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Background: The majority of manual wheelchair users will experience upper extremity injuries or pain, in part
due to the high force requirements, repetitive motion and extreme joint postures associated with wheelchair
propulsion. Recent studies have identified cadence, contact angle and peak force as important factors for reduc-
ing upper extremity demand during propulsion. However, studies often make comparisons between populations
(e.g., able-bodied vs. paraplegic) or do not investigate specific measures of upper extremity demand. The pur-
pose of this study was to use a musculoskeletal model and forward dynamics simulations of wheelchair propul-
sion to investigate how altering cadence, peak force and contact angle influence individual muscle demand.
Methods: Forward dynamics simulations of wheelchair propulsion were generated to emulate group-averaged
experimental data during four conditions: 1) self-selected propulsion technique, and while 2) minimizing ca-
dence, 3) maximizing contact angle, and 4) minimizing peak force using biofeedback. Simulations were used
to determine individual muscle mechanical power and stress as measures of muscle demand.

Results: Minimizing peak force and cadence had the lowest muscle power requirements. However, minimizing
peak force increased cadence and recovery power, while minimizing cadence increased average muscle stress.
Maximizing contact angle increased muscle stress and had the highest muscle power requirements.
Interpretation: Minimizing cadence appears to have the most potential for reducing muscle demand and fatigue,
which could decrease upper extremity injuries and pain. However, altering any of these variables to extreme
values appears to be less effective; instead small to moderate changes may better reduce overall muscle demand.
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1. Introduction

More than half of manual wheelchair users will develop upper ex-
tremity overuse injuries or pain during their lifetime, in part due to
the high physical demand and repetitive nature of wheelchair propul-
sion (Finley and Rodgers, 2004; Sie et al., 1992). Studies have shown
wheelchair users are exposed to at least three biomechanical factors
associated with upper arm pathology: high force requirements, repet-
itive motion and extreme joint postures (Fay et al., 1999; Mercer et
al., 2006; NIOSH, 1997; NRC, 2001). High forces are generated by
muscles and applied to the handrim to propel the wheelchair, creating
high intersegmental forces and joint moments that often exceed 50% of
maximum achievable values (e.g., Dubowsky et al, 2008; Lin et al.,
2009; Robertson et al., 1996; Sabick et al., 2004; van Drongelen et al.,
2005b). The shoulder, elbow and wrist all undergo large ranges of mo-
tion during propulsion and, in some instances, are required to generate
substantial forces at joint angles near the physiological limit (Rao et al.,
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1996; Shimada et al., 1998; Veeger et al., 1998). Wheelchair propulsion
is also repetitive, with cadences (i.e., stroke rate) usually between 1.1
and 1.6 Hz (Boninger et al., 2002). Since wheelchair propulsion is still
the most common method for providing mobility to this population, re-
search is needed to understand the relationships between propulsion
mechanics and upper extremity demand.

Recent studies have focused on reducing upper extremity demand
during wheelchair propulsion by modifying wheelchair configuration
and/or propulsion technique (e.g., Boninger et al., 2005; Bregman et
al., 2009; Guo et al., 2006; Mulroy et al., 2005; van der Woude et al.,
2003; Wei et al,, 2003). Three variables related to propulsion technique
(cadence, contact angle and peak force) have been shown to influence
several quantities related to upper extremity demand, including me-
chanical efficiency (Lenton et al., 2009), joint moments (Richter, 2001;
Robertson et al., 1996), electromyographic (EMG) activity (Dubowsky
etal., 2009) and nerve conduction (Boninger et al., 2005). The Paralyzed
Veterans of America have also established propulsion technique guide-
lines in an effort to reduce upper extremity demand and injuries, which
recommends wheelchair users incorporate long, smooth push strokes
(i.e., large contact angles), reduce cadence and minimize peak handrim
force (i.e., maximum applied handrim force) during propulsion (PVA,
2005).


http://dx.doi.org/10.1016/j.clinbiomech.2012.07.002
mailto:rneptune@mail.utexas.edu
http://dx.doi.org/10.1016/j.clinbiomech.2012.07.002
http://www.sciencedirect.com/science/journal/02680033

