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Abstract The validation of musculoskeletal models is a challenging task necessary to ob-
tain confidence in the numerical predictions they can provide. In this paper, a musculoskele-
tal model of the lower limb is used to predict the hip contact forces and muscle activations
resulting from walking at different speeds for three total hip replacement patients implanted
with instrumented prostheses (Bergmann et al., J. Biomech. 34:859-871, 2001). The de-
veloped model is shown to estimate the magnitude of hip contact forces with encouraging
accuracy in terms of relative peak error (on average within 22% of the experimental value)
and global prediction error measurements. Hip contact force predictions were found to be
generally more accurate for a slow walking speed. The static optimization technique adopted
to estimate muscle activation profiles reproduced for the majority of muscles the modulation
and variation in activation patterns documented in the literature for different walking speeds.

Keywords Lower limb - Hip joint contact force - Static optimization - Walking speed -
Musculoskeletal model

1 Introduction

The accurate quantification of internal loads acting during human movement has a wide
range of applications, from clinical assessment of motor control patterns [1, 2] to prosthesis
preclinical testing [3], and as an input for finite element models predicting bone adaptation
[4-6]. However, the direct measurement of internal forces developed during human move-
ment is difficult to achieve for practical and ethical reasons. For the lower limb, in vivo joint
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contact forces acting at the hip [7-9] and at the knee [10, 11] have been recorded by instru-
mented prostheses, but the results are available only for a relatively small set of patients. On
the other hand, direct muscle force measurements are generally too invasive to be performed
on humans.

Musculoskeletal models of the lower limb have been developed [12, 13] in order to esti-
mate internal loads in the absence of experimental approaches. Usually implemented using
specialised multibody software [14—16], these models attempt to estimate the muscle forces
necessary to execute a certain task when the kinematics and kinetics are assigned. Static
optimization [17] is a technique involving minimisation of a function of the muscle forces,
activations or stresses that is often adopted. This framework has been shown to be promis-
ing, potentially able to reproduce muscle synergism and advanced muscle recruitment char-
acteristics such as antagonistic muscle co-contractions [18]. Nevertheless, musculoskele-
tal models are valid only in the measure that they are compared against; this task can be
challenging even for simple activities because of the aforementioned lack of experimental
measurements. Qualitative validation can be conducted against electromyographic (EMG)
signals [19], while some quantitative validations based on joint reaction forces (measured
through instrumented prostheses) also exist in the literature [20-22].

This paper introduces a lower limb model based on the Twente Lower Extremity Model
(TLEM) dataset [23] and implemented in OpenSim [14]. Previous studies developed mus-
culosketal models after this dataset [24, 25] although only the original authors of the model
made an effort toward its validation [24, 26]. To further contribute in this direction the pub-
licly available HIP98 database released by Bergmann and co-workers [7] reporting kinemat-
ics, kinetics, and hip contact forces (HCFs) measured on four total hip replacement (THR)
patients with instrumented femoral prostheses [27] was used to perform a cycle to cycle val-
idation of the developed model for walking at different speeds. Predicted muscle activations
were also checked for consistency against EMG data collected at different walking speeds
by previous investigators [28-30].

The aim of this paper is to answer to the following question: is the developed lower limb
model able to predict the HCFs and muscle activation variations that have been measured
in previous studies through instrumented prostheses and surface electromyography respec-
tively for different walking speeds?

The developed lower limb musculoskeletal model is available for download from
http://www.imperial.ac.uk/structuralbiomechanics/31m.

