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Abstract

Biomechanics is a valuable tool to describe and evaluate the motion of the human body, providing insight that
can have applications in the fields of medicine, physical rehabilitation or sports. In this work, a 2D multibody
system analysis program was developed and implemented in Python, making use of a fully Cartesian coordinates
formulation, which allows for kinematic and dynamic analysis of this type of system, in general, and of the human
body in particular. To describe the characteristics of the human body, an extended anthropometric database was con-
structed, including three different age groups for both genders. Regarding the modelling of the musculotendon unit,
a Hill-type muscle model was used and integrated in the previous formulation. In order to evaluate the validity of the
multibody formulation, the moments of force at the lower limb joints were computed for the human gait, acquired
experimentally. A series of scenarios were also designed to test the reliability of the muscle model. Moreover, the
muscle activations and forces were estimated for the muscles spanning the ankle joint, during a gait cycle, using two
distinct optimization criteria: the minimization of the muscle activations and the min/max. This study concluded
that fully Cartesian coordinates are a reliable formulation for the computation of the joint moments. Furthermore,
the min/max criterion proved to be the best choice for the muscle indeterminacy problem. The results demonstrate
the importance of the scaling of the muscle dynamic parameters, to be implemented in this type of analysis.

Keywords: Biomechanics, Fully Cartesian coordinates, Multibody dynamics, Musculoskeletal modelling, Opti-
mization.

1. Introduction

Quantitative analysis of human motion provides use-
ful information used to describe, analyze and evaluate
the kinematics and dynamics of human movement. This
type of analysis is possible due to human movement
simulation, which makes use of biomechanical models.
These are suitable to analyze a variety of individuals as
well as movements, that may range from a normal gait
to the one of a handicapped person, or even complex
motions performed by elite athletes. The knowledge ob-
tained from the application of biomechanics to the study
of human movement is of extreme value for a diver-
sity of professionals, including health care profession-
als, orthopedic engineers or sports equipment designers
(Winter (2009)). These models can roughly be classified
as: i) non-musculoskeletal or musculoskeletal, depend-
ing on whether or not they include skeletal muscles; ii)
whole body or partial, according to the structures of the
human body that compose the model as, for example,
full body (Rabuffetti and Crenna (2004); Süptitz et al.
(2012); Sholukha et al. (2013)), upper body (Hingtgen
et al. (2006); Williams et al. (2006); Rettig et al. (2009)),
lower body (Kadaba et al. (1990); Nadeau et al. (2003);

Leardini et al. (2007)) or even detailed models of a sin-
gle anatomical segment, as it is common for the foot
(De Mits et al. (2011); Saraswat et al. (2013); Seo et al.
(2014)) or shoulder (Quental et al. (2013b, 2012)); and
iii) spatial (Silva (2003); Pereira (2009); Moissenet et al.
(2014); Anderson and Pandy (2003)) or planar models
(Ackermann and van den Bogert (2010); Hof and Ot-
ten (2005)). Although spatial models are a closer rep-
resentation of the human body, this additional level of
complexity is not always necessary. Depending on the
type of movement under analysis, and on which plane it
takes place, the use of a reduced planar model may be
just as valid, yielding equally reliable results (Millard
et al. (2019)).

