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Abstract
Upper limb overuse injuries are common inmanual wheelchair users with spinal cord injury. Patient-specific in silicomodels enhance
experimental biomechanical analyses by estimating in vivo shoulder muscle and joint contact forces. Current models exclude deep
shoulder muscles that have important roles in wheelchair propulsion. Freely accessible patient-specific models have not been
generated for persons with tetraplegia, who have a greater risk for shoulder pain and injury. The objectives of this work were to
(i) construct a freely accessible, in silico, musculoskeletal model capable of generating patient-specific dynamic simulations of
wheelchair propulsion and (ii) establish proof-of-concept with data obtained from an individual with tetraplegia. Constructed with
OpenSim, themodel featuresmuscles excluded in existingmodels. Shouldermuscle forces and activationswere estimated via inverse
dynamics. Mean absolute error of estimated muscle activations and fine-wire electromyography (EMG) recordings was computed.
Mean muscle activation for five consecutive stroke cycles demonstrated good correlation (0.15–0.17) with fine-wire EMG. These
findings, comparable to other studies, suggest that the model is capable of estimating shoulder muscle forces during wheelchair
propulsion. The additional muscles may provide a greater understanding of shoulder muscle contribution to wheelchair propulsion.
The model may ultimately serve as a powerful clinical tool.
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1 Introduction

Repetitive strain injuries at the shoulder are among the most
frequent causes of musculoskeletal pain and disability in man-
ual wheelchair using individuals with spinal cord injury (SCI)

[1–3]. Partial innervationand impairedbalanceof shoulder, scap-
ular, and thoracohumeral muscles may place individuals with
tetraplegia at higher risk for developing shoulder pain, especially
during weight-bearing upper limb activities like wheelchair pro-
pulsion [4–9]. Researchers have investigated the relationship be-
tweenmanualwheelchair propulsion and shoulder pain and inju-
ry, by exploring wheelchair setup optimization, wheelchair pro-
pulsion style, and wheelchair propulsion mechanics. However,
these biomechanical studies were limited by the inability tomea-
sure in vivo joint contact forces in the absence of invasivemeans
[10]andthelackofadirectminimallyinvasivemethodtomeasure
muscle forces in vivo [11–14]. Instead, in vivo shoulder joint and
muscle forces during wheelchair propulsion were estimated via
computer graphics-basedmodels.

Early models used for wheelchair propulsion simulations
[15–19] were not patient-specific, so they could not be person-
alized to assess the effectiveness of a treatment, identify patients
that can be treated with particular interventions, and predict
which treatment should be performed on a patient and how it
should be performed [20]. Dubowsky et al. [12] were the first to
construct and validate a patient-specific model of wheelchair
propulsion. Utilizing AnyBody software (AnyBody
Technology A/S, Aalborg, Denmark), they investigated the
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minimization of joint forces at the shoulder, aiming to address
previous kinetic wheelchair propulsion studies that found high
joint loading at the shoulder. Properties of the rigid-bone geom-
etries and muscle geometries were included to account for pa-
tient specificity. Their model was not freely accessible to the
research community, however, limiting collaboration, replica-
tion of results, and advancing the field [21–23].

When a published model is not available to address a spe-
cific research problem, researchers usually adapt a generic
open-source musculoskeletal model [22]. Morrow et al. [24]
utilized an inverse dynamics model, the open-source SIMM
(Musculographics, Santa Rosa, CA) Stanford VA Model [25]
and a custom optimization muscle model to determine shoul-
der joint contact forces during wheelchair activities. Rankin
et al. [26, 27] also utilized the Stanford VA model to investi-
gate upper limb demand and shoulder muscle contribution
during wheelchair propulsion. However, the Stanford VA
model is a kinematic model, so mass and segment inertia
characteristics were required to generate dynamic simulations
and determine shoulder muscle forces. Moreover, deep shoul-
der muscles, such as the serratus anterior, rhomboid major,
and upper and middle trapezius, were not included in either
model. Using fine-wire EMG, Mulroy et al. [7, 28] deter-
mined that both deep and superficial thoracohumeral muscles
have important roles during wheelchair propulsion, and it is
critical that these muscles be included in wheelchair propul-
sion applications. Also, despite having an open-source model
as its foundation, Morrow and Rankin’s adapted models were
not freely available to the research community. Using the
Stanford VA Model as the kinematic foundation, Saul et al.
[22] published a dynamic upper limb model. Although this
model is freely accessible and can be adapted to investigate
specific research problems, including wheelchair propulsion
biomechanics, it does not contain the deep thoracohumeral
musculature.

