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Abstract

The rotator cuff is prone to injury, remarkably so for manual wheelchair users. To understand its pathomechanisms, finite
element models incorporating three-dimensional activated muscles are needed to predict soft tissue strains during given
tasks. This study aimed to develop such a model to understand pathomechanisms associated with wheelchair propulsion.
We developed an active muscle model associating a passive fiber-reinforced isotropic matrix with an activation law linking
calcium ion concentration to tissue tension. This model was first evaluated against known physiological muscle behavior;
then used to activate the rotator cuff during a wheelchair propulsion cycle. Here, experimental kinematics and electromyo-
graphy data was used to drive a shoulder finite element model. Finally, we evaluated the importance of muscle activation by
comparing the results of activated and non-activated rotator cuff muscles during both propulsion and isometric contractions.
Qualitatively, the muscle constitutive law reasonably reproduced the classical Hill model force—length curve and the behavior
of a transversally loaded muscle. During wheelchair propulsion, the deformation and fiber stretch of the supraspinatus muscle-
tendon unit pointed towards the possibility for this tendon to develop tendinosis due to the multiaxial loading imposed by
the kinematics of propulsion. Finally, differences in local stretch and positions of the lines of action between activated and
non-activated models were only observed at activation levels higher than 30%. Our novel finite element model with active
muscles is a promising tool for understanding the pathomechanisms of the rotator cuff for various dynamic tasks, especially
those with high muscle activation levels.
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Introduction repeated or heavy loading, the rotator cuff muscles are put

under strain, which can lead to injury. For instance, manual

Shoulder function is a “perfect compromise between stabil-
ity and mobility” [1]. As the glenohumeral joint’s skeletal
structure is inherently unstable, muscles, particularly those
of the rotator cuff, play a critical role in this compromise
[2]. Accordingly, when the upper extremity is subjected to
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wheelchair users, who rely on their upper extremities for
mobility and daily activities, have a higher prevalence of
rotator cuff injuries than the able-bodied population, particu-
larly for the supraspinatus tendon [3-5]. In a sample of 10
wheelchair users, Morrow et al. [5] observed that this tendon
was mostly torn at the anterior portion of the insertion site
in the intrasubstance or articular regions. For a larger group
(n=44), Jahanian et al. [6] reported a higher prevalence of
tears in the insertion zone at the bursal region in the anterior
and middle portions of the tendon. A better understanding
of the rotator cuff loading and strain during a given task
might help explain the higher prevalence and specificity of
the lesion location for manual wheelchair users.

Finite element analysis, being a numerical method adept
at resolving intricate problems in continuum mechanics,
presents a valuable tool for modeling the mobility of the
shoulder complex and assessing the distribution of strain
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within soft tissues. In their review of shoulder finite ele-
ment models, Zheng et al. [7] concluded that there is a need
for comprehensive dynamic models that account for soft
tissue interactions. As boundary conditions greatly influ-
ence the simulation results, the model should account for
physiological constraints and loading [8]. To this aim, vari-
ous models have relied on force and kinematics extracted
from rigid multi-body models [9—12]. Nevertheless, in these
models, the muscle forces were applied either through one-
dimensional connector elements [11, 12] or as external vec-
tor loads [9, 10]. In the former case, the strain within the
muscle volume could not be estimated, while in the latter,
the influence of the activated state on the muscle volume was
not considered. As muscles contain mostly water, they are
nearly-incompressible structures. Therefore, their contrac-
tion in the fiber direction results in a wider cross-section
[13]. These interactions between the contractile elements
and the extracellular matrix may alter muscle force genera-
tion [14]. By incorporating these interactions, a finite ele-
ment model can depict the effect of contacts between struc-
tures on the muscle longitudinal force [15, 16], as well as
the transmission of forces through connective tissue [17].

To model muscle contraction, some studies associated
one-dimensional elements governed by the Hill muscle
model with isotropic passive three-dimensional hexahedral
elements [16, 18, 19]. However, meshing soft tissue volumes
accurately with hexahedral elements is challenging to imple-
ment [20], particularly as the element edges should align
with fiber trajectories. Another approach is to include the
contraction in the continuous constitutive law. In such mod-
els, muscles are contracted using a force—length relationship
based on the Hill muscle model [21, 22], the Hatze model
[23-25], or the calcium chemical equilibrium [26]. The use
of the force—length relation can be criticized as the rela-
tionship is not continuous in length and time [27]. Both the
Hatze and chemical-equilibrium models represent equivalent
activation dynamics [28]. Whereas the latter has been mostly
implemented to study cardiac muscle, it has the advantage
of expressing the physiology behind muscle excitation. As
cardiac and skeletal muscles have similar contraction mecha-
nisms [29], this law could be an alternative approach for
activating skeletal muscles.

