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Abstract

Sloped walking is biomechanically different from level-ground walking, as evidenced by changes 

in joint kinematics and kinetics. However, the changes in muscle functional roles underlying these 

altered movement patterns have not been established. In this study, we developed a total of 273 

muscle-actuated simulations to assess muscle functional roles, quantified by induced body center-

of-mass accelerations and trunk and leg power, during walking on slopes of 0°, ±3°, ±6°, and ±9° 

at 1.25 m/s. The soleus and gastrocnemius both provided greater forward acceleration of the body 

parallel to the slope at +9° compared to level ground (+126% and +66%, respectively). However, 

while the power delivered to the trunk by the soleus varied with slope, the magnitude of net power 

delivered to the trunk and ipsilateral leg by the biarticular gastrocnemius was similar across all 

slopes. At +9°, the hip extensors absorbed more power from the trunk (230% hamstrings, 140% 

gluteus maximus) and generated more power to both legs (200% hamstrings, 160% gluteus 

maximus) compared to level ground. At −9°, the knee extensors (rectus femoris and vasti) 

accelerated the body upward perpendicular to the slope at least 50% more and backward parallel 

to the slope twice as much as on level ground. In addition, the knee extensors absorbed greater 

amounts of power from the ipsilateral leg on greater declines to control descent. Future studies can 

use these results to develop targeted rehabilitation programs and assistive devices aimed at 

restoring sloped walking ability in impaired populations.
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1. INTRODUCTION

Sloped surfaces are encountered in both man-made and natural environments. When walking 

on slopes, the muscles raise or lower the body center-of-mass (COM) while maintaining 

balance. The altered biomechanical demands of sloped walking, particularly with large slope 

angles, require greater activity from lower-limb muscles, such as the gluteus maximus on 

inclines and rectus femoris and vasti on declines (Lay et al., 2007). On inclines, metabolic 

power is increased compared to level-ground walking (Jeffers et al., 2015). These results 

suggest that sloped walking is a more difficult biomechanical task than level-ground 

walking.

Previous sloped walking studies have established how joint kinematics and kinetics change 

compared to level-ground walking. For example, when walking on a 24% grade (13.5°) the 

hip and ankle ranges-of-motion increase by 20% and 59%, respectively, compared to level 

ground (Lange et al., 1996). In addition, when walking on a 39% grade (21.3°) the peak hip 

extension moment during early stance is nearly four times larger than on level ground and 

the peak ankle plantarflexion moment during late stance is 19% greater than on level ground 

(Lay et al., 2006). On declines, the knee joint mechanical power can be up to six times larger 

than on level ground (Kuster et al., 1995). However, the contributions of individual muscles 

to these altered biomechanics have not been established.

Musculoskeletal modeling and simulation allow for investigation of the functional roles of 

individual muscles during movement (Piazza, 2006). Muscles can accelerate all body 

segments (Zajac et al., 2002) and their functional roles can be difficult to predict based 

solely on anatomical classification (Hernández et al., 2008; Neptune et al., 2001). For 

example, the soleus generates power to the trunk while the gastrocnemius generates power to 

the ipsilateral leg for swing initiation during level-ground walking (Neptune et al., 2001). 

The hamstrings absorb power from the trunk and generate power to the ipsilateral leg during 

level-ground walking (Neptune et al., 2004; Silverman and Neptune, 2012), and the knee 

extensors provide braking acceleration of the COM (Pandy et al., 2010) while absorbing 

power from the ipsilateral leg and generating power to the trunk (Neptune et al., 2004; 

Silverman and Neptune, 2012). While these results provide an understanding of level-ground 

walking, muscle functional roles likely change in response to the biomechanical demands of 

sloped walking.

Our goal was to characterize the functional roles of the major lower-limb muscle groups in 

unimpaired adults during sloped walking using musculoskeletal modeling and simulation. 

We quantified muscle functional roles with induced COM acceleration and mechanical 

power delivered to the trunk and legs, and refer to each muscle’s contribution to the net 

COM acceleration and segment mechanical power. Based on previous kinematic, kinetic, 

and musculoskeletal simulation results, we hypothesized that on inclines the ankle 

plantarflexors and hip extensors would accelerate the COM and generate power to the trunk 

and ipsilateral leg to a greater extent than in level-ground walking. We also hypothesized 

that during decline walking the knee extensors would provide greater braking acceleration 

and absorb more power from the ipsilateral leg relative to level-ground walking.
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2. METHODS