2 Methods
2.1 The musculoskeletal model

A musculoskeletal model of the lower limb (represented in Fig. 1) was developed in Open-
Sim [14] based on the TLEM dataset recently collected [23] in order to estimate muscle
tensions and HCFs during daily living activities. The unilateral model consists of 6 bodies
(pelvis, femur, patella, tibia, hindfoot, and midfoot-phalanxes) connected by 6 joints. The
hip joint is represented as a ball and socket joint (3 dofs), the tibio-femoral joint is modeled
as a hinge joint (1 dof), and the ankle complex (talocrural and subtalar joints) consists of
two hinges (2 dofs). The patella moves along a planar circular path perpendicular to the
patello-femoral joint axis (different from the flexion-extension knee axis), dragged by the
patellar ligament, which is assumed to be inextensible. Some modifications to the ankle joint
axis described in the original dataset were necessary in order to obtain a normal range of
motion for the foot. Accounting for the 6 dofs of the pelvis with respect to the ground and
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Table 1 General characteristics - . .
of the three THR patients taken Subject HIP98 name Sex Age Body weight Height

from [7] [N] [m]
N HSR M 55 860 1.74
S2 KWR M 61 702 1.65
S3 PFL M 51 980 1.75

considering that during the simulations the subtalar joint was locked, the total number of
dofs for the unilateral model is 11. Coordinate systems of the single segments were defined
as suggested by the International Society of Biomechanics (ISB) [31].

The lower limb model is comprised of 163 actuators representing 38 muscles, discretised
according to a criterion of mechanical equivalence described by van der Helm and Veenbas
[32]. Via points and wrapping surfaces were used to enhance the realism of muscle paths
influenced by soft tissues and bone structures. A maximal isometric force Fyax propor-
tional to the physiological cross sectional area measured by Horsman and coworkers was
defined for each muscle; a muscle tensile stress value of 37 N/cm? was chosen [33, 34].
The maximal force was divided equally between individual bundles when a single muscle
was represented by multiple actuators. General actuators were included in the model in or-
der to provide the forces and moments necessary to equilibrate the pelvis since the dynamic
effects of the torso and the contralateral leg are neglected in the model.

Although muscle contraction dynamics have not been implemented in the model at this
stage of development, this has been shown to have a negligible effect on muscle force pre-
diction for walking [35].

2.2 Kinematics and scaling

The kinematics of three patients performing several trials for slow, normal, and fast walking
were taken from the HIP98 database. A fourth patient of the database was excluded, as only
normal speed walking trials were reported. A general description of the patients and the
experimental trials is reported in Tables 1 and 2. Measurements obtained from the same
THR patients have been used in previous validation studies [20, 21].

The post-processed markers available in HIP98 were named according to Heller et al.
[20] and identified in the general model using the measurements available from the anatom-
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Table 2 Average speed and

number of trials of each subject Subject Slow walking Normal walking Fast walking

for walking at slow, normal and Trials Speed Trials Speed Trials Speed

fast velocities, taken from [7] [m/s] [m/s] [m/s]
S1 1 1.04 8 1.36 5 1.64
S2 5 1.05 8 1.15 5 1.40
S3 5 1.02 6 1.13 4 1.40

ical dataset [23]. Manual registration of selected markers was performed for the individu-
alized models. The segment lengths and muscle attachment positions were linearly scaled
using the joint centres distances, while femoral geometry (anteversion angle, position of the
transition point between prosthesis neck and shaft, angle between the same elements) was
implemented based on the HIP98 documentation. The individual masses of the body seg-
ments were manually adjusted after the values reported by Bergmann et al. [7], while the
adopted inertia tensors were reported by Forster [36] after the values originally published
by Heller [37].

The global optimization algorithm described by Lu and O’Connor [38] was finally ap-
plied in order to produce the generalized coordinates needed to drive the model. During this
operation the maximum tracking error was on average 18.1 mm (17.1 mm for slow walk-
ing, 17.5 mm for normal walking, 19.6 mm for fast walking), while the global root mean
square error was on average 8.8 mm (8.6 mm for slow walking, 8.6 mm for normal walking,
9.3 mm for fast walking).

2.3 Inverse dynamics analysis

An inverse dynamics analysis was performed using the ground reaction forces and syn-
chronous kinematics reported in HIP98, and the joint intersegmental moments calculated
for the model as an open kinetic chain. In particular, the dynamic contribution of the miss-
ing torso and contralateral leg to the equilibrium of the pelvis were provided by six general
actuators acting on the six pelvis dofs. In OpenSim all the actuators are recruited through
minimization of a general objective function (see the following section), but as the ground-
pelvis joint is a determinate system the contribution of the general actuators is given by the
inverse dynamics results. As a consequence, their weighting on the objective function is a
constant in each frame of the kinematics and does not affect the recruitment of the other
muscle bundles. These actuators were assigned an Fyax equal to the maximum force calcu-
lated by the inverse dynamics in order to guarantee the joint equilibrium throughout all the
trials.

