inertial load.
12
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SALIENT PROPERTIES OF A COMBINED MINIMUM FATIGUE AND QUADRATIC MUSCLE
RECRUITMENT CRITERION
John Rasmussen1, Mark de Zee1,2, Joachim Dahl3 and Michael Damsgaard3
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Department of Mechanical Engineering, Aalborg University, Denmark
Department of Health Science and Technology, Aalborg University, Denmark
3
AnyBody Technology, Denmark
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INTRODUCTION
A number of independent researchers [1-5]
have demonstrated good musculoskeletal
analysis results with inverse dynamics
models. Muscle recruitment in inverse
dynamics relies on distribution of the forces
between redundant muscles by means of
an optimality criterion. Rasmussen et al [6]
demonstrated that many of the popular
criteria are related, but it is not known
which criterion is the right one. In this paper
we shall investigate the interplay of
mathematical definition and physiological
properties of recruitment algorithms of the
generic form:

nology, 2009, using the AQP optimizer,
which is based on a standard QP interior
point algorithm. Model 1 (Fig. 1) comprises
the human arm and shoulder complex [7]
and turns a horizontal wheel against a
torque at its hub. This model illustrates
many of the typical features of realistic
musculoskeletal models: complexity (146
muscles),
muscle
wrapping,
closed
kinematic chains, changing moment arms,
redundancy
and
three-dimensional
behavior.

Minimize
 f (M )
β + ε ∑  i
i  Ni
Subject to
Cf = r,






2

(1)

f i(M )
≤ β , f i(M ) ≥ 0
Ni

Fig 2: Model 2: A simple
model of a lever arm
elevated against gravity
by two muscles. One of
the muscles changes from
antagonist to protagonist
as the arm passes horizontal.

where f is a vector of internal joint and
muscle (M) forces in the system, C is a
matrix of equation coefficients, r is a vector
of external forces and inertia forces and Nj
is the strength of muscle number i. By
means of the penalty coefficient ε, this form
has the ability to represent minimum fatigue
criteria (ε=0), quadratic-like criteria (ε>>1)
and any combination in between. We shall
use a simple and a complex model to
investigate
how
these
mathematical
definitions influence the physiological
properties of the resulting recruitment
patterns.

The second model (Fig. 2) is a simple, nonphysiological example comprising one lever
arm and only two muscles. Its characteristic
feature is that Muscle 1 always has a
positive moment arm, whereas Muscle 2
initially has a negative moment arm. The
two models are analyzed with two different
settings of ε.

METHODS
Two models are defined in the AnyBody
Modeling system, v. 3.1, AnyBody Tech-

RESULTS AND DISCUSSION
The muscle force pattern of the complex
Model 1, when the muscles are recruited by

Fig 1: Model 1: An armshoulder complex turning
a handle against a torque.
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the minimum fatigue criterion (ε = 0), is
depicted in Fig. 3.
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Fig 6: Intermediate recruitment (ε = 1) in the simple
Model 2.

12.00

Fig 3: Estimated muscle forces in the shoulder-arm
complex for turning the handle 360 degrees (Model 1).
The figure shows how muscles can abruptly shift
activity.

The same settings for Model 1 yield the result of Fig. 7.
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Fig. 3 illustrates how the minimum fatigue
criterion switches muscles in and out
abruptly and faster than they can physiologically manage. The behavior is illustrated
well by Model 2 when analyzed with similar
settings (Fig. 4).
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Fig 7: Analysis of the complex Model 1 with ε = 1.

45%
40%

CONCLUSIONS
Undesirable recruitment attributes as those
of Figs. 3 and 4 are usually explained by
the lack of activation dynamics in inverse
dynamics muscle recruitment algorithms. It
turns out that a quadratic term in the
objective function of Eq. (1) may yield the
same result. The quadratic term has the
physiological effect of reducing the
recruitment of muscles with very small
moment arms and eliminates the need for
modeling activation dynamics when the
movements are relatively slow.
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Fig 4: Pure minimum fatigue (ε = 0) recruitment in the
simple Model 2.

Recruitment with a largely quadratic (ε =
1000) objective function yields a different
result as depicted in Fig. 5. Notice that this
result does not exhibit the non-physiological
instant activation of the second muscle
when its moment arm becomes positive, but
this comes at the cost of higher activation
and thus more fatigue of the first muscle in
the middle of the analysis and higher
activation of the second muscle towards the
end of the motion. A compromise may be
obtained by an intermediate value of ε as
shown in Fig. 6.

The figures show that this can be done by a
very modest increase in fatigue, indicating
that a compromise solution between the
desires to obtain minimum fatigue and
smooth muscle activation may be readily
available.
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INTRODUCTION
Several methods are used to analyze the
accelerations generated by muscles during
movement. The results from hard constraint
methods (Anderson and Pandy, 2001) are
dependent on the constraint(s) applied to
the foot. Integration-based (Neptune et al.,
2001) methods and perturbation analyses
(Liu et al., 2006) used to assess muscle
functions are also affected by the model of
foot-floor contact used to compute the
ground reaction to active muscle forces. In
this study, we explore the effects of contact
constraints on estimates of muscle function
from an induced acceleration analysis.

Acceleration (m/s2)

RESULTS AND DISCUSSION
As a baseline for comparison, the total
system acceleration produced by all forces
(i.e.
muscles,
gravity
and
velocity
dependent forces) as determined by each
of the three methods were verified to
generate virtually the same system
acceleration (Fig. 1). The net accelerations
in the horizontal and vertical directions
during single-limb stance are slightly
negative and reflect the net braking and
lowering of the center-of-mass prior to
double support and contra-lateral push-off.

METHODS
An OpenSim model of gait (Delp et al.
2007) consisting of 23 degrees-of-freedom
and 54 muscles was used to simulate the
single-limb stance phase of human gait.
Muscle excitations from computed muscle
control (Thelen & Anderson, 2006) were
determined by tracking experimental joint
angles during gait as ground reaction forces
(including the free-moment) were applied at
the center-of pressure of the foot.

Perturb
Weld
Ball

Figure 1: Total of all force contributions to horizontal
and vertical center-of-mass (COM) acceleration during
single-limb stance using perturbation (blue), weld (red)
and ball constraint (green) methods.

Perturbation (with linear and torsional
springs) and weld constraint solutions for
muscle contributions to the vertical
acceleration of the center-of-mass (support)
were in agreement but differed when
compared to a ball constraint (Fig. 2). Both
the perturbation method and the weld
constraint indicated that gluteus medius
was the major contributor to support of the
center-of-mass throughout the single
stance phase of gait, with vasti being the
second largest contributor.

Three approaches were used to compute
muscle induced accelerations of the system
center-of-mass during single-limb stance.
First, the perturbation method was
employed with stiff linear and torsional
springs applied at the center-of-pressure to
account for the contact response due to
perturbations in muscle forces. Second, the
hard constraint method was used with a
weld holding the foot in a fixed position and
orientation. Third, the hard constraint
method was used with a point (ball)
constraint applied at the center-of-pressure.
This enabled us to examine the effects of
the contact constraint on muscle induced
accelerations.

In contrast, muscle contributions to support
computed via the ball constraint indicated
the
plantar
flexors,
soleus
and
gastrocnemius, contributed most and
gluteus medius played a lesser role. The
role of vasti in early stance remained
15

relatively unchanged between the weld and
ball constraints. Tibialis anterior presented
a larger downward effect on the
acceleration of the center-of-mass over the
stance phase than estimated from the weld
constraint.

muscles during support from these methods
is correct. These results do indicate that the
weld constraint and the combination of
linear and torsional springs for perturbation
are functionally equivalent constraints.
Similarly, we cannot conclude the results
from the ball hard-constraint approach are
incorrect. Both hard-constraint methods
satisfied superposition; this raises an
important and somewhat neglected point
that superposition is insufficient to indicate
the correctness of an induced-acceleration
analysis. Superposition is a necessary
condition and provides a means of verifying
the implementation of induced acceleration
methods.

Perturb

Acceleration (m/s2)

Weld
b
Ball

We conclude that the contact constraints,
either enforced by stiff springs and dampers
or rigidly constrained, influence how the
system is allowed to accelerate and thus
strongly impact the possible contributions a
muscle can make to the system
acceleration. For understanding muscle
function in pathological gait, this can be
challenging
since
appropriate
(or
inappropriate) constraints may not be
obvious and still satisfy superposition with
the sum matching the actual system
acceleration as was the case with the weld
and ball constraints in this study.

Figure 2: Muscle force contributions to vertical centerof-mass acceleration during single-limb stance from
perturbation (blue), weld (red) and ball constraint
(green) methods.
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Both hard constraint methods were able to
satisfy the superposition condition (i.e., the
sum of individual accelerations equals the
total acceleration), but the perturbation
method had small deviations that we
attribute to velocity contributions that are
not currently captured by the perturbation
method.
CONCLUSIONS
We have shown that muscle function
determined from an induced acceleration
analysis is sensitive to the constraint type
assumed, whether it is explicit (in the case
of hard constraints) or implicit (in the case
of the perturbation method).
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Although perturbation and the weld hardconstraint
methods
produced
similar
muscle induced accelerations, this does not
necessarily mean that the role of individual
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INTRODUCTION
Spine kyphosis is often caused by
compression
fracture
of osteoporotic
vertebra. Additional compression fracture is
concerned at adjoining vertebrae to the
fractured one in the kyphotic spine. In this
study, musculoskeletal simulation model
with
spine
kyphosis
was
created
considering compensation posture due to
kyphosis. Intervertebral joint forces and
muscle forces of the model were computed,
and then influence of the kyphosis was
discussed comparing between kyphosis
and intact model. Furthermore, corresponding finite-element analysis was performed
using muscle forces obtained by the
musculoskeletal analysis, and kyphosis
influence on stress at adjoining vertebrae
was considered.

were modeled by using bar elements. The
muscle forces obtained by musculoskeletal
analysis were given to the finite-element
model of trunk skeleton.

Fig 1: Full-body musculoskeletal model of the
AnyBody modeling system.

METHODS
Musculoskeletal model was developed
using the simulation software the AnyBody
Modeling System (AnyBody Technology Inc.
[1]). Fig.1 shows analysis model developed
based on the AnyBody Standing Model.
Spine of the model has inter-vertebral joints
between nine segments: sacrum, five
lumbar vertebrae, T12, T11 and a lumped
thoracic part over T10. Height of the model
is set as 1.5m and weight is 50kg assuming
a standard Japanese elderly female. The
body weight and abdominal pressure were
considered as external load to the body.
Finite-element model of trunk skeleton
corresponding to the musculoskeletal
model was developed based on THUMS
(Total HUman Model for Safety, Toyota
Technical Development Co.) [2]. Fig.2
shows the finite-element model. Muscles
supporting spine, for example, musculus
psoas major, iliocostalis lumborum, etc

Fig 2: Finite-element model of trunk skeleton
corresponding to the musculoskeletal model.

Assuming the case of compression fracture
at 12th thoracic vertebrae (T12) where was
favorite site of compression fracture caused
by osteoporosis, we enforced to increase
intervertebral joint angle of T11-T12 10 or
20 degree in flexion direction. And then, the
compensation posture of the kyphosis
patient was set to the standing model. In
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the compensation posture, neck, knee, hip
and glenohumeral joints were changed to
make the face naturally turn to the front [3].
Fig.3 shows standing posture of the normal
healthy model and the kyphosis model. In
the finite-element model, shape of T12 was
changed to make the joint angle 10 or 20
degree in flexion as same as the
musculoskeletal model.

is considered that risk of causing the
second compression fracture rises further in
the adjoining vertebra to the first fracturing
vertebra.

(a) Healthy model
(b) Kyphosis model
Fig 4: Display of muscular force value of healthy
model and kyphosis model (20 degree in flexion) in
anterior view. Thickness of muscle line corresponds to
magnitude of muscular force in the figure.

(a) Healthy model
(b) Kyphosis model
Fig 3: Standing posture of the normal healthy model
and kyphosis model. Circles of the kyphosis model
denote neck, glenohumeral, knee and hip joints, which
are changed from the healthy model by compensation.

RESULTS AND DISCUSSION
The trunk muscular forces are shown
graphically in Fig.4 for the normal healthy
model and the kyphosis model. In the figure,
muscular
thickness
corresponds
to
magnitude of muscular force. Fig. 5 shows
force values of muscle bundles of the
healthy model and the kyphosis model. It is
observed that many muscles generate large
force in the healthy model. The trunk
muscular
forces
decrease
as
the
compensation posture for the kyphosis due
to vertebral compression fracture. On the
other hand, force of all vertebral joints was
larger in the kyphosis model than the
healthy model. Fig.6 shows principal
compressive stress distribution in the finiteelement models. Significant increase of
stress is observed around the fracturing
vertebra T12 in anterior side.

Fig 5: Muscular force of healthy model and kyphosis
model (20 degree in flexion). Arrows show muscular
forces related to spine erection with relative large
difference between the healthy and the kyphosis model.

(a) Healthy (b) Minor Kyphosis (c) Kyphosis
Fig 6: Principal compressive stress distribution in spine
of normal, minor kyphosis and kyphosis model (lateral
view).

CONCLUSIONS
Mechanical analysis of spine with kyphosis
due to compression fracture of T12 vertebra
was performed by using musculoskeletal
simulation and finite-element method. In
kyphosis case, major trunk muscle forces
were decrease and vertebral joint forces
were increase. Stress increase especially at
adjoining vertebrae to the fracture. Thus, it
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INTRODUCTION
In the world of biomechanics, wrist joint
models are very scarce. Not because of nonimportance of this human joint, but because it
is a very complex and compact joint system as
compared to other joints.