We present the construction and evaluation of an open-
source, computer graphics-based, patient-specific, musculo-
skeletal model of the shoulder that is capable of generating
dynamic simulations of wheelchair propulsion (Wheelchair
Propulsion Model). Specifically, the model estimates muscle
force and activation during wheelchair propulsion. It includes
previously unmodeled deep shoulder muscles, which also
have a role in wheelchair propulsion. The model was con-
structed and evaluated with OpenSim [21, 29], an open-
source modeling framework with patient-specific modeling
capabilities for investigating dynamic simulations of move-
ment. Previous simulation studies have either included indi-
viduals with paraplegia or a heterogeneous group of manual
wheelchair users and the compared their findings with surface
EMG. Given that they are at a higher risk for shoulder injuries,
a patient-specific model that can be generated for manual
wheelchair users with tetraplegia may be a powerful clinical
tool. Thus, to establish proof of concept, the model was

evaluated with fine-wire EMG data obtained from a manual
wheelchair user with tetraplegia. This is the first wheelchair
propulsion simulation study to incorporate fine-wire EMG
data. Finally, this model as open source will be freely acces-
sible to the OpenSim user community.

2 Materials and methods

2.1 Musculoskeletal model

A three-dimensional musculoskeletal model of the upper limb
was constructed using OpenSim, an open-source musculo-
skeletal modeling and simulation framework for in silico in-
vestigations and exchange [29]. The Wheelchair Propulsion
Model [30], based on the OpenSim distributed Arm 26model,
consisted of rigid bodies representing the spine and rib cage,
clavicle, scapula, humerus, ulna, radius, and hand (Fig. 1).
Body segment mass and inertia properties were obtained from
cadaver studies [31]. The model has seven degrees of freedom
representing the articulations at the shoulder, elbow, forearm,
and wrist. The articulations at the shoulder are elevation plane,
elevation angle, and rotation, while articulations at the elbow
include elbow flexion and forearm rotation [30]. Shoulder
elevation plane ranges from 0° to 180°. Shoulder elevation
angle represents the thoracohumeral angle and ranges from
90° to 130° in the model. Although this range allows for full
range of motion in the model, it should be noted that the

Fig. 1 Wheelchair Propulsion Model with seven degrees of freedom, 26
musculotendon actuators, and wrapping objects
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thoracohumeral angle of a manual wheelchair using patient
with SCI will be a much smaller subset of this range.
Shoulder rotation occurs about the long axis of the humerus
and ranges from − 90° (external rotation) to 90° (internal ro-
tation). Elbow flexion is defined from 0° (full extension) to
130° (flexion). Forearm rotation is defined from − 90°
(supination) to 90° (pronation). The scapula and the clavicle
move as a function of the humerus motion. The kinematics of
the Wheelchair Propulsion Model is consistent with the
Stanford VA Model [30]. The Model also rotates and trans-
lates about the X-Y-Z axes.

Thirty Hill-type musculotendon actuators were used to rep-
resent the muscles crossing the trunk, shoulder, elbow, and
wrist [25, 32, 33]. The upper and middle trapezius muscles
were added from the Head and NeckModel by Vasavada et al.
[32]. The serratus anterior and rhomboidmajor were manually
added to the model, according the design approach described
by Holzbaur et al. [25]. Therefore, the serratus anterior was
defined with one muscle path and three attachment points,
while the rhomboid major was defined with one muscle path
and two attachment points. All musculotendon actuator pa-
rameters (Table 1) were derived from previous publishedwork
[25, 32, 33]. The actuators were governed by muscle force-
length-velocity relationships [34].

2.2 Experimental data collection and processing

To establish proof of concept, kinematic, kinetic, and fine wire
muscle activation data collected during a wheelchair propul-
sion testing session [35] were implemented to evaluate the
model’s ability to estimate amplitude and timing of muscle
forces for the shoulder complex muscles per stroke cycle.
These data were collected from a 30-year-old male participant
with chronic (duration of injury = 14 years) tetraplegia. The
participant’s neurological level of injury was C5 and motor
level was C6 (ASIA Impairment Scale [AIS] grade A) [36].
His motor and sensory scores were not available at the time of
data collection. His height and weight were 2 m and 79.1 kg,
respectively. It is important to note that the experimental data
were historical data, implemented in this proof-of-concept
study in an effort to gain insight on how to design future
experiments to refine the model.

For kinematic testing, reflective markers were placed bilat-
erally on each wheel and the bony landmarks of the upper
limbs, trunk, and jaw. Marker placements were in accordance
with the ISB recommendations [37], except for the markers
placed on the T3 spinous process instead of the T8 spinous
process and the lateral-superior border of the acromion instead
of the glenohumeral joint rotation center. Markers were also
placed on the right and left tempero-mandibular joints and the
head of the third metacarpal joint. A passive marker motion
capture system (M2 mcam cameras, Vicon Motion Systems,
Oxford, UK) was used to collect three-dimensional positional

data at 120 Hz. Post-processing of kinematic data entailed
filtering with a fourth-order Butterworth low-pass filter with
a 7-Hz cutoff frequency [35].