2.4 Load sharing problem and muscle forces estimation

Once the intersegmental moments acting on the model joints are known, it is necessary to
solve a load sharing problem or distribution problem, i.e. intersegmental loads have to be
distributed between the muscles involved in equilibrating the joints [39]. In musculoskeletal
models this problem is usually indeterminate, as the muscle actuators crossing a certain
joint exceed the number of degrees of freedom of the joint, generating a system that can be
equilibrated by different sets of muscle forces. The static optimization technique assumes
an optimal strategy underlying the muscle recruitment and can find a unique solution to the
load sharing problem.
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The optimization problem to be solved for a model having d rotational degrees of free-
dom and including #» muscle actuators is the following:

n

2
ming(F) =37 )

—/\ Fimax

) n R N R (1)
subject to Zr,-ij,-:Mj, i=1,...,n,j=1,...,d

i=1

0 < F; < Fjmax, i=1,...,n

In the above equation ¢ is the objective function to minimize, F; the force of the ith muscle,
F; max the maximal force the ith muscle can exert, 7; ; 1s the moment arm of the ith muscle
with respect to the jth rotational dof, and finally M ; is the intersegmental moment acting on
the jth dof. The ratio between F; and F; yax is considered as the muscle activation [15, 35],
so minimizing the objective function is equivalent to minimizing the sum of squared muscle
activations. In this study a nonlinear quadratic objective function [40] has been minimized
as it can be demonstrated to produce simultaneous muscle activations consistent with EMG
recordings and HCFs comparable with measured values [41].

It is worth noticing that this technique can be used to solve the load sharing problem for
fully dynamic tasks and the adjective ‘static’ in the name is due to the fact that the motion
is solved frame by frame independently, as in a static problem.

2.5 Hip contact forces

HCFs were calculated from the muscle forces obtained through static optimization. A de-
tailed comparison of the model predictions with respect to the HCFs measured by Bergmann
et al. [7] is provided both in terms of peak and global estimation error. At the frame of ex-
perimental peak (where kinematics and kinetics lead to the maximum measured HCFs) the
following parameters have been calculated to assess the model predictions:

(1) The relative error for the resultant force (as a percentage of the experimental peak). To
avoid cancellations due to opposite signs, the absolute values obtained from the trials
were averaged.

(2) The predicted and measured HCFs components expressed in the ISB recommended
femoral reference system [31] were compared. In brief, for the left leg in the reference
position the X axis points anteriorly, the Y axis cranially and the Z axis medially [31].

The model predictions over the entire gait cycle were then assessed by calculating the fol-
lowing indicators:

(1) The average trial deviation, calculated as the average difference between experimental
and numerical HCFs through each trial frame. A mean value and a range are provided
from all the trials of each subject.

(2) The Pearson’s correlation coefficient (R) to quantify the similarity in shape of the pre-
dicted and measured force resultants.

(3) The root mean squared error (RMSE), as a global indicator of the fit goodness.

2.6 Muscle forces

Activations of specific muscles that have been observed to be influenced by gait speed [28—
30, 42] are reported, in order to assess if the model can predict these changes. Tibialis
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anterior, gastrocnemius medialis, soleus, rectus femoris, medial hamstring, vastus lateralis,
and gluteus medius are considered.

Since in the developed model some muscles are modelled by several bundles, a mean
activation has been calculated. Subject S1 has been chosen as representative for discussion
purposes, presenting the largest speed difference between slow and fast walking.

3 Results

In Fig. 2, a visual comparison between the magnitudes of the measured and predicted HCFs
is presented for slow, normal, and fast walking.