Human movement analysis can be performed solely
with the intent to know the body’s kinematic parameters
and joint moments, in which case a non-musculoskeletal
model is used, or it can be directed at obtaining the
forces being developed at the muscles. For the lat-
ter, musculoskeletal models need to be implemented.
These models appear as a solution to previous inva-
sive or imprecise force measuring procedures. Some
invasive methodologies enable the direct and real time
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measurement of muscle forces during human move-
ment. However, and despite the accuracy of its re-
sults, this methodologies are subject to a lot of criticism,
as they involves subjecting volunteers to an unneces-
sary surgical procedure for the implantation of trans-
ducers in the region of interest under analysis (Komi
(1990)). Electromyography (EMG) is presented as a
non-invasive alternative for the estimation of muscle ac-
tivity, as an indirect method. However, EMG does not
allow to obtain information about individual muscle ac-
tivity, as the electrodes are placed superficially, leading,
in some cases, to the recorded information being a re-
sult of the contribution of various muscles crosstalk, and
in other cases to leave out the information on the ac-
tivity of deep muscles. Hence, the need to use muscu-
loskeletal models (Quental et al. (2013a); Bayoglu et al.
(2019); Silva (2003); Neptune and McGowan (2016);
Delp et al. (2007)). Examples of smooth and cardiac
muscle modelling can also be found in the literature
(Tan and De Vita (2015); Hunter et al. (1998)). How-
ever, these two muscle types are outside the scope of
this work and, therefore, only skeletal muscle modelling
will be described in detail.

In a musculoskeletal model, each muscle is repre-
sented by a musculotendon unit (MTU). This MTU
is typically defined as a Hill-type model, in which a
muscle is described as a set of three components (Hill
(1949)). The muscle is in turn linked to a tendon, which
can, in its turn, be considered to have an elastic or rigid
behaviour. With respect to the accuracy and the speed
of different MTU models, using both a rigid and an
elastic tendon, Millard et al. (2013) concluded that the
forces produced by the different models were very sim-
ilar among them. Moreover, the rigid tendon model
could run simulations up to 54 times faster then the
remaining models, making it a reliable method for the
study of movement mechanics. In the present work, a
rigid tendon model was implemented.

To describe the contractile properties of each muscle,
a series of variables are necessary, namely the isometric
contraction force, the pennation angle, the resting length
or the optimal fiber length, and the tendon slack length.
Ideally, these parameters would refer to the individual
under analysis, but usually the construction of subject-
specific models is not feasible as it can be too expen-
sive and time consuming. Therefore, the most com-
mon approach is to use generic models, based on data
available in the literature, either collected from a sin-
gle cadaver (Klein Horsman et al. (2007); Carbone et al.
(2015)) or from various subjects (Ward et al. (2008);
Rajagopal et al. (2016); Delp (1990); Handsfield et al.
(2014)). However, when using any of these models, one
of the aspects that should be taken into consideration is
the scaling of the parameters to better fit the test subject.
Yet, scaling of muscle parameters is a complex problem
of on-going research (Winby et al. (2008); Castro et al.
(2019); Modenese et al. (2016)) that falls outside the

scope of this thesis. With respect to this, Moissenet et al.
(2017) stated that, if changes can be made on muscu-
loskeletal models that influenced the results’ accuracy,
then the need for model personalization is reduced. One
of the changes that most impacted the results was the
definition of the optimization problem. That is, altering
the cost function or the constraints of the optimization
problem was found to have a significant impact on the
distribution of MTU forces. The need for an optimiza-
tion routine and a description of its characteristics will
be addressed later.

In summary, when dealing with musculoskeletal
models, some assumptions are typically made, in order
to keep the model as simple as possible. Moreover, it
is also assumed that all muscle fibers of a given muscle
have the same properties, which implies that the force
developed by the whole muscle is a result of some scal-
ing of the force produced by a single muscle fiber (Zajac
(1989)).

Multibody dynamics applied to biomechanical sys-
tems makes use of musculoskeletal models, with the in-
tention to study a certain movement of interest, and it
can be separated in inverse (Silva (2003); Nadeau et al.
(2003)) and forward dynamics (Neptune et al. (2004);
Raasch et al. (1997)). In inverse dynamics, the aim is
to compute the set of forces developed in the system
to generate a given movement experimentally obtained,
while the purpose of forward dynamics is to find the
movement that is the result of the application of a set
of external loads to the system (Otten (2003)). In this
context, a multibody system, as it is the case of the
human body, can be described as a set of bodies that
are connected to each other by kinematic pairs and sub-
ject to external forces. The orientation and position of
each body within this system is uniquely defined by a
set of parameters that are dependent of the implemented
multibody formulation. The selected formulation will
influence the number of generalized coordinates used to
describe the system and the amount of non-linear con-
straint equations generated.