Kinetic data were collected using the SmartWHEEL (Out-
Front, Mesa, AZ). These commercially available force and
torque sensing pushrims were placed on both sides of the
participant’s wheelchair and the amplitude and direction of
force applied to the pushrim during the push phase of the
stroke cycle. These kinetic data were collected at 240 Hz
and were synchronized to the kinematic and EMG data using
an external trigger between the SmartWHEEL computer and the
Vicon workstation. The test subject propelled his own wheel-
chair, at 2 mph, on a dynamometer that consisted of two in-
dependent steel tubular rollers (one for each wheel) using a
four-belt tie-down system [35] (Fig. 2). Real-time speed feed-
back for maintaining speed was presented on a monitor in
front of the roller system. Data collection for each trial lasted
for 20 s and three trials were collected per test condition.

Muscle activation during the stroke cycle was determined
using stainless steel nickel alloy insulated fine-wire electrodes
(MA-300 EMG System, Motion Lab Systems, Inc., Baton
Rouge, LA). Electrodes were inserted into 13 upper limb
and trunk muscles: middle trapezius, upper trapezius, sternal
pectoralis, rhomboid major, anterior, middle, and posterior
deltoids, supraspinatus, infraspinatus, subscapularis, serratus
anterior, biceps, and triceps. One pole of 13 preamplified elec-
trodes was attached to the fine wires. The second pole was
attached to Ag/AgCl surface electrodes placed over the sur-
face of the muscle. The exception to this was the subscapularis
because a second intramuscular needle electrode was attached.
Data were collected at 2520 Hz with analog input to the Vicon
workstation. Signals were low-pass filtered at 1250 Hz by the
EMG collection unit (Motion Lab Systems, Inc., Baton
Rouge, LA) and analog input to the Vicon workstation.
EMG data were full wave rectified, and filtered using a
fourth-order band-pass filter (20–150 Hz), and root-mean-
square average with a 100-ms window was applied to create
a linear envelope of the signal. The linear envelope was nor-
malized to the mean amplitude of the greatest 1 s of muscle
activity during a maximum voluntary contraction. Active
EMG was defined as having an amplitude of greater than
5% of the maximum voluntary contraction for more than 5%
of the stroke cycle [35].

Five consecutive right-sided push strokes were selected for
analyses. Each stroke cycle was defined as the push phase
followed by the recovery phase. For data processing purposes,
the push phase began at the point when the moment about the
axle exceeded two standard deviations above the resting am-
plitude. The recovery phase was defined as the period in be-
tween consecutive push phases, and began at the point at
which the moment fell below the threshold set at two standard
deviations above baseline. All kinematic, kinetic, and EMG
data were normalized to 100% of the stroke cycle.
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2.3 Static optimization

Prior to generating static optimization simulations to estimate
shoulder muscle forces during wheelchair propulsion, the anthro-
pometry of the generic musculoskeletal model was scaled to
match the height and weight of the subject. Virtual markers were
placed on the genericmodel, in accordancewith the experimental
marker locations on the subject. The dimensions of each segment
in the model were scaled so that the distances between the virtual
markers matched the distances between the experimental
markers. Body segment masses on the model were adjusted so
that the total bodymasswas equivalent to themass of the subject.

Upon generating the patient-specific model, inverse kinematics
and dynamics simulations were subsequently generated. Static
optimization was used to estimate the forces of the shoulder
complex muscles during manual wheelchair propulsion. This
inverse dynamics-based optimization technique resolved the
computed net joint moments into individual muscle forces.
This was accomplished by solving the equations of motion, but
since there are more unknown muscles than equations, the prob-
lemwas underdetermined. Optimization was used to address this
redundancy, and minimization of the sum of muscle activations
squared was selected as the objective function.Muscle activation
is approximately equal to muscle stress multiplied by a

Table 1 Muscle modeling
parameters Muscle Peak force (N) Optimal fiber length (cm) Tendon slack length (cm)