880 J.W. Rankin et al. / Clinical Biomechanics 27 (2012) 879-886

However, few studies have directly investigated the influence of ca-
dence, contact angle and peak force on specific measures of upper
extremity demand using within-subject study designs, with most focus-
ing on cadence. These studies found lower cadences increased mechani-
cal efficiency and reduced self-reported perceived exertion measures,
suggesting that lower demand is placed on the upper extremity
(Goosey-Tolfrey and Kirk, 2003; Lenton et al., 2009). To our knowledge,
only one study has investigated how altering contact angle influences
wheelchair mechanics (using a single subject), but did not analyse spe-
cific measures of upper extremity demand (Rice et al., 2009). Potential
reasons for the lack of studies may be due to the extreme difficulty in
obtaining specific measures of upper extremity demand (e.g., muscle
stress) or that longitudinal intervention studies can be confounded by
other influences (e.g., physiological adaptation). Musculoskeletal model-
ing and simulation techniques provide an alternative method to quantify
muscle demand without these potentially confounding effects, making
these techniques well-suited to systematically investigate different
wheelchair propulsion strategies. Therefore, the purpose of this study
was to use a detailed upper extremity musculoskeletal model and for-
ward dynamics simulations of wheelchair propulsion to investigate
how altering cadence, peak force and contact angle influence upper ex-
tremity muscle demand (i.e., muscle power and stress).

2. Methods
2.1. Experimental data

Data collection procedures have been previously described
(Rankin et al., 2010; Richter et al., 2011) and will be summarized
here. After obtaining informed consent, experimental data were col-
lected from 13 wheelchair users (Table 1) as part of a larger study
(Richter et al., 2011). Four conditions were performed on a wheel-
chair treadmill (Kwarciak et al, 2011) set to each subject's
self-selected speed determined prior to data collection. During three
conditions, a custom built video biofeedback system provided
real-time visual representation of a single propulsion technique vari-
able (cadence, contact angle or peak force) and subjects were
instructed to propel their own wheelchair with the assistance of the
biofeedback to 1) minimize cadence, 2) maximize contact angle and
3) minimize peak force (Fig. 1). In the fourth condition, subjects
were instructed to push with a self-selected technique without bio-
feedback (control condition). During each trial, right side shoulder,
elbow and wrist kinematics were collected using an active marker
set and a 3-camera motion capture system (Phoenix Technologies,
Burnaby, BC, Canada). Six degree-of-freedom handrim kinetics and
wheel angle were collected using an OptiPush force sensing wheel
(Guo et al., 2011; MAX Mobility, LLC, Antioch, TN, USA). EMG data
were collected from the anterior, middle and posterior deltoid, ster-
nal pectoralis major, biceps brachii and long head triceps brachii
using surface electrodes.

Conditions were randomized and data were collected for at least
10 propulsion strokes per trial following an adaptation period that
allowed subjects to acclimatize to each condition and reach
steady-state. Each stroke began when the wheel axle torque
exceeded 1 Nm and ended at the start of the following stroke. The
stroke was divided into push and recovery phases, with the push
phase defined to be from the start of the stroke to the time when
the axle torque fell below the 1 Nm threshold (Kwarciak et al.,
2009). Individual subject stroke data were normalized to 101 points,
with each point representing one percent of the stroke, using
cubic-spline interpolation and averaged over all strokes. Subject
mean data were then averaged across subjects to create representa-
tive biomechanical and EMG profiles and standard deviations were
calculated to assess inter-subject variability. Group-average data
were used as an input to generate the forward dynamics simulations
(described below).

2.2. Musculoskeletal model

A detailed upper extremity musculoskeletal model and optimization
framework for generating forward dynamics simulations of wheelchair
propulsion described in detail elsewhere (Rankin and Neptune, 2010;
Rankin et al.,, 2011) were used in this study. The model was developed
using SIMM (Musculographics, Inc., Santa Rosa, CA, USA) based on the
work of Holzbaur et al. (2005) and consisted of rigid segments that rep-
resent the trunk and right side upper arm, forearm and hand. Articula-
tions between segments were defined by six rotational
degrees-of-freedom representing trunk lean, shoulder plane of eleva-
tion, shoulder elevation angle (thoracohumeral angle), shoulder inter-
nal-external rotation, elbow flexion-extension and forearm
pronation-supination. Trunk lean over the entire stroke and hand
translations during the push phase were prescribed based on the col-
lected kinematic data. The model's equations of motion were generated
using SD/FAST (Parametric Technology Corp., Needham, MA, USA).