METHODS
The geometry of the wrist joint was
reconstructed from measurements on images
acquired from an imaging cryomicrotome
system [2]. 3D visualization, detection and
geometric reconstruction were done with help
of dedicated software (Amira 4.1, Mercury
computer Systems, Inc. USA [2].

The general input parameters which are
required for biomechanical models of joints
are: anatomical geometry and mechanical
properties of the model entities. Quantitative
data about both of these input parameters is
very limited.
In the present work we are aiming at
developing a biomechanical model of the wrist
joint, based on a previously developed multibody joint model [1]. For this model, realistic
geometry and mechanical properties of the
model links will be used as derived from
cryomicrotome images, kinematic data of the
carpal bones during wrist motion and literature
data.

Figure 2: 4D-RX imaging, a photograph of a hand
fixated in the handshaker. The system can image the
wrist joint in flexion-extension movement and radioulnar deviation movement.

Cartilage surfaces, ligament insertion areas
and paths were obtained from the
Cryomicrotome images (Figure 1).
Carpal kinematic data was obtained from 4DRX experiments, where a 3D rotational x-ray
system is synchronized with cyclic motion of
the wrist — handshaker (Figure 2, 3) [3].

Figure 1: Geometry visualization and detection, Palmar side
of the wrist, extrinsic ligaments.
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The ligament resting lengths were estimated
using the detected insertion geometry and
acquired kinematic data of the carpal bones.
The cartilage stiffness and ligament stiffness
parameters were derived from literature data.

Figure 3: Radial to ulnar deviation ( from left to right) of the wrist joint, visualization of the carpal bones motion data
from 4D RX experiments .

Sensitivity analyses were performed to
determine the effects of realistic variations of
cartilage and ligament properties.

By using the model simulations from 2- to 5blocks biomechanical wrist models we
studied the role of the extrinsic and intrinsic
ligaments of the wrist. The extrinsic
ligaments primary determine the limits of
motion, where as the intrinsic ligaments act
as links between the carpal bones
throughout the full range of motion.

Based on the acquired data, biomechanical
multi-body models of the wrists were
developed (Figure 4). The models varied from
the simplest 2-body model (radio-carpal joint)
to a more extended 5-body model
(radius/ulna-, scaphoid, triquetrum, scaphoid
and proximal row -Distal row).

DISCUSSION
Simulations of wrist joint mechanics are
aimed at improving the diagnosis and
treatment of wrist joint disorders in the daily
clinical practice.
Realistic geometries of the anatomical
structures from the cryiomicrotome images
and kinematics data of the wrist joint motion
were used for the development of
biomechanical models of the wrist joint.
As our primary interest is the kinematics of
the wrist and not so much the local stresses
and strains, we prefer the multi-body
modelling approach, without the complexity
and required computing power usually
associated with finite-element modeling.
As the future work objectives, the simulation
of the different clinical situations will be
investigated, such as the effects of various
kinds of carpal bone fusion or of ligament
injuries.

Figure 4: Biomechanical multi-body model of the
wrist joint.

RESULTS
With the multi-body models of a wrist the
biomechanical behaviour of the joint as a
system was evaluated. Both forward and
inverse dynamic approaches were used.
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The biomechanical wrist joint model was
used determine the sensitivity of the model
to various model parameters. The geometric
parameters are the primary determinants of
wrist mobility, whereas the stiffness
parameters play a secondary role.
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INTRODUCTION
Musculoskeletal modeling in biomedical
education should synthesize approaches
from modeling in the movement sciences and
orthopedics, in which we apply anatomy,
biomechanics, and simulation [1]. This paper
presents a part of specially prepared
interactive CD-ROM tutorial in biomedical
engineering education incorporated into an
undergraduate biomechanics course, with a
particular
stress
on
musculoskeletal
modeling.

arch were scanned from an X-ray image of
the foot in a sagittal plane and digitized by
using the AutoCAD program (Fig.1).

In order to introduce students to the
capabilities
of
professional
software
simulation package (Working Model (MSC
Software), an interactive CD-ROM course
was developed to promote the application of
computer simulation to musculoskeletal
modeling. The example of problem solving
and simulations, related influence of arch
inserts on internal forces in the foot, will be
presented.

Fig. 1: An X-ray image of the foot.
The ligaments included in this study were the
plantar
calceneonavicular
(PCN),
talonavicular (TN), dorsal cuneonavicular
(DCN), dorsal/plantar 1st tarsometatarsal
(DPTM), and plantar fascia (PF). The joints
represented as the pin joints were the
talocalcaneal (TC), naviculotalar (NT),
cuneonaicular (CN), metatorsocuneiform
(MC), and metatarsophalangeal (MP). The
places and attachments of the joints and
ligaments were created based on anatomical
locations.

METHODS
The arch inserts/ foot orthotics are fabricated
from plaster impressions of the foot to fit the
structure of the arch. How arch inserts
interact with the medial longitudinal arch of a
foot is not clear, however, and the internal
forces in the arch have not been measured.
There is not clarity on the biomechanical
effects of inserts, which could reduce or
increase, and redistribute internal forces.

An external vertical force 711 N was applied
on the top of the talus of the foot model.
Internal forces were calculated for the bare
foot and foot with full and partial arch
supports. The experimental data of arch
height and length changes for a seated
subject placed in a weight-loading apparatus
under constant load, were used to evaluate
the foot model.

The purpose of this study was to evaluate the
influence of arch inserts on internal forces in
the ligaments and bones of the foot using
computer simulation. Working Model 2D
software was used to create a twodimensional foot model. The six bones of the

RESULTS AND DISCUSSION
When an external force was applied to the
foot model, the arch height and length were
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lowered and elongated to
potential deformation (Fig.2).

their

fullest

Fig. 4: Influence of full arch support on
distribution of forces at contact points boneon-bone and in ligaments.
Fig. 2: Distribution of contact forces and in
ligaments in a foot model.

The results demonstrated that the joint
receiving the most increased force shifted
from the cuneonavicular to the naviculotalar
joint. These suggest that the arch undergoes
dramatically abnormal changes which seem
to be directly related to the use of arch
supports. When force is applied to the arch,
the barefoot model changes its orientation to
lower the arch and elongate the arch length.

The results of the simulation revealed that all
internal forces increased in the archsupported condition:
1. partial insert by an average 8.7 % at all
the joints, which are greater than those
of the barefoot condition (naviculotalar
19.9%,
talocalcaneal
12.0%,
cuneonavicular
4.4
%,
metatarsocuneiform
3.9
%,
and
metatarsophalangeal 3.3 %) (Fig.3);

Conversely, when the arch is supported by
the insert, it no longer follows its functions to
change its orientation.
CONCLUSIONS
Simulation results suggest that a barefoot
arch may influence the internal bone-on-bone
contact force changes, while the arch inserts
impeded the natural function of the arch.
The study suggests that arch support/ foot
orthotics might increase and redistribute the
internal contact forces among the joints.
A future study may demonstrate a need for
redesigning of individual arch supports.

Fig.3: Influence of partial arch insert on
distribution of forces at contact points boneon-bone and in ligaments.

Biomedical engineering students need
educational tools that will both nurture their
intuition and develop strong imagination by
advanced
calculation
ability.
The
implementation of professional simulation
software in biomedical education should be
strongly encouraged.

2. full insert by an average 11.6% at all the
joints, which are greater than those of
the barefoot condition (naviculotalar
28.4%, talocalcaneal 15.7%,
cuneonavicular 5.3 %,
metatarsocuneiform 4.6 %, and
metatarsophalangeal 3.8 %) (Fig.4).
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handlebars, and front and rear wheels. The
bodies are connected with frictionless revolute
joints, and the knife-edged tires are constrained
to roll without slip. This model has three degrees
of freedom by virtue of the aforementioned
constraints. Differential equations of motion are
formulated for rear wheel rotation speed, lean
rate, and steer rate. When these equations are
linearized about the upright configuration at a
constant forward speed, three natural modes of
motion result: Caster Mode, which results from a
stabilizing lateral force on the front wheel at any
forward speed; Weave Mode, an oscillation of
lean and steer angles that is unstable at low
speeds and stable at higher speeds; and
Capsize, an exponential growth or decay of lean
angle which is stable at low speeds but unstable
at high speeds.

INTRODUCTION
Human Powered Vehicles are built and raced
with relatively few design restrictions compared
to traditional upright bicycles. As a result, racers
at the World Human Powered Speed Challenge
typically attain top speeds double that of upright
racers. The most popular design for this race is a
recumbent bicycle with a low center of gravity
and a full aerodynamic fairing. This design gives
an optimal balance of biomechanical and
aerodynamic efficiency, but many pilots of HPVs
using vehicles in this configuration have had
difficulty controlling a dynamic instability at or
near top speed.
Road tests of a recumbent bicycle with a low
center of gravity have indicated that the rider’s
pedaling cadence can affect the magnitude of
oscillations of lean and steer angles.
It is
presumed that the oscillatory motion of the rider’s
legs, which comprise a significant fraction of the
total vehicle mass, accelerates the vehicle
laterally. To understand the relationship between
the oscillation of the rider’s legs and the lateral
dynamics of the vehicle, a multi-body dynamic
model [2] was created with the aid of symbolic
manipulation software [3]. This model is used to
compute eigenvalues for the vehicle and to run
simulations with the aid of numerical evaluation
software. Speed and gear ratios are varied to
examine the relationship between pedaling
cadence and the magnitude of oscillations in lean
and steer, as well as the steering torque required
to stabilize them.
Using this information, a
shifting strategy can be formulated for a
recumbent bicycle designed for world record
attempts.

The Whipple model is augmented [2] with five
additional rigid bodies: the cranks, the left thigh,
the right thigh, the left shank with foot, and the
right shank with foot. This model cannot be
linearized because of a lack of a quasi-steady
equilibrium condition. Instead, simulations of the
nonlinear equations of motion are conducted at
various forward speeds and gear ratios. Because
it is necessary to simulate the bicycle at speeds
at which it would be unstable, a linear steering
state feedback controller is designed and
implemented in the model.
Since bicycle lateral dynamics could be excited
by higher harmonics of the pedaling frequency,
the discrete Fourier transforms of the lean and
steer outputs of the simulations are computed.
The relative amplitudes of these component
sinusoids are compared for the various speeds
and gear ratios. The Fourier transform is also
computed for simulation results for a model of the
bicycle incorporating tire sideslip with realistically
compliant tires [4].

METHODS
The preeminent model used in studying bicycle
dynamics is the Whipple model, created by J.F.
Whipple in 1899 [1]. The model specifies four
rigid bodies: a bicycle frame with rider, a fork with
23

the weave mode and the oscillatory mode
associated with tire flexibility, respectively. The
value of these frequency response plots lies not
only in the frequencies shown but in the magnitude
of strongly resonant oscillations in the output
variables caused by inputs at those frequencies. If
the harmonic frequencies of pedaling are indicated
on the Bode plot, as in Fig. 1, we can predict the
magnitudes of oscillations in lean and steer at
those frequencies given the magnitudes of the
Fourier components of the inputs u1 through u4.

Although complete linearization of the equations of
motion of the oscillating-leg model is impossibile,
the full nonlinear equations contain some
linearizable terms, which correspond to the
nonlinear equations of motion of the 4-body bicycle
model. The remaining terms, due to the unsteady
motions of the rider’s legs, can be viewed as inputs
to the linearizable part of the system [2]. The inputs
u1 through u4 are accelerations associated with the
movement of the legs and cranks, and can be
calculated by subtracting the nonlinear equations of
motion of the 4-body model from the full nonlinear
equations of motion of the oscillating-leg model and
solving for the time derivatives of the independent
generalized speeds. Although exact expressions
for u1 through u4 are currently infeasible due to
computational power limitations [3], the frequency
responses (Fig. 1) of the transfer functions
nevertheless illustrate how the bicycle will behave
given oscillatory input accelerations u1 through u4.

CONCLUSIONS
Rigid body models for bicycle dynamics can aid
in understanding effects of oscillating legs.
1. Multi-body simulations at speeds and gear
ratios reveal magnitudes and frequencies of
lean and steer oscillations, and control
torques needed to minimize them.
2. Higher harmonics of pedaling cadence can
resonate with poorly damped weave
frequencies at higher speeds.
3. The intersection of harmonic frequencies of
pedaling cadence with the natural frequency
is most significant at low damping ratios.
4. Controller strength strongly affects closed
loop dynamics and the natural frequency
and damping ratios of various modes,
ultimately determining the amplitudes of
oscillations predicted. Results varied
significantly for three controller strengths.
5. Flexibility of pneumatic tires is crucial in
modeling bicycle response to human leg
motions. Compliant tires with small
cornering coefficients significantly reduce
the weave mode damping ratio at high
speeds, and introduce additional potentially
poorly damped oscillatory tire modes.

RESULTS AND DISCUSSION
At 35 m/s the frequency response (Fig. 1) of the
controlled recumbent with realistic tire stiffness
contains distinct peaks at frequencies of 18.82
rad/s and 52.42 rad/s, the natural frequencies of
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Fig 1: Frequency responses of lean and steer
angles to input variables u1-u4 for the controlled
recumbent bicycle with realistic tire stiffness at a
forward speed of 35 m/s. The 1st, 3rd, and 5th
harmonic frequencies of second and third gears are
indicated on the lower plot.
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INTRODUCTION
Computer simulation models are widely used
to study neuromuscular aspects of human
movement. The models are either muscle
driven or torque driven; in the latter situation
all muscles crossing a joint are combined to
give a single torque generator. Muscle driven
models typically rely on the literature for the
individual muscle parameters making them
difficult to evaluate [1], whilst torque
parameters can easily be measured on an
individual through maximum strength testing
on an isovelocity dynamometer [2]. Despite
the difficulty in evaluating muscle driven
models they have the potential to be very
useful tools in studying human performance,
for example in the estimation of internal
forces.