Finite element analysis for modeling shoulder muscles
remains underrepresented in current literature. Notably,
there is a noticeable lack of finite element shoulder models
that incorporate active three-dimensional muscles, whose
contraction is based on the physiology of activation dynam-
ics, and not solely using the Hill muscle model. Conse-
quently, this study aimed to develop a model of the shoulder
complex with active three-dimensional rotator cuff muscles:
the rigid segments, representing the bones, were driven by
kinematics extracted through a rigid multibody model; addi-
tionally, the modeling of the muscles accounted for their

quasi-incompressibility, anisotropy, and contractility by
activating hyper-elastic fibers using experimental electro-
myography (EMG). We hypothesized that this model would
help understand the pathomechanisms of rotator cuff injuries
associated with wheelchair propulsion. Thus, our aim was
to evaluate if the model can predict regions at risk of injury
that align with clinical observations. A secondary hypothesis
was that an activated model would lead to differences in the
strain distribution within the soft tissue, which might alter
the muscles’ lines of action. Accordingly, in this article, we
will first showcase how the implemented muscle model can
predict physiological muscle behavior. Then, we will use the
presented muscle model to evaluate rotator cuff strain during
manual wheelchair propulsion and explain potential injury
pathomechanisms. Finally, we will evaluate the differences
in simulation outputs between activated and non-activated
muscles to conclude on the importance of muscle activation
in finite element muscle modelling.

Methods
Muscle Activation Law

As muscles are hyperelastic, nearly-incompressible, and ani-
sotropic entities [20, 30], their structure was modelled as
an extracellular isotropic matrix reinforced with fibers [21,
24, 31]. The isotropic energy was a function of the two first
principal invariants of the deformation tensor, while the ani-
sotropic energy was a function of the fiber stretch. Nearly-
incompressible Ogden [18] and Holzapfel-Gasser—-Ogden
models [32] were used to model the isotropic and the fiber
passive behaviors, respectively. The contractile behavior of
the muscle was based on an activation model that describes
the relationship between the calcium ion concentration and
the tissue tension [33]. This model expresses the chemical
equilibrium during muscle contraction at a given sarcomere
length as follows [33]:

_ [Ca2+]"
[Ca2+]n + [Ca

T s 1)
50

where 7 is the active fiber Kirchhoff stress, 7,,,, is the maxi-
mum isometric tension at maximum calcium concentration,
[Ca2+] is the calcium concentration, [Cagg] is the calcium
concentration at 7,,,. /2, and n represents the Hill coeffi-
cient. As the calcium ion concentration is correlated with
the neural excitation intensity [34], and since we only need
their relative value to drive this law, we used experimental
normalized neural excitation (i.e., normalized EMG) as an
input to this model. To account for the length dependency
of the sarcomere calcium sensitivity, [Cagg] was expressed
as a function of the element length:
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optimal element length, and /, is a minimal element length. '§ 0.501
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cannot generate an active force below a given length [35]. g 0.25) N

Material laws were implemented using the MAT-295 of r4 - - N N
the LS-DYNA material library. Passive material constants 0.0“ 5 Il(’){// - 15

(i.e., Ogden and Holzapfel-Gasser—Ogden parameters)
were calibrated from experimental data [36, 37]. 7,,,, Was
calibrated to enable the fully activated muscle to generate a
maximal isometric force consistent with values reported in
the literature [38]. [Cai’;x] was first bounded between 10 and
16 pmol/L [39]. Then, the parameters b, n, and [Cai*{;x] were
adjusted to achieve an electromechanical delay of 20 ms
as reported in [40-42], while having [Cagg] values consist-
ent with in-vitro data [43], i.e., between 1 and 2.5 pmol/L.
Details of the parameters are provided in the Appendix sec-
tion (Table 1).

Investigation of the Activation Law: Simple Muscle
Model

To compare the contractile behavior of the implemented
model to the classically used Hill muscle model, we evalu-
ated the force—length curve generated with the implemented
constitutive law by simulating isometric contractions at vari-
ous muscle lengths. A simplified fusiform cylindrical muscle
was first stretched, and its passive force was evaluated. Then,
the muscle was shortened or stretched from 50 to 150% of
its initial length at rest (L). Constrained at this new length,
the muscle was fully activated. To reduce simulation time,
only a quarter of the cylinder was simulated under planar
symmetry constraints (Fig. 1A). The muscle’s active force
was evaluated by subtracting the passive force from the force
measured at the muscle extremities. The muscle isometric
force, normalized to its value under no stretch (i.e., the force
generated by the fully activated muscle at its initial length
L,), was expressed with respect to the muscle stretch (i.e.,
the muscle length normalized by L;). The predicted curve
was compared qualitatively to the Hill model (normalized
muscle force versus its normalized length) classically used
to express uniaxial muscle behavior. In the chosen imple-
mentation of Hill model, active forces were obtained from
experimental data of isometric sarcomere force variation
with its length [35], while passive forces were expressed
as an exponential function [44]. Although the experimental
data of the active force—length relationship has been estab-
lished from frog samples, they agree well with data from the
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Fig.1 A Force-length relationship through finite element simulation
(blue) and fitted Hill-model curve from the open access CEINMS
toolbox [46]. B Change in muscle longitudinal force when an increas-
ing transversal load is applied. The load and the force changes are
expressed as a percentage of the maximal isometric force of the
unloaded muscle

human tibialis anterior [45]. We opted to use these active
and passive force—length relationships, as they are imple-
mented in the CEINMS toolbox [46], and are often used to
model the contraction dynamics in rigid multibody models.
The coordinates of these curves were used as a reference to
represent the Hill-type muscle model.