Shoulder

Trapezius

Upper 78 8.4 12.0

Middle 377 9.2 7.3

Serratus anterior 677.3 17.5 0.3

Rhomboid major 217.1 17.9 0.5

Deltoid

Anterior 1142.6 9.8 9.3

Middle 1142.6 10.8 11.0

Posterior 259.9 13.7 3.8

Supraspinatus 487.8 6.8 4.0

Infraspinatus 1210.8 7.6 3.1

Subscapularis 1377.8 8.7 3.3

Teres minor 354.3 7.4 7.1

Teres major 425.4 16.2 2.0

Pectoralis major

Clavicular 364.4 14.4 0.3

Sternal 515.4 13.8 8.9

Ribs 390.5 13.8 13.2

Latissimus dorsi

Thoracic 389.1 25.4 12.0

Lumbar 389.1 23.3 17.7

Iliac 281.7 27.9 14.0

Coracobrachialis 242.5 9.3 9.7

Elbow

Triceps

Long 798.5 13.4 12.0

Lateral 624.3 11.4 9.8

Medial 624.3 11.4 9.1

Anconeus 350.0 2.7 1.8

Supinator 476.0 3.3 2.8

Biceps

Long 624.3 11.6 27.2

Short 435.6 13.2 19.2

Brachialis 987.3 8.6 5.4

Brachioradialis 261.3 17.3 13.3
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proportionality constant [34]. The selection of the objective func-
tion was in accordance with van der Helm [15], who suggested
that the minimization of muscle stresses squared allowed for
distribution of muscle forces based on muscle cross-sectional
area and was computationally efficient. Outputs of the static op-
timization technique were estimated muscle activations and
forces to generate the inverse dynamics joint moments.

2.4 Model validation

Currently, there is no technique that allows for the direct min-
imally invasive measurement of muscle forces in vivo
[12–14]. As an alternative, a common and accepted method
for evaluating muscle forces is to compare the estimated mus-
cle activation patterns with experimental EMG activity pat-
terns [38]. However, EMG cannot verify the magnitude of
estimated muscle force [13, 38, 39]. To evaluate the estimated
muscle forces with a quantitative approach addressing the
magnitude of force, the mean absolute error (MAE), previous-
ly used to validate computer graphics-based models [12, 15,
33], was calculated for each muscle’s activity envelope, using
the following equations:

MAE ¼ 1=n ∑
n

i¼1
jMAi−EAij

where n is the number of time frames within a propulsion cycle,
MAi is the measured EMG muscle activity as a percentage of
maximum voluntary contraction on frame i, and EAi is the

model estimated muscle activity as a percentage of maximum
muscle force on frame i. One assumption in utilizing this ap-
proach is that there is a linear relationship between EMG and
muscle force [40]. An averageMAE of less than 0.10 represents
an excellent quantitative correlation, while a value between
0.10 and 0.20 represents a good correlation, and a value greater
than 0.20 represents a poor correlation [12, 15]. This study was
the first wheelchair propulsion simulation study to compare
estimated muscle activity with experimental fine-wire EMG
collected directly from the participant being investigated.

3 Results

3.1 Inverse kinematics and dynamics simulations

In order to generate dynamic simulations of wheelchair propul-
sion, the model was scaled to the participant’s dimensions and
inverse kinematics and dynamics simulations were generated.
Inverse kinematics simulations were determined for shoulder
elevation (Fig. 3, top panel), elevation angle (Fig. 3 middle
panel), and shoulder rotation (Fig. 3, bottom panel) for all five
stroke cycles. The modeled kinematics were very consistent
across the stroke cycles for each shoulder articulation. The aver-
age peak shoulder elevation was 38.5° (±0.3°) during push phase
and 37.2° (±1.0°) during the recovery phase. The average peak
elevation angle was 13.9° (±10.1°) during push phase and 33°
(±3.4°) during recovery for all the cycles analyzed. The average
peak shoulder rotation was 56.6° (±0.9°) during push phase and
56.7° (±0.9°) during recovery. Inverse kinematics simulations
were also generated for elbow flexion (Fig. 4, top panel) and
forearm rotation (Fig. 4, bottom panel). The modeled elbow
kinematics were also very consistent across all five stroke cycles.
The average peak elbow flexion was 85.7° (±0.3°) during push
phase and 67.9° (±6.8°) during recovery. The average peak fore-
arm rotation was 85.7° (±2.3°) during push phase and 28.8°
(±4.5°) during recovery. To validate the inverse kinematics solu-
tions, the root-mean-squared error of the virtual markers on the
model and the experimental marker were computed for each
frame. The RMS for each frame, across all five stroke cycles,
was less than 1 cm. The maximum allowance of error due to soft
tissue artifact was 1 cm, as determined by Cereatti et al. [41] and
Chiari et al. [42].

Inverse dynamics simulations were generated at the shoulder
for all five stroke cycles. Of the three shoulder degrees of free-
dom, the average peak moment about the shoulder elevation
plane was the greatest during the push phase (18.5 Nm ±
1.0 Nm) and the recovery phase (16 Nm± 1.7 Nm). Peak shoul-
der elevation plane moment occurred during the push phase. The
average peak moment responsible for shoulder elevation angle
was greater during the recovery phase (1.4 Nm± 0.7 Nm) than
the push phase (− 4.6 Nm± 0.9 Nm). Peak shoulder elevation
angle moment occurred during the recovery phase. The average

