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Background: The high physical demands placed on the upper extremity during manual wheelchair propulsion
can lead to pain and overuse injuries that further reduce user independence and quality of life. Seat position
is an adjustable parameter that can influence the mechanical loads placed on the upper extremity. The pur-
pose of this study was to use a musculoskeletal model and forward dynamics simulations of wheelchair
propulsion to identify the optimal seat position that minimizes various measures of upper extremity demand
including muscle stress, co-contraction and metabolic cost.
Methods: Forward dynamics simulations of wheelchair propulsion were generated across a range of feasible
seat positions by minimizing the change in handrim forces and muscle-produced joint moments. Resulting
muscle stress, co-contraction and metabolic cost were examined to determine the optimal seat position
that minimized these values.
Findings:Muscle stress andmetabolic costwere nearminimal values at superior/inferior positions corresponding

to top-dead-center elbow angles between 110 and 120° while at an anterior/posterior position with a hub-
shoulder angle between −10 and −2.5°. This coincided with a reduction in the level of muscle co-contraction,
primarily at the glenohumeral joint.
Interpretation:Deviations from this position lead to increased co-contraction tomaintain a stable, smooth propul-
sive stroke, which consequentially increases upper extremity demand. These results agree with previous clinical
guidelines for positioning the seat to reduce upper extremity overuse injuries and pain for wheelchair users.
© 2013 Elsevier Ltd. All rights reserved.
1. Introduction

There are approximately 3.3 million wheelchair users in the United
States (CDC, 2009), with the vast majority (>90%) of users relying on
manual wheelchair propulsion as their primary method of mobility
(Kaye et al., 2000). Upper extremity pain and injuries that frequently
occur in wheelchair users can be extremely debilitating and lead to
a decrease in independence and quality of life (e.g., Gutierrez et al.,
2007). The high incidence of pain and injury is correlated with the
high physical demandplaced on the upper extremity duringwheelchair
propulsion (e.g., Curtis et al., 1999). In addition to generating the me-
chanical power required to propel the wheelchair, the upper extremity
muscles must also help maintain joint stability (e.g., Requejo et al.,
2008). These stability requirements, along with the kinematic con-
straints of the push phase, require significant intermuscular coordina-
tion and co-contraction (e.g., Rankin et al., 2010, 2011, 2012; van der
Helm and Veeger, 1996). Although co-contraction has many beneficial
purposes (e.g., helping to stabilize a joint), it can also have detrimental
effects (e.g., elevated joint loading and muscle fatigue). Notably, the
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glenohumeral joint has relatively few stabilizing structures (Veeger
and van der Helm, 2007), requiring the muscles responsible for stabi-
lizing the joint to be highly active and have an elevated risk of injury
(e.g., Mulroy et al., 2004; Veeger et al., 2002).

Seat position is an easily adjustable parameter that directly in-
fluences propulsion mechanics (e.g., Boninger et al., 2000; Gorce
and Louis, 2012; Kotajarvi et al., 2004; Richter, 2001) and upper ex-
tremity demand (e.g., Gutierrez et al., 2005; Mulroy et al., 2005;
Paralyzed Veterans of America Consortium for Spinal Cord Medicine
(PVACSCM), 2005; Requejo et al., 2008). Thus, identifying the optimal
seat position that minimizes upper extremity demand holds great
promise for reducing the risk of pain and injury. A number of studies
have examined the influence of seat position on propulsionmechanics
and found relationships with specific biomechanical measures such
as cadence (e.g., Boninger et al., 2000; Gorce and Louis, 2012;
Kotajarvi et al., 2004; Masse et al., 1992; Richter, 2001), handrim
forces (e.g., Boninger et al., 2000; Kotajarvi et al., 2004; van der Woude
et al., 2009), joint ranges of motion (e.g., Gorce and Louis, 2012; Wei
et al., 2003) and electromyography (EMG) activity (e.g., Gutierrez
et al., 2005; Louis and Gorce, 2010; Masse et al., 1992). High levels of
these measures have been identified as risk factors for upper extremity
pain and injury (e.g., Gorce and Louis, 2012; Gutierrez et al., 2005;
PVACSCM, 2005).
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Recent clinical guidelines based on these relationships suggest that
seat position should be adjusted as far posterior as possible without
compromising wheelchair stability (PVACSCM, 2005). The guidelines
also recommend superior/inferior positions that correspond to an
elbow angle between 100° and 120° when the hand is at the top-
dead-center (TDC) position on the handrim (full extension is 180°).
However, recent studies have found with such low, posterior seat
positions, the joint ranges of motion and muscle activity levels may
be increased (Gorce and Louis, 2012; Louis and Gorce, 2010), which
may adversely affect upper extremity demand.