One of the motivations behind modeling muscles as
three-dimensional structures is to account for the inter-
action between transversal and longitudinal loads [15].
Accordingly, we evaluated the effect of loading a muscle
transversely on the amplitude of its longitudinal force during
a maximal isometric contraction, based on the experiment of
Siebert et al. [15]. For this second simulation, only half of
the muscle was simulated with imposed planar symmetries.
The insertion and origin of the muscle were constrained in
all degrees of freedom. A load was first applied transversally
on the simplified muscle (Fig. 1B). To avoid stress concen-
tration, the load was applied through a rigid cylinder. The
magnitude of the applied transversal force ranged from 6 to
24% of the maximal isometric force of the unloaded muscle
(F,,)- This force was measured at the insertion (or origin)

of the fully activated transversally-unloaded muscle. With
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the load still applied, the muscle was fully activated. The
muscle’s longitudinal force under various transversal loads
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Wheelchair Propulsion: Shoulder Model

The muscle model presented and evaluated in the previous
sections was used to activate the rotator cuff of a shoul-
der finite element model. As an example of a use case, the
model was implemented to predict the rotator cuff strain
during manual wheelchair propulsion. This section presents
the shoulder finite element model and the experimental data
that served as input to the finite element model simulation.

Finite Element Model Construction

The muscle and bone volumes were constructed from medi-
cal imaging of the left shoulder of a 32-year-old participant
(mass: 80 kg, height: 1.72 m) with no history of shoulder
pathology. The model’s geometry details can be found in
Hoffmann et al. [47]. Briefly, the model included three bones
(clavicle, scapula, and humerus) and four muscle-tendon
units (deltoid, supraspinatus, infraspinatus, and subscapula-
ris). As the bones were considered rigid structures, only their
surfaces were meshed using triangular shells. Their mass
and inertial properties were linked to the rigid nodal struc-
ture associated with the bones’ nodes. The muscle-tendon
unit geometries were discretized using tetrahedral elements
for the volume, with an additional surrounding surface mesh
representing the epimysium. The epimysium was modelled
as a nearly-incompressible isotropic hyperelastic material
[36]. Details of the model number of nodes and elements
are provided in the Appendix section (Table 2).

Muscles were modelled using the constitutive law pre-
sented in the section “Muscle Activation Law”. Tendons
were modelled as an extracellular isotropic matrix reinforced
with collagen fibers [48]. Similar to the muscle model, a
nearly-incompressible Ogden [18] and Holzapfel-Gas-
ser—Ogden models [32] were used. To define the muscle-
tendon unit fibers trajectories, we simulated a Laplacian flow
within the structure volume [30, 48, 49]. The insertion and
origin of the muscle indicated the inflow and outflow fluxes,
respectively. The rest of the muscle envelope was defined as
a slip surface. The simulation results agreed qualitatively
with cadaveric observations from Ward et al. [50]. Lastly,
the supraspinatus and infraspinatus tendon fusion area was
identified. It is a zone where the fibers of both tendons are
interwoven with fibers from the coracohumeral ligament
[51]. Unable to discern its different components, it was

simplified as an isotropic tendon model. A mesh conver-
gence study, conducted on a fully activated subscapularis
muscle, indicated that a decrease by half of the elements’
size led to a shift of 0.48 +0.60 mm in the position of the
lines of action.

Experimental Data and Boundary Conditions

Muscle electromyography and marker-based motion cap-
ture were collected during wheelchair propulsion for the
participant presented previously. The research protocol was
approved by the Sainte-Justine University Hospital Center
Ethics Committee (MP-21-2020-2533). The trunk and right
upper limb were tracked using 38 reflective skin markers
at 250 Hz. Our motion capture setup consisted of 16 MX-
T40S cameras (Vicon, Oxford, UK). Muscle activities were
recorded at 2000 Hz using three surface EMG electrodes
(Trigno EMG Wireless System, Delsys, USA) for the deltoid
muscle (anterior, median, and posterior heads) and using
three pairs of indwelling electrodes for the supraspinatus,
infraspinatus, and subscapularis.