Fig. 2 Experimental setup of the wheelchair propulsion study. Reflective
markers were placed on the upper limb and trunk to track their position
during the stroke cycle. Fine-wire electrodes were used to collect the
muscle activity during the stroke cycle. SmartWHEELS were placed bilat-
erally on the wheelchair to record the force exterted by the hand to push
rim during propulsion. The participant propelled his own wheelchair on a
dynamometer
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Fig. 3 Kinematic profiles of the
shoulder generated by inverse
kinematics simulations for all five
stroke cycles. Shoulder elevation
plane angles are presented in the
top panel, while shoulder
elevation and shoulder rotation
angles are presented in the middle
and bottom panels, respectively.
The transition from push phase to
recovery phase is indicated by the
dotted line, in each panel. All
angles are measured in degrees
and are presented for 100% stroke
cycle
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peak moment responsible for shoulder rotation was also greater
during the recovery phase (− 2.9 Nm± 0.4 Nm) than the push
phase (− 0.27 Nm± 0.3 Nm). Peak shoulder rotation moment
occurred during the recovery phase.

3.2 Muscle forces generated during wheelchair
propulsion

An inverse dynamics-based approach was utilized to de-
termine the muscle forces generated during wheelchair
propulsion. The maximum muscle forces generated dur-
ing the push phase of propulsion are displayed in Fig. 5.
The muscles that generated the greatest average force
over all five stroke cycles during the push phase (Fig.

5, top panel) were the serratus anterior (324.4 ± 21.4 N)
and infraspinatus (269.6 ± 53.5 N). The subscapularis
(180.5 ± 26.7 N), triceps (171.1 ± 10.6 N), middle deltoid
(120.3 ± 20.0 N), posterior deltoid (73.7 ± 3.2 N),
supraspinatus (53.4 ± 8.7 N), middle trapezius (22.5 ±
1.6 N), and biceps (21.9 ± 17.9 N) also contributed to
push phase of propulsion. The pectoralis major (3.8 ±
0.004 N), anterior deltoid (1.5 ± 0.5 N), rhomboids major
(1.3 ± 0.01 N), and upper trapezius (0 N), contributed
little to no force to the push phase of wheelchair
propulsion.

The maximum muscle forces generated during the
recovery phase of propulsion are displayed in Fig. 5
(bottom panel). The muscles that generated the greatest

Fig. 4 Kinematic profiles of the
elbow generated by inverse
kinematics simulations for all five
stroke cycles. The profiles for
elbow flexion are presented in the
top panel, and the profiles for
forearm rotation are presented in
the bottom panel. The transition
from push phase to recovery
phase is indicated by the dotted
line, in each panel. All angles are
measured in degrees and are
presented for 100% stroke cycle
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average force during the recovery phase (across all five
stroke cycles) were the subscapularis (409.3 ± 54.9 N),
and infraspinatus (352.0 ± 60.8 N). The serratus anterior
(257.7 ± 18.7 N), triceps (216.5 ± 15.5 N), middle deltoid
(156.9 ± 18.0 N), supraspinatus (130.6 ± 17.5 N), posterior
deltoid (98.8 ± 4.3 N), biceps (50.6 ± 16.6 N), and middle
trapezius (19.5 ± 1.4 N) also contributed to the recovery
phase of propulsion. The pectoralis major (3.6 ± 0.1 N),
anterior deltoid (2.3 ± 0.4 N), rhomboids major (1.5 ± 0.2
N), and upper trapezius (0 N) generated little to no force
during the recovery phase.

3.3 Mean absolute error analysis

For a quantitative analysis, the MAE was calculated for each
muscle during each stroke cycle (Table 2). On average, the
muscles that demonstrated excellent correlation (0.05–0.09)
are middle deltoid, supraspinatus, infraspinatus, subscapularis,
biceps, and serratus anterior. On average, the posterior deltoid
demonstrated good correlation (0.20). The muscles that dem-
onstrated poor correlation (0.27–0.40) are anterior deltoid, tri-
ceps, and rhomboid major. All three muscles consistently had a
poor correlation over each stroke cycle. The muscle with the

Fig. 5 Maximum shoulder
muscle forces estimated by static
optimization for all five stroke
cycles. Forces genereated during
the push phase are presented in
the top panel, while those
generated during the recovery
phase are presented in the bottom
panel. All forces are presented in
Newtons. The muscle forces for
only the muscles for which
experimental EMG was collected
are presented in each panel

526 Med Biol Eng Comput (2019) 57:519–532



best average correlation is the supraspinatus (0.05).
Considering all ten muscles across all five stroke cycles, the
average correlation was good (0.16).