One challenge in assessing the influence of seat position on upper
extremity demand is the difficulty in directly measuring demand-
related quantities such as muscle stress or co-contraction that may
elevate joint loading. Because these measures are difficult to obtain
experimentally, indirect measures are frequently used (e.g., Erdemir
et al., 2007). For example, inverse dynamics techniques are often
used to determine joint moments, but identifying individual muscle
force and stress values is challenging due to muscle redundancy and
co-contraction (Erdemir et al., 2007; Zajac et al., 2002). In addition,
systematically investigating the influence of seat position on upper
extremity demand using experimental techniques is difficult and
time-consuming (e.g., to assess the influence of seat position on meta-
bolic cost). As a result, most studies have investigated a limited number
of seat positions (e.g., two or three).

Forward dynamics simulations provide an alternative approach
to systematically examine the influence of wheelchair seat position
on direct measures of upper extremity demand. Forward dynamics
techniques have been successfully used to analyze various human
movement tasks such as pedaling (e.g., Raasch et al., 1997; Rankin and
Neptune, 2008), walking (e.g., Anderson and Pandy, 2001; Neptune
et al., 2004) and running (e.g., Miller et al., 2012; Sasaki and Neptune,
2006). More recently, simulations have been applied to analyzing
Fig. 1. 3D musculoskeletal model used in the wheelchair propulsion simulations. The mode
tion, elbow flexion–extension and forearm pronation–supination. Twenty-six Hill-type m
shoulder and elbow joints. These actuators were: DELT1 (anterior deltoid), DELT2 (middle
(pectoralis major, sternocostal head portion 1 — sternum), PECM3 (pectoralis major, ste
(latissimus dorsi, thoracic portion), LAT2 (latissimus dorsi, lumbar portion), LAT3 (latiss
minor), SUPSP (supraspinatus), BRD (brachioradialis), BRA (brachialis), BICshort (biceps br
brachii, lateral head), TRImed (triceps brachii, medial head), TRIlong (triceps brachii, long h
wheelchair propulsion to identify individual muscle contributions to
push and recovery mechanics (e.g., Rankin et al., 2010, 2011, 2012).
Simulations can also be used to systematically vary system parameters
and analyze their influence on specific biomechanical measures. Such
studies have recently been used to optimize the designof bicycle config-
urations (e.g., Rankin and Neptune, 2010) and lower limb prostheses
(e.g., Fey et al., 2012).

The purpose of this studywas to use forward dynamics simulations
of wheelchair propulsion to investigate how seat position influences
upper extremity demand including muscle stress, co-contraction and
metabolic cost. Understanding these relationships can help guide
clinicians in determining the optimal wheelchair configuration to
reduce upper extremity demand, and ultimately overuse injuries and
pain in wheelchair users.