Switzerland) isovelocity dynamometer. The
protocol comprised isometric contractions
at 6 ankle angles and concentric-eccentric
contractions at 6 velocities spanning 50 –
300°s-1 specifically designed to give
maximum activation [2]. This was repeated
at 6 knee angles spanning maximum
extension to maximum flexion. Knee angle
was measured by handheld goniometer and
the ankle angle was assumed to equal
crank angle.
The dynamometer data was sampled at
512 Hz and low pass filtered at 8 Hz using
a fourth order zero lag Butterworth filter.
Maximum torque in each isometric trial was
determined. The isovelocity data in each
dynamic trial was fitted using quintic splines
[3] from which the concentric and eccentric
contractions with highest peak torques were
selected. By this method, a 3D array of
plantarflexion torque–angle-angular velocity
data was obtained for each of the 6 knee
angles and this provided the input to the
muscle parameter optimisation process.

In principle it should be possible to extend the
experimental approach used to determine
subject-specific torque parameters, to
individual muscles. The main ankle
plantarflexors are the mono-articular soleus
and bi-articular gastrocnemius.
As knee
angle is varied the ability of the
gastrocnemius to generate plantarflexion
torque also varies, while the ability of the
soleus to generate plantarflexion torque
remains constant. This study aims to confirm
the methodology by which subject-specific
individual muscle parameters for the ankle
plantarflexors can be obtained from
maximum torque measurements at a single
joint.

A planar three rigid segment model of
plantarflexion
was
developed
in
SimMechanics.
Two
muscles,
the
gastrocnemius and soleus, were assumed
to contribute to plantarflexion torque with
the gastrocnemius also crossing the knee
joint. A Hill-type muscle model consisting of
contractile and series elastic elements
described muscle behaviour. Maximum
voluntary muscle force was given by the
product of force–length [4] and force–
velocity [2] relationships. Total plantaflexion
(TPF) were calculated as the sum of
gastrocnemius and soleus torques. Initial
estimates for muscle parameters were

METHODS
One male athletic subject (age, 36; height,
1.78 m; mass, 91 kg) gave written informed
consent. Maximum voluntary plantarflexions
were performed on a Con-trex (CMV AG,
25

matching a simulation model net joint
torques with experimental single joint
torque measurements. It has also been
shown that valid parameter values can be
achieved using experimental measurements
from only 2 knee angles.

obtained by scaling literature values based
on subject mass and height. Seven
parameter per muscle were determined by
minimising a weighted root mean square
difference (wRMSD) between the model
output and experimental torques using a
genetic algorithm.
The large number of trials involved in the
experimental protocol (72 + 2 repeats),
meant that fatigue could threaten the
validity of this methodology. Therefore
optimisations were run not only using the
experimental data from all 6 knee angles,
but also from just 1 and 2 knee angles. In
each case the wRMSD was evaluated over
all 6 knee angles for a direct comparison
with the original optimisation, and for both
the included and excluded knee angles
which allowed the validity of the muscle
parameters obtained to be assessed.
RESULTS AND DISCUSSION
For all optimisations the muscle parameter
values fell within the range reported in the
literature, and the trend in gastrocnemius
torque contribution across knee angles was
in agreement with previous studies (Figure 1;
[5]). This provides support for the proposed
methodology as a means of determining
subject-specific
individual
muscle
parameters.

Fig 1: Maximum plantarflexion torque–velocity
(at optimum angle) and isometric torque–angle
for knee angles of (a) 168°, (b) 125°, (c) 45°.
The graphs illustrate the model predictions of
total plantarflexion torque (thick solid line) and
individual contributions of the soleus (thin solid
line) and gastrocnemius (thin dashed line) and
the corresponding experimental data (open
circles). The model predictions are based on
the muscle parameters obtained using the
data from all six knee angles.

The 6 angles wRMSD was 15 Nm
(corresponding to 7.7% of maximum
isometric torque) for the optimisations using
the experimental data from either 2 or 6 knee
angles. When using only the experimental
data from 1 knee angle this wRMSD
increased to 44 Nm indicating that more than
a single knee angle is required.
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The muscle parameters obtained using 2
knee angles gave wRMSD values which were
very similar between the 2 included and 4
excluded knee angles (18 Nm and 14 Nm
respectively) confirming the validity of the
parameter values obtained. Thus it appears
that only 2 knee angles are required to obtain
subject-specific individual muscle parameters
making this methodology a realistic
alternative to relying on the literature.
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CONCLUSIONS
This study has shown that subject-specific
individual muscle parameters for the ankle
plantarflexors can be determined by
26

XII International Symposium on Computer Simulation in Biomechanics
July 2nd - 4th 2009, Cape Town, South Africa

VALIDATION OF A DETAILED LOWER EXTREMITY MODEL BASED ON THE KLEIN
HORSMAN DATA SET
Michael S. Andersen1, Mark de Zee1,2*, Sebastian Dendorfer3, Bruce MacWilliams4 and John
Rasmussen1
1

2

Department of Mechanical Engineering, Aalborg University, Denmark
Department of Health Science and Technology, Aalborg University, Denmark
3
AnyBody Technology A/S, Denmark
4
Shriners Hospitals for Children, Salt Lake City, USA
*E-mail: mdz@hst.aau.dk, Web: www.smi.hst.aau.dk/~mdz

INTRODUCTION
Klein Horsman et al. [1] presented a
consistent morphological data set of the
lower extremity obtained from a single
cadaver, which is very useful for creating
musculoskeletal models. In addition,
Andersen et al. [2,3] has developed a
computational procedure to create a
subject-specific model by means of
morphing the cadaver model, using scaling
laws, and determine the position of markers
on the model to best-fit measured marker
trajectories over a dynamic trial. It will be
interesting if the generic model based on
the Klein Horsman data set can be used for
simulation of adult and pediatric gait.
Therefore,
we
aim
to
validate
a
musculoskeletal model of the lower
extremity for normal gait of an adult and a
child by comparing the predicted muscle
activities with EMG measurements.

laws were defined for the segment lengths,
muscle strengths and fiber lengths. The
segment lengths are scaled uniformly in all
directions. This scaling law affects all
muscle attachment points, the size of
wrapping
surfaces
and
the
local
coordinates of the joint centers. The
strength scaling of all muscles is based on
the estimated mass of each segment, and
the scaling of fiber lengths is calculated as
the ratio of segment lengths between the
subject and cadaver.

Fig 1: The lower
extremity model
based on the
Klein Horsman
data set.

METHODS
Based on the morphological data set by
Klein Horsman et al. [1], a lower extremity
musculoskeletal model was constructed in
the AnyBody Modeling System ver. 3.1 [4].
The model consists of pelvis, the left and
right thigh, shank, talus and feet. The hips
are modeled as spherical joints, and the
knees, ankles and subtalar connections as
revolute joints. All major muscles in the
lower extremities are included in the model
and divided into 163 individual fascicles in
each leg, and the muscle strengths are
predicted using a Hill model. An illustration
can be seen in figure 1.

The motion of the model, segment scaling
and local marker coordinates are calculated
from the measured marker trajectories [2,3]
and the muscle recruitment problem was
solved using the min-max criterion with a
quadratic penalty [5].
Normal gait models were constructed for a
healthy adult (176 cm, 71kg) and a healthy
child (135 cm, 32 kg) based on motion
capture
experiments
performed
at
Movement Analysis Laboratory, Shriners
Hospital for Children, Salt Lake City, USA.

In order to scale the model to the size of a
given motion capture test subject, scaling
27

absolute values were quite low for the
rectus femoris in the child during gait.

The subjects were instrumented with
reflective markers and EMG electrodes.
During the walking trial, the motion of the
markers was sampled at 100 Hz and the
EMG signals and the ground reactions were
sampled at 1000 Hz using a Vicon motion
capture system (Vicon, Centennial, CO,
USA).
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RESULTS AND DISCUSSION
The estimated muscle activities were
validated against the corresponding EMG
envelope. Overall, the calculated muscle
activities
and
the
measured
EMG
envelopes show good correspondence for
both the adult and the child subject. A
general observation was that the model has
some difficulties predicting low background
EMG i.e. the model predicted no activity
while there still was a low activity in the
muscle. In general, it is relative easy to find
good correspondence for monoarticular
muscles, which was also the case for our
adult and child subjects. The biarticular
muscles are more difficult. Figure 2 shows
a good prediction for the biarticular
semitendinosus for the adult subject.
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Fig 3: The normalized estimated muscle activity
plotted together with the EMG envelope for the right
rectus femoris for the child subject. The rectus femoris
was modeled into two segments.

CONCLUSIONS
Both the adult and child model accurately
predict the activity for most muscles during
gait. Care has to be taken when scaling
down from adult size to a child, but the
overall results are promising. The model is
less good in predicting low background
EMG. However, in these phases, the
muscle forces are low and the influence on
the predicted joint forces is therefore
limited.
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Fig 2: The normalized estimated muscle activity
plotted together with the EMG envelope for the right
semitendinosus for the adult subject.

The most challenging muscle was the
rectus femoris in the child. Figure 3 shows
the results for the rectus femoris for the
child subject. Here, the predictions show
two bursts, while the EMG measurement
shows activity through the whole gait cycle.
A possible explanation might be that the
model was scaled down from a model
based on an adult cadaver to a child model.
Also, care has to be taken to interpret the
normalized EMG envelope because the

ACKNOWLEDGEMENTS
The
Danish
Research
Council
for
Technology and Production Sciences
supported this study.

28

XII International Symposium on Computer Simulation in Biomechanics
July 2nd - 4th 2009, Cape Town, South Africa

VALIDATION OF NUMERICAL MODELS OF DRIVER–AIRBAG INTERACTION
IN OUT-OF-POSITION CONFIGURATION
Tomasz Dziewonski, Krzysztof Kedzior, Janusz Piechna and Cezary Rzymkowski
Institute of Aeronautics and Applied Mechanics, Warsaw University of Technology, Poland
Email: czarek@meil.pw.edu.pl or: tomekn@meil.pw.edu.pl
INTRODUCTION
For several recent years as a standard most of
cars are equipped with gas filled bags commonly
known as airbags. Together with safety belts they
protect a driver against an impact in case of
crash. In the case of proper driver–steering
wheel configuration (Fig.1b—In Position, IP) the
airbag being filled completely before it contacts
with a driver’s body is fully capable of performing
its safety function. In the case of improper driver–
steering wheel configuration (Fig.1a—Out of
Position, OOP) a driver’s body bended towards
the steering wheel is pushed backwards in the
course of the airbag filling. In such a case instead
of being a shock absorber the airbag acts as a
shock amplifier as a result of which the collision
consequences might be more serious than with
no airbag. Therefore the problem of designing
airbags that remain safe in any configuration still
needs thorough consideration.

configuration is much higher. A FEM model of the
airbag has been developed (Fig. 2) [1].

a)

b)

Fig 2: FEM model of the folded airbag: a) general view,
b) cross-section ofthe airbag container.

The gas filling process was modeled using 3
numerical models available in the MADYMO [2]
software package: UP—Uniform Pressure,
UP+JET
and
CFD—Computational
Fluid
Dynamics (Fig. 3).
In the UP (without JET) model the pressure
inside the airbag increases uniformly in the
course of filling — remaining constant at the
same instant over the whole airbag. In our
opinion the model is oversimplified and has not
been considered in the research. In the model
UP+JET it is assumed that some additional gas
jet enters the airbag and its effect upon the
airbag inside surface is considered. In the CFD
model the pressure is calculated at every point of
the airbag inside using the Euler equations. That
model approximates most exactly the real
process,
being
however
computer
time
consuming.

Fig 1: Configurations: a) Out of Position (OOP), b) In Position
(IP).

The research presented has aimed at validation
of available numerical models of airbags
i.e. finding whether those models are reliable
enough especially in the OOP configuration.
METHODS
A small (class A) car airbag was chosen as a
case study since in such a car there is little room
in a cab, so the probability of the OOP
29

models). However from a more detailed analysis
it results that despite different time courses, the
amount of energy transfer from the airbag to the
driver’s body (dummy) are very close both in
experiments and simulations. On the other hand,
the values of important indicator called Head
Injury Criterion (HIC) [3] calculated from
experimental data differ significantly from those
computed. However, in all considered cases
(experiments and simulations) the HIC values
were well below the tolerance level.

Fig 3: Models of the gas filling process:
a) Uniform Pressure (UP),
b) Uniform Pressure + Jet effect (UP+JET),
c) Computational Fluid Dynamics (CFD).

The experimental investigations were carried out
in the TNO Automotive laboratory in Delft (The
Netherlands). The following two dummies from
Hybrid–III family were used in experiments: 50percentile male (H350M) and 5-percentile female
(H305F).
RESULTS AND DISCUSSION

Fig 5: Comparisson between the courses of head mass center
accelerations obtained from experiment and simulations,
respectively, for the H305F dummy.

CONCLUSIONS
The numerical models of airbags currently
applied for simulation studies do not predict well
enough the driver-airbag interaction in the OOP
configuration.
It should be emphasized that the results
presented above were obtained under “static
conditions”, i.e. not–moving–like a car. In the
course of real crash accelerations and other
effects due to the impact combine with the airbag
action. One should consider that influence.
REFERENCES
1. Dziewonski T., Effectiveness of frontal driver
airbag system in small cars, Ph.D. Thesis,
Warsaw University of Technology, Warsaw,
Poland, 2008. (in Polish)
2. MADYMO Manuals, ver. 6.2, TNO Automotive,
Delft, The Netherlands, 2004.
3. Crash Analysis Criteria Description, version
1.6.2, Workgroup Data Processing Vehicle
Safety in cooperation with the Task Force ISO
TS 13499 (ISO-MME), April 2005.