4 Discussion

The two objectives of this studywere to (i) construct a dynamic,
patient-specific model of the upper limb and trunk and (ii)
establish proof of concept by evaluating the model with data
obtained from a manual wheelchair user with tetraplegia. This
study builds upon previous wheelchair propulsion simulation
studies by providing a new model of the trunk and upper limb
that contains the deep and superficial muscles of the shoulder
complex. Kinematically, the model is consistent with the
Stanford VA Model [25]. The presented model was evaluated
using data collected from a manual wheelchair user with
tetraplegia, since they are at a greater risk for shoulder pain
and injury. Manual wheelchair user populations used to evalu-
ated previous patient-specific models were either individuals
with paraplegia or a heterogeneous group of manual wheelchair
users. The kinematic profiles generated from the inverse kine-
matics simulations with our model are consistent with those
generated by other studies [27]. This is also the first study to
incorporate fine-wire EMG data collected from the study sub-
ject. The model was evaluated quantitatively by computing the
MAE. This analysis addressed the error in the muscle activation
magnitude estimated by the model and was a surrogate for
validating the model estimation of muscle force [12, 24, 43].

Good correlations for MAE of estimated muscle activation
and experimental EMG were observed for seven of the ten of
the muscles for each stroke cycle, while the remaining three
muscles had poor correlations. The results of the MAE

calculations were highly consistent across all stroke cycles
and the mean MAE s across all stroke cycles concur with
previous studies [12, 24]. Of the ten muscles investigated,
the rhomboid major, triceps, and anterior deltoid muscles con-
sistently had poor correlations for each stroke cycle. These
cases are indicative of lack of a relationship between the mus-
cle activation determined by the model and the experimental
EMG. The highMAE calculated for the rhomboid major may
be due to the limited scapula motion, defined by the model
prohibiting scapular retraction. The scapula could not move in
isolation, as mentioned previously [25]. When comparing the
muscle activation profile with the experimental EMG profile,
no similarities between the two exist, further confirming that
the model did not capture scapular retraction.

The triceps had a highMAE, indicative of a poor correlation
for all stroke cycles. Dubowsky et al. [12] also observed poor
MAE values for the triceps muscle in a participant with para-
plegia. Furthermore, they observed that the duration of experi-
mental triceps activity was much longer than that which was
calculated computationally. Since their participant was tested
for full upper limb function, the authors suggested that the lack
of parity between computational and experimental results may
be due to the participant using his triceps in a compensatory
manner as a result of limited trunk control. They postulated that
future work with fine-wire EMG investigating other prominent
muscles in wheelchair propulsion, such as the muscles of the
rotator cuff, may shed light on the contraction/co-contraction
results [12]. Fine-wire EMGwas utilized with the current study.
Based on the experimental EMG profile of the participant in
this study, the triceps was most active between 20 and 70% of
the stroke cycle, as displayed in Fig. 6. However, the computa-
tional results suggest that the muscle force was generated be-
tween 10 and 80% of the stroke cycle. The rotator cuff muscles

Table 2 Mean absolute error
(MAE) per stroke cycle. MAE
values in italics have an excellent
to good correlation

Muscle Stroke
Cycle 1

Stroke
Cycle 2

Stroke
Cycle 3

Stroke
Cycle 4

Stroke
Cycle 5

Average

Anterior
deltoid

0.50 0.47 0.35 0.33 0.34 0.40 ± 0.08

Middle deltoid 0.08 0.08 0.08 0.10 0.09 0.09 ± 0.01

Posterior
deltoid

0.19 0.18 0.21 0.21 0.20 0.20 ± 0.01

Supraspinatus 0.06 0.05 0.05 0.06 0.05 0.05 ± 0.01

Infraspinatus 0.07 0.07 0.07 0.07 0.07 0.07 ± 0

Subscapularis 0.05 0.06 0.07 0.06 0.07 0.06 ± 0.01

Tricep 0.31 0.33 0.29 0.30 0.31 0.31 ± 0.01

Bicep 0.08 0.05 0.06 0.04 0.06 0.06 ± 0.01

Serratus
anterior

0.08 0.08 0.08 0.07 0.07 0.08 ± 0.01

Rhomboid
major

0.27 0.27 0.27 0.30 0.26 0.27 ± 0.02

Average 0.17 ± 0.15 0.16 ± 0.15 0.15 ± 0.11 0.15 ± 0.12 0.15 ± 0.11 0.16 ± 0.13
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investigated (infraspinatus, supraspinatus, subscapularis) all
had excellent MAE values, so it is less likely that the lack of

parity between computational and experimental results is due to
compensatory use of the triceps.