Different multibody formulations can be employed,
with each having its own advantages and disadvantages.
The most common formulations include the relative co-
ordinates formulation (RCF), the Cartesian coordinates
formulation (CCF) and the natural coordinates formula-
tion (NCF).

Using the RCF, each body is defined relatively to the
previous one or to the global reference frame, when
there is no adjacent body. This means that, for a planar
open chain mechanism, each body can be described by
only one coordinate. A small number of coordinates re-
sults in good numerical efficiency. However, this aspect
also leads to the components of the equations of motion
(EOM) being too full and highly nonlinear which re-
sults in a costly evaluation of these (de Jalón and Bayo
(1994)).

The CCF, on the other hand, allows to describe each
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rigid body based on the absolute position and angular
rotation of its local reference frame, in relation to the
global reference frame. This way, in a planar system,
each rigid body is defined using three generalized coor-
dinates (Nikravesh (1988)). The main advantage of this
formulation, compared to the RCF, is that the matrices
it originates are sparse and, therefore, easier to evalu-
ate. Still, this formulation requires the use of more vari-
ables than the previous one, leading to a heavier compu-
tational evaluation (de Jalón and Bayo (1994)).

At last, the NCF appears as an evolution of the CCF.
With this formulation, each body is described by at least
two points, which provide information regarding both
the position and orientation of that body. The main
improvement of this type of coordinates, compared to
the previous one, is the absence of the angular param-
eter. This novelty appeared as a great advantage, as it
allowed to simplify the constraint equations and to de-
fine the joints in an implicit way. This last aspect is,
in fact, what gave rise to the name of this formulation,
since the definition of some simple joints appeared in
a natural way through the sharing of points (de Jalón
and Bayo (1994)). However, the absence of an explicit
joint definition implies that the reaction forces gener-
ated at the joint cannot be obtained directly from solving
the EOM. Moreover, this formulation lacks systematiza-
tion, as the number of points defining a rigid body and
the correspondent mass matrices will vary depending on
the body’s structure (Roupa et al. (2018)).

As such, the FCCF arises as a possible solution to the
problems underlying the previously mentioned formu-
lations. The intention of this formulation was to com-
bine the best features of the NCF and the CCF. Using
the FCCF, the position and orientation of the bodies are
still described using only Cartesian coordinates, and the
contributions to the constraints vector are also still lin-
ear or quadratic, as in the NCF. However, the definition
of the rigid bodies is done systematically, as it happened
with the CCF. Moreover, the system matrices are inde-
pendent because there are no shared points between the
bodies. Applying the FCCF in planar motion, each el-
ement of the multibody system is described by a set of
one point and one unit vector (Roupa et al. (2018)).

Another aspect that is important to mention when
dealing with musculoskeletal models is muscle redun-
dancy. In the human body, each kinematic degree of
freedom is crossed by more than one muscle, more pre-
cisely by 2.6 muscles, on average (Zatsiorsky and Prilut-
sky (2012)). These muscles can either act as synergists
or antagonists, but, in any case, there will be unlim-
ited possible combinations of muscle forces generated
to produce a certain movement at each joint. Moreover,
even muscles which are not directly linked to that joint
can act upon it (Zajac (1993)), contributing to the in-
determinacy problem. In multibody dynamics, this fact
is easily explained by the existence of more unknowns
than equations, when solving the EOM. The way to deal

with this situation is to make use of optimization tech-
niques (Yamaguchi (2001); Silva et al. (2011)).