2. Methods

2.1. Musculoskeletal model

The musculoskeletal model used in this study was based on a pre-
viously described upper extremity model representing a 50th percen-
tile able-bodied male (Holzbaur et al., 2005; Rankin et al., 2010, 2011)
and will be summarized here (Fig. 1). The model was developed using
SIMM (Musculographics, Inc., Santa Rosa, CA, USA) and consisted of a
trunk and right side upper arm, forearm and hand segments. There
were three degrees-of-freedom (DoFs) at the shoulder, defined as
plane of elevation, elevation angle and internal–external rotation.
The motion at the shoulder also included a scapulohumeral rhythm
based on regression equations derived from cadaver data (Holzbaur
et al., 2005). The model had two additional DoFs, elbow flexion–
extension and forearm pronation–supination. The wrist was fixed in
the standard anatomical position.
l had 5 degrees-of-freedom: plane of elevation, elevation angle, internal–external rota-
usculotendon actuators represented the major upper extremity muscles crossing the
deltoid), DELT3 (posterior deltoid), PECM1 (pectoralis major, clavicular head), PECM2
rnocostal head portion 2 — ribs), CORB (coracobrachialis), TMAJ (teres major), LAT1
imus dorsi, iliac portion), SUBSC (subscapularis), INFSP (infraspinatus), TMIN (teres
achii, short head), BIClong (biceps brachii, long head), ANC (anconeus), TRIlat (triceps
ead), SUP (supinator), PQ (pronator quadratus) and PT (pronator teres).
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Twenty-six Hill-type musculotendon actuators (Fig. 1; Table A1 in
the Supplementary material) represented the major upper extremity
muscles crossing the shoulder and elbow joints. Each actuator re-
ceived its own excitation pattern, with the exception of three muscle
groups: the two actuators that represented the sternocostal portion
of the pectoralis major, the three latissimus dorsi actuators and the
two actuators representing the lateral triceps and anconeus. Within
each of these groups, the actuators received the same excitation
pattern, resulting in a total of twenty-two independent excitation
patterns. The actuators were governed by intrinsic muscle force–
length–velocity relationships, and the muscle excitation–activation
dynamics were modeled using a first-order differential equation
(Raasch et al., 1997) with muscle-specific activation/deactivation
time constants (Happee and van der Helm, 1995; Winters and Stark,
1988). Musculotendon lengths and moment arms were determined
using regression equations (Rankin and Neptune, 2012). The muscle
forces were applied to the model using moments applied at the
appropriate joints, with the moment magnitude determined as the
product of the muscle moment arm and force. Passive torques were
applied at the shoulder and elbow to represent ligaments and other
passive joint structures that limit extreme joint positions. The dynamic
equations-of-motion were generated using SD/FAST (Parametric Tech-
nology Corp., Needham, MA, USA).

2.2. Manual wheelchair model

A model of a standard manual wheelchair with circular handrims
(radius (RHR) of 0.267 m, rim-to-rim distance of 0.635 m) was
generated and combined with the musculoskeletal model by defining
the position of the hip relative to the rear axle of the wheelchair. This
position was kept fixed throughout each simulation of wheelchair
propulsion andwas systematically varied in both the superior/inferior
Fig. 2. Kinematic model of wheelchair propulsion used to determine contact and release a
a forearm/hand segment (length = LFA) and a wheel/handrim segment (radius = RHR) wi
a fixed position relative to the hub/axle (total distance = LHS, anterior/posterior componen
and anterior/posterior directions to represent a wide range of seat
positions. Themotion of the thirdmetacarpophalangeal joint was pre-
scribed to follow a path on the circular handrim during the push
phase, which was further defined by the contact (θC) and release
(θR) angles. These angles were dependent on the seat position, and
thus were calculated using a simple 2D model (Fig. 2; based on
Richter, 2001) as follows:

LHS ¼
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
x2HS þ y2HS

q
ð1Þ

θHS ¼ tan�1 xHS
yHS

� �
ð2Þ

θC ¼ 0:9 � θHS− cos�1 LHS
2 þ RHR þ LFAð Þ2−LUA

2

2LHS RHR þ LFAð Þ

" # !
ð3Þ

θR ¼ 0:9 � θHS− cos�1 RHR
2 þ LHS

2− LUA þ LFAð Þ2
2RHRLHS

" # !
ð4Þ

where

LUA Length of the upper arm segment (0.267 m)
LFA Length of the forearm/hand segment (0.333 m)
xHS Anterior distance between the wheelchair axle/hub and

shoulder
yHS Superior distance between the wheelchair axle/hub and

shoulder
LHS Distance between the wheelchair axle/hub and shoulder
θHS Angle of the vector from the wheelchair axle/hub to shoulder
θC Contact angle
θR Release angle
ngles (θC and θR, respectively). The model consisted of an upper arm (length = LUA),
th revolute joints at the shoulder, elbow, hand and hub/axle. The shoulder was set at
t = xHS, superior/inferior component = yHS).