Fig. 6 Triceps force profile
computed for 100% stroke cycle
(top panel) and experimental
triceps EMG profile during 100%
stroke cycle (bottom panel). The
computed force profile
demonstrates triceps activity for
about 10–80% of the stroke cycle.
However, the experimental EMG
profile demonstrates triceps
activity for 20–70% of the stroke
cycle
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Morrow et al. [24] did not report poor MAE values for the
triceps. For model validation, they selected three optimal
criteria for the determination of the cost function used in the
static optimization technique: (i) linear minimization of α, mus-
cle activation [44]; (ii) minimax formulation of minimizing the
maximum muscle stress [45]; and (iii) nonlinear minimization
of the sum of muscle stress cubed [39]. Their study population
consisted of 11 manual wheelchair using individuals with para-
plegia and one with spina bifida. They reported an average
MAE value for each muscle and criterion investigated and spe-
cifically reported excellent average MAE value for the triceps
for each criterion. The objective function selected in this current
study was minimization of muscle activation squared [15],
whereas the objective function selected by Dubowsky et al.
[12] was minimization of muscle effort. The difference in the
objective function may be more of a determinant for the tricep
MAE. This suggests that the poor MAE values reported for the
triceps may be due to the objective function selected.

The anterior deltoid had the highest MAE of all of the mus-
cles investigated across all five stroke cycles. Compared to pre-
vious studies, Dubowsky et al. [12] observed goodMAE values
for the anterior deltoid muscle in a participant with paraplegia
and an able-bodied participant. They observed an excellent
MAE value in another participant with paraplegia. Morrow
et al. [24] reported a good average MAE value for the anterior
deltoid for each criterion; however, the standard deviations for
the anterior deltoid were the highest for all of the muscles they
investigated (linear 0.15 ± 0.16, minimax stress 0.12 ± 0.09,
nonlinear 0.14 ± 0.14). The standard deviations and the MAEs
had high variability compared to the means, which may have
been reflective of the objective function implemented. This fur-
ther supports the idea that the poor MAE values may be due to
the objective function selected. At the very least, future work
should investigate different objective functions for the selection
of an optimal cost function for static optimization. Also, these
objective functions will also be evaluated for their suitability in
other applications, such as reaching and FES control.
Furthermore, the muscles investigated should be validated with
MAE in conjunction with fine-wire EMG.

There are a number of limitations to the study. A significant
limitation of this study is the sample size. The model evaluation
was designed as a proof-of-concept study, so only one participant
was investigated. The findings presented from the patient-specific
model are indicative of the participant studied andmay not neces-
sarilybe indicativeofallmanualwheelchairuserswith tetraplegia.
However, other computer graphics-basedmodels have been eval-
uated and validated successfully with one study participant [26,
43]. At a minimum, the presented results are encouraging to con-
duct a future study with a larger cohort of individuals with
tetraplegia.

The Wheelchair Propulsion Model is based on the
OpenSim Arm 26 Model, and its upper limb kinematics is
consistent with the Stanford VA Model [25]. Therefore, the

limitations in shoulder movement previously discussed for the
Stanford VA Model are also limitations in the Wheelchair
Propulsion Model. Specifically, the motion of the scapula
and clavicle were constrained to depend on the motion of
the humerus, so the motion of the shoulder girdle is very
simplified. The motions of the scapula and humerus vary only
with humeral elevation. The limited scapular motion may
have affected the muscle force estimates for the muscles re-
sponsible for scapular motion, such as the rhomboid major.

The muscle parameters in the model for optimal force,
muscle length, and tendon slack length were all obtained from
cadaver studies. The parameters included for the serratus an-
terior and the rhomboid major were estimated from Garner
and Pandy’s [33] upper limb model. There were no values
for these muscles in the literature, and the authors noted that
their model overestimated muscle parameters for the upper
limb muscles. It is possible that the parameters for the serratus
anterior included in the model are overestimated.

A limitation of static optimization is it is performed per frame
(quasi-static), even though the motions analyzed are dynamic
[24]. Manual muscle test data were not available for the triceps
and other muscles of the shoulder complex, so partial muscle
paralysis due to SCIwas not considered in themodel. These data
would have informed an appropriate estimate of the increase or
decrease of the optimal forces on the muscles [16] to account for
deficits due to SCI. Also, in order to successfully use the static
optimization approach, extra actuators were appended to the co-
ordinates in the model so that the joints could achieve the com-
puted acceleration for each time point. Static optimization at-
tempts tosolve theredundancyproblemforactuatorsandmuscles
by using the accelerations computed from the ID solution as a
constraint [13, 43].When themuscles in amodel areweak, coor-
dinate actuators can be appended to joints in the model. The
amount of actuation needed at a given joint can be determined
and the muscles can be strengthened accordingly. However, we
determined that the actuators had a negligible contribution to the
estimatedmuscle forces, as theywere less than5%of thenet joint
moments [23]. Moreover, the static optimization technique has
been successfully used in previous studies [12, 24],whileRankin
et al. [26, 27] used the dynamic optimization approach.Recently,
Morrowetal. [46]comparedmuscle forcespredictedbystaticand
dynamic optimization during wheelchair propulsion.
Investigating the push phase of wheelchair propulsion, they de-
termined that the muscle forces generated by static optimization
adequately produced themotion and joint moments at the shoul-
der. However, they noted deviations in the elbow moment,
pronation-supination movement, and hand rim forces.
Therefore, they suggested that static optimization does not pro-
duceresultssimilarenoughtobeusedasanalternative todynamic
optimization. They also suggested that dynamic optimization
maybe required formotions that aregreatly influencedbymuscle
activation dynamics or that require significant co-contraction, as
the static optimization may be underestimating the co-
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contraction.After reviewing the rawEMGdata for theparticipant
in our study, we found co-contraction among the muscles, espe-
ciallytheinfraspinatusandthemiddledeltoid.However, themean
MAE for each stroke cycle demonstrated a good correlation be-
tween the estimated muscle activation and the experimental
EMG.Considering theobservancesofgoodcorrelationsbetween
most of the muscles investigated, the good correlation for the
overall meanMAE, and the subject propelled in his own chair at
a slow speed (2mph),we believe that our use of the static optimi-
zation approach was appropriate. While this proof-of-concept
evaluation was conducted on one subject, we plan to evaluate
the model with additional subjects. The raw EMG data will be
reviewed for evidence of significant co-contraction before evalu-
ation with the model, and if present, we may consider utilizing a
dynamic optimization approach.