Optimization tools are implemented in multibody dy-
namics with the intent to select, from the endless set
of possible combinations of muscle forces, the one that
minimizes a given cost function. The cost function
should be chosen according to a certain physiological
criterion of interest, that aims to mimic the choice made
by the CNS. For instance, Crowninshield and Brand
(1981) used the muscle stress-endurance relationship to
develop a cost function that minimizes muscle stress,
while maximizing muscle endurance.

Optimization can be either static or dynamic. Static
optimization is used in parallel with inverse dynamics
and, at each instant, muscle forces are estimated accord-
ing to the minimization of a cost function. Different re-
searchers used this kind of optimization in their works
(Crowninshield and Brand (1981); Silva et al. (2011);
Edwards et al. (2008)). Nevertheless, this method only
takes into consideration instantaneous criteria, which
does not replicate in a real manner the way of operating
of the CNS. On the other hand, dynamic optimization is
performed during forward dynamics and makes use of
repeated integrations of the EOM (Pandy et al. (1992)).
However, because of this, this method is associated with
high computational times, which can appear as a disad-
vantage for complex systems. Moreover, the level of
complexity corresponding to this type of optimization
is usually not necessary for the study of normal gait,
as concluded by Anderson and Pandy (2001). In other
cases, such as during wheelchair propulsion, which in-
volves significant co-contraction, dynamic optimization
is preferable (Morrow et al. (2014)).

As stated above, cost functions used in static op-
timization can be based on maximizing muscle en-
durance, while minimizing the total muscle fatigue.
These cost functions, despite having the same goal, can
be based on different criteria. Rasmussen et al. (2001)
compared three different optimization criteria, including
the polynomial - as used by Crowninshield and Brand
(1981) -, the soft saturation and the min/max. In the
limit, the authors found that both the polynomial and
soft saturation criteria converged to the min/max crite-
rion, which also agreed with the best results for muscle
recruitment. Therefore, the min/max criterion is prefer-
able over the other two, since it allows the same results
to be obtained with lower computational effort.

2. Methods
Musculoskeletal Modelling. The musculotendon unit

(MTU) model used in this work consisted of a Hill-
based model with a rigid tendon. It is composed of con-
tractile element (CE) and a passive element (PE). While
the CE accounts for both the contractile and damping
properties of the muscle tissue, the PE reproduces the
elastic properties. A representation of such model is
shown in Figure 1.
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Figure 1: Hill-based muscle model. lm is the muscle fiber length, lt

is the tendon length, lmt is the MTU length, α is the pennation angle,
lw the muscle width and Fm the force developed by the MTU.

The force produced by the MTU can, therefore, be
described mathematically by the following expression:

Fm = Fm
CE + Fm

PE (1)

where Fm
CE depends on the activation level of the mus-

cle am(t), on the isometric contraction force Fm
o , which

corresponds to the force that the muscle can produce at
its optimal or resting length lo, and on the length lm and
rate of contraction vm of the muscle fibers. Fm

PE de-
pends only on lm.

Fully Cartesian Coordinates Formulation. Using the
FCCF, in planar motion, a generic rigid body is de-
scribed solely by one point i and one vector vi. The
point is located at the body’s center of mass and the
vector is pointing to a specified reference direction. The
coordinates of the point describe its translation, whereas
the coordinates of the vector describe its orientation.
This translates in the following generalized coordinates
vector q of the multibody system:

q = {qT1 . . . qTi . . . qTn }T = {x1y1vx1
vy1

. . .

. . . xiyivxi
vyi

. . . xnynvxn
vyn

}T(nc×1)

(2)

where n is the total number of bodies of the model, and
xi, yi and vxi

, vyi
are the Cartesian coordinates of point

i and vector vi, respectively. The length of vector qi

is 4, which corresponds to the number of generalized
coordinates required to define the generic rigid bodies
with fully Cartesian coordinates. Given this, the vector
of generalized constraints is represented as follows:

Φ(q, t) = {Φ1(q) . . . Φns(q) Φns+1(q, t) . . .