2.1. Experimental Data Collection

Thirteen healthy adults (4 female/9 male, 67±10 kg, 173±9 cm, 28±7 years) provided 

written informed consent to participate in the protocol approved by the Department of 

Veterans Affairs’ Human Subjects Institutional Review Board. Participants walked at 1.25 

m/s on an instrumented dual-belt treadmill (Bertec Corp., Columbus, OH) on slopes of 0°, 

±3°, ±6°, and ±9° in randomized order while we measured bilateral ground reaction forces 

(GRFs, 1500 Hz), whole-body kinematics (100 Hz, Vicon Inc., Centennial, CO) and 

electromyographic (EMG) signals (1500 Hz, Noraxon Corp., Scottsdale, AZ) from eight 

muscles of each leg (Table 1). For each person (13 total participants), three gait cycles were 

analyzed for each slope (7 total slopes), for a total of 273 simulations.

2.2. Simulation Development

Kinematic marker trajectories were low-pass filtered with a cutoff frequency of 6 Hz using a 

4th-order bidirectional Butterworth filter in Visual3D (C-Motion, Inc., Germantown, MD). 

An inverse kinematics solution was computed using a least squares optimization approach 

(Lu and O’Connor, 1999), and the resulting joint angles were low-pass filtered with a 6 Hz 

cutoff frequency. Force data were also low-pass filtered with a 6 Hz cutoff to eliminate noise 

caused by treadmill vibrations (Antonsson and Mann, 1985; Kram et al., 1998; Riley et al., 

2007) and maintain consistency between data types (Bisseling and Hof, 2006; Kristianslund 

et al., 2012). Musculoskeletal models were developed in OpenSim 3.1 (Delp et al., 2007) by 

scaling a generic model (Anderson and Pandy, 1999; Delp et al., 1990) with 21 degrees-of-

freedom (DOF) and 92 Hill-type musculotendon actuators with force-length-velocity 

properties (Zajac, 1989). Scale factors for each segment were computed from a static trial in 

Visual3D. Passive structures were represented by torques applied to each rotational DOF as 

an exponential function of joint angle (Anderson, 1999; Davy and Audu, 1987). A residual 

reduction algorithm (RRA) was used to ensure dynamic consistency between the inverse 

kinematics solution, model and GRFs by adjusting the total model mass and torso COM 

location (Delp et al., 2007). After making model adjustments, we used a custom 

optimization algorithm to adjust the inverse kinematics solution and minimize a multi-

objective cost function based on the root-mean-squared residual forces and kinematic 

tracking errors for each trial. We then used a computed muscle control (CMC) algorithm to 

determine muscle forces that reproduced the kinematic solution from RRA while 

minimizing the sum of squared muscle excitations. Measured EMG signal timing was used 

to constrain the minimum and maximum excitations of the corresponding muscles in the 

model (Table 1). The EMG signals were processed by subtracting the mean, rectifying the 

signal, and applying a bidirectional moving average filter with a window of 100 

milliseconds. For each muscle, the processed signal for each trial was normalized by the 

peak value across all trials. Simulated muscles were constrained to be “on” (excitation≥0.5) 

if the normalized EMG was greater than 0.5 for more than 0.01 seconds, and “off” 

(excitation≤0.1) if the normalized EMG was less than 0.05 for more than 0.01 seconds. 

Otherwise the minimum and maximum excitation bounds were 0.02 and 1.0, respectively.
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2.3. Induced Acceleration and Segment Power Analyses

An induced acceleration analysis (IAA) was performed to determine muscle contributions to 

net COM acceleration. We used a “rolling without slipping” kinematic constraint between 

the foot and ground during stance (Hamner et al., 2010) and solved the equations of motion 

to compute accelerations due to each force acting on the model. Accelerations were reported 

in the directions parallel to the treadmill (braking [−]/propulsion [+]), perpendicular to the 

treadmill (normal [+]), and mediolateral (lateral [−]/medial [+]). The treadmill reference 

frame was chosen instead of the global reference frame because it describes the 

accelerations parallel and perpendicular to the direction of progression during sloped 

walking.

We calculated the instantaneous power delivered to the body segments by each force in the 

model (Fregly and Zajac, 1996). The power delivered to the trunk (pelvis and torso) and legs 

(toes, calcaneus, talus, tibia, and femur in each leg) was calculated by summing the power 

delivered to each segment. The power in each segment was normalized by that segment’s 

mass. Because participants were unimpaired, we assumed symmetry between legs and 

reported left leg muscle contributions to induced COM acceleration and segment power.