The model was driven by twenty-six hill-type musculotendon ac-
tuators that represented the major upper extremity muscles of the
shoulder and elbow (Rankin and Neptune, 2010). A total of twenty-
two distinct excitation patterns controlled the musculotendon actua-
tors, which were generated from a linear sum of four parameterized
Henning patterns defined by twelve parameters. Musculotendon ac-
tuators corresponding with measured EMG data had excitation
onset and offset timing constrained to match experimental values.
Actuators with no available data were left unconstrained. Muscle ex-
citation-activation dynamics were modeled using a first order differ-
ential equation (Raasch et al., 1997) with muscle-specific activation
and deactivation time constants (Happee and Van der Helm, 1995;
Winters and Stark, 1988).

2.3. Forward dynamics simulations

A global optimization algorithm (simulated annealing, Goffe et al.,
1994) was used to generate four simulations, one representing the
subjects' self-selected technique and three representing each of the
biofeedback conditions (i.e.,, minimize cadence, maximize contact
angle, minimize peak force). For each simulation, the algorithm iden-
tified the excitation pattern parameters that minimized the differ-
ences between simulated and measured group-average stroke
mechanics (i.e., joint kinematics and 3D handrim forces) using an op-
timal tracking cost function (Neptune et al., 2001). A second term was
also included in the cost function that minimized the square of mus-
cle stress to reduce co-contraction.

2.4. Analysis

To assure the simulations reached steady-state, consecutive pro-
pulsion strokes were simulated for each condition and data were an-
alyzed during the second stroke. First, average differences between
simulated and experimental data were determined for each condition
in order to assess how well the simulation tracked the experimental
data. The simulated stroke was then broken into two phases based
on hand-handrim contact (i.e., push and recovery phases) and indi-
vidual muscle data were obtained from the simulation for analysis.
The ratio between instantaneous force and maximum isometric mus-
cle force was calculated at each simulation time step to quantify mus-
cle stress. Peak and average values were then determined for each
muscle during the push phase, recovery phase and over the entire
stroke. Instantaneous mechanical power was obtained for each mus-
cle at each time step and mean positive (negative) power generation
was calculated by averaging the instantaneous positive (negative)
power within the two phases and over the entire stroke. Total
(absolute value sum) and net (linear sum) mean power were calcu-
lated from the individual muscle data for each condition. Muscle
data from each of the twenty-six muscles were combined into fifteen



Table 1

Individual subject attributes and experimentally obtained stroke characteristics, including subject pool average (standard deviation, SD). Because data were not available for all conditions for each subject, average data were calculated from

12,9, 10 and 11 subjects for the Self-selected, Maximize contact angle, Minimized peak force and Minimize cadence conditions, respectively.

Experimental stroke characteristics

Subject characteristics

Max contact angle Min peak force Min cadence

Self-selected

Speed
(m/s)

Stroke
power

Push
time

Speed  Stroke
time

(m/s)

Stroke
power

Push
time

Speed  Stroke
time

(m/s)

Stroke
power

Speed  Stroke Push
time

(m/s)

Stroke
power

Push

Stroke
time

Time since
Injury
(yrs)

Height Mass
(kg)

(cm)

Age

Gender Injury level

Subject

time

time

(yrs)