. . . Φns+nr(q, t)}T = 0T
(3)

where ns and nr correspond to the number of sclero-
nomic and rheonomic constraints, respectively. Using
the FCCF, the coordinates of a generic point P can be
given as:

rP = CPiqi (4)

where qi is the vector of generalized coordinates of
body i, and CPi is a transformation matrix that allows

to express the coordinates of any point P in terms of the
generalized coordinates of body i. Matrix C depends
only of locally defined vectors, so it will be constant,
for each point, throughout the entire analysis.

Inverse Dynamics. The EOM to solve in the inverse
dynamics routine are given by:{

Mq̈ +ΦT
q λ = g

Φqq̈ = γ
(5)

where M is the global mass matrix, q̈ is the vector of
generalized accelerations, Φq is the Jacobian matrix of
the system, g is the vector of generalized forces, and γ is
the right-hand side vector of the acceleration constraint
equations.

Incorporating Muscles in the EOM. Muscle structures
are implemented as external forces. An example config-
uration is shown in Figure 2.

(a) (b)
Figure 2: Biomechanical representations of a muscle with 3 via-
points. (a) Muscle and direction vector representation. (b) Muscle
force representation.

In this case, the muscle is constituted by 8 force vec-
tors. The force applied at a given point p is given by:

Fm
p = udF

m (6)

where ud is the direction vector of the force and Fm is
its magnitude. Fm is considered to be the same for all
segments.

For the incorporation of muscle forces into the EOM,
these need to be expressed in terms of a generalized
force vector, with respect to the coordinates of the whole
system. In a first step, muscle forces can be written
in terms of the generalized coordinates of its respective
rigid body gFm

p

rb . Using Equation 4, gFm
p

rb can be expressed
as:

gFm
p

rb = CT
p Fm

p = CT
p udF

m (7)

If a rigid body has more than one Fm
p associated, then

all can be summed to form the generalized force vector
of muscle m relative to that rigid body. For the example
in Figure 2, two of these vectors will be originated:
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gmI = gF1

I + gF2

I + gF3

I (8)

gmII = gF4

II + gF5

II + gF6

II + gF7

II + gF8

II (9)

At this point, a vector of the muscle forces with re-
spect to the whole system coordinates gFm

p can be as-
sembled through the sum of the various gm

rb, in Equa-
tions 8 and 9. This vector contains both the contractile
and the passive components of the muscle force, which
makes it possible to express it as:

gFm

= gFm

PE + ĝF
m

CE a (10)

where gF
m

PE is the generalized force vector of the passive
element and ĝF

m

CE is the generalized force vector of the
available contractile force, which will then be multiplied
by the respective muscle activation a.

Optimization. The control variables in this optimiza-
tion problem are the unknowns of the inverse dynamics
analysis. These include the Lagrange multipliers and the
muscle activations, assembled in vector x:

x =

{
λ
a

}
(11)

This solution is, however, subject to the system’s con-
straints. The first constraint to be considered is the one
imposed by the EOM of the system. At each instant,
the musculoskeletal model must satisfy the following
expression:

feq =


f1
...
fnc

 =
[
ΦT

q −χT
]{λ

a

}
+ Mq̈− (gext+

+gM1
PE + · · ·+ gMnm

PE ) = 0
(12)

In this work, the Lagrange multipliers values associated
with the joints spanned by the muscles are forced to values
close to zero. This way, to guarantee the fulfillment of the
equality constraints in Equation 12, the muscle activations
must compensate that situation. The following limitations
arise:

|λ∗|≤ ε (13)

0 ≤ am ≤ 1, for m = 1, ..., nm (14)

−∞ ≤ λR ≤ +∞ (15)

where λ∗ refers to the Lagrange multipliers associated with
the joints spanned by the muscles, am corresponds to the acti-
vations and λR includes the remaining Lagrange multipliers.
In Equation 13, ε is small enough to assure that the joint con-
tributions can be disregarded.