The values of the average errors at the experimental peak frame are reported in Ta-
ble 3. The general tendency of the model is to underestimate the experimental peak
for slow walking and overestimate it for normal and fast walking. The relative error is
in a range from 0.2% to 22% of the experimental peak value. Individual HCF compo-
nents expressed in the femoral coordinate system are compared in Fig. 3; in the anterior-
posterior (X axis) and medio-lateral (Z axis) directions, respectively, the model under
and overestimates the absolute measured force, so giving a resultant oriented less poste-
riorly and more laterally than the experimental. This is particularly evident for the Z direc-
tion.

The RSME averaged for the activity trials is presented for each subject in Fig. 4, which
suggests that the global goodness of fit is generally decreasing as walking speed increases
(S2 is an exception having lower RMSE for normal than slow walking). The range of values
of R (Table 3) calculated for the individual trials indicate a strong correlation between mea-
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Fig. 2 (Color online) Hip contact force magnitudes measured in vivo (in red), taken from [7] and those
predicted by the model (in black) for three subjects walking at three different speeds. The average magnitude
is represented as a thick line, the range boundaries as thin lines
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Table 3 Average error at the frame of experimental peak, average trial deviation mean and range (minus
indicates underestimation) and the Pearson’s correlation coefficient R, reported for each walking speed

Activity Subject Relative error Average trial Average trial R¢
at exp peak deviation mean deviation range [range]
[% Exp peak] [% BW] [% BW]
Slow walking S12 16.2 21.7 - 0.95
S2 10.9° —1.4 —8.9-8.5 0.88-0.96
S3 4.1b —0.1 —3.6-3.1 0.93-0.96
Normal walking S1 16.3 17.3 9.5-25.5 0.91-0.94
) 0.2° 1.8 -2.3-82 0.90-0.96
S3 10.4 9.8 4.6-20.4 0.91-0.94
Fast walking S1 22.0 5.0 —3.5-18.5 0.86-0.93
S2 7.9 2.4 —0.3-8.2 0.88-0.95
S3 14.9 12.0 8.0-15.0 0.88-0.90

40nly one trial of slow walking was available for S1

bIf the arithmetic average is considered the value would be negative, indicating underestimation at the exper-
imental peak

¢p <0.01 for all R

Magnitude [%BW] X comp [%BW] Y comp [%BW] Z comp [%BW]
-20 -200 0
)
- _ -
o 350 20 250 50
Q2 =300 -300
=l 40 ~100
®» O 250 -350
T
200 -50 -400 -150
350 20 -150 0
B
o = 300 0 -200
5 9 -50
9 250 -20 -250
Qo u
=i -100
@ Q 200 -40 -300
150 -60 -350 -150
300 0 -200 0
) : E
g 8 —20 ,’i._-| —220
o~
9O S50 -40 —240 -50
Qo »
S LW
2l -60 1/}___1 ~260
I
200 -80 -280 -100 :
SwW NW FW sw NW Fw swW NW Fw sw NW FW
| EXP MODEL |

Fig. 3 (Color online) Average magnitudes and component values of the measured (in red), taken from [7]
and numerical (in black) hip contact forces (HCFs) compared at the frame of experimental peak for three
subjects walking at three different speeds. The force components are expressed in the ISB femoral local
reference system [28]. The error bars represent the range

sured and predicted HCFs. Average trial deviation mean and range are reported in Table 3.
The average trial deviation mean is smaller than 22% BW (18% if the single trial of slow
walking for Subject S1 is excluded) for all subjects.
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Fig. 4 Average root mean square error calculated for each subject for slow walking (SW), normal walking
(N'W) and fast walking (FW). The error bars represent the range
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Muscle activations obtained for slow and fast walking are compared for Subject S1 in
Fig. 5. The same comparison for the other subjects is available in the electronic supplemen-
tary material.

4 Discussion

In this paper the gait of three THR [7] patients was simulated using a musculoskeletal model
of the lower limb, in order to accurately assess its predictive potential for HCFs and muscle
activities over a range of walking speeds.