Fig 4: Comparisson between the results of experiment and
simulation (5-percentile female): a) configuration at the
instant t=0, b) hardware crash-test at t=19.2 ms, c) UP+JET
model at t=19.2 ms and d) CFD model at t=19.2 ms.

It has turned out that in the IP configuration all
the models (UP, UP+JET and CFD) yield the
results close enough to the experiment. However
the results do not agree in the OOP configuration
(Fig. 5).
The course of center of head mass acceleration
resulting from experiment differs considerably
from those obtained from simulations (all
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INTRODUCTION
The Living Human Project is a long-term
initiative that aims to develop the complete
physiome of the musculoskeletal system. A
fundamental step in this direction is being
achieved with the Living Human Digital
Library (LHDL) project, an international
research project
co-funded by the
European Commission. The goal of LHDL
is to develop an Information and
Communication
Technology
(ICT)
infrastructure for the collection, fusion,
management and sharing of large amounts
of experimental and modeling data on the
musculoskeletal system. The work done in
this project and the results are shared with
the rest of the biomedical research
community and will be presented at the
Symposium.

service has been implemented that
capitalizes on the domain ontology and on
the enrichment of meta-data for each
resource providing a powerful search and
discovery environment. Once the user has
found the data resources he/she is
interested in, he/she can add them to
his/her basket. When all the necessary
resources have been selected, the user can
download the basket content from the client
application. The digital library service is
now opened to the biomedical research
community.
MAF and LhpBuilder
A software application framework called the
Multimod Application Framework (MAF,
www.openmaf.org) has been developed.
MAF specifically aims at providing a
supportive environment for the rapid
development of computer aided medicine
applications. MAF is currently being
developed through the OpenMAF Open
Source collaborative development initiative.
LhpBuilder (Fig. 1, bottom) is a software
tool built from the MAF library. It allows
importing, fusing, and storing within the
digital library, almost any type of biomedical
data, including medical images in DICOM
format, gait analysis data, finite element
analysis results, etc.

METHODS
The LHDL digital library services
The LHDL project developed a collection of
Internet services and software applications
to allow the research community involved
with the biomechanical modeling of the
musculoskeletal
system
to
work
collaboratively by sharing datasets, models
and any other data resource that may be
useful. To achieve this goal a series of
services have been implemented and
deployed. The digital library is managed
using a client–server approach. The client
application is used to import, fuse, enrich
the data information according the domain
ontology, and upload/download the data to
the library. The server services are hosted
on www.PhysiomeSpace.com community
portal (Fig. 1, top), where through a web
interface the user can complete the
metadata curation, and share and/or
publish the data resources.
A search

Multiscale data collection
The above-mentioned technological tools
have been implemented and tested using
data collected during the project life.
Modeling of musculoskeletal system (MSS)
is still a challenging research topic because
of the numerous inhomogeneous data
required to obtain models accurate enough
to draw relevant conclusions. The LHDL
research concentrated on the development
31

muscle and joint forces acting on the
patient’s skeleton during gait.

of a integrated protocol allowing the data
collection of a maximum of morphological
parameters relevant to multiscale MSS.
Experimental
validation
has
been
performed at all steps of the data collection.
Body level. In-vitro whole-body CT scan
and whole-body MRI have been performed.
From that imaging data 3D models of bones
and muscles were obtained, next to bone
material properties and muscle line of
actions. In-vivo conventional full motion
analysis was performed on the volunteers
(whole body movement data, ground
reaction forces, muscle activity).
Organ level (in-vitro). Extensive dissection
of the specimen allowed digitizing muscle
parameters (pennation angles, origin &
insertion location, tendon-muscle fiber ratio,
etc) and to obtain morphology data (muscle
mass & volume). Bone properties were also
processed (whole bone stiffness, strain
distribution,
bone
strength).
Joint
kinematics was obtained using conventional
stereophotogrammetry.
Tissue level (in-vitro). Bone properties was
further processed at tissue level by
performing microCT of cancellous bone and
by studying the mechanical properties of
both cortical and cancellous bones.
Sub-tissue level (in-vitro). Further bone
parameters was obtained to quantify bone
sub-tissue level structure at (ash density,
non-collagen
protein
content,
microhardness, chemical composition).
Cell level (in-vitro). Muscle sarcomer length
was obtained using a laser diffraction
technique.

Fig 1: Top: the PhysiomeSpace. Bottom: the
LhpBuilder application.

RESULTS AND DISCUSSION
The LHDL workplan was organized as a
fully-integrated research project. This
approach allowed the development of ICT
tools that fits the needs emerging from the
musculoskeletal modeling field such as
data
processing,
modeling,
data
representation, model storage and result
sharing. Although the creation of the final
MSS models is still running the authors are
confident that the availability of fully
validated data obtained from one specimen
will ensure a more accurate modeling. This
does not solve the problem of anatomical
variations. Therefore this work should be
repeated to obtain a normality database.

Multiscale data modeling
Part of the above LHDL technological
infrastructure was developed to process the
data collected during the project and create
multiscale models of the MSS. Using the
technologies developed during the project,
and implemented in LhpBuilder, data
coming from different sources were fused to
build and validate a subject-specific
musculoskeletal model for the prediction of
the in-vivo bone fracture risk. The
anatomical accuracy of the derived
musculoskeletal model was checked
against
experimental
measurements
coming from dissection that were spatially
registered with the medical imaging data.
Gait analysis data, registered with the
skeletal model, allowed the prediction of
skeletal kinematics that was used to predict

CONCLUSIONS
The ICT tools developed during the project
should be of high value to allow
researchers in our community to share their
data, models and software code.
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handle, all joints were formed by consecutive
revolute joints whose rotation axes were mutually
perpendicular to each other. In order to simulate
pronation/supination movement of the forearm
more accurately, the rotation axis used for
radioulnar joint movement was tilted by passing
through the centre of the radial head and the
centre of the distal end of the ulna.

INTRODUCTION
The majority of research on tennis has focused
on modeling the tennis racket, ball-racket impacts
and measurement of stroke kinematics. Studies
simulating tennis strokes are generally scarce.
Among these studies, Nesbit et al. [1] and Glynn
et al. [2] developed simulation models for
forehand and backhand strokes, respectively.
Both models were used to investigate the effects
of
different
variables
on
the
stroke
kinematics/kinetics. However, since these models
were angle-driven, they could not accurately
simulate situations for which they lacked motion
data. Therefore, in order to simulate the tennis
strokes more realistically and to obtain reliable
results while perturbing several model variables,
a forward dynamics simulation model is needed.

A geometric inertia model
[3] was used to calculate
the
body
segmental
inertia parameters. The
MSC.ADAMS
software
was used to calculate
inertia parameters of the
humerus, ulna and radius
using the geometry of the
Fig 1 9-segment
bones obtained from MRI
computer simulation
and bone densities based
model
upon the literature [4].
The parameters for the
tennis racket, stringbed and ball were taken from
a previous study in which the same type of racket
was used [2].

The aim of this study was to develop a subjectspecific, torque-driven computer simulation model
of one-handed tennis backhand groundstrokes
and to investigate the effect of several variables
of the equipment and the player on the wrist and
elbow loadings.
METHODS
A subject-specific, torque-driven, 3D computer
simulation model for one-handed tennis
backhand groundstrokes with 9 segments (torso,
humerus, ulna, radius, hand, racket handle,
racket head and upper arm and forearm wobbling
masses) was developed in MSC.ADAMS (Fig. 1).
The stringbed was represented by nine point
masses connected to each other and the racket
frame with 24 elastic springs [2]. The ball-racket
impact was modeled as a normal force and a
frictional force at the location of any of the point
masses on the stringbed [2]. There were twelve
rotational degrees of freedom: three at the
shoulder, two at the elbow, two at the wrist, three
at the grip and two between the racket handle
and the racket head. Except the ball and the
socket joint connecting the hand and the racket

Seven pairs of torque generators were used to
control the movement of the arm via activation
profiles in the model. Three pairs of equal and
opposite torques between the hand and the
racket handle were used to represent the gripping
torque around the principal axes of the tennis
racket.
The simulation model was evaluated by
comparing performance and simulation results. A
22 year old elite tennis player performed onehanded backhand topspin strokes and a Vicon
624 system with twelve M2 strobe cameras
operating at 250 Hz was used to record the
performances. To determine the subject-specific
torque parameters maximum net torques around
the shoulder, elbow and wrist joint of the tennis
33

player were measured
dynamometer.

using

an

(MOI) of the racket was doubled as well as the
mass, the wrist extensor torque decreased by up
to 27%. When only the MOI of the racket around
the longitudinal axis was doubled, the decrease
in the wrist extensor torque was 16% but no
substantial change in the joint forces were
observed.

isokinetic

The simulation model was matched to a typical
performance to minimize the difference between
simulation and performance. The simulated
annealing algorithm [5] was used to vary the
activation parameters to find the best match. To
consider the effects of the grip conditions which
become more important for strokes having offcentre ball-racket impact locations, a backhand
performance with an off-centre ball-impact
location was also used during matching process
for comparison. Once a good match was found,
the model variables in question were perturbed
using single simulations with fixed activation
profiles and the effect on the loading at the wrist
and elbow were observed along with the changes
in kinematics.

Flexion

wrist flexor/extensor torque
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far bottom
corner

torque (Nm)

6
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2
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Fig 2 Wrist flexion/extension torque for different impact
locations

RESULTS AND DISCUSSION
The overall RMS differences between simulation
and performance in terms of joint angles and
racket orientation for 50 ms period before and
after impact were calculated as 0.4° and 3.3°,
respectively. The overall deviation of the joint
angles and the racket orientation at impact was
0.7°.

In contrast, the racket frame flexibility and soft
tissue movement in the arm had negligible
influence on the wrist and elbow.
CONCLUSIONS
The torque-driven subject-specific simulation
model for a one-handed backhand stroke
developed in this study has been evaluated
successfully and used to investigate the effects of
several variables on the kinetics and kinematics
of the wrist and elbow. This study suggests that
the off-centre impacts at the lower part of the
racket may be a substantial contributing factor for
‘tennis elbow’ due to high torques obtained in the
wrist extensors. In the future, the model can be
used for further investigations on the technique of
the backhand stroke.

Perturbing the ball-racket impact location had a
substantial effect on the wrist, elbow and racket
kinematics. The racket rotated about 30° more in
each direction around its longitudinal axis
depending on the impact location at the upper or
lower part of the racket. When the impact was on
the lower part of the racket the wrist flexed and
elbow supinated approximately 16° and 20°
more, respectively compared with a centre
impact. For an impact at the upper part of the
racket, the wrist extended and elbow pronated
approximately 10° and 12° more, respectively.
The wrist and elbow joint forces increased by up
to 28% for an impact on the longitudinal axis of
the racket near the tip. The major effect of the
impact location was observed on the wrist
flexion/extension torque. An impact at the upper
part of the racket caused seven times more flexor
torque whereas an impact at the lower part
caused a six times more extensor torque in
magnitude due to eccentric loading (Fig. 2).
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When the mass of the racket was doubled the
wrist flexor torque increased for a centre impact
but for an off-centre impact the wrist extensor
torque and wrist and elbow joint forces decresed
by up to 8%. In addition, if the moment of inertia
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INTRODUCTION
The arms have been hypothesized to serve
numerous roles during human locomotion,
including maintaining balance [1], reducing the
torque between the upper and lower body [2],
providing lateral stability [3], reducing the vertical
ground reaction moment [4], and helping to
regulate total body angular momentum [5].
However, most dynamic simulations of running
do not include arms and thus cannot examine
these issues. The purpose of this study was to
examine how modeling the arms affects the
accuracy of forward dynamic simulations of
running and to determine how including arm
dynamics affects the moments generated by
torso and lower extremity muscles.
Figure 1: Two simulations of the same running data:
a model without arms and a model with arms.

METHODS
Two simulations were created that tracked the
kinamatics of an adult male subject running at
3.9
m/s
on
an
instrumented
treadmill
(Figure 1). For the first simulation (without
arms), the subject was represented by a 21
degree-of-freedom musculoskeletal model driven
by 92 musculotendon actuators [6]. The head,
arms, and trunk (HAT) were represented as a
single rigid segment. For the second simulation
(with arms), the HAT segment was modified to
include arms, each with 5 degrees-of-freedom,
driven by torque actuators [7].

inconsistencies due to experimental errors and
modeling assumptions [10]. A residual reduction
algorithm (RRA) [8], which slightly adjusts
kinematics and model mass properties, was used
on both models to improve dynamic consistency
of the forward simulations.
To determine how including arm dynamics affects
the moments generated by torso and lower
extremity muscles, the root-mean-square (RMS)
difference in muscle generated joint moments
about each degree-of-freedom in the back and
lower extremity was computed over a running gait
cycle.

OpenSim [8] was used to derive muscle
excitation patterns and upper extremity joint
moments (for the model with arms) needed to
drive the model to track the experimentally
measured kinematics. The muscle excitation
patterns of the simulation were compared to
experimentally measured EMG data [9].

RESULTS AND DISCUSSION
Applying RRA to the model without arms
substantially reduced the peak residual forces,
including a reduction of the vertical force (Fy) by
½-body weight, and reductions in frontal (Mx) and
sagittal (Mz) residual moments by 50% (not
shown). Applying RRA to the model with arms
further reduced the peak residual forces,
especially the vertical force (Fy), and further
reduced the sagittal residual (Mz) by another 50%
(Figure 2).