number

1.13
1.07

13.87
7.87

0.52
0.48

2.74
3.16

1.11
1.06
0.98

11.36
6.20
5.89

0.42
0.35
031

1.05
0.92
0.89

1.13
1.06
0.97

11.05
6.24
5.54

0.53
0.51
0.55

1.88
222
230

1.13
1.08
1.07

11.00
5.39
6.36

0.47
0.36
0.40

1.18
1.05
1.05

141
3.6
22

244

75
62.3
86.9

1727
177.8
1829
162.6
167.6
1524
180.3
1829
1854
177.8
180.3
157.5
149.9
1715

37.1
25.6
26.4

T11-T12

T8
T8

0.99
1.48
0.87
1.14
1.35

6.60
7.71
5.80
9.64
7.21
6.78
419

0.52
0.33
0.39
0.63
0.49

4.02
4.46
137
5.24
6.99

0.84
1.14
1.25

4.65
4.68
6.10

0.30
0.29
0.38

1.06
0.84
1.32

0.83
1.38
1.13

4.47
10.45
10.89
7.77

1.08 0.40
3.16 0.42
1.47 0.62

0.99
1.61
1.39
1.14

5.18
6.00
9.61
7.90
6.76

0.45
0.29
0.28
0.48
0.33

1.88
1.19
1.09
1.28

34

359
3.6

171

48
44.8
80
76.5
80

244
23

359
27.7
46.5

Spinal lipoma

T12

L4-15
T4
L1
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1.26
0.96

3.01 0.49
0.57

137

1.25

69.6 219 1.19

385
41

T11-T12
C6-C7
L-1

0.96
0.82
117

0.68 0.26 7.14 0.96 3.68 0.63
1.10 0.42 4.75 0.81 5.54 0.62
117 1.02 043 9.61 1.15 1.87 0.38 12.09
4.84
7.87

0.70
1.06

10.12
10.67
5.30
7.67

0.52
0.54
0.51

9.01 0.96

5.11 0.83

9.52 1.16 1.35
3.05
2.09

0.52
0.47
0.52

1.16
1.11
1.37

7.3

229
421

714
75.2
74

1
38.0
42.1

T-10

L2222 =

0.70
1.06

0.26 3.83 0.70 1.34 0.31
6.42 1.00 3.67 048

0.34

0.73
0.96

0.71
111

0.30 5.63
7.29

041

0.84
1.20

24.1

51.4

24.1

Cerebral palsy

13

17.2

69.0

33.12

Average
(SD)

(0.09) (2.04) (024) (0.78) (0.06) (3.60) (0.20) (0.19) (0.07) (238) (0.18) (1.81) (0.12) (2.95) (0.23)

(0.25)

(123) (13.3) (13.1)

(8.1)

Fig. 1. Custom built biofeedback system used to collect the experimental data. Subjects
propelled their own wheelchair on a custom-made wheelchair treadmill and visual
biofeedback was provided during each trial. Average, target and individual stroke
values were provided to the subject.

groups based on anatomical location: ADELT (anterior deltoid),
MDELT (middle deltoid), PDELT (posterior deltoid), PECM (sternal
and clavicular pectoralis major), CORB (corachobrachialis), LAT (three
part latissimus dorsii), TMIN (teres minor), SUBSC (subscapularis),
SUPSP (supraspinatus), INFSP (infraspinatus), BIC (long and short
heads of biceps brachii), TRI (long, medial and lateral heads of the
triceps brachii), BRD (brachioradialis), PQ (pronator quadrates, prona-
tor teres) and SUP (supinator).

3. Results

Simulations of all four conditions accurately reproduced the group-
average experimental joint kinematics and handrim forces with aver-
age differences within one standard deviation of the experimental
average, with the exception of the minimize cadence condition radial
force (Fig. 2, Table 2).

3.1. Stroke mechanics

The average simulation stroke power was similar across condi-
tions and within one standard deviation of the experimental values,
ranging from 6.4 W-7.1 W (Table 1 — average power; Table 3 —
handrim power). Relative to the self-selected condition, the simula-
tions of the maximize contact angle and minimize cadence conditions
increased stroke time, push time and contact angle while the mini-
mize peak force condition decreased push and stroke times and con-
tact angle (Table 3). Minimizing peak force produced the lowest peak
force generated to the handrim (37.7 N), while the minimize cadence
condition generated the largest (115.7 N). There was a wide range of
cadences across the four conditions, ranging from 0.36 Hz to 0.95 Hz
(Table 3).