A static pose was first recorded to anthropometrically
scale the musculoskeletal model of Wu et al. [38] in Open-
sim [52]. The model included a glenohumeral and an acro-
mioclavicular joint, defined as spherical joints, and a ster-
noclavicular joint modeled as a 2-DOF universal joint. The
participant propelled a manual wheelchair at a comfortable
speed over a level surface. From the measured trajectories
of the reflective markers, Euler angles of the shoulder joints
were estimated using inverse kinematics in Opensim. The
EMG raw signals were first processed using a fourth-order
Butterworth bandpass filter (20-500 Hz for the deltoid and
20-600 Hz for rotator cuff muscles, surface and indwell-
ing electrodes, respectively), then full wave rectified. The
envelopes were obtained using a 4 Hz fourth-order low-pass
filter and then normalized with respect to recorded maximal
voluntary contractions (MVC) [53]. During the MVCs, the
participant gradually increased his activation before main-
taining a plateau for 3 s under verbal encouragement. The
MVCs were 1 min apart unless the participant required more
rest time. We identified propulsion cycles using the instru-
mented wheel rotation torque based on a 0.5 N-m threshold.
One cycle was randomly chosen to be simulated with the
finite element model.

To define physiological boundary conditions on the
muscle-tendon units of the shoulder finite element model,
the rigid-body model’s acromioclavicular and glenohumeral
joint kinematics were imposed. Normalized EMG envelopes
were used to activate the muscles. As the deltoid had an
experimental signal for each head (anterior, median, and
posterior) but was only modelled as one component in the
finite element model, its activation input was the mean of the
three signals. Frictionless contacts were modelled between
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the different structures to avoid penetrations. The penalty
coefficients between the structures were iteratively adjusted
to minimize the sum of the contact energies of the dependent
and independent surfaces.

For each of the infraspinatus, supraspinatus, and subscap-
ularis muscles, six lines of actions were defined for post-sim-
ulation analysis. These lines passed through the centroids of
the muscle’s sequential cross-sections [54]. The coordinates
of the points of each line were evaluated throughout the pro-
pulsion cycle to assess the line of action path and length.

Effect of Activation: Shoulder Model

To assess the effect of activation on the model outputs, we
simulated the propulsion cycle, presented in the previous
section with the same shoulder model without activating
the muscles. The Euclidian distances between the points of
the two models’ lines of action were calculated to compare
the active (with activated muscles) and passive (without
activated muscles) simulations. The distance between the
muscle envelopes was also evaluated.

As EMG signals during wheelchair propulsion were
expected to be low [55, 56], particularly in comparison with
other strenuous wheelchair skills (e.g., ascending an incline
or a curb), we also evaluated the effect of rotator cuff activa-
tion levels on the simulation outputs. Particularly, we gradu-
ally activated each of the infraspinatus, supraspinatus, and
subscapularis (25, 50, 75, and 100%) while the bones were
kinematically constrained (i.e., static).

Results

Investigation of the Activation Law: Simple Muscle
Model

The active force—length relationship obtained through simu-
lation reasonably predicted the Hill-model curve, particu-
larly for muscle shortening (Fig. 1A; from 0.5 to 1.0 of nor-
malized length). When the muscle was stretched (1.0-1.5),
the decrease in active force was slower in the simulation
than in the Hill model. The muscle passive force was ini-
tially higher than the experimental data (fiber stretch i.e.,
normalized muscle length A < 1.4), but the passive stiff-
ness increased slower for the simulated data as the stretch
increased. When the muscle was subjected to a transverse
force, its longitudinal isometric force decreased as the
transversal load increased. Particularly, when the applied
transversal load was equal to 24% of the isometric force of
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the unloaded muscle, the longitudinal force decreased by
roughly 15% (Fig. 1B).

Wheelchair Propulsion: Shoulder Model

The EMG envelope, bone kinematics and predicted muscle
deformation at the start and middle of the push and recovery
phases are illustrated in Fig. 2. Muscle fibers were more
stretched near the tendon-muscle junction (Fig. 3). The
amplitude of the stretch within the fiber (0.7-1.6, heatmap
scale on Fig. 3) was higher than that of the lines of action
stretch (0.9-1.2; plot y-axis on Fig. 3). For the infraspina-
tus and subscapularis, the stretch increased throughout the
fiber directions similarly between cranial and caudal parts. In
contrast, the increase for supraspinatus differed between the
anterior and posterior sections. This distribution difference
was also observed for the active and passive fiber stresses
and the Von Mises stresses (Appendix—Fig. 7). Finally,
the infraspinatus and subscapularis were mainly stretched
or shortened. In contrast, the supraspinatus muscle-tendon
unit appeared to be variably twisted during the propulsion
cycle (Fig. 4).