To examine how including arms affects the
dynamic accuracy of the simulations, the residual
force and moment of each simulation were
compared throughout the gait cycle. Residuals,
applied to the pelvis segment, resolve dynamic
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Figure 3: RMS difference between the joint torques
in a model without arms and with arms.

Figure 2: Residual moments and forces without
arms (blue) and with arms (green) during the
running gait cycle.

The models with and without arms were used to
create muscle-driven simulations using the same
data. It should be noted, that the model without
arms was unable to generate the large moments
required to track the experimentally measured
accelerations, and required additional nonmuscular moments to be applied at the back and
hip.

The largest RMS difference in muscle generated
joint moments between the two simulations
occurred for lumbar rotation (Figure 3). In the
simulation with arms, the angular momentum
between the arms and the legs tended to counter
balance each other throughout the gait cycle [2].
The peak vertical angular momentum (about the
y-axis) of the arms was about twice that of the
angular momentum in the other planes, and
almost equal to the magnitude of the peak
vertical angular momentum of the legs. Without
including arms in the simulation, the vertical
angular momentum of the upper body is
significantly
decreased,
which
may
be
compensated for by larger lumbar rotation
moments.
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The second largest RMS difference in joint torque
occurred for hip adduction (Figure 3). A study by
Ortega et al. suggests that arm swing plays a roll
to lateral stability [3]. The greatest differences for
hip adduction occurred during stance of the
corresponding limb, when lateral stability of the
trunk is most needed.
CONCLUSIONS
Using a three-dimensional simulation of the running
gait cycle, we have shown that modeling arm
motion helps reduced residual forces and
moments, and can significantly affect joint moments
generated by muscles at the back and hip.
Therefore, capturing and modeling arm motion in
analyses of the trunk, hip, or whole-body motion
during running or fast walking may be important for
accurate results.
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INTRODUCTION
This work has been inspired by information
related to suggestions of a new solution of
protection a small, several-month old baby
transported in a passenger car in a lying position
(“Anecia Safety Capsule”) that was presented by
Janusz Liberkowski for the “American Inventor
2006” Competition arranged by the American
ABC Television [1].
That idea for which the Author was granted with
the main reward, related to the special
construction of the child restraint system in the
form of spherical capsule that, at the very
moment of collision, changes its position subject
to the direction of occurring decelerations so as
to make the loads transferred onto the baby’s
body be as little as only possible. The
construction was reported to the Patent Office
(US and international) [2].
The Authors of this work have decided to study
theoretical possibilities to find a similar solution
for older children transported in a sitting position
in the child seat fixed on the passenger car back
seats the construction of which might allow
rotations of the child together with its seat in
relation to the back seat of the car, in a big
extent.

movement of the seat together with a child in
relation to the back seat of the car (Fig. 1).

Fig. 1: A model of a seat with a child used in the
simulating tests.

The simulations have been carried out for the
scenario respective for the head-on collisions
characteristic for the typical passenger cars, with
a stiff obstacle and at the speed of about
50 km/h.
The following parameters affecting the degree of
a child protection have been selected: a pivoting
point position against the child’s resultant center
of mass along with a movable part of the seat,
value of breaking moment at the joint as well as
maximal permissible angle of rotation, which
when exceeded, the child’s seat finds a bumper
that stops further movement.
For the evaluation of potential benefits – the
extent of reduction of the risk to be hurt in
relation to the seat fixed in the way applied
currently in the typical solutions of child restraint
systems – there has been defined a special
synthetic index of injury risk Snr in the form of the
sum of chosen normalized biomechanical “injury
criteria”: head – HIC15, neck – FNICtension(±),
FNICshear(±), FNICbending(±), NTE, NTF, NCE,
NCF and chest – CUM_T3ms [3, 5].
The values of particular injury criteria have been
normalized in relation to the values assumed as
boundary ones for a 3-year-old child. There have

METHODS
A computer simulation has been chosen as the
study method with the use of MADYMO system
[3] – a software generally used for examination of
passive safety systems in cars.
As a model of the child, there was used an
“ellipsoid” model of the Hybrid III 3-year-old Child
Dummy, available in MADYMO system base.
Real child restraint systems available on the
market have served as a starting point for the
seat model elaboration, upon use of the “facet
surface” elements [3]. The model of the child seat
has been supplemented with a respective frame
indispensable for realization of a rotational
37

“nominal” value for further studies. It may be of a
practical importance in case of realization of the
suggested solution when there appear problems
with maintenance of the assumed moment of
friction.

been literature data to establish those boundary
values [for example 3, 4, 5].
RESULTS AND DISCUSSION
A list of important study results has been
presented on the diagrams 2 and 3.

CONCLUSIONS
The preliminary results obtained do indicate the
potential of significant reduction of injury risk for a
little child traveling in its chair fixed on the back
seat of a car at the time of road accident thanks
to application of the suggested solution, with a
chair mounted in a rotary way.
It is necessary to do the following in order to
obtain practical results:
• to carry out experimental (“sled-test”-type)
tests with a dummy child on a chair blocked
and use the registered results to validate a
computer model.
• to carry out more precise simulation tests
covering, among others, the analysis of
sensitiveness of the child displacement in the
course of driving in relation to the nominal
position and natural differences of the weight
of children transported in a child seat of a
given type on the effectiveness of the solution
proposed.
Further, it is necessary to work out constructional
solutions (the proposed system must be fixable in
typical passenger cars with no substantial
modifications of back seats) and to carry out
experimental series once more in order to finally
test the efficiency of the proposed idea.

Fig. 2: Comparison of the normalized injury indices for the
rotary chair and the one fixed in a classic way.
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Fig. 3: Optimum position of the chair mounting point for
the breaking moment of 100 Nm (OPT, Snr = 4.36).
A resultant center of gravity for a child and movable part of
the seat (COG) has been marked there by *.

The actual area of admissible joint positions is
less than the one presented on the figure 3 when
an additional condition is considered in order to
make none of the injury criteria exceed the critical
value. The results presented on the diagrams 2
and 3 have been obtained for breaking moment
of 100 Nm value. The quality index Snr is very
little sensitive to the change of breaking moment
within the range of ±33% of 100 Nm chosen as
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INTRODUCTION
Forward dynamical simulations provide a
theoretical
framework
for
assessing
musculoskeletal variables that are often not
feasible
or
even
possible
to
measure
experimentally. However, because these variables
cannot be easily quantified, testing the validity of
the results from forward dynamical simulations
remains an important challenge when using these
techniques. In a series of recent studies, we
combined experimental perturbation analyses [1]
and forward dynamical simulations [2] to examine
the functional roles of individual plantarflexor
muscles during walking and how these roles are
modulated in response to changes in mechanical
demand. The combination of these research
techniques allowed for validation of the simulations
in two ways. First, the perturbation analysis
enabled us to experimentally test hypotheses
regarding muscle function derived from previous
simulations of normal walking [3]. Specifically, we
tested the hypothesis that both the gastrocnemius
(GAS) and soleus (SOL) provide body support, but
that SOL is the primary contributor to forward
propulsion. Second, by developing models of the
experimental conditions, we were able to compare
the responses of the simulations with those of the
experimental subjects. For example, to examine
whether the simulations responded to the
perturbations in the same manner as the human
subjects, we compared the relative changes in the
simulated muscle controls (excitation) to the
relative changes in EMG. Below, we describe these
validations in detail.

Forward dynamical simulations of the experimental
conditions were developed using a previously
described 2-D bipedal musculoskeletal model [e.g.,
2,3] using SIMM (MusculoGraphics, Inc.). The
model consisted of rigid segments representing the
trunk and two legs, with 13 total degrees of
freedom and 26 Hill-type musculotendon actuators
per leg. Ground contact was modeled using
viscoelastic elements attached to the bottom of
each foot. The equations of motion for the model
were generated using SD/FAST (PTC). Muscle
excitations were defined by block patterns with
multiple nodes and a simulated annealing
optimization algorithm was used to determine
excitation patterns that best reproduced the group
averaged experimental data (ground reaction
forces and kinematics) for each condition.

METHODS
Experiential data were collected from ten healthy
subjects walking at 1.3 m/s on a dual belt force
measuring treadmill. In addition to a control trial,
subjects walked with added trunk loads (increasing
both weight and mass), with weight support
(decreasing weight only), and a combination of

RESULTS AND DISCUSSION
The rationale for our perturbation study was that
muscles that provide body support would be
sensitive to changes in body weight (added trunk
loads and weight support), whereas muscles that
provide forward propulsion would be sensitive to
changes in mass (added trunk loads and added

equal added trunk loads and weight support
(increasing mass only). Each perturbation was
preformed at 25% and 50% of the subject’s body
weight for a total of seven conditions.
We measured muscle activity using surface
electrodes placed over SOL and medial GAS of the
right leg. The EMG amplifier had a gain of 1700
and bandpass filtered (16-500Hz) the raw data,
which were recorded at 2000Hz. We determined
muscle activity level from the time integrated area
of the rectified EMG signals calculated during the
stance phase. Changes in muscle activity, relative
to the control, were examined to determine the
relative contributions by SOL and GAS to body
support and forward propulsion.
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SOL and GAS contribute to the vertical ground
reaction force (body support), while only SOL
contributed to the positive horizontal trunk work
(forward propulsion). However, the absolute
contribution to the vertical impulse was greater by
SOL than GAS. Thus, our simulation results
confirmed the conclusions based on EMG analysis.
However, the advantage of using the the forward
dynamical simulations is that the EMG analysis was
not able to reveal differences in the relative
contribution by each muscle to the task
requirements (e.g. body support)..

mass only). The results of this study showed that
integrated EMG activity in SOL and GAS increased
with added weight and decreased with weight
support (Fig. 1). However, only SOL had increased
EMG activity with added mass alone. These results
support our hypothesis that both SOL and GAS
provide body support, but that SOL is the primary
contributor to forward propulsion. Because our
hypotheses were based on predictions from
previous forward dynamical simulations [3], these
results served as an important experimental
validation of those simulation results.
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Figure 2. A comparison of the relative change in
simulation excitations and experimental EMG activity.
The line indicated a perfect match between
simulations and experimental data.

Weight
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0.5 0

Figure 1. Relative changes in EMG activity during
stance phase normalized to control. Note: the 50%
weight support condition was excluded because the
kinematics differed from the control.

CONCLUSIONS
As computer modeling and simulation studies
become increasingly more common, it is important
that we continue to devise new strategies to test
the validity of the outputs from these simulations.
Here we show that by integrating experimental and
theoretical techniques to understand individual
muscle function, we have been able to gain
important insight into muscle function and
confidence that the results are valid.

The results of the present simulation study showed
that the plantar flexors of the simulations
responded to manipulations of body weight and
mass in a similar fashion as the experimental
subjects. Changes in SOL and GAS excitation
relative to the control condition were nearly
identical to the relative changes in EMG activity
(Fig 2.). The timing of the muscle excitations in the
simulations were constrained to occur at a similar
time as experimental EMG, although the magnitude
was allowed to vary freely. The fact that the
simulations modulated the magnitude of the
excitations in a similar manner as experimental
subjects provides further evidence that the
musculoskeletal models and simulations effectively
emulate the function of the human musculoskeletal
system. Additionally, the forward dynamical
simulations enabled us to quantify the contributions
from SOL and GAS to body weight support and
forward propulsion. Our results showed that both
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subject to constraints due to system
dynamics:
x& = f ( x, u)
and periodicity:
)
x(T ) = x(0) + V T x ; u(T ) = u(0)
)
where x is the state space unit vector for
forward translation.

INTRODUCTION
Simulation of movement is usually treated
as an initial value problem, inputs being the
initial state and time history of controls
(muscle stimulations). When applied to
legged locomotion, final state is sensitive to
these inputs, making it hard to satisfy task
constraints such as periodicity via the
shooting method for optimization. Also,
small integration steps are needed, making
simulations slow and optimization through
iterative simulation impractical [1].

The optimal control problem was transformed
into a Nonlinear Programming Problem (NLP)
using direct collocation [2]. Unknowns were
the states and controls at each node, as well
as T and V, a total of 66N+2 unknowns for N
time
nodes.
System
dynamics was
discretized using the trapezoidal formula:
x i +1 − x i f ( x i , ui ) + f ( x i +1, ui +1)
,
=
t i +1 − t i
2
resulting in 50N nonlinear constraints due to
dynamics and periodicity. The objective
function (V) is identical to one of the
unknowns, therefore gradient is constant and
Hessian is zero. Symmetric movement was
assumed, so only half a gait cycle had to be
simulated. The NLP was solved by using
SNOPT (tomopt.com/tomlab), a sparse
sequential quadratic programming solver. A
previously optimized walking movement [3]
was used as initial guess.

Direct collocation (DC) has gained
popularity as an alternative method to solve
optimal control problems on dynamic
models [2,3] and has the potential to avoid
these problems. The purpose of this paper
is to introduce DC and demonstrate its
application to the prediction of sprint
running performance. Specific questions
were: (1) how accurate are the solutions
obtained by DC? and (2) is solution time
fast enough for practical applications?
METHODS
An existing planar musculoskeletal model
was used, consisting of seven segments and
actuated by 16 Hill-type muscle groups with
activation and contraction dynamics [4]. Footground contact was modeled by 10 contact
points uniformly distributed along each foot
sole with nonlinear spring-damper properties
and friction at each contact point. Air drag
was applied to the trunk center of mass. The
model has 50 dynamic state variables x
(generalized coordinates and velocities,
muscle contractile element lengths and active
states) and 16 controls u (muscle
stimulations).

Accuracy of solutions was first assessed by
mesh refinement. We compared solutions
obtained with various grid sizes N between
25 and 130. For further validation, the initial
conditions and controls obtained from the DC
solutions were used as inputs for a
conventional forward integration with variable
integration step (Matlab ODE23), and results
were compared.
As a typical application, we changed the
moment arm of the gluteal muscles, and
determined its effect on maximal running
speed. Computation time was evaluated.