The HCFs calculated by the model have been shown to predict with an encouraging de-
gree of accuracy the experimental peak: relative estimation errors did not exceed 10.9%
when underestimating the peak and 22.0% when overestimating it. These results are in line
with previous validations [20, 21], which adopted linear muscle recruitment criteria, gener-

@ Springer



Prediction of hip contact forces and muscle activations during walking 165

ally unable to reproduce muscle synergism [43]. The HCFs component analysis reported in
Fig. 3 shows magnitude underestimation of the reaction force in the anterior-posterior direc-
tion and magnitude overestimation in the medio-lateral direction for all the walking speeds.
This may happen for two reasons:

(1) A straight line between the origin and insertion of gluteus maximus and gluteus medius
may lead to underestimation of the moment arm with respect to the hip joint centre,
causing higher muscle activation as a consequence of the higher force needed to equili-
brate the intersegmental moments.

(2) Postoperative abductor muscles weakness in THR patients [44, 45] (possibly due to
denervation [46, 47]) was not represented in the lower limb model. This condition could
alter the muscle recruitment requiring less activation from the abductor muscles.

RMSE and R values suggest that the HCFs are better predicted throughout the gait cycle for
slow walking speeds. The reason for this could be that the influence of muscle dynamics on
muscle force estimation is not negligible for all walking speeds (the study of Anderson and
Pandy [35] refers to a speed of 1.35 m/s).

With increasing walking speed, experimentally recorded EMG patterns exhibit ampli-
tude modulation and for some muscles modification of the phases of activity [28, 29,
42, 48]. For instance, the gastrocnemius EMG activity normally presents a single peak in
late stance, while for high walking speeds a second peak during early stance has been ob-
served [28]. This feature has been predicted by the model, as can be seen in Fig. 5. Also, the
behaviour of rectus femoris described in the investigation of Nene et al. [30] was recognis-
able in our simulations and generally the numerical results for this muscle were consistent
with the fine wire EMG data reported in that study and with the EMG profiles published
by Perry [49] for normal walking. Both a biphasic [50] and monophasic [29, 30] activation
has been reported for vastus lateralis during slow speed gait, and a certain variability in the
activation pattern has also been observed in normal walking [50, 51]. However, the EMG
profile becomes monophasic as speed increases, with a single peak in early stance [28-30].
Although a minor muscle activation was predicted, simulation results produced a single peak
during stance for slow walking, and a small second peak around toe off during fast walking.
Finally, modulation of muscle activation is recognizable in most muscles plotted in Fig. 5
except tibialis anterior and gluteus medius that seem not to modify their level. Consistent
EMG activation across different walking speeds was recorded for the tibialis anterior by
previous investigators [28, 29], while the gluteus medius load insensitive behaviour may be
due to the intersection of some of its bundles with gluteus maximus bundles. In conjunc-
tion with the medial hip contact force component overestimation, an improvement in the
modelling of the muscle layers of the hip seems mandatory to improve HCFs predictions.

As a final remark, it is noted that the trials here considered as fast walking (on average
1.64 m/s for S1), although consistent with other postoperative gait measurements in THR
patients [52], are actually quite slow if compared to fast walking speed in the referenced
EMG literature, e.g. 1.92 m/s [42] and 1.81 m/s [28]. This could have affected the compar-
ison with EMG studies by making changes in muscle activation less evident.

5 Summary
A musculoskeletal model of the lower limb was developed to simulate walking at different

speeds and predict muscle activation patterns and hip contact forces. The comparison of
the estimated internal forces against measurements obtained by instrumented prostheses
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[7] and EMG recordings available in the literature suggest that the model can predict with
satisfactory accuracy both the magnitude of HCFs and the muscle activation patterns with
varying walking speeds.

The results of this study are particularly encouraging because they represent a validation
of the musculoskeletal model over the same task executed with different modalities. Results
indicate a need to enhance the geometrical modelling of the gluteal muscles. A more accu-
rate representation of muscle layers seems necessary to improve estimation of both HCFs
and muscle activation patterns. More generally, muscle dynamics should be implemented in
the model in order to investigate high speed activities.
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