Effect of Activation: Shoulder Model

We found that the activation of the muscles altered mini-
mally the rotator cuff lines of action (differences < 0.3 mm)
and the muscle-tendon units’ envelopes position through-
out the propulsion cycle (Fig. 5). Similarly, minimal differ-
ences were observed in the stretch (< 3e—3), passive stress
along the fiber (< 1 kPa), and Von Mises stress within the
isotropic matrix (< 15 kPa, Appendix—Fig. 8). Similar
observations can be made at lower activation levels (i.e.,
25%) for the isometric contractions’ simulation, where
indeed meaningful differences were not observed at 25%
contraction but increased significantly for higher activation
levels (Fig. 6). Particularly, the differences were observed
for the three muscles’ lines of action (up to 5 mm) and
between their envelopes (up to 11 mm). Additionally, the
variability of the distance between the six lines of action
increased with the activation level, which indicates dif-
ferences in the muscle cross-section shape. Notably, the
differences in the shape of muscle-tendon unit volumes
were the largest at the tendon-muscle junction. Finally, as
the activation increased, the tendons of the activated model
were more stretched, which led to a concentration of the
passive fiber stress in these structures and an increase in
the Von Mises stresses.
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Fig.2 A EMG signal used

to activate the muscles. The
deltoid EMG represents the
average of the signal measured
from the anterior, median, and
posterior heads. B Finite ele-
ment simulation output for the
activated shoulder model in four
key moments of a wheelchair
propulsion cycle, with C a sche-
matic of the wheelchair user

Fig.3 Muscle-tendon unit
(MTU) stretches throughout
the propulsion cycle for the
infraspinatus, supraspinatus and
subscapularis. The solid line
and the transparent corridor rep-
resent the mean stretch between
the six lines of action and their
standard deviation, respec-
tively. The vertical dashed lines
indicate, in order, the time of
mid-push, recovery start, and
mid-recovery. The fiber stretch
distributions for the infraspina-
tus, supraspinatus (right), and
subscapularis (left) muscles are
represented using a color map.
The subscapularis is viewed
from the posterior side, i.e., the
viewed surface is the one in
contact with the scapula

Discussion

We developed a finite-element model of the glenohumeral
joint featuring three-dimensional active rotator cuff muscles.

A

1.17

Push start

0.4 T T T
[ 1
— [ I
; : : : Infraspinatus
© 0.2 : : : Supraspinatus
5 Subscapularis
Deltoid

Recovery start Mid-recovery

Subscai)ularis

Muscle contraction was simulated using experimental EMG
signals, while joint angles were predicted from marker tra-

jectories. Our research revealed significant findings: (i) the
applied muscle activation law demonstrated its applicability
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Push start

Mid-push

Fig.4 Supraspinatus muscle-tendon unit (blue) at different steps of
the propulsion cycle from top and left side views (rows). The reader
can refer to Fig. 2 for a complete representation of the bones’ con-

Recovery start Mid-recovery

figuration. The white lines within the muscle-tendon unit volume rep-
resent some of the fibers’ directions. The supraspinatus seems to be
twisted in different directions throughout the cycle

A 03 Infraspinatus Supraspinatus Subscapularis
]
B
=Eo02
22
Z = —— Push start
S 3
=g ~——— Mid-push
@ 9
23 0.1 —— Recovery start
s oY
2 : —— Mid-recovery
=] =" L \
i \
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(o] I O 1
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Push start Mid-push Recovery start Mid-recovery Low

Fig.5 A Distance between the rotator cuff lines of action predicted
by the active and passive models (mean of six lines of action + stand-
ard deviation: solid line +transparent band). Each line shows the
difference at a given state (color) from origin (O) to insertion (I). B
Schematic of the differences between the muscle envelopes between
the models. At each presented time event, the schematics show the
posterior view with the infraspinatus and supraspinatus (left) and

to skeletal muscle by reasonably predicting the force—length
muscle relationship; (ii) analysis of strain distribution and
muscle deformation aligned with clinically observed shoul-
der lesions in manual wheelchair users, supporting our ini-
tial hypothesis; however, (iii) our secondary hypothesis was
not substantiated, highlighting the task-dependent nature of
muscle activation’s importance in finite-element simulation.
For instance, during isometric contractions of the rotator
cuff muscles, activation seems to play a critical role in the
model’s output, when exceeding 30%.

The Muscle Activation Law
The model predicted reasonably well the behavior of the

muscle during isometric activation at different fiber lengths.
Nevertheless, the predictions on the muscle shortening phase

@ Springer

the anterior view with the subscapularis muscle (right) view of
the model. These views explain the shape of the curves in A. For
instance, in A, the subscapularis difference is highest near its inser-
tion at the start and mid-recovery, which is consistent with the yel-
low-colored area on its schematic in B, as indicated in the third col-
umn