2.4. Statistical Comparisons

A linear mixed effects ANOVA (Pinheiro et al., 2015) with slope as a fixed effect and 

participant as a random effect was used to assess changes in muscle results across slopes. 

The mean induced COM acceleration and power delivered to the trunk and legs from each 

left leg muscle group (Table 1) during stance (defined as 0–60% of the gait cycle) were 

compared. When a significant slope effect was found, post-hoc comparisons were performed 

between each slope and level ground using least squares means and Dunnett’s method for p-

value adjustments (Lenth and Hervé, 2015).

3. RESULTS

Overall, the experimental joint angles and net joint moments from RRA (Figure 1) were 

consistent with the literature (Fradet et al., 2010; Lay et al., 2006; Silverman et al., 2012). 

The model changes were within acceptable bounds for measurement error in model mass 

properties, with an average mass change of 1.00±0.76 kg and torso COM change of 

6.84±2.70 cm. The simulations had similar muscle excitations to the collected EMG signals 

(Figure 2), low residuals (Supplementary Table 1), and low tracking errors (Supplementary 

Table 2).

3.1. Induced Body COM Acceleration

SOL and GAS had increased contributions to propulsion (positive acceleration parallel to the 

treadmill) on inclines relative to level ground, with a 126% increase in SOL (p<0.001) and a 

66% increase in GAS (p<0.001) contributions at +9° compared to 0° (Figure 3). RF and 

VAS provided greater braking (negative acceleration parallel to the treadmill) on declines 

compared to level ground, with more than 100% increase in both muscles at −9° compared 

to 0° (p<0.001). SOL had increased positive normal acceleration on all declines and at +9° 

relative to level ground. GAS had decreased normal acceleration on all declines relative to 
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level ground, with a decrease of 44% at −9° relative to 0° (p<0.001). RF and VAS had 

increased normal acceleration on declines relative to level ground, with an 89% increase in 

RF and a 62% increase in VAS at −9° relative to 0° (p<0.001). SOL and GAS contributed to 

medial COM acceleration, but had large variability. GMED accelerated the COM medially 

on all slopes.

3.2. Segment Power

SOL generated power to the trunk on level ground and inclines (Figures 4 and 5), with an 

increase in the mean power generation during stance of 300% at +9° compared to 0° 

(p<0.001; Figure 5). On declines SOL absorbed power from the trunk, and with seven times 

more mean power absorbed at −9° compared to −3° (Figure 5). GAS transferred power from 

the trunk to the ipsilateral leg on all slopes (Figure 4). RF and VAS absorbed more power 

from the ipsilateral leg on declines than on level ground and inclines, with an increase in 

mean power absorption during stance of more than 160% in both muscles at −9° compared 

to 0° (Figure 5). HAM and GMAX transferred more power from the trunk to the legs on 

inclines than on level ground or declines (Figure 4). At +9° compared to 0°, HAM absorbed 

230% more power from the trunk, generated 200% more power to the ipsilateral leg, and 

generated 210% more power to the contralateral leg during stance (all p<0.001, Figure 5). 

Also at +9° compared to 0°, GMAX absorbed 140% more power from the trunk, generated 

175% more power to the ipsilateral leg, and generated 165% more power to the contralateral 

leg during stance (all p<0.001, Figure 5).

4. DISCUSSION

Our goal was to quantify the muscle action underlying kinematic and kinetic changes for 

sloped compared to level-ground walking. The results showed that muscle functional roles 

vary with slope, and our hypotheses for specific muscle groups were largely supported.

Our first hypothesis, that SOL and GAS would have increased contributions to COM 

acceleration and trunk and ipsilateral leg power on inclines, was supported for COM 

acceleration and partially supported for trunk and ipsilateral leg power. SOL generated 

power to the trunk on level ground and inclines (Figure 5), which was consistent with its 

functional role in level-ground walking (Neptune et al., 2001). However, SOL absorbed 

power from the trunk during decline walking (Figure 5). A post-hoc analysis of induced 

joint accelerations and joint angles showed that while SOL accelerated the ipsilateral hip, 

knee, and ankle into extension/plantarflexion during late stance (30–60% ipsilateral leg gait 

cycle) on all slopes (Figure 6), the mean magnitudes were reduced by 75% (hip), 83% 

(knee), and 46% (ankle), at −9° compared to +9° (p<0.001 for all three joints). The knee was 

more flexed during late stance on declines compared to inclines, with a mean flexion angle 

of 31.6±8.4° at −9° compared to 7.75±5.4° at +9° (p<0.001). Also, the mean lumbar joint 

angle over the gait cycle was more flexed on inclines, with 0.8±6.0° of flexion at −9° 

compared to 9.2±5.6° of flexion at +9° (p<0.001). Prior work has also found that leaning 

forward is a key postural adaptation to uphill walking (Leroux et al., 2002). Changes in 

kinematics affect the direction and magnitude of COM acceleration a muscle can induce, as 

demonstrated in crouch gait (Steele et al., 2013). Therefore, kinematic changes at the knee 
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and lumbar joint likely contributed to SOL absorbing power from, rather than generating 

power to, the trunk when walking downhill.