image of Fig.�2
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The push angle (θP) was then defined as the difference between
the release angle and contact angle as:

θp ¼ θR−θC: ð5Þ

Additional constraints ensured that the simulations emulated re-
alistic submaximal propulsion mechanics. For all seat positions, the
average power output to the handrim was set at 10 W (Lin et al.,
2009). For the initial seat position (xHS = 0.0, yHS = 0.75 m), the
push frequency (fP) was set at 1 Hz (PVACSCM, 2005), which yields
a cycle time (tC) of 1 s. For all other seat positions, the push frequency
was determined as:

f p ¼ f pi θpi=θp
� �

ð6Þ

where fPi is the push frequency and θPi is the push angle for the initial
simulation (Richter, 2001).

The push time (tP) was set to 40% of the cycle time (Lin et al.,
2009). Three propulsion cycles were simulated, and the third cycle
initial and final joint angles, velocities and accelerations were com-
pared to ensure that the simulation had reached steady-state.

The initial seat position (xHS = 0.0, yHS = 0.75 m) was chosen
to be both near the center of the range of previously investigated
seat positions (e.g., Boninger et al., 2000; Gorce and Louis, 2012;
Kotajarvi et al., 2004) and near the midpoint of achievable seat posi-
tions in the model. The position was then systematically varied inde-
pendently in the superior/inferior direction (0.05 m increments) and
the anterior/posterior direction (0.10 m increments) throughout the
range of achievable seat positions. This resulted in 53 seat positions
with xHS values that ranged from −0.5 m to 0.4 m and yHS values
that ranged from 0.35 m to 0.85 m. Note that due to concerns for
wheelchair stability, not all of these seat positions can be achieved
in a standard manual wheelchair. However, we included this full
range of positions in our study to ascertain whether these seat posi-
tions would be favorable if stability concerns were overcome by a
novel design.

2.3. Simulation of wheelchair propulsion

To simulate manual wheelchair propulsion at each seat position,
we used dynamic optimization to identify the muscle excitation pat-
terns that minimized the change in hand force and joint moments
produced by the muscles (described below). The excitation pattern
(u(t)) of each muscle group was defined as a sum of four Henning
patterns (e.g., Rankin et al., 2011) as:

u tð Þ ¼ ∑4
i¼1ui tð Þ ð7Þ

where ui(t) is the excitation value at time t for the ith Henning pattern.
Each Henning pattern was defined as:

ui tð Þ ¼
mi

2
1− cos

2π t−aið Þ
bi−ai

� �� �
; ai≤ t≤bi

0 ; otherwise

8><
>: ð8Þ

where mi, ai and bi are the magnitude, onset and offset, respectively.
This resulted in 12 parameters for each muscle group (264 total
parameters).

A simulated annealing optimization algorithm (Goffe et al., 1994)
was used to find the optimal muscle excitation parameters that simu-
lated wheelchair propulsion and minimized the change in hand force
and moments (Ohta et al., 2004), with the cost function defined as:

J ¼ ∫tc
0

_F T _F þw _τT _τ
� �

dt ð9Þ
where F ̇ is the vector containing the time derivatives of tangential,
radial and lateral components of the simulation handrim force (in
units of N), τ ̇ is the vector of the time derivatives of the simulation
joint moments produced by individual muscle forces (N m), and w is
a weighting factor (m−2). The weighting factor was set at 50 m−2.

2.4. Simulation analysis

All simulation analyses were performed on the third propulsion
cycle after the simulation had reached steady-state. The seat positions
were originally defined as anterior and superior offsets from the
initial position (xHS = 0.0, yHS = 0.75 m) with negative numbers
denoting posterior and inferior positions, but in order to transform
these positions into a coordinate system that scales with subject an-
thropometry, the elbow flexion angle and angle of the hub-shoulder
vector were also determinedwhen the handwas at TDC. For the initial
seat position, simulation mechanics were compared to the group-
averaged experimental mechanics of 12 experienced wheelchair
users (from Rankin et al., 2011). For all seat positions, individual mus-
cle stress, level of co-contraction and metabolic cost were calculated.