were closer to the Hill model, than those on the stretch-
ing phase. This difference in fit quality can be explained by
the interactions between the passive and active components
of the muscle constitutive law. Indeed, the scaling of the
activation from element tension to muscle force depends
on the equilibrium between passive fiber and extracellular
matrix constraints and the activation tension. Unlike mus-
cle shortening, when the muscle is stretched, the potentials
related to the isotropic extracellular matrix and its incom-
pressibility increase their contribution to the muscle force
[57]. Thus, the passive components assist the active ones in
resisting lengthening. The difference in the force prediction
accuracy between shortening and stretching can point to a
need to optimize the parameters of the passive constitutive
law. Identifying numerical values for parameters of the pas-
sive law is not an easy task. Indeed, the passive mechanical
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Fig.6 A Changes in the position of the rotator cuff lines of action
as the muscles are isometrically contracted at 25, 50, 75, and 100%.
The line of action is discretized as points from the muscle’s origin
(O) to its insertion (I, x-axis from left to right). Each drawn line
(color for the level of activation) represents the shift in the position
of the lines of action as the muscle is contracted (mean of six lines

properties depend on the muscle [58], its size scale (fiber,
bundle, muscle) [59], age [60], and neuromuscular patholo-
gies [61]. Hence, in the presence of in-vivo data, adjusting
the parameters to account for the model’s size and origin
would be recommended. Additionally, to account for the
interactions between the active and passive components
of a muscle, the passive parameters should go through an
additional optimization step, where the normalized passive
muscle force is fitted to the expected passive behavior of a
muscle.

The maximum isometric muscle force occurred at a
shorter normalized length (4 = 0.9; Fig. 1A). Indeed, opti-
mal length was defined at the element level in the constitu-
tive law. For the muscle’s optimal length to coincide with
the muscle length, all elements should have the same activa-
tion level and fiber’s stretch. However, as the contractions
were isometric, the extracellular matrix would distribute the
stress gradually from the muscle-constrained edges towards
its center. Elements reached equilibrium at slightly different
stretches. Indeed, Moo et al. [62] observed that the non-
uniformities of sarcomere lengths during in-vivo muscle
activation led to a longitudinal measured force ranging from
65 to 116% of the theoretical isometric force. Additionally,

50% 75% 25% 50% 75%

of action =+ standard deviation: solid line + transparent band). Accord-
ingly, as the muscles’ origins are fixed, they remain at the same posi-
tion (i.e., at 0). B Schematic of the distance between the muscle enve-
lopes (top) as well as the differences in fiber stretch (bottom). As the
state of full activation (100%) is qualitatively similar to that at 75%
activation, its schematic was not represented

through simulation, Wakeling et al. [57] concluded that a
muscle could not contract with all its fibers at their optimal
length, as its most energetically favorable state occurs with
a slight expansion in the transverse direction.

The physiological behavior of the implemented muscle
model was further validated through the observed decrease
of its longitudinal force when the muscle was subjected to
a transversal loading (Fig. 1B). This decrease was coherent
with the ex-vivo behavior reported for isolated short muscles
at low pennation angles [15, 63]. Unlike other models [13,
64], the chosen activation law did not explicitly link the lon-
gitudinal amplitude to the transverse loading. Nevertheless,
the isotropic component of the deformation energy enables
the model to decrease the longitudinal muscle force while
resisting the muscle compression imposed by the external
load [65]. Assuming a weight is used to apply this external
load, this resistance can be seen as a lifting force that would
move the impactor (Fig. 1B). Unlike Siebert et al. [15], we
did not observe a significant change in the impactor lifting
height with the amplitude of the transverse load. However,
this might be explained by our implementation of a simpli-
fied muscle volume, particularly as the relative deformation
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in the transversal section can vary between muscles and with
muscle stress asymmetries [13, 57, 65].

Propulsion and Rotator Cuff Injury

The length variation of the rotator cuff muscles throughout
the propulsion cycle was minimal (0.9-1.2 stretch). This
finding is consistent with the rotator cuff muscles’ archi-
tecture and function, as they are optimized to work around
their optimal length throughout the glenohumeral range
of motion to ensure its stability [50]. On the other hand,
the local stretch was larger, notably near the myotendinous
junction, which is consistent with in-vivo observations that
sarcomeres stretch more near the distal myotendinous junc-
tion [66]. These high stretches at the tendon might lead to
microscopic tears due to the collagen fibrils sliding [67-69].
The stretch of the supraspinatus differed between its anterior
and posterior portions during most of the cycle, as the ten-
don was deformed to accommodate contact with the scap-
ula. These differences in stretch and, subsequently, in stress
could partly explain the higher prevalence of supraspinatus
lesions. Indeed, its posterior and anterior portions vary in
elasticity and ultimate failure load [70, 71]. Additionally,
as both portions can move independently [72], the resulting
shear stress in the extracellular matrix could lead to delami-
nation, as observed between the articular and bursal sides of
the tendon during abduction [73]. Such a mechanism could
partially explain the presence of lesions in the middle por-
tions of the tendon [6]. Moreover, the repetitive compression
and bending of the anterior part (Fig. 4) are known to be
linked to compromised vascularization [74, 75], which was
correlated with rotator cuff degeneration [76]. This mecha-
nism could explain the higher prevalence of anterior lesions
in manual wheelchair users [5, 6].