The optimal forces of the muscles in the model used in this
study were obtained from published cadaver studies [47], with
the exception of the serratus anterior and the rhomboid major
(obtained from [33]). Given the accelerations generated from
the inverse dynamics simulations, the static optimization simula-
tions would not converge unless actuators were appended to the
model. Therefore, the optimal forces (based on cadaver-based
estimates for segment mass and moment of inertia and meant
for use with able-bodied populations) may not have been ade-
quate for the participant with tetraplegia investigated. To address
these concerns, future work should investigate force-tension-
length curves that are more reflective of individuals with SCI.

Finally, evaluation of the model with experimental EMG
was greatly affected by the sensitivity of EMG timing of acti-
vation. The experimental data were originally collected to
investigate the biomechanical predictors shoulder pain in
manual wheelchair users with tetraplegia [35]. Thus far,
EMG analyses from the original work have determined the
level of muscle activation (amplitude and phasing) relative
to the kinematics during the push cycle [35]. Since these data
were not collectedwith the intention of being incorporated in a
patient-specific model, the precision of EMG onset and offset
times received very little attention. Therefore, it is possible
that this lack of precision or sensitivity could have affected
the results. Future work should include the development of
EMG algorithms that more clearly identify the onset and offset
times, followed by the recalculation of the MAEs.

5 Conclusions

The two objectives of this study were to (i) construct a dynamic,
patient-specificmodelof theupper limbandtrunkand(ii)establish
proofofconceptbyevaluatingthemodelwithdataobtainedfroma
manual wheelchair user with tetraplegia. The Wheelchair
PropulsionModel, constructedusingOpenSim,contains shoulder
and trunk muscles that have been commonly investigated in
wheelchair propulsion biomechanics studies. The novelty of this

model is that is also contains the followingmuscles that play a role
in wheelchair propulsion and have not been included in previous
models: upper and middle trapezius, serratus anterior, and rhom-
boid major. The model is kinematically consistent with previous
models. To establish proof of concept, the model was evaluated
withkinematicandkineticdataobtainedfromamanualwheelchair
userwith tetraplegia. The significance is that these individuals are
at a greater risk for shoulder pain and injury, but have not been
included in previous wheelchair propulsion simulation studies.
Using the subject’s data, a patient-specific model was generated.
The shoulder profiles generated from the inverse kinematics sim-
ulations were consistent with previous studies of manual wheel-
chair users.

An inverse dynamics-based approachwas implemented to de-
termine the individual shoulder muscle contribution to manual
wheelchair propulsion. This is the first study to evaluate muscle
forces with fine-wire EMG collected on the individual being in-
vestigated, as previous studies only utilized surface EMG [12, 27,
39]. The significance of collecting the fine-wire EMG is to record
the activity of the deep shoulder complex musculature, as it may
provide further insight to joint coupling [25]. Model evaluation
was achieved by calculating theMAE of the estimated activation
and the fine-wire EMG. The overall MAE for each stroke cycle
demonstrated a good correlation between the simulated muscle
activations and the experimental muscle activity, demonstrating
the model’s ability to estimate muscle forces during wheelchair
propulsion.Having established proof of concept, futureworkwill
evaluate themodelwitha largercohortofmanualwheelchairusers
with tetraplegia as well as conduct studies to optimizewheelchair
propulsion. To encourage other wheelchair biomechanists to par-
ticipate in the OpenSim community, the Wheelchair Propulsion
Modelwillbefreelyaccessible.Thiswillallowotherresearchers to
access the model to replicate our results, make alterations to the
model to address their specific research problems, and contribute
to the advancement of wheelchair propulsion biomechanics.
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