Individual muscle stress (muscle force divided by the physiological
cross-sectional area) was calculated at each time step. Stress values
were then averaged across all of the muscles over the entire cycle to
provide a measure of the overall upper extremity muscle stress (σue):

σue ¼
1
tc
∫tc
0

1
nmus

∑nmus
i¼1 σ i tð Þ

� �
dt ð10Þ

where nmus is the total number ofmuscles in themodel. Themaximum
possible stress level was set at 0.8 MPa (Crowninshield and Brand,
1981).

Muscle co-contraction was examined by determining the average
totalmagnitude of jointmoments produced by themuscle forces (τtotal)
and average net moment produced by the sum of these muscle-
produced moments (τnet) and defining the co-contraction moment
(τcc) as the difference between these measures:

τtotal ¼
1

nDoF�tc
∫tc
0

∑nDoF
j¼1 ∑

nmus
i¼1

� 			τi; j tð ÞÞdt ð11Þ

τnet ¼
1

nDoF�tc
∫tc
0

∑nDoF
j¼1 ∑

nmus
j¼1 τi; j tð Þ

			 			� �
dt ð12Þ

τcc ¼ τtotal−τnet ð13Þ

where nDoF is the number of DoFs being examined and τi,j is themoment
that the ith muscle applies about the jth degree-of-freedom. This mea-
sure is equivalent to twice the average negative moment (i.e., the
moment in the direction opposite to that of the net moment), which
would be the upper limit in co-contraction.

Finally, metabolic cost was calculated using a previously described
model (Umberger, 2010; Umberger et al., 2003) by determining the
rate ofmetabolic energy expenditure at each time step and integrating
over the entire cycle. This valuewas then normalized by the total work
done on the handrim throughout the cycle. The fiber type composition
values used in the model (i.e. percentage of fast-twitch fibers) were
based on previously published data (Johnson et al., 1973).

3. Results

The forward dynamics simulations successfully emulated normal
wheelchair propulsion mechanics, with the average difference be-
tween the experimental and initial position simulation kinematics
within 1.4 standard deviations (SDs) of the experimental average
and handrim kinetics within 1.1 SDs (Table 1). The initial simulation
contact, release and push angles were all within 1.0 SDs from the
experimental averages as well. All simulations used an under-rim



Table 1
Average differences between initial position simulation mechanics and group-averaged
experimental mechanics of 12 experienced wheelchair users (from Rankin et al., 2011).
For comparison, two standard deviations (SDs) of the experimental data are provided
to indicate inter-subject variability.

Simulation
difference

Experimental
variability (2 SDs)

Shoulder plane of elevation (deg) 9.8 12.0
Shoulder elevation angle (deg) 7.7 28.8
Shoulder internal–external rotation (deg) 16.3 30.8
Elbow flexion–extension (deg) 22.9 25.0
Forearm pronation–supination (deg) 31.8 26.2
All degrees-of-freedom (deg) 17.7 24.6
Handrim tangential force (N) 14.0 15.5
Handrim radial force (N) 11.0 18.8
Handrim lateral force (N) 2.6 15.6
All forces (N) 9.2 16.7
Contact angle (deg) 9.3 33.8
Release angle (deg) 6.8 30.1
Push angle (deg) 16.1 33.8

Fig. 4. Overall muscle stress versus seat position. Seat position is defined by the hub-
shoulder angle and elbow angle when the hand is at top-dead-center.
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recovery pattern (Fig. 3), which is characterized by the hand dropping
below the handrim as it returns to the position of initial handrim
contact (e.g., Kwarciak et al., 2012). This type of recovery pattern has
been recommended in recent guidelines (e.g., Kwarciak et al., 2012;
PVACSCM, 2005).

Across the range of seat positions, there were clear regions where
muscle stress, co-contraction and metabolic cost were minimized.