Finally, the repetitive and compressive load on the ten-
don may lead to water depletion [77], which would reduce
the tendon thickness. This thickness reduction was reported
for manual wheelchair users after a fatiguing protocol [78].
With repetitive complex loading of the supraspinatus tendon,
the water loss might provoke an increase in proteoglycans
in the tendon extracellular matrix, a characteristic process
in tendinopathy [79, 80]. Indeed, one of the supraspinatus
tendon characteristics is the presence of large proteoglycan
accumulate that might help lubricate the tendon to facilitate
its collagen fibers sliding [81]. With increased bending and
twisting, the tendon changes its structure, initially optimized
for tensile stress, by increasing the accumulation of large
proteoglycan aggrecan [82]. This change leads to a decrease
in type 1 collagen synthesis, which is the main constituent
of the tendon fibrils [83]. As the supraspinatus tendon is not
thicker for wheelchair users with rotator cuff tendinopathy
[84], nor after intense propulsion tasks [85-87], propulsion
might not generate tendon inflammation. Thus, the change
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in the tendon structure is most probably not accompanied
by inflammation. Consequently, supraspinatus tendinopathy
might be more of a tendinosis due to the repeated tendon
stretch and twisting observed in the simulation results [88].
Tendinosis treatment aims to break the cycle of injury and
can take from 6 weeks to 6 months to allow the synthesis
of new healthy collagen [89]. This required duration might
explain the high prevalence of injury for manual wheelchair
users who are constantly propelling themselves, with an
average of 90 bouts per day [90], never allowing the tendon
to heal properly. As tendon cellular damage seems inevita-
ble for this population, continuous eccentric strengthening
exercises, massages, stretching, and an adjusted diet might
help decrease pain and increase tendon strength [88]. The
simulation results of the presented hybrid shoulder model
(i.e., the combination of rigid bodies and finite element mod-
els) enabled us to highlight potential pathomechanisms of
the supraspinatus tendon that are consistent with the clini-
cal literature [5, 6]. Additionally, we hypothesized that the
supraspinatus is prone to tendinosis, which could help clini-
cians adjust the rehabilitation protocol of manual wheelchair
users. Nevertheless, for the simulated task (i.e., wheelchair
propulsion), the muscle activation did not seem to alter the
model outputs, raising the question on the importance of
muscle activation for models of the rotator cuff muscle.

Is Activation Necessary?

Similar to previous studies [55, 56], the experimental
EMBG signal throughout the propulsion cycle was below
30%. At this activation level, and since the skeletal kin-
ematics partially imposed the fiber’ stretches, the active
stress was inferior to the passive stresses (Appendix—
Fig. 7). Thus, its contribution to the dynamics equations
within the muscle was relatively minimal, which would
explain the minimal differences between the active and
passive model during wheelchair propulsion. This was
also the case at low activation levels (i.e., 25%) for the
isometric maximal contraction simulation. Similarly to
these findings, the lack of meaningful differences between
active and passive models for low activation tasks can also
be inferred from the literature, where moment arms of the
rotator cuff muscles obtained from passive [47] and active
[30] shoulder models were similar during unloaded shoul-
der elevations. Accordingly, a passive model could be suf-
ficient for assessing rotator cuff muscle trajectories and
moment arms during low activation tasks. However, for
higher activation tasks, the muscle constitutive law should
account for muscle activation, as the latter considerably
modifies the muscle shape and its local stretch distribu-
tion (Fig. 6). Thus, implementing the activated model to
study wheelchair propulsion during more demanding tasks
such as curb or incline ascents [91, 92] might enhance
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our understanding of rotator cuff pathomechanisms related
to daily mobility. Other factors that might influence the
importance of integrating activation are the task dynamic
parameters. Indeed, different studies highlighted the shift
in muscle function, based on mechanical work [93, 94], in
response to changes in velocity or load. Thus, depending
on the muscle-length change during the task (e.g., iso-
metric, slow eccentric contractions), the stiffness of the
passive structure would change, which might affect the
level at which the influence of the activation on the strain
distribution becomes tangible. Finally, since most muscle
trajectories in rigid body models are extracted from cadav-
eric data, it would be interesting to evaluate the effect
of activation on their predicted muscle and joint reaction
forces, as moment arms are expected to change signifi-
cantly with the increased muscle activation. Through, the
evaluation of simulation results as a function of muscle
activation levels, we were able to draw conclusions on
the task-dependent importance of the inclusion of muscle
contractility in muscle finite element constitutive laws.
Nevertheless, it remains to confirm if these conclusions
are valid for longer muscles (e.g., biceps) as the latter
sustain larger deformations with activation.