The optimal control problem for sprint running
was formulated as: find trajectories x(t), u(t),
and stride period T to maximize speed V,
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RESULTS
The solution at the highest mesh density
(130 nodes), predicted a maximal running
speed of 7.45 m/s and a stride cycle of 526
ms. Movement was similar to human
runners (Fig. 1). The mesh refinement
experiments showed that the numerical
error in predicted speed was only 0.02% at
50 or more nodes (Fig. 2). Optimal muscle
stimulation patterns for the 50-node and
130-node solutions were indistinguishable.

DISCUSSION
Predicted maximal running speed was
lower than that of elite human sprinters.
Performance was limited by muscle
strength and maximal shortening velocity in
the model, which may not be representative
of elite sprinters.
At 50 nodes, predictions of speed and
optimal controls were as good as at 130
nodes. Forward integration using controls
and initial conditions from the DC solution
showed that the methods were consistent.

The forward integration using controls and
initial conditions from the 130-node DC
solution required 3118 integration steps and
results were practically identical to the DC
solution, the largest difference being a 1.2
mm drop in pelvis height at the end of the
simulation.

The optimizations to study the effect of
muscle moment arm were fast enough to
suggest that DC is useful in practical
applications. Initial results with a 3D model
(214 state variables instead of 50)
suggested that the performance of the DC
method scales well with model complexity.

The effect of gluteal moment arm on
sprinting
speed,
using
a
50-node
discretization, is shown in Fig. 3. A speed
increase of 2.6% was possible by
increasing the moment arm beyond the
nominal value of 62 mm in the original
model [4]. Each speed prediction required
3-20 minutes of computation time.

As in all gradient-based optimization,
solutions depend on the initial guess and
can not be proven to be globally optimal.
Obtaining an initial guess that is good
enough to ensure convergence can be
challenging. A feasible initial guess (i.e. not
violating constraints) is desirable. We used
forward integration with guessed initial
conditions and controls, followed by
tracking of human walking data using DC,
followed by speed optimization using DC.

Figure 1: Optimal control solution for maximal
speed running (half of the gait cycle is shown).

CONCLUSIONS
Direct collocation is a fast and accurate
method to obtain predictive simulations of
human movement. Possible applications
include design of sports equipment and the
prediction of clinical outcome after tendon
transfer surgery or mechanical interventions
such as prosthetics and orthotics.
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Figure 3: Effect of gluteal moment arm on
maximal running speed.
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b) ‘Voxel-based’ image-to-mesh conversion
techniques have been developed by the
authors [1], in which the original medical
scan itself can be altered by introducing
CAD models of additional geometric
elements, which are then voxelised to form
an additional mask within the scan. This
approach has led to the creation of
commercial software, called +ScanCAD
distributed by Simpleware Ltd. The result is
a computational mesh for the whole
problem including patient-specific objects
and additional man-made objects. The
proposed techniques provide a unique
approach to merging CAD and image data
whilst preserving the features and fidelity of
the scanned image.

INTRODUCTION
Biomedical problems tend to involve
domains which are geometrically complex
over a range of scales. Much effort has
gone into developing tools for generating
computational meshes automatically from
medical scan data (such as MRI and CT),
allowing the easy creation of patient-specifc
models. One obvious enhancement to this
capability is to be able to interactively
modify the geometry; this would for
example allow the prior determination of the
effect of certain surgical procedures. This
paper will report on the application of new
techniques allowing the insertion of CAD
models into the original scan data. The
paper will focus on the effect of certain
surgical procedures, and a number of
examples that cover different applications
within the Computational Biomechanics
field will be presented.

CASE STUDIES
The functionality provided opens the door to
modeling a wide range of problems in
medicine and dentistry as well as in
consumer product design. Examples
presented in this paper include the virtual
positioning of CAD models of different
implants within a pre-operative scan.

METHODS
The objective of this work is to combine
CAD and image data to allow the
introduction of additional geometrical
elements
into
the
patient-specifc
computational model derived from the
medical scan data. This could be achieved
in two ways:
a) ‘CAD-based’ image-to-mesh tools could
be applied here by combining the STL
surface generated by the tool with STL
surfaces
representing
the
additional
elements using some kind of solid
modelling software, before passing the
resulting composite object to the mesh
generator to produce the final mesh. This
may work well with simple structures, but
can result in a considerable loss of features
of the patient-specific scan data in more
complex cases, as shown in this paper.

Fig 1: Virtual assembly of an internal fixation
system in +ScanCAD

An example of the virtual assembly of an
internal fixation system can be found in
Fig 1. This shows the 3D reconstruction of
one of four different internal fixation
systems after resection of a peri-acetabular
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wide range of previously difficult or
intractable problems to numerical analysis,
including patient-specific implant design.

tumor. Based on the technology of reverse
engineering and digital image processing,
the 3D model of the internal fixation and
pelvis was reconstructed in ScanIP, and
assembled in +ScanCAD. For the FE
analysis in Abaqus 6.7 (Simulia, Dassault
Systems), material properties and contact
condition were assigned, and four nonlinear
Finite element models were calculated to
select the best performing fixation system
[2].
The proposed technique has also been
used to test post-operative performance
and multiple scenarios (e.g. sensitivity of
stress field to implant alignment, use of
different reaming tools, etc.) investigating
the effect of hip implant procedures [3] (cf.
Fig 2).

Fig 3: CAD integration: Positioning the implant in
the femur
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Fig 2: Hip implant under static loading conditions

As part of the study case study, a cadaveric
femur was implanted with an Exeter™ Hip
stem by an experienced orthopedic
surgeon. The femur was CT scanned both
pre and post-operatively. FE models were
produced directly from the scans using
ScanIP and +ScanFE. In addition, the preoperative model was ‘virtually’ implanted
with a CAD model of the hip stem in
+
ScanCAD (cf. Fig 3), and both postoperative models were run in Abaqus under
a simulated hip contact loading and then
compared. The results from both models
show an excellent agreement.
DISCUSSION AND CONCLUSIONS
The presented case studies demonstrate
the potential of the approach for the
generation of patient-specific FE models
based on 3D clinical scans. In spite of their
complexity and sophistication, full FE
simulations could be carried out on
commonly available PCs, opening up a
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INTRODUCTION
Approximately 1.7 million people with limb loss
were reported in 2007 in the US with more than
85,000 new amputations reported each year.
Inaccurate measurement of the kinematics
experienced at the residual limb-socket interface
has burdened the engineering of socket fitting.
Whereas static Roentgen Stereophotogrammetric
Analysis (RSA) has been used to characterize
socket and stump motion[2], the method is not
accurate enough to register dynamic slippage in
three dimensions (3D). We present here a new
method to assess residual bone-stump-skin-socket
interface proximity kinematics of above knee
amputees with high accuracy biplane dynamic
roentgen stereogrammetric analysis (DRSA).

socket telescoping motion can be assessed with as
much as ±0.1mm accuracy using the dynamic
radiostereography analysis (DRSA) system [3].
Tracking of 3D kinematics of tantalum markers
rigidly placed on the socket wall, skin surface
markers (stripes of lead paint in the shape of
orthogonal mesh) and residual bone edge was
performed for amputee walking, running and
jumping activities (Fig. 2) [4]. Our tracking

METHODS
Slippage between a transfemoral residuum and its
prosthetic socket of ten above knee amputees (two
females, eight males, Age: 35±12years) was
measured using DRSA (Fig. 1) (with IRB approval).
Dynamic high speed socket-stump and bone-

Figure 2. Time history of the proximity maps
(distance between socket -rigidly-fixed- marker
and skin tantalum marker in question) for
characteristic socket-skin marker pairs. Note the
different views of the scanned socket-stump with
very high resolution 3D Scanner and the
corresponding skin and socket markers.
techniques involve 3D reconstruction of the
sequences of biplane stereoradiography data and
fusion with the patient Computed Tomography data
to track the 3D motion of bone, skin, stump and
socket and produce the proximity maps.

Figure 1. Amputee walking in the DRSA.
45

RESULTS AND DISCUSSION
Our study of above amputee (n=10) socket-stump
motion showed an average variation of 10-85mm
(±19mm) in the vertical motion (VM) and 0 to 45
mm (±14mm) in the anterior posterior (AP) motion
during gait. In two-legged jumping vertical motion
exceeded 40mm in all of the amputee studies.
Figure 2 shows proximity maps per skin-socket
marker pair signifying three consecutive time
instants after impact during jumping (two legged)
for an above knee amputee. Marker movement witn
respect to the adjucent patient specific (3D scans
with Minolta 910) socket mesh indicates the
dynamic response and suggests excessive lateral
to medial and anterioposterior movement.
Significant skin-soft tissue deformation at the
socket rim is also shown. The tecnique can be
used to identify excessive movement of the stump
and socket that is not expected by the prosthetist
and is otherwise impossible to detect.
ACKNOWLEDGEMENTS
Support from US. Army Medical research &
Materiel Command-Award#07-2-01
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INTRODUCTION
Within the Collaborative Research Center
at Karlsruhe, “humanoid robots”, there is a
strong interest in synthesizing human motion in order to develop human-like characteristics in the motion of humanoid robots
[7]. Therefore, large-scale experimental
studies are performed to gather insight into
the variety and complexity of intrinsic human motion and models for the kinematic
and dynamic analysis are developed as
well as for the synthesis of movement in order to understand the principles of human
motion. Despite decades of basic research
attempting to understand human motor control, the fundamental neural and computational principles of simple movements like
pointing remain poorly understood (Thoroughman et al., 2007). This paper presents
a computational approach combining
model-based kinematic and dynamic analysis of experimental data together with the
synthesis of motion related to cost functions
to analyze the process of trajectory generation in humans.

and quadratic terms, G is the vector of gravity and external forces, q is the vector of
generalized coordinates and T is the vector
of generalized forces. A model of the full human body was developed based on anthro-

Fig 1: Left: Definitions of joint axes (red arrows).
Right: Distribution of mass and inertia (inertial reference frames)

pometrical data [4] (Fig. 1).
Models of the humanoid robot are designed
from CAD-data and have much less degrees
of freedom than the human model. Experimental data are acquired with marker-based
motion capture equipment and force plates.
Therefore, a marker-set was developed for
the purpose of tracking full-body movements.
A nonlinear constrained optimization approach minimizing the distance between the
markers defined in the model and the measured markers was used to transfer the motion
data on the models performing the inverse
kinematics. The method allows for the setting
of joint ranges and filtering techniques and it
is capable for the mapping to both, the simple
robot models as well as the complex human
models. With the results of the inverse
kinematics, the inverse dynamic analysis is
performed and therefore, the kinematic and

METHODS
A computational framework was developed in
Matlab on the basis of a recursive multi-body
algorithm [1] which establishes the spatial
dynamic equilibrium equations for arbitrary
systems in a minimal set of coordinates. It
enables the user to define arbitrary models
with desired joint characteristics. Recursive
formulations have proven to be very efficient
and compute position and orientation, velocity and Jacobian matrices of a body in a
multi-body chain from the matrices of the
previous body and the relative joint context
between both bodies. The algorithm generates the Newton-Euler equations of the form:
 + Q(q,q ) + G (q) = T , where M is the
M (q)q
mass matrix, Q is the vector of centrifugal
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used to quantify the differences between
computed and the experimentally detected
trajectories.

dynamic behaviour of the measured movement is known.
Synthesizing of movements on the basis of
cost functions required a method to solve
the optimal control problem with the system
equations of motion as constraints. The
method in this paper is based on a direct
approach, where the differential equations
of the problem are discretized with ansatz
functions converting the problem into a
nonlinear constrained parameter optimization problem [5] and solving with a sequential quadratic programming solver [6]. Several ansatz functions (e.g. polynomial, Fourier series, cubic hermite splines and quintic
splines) have been tested. The algorithm
was implemented within the computational
framework. It generates the necessary
equations and solves the optimal control
problem for a user defined cost function,
which can depend on the variables of the
system (e.g. generalized coordinate, velocity, acceleration, jerk, torque, torquechange, hand-jerk, kinetic and potential energy, etc.). Further, the user is able to define the state variables involved, e.g. for a
full-body movement the degrees of freedom
of an arm can be optimized while kinematically driving the other degrees of freedom
from measurements. The operation of the
algorithm was verified with data from literature [3,6] for a double pendulum solving for
known cost functions (e.g. minimum angle
jerk, minimum torque and minimum torque
change).
A first study was performed to synthesize
pointing gestures for initial-target conditions
and to compare them with experimentally determined pointing gestures in order to test for
the underlying principle. Therefore, 10 students performed five pointing gestures to two
different targets. The full-body movements
were tracked using an IR-motion capture system. After performing the mapping and the
dynamic analysis initial and target positions
of the pointing gestures in 3D were located
and provided for the optimal control solver
synthesizing optimal movements for four implemented optimal control models (MHJ:
minimum hand jerk, MAJ: minimum angle
jerk, MT: minimum torque, MTC: minimum
torque change model). The optimization routines were applied for trajectories with one
DOF up to four DOF in all possible combinations in the respective arm driving the other
degrees of freedom with data from measurements. Root mean square error (RMSE) was

RESULTS AND DISCUSSION
For each subject the permutations of degrees
of freedom were eight. With the three observed performance criteria and ten trials,
about 2400 optimization simulations were
performed within less than one week on an
actual quad core machine. The first results
for target 1 for the shoulder abductionadduction (SAA), shoulder ante-retroversion
(SAR) and elbow flexion-extension (EFE)
show that the developed simulation framework produces plausible results. The MT produced the highest RMSE values for all three
degrees of freedom and therefore reproduced
human data worst (Fig. 2).