Lastly, two different cost functions were implemented and
tested. The first cost function, given by Equation 16, consists
in the minimization of the sum of the cubic activations, while
the second, given by Equation 17, tends to minimize muscular
fatigue through the maximization of muscle endurance.

G(Fm) =

nm∑
i=1

(ami )3 (16)

G(Fm) = max

(
Fm
i

Ni

)
, i = 1, ..., nm (17)

where ami is the activation, Fm
i is the muscle force, and Ni is

a normalization factor of a given muscle i.
For the implementation of the second cost function, the

min/max criterion is used. Using this criterion, the distribu-
tion of forces should be such that the maximum relative force
is minimized. That is, the force exerted by the muscle sup-
porting the higher load is as little as possible (Rasmussen et al.
(2001)).

Biomechanical Model. The biomechanical model is com-
posed of 15 rigid bodies and has a total of 17 degrees of free-
dom, but for the study of the gait cycle in Section 3, only 5 are
analyzed. The rigid bodies are interconnected by ideal revo-
lute joints, which only allow rotation along one direction. This
model is illustrated in Figure 3.

Figure 3: Biomechanical model representation.

The anthropometric parameters used in this work are pre-
sented in Table 1.

Table 1: Anthropometric data, for a 50 percentile adult female sub-
ject.

Segment
SL/ BH SW/ BW CoM/ SL RoG/ SL

Proximal CoM

Head 0.1154 DL 0.082 H 0.4106 DL 0.33 DL

Thorax and
abdomen 0.2005 DL 0.355 W 0.63 W 0.861

Pelvis 0.1046 DL 0.142 H 0.105 W 0.433 DL

Upper arm 0.1586 DL 0.029 H 0.5754 DL 0.278 DL

Forearm 0.1523 DL 0.0157 H 0.4559 DL 0.261 DL

Hand 0.0449 DL 0.005 H 0.7474 DL 0.531 DL

Thigh 0.2124 DL 0.1175 H 0.3612 DL 0.369 DL

Leg 0.2492 DL 0.0535 H 0.4416 DL 0.271 DL

Foot 0.1316 DL 0.0133 H 0.4014 DL 0.299 DL

Abbreviations: SL, segment length. BH, body height. SW, segment weight.
BW, body weight. CoM, center of mass. RoG, radius of gyration. Source
codes: DL, de Leva (1996). H, Hall (2012), W, Winter (2009). The values
that do not have a source code associated, were estimated.

The database used for the modelling of the muscle was
constructed with values available in the work of Delp (1990)
and later modified by Carhart and reproduced by Yamaguchi
(2001).
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Experimental Data Acquisition. The experimental data ac-
quisition was performed in the Laboratório de Biomecânica
de Lisboa (LBL). The data was acquired at a frequency of 100
Hz using 14 cameras (Qualisys R© ProReflex 500/1000) syn-
chronized with 3 force plates (AMTI OR 06). The force plates
registered the force being exerted by the body on the floor and
center of pressure of that same force. The height and weight
of the female subject under analysis were also collected and
take the values of 1.63 m and 54 kg, respectively. The data
was later processed using a second order Butterworth filter, to
eliminate any possible artifacts.

3. Results and Discussion
Inverse Dynamics Analysis. The moments of force obtained

from the inverse dynamics analysis are shown in Figure 4.

Figure 4: Representation of the moments of force around the hip,
knee and ankle joint and of the support moment, with respect to stride
percentage.

From the work of Winter (2009), one can notice that the hip
and knee moments of force are the ones with higher coefficient
of variation (CV), whereas the remaining moments present a
CV of just around 20 %. Comparing the curves obtained from
the inverse dynamics routine with the ones from the literature,
it is clear that the curves that are more similar are the ankle
and the support ones. This fact can be explained by the previ-
ously mentioned CV factor. Moreover, Lewis and Sahrmann
(2014) found that the position of the trunk relative to the hips
and knees had a significant impact on the hip, knee and an-
kle moments of force during gait, which can also explain the
variability among subjects.