3.2. Muscle stress

Total average muscle stress calculated from each simulation was
similar between the push and recovery phases for all four conditions
(Table 4). However, values varied across conditions, with the highest
and lowest average stresses occurring in the minimize cadence and
minimize peak force conditions, respectively (17.7% vs. 8.4%, Table 4).
In general, individual muscle stress showed similar trends between
the four conditions in that muscle groups with higher peak stress also
had higher average stress (Fig. 3). For all conditions, the muscles cross-
ing the elbow (BRD, TRI, BIC), MDELT, PDELT and INFSP had the largest
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Fig. 2. Example comparison between the experimental and simulation kinematics and handrim kinetic data. Data are presented for the maximize contact angle condition, but all
conditions had similar comparisons. Average experimental and simulation values are represented by solid and dashed lines, respectively. Shaded regions represent41 SD of the

experimental data.

average stress values over the entire stroke, with values exceeding 25%
in many instances (Fig. 3). CORB, PECM and ADELT had higher average
stresses during the push phase, while PDELT had higher average stress
during the recovery phase (Fig. 3A). Both INFSP and MDELT had similar
stress values between the two phases (Fig. 3). Peak stresses were more
variable between simulated conditions, but at least one muscle had
peak stress values greater than 50% in every condition (Fig. 3B). Relative
to the other conditions, the minimize cadence condition had much
higher peak stresses in the forearm muscles during both push and re-
covery phases and in supraspinatus during the recovery phase (SUP,
PQ, SUPSP, Fig. 3).

3.3. Net muscle power

Over the entire stroke, net (i.e., linear sum) muscle power varied
between the four conditions, with the lowest power generated by
the minimize cadence condition and the highest by the self-selected
condition (7.4 W vs. 8.9 W, Table 4). Relative to the other conditions,
the minimize cadence condition required the least amount of total
(i.e., absolute value sum) muscle power to propel the wheelchair,
while the maximize contact angle required the most (34.1 W vs.

Table 2

53.4 W, Table 4). The push phase had large amounts of positive
(active shortening) and negative (active lengthening) muscle power
generation. However, the net power during the push phase was
always positive and much greater than during the recovery phase
(Fig. 4), with the smallest difference between phases occurring in
the minimize peak force condition (15.7 W vs. 4.9 W, Table 4). For
all conditions, the recovery phase had similar amounts of positive
and negative muscle power, resulting in a large total and low net
muscle power during this phase (Table 4).

3.4. Individual muscle power

The elbow flexors (BIC, BRD) and extensors (TRI) consistently gen-
erated a large amount of both positive and negative muscle power dur-
ing the push and recovery phases in all four conditions, resulting in
similar amounts of positive and negative power generation over the en-
tire stroke (Fig. 4). INFSP, LAT and MDELT also generated large amounts
of positive and negative muscle power over all conditions (Fig. 4C).
However, their pattern of power generation was different than that of
the elbow muscles. Similar to the elbow muscles, these muscles gener-
ated both positive and negative power during recovery (Fig. 4B).

Root mean square (RMS) differences between the simulated joint kinematics and handrim forces and corresponding mean experimental value for each biofeedback condition. For
comparison, one standard deviation (SD) of the experimental data is provided (in parentheses) to indicate inter-subject variability.

Tracking differences

Biofeedback condition

(simulation vs. experimental)

Self-selected Max contact angle Min peak force Min cadence
Joint kinematics (degrees) Elevation plane 7 (14.7) 4.8 (20.5) 2 5 (17 O) 4.3 (18.7)
Elevation angle 3(5.8) 33 (7.7) 4 (6.3 2.7 (7.7)
Shoulder rotation 5(15.5 9.1 (24.3) 4 (14. 3) 45 (18.9)
Elbow flexion-extension (13 0 54 (134) 9(10.8) 4.3 (13.9)
Pronation-supination (124 2.5 (13.7) 1 0 (124) 2.8 (10.6)
All joints 2 0 (12 3) 5.0 (15.9) 1.5 (12.2) 3.7 (14.0)
Handrim forces (N) Tangential 2.57 (7.67) 11.97 (17.15) 6.49 (6.11) 18.98 (20.78)
Radial 3.80 (9.40) 442 (15.51) 3.44 (7.70) 30.00 (27.71)
Lateral 1.16 (7.77) 476 (12.47) 1.36 (5.66) 9.35 (17.93)
All forces 2.51 (8.28) 7.05 (15.04) 3.78 (6.50) 19.45 (22.14)
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Table 3