3.1. The influence of seat position on muscle stress

The overall muscle stress (Fig. 4) was minimized (72.2 kPa, 9.0% of
the maximum possible stress level) at a seat position with anterior
and superior offsets of −0.16 m and 0.01 m (hub-shoulder angle:
−11.5°, TDC elbow angle: 116.9°). Seat positions with anterior offsets
between−0.20 m and−0.01 m (hub-shoulder angle: between−15°
and 0) and superior offsets between−0.03 m and 0.03 m (TDC elbow
angle: between 105° and 120°) had an associated overall muscle stress
level less than 85 kPa (10.6% of the maximum possible stress level).
There was a smaller secondary range of seat positions with anterior
offsets between −0.20 m and −0.16 m (hub-shoulder angle: be-
tween −20° and −12.5°) and superior offsets between −0.16 m
and −0.13 m (TDC elbow angle: between 80° and 85°) that also had
an overall muscle stress below this level. The maximum stress
(150.2 kPa, 18.8% of the maximum possible stress level) occurred
at a seat position with anterior and superior offsets of −0.10 m
and 0.10 m, respectively (hub-shoulder angle: −6.4°, TDC elbow
angle: 149.6°).
Fig. 3. Initial position simulation hand trajectory. The wheelchair handrim is represented
by a solid line and the simulation hand path is represented by circles.
3.2. The influence of seat position on muscle co-contraction

The average co-contraction moment across all DoFs (Fig. 5) was
minimized (4.6 Nm) at a seat position with anterior and superior
offsets of −0.09 m and 0.04 m (hub-shoulder angle: −6.4°, TDC
elbow angle: 122.2°). Seat positions with anterior offsets between
−0.14 m and −0.03 m (hub-shoulder angle: between −10° and
−2.5°) and superior offsets between −0.01 m and 0.05 m (TDC
elbow angle: between 110° and 130°) had an average co-contraction
moment of less than 5 Nm. Themaximumaverage co-contractionmo-
ment (14.0 Nm) occurred at a seat position with anterior and superior
offsets of 0.30 m and −0.10 m, respectively (hub-shoulder angle:
25.1°, TDC elbow angle: 117.5°).

3.3. The influence of seat position on metabolic cost

The normalized metabolic cost (Fig. 6) was minimized (8.5) at
a seat position with anterior and superior offsets from the initial po-
sition of −0.15 m and −0.03 m, respectively (hub-shoulder angle:
−11.6°, TDC elbow angle: 106.6°). Seat positions with anterior offsets
between −0.20 m and 0.13 m (hub-shoulder angle: between −15°
and 10°) and superior offsets between −0.05 m and 0.03 m (TDC
elbow angle: between 100° and 120°) had an associated normalized
metabolic cost less than 10. There was a smaller secondary range of
seat positions with anterior offsets between −0.20 m and −0.17 m
(hub-shoulder angle: between −20° and −15°) and superior offsets
between −0.16 m and 0.13 m (TDC elbow angle: between 80° and
Fig. 5. Average co-contraction moment versus seat position. Co-contraction moment is
the difference between total moment and net moment. Seat position is defined by the
hub-shoulder angle and elbow angle when the hand is at top-dead-center.

image of Fig.�3
image of Fig.�4
image of Fig.�5


Fig. 6. Metabolic cost normalized by the total work done on the handrim versus seat
position. Seat position is defined by the hub-shoulder angle and elbow angle when
the hand is at top-dead-center.
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85°) that also had a normalized metabolic cost below this level. The
maximum metabolic cost (22.3) occurred at a seat position with
anterior and superior offsets of −0.50 m and −0.35 m, respectively
(hub-shoulder angle: −51.1°, TDC elbow angle: 110.0°).

4. Discussion

The purpose of this study was to identify the influence of wheel-
chair seat position on upper extremity demand using a musculoskel-
etal model and forward dynamics simulations of manual wheelchair
propulsion. This approach allowed a detailed analysis of direct mea-
sures of upper extremity demand (i.e., muscle stress, co-contraction
and metabolic cost) across a range of feasible seat positions. Muscle
stress, co-contraction and metabolic cost were all near minimum
values at seat positions with an anterior offset between −0.14 m
and −0.03 m (hub-shoulder angle: between −10° and −2.5°) and
a superior offset between −0.01 m and 0.03 m (TDC elbow angle:
between 110° and 120°).