Musculoskeletal Analysis. The muscle activations for the
ankle joint, using both the minimization of the cubic activa-
tions and the min/max criteria were obtained. However, mus-
cle activations do not directly translate into muscle forces.
That is, just by knowing the activation curve, little assump-
tions can be made as for the contribution of a given muscle
to the movement under analysis. The total muscle force pro-
duced by the muscle also depends on the muscle’s length and
contraction velocity. Therefore, the resulting muscle force for
each muscle is shown in Figure 5.

Overall, the results obtained using the min/max criterion
appeared to have a more physiological behaviour than those
obtained through the minimization of the cubic activations,
or than those found in other works (Silva (2003); Pereira
(2009)). Moreover, as stated by Rasmussen et al. (2001), the
min/max method was found to converge faster then the alter-
native method, and the occasions where the optimizer could
not find a solution were considerably less.

One of the first aspects that is worth mentioning, regarding
the results of the muscle forces, is that the muscles generat-
ing lower forces correspond to the ones with lower Fo. This
was already expected, as the min/max criterion preferably as-
sociates higher loads with stronger muscles, this way maxi-
mizing muscle endurance.

Pederson et al. (1987) states that the validation of the es-
timated muscle forces is a complex topic. The reliability of
these results depends on a number of variables, such as the
input data, the optimization technique and the cost function,
the muscle model or even the human subject under analysis,
among others. Therefore, the validation of the muscle acti-
vation or force patterns, by comparison to others available in
the literature, is not straightforward. As such, for the discus-
sion of these values, instead of analyzing the muscles indi-
vidually, these will be grouped according to its physiological
function. Two groups can be assembled: ankle plantar flexors,
containing the gastrocnemius (lateral and medial), soleus, tib-
ialis posterior, flexor digitorum longus, flexor hallucis longus,
peroneus brevis and peroneus longus; and ankle dorsiflexors,
composed by the tibialis anterior, extensor digitorum longus,
extensor hallucis longus and peroneus tertius. The results for
the muscle forces, considering the previous groups, are shown
in Figure 6.

From the graphics presented in Figure 6, two distinct phases
can be identified: the stance phase (starting at 0% of stride and
ending at 60% of stride, with the toe-off), and the swing phase
(starting at 60% of stride and extending until 100%). At the
beginning of the gait cycle, it is possible to note the dropping
of force produced by the dorsiflexors. This can be explained
by the deceleration of the foot at the initial contact of the
heel with the ground. Right after this phase comes the single
support phase, where both groups of muscles are generating
higher tensions to support the total body weight. Immediately
before the toe-off phase, which takes place at 60 %, the plantar
flexors can be seen more active, since these will be responsi-
ble for giving forward propulsion of the body. Similar results
were also found in other works, in which the authors state that
ankle plantar flexors are responsible for generating the major-
ity of support in the last stance phase (Anderson and Pandy
(2003); McGowan et al. (2008); Neptune and Kautz (2001);
Liu et al. (2006)). During the stance phase, the muscle acti-
vation levels are typically higher, especially during the single
support phase, as the muscles are responsible for supporting
the total body weight. During the swing phase, the moments
of force at the joints decrease to values near zero, as seen in
Figure 4, and so do the muscle activations and forces. During
this phase, the body uses the thrust generated in the previous
phase to move the leg forward, hence the lack of need for high
muscle forces.

The curves in Figure 6 can further be compared with others
available in the literature, as it is the case of the ones presented
in Figure 7. The results from both works were found to have
similar behavior.