Simulated wheelchair stroke characteristics for each condition.
Simulated Stroke  Push  Handrim Contact Peak Cadence
biofeedback time time power angle force (Hz)
condition (s) (s) (W) (degrees) (N)
Self-selected 1.20 041 7.1 76.1 4643 0.83
Max contact angle  2.09 0.53 6.8 83.9 7444 048
Min peak force 0.96 035 64 63.5 3765 1.04
Min cadence 3.66 051 69 82.9 115.65 0.27

However, these muscles mainly generated either positive or negative
power during the push phase, but not both (Fig. 4A). The forearm mus-
cles did not consistently generate power (positive or negative) during
the stroke (Fig. 4). Comparisons between conditions showed that the
minimize cadence and maximize contact angle conditions increased
ADELT, TRI and BIC power generation during the push phase relative
to the other conditions (Fig 4A). SUPSP and PDELT power generation
was higher in the minimize peak force condition, due to increased pos-
itive power generation during the push and recovery phase, respective-
ly (Fig. 4A, C).

4. Discussion

The optimization framework successfully identified muscle excita-
tion patterns to generate simulations that emulated well the major
biomechanical features of the group-average experimental data
from all four conditions (Fig. 2, Tables 1-3). Muscle stress values for
the self-selected condition were also generally consistent with previ-
ous EMG and static optimization studies. ADELT, MDELT and INFSP
had high average stresses during the push phase (Fig. 3), which
agreed with the high EMG activity and stress values reported by
others (Lin et al., 2004; Mulroy et al., 2004; van Drongelen et al.,
2005a; Veeger et al.,, 2002). In addition, average elbow flexor muscle
stress was near 12% during the push, similar to the 8% value reported
for the biceps by Veeger et al (2002) during similar power and speed
conditions. During recovery MDELT and PDELT had high average
stresses, also consistent with EMG observations (Mulroy et al., 2004).

Despite generating similar stroke power (Table 3), the simulations
of the contact angle, cadence and peak force biofeedback conditions
altered individual muscle stress and power generation (Figs. 3, 4),
which are likely a result of wheelchair users employing different pro-
pulsion strategies when performing the diverse biofeedback tasks
(Richter et al., 2011). Recent studies have shown biofeedback can help

Table 4

users change these three variables (de Groot et al., 2002, 2008; Lenton
et al., 2009; Rice et al,, 2010). However, little is known about how
changing these variables influence upper extremity demand, with the
most relevant results correlating cadence with mechanical efficiency
in able-bodied subjects (de Groot et al., 2008; Lenton et al., 2009). The
present work builds on these previous studies by using modeling and
simulation techniques to show how altering these variables influences
specific measures of muscle demand (i.e.,, muscle stress and power),
and thus their potential to influence the onset of overuse injuries and
pain.

4.1. Muscle power

Relative to the self-selected condition, simulations of the minimize
cadence and peak force conditions showed a reduction in total muscle
power during the stroke (Table 4), suggesting that these conditions
have the greatest potential to reduce overall muscle mechanical de-
mand. Others have found that lower cadences also increase mechanical
efficiency (de Groot et al., 2008; Lenton et al., 2009), which could reduce
muscle demand and explain the lower total muscle power generated
during this condition. In contrast, minimizing peak force increased ca-
dence. Individual muscle power requirements also differed greatly be-
tween the two conditions.

When minimizing cadence, a large increase in positive power was
generated by ADELT, PECM and INFSP during the push (Fig. 4). To
balance this increase in push power, the simulation greatly reduced re-
covery muscle power (Table 4), with large decreases in MDELT, PDELT,
BRD, TRI and BIC (Fig. 4). Because a division of labor exists between
push and recovery phase muscles (Mulroy et al., 2004; Rankin et al.,
2011), this pattern of muscle power generation (i.e., low cadence and
recovery power) allows additional time for the major power producing
muscles of the push phase to relax during recovery, likely reducing
muscle fatigue. These findings are consistent with the current view
that longer strokes reduce upper extremity demand (PVA, 2005). On
the other hand, minimizing peak force decreased power generation by
most muscles during the push phase, with the exception of SUPSP
(Fig. 4). During recovery, negative ADELT and INFSP muscle power
and positive and negative PDELT muscle power increased (Fig. 4). The
increase in ADELT and INFSP negative muscle power is likely due to
an insufficient deactivation time during the transition between the
push and recovery phases as a result of the increased cadence. PDELT
functions to retract the hand during recovery (Rankin et al., 2011) and
increased power generation by this muscle is necessary due to the