We expected that GAS would generate greater power to the ipsilateral leg on inclines 

because GAS initiates leg swing during level-ground walking (Neptune et al., 2001) and the 

need to raise the leg against gravity is greater during incline walking than on level ground. 

However, GAS did not provide greater power to the ipsilateral leg on inclines relative to 

level ground (Figure 5). While the biarticular GAS provided power to the ipsilateral leg on 

all slopes, the magnitude was not strongly affected by slope. Instead, the hip extensors 

(HAM and GMAX) generated power to the contralateral leg (Figure 4, bottom row) during 

0–30% of the ipsilateral leg gait cycle, corresponding to pre- and early-swing in the 

contralateral leg. The hip extensors accelerated both hips as well as the contralateral knee 

and ankle into extension during early ipsilateral stance (Figure 7).

Our second hypothesis, that the hip extensors would provide greater acceleration of the 

COM and generate more power to the trunk and ipsilateral leg on inclines, was also partially 

supported. HAM and GMAX transferred power from the trunk to both legs (Figures 4 and 5) 

on all slopes in early stance, consistent with the role of HAM during level-ground walking 

(Neptune et al., 2004; Silverman and Neptune, 2012). The amount of power absorbed from 

the trunk and generated in both the ipsilateral and contralateral legs by HAM and GMAX 

approximately doubled from 0° to +9° (Figure 5). The hip flexors (IL), which were not 

included in our initial hypotheses, generated power to the ipsilateral leg in late stance 

(Figure 4). Thus, the contralateral HAM and GMAX, in combination with the ipsilateral IL 

and GAS, are important for generating energy to the ipsilateral leg during its pre-swing 

phase (50–60% ipsilateral gait cycle). Greater power transfer from HAM and GMAX is 

consistent with the observed increased hip extensor moment on inclines relative to level 

ground (Figure 1), also shown in previous work (Lay et al., 2006). The contributions of 

HAM and GMAX to COM acceleration in the parallel and normal directions were small 

compared to those of other muscle groups (Figure 3). The small COM acceleration induced 

by HAM and GMAX highlight that interpretation of muscle functional roles is aided by 

segment power analyses that reveal power transfer between body segments.

Our final hypothesis, that RF and VAS would provide more braking acceleration and absorb 

more power from the ipsilateral leg on declines, was largely supported. Both muscles 

accelerated the COM backward and absorbed power from the ipsilateral leg on declines. RF 

delivered more power to the trunk on declines than level ground. Overall, these muscle 

results are consistent with the greater knee extension moment (Figure 1; Lay et al., 2006), 

greater mean and peak VAS activity (Lange et al., 1996) and longer duration of RF and VAS 

activity (Lay et al., 2007) during decline compared to level-ground walking. In addition, 

these results are supported by greater knee power on declines compared to level ground 

(Kuster et al., 1995), suggesting that the knee muscles are largely responsible for lowering 

the body (Redfern and Dipasquale, 1997).

The mediolateral COM accelerations were smaller than in the other directions, and muscles 

like GMED that contributed mediolaterally (Pandy et al., 2010; Silverman and Neptune, 

2012) did not have many differences across slopes. The ankle plantarflexors contributed to 
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medial COM acceleration, contrary to previous results (Pandy et al., 2010) but consistent 

with other studies that used a “rolling without slipping” ground contact model (Dorn et al., 

2012). However, there was large variability in the mediolateral COM acceleration induced 

by the plantarflexors (Figure 3), and their regulation of mediolateral balance has been shown 

to be sensitive to foot placement (Silverman and Neptune, 2012).