The optimal seat superior/inferior positions were similar to the
recommendations of previous investigators (e.g., PVACSCM, 2005;
Requejo et al., 2008; van der Woude et al., 2009). An early study
suggested that biomechanical efficiency is maximized at superior/
inferior seat positions between 100° and 120° TDC elbow angles (van
der Woude et al., 1989), while a more recent study expanded that
range to include 130° (van der Woude et al., 2009).

One study analyzing muscle activity recommended low superior/
inferior seat positions (Masse et al., 1992) while another warned
against moving the seat too low (Louis and Gorce, 2010). While it
has also been cautioned that joint ranges of motion increase with
lower seat positions (e.g., Gorce and Louis, 2012; Wei et al., 2003),
superior/inferior seat position recommendations based on spatio-
temporal variables such as cadence and push angle advocate TDC
elbow angles between 100° and 120° (e.g., PVACSCM, 2005; Requejo
et al., 2008).
Table 2
Individual degree-of-freedom co-contraction moment values. Minimum values for each DoF
values are provided for comparison.

Plane of
elevation

Elevation
angle

Minimum co-contraction moment Hub-shoulder angle (°) −5.9 −6.3
TDC elbow angle (°) 119.9 120.8
Value (N m) 1.9 8.0

Maximum co-contraction moment value (N m) 20.8 28.2
Percent difference between minimum and maximum values 167% 112%
The results of the current study suggest that upper extremity
demand is minimized at superior/inferior seat positions with TDC
elbow angles between 110° and 120°. Increased muscle stress,
co-contraction and metabolic cost resulted from seat positions out-
side this range. This occurred despite the improvements in push
angles and cadences that accompanied more inferior positions and
the favorable reductions in joint ranges of motion that accompanied
more superior positions.

Most seat position studies have only examined positionswhere the
shoulder is either anterior or slightly posterior to the axle, which is
likely due to concerns for wheelchair stability. As a result, whether
the studies focused on improving muscle activity (e.g., Gutierrez
et al., 2005), spatiotemporal variables (e.g., Boninger et al., 2000),
kinetics (e.g., Mulroy et al., 2005), or a combination of these factors
(e.g., PVACSCM, 2005; Requejo et al., 2008), they have often concluded
that the seat should be set in the most posterior position that does not
compromise the stability of the wheelchair. However, our results sug-
gest that even if stability concerns could be addressed with a novel
wheelchair design, there is a limit to how far posterior one should po-
sition the seat, as we found that the measures of upper extremity de-
mand we investigated begin to increase once you move posterior
beyond the −10° hub-shoulder angle. Further analysis showed that
more posterior positions placed some of the major power-producing
muscles of the push phase (e.g., anterior deltoid and pectoralis
major) under non-optimal operating conditions (i.e. less favorable re-
gions of the intrinsic muscle force–length relationship).

Since the model was driven by muscle moments, we could not
directly determine the joint contact forces. However, since muscle
co-contraction acts to compress the joint and increase the joint loading,
ourmeasure of co-contraction (quantified by the average co-contraction
moment) provides some insight into the influence of seat position
on joint contact forces. To identify which degrees-of-freedom were the
primary contributors to the total co-contraction moment and most
sensitive to changes in seat position, we performed a post-hoc analysis
that decomposed the total co-contraction moment into contributions
at each degree-of-freedom. Minimum co-contraction moments for
the individual degrees-of-freedom were found at TDC elbow angles
between 114.7° and 123.2°,while the anterior/posterior positions varied
from −35° to −3.7° hub-shoulder angle (Table 2; Figs. A1–A5 in the
Supplementary material). The moment associated with the elevation
angle was the largest contributor to the total co-contraction moment,
while the moments associated with the other two glenohumeral
joint DoFs were the next largest. In addition, the moment associated
with plane of elevation had the largest percent difference between
its minimum and maximum values. The moments about the shoul-
der degrees-of-freedom are produced by the muscles crossing the
glenohumeral joint, and consequently these muscles predominantly
influenced the co-contraction trends. This highlights the importance
of glenohumeral joint musculature during manual wheelchair propul-
sion and the influence of seat position on the potential for injury to
these muscles.