Model-derived average muscle stress and power generation for each of the four simulated conditions. Values represent mean data from all muscles during the push phase (Push),
recovery phase (Recovery) and entire propulsion stroke (Stroke). Net and total muscle power represent the sum and absolute value sum, respectively, of the positive and negative

powers.
Simulated biofeedback condition
Self-selected Max contact angle Min peak force Min cadence
Muscle stress (%) Push 8.9 13.1 9.7 20.8
Recovery 8.2 123 7.7 171
Stroke 85 12.5 8.4 17.7
Positive muscle power (W) Push 40.9 65.8 321 98.9
Recovery 19.0 18.8 194 8.1
Stroke 26.5 30.7 24.0 20.8
Negative muscle power (W) Push 19.7 38.2 164 50.4
Recovery 16.5 17.5 145 74
Stroke 17.6 22.7 15.2 134
Total muscle power (W) Push 60.7 104.0 48.5 1493
Recovery 355 36.3 339 155
Stroke 441 534 393 341
Net muscle power (W) Push 21.2 27.6 15.7 48.5
Recovery 25 13 49 0.8
Stroke 8.9 8.0 8.8 7.4
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Fig. 3. Individual muscle stress during the push phase, recovery phase and entire stroke obtained from the model during each of the simulated conditions. A) Average stress, and

B) Peak stress. Note the average scale is half that of the peak stress.

higher demands associated with increased segment velocities and ac-
celerations during recovery (Lenton et al., 2009).

Similar to the minimize cadence condition, maximizing contact
angle also reduced push cadence relative to the self-selected condition.
However, this condition had the highest total muscle power (Table 4)
due to increased negative LAT, positive ADELT, and positive and nega-
tive elbow muscle power during the push phase and increased power
generation in the elbow muscles and LAT during the recovery phase
(Fig. 4). The high muscle power requirements may be because maxi-
mizing contact angle resulted in the most extreme joint postures that
require users to generate power in non-optimal joint configurations.
This increases the need for co-contraction during the push phase and
requires relocation of the hand to a difficult location during the recovery
phase. Thus, encouraging users to maximize push angle does not appear
to be an effective technique to reduce muscle demand. However, small-
er changes in push angle would reduce the extreme joint postures ob-
served and may prove effective in reducing demand.

4.2. Muscle stress

Despite the promising reduction in muscle power requirements
when minimizing cadence, net muscle stress was higher relative to
the self-selected condition (Table 4). Minimizing cadence produced
the highest peak handrim force (115.65 N, Table 3), which greatly
exceeds the 39 N value suggested to be an upper limit to minimize in-
jury during a repetitive task (Silverstein et al., 1987). Higher handrim
forces also result in increased intersegmental moments (Finley et al.,
2004) that require higher muscle forces. This effect was evident in PQ,
which had high average and peak muscle stresses (>25% and > 50%,
respectively, Fig. 2). PQ acts isometrically to transfer power between
the arm and the handrim during the push phase (Rankin et al.,
2011). As a result, higher handrim power requirements will require
higher PQ muscle force and increase muscle stress. Wrist muscle
function is likely similar (i.e., to transfer power) resulting in similar
increases in stress consistent with the findings of Boninger et al (2005)
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that high handrim forces are associated with wrist injury in wheelchair
users. During recovery, both SUPSP and PDELT had large average stresses
(>25%, Fig. 3B). Again, these muscles are likely acting isometrically at
some point during recovery, as the long recovery time will likely allow
the users to slow down or pause when retracting their arm to delay
the start of the next push phase. High activity in SUPSP is a particular
concern as this muscle has been identified by others to be particularly
susceptible to injury (e.g., Mulroy et al., 2004).