Fig 2: Typical example of one trial of one subject
for one degree of freedom for the first target.

This result is rather unsurprising since the MT
has its seeds in robotics and not in biological
motor control. For the SAA and the SAR the
MTC produced the least RMSE values and
for the EFE the MAJ. The question which
model performs best can’t be answered in
conclusion since not all data are yet evaluated. Future research will extend the algorithm for application with muscle models.
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INTRODUCTION
The calculation of musculotendon (MT-)
forces, underlying a given motion, is
complex due to the redundancy caused by
the overactuation of the musculoskeletal
system. This redundancy is removed by
specifying an objective function and
formulating the MT-force calculation as an
optimisation problem.

muscle physiology was imposed by linear
constraints. Activation dynamics were
handled
exactly
by
a
nonlinear
transformation of variables. Contraction
dynamics were approximated by a
linearized Hill-model, neglecting muscle
contraction speed:

Fij = Fijpas + ( Fijmax − Fijpas ) a ij , (1)
where

During an inverse dynamic analysis,
measured kinematics and external forces
are given, and the resulting joint reaction
moments are calculated. Subsequently,
MT-forces are calculated by optimising the
sum of squared muscle activations across
all muscles j=1…J at each discrete time
instant i=1…N separately [1]. Optimal MTforces are enforced to comply with skeleton
dynamics, relating MT-forces and joint
reaction moments. Since a separate convex
quadratic optimisation problem (QP) is
formulated for each time instant, classical
inverse
approaches
(CIA)
are
computationally efficient but fail to account
for muscle physiology.

Fijpas and Fijmax are respectively the

passive and maximal MT-force at time
instant i. Skeleton dynamics are linear. The
objective function is quadratic:

∑∑ a

2
ij

i

.

(2)

j

The contribution of this abstract is twofold.
First, muscle contraction speed is now
included. Second, sequential convex
programming (SCP) allows us to use a local
linearization, updated in each iteration,
which is more accurate than the global
linearization (1).
METHODS
The
developed
sequential
convex
programming (PIA-SCP) consists of four
steps. ak is a NxJ matrix containing
activations aij obtained in iteration k.

A physiological inverse approach (PIA) was
proposed [2] that supplements a CIA with
muscle physiology consisting of (i)
activation dynamics, the nonlinear relation
between muscle excitation and activation,
and (ii) contraction dynamics, the nonlinear
relation between muscle activation aj and
MT-force Fj. The inclusion of muscle
physiology links the instantaneous QPs into
one
large-scale,
nonlinear
problem.
Nonlinear problems are considered hard to
solve because of the potential stall of the
solver in a local minimum. Therefore, the
original problem was reformulated as an
approximate QP (PIA-QP), of which the
global optimum is found with high
computational efficiency. To obtain a QP,

1. Initialization
PIA-QP provides the initial solution a0.
2. Linearization of the contraction
dynamics
The model of Hill describes the contraction
dynamics by a nonlinear differential
equation:

dF j / dt = f ( F j , a j ) , (3)
Coefficients d of the linearized model:

d 0ij Fi−1, j + d1ij Fij + d 2ij a ij + d 3ij = 0 ,

(4)

are calculated using linear regression.
Regression points follow from simulating (3)
49

for different inputs ak-1+δa, where δa is a
small perturbation.
3. Solve approximate convex problem
Activations a minimize (2) subject to
activation dynamics, contraction dynamics
described by (4), and skeleton dynamics.
4. Line search
The line search finds the step size t that
minimizes the root mean square error, εRMS,
between the joint moments calculated by
the inverse dynamic analysis and the joint
moments
calculated
by
simulating
contraction (3) and skeleton dynamics with
input ak = (1-t)ak-1 + ta.
Steps 2 – 4 are iterated until t=0.
RESULTS AND DISCUSSION
The CIA and PIA were applied to one leg
during an experimentally measured gait
cycle measured at a frequency of 200Hz.
The musculoskeletal model contains 43
muscles. Fig. 1 compares the input joint
moment with the joint moments obtained
from the different optimisation results. PIASCP gives the closest fit. This is confirmed
by εRMS reported in Table 1. Table 1 also
shows the objective function value and
CPU time for the different methods. When
comparing results, keep in mind that
activations obtained with CIA do not comply
with activation dynamics.
Table 1: Comparison of different optimisation methods
with respect to objective function value, εRMS, and
calculation time. εRMS is the root mean square error
between joint moments obtained from the inverse
dynamic analysis and the joint moments simulated
from the optimised activations.

∑∑ a

2
ij

CIA
82

PIA-QP
203

PIA-SCP
80

εRMS [10-2]
CPU time [s]

3.19
3.5

2.63
10.2

0.77
146.8

i

Fig 1: Comparison of joint moments obtained from the
inverse dynamic analysis (gray) and the joint moments
calculated by simulating contraction and skeleton
dynamics with input activations obtained with CIA
(full black), PIA-QP (dotted black), and PIA-SCP
(dashed black).
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CONCLUSIONS
A physiological inverse approach combined
with sequential convex programming results
in physiologically sound MT-forces at a
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INTRODUCTION
The evolution of the prosthetic lower limbs
supported
in
recent
years
significant
improvement of athletes' performances and
comfort. This is mainly due to use of new
composite materials and of new elastomers
which allow designing lighter, stronger and less
dissipative new structures (fig.1).

One of the aims of a prosthesis for monolateral
amputation is, Indeed to try to equilibrate the
work of the two legs.
METHODS
The strength requirement is extremely important
because
breaking the prosthesis during a
competition can lead to disastrous consequences
for the athlete. The artificial feet design can be
quite different (fig.2) and is mostly related to the
modulation of the propulsion action during the
stance phase.
The design of the structure of the prosthetic foot
can not be completely repeated for each subject,
because it a too long and expensive procedure –
and includes also the fatigue tests - but the
subjective adaptations can change enormously
the performances of the prosthetic system which
must be analyzed and possibly simulated case by
case. The procedure for tuning the system is
based on the knowledge of the patient anatomy
and on his/her way of using the non amputated
limb. The level of amputation and the quality of
stump are among the most important subjective
variables.
The tibial stump in fact can vary from only a few
centimeters up to the length of the whole tibia.
Sometimes the length of the stump can be
chosen during the amputation surgery, thus the
surgeon must also be aware of the possible
chance of the subject to practice sport.
The composite lamina can be produced by each
company in series only in a limited number of
shapes and sizes but can be adapted to the
characteristics of different subjects.
The length of the stump and the characteristics of
the “cuff” that is the interface between the stump
and the socket, remarkably affects the
performances of the artificial foot. Also the
length of the “tibial part” of the prosthetic foot and
the position of the element binding it to the stump
can be significantly changed (fig.3).

Fig 1: Foot (Sprinter’s King Roadrunnerfoot Engineering)

On the other hand a correct design of these
prosthetic systems which are in general not much
anthropomorphic is quite complex because many
requirements must be taken into account. Very
few athletes that use this kind of prosthesis are
bi-laterally amputated thus, in most cases, the
prosthetic system must be optimized on the
characteristics of the subjects' contralateral limb.

c
b

a

Fig 2: Different shapes of feet for races
a)Cheetah Ossur
b)Springlite Otto Bock
c)Sprinter’s King Roadrunnerfoot
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For the simulation of this phase, FE models have
been built and solved with implicit and explicit
solver, using as input the toeoff conditions and
the contralateral leg kinematic during its whole
swing phase.
RESULTS AND DISCUSSION
The analysis of the vibrations of the whole
system shows that some natural frequencies are
of same order of magnitude of the cadence of
running, thus they can have relevant influences
on both comfort and performance. The
parameters that mainly affect these low
frequency modes are the mass of the lamina and
the dimension and properties of the stump and of
the cuff. Preliminary F.E. analyses (Fig.4 and
Fig.5) show that in many cases the effects of the
lowest frequencies modes of vibration can be
studied also with a simplest approach, based on
multi-body models with finite spring ad damper
elements. This method is more affordable by the
orthopedic laboratory which has to adapt the feet
to the athletes. As an example fig.5 show the
displacement of the prosthesis relative to the
stump, corresponding to one of the most
important vibration mode of the system. The
color distribution (in Fig.5: displacement 0= blue)
shows that the same motion can be obtained by
using a multibody model with a torsional spring
on a point of the socket. The spring stiffness can
be tabled in function of the characteristics of the
cuff, as calculated by means of preliminary finite
element tests which only require simple
approximated data on stump geometry.

Fig 3: Stump, socket and foot lamina

Fig 4: 7.2Hz vibration mode: displacement of the model
with respect to a simplified stump: displ. 0 = yellow
(axial simmetric section)

CONCLUSIONS
Some structural components of the artificial foot
for the competitions must be produced in series
and tested for safety thus they can also be
designed with a refined approach; on the other
hand the customization process required for
each athlete can drastically affect the system
performance. The dynamic simulation of the
system can be useful also to optimize the
customization results. In most cased it is possible
to obtain adequate results using simplified
approaches which are also affordable for the
everyday practice of a technical laboratory.

Fig 5: 7,2 Hz Displacement of the model with respect to
the stump: displ. 0 = blue. In this picture the stump
interface is not visible because is covered by the socket
(the displ. is amplified)
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INTRODUCTION
Aseptic loosening is the most common failure
mode of uncemented glenoid components failure.
One of the failure modes is related with initial
fixation [1]. Large micromotions are a threat to
the fixation of glenoid components and the final
clinical outcome. Strength of the component
fixation immediately after implantation is given
mainly by a cement layer, a keel, peg(s) and/or
screw(s).

The screws, or their mechanical effect, were
simulated in three different ways: Firstly,
gluing/attaching the contact area between the
implant and the bone where the screw should be
located. Secondly, they were simulated as solid
cylinders (5mm diameter and 15mm length) and
completely fixed to the implant and the bone.
Lastly, the screws were also modeled as
cylinder(s) but including a prestrain in the first
2mm of the cylinders. Two different fixation
configurations were simulated when the screws
were modeled as cylinders: A fixation with one
central screw and a fixation with a central and
inferior screws. See Figure 1.

To quantify these interface micromotions a FE
model of a complete prosthetic scapula was
developed. The complex geometry of the scapula
demands the use of a large number of finite
elements in order to reproduce an acceptable
bony geometry and getting accurate results (e.g.
strains, interface micromotions, etc). To reduce
the computational demand the details of the
fixation screws are always simplified. In this
study, the differences between three different
screw simplifications are compared in terms of
the predicted interface micromotions.
METHODS
A FE element model of the prosthetic scapula
was made following the procedure mentioned in
[2]. Briefly , geometry and material properties of
the scapula were obtained through the CT data
set of a healthy cadaver's scapula using
experimental relationships first between the CT’s
Hounsfield values and bone density, and
subsequently between bone density and Young’s
modulus. The modeled implant was an
uncemented, round-shaped component (ESKA
Implants AG, Germany). This component was
chosen due to the fact that the initial fixation
relies exclusively on pegs or screws. The glenoid
component’s position relative to the scapula was
verified and approved by an expert surgeon
(PMR).

Fig 1: FE models of a glenoid component. A: The screw’s
effect is simulated by attaching an area of the implant’s back
to the glenoid bone. B and C: The screws are simulated as
cylinder with or without prestrains.
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larger than previously reported yield strains in
bone (0.62 and 1.04%) [5].

The following table shows the different FE
models’ codes depending of the fixation
configuration and how the screws were simplified:
Screw(s)
Simplification
AREA
CYLINDERS
CYLINDERS+
PRESTRAIN

CONCLUSIONS
The estimation of the interface micromotions was
affected by the grade of simplification of the
implant’s screws in our FE models. The simplest
screw model, i.e. attaching the contact area
between the implant and the bone where the
screws should be located, seems to overestimate the interface micromotions. A more
realistic model in which the screws are modeled
as cylinders, with or without prestrains, could give
a better prediction about the interface
micromotions.

Fixation configuration
One screw
Two screws
AREA1
PEG1
SCREW1

PEG2
SCREW2

The prestrain used in the models SCREW1 and
SCREW2 was calculated using an estimation of
the ideal torque for screw fixation [3] and the
screws’ material properties. This prestrain would
produce the same compression in the
surrounding bone than the one given by a real
screw with an ideal torque. Strains at the glenoid
bone were calculated to make sure they do not
exceed failure limits for bone tissue, which would
cause a fracture at the glenoid.
Muscle and joint reaction forces on the scapula
at 0º, 30º, 60º, and 90º of arm abduction and
forward flexion were estimated with the Delft
Shoulder and Elbow Model [4] and included in the
FE models. The same scapula was used in both
the DESM and the FE models.
Interface micromotions were evaluated by
observing the relative motions of neighboring
points located at both sides of the bone-implant
interface. Comparisons between all the different
studied fixation methods were done through sets
made of every point of the interface and its
largest micromotion in all the studied arm
positions. Statistical analyses were done using a
nonparametric one-way analysis of variance.

Fig 2: Box plot of the interface micromotions for the different
FE models.
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RESULTS AND DISCUSSION
FE element models in which the screw(s) were
modeled as cylinders (PEGs and SCREWs)
predicted
considerably
smaller
interface
micromotions than the FE model in which the
screws’ effect was modeled as simple attached
area. The inclusion of prestrain to the cylinders
(SCREWs) did not change the interface
micromotions significantly.
See Figure 2.
Fixation of the uncemented glenoid component
always improved with the use of a second screw
in the inferior side of the component.
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The largest principal strains in bone never
exceed 0.38% and 0.52% in tension and
compression, respectively. These values are not
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INTRODUCTION
There are many dynamical problems to be
solved in human swimming. The authors
have already developed a simulation model
SWUM (SWimming hUman Model) in order
to analyze the dynamics of swimming [1]. In
this model, the swimmer is modeled as
single rigid body whose shape varies
according to time. If this model can handle
multi agents (swimmers) or multi objects
(equipments, starting block, pool wall, and
so on), the model will become significantly
useful for various dynamical problems in
swimming. The objectives of this study
were to extend SWUM to multi agent/object
simulation, and to demonstrate its potential
ability.