This study had some limitations. First, despite our
model’s increased complexity, it included several simpli-
fications. The soft tissues’ viscoelasticity was neglected;
the passive structures (ligaments, labrum, and joint cap-
sule) were not modelled, nor were the different parts of
the muscles and tendons, identified through cadaveric
studies [50], differentiated. Including the passive struc-
tures might add contact constraints to the rotator cuff
muscles, such as the ones expected when in the case of
an impingement. Nevertheless, the risk for the latter to
occur during propulsion remains relatively low [95]. The
glenohumeral joint translation was also constrained; and
the bone kinematics were not the result of the muscle
actions. Nevertheless, the presented model can be modu-
lated to increase its complexity, depending on the purpose
of its implementation. For instance, other muscles of the
shoulder complex could be modelled as Hill-type lines
of action. Within this new augmented model, the joint
reaction forces could either be imposed as constraints,
or compared as simulation outputs to their values as pre-
dicted by the rigid-body model. The latter approach could

then be considered an additional validation of the hybrid
finite element model. Secondly, a limit relatively common
for finite element simulation was the long calculation
time, where a 2.48 s simulation required about 52 hours,
irrespective of the muscle activation status, using a laptop
with 4 Intel® i7-8750H 2.20 GHz processors. Finally,
while the qualitative validation of the constitutive law was
promising, the shoulder model results were not directly
validated. For future studies, simpler tasks, such as sub-
maximal isometric activation at various shoulder posi-
tions, could be simulated to compare simulation strains
and displacements to ones obtained from MRI. However,
we are confident that the model presented holds signifi-
cant promise for providing valuable insights into rotator
cuff function and the associated risk of injury. This model
serves as a valuable tool for the research community to
explore inquiries regarding the impact of alterations in
scapulothoracic rhythm on the strain imposed on the rota-
tor cuff. For instance, it can be utilized to assess whether
depressing the shoulder genuinely reduces the risk of
shoulder pain or, conversely, increases strain on the soft
tissues.

This study aimed to implement a finite element model
of the shoulder with three-dimensional activated muscles.
The activation law reasonably predicted the skeletal mus-
cle’s force—length relationship and the interaction between
a muscle’s longitudinal and transverse forces. By analyz-
ing the supraspinatus tendon deformation during a manual
wheelchair propulsion cycle, we could offer possible expla-
nations for the localization and prevalence of tendon tears
for wheelchair users, which indicates that this model could
be implemented in the future to improve our understanding
of rotator cuff pathomechanisms at various tasks. Finally, by
evaluating the effect of muscle activation levels on the out-
put of the simulations, we concluded on the task-dependent
importance of including activation in the muscle constitu-
tive law.

Appendix

See Tables 1, 2, Figs. 7 and 8.
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Table 1 Constitutive model
parameter

Table2 Summary of the
number of nodes, shell and solid
elements of the shoulder finite
element mode

Fig. 7 Different stresses dis-
tribution for the supraspinatus
(top view: left and bottom view:
right) and the infraspinatus
(posterior view: left and anterior
view: right) muscle-tendon
units at the push start. The
active and passive stresses are
associated with the fibers active
and passive tensors along the
direction of the fibers, while the
Von Mises stress represents the
stress in the isotropic muscle
matrix. The bottom row repre-
sents the humerus (green) and
the scapula (blue) associated
with the view from which the
muscles are represented. For
the top two rows, both muscles
share the same stress scale

@ Springer

Material constants

Aponeurosis Cubic isotropic hyperelastic

Tendon Extracellular isotropic matrix reinforced with
fibers

Muscles Isotropic matrix: Ogden

Fibers—passive: Holzapfel-Gasser—Ogden

Fibers—active

Cyo = 30N/cm?

Cyy = 80N /cm?

C; = 800N /cm?

py =0.1522;0) =2
1, = 0.3846;a, = -2
3 =0.376;0; =4

Hy = —2¢ =30, =4
k, =0.17763

k, = —0.16091

#y =0.01522a, =2
1y, = 0.03846;a, = -2
py = 0.0376;0; = 4
Hy = —2e -5y = —4
k; =0.17763

k, = —0.16091

[CaZt | = 15 ymol /L
n=

b=1.6
L=3
ly =159
The parameters are based on previous studies [36, 37, 39-43, 48]
Bones Muscle and tendons
Clavicle Scapula Humerus Deltoid Infraspinatus Supraspinatus Subscapularis
Nodes 3000 3000 3000 2591 2686 2974 2538
Shell elements 1502 1502 1502 3566 3306 3734 3460
Solid elements — - - 9427 10,336 11,499 9431
Supraspinatus Infraspinatus
35 kPa 35 kPa
Active stress I ‘ I '
0 0
130 kPa

130 kPa
Passive stress I
0
1 MPa )
Von mises
stress
0

NV

Top view

2.4 MPa

Bone
configuration

Bottom view

«
OI

S

A 4

M 9

Posterior view  Anterior view
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Fig. 8 Differences between the active and passive models’ stretch,
passive fiber stress, and the von Mises stress in the isotropic matrix
(from left to right) during the wheelchair propulsion cycle. The hori-
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