4. Limitations
One of the major limitations of this work is the lack of sim-

ilarity between the musculotendon parameters used to run the
analysis and the ones of the test subject. Scaling of these pa-
rameters was not performed due to the high complexity of the
procedure, but the existing height difference between the two
subjects cannot be ignored. Although this factor was taken
into account when scaling the coordinates of the muscles, the
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(a) Gastrocnemius Medial. (b) Gastrocnemius Lateral.

(c) Soleus. (d) Tibialis Posterior.

(e) Flexor Digitorum Longus. (f) Flexor Hallucis Longus.

(g) Tibialis Anterior. (h) Peroneus Brevis.

(i) Peroneus Longus. (j) Peroneus Tertius.

(k) Extensor Digitorum Longus. (l) Extensor Hallucis Longus.
Figure 5: Muscle forces of individual muscles obtained using the min/max criterion. All the results are given as a function of the % of stride.

(a) Plantar flexors.

(b) Dorsiflexors.
Figure 6: Muscle forces of muscular groups obtained using the
min/max criterion. All the results are given as a function of the %
of stride.

final configuration is still likely to not match the individual’s
own muscle architecture. Furthermore, the new set of coordi-
nates together with the remaining muscle parameters and ad-
justed optimal fiber length, may originate an unreal configura-
tion that might not make sense.

Another important aspect is the lack of EMG data to com-
pare the obtained muscle forces with. Even though the muscle
activation patterns can be compared to data available in the
literature, the accuracy of the muscle tension values, being de-
veloped by this subject in particular, cannot be confirmed.

Lastly, only one gait cycle was analyzed, which is not sta-
tistically significant to validate the results here presented.

5. Conclusions and Future Work
The main objective of this work was to develop, in Python,

a 2D rigid body model of the human body, using the FCCF,
and to evaluate the accuracy of the inverse dynamics results,
during gait. In addition, a musculoskeletal model of the leg

7



(a) Plantar flexors.

(b) Dorsiflexors.
Figure 7: Muscle forces of muscular groups from the work of Silva
(2003). All the results are given as a function of the % of stride.

was also developed. Finally, two different criteria for the mus-
cle redundancy optimization problem were implemented and
compared, through the analysis of the activations and forces of
the muscles spanning the ankle joint.

Firstly, the FCCF showed to be a reliable formulation for
the computation of the lower body joint moments, as it yielded
results very similar to works that made use of other multibody
formulations.

On the other hand, the musculoskeletal model used in this
work also proved to be a valid model for estimating muscle
activations and forces, since it behaved as expected under dif-
ferent analysis setups.

Concerning the analysis of the activations and forces of the
muscles spanning the ankle joint, throughout the gait cycle,
these had reasonable patterns and even agreed with some of
the findings available in literature. Nevertheless, it became
clear that the specificity of the muscle parameters is in fact a
determinant factor for the reliability of the results. Although
the coordinates of the insertion points of the muscles were es-
calated, the remaining parameters were not, which resulted not
only in an inaccurate association of the parameters to the sub-
ject, but also in an inconsistent combination of variables. This
aspect is believed to be the main reason for any imprecision in
the force distribution between the muscles.

Nevertheless, a comparison between the two optimization
criteria was possible. Overall, the min/max criterion seemed
to have a better performance, as it distributed the load across
a wider range of muscles, and the activation levels did not sat-
urate as it happened with the other criterion. Moreover, using
the min/max criterion, the optimizer managed to more easily
find a solution to the force distribution problem.

A major improvement to this work would be a more com-
plete scaling of the musculotendon parameters, as it should
generate more accurate results.

Muscle wrapping-around could as well be a positive con-
tribution to this work, by ensuring that the muscles do not go
through the bone, but rather around it.

Moreover, other movements besides gait should also be
studied, in which case a musculoskeletal model with an elastic
tendon should also be implemented, in order to obtain more

accurate muscle forces measurements.
Finally, it would also be interesting to add a muscle fatigue

component to the musculoskeletal model, especially if other
movements besides gait are studied.
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