A potential limitation of this study was that it did not consider the
range of propulsion techniques utilized by wheelchair users. Spatial
(i.e. contact angle, release angle) and temporal (i.e. push time, cadence)
variables are influenced by propulsion technique and differences in
and their associated hub-shoulder angles and TDC elbow angles are provided. Maximum

Internal–external
rotation

Elbow
flexion–extension

Forearm
pronation–supination

Overall
(all DoFs)

−3.7 −34.3 −35.0 −6.4
123.2 114.7 118.9 122.2

4.2 3.4 1.3 4.6
15.6 13.3 4.8 14.0

115% 119% 115% 101%

image of Fig.�6


384 J.S. Slowik, R.R. Neptune / Clinical Biomechanics 28 (2013) 378–385
upper extremity impairment, training and terrain (e.g., Newsam
et al., 1996; Richter et al., 2011). The wheelchair propulsion technique
analyzed in this study was derived from representative spatiotemporal
values (e.g., Lin et al., 2009; PVACSCM, 2005; Richter, 2001), but
other techniques exist. Thus, future work should consider analyzing
other techniques to assess whether similar trends exist. In addition,
inter-subject variability in body anthropometrics was not considered,
with the musculoskeletal model representing a 50th percentile able-
bodied male. However, the physical capacity of wheelchair users varies
with age, gender and nature of impairment and is generally less than
that of non-wheelchair users (e.g., Haisma et al., 2006). Future work
should include the development of subject-specific models to assess
the general applicability of the trends found.

Another potential limitation is that the model did not include all
of the trunk and wrist muscles, which could influence the metabolic
cost estimates. However, the metabolic cost values corresponded
to biomechanical efficiencies between 4.5% and 11.7%, which were
similar to previously reported values (e.g., van der Woude et al.,
2009). In addition, this study considered relative differences across
seat positions, and therefore the lack of these muscles would likely
not influence the study conclusions.

Finally, there is uncertainty inwhich criteria the neuromuscular sys-
tem uses to resolve muscle redundancy during submaximal perfor-
mance tasks such as wheelchair propulsion (e.g., Erdemir et al., 2007).
Therefore, the cost function that minimized the change in hand force
and moments used to generate the simulations may not be the one
used by the nervous system during wheelchair propulsion. However,
similar dynamic cost functions (minimizing change in moment and/or
hand force) have frequently been used to successfully reproduce both
geometrically constrained and unconstrained upper extremity move-
ments (e.g., Ohta et al., 2004; Uno et al., 1989). In addition, the cost func-
tion produced a smooth, stable motion while limiting co-contraction
similarly to functions that are based on reduction of muscle activations,
forces or stresses. Thus, the cost function used in this study was deemed
appropriate for generating the essential characteristics ofmanual wheel-
chair propulsion to achieve the study goals.

5. Conclusions

This study examined the influence of wheelchair seat position on
upper extremity demand and found that muscle stress, co-contraction
andmetabolic costwere all nearminimumvalues at positionswith an an-
terior offset between −0.14 m and −0.03 m (hub-shoulder angle: be-
tween −10° and −2.5°) and a superior offset between −0.01 m and
0.03 m (TDC elbow angle: between 110° and 120°). Previous guidelines
have recommended a seat positioned as posterior as possible without
compromising the stability of the wheelchair. However, we found that
even if stability concerns could be overcome, there is a limit to how far
posterior one should position the seat as themeasures of upper extremity
demand we investigated increased once you move posterior beyond the
−10° hub-shoulder angle. We also found that co-contraction of muscles
crossing the glenohumeral jointwasmost sensitive to changes in seat po-
sition. Thesemodeling and simulation results agreewith previous clinical
guidelines for positioning the seat to reduce upper extremity overuse in-
juries and pain for wheelchair users.
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