Extension of SWUM to Multi Agent/Object
Simulation
The calculation flow of multi agent/object
simulation is shown in Fig. 1. This is an
example of two agents/objects (A and B).
Note that each agent/object does not
necessarily represent a swimmer. It can be
any object, such as equipments, starting
block, pool wall, and so on. Each
calculation for each agent/object is actually
normal Runge-Kutta time integration. After
the absolute motion is computed (process
1), the fluid force (external force) acting on
the agent/object is calculated (process 2).
Then, the motion at the new time step is
computed using the equations of motion
(process 4). In the case of multi
agent/object simulation, the motion data are
output to a data file after process 1. Then,
using all motion data files for all
agents/objects, the interaction (resultant
force and moment) is calculated (process 3).
Each calculated interacting force and
moment are input to each agent/object.

METHODS
Overview of SWUM
The simulation model SWUM is designed to
solve the six degrees-of-freedom absolute
movement of the whole human body as
single rigid body by time integration, using
the inputs of the human body geometry and
relative joint motion. Therefore, the
swimming speed, roll, pitch and yaw
motions, propulsive efficiency, joint torques
and so on are computed as the output data.
As the external forces acting on the whole
body, unsteady fluid force and gravitational
force are taken into account. The unsteady
fluid force is assumed to be the sum of the
inertial force due to added mass of the fluid,
normal and tangential drag forces, and
buoyancy. These components are also
assumed to be computable, without solving
the flow, from the local position, velocity,
acceleration, direction, angular velocity,
and angular acceleration at each part of the
human body at each time step. In addition,
SWUM has been implemented as a free
software with graphical user interface
“Swumsuit” [2].

The above calculation flow has been
implemented on Swumsuit version 4.0.0 as
follows: The loop of time integration is
implemented as an “analysis engine”
(execute file written in Fortran) in Swumsuit.
In the multi agent/object simulation, each
analysis engine computes for each
agent/object as the same in the single
simulation. In order to synchronize all the
analysis engines, a file watching program
simultaneously runs with the analysis
engines. This program is watching whether
all analysis engines have completed
outputting the motion data files or not. All
analysis engines, on the other hand, are
pausing and waiting for restart signal from
the watching program just after the process
1. When the watching program confirms
that all the analysis engines have
completed outputting the motion data files,
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Agent/Object B

Agent/Object A
START
1: Compute absolute position,
velocity & acceleration for
each part of the body

START

Output

Output
Motion data A

2: Compute fluid force & moment

Motion data B

1: Compute absolute position,
velocity & acceleration for each
part of the body

2: Compute fluid force & moment

3: Calculate Interaction

t = t + ∆t

t = t + ∆t
4: Compute new position,
direction & velocity by using
equations of motion

No

Force &
moment data A

Force &
moment data B
Input

Input

End?

4: Compute new position,
direction & velocity by using
equations of motion

End?

Yes

No

Yes

END

END

Fig 1: Calculation flow of multi agent/object simulation. An example of two agents/objects (A and B).

it sends the restart signals to all the
analysis engines. How this synchronization
actually works will be demonstrated at the
symposium. Note that the user can freely
describe the contents of the “Calculate
Interaction” part.
RESULTS AND DISCUSSION
Example 1
A simple example of multi agent/object
simulation is shown in Fig. 2. Three
swimmers
swim
the
breaststroke
simultaneously in this simulation. There is
no interaction among the swimmers.

Fig 2: An example of multi agent/object
simulation. Three swimmers swim the breaststroke
simultaneously. There is no interaction among
swimmers in this simulation.

Example 2
Another more complicated example is
shown in Fig. 3. The swimmer swims with a
monofin attached in this simulation. The
monofin is modeled as a series of five thin
plates (represented in different colors in Fig.
3). Each plate is connected to the other for
the translational direction by virtual stiff
spring and damper. This is actually
equivalent to solving the so-called “multi
body dynamics” problem by the penalty
method. For the connection of rotational
direction, rotational springs and dampers to
represent the bending stiffness and
damping of the monofin itself are also
employed.

Fig 3: Monofin swimming as another example of
multi agent/object simulation. The swimmer swims
with a monofin attached in this simulation.
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CONCLUSIONS
The method and examples of the multi
agent/object
simulation
for
human
swimming were described in this paper.
The animations of simulation examples will
be demonstrated at the symposium.
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INTRODUCTION
Stress urinary incontinence (SUI), the leakage of
urine with coughing, laughing, or other actions that
increase abdominal pressure, in the absence of a
bladder contraction, is a common condition
affecting approximately 35% of women over the
age of 40 [1]. While SUI is not a life threatening
condition, it greatly reduces the quality of life of
those who suffer with it [2]. SUI can be treated
surgically but re-operation rates are high, with at
least one third of women undergoing repeat
surgeries [3].

midurethra facing the 9-o’clock position to record
vesical (bladder) pressure and urethral pressure,
respectively. Maximum urethral closure pressures
and urethral pressure profiles (UPP) were obtained
at maximum cystometric capacity, 536 ml in this
subject. Urethral pressure was recorded during
cough & valsalva events at the location of
maximum urethral pressure identified in the UPP.
Urodynamic methods, definitions, and units
conformed to the standards recommended by the
International Continence Society [4]. Only data from
a cough performed at maximum cystometric
capacity was simulated in this initial model.

The mechanics of stress incontinence have not
been modeled extensively due in part to the poor
characterization and complex geometry of the
pelvic floor support structures involved. The
objective of this project was to create a simplified
simulation of the effects of a cough on the
bladder and its support structures, based on
clinical urodynamic data. We then used the
validated simulation to perform a sensitivity
analysis of the effects of changing material
properties of the simulated pelvic support
structures. The long term goal of this work is to
build a simulation that could be adapted to create
individualized patient models predictive of surgical
success.

Simulation
The bladder of this continent woman was modeled
as a closed sphere with a closed outlet tube (the
urethra) attached. The bladder and urethra were
modeled as Mooney Rivlin and Blatz Ko
hyperelastic materials, respectively, based on the
work of Haridas et al [5]. The support structure was
assumed to be comprised solely of linearly elastic
muscle [6]. The mesh for all structures was
comprised of 8 node hexahedral elements
(TrueGrid, XYZ Scientific Applications Inc.,
Livermore, CA). The loads applied to the model
were taken directly from the recorded abdominal
pressure data. These loads were applied as
pressure loads to the outer surface of the top
hemisphere of the sphere representing the bladder.

METHODS
Urodynamics
The simulation is based on urodynamic data from a
continent 28-year-old woman. After IRB approval,
bladder filling cystometry was performed at a fill
rate of 80 ml/min with the subject in a birthing chair
reclined at 45 degrees. An 8F catheter was placed
in the subject’s vagina to record abdominal
pressure. An 8F dual-micro-tipped catheter with
infusion port was placed with the distal transducer
in the bladder and the proximal transducer in the

To prevent unrealistic motion of the model, the rim
of the support structure (Fig. 1) was completely
constrained for both movement and rotation. The
walls of the orifice of the support structure through
which the urethra passes, were also constrained to
prohibit in-plane motion. To simulate vaginal
support of the urethra, the dorsal side of the urethra
was constrained for movement and rotation about
the z axis. The simulation was carried out by
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stiffness affects displacement, it does not have
much impact on bladder pressures generated
during a cough. Thus, modeling can be done with
a standardized stiffness which potentially does
not need to be patient-specific.

following abdominal pressure changes during a
cough using a Lagrangian formulation for all
structures (LS Dyna, Livermore Software
Technology Corporation, Livermore, CA). The
model was validated by comparing detrusor
pressure predictions from the simulation to clinical
detrusor pressure measured simultaneously with
the abdominal pressure used to load the model.

RESULTS AND DISCUSSION
Displacements of the compliant model during a
cough were greater than those of the stiff model,
implying that the compliant model moved down
more in response to the cough than the stiff model.
The compliant model therefore acted more like a
trampoline, and the stiff model more like a rigid
wall. According to current theories of the
biomechanics of incontinence, the trampoline
model is more physiologically relevant [7].
Although the material properties are changed
dramatically, the predicted bladder or vesical
pressures are similar (Figure 2), suggesting that
precise characterization of the material properties
of the lower urinary tract and support structures is
not essential in order to produce a relevant model.
CONCLUSIONS
Our sensitivity analysis demonstrates that, while
A

B

C
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Pves

We performed a sensitivity analysis to determine if
changing material properties affects model
outcomes. In the first model, we increased the
stiffness of all materials to 150% of the published
values (the stiff model). In the second model we
decreased the stiffness of bladder and urethra to
50% of published values and that of the support
structure to 75% of published values (the compliant
model). These choices were made by pushing the
change in the lower value of the material properties
to the lowest values tolerated by the modeling
software so as to be able to complete the
simulation.
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Figure 2. Vesical, or bladder, pressure measured while
coughing during a urodynamics exam on a continent
woman (dark blue line) compared to vesical pressures
predicted by finite element models using published
material property values (pink line), stiff material properties
as described above (yellow line) and compliant material
properties as described above (light blue line).
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Figure 1. Simplified example model of the bladder and the urethra. Bladder
inner diameter: 91.4 mm; bladder outer diameter: 92.6 mm; urethra length:
38.4 mm; urethra outer diameter: 11.5 mm. A. Three-dimensional view of
model. B. Cross section of the undeformed model. C. Cross section of
deformed model at time of peak abdominal pressure.
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INTRODUCTION
Approximately 40% of deaths in developed
countries are due to cardiovascular diseases.
Atherosclerosis is an extremely common form of
cardiovascular disease characterised by the
formation of lipid rich plaques within the intima of
the arterial wall. Such plaques can lead to the
stenosis of arteries, and may eventually rupture
causing a heart attack or stroke.

B

Atherosclerosis is known to occur in a spatially nonuniform fashion within the arterial system. The
patchy nature of the disease is thought to reflect
spatial variation in the stresses exerted on the
arterial wall by the flow of blood.
Vascular wall shear stress distribution has been
shown to depend strongly on subject-specific
geometric effects [1]. Therefore, generating a
detailed and faithful computational definition of the
vascular geometry is necessary in order to
accurately model blood flow within the arterial
system.

A
Fig 1: Images of the resin cast showing: (A) the aortic arch
and emanating branches and (B) an enlargement of a
quadfurcation of the left subclavian artery.
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e

Several computational studies [2,3] have attempted
to correlate areas of disease prevalence in arteries
with flow metrics such as wall shear stress.
However the computational geometries used in
these studies often lack detail and accuracy. Here,
blood flow in a highly realistic representation of the
rabbit aorta is modelled in order to compare flow
features with disease patterns.

B

METHODS
The computational domain comprises the
ascending aorta, aortic arch and proximal
descending thoracic aorta of a male New Zealand
White rabbit. Vessels emanating from the aortic
arch (followed to at least their second branching
generation) and five pairs of intercostal arteries are
also included.

A

C

Fig 2: Images of the volume mesh showing: (A) the aortic
arch, (B) enlargements of a quadfurcation of the left
subclavian artery and (C) a pair of intercostal arteries. Note
the curved surface elements.
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The geometry was obtained from high resolution
CT scan data of a vascular corrosion cast (Fig. 1).
There are over 100 voxels across the 6mm
diameter of the aortic root.

A

An intensity isosurface was segmented from the CT
scan data using Amira. (Visage Imaging, Inc.).
Further processing (cropping unwanted arteries,
adding flow extensions and surface smoothing) was
carried out using VMTK (www.vmtk.org). A volume
mesh was created using Gambit 2.4.6 and Tgrid
4.0.24 (ANSYS, Inc). SPHERIGON patches [4]
were used in order to curve the external face of the
volume elements. In terms of combined detail and
extent, the resulting volume mesh shown in Fig. 2
represents a significant advance on previous
studies.

B

C

Blood flow is modelled using the steady-state
incompressible Navier-Stokes equations for a
Newtonian flow. These equations are solved using
the spectral/hp element Galerkin approximation [5].
RESULTS AND DISCUSSION
Various flow metrics such as vortical cores and the
wall shear stress distribution were analysed. The
computed streamlines shown in Fig. 3A illustrate
the complexity of the blood flow along the rabbit
aorta and its branches. The wall shear stress
distribution exhibits significant spatial heterogeneity
(Fig. 3B). Previous experimental studies have
characterised disease patterns in the rabbit
vasculature. The objective of this study is to
compare such disease patterns with the computed
wall shear stress distribution.

Fig. 3. (A) Computational domain and streamlines. (B) Detail
of the wall shear stress map around two intercostal arteries.
(C) Dean vortices in the descending thoracic aorta.

Vortical structures were characterised via
computation of the metric λ2 (this metric has been
shown to accurately identify vortex cores for low
Reynolds numbers [6], unlike pressure-minimum
criteria). It was found that two Dean vortices
develop in the aortic arch and propagate along the
descending aorta. It was also observed that these
vortical structures are not equal in strength (Fig.
3C). As well as these Dean vortices, secondary
vortices associated with recirculating flow at the
entrance of the intercostal arteries are observed.
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CONCLUSIONS
In this study blood flow was modelled in a
realistic representation of the rabbit aorta. Flow
features such as vortical structures and flow
metrics such as wall shear stress were analysed,
along with their possible relevance to the spatially
varying onset of atherosclerosis.
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