Average muscle stress in the peak force condition was the lowest of
all the conditions (Table 4). Although net muscle power was reduced
when minimizing peak force, this condition increased the stress in
three rotator cuff muscles (SUPSP, SUBSC, TMIN), with average and
peak stresses greater than 15% and 25%, respectively (Fig. 3). PECM
stress also increased, which has high excitation intensities during the
push phase (e.g., Mulroy et al., 2004). Therefore, minimizing peak
force likely increases the potential for injury to muscles that already
have high incidences of pain and injury (e.g., Finley and Rodgers,
2004). Small differences in muscle stress occurred during the recovery
phase relative to the self-selected condition except for PDELT average
stress, which increased greatly to exceed 25% (Fig. 3). This condition
also had a cadence three times faster than the minimize cadence condi-
tion (Table 3), which would reduce relaxation time for muscles under
high stress and likely increase fatigue. The high cadence and elevated
muscle stress during the push phase likely outweigh any positive effects
from the reduced peak handrim force and muscle power generation.

Previous studies have observed that contact angle, cadence and peak
force are not independent because they are coupled through stroke
power requirements (Rice et al, 2010; Richter et al, 2011). For a
given speed, the same amount of power must be applied to the handrim
to overcome external loads during each stroke. A decrease in cadence
reduces hand-handrim contact time relative to total stroke time,
which increases push phase power requirements to maintain a constant
average stroke power. To compensate, one must either increase
handrim forces or increase contact angle (increasing hand-handrim
contact time) to generate more power. In extreme cases, such as the
minimize cadence condition, increasing both peak force and contact
angle are necessary to produce sufficient power to satisfy external
power requirements. Therefore, investigating how each of these vari-
ables independently influence muscle demand to determine the opti-
mal propulsion technique is difficult. Purely theoretical studies that

alter each variable while holding other quantities constant or optimize
all three variables simultaneously to minimize different measures of
muscle demand, may better isolate each variable's influence on demand
and provide novel insight into how to optimize propulsion technique to
minimize muscle demand.

Although this study provided insight in how specific feedback vari-
ables influence upper extremity muscle demand, there are some
potential limitations. First, the musculoskeletal model in this study
incorporated a fixed wrist, which prevented the generation of free
moments on the handrim. However, this moment is generally small
relative to the elbow and shoulder moments and should not change
the study conclusions (e.g., Robertson et al., 1996; Sabick et al.,
2004). Also, the musculoskeletal model used in this study was a gener-
ic model that represented a healthy 50th percentile male while the ex-
perimental data were averaged across a group of wheelchair users.
Previous studies have shown that self-selected muscle activity and
push techniques can vary between users (e.g., Finley et al., 2004;
Mulroy et al., 2004). However, regardless of self-selected technique,
the different biofeedback conditions elicited similar responses in all
users (Richter et al., 2011) and the present study used a consistent
model to investigate relative changes in muscle demand between
the conditions. Therefore, the influence of using a generic model on
the relative changes in muscle demand is expected to be minimal.
Lastly, only maximal changes in the three variables were investigated
to infer their influence on muscle demand. However, maximal changes
may not be optimal. In addition, future longitudinal studies should
assess whether improvements can be made in these variables and
sustained over time and whether combinations of sub-maximal values
of these variables may be more effective in reducing muscle demand.

5. Conclusion

Using cadence, peak force and contact angle as biofeedback variables
influences upper extremity muscle demand. However, determining the
specific influence each variable has on muscle demand is challenging
because the three variables are not independent. The minimize peak
force condition had low muscle power generation and net muscle
stress. However, some individual muscles still had high peak and aver-
age stresses which, combined with the increased cadence of this condi-
tion, may negate the positive effects of lower muscle power generation
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on muscle demand. The maximize contact angle condition had the
highest muscle power requirements over the entire stroke and a higher
average muscle stress relative to the self-selected and peak force condi-
tions, and therefore increased muscle demand. Although average mus-
cle stress was higher in the minimize cadence condition, peak muscle
stresses were similar to the other conditions and the total muscle
power required was reduced. Muscle power requirements during the
long recovery phase were especially low, indicating that muscles were
able to relax and reduce the need for continuous, elevated muscle
force. Therefore, instructing users to reduce cadence appears to have
the greatest potential for reducing muscle demand and fatigue, which
may decrease the likelihood of developing upper extremity injuries
and pain. However, in all cases, altering these variables to extreme
values appears to be less effective; instead small to moderate changes
may produce better reductions in overall muscle demand. Investigating
this premise remains an important area for future work.
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