A potential limitation of this study is the sensitivity of IAA to the ground contact model. Our 

muscle-level IAA results are similar to other studies that used the “rolling without slipping” 

constraint (Dorn et al., 2012; Hamner and Delp, 2013; Steele et al., 2013), but have some 

differences from other studies that used five time-varying kinematic constraints (Lin et al., 

2015; Pandy et al., 2010) and GRF decomposition using viscoelastic elements with 

Coulomb friction (Neptune et al., 2001; Silverman and Neptune, 2012) to model ground 

contact. For example, the contact model affects whether SOL provides braking or propulsion 

in early to mid-stance and the medial versus lateral contributions of GAS, SOL, and VAS to 

COM acceleration (Supplementary Figure 1). These differences have been previously 

documented (Dorn et al., 2012), and should be noted when interpreting the results of this 

study. We elected to use the “rolling without slipping” constraint for its computational 

efficiency, which facilitated analyzing a large number of simulations. Our results of the 

ankle plantarflexors in late stance, hip extensors in early stance, and vasti in early stance in 

the sagittal plane are supported by multiple studies that have used different contact models; 

thus we do not expect these to change with ground contact model selection (Neptune et al., 

2001; Pandy et al., 2010; Steele et al., 2013, 2010).

This study analyzed incline and decline walking performed on treadmill. The biomechanics 

of treadmill walking may differ from overground ramp walking. However, differences in 

joint angles and moments between level walking overground and on a treadmill are within 

the variability inherent in these quantities (Riley et al., 2007). In addition, the joint angles 

and moments in this study were similar to those reported in previous studies of ramp 

walking (Fradet et al., 2010; Lay et al., 2006; Silverman et al., 2012). Because joint angles 

and moments were used in the estimation of muscle forces, we do not expect our results to 

change between ramp and treadmill walking.

In addition, this study is limited by the assumption that the CMC cost function (i.e., 

minimizing the sum of muscle excitations squared) is appropriate for simulating sloped 

walking, and may require further investigation. For example, muscle co-contraction may be 

more common on greater slopes as balance becomes more difficult to maintain, and may be 

underestimated with this cost function. However, our simulated muscle controls were similar 

to EMG signals, providing confidence in our results. There was some discrepancy in the 

timing and magnitude of muscle controls relative to EMG, notably in SOL on declines 

(Figure 2), suggesting that our simulations may differ from muscle behavior. The burst in 

simulated SOL excitation at approximately 50% of the gait cycle may exaggerate the amount 

of power absorbed from the trunk by SOL during decline walking.

This work provides a baseline for investigating many populations. For example, individuals 

with unilateral transtibial amputation using passive prostheses compensate for lost ankle 

muscle function by increasing work from the hip extensors in the affected leg (Silverman et 
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al. 2008). Our results suggest that non-amputees rely heavily on the hip extensors to transfer 

power on inclines. Thus, using a hip compensation strategy may place unrealistic demands 

on HAM and GMAX on extreme slopes of +9° and make these walking conditions difficult 

for people with leg amputations. In addition, traditional leg prostheses do not span the knee 

like the biarticular GAS. GAS contributes to leg swing initiation during level-ground 

walking (Neptune et al., 2001), and our results suggest that this contribution may not be 

increased on inclines. Thus, if an assistive device can replicate the functional role of GAS on 

level ground, it may also perform well on inclines. Gait deviations in impaired populations 

are also frequently attributed to muscle weakness, such as plantarflexor weakness in 

individuals with hemiparesis (Nadeau et al., 1999) or knee extensor weakness in individuals 

with transtibial amputation (Langlois et al., 2014; Schmalz et al., 2001) or total knee 

arthroplasty (Mizner and Snyder-Mackler, 2005). Sloped walking is likely especially 

challenging for these populations because of greater power requirements on extreme inclines 

and declines.

CONCLUSION

We quantified the functional roles of lower-limb muscle groups for sloped walking by 

developing 273 simulations. We found that SOL and GAS were critical for generating power 

to the trunk and leg during incline walking, similar to level ground. However, while SOL 

provided more trunk power on greater inclines, the power generated to the leg from GAS 

had few significant differences from level-ground walking. HAM and GMAX delivered 

more power to both legs on inclines than on level ground. During decline walking, RF and 

VAS absorbed more power from the ipsilateral leg and provided more backward (braking) 

acceleration of the COM, which helped control descent. The COM mediolateral induced 

accelerations had large variability and were not affected by slope. The results of this study 

provide a baseline of unimpaired muscle functional roles during sloped walking, which can 

be used to develop rehabilitation programs that target specific muscle groups as well as to 

evaluate and design assistive devices that restore lost function in impaired populations.

Supplementary Material

Refer to Web version on PubMed Central for supplementary material.
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Figure 1. 
Average joint angles (left column) and joint moments (right column) during stance. Net joint 

moments were calculated from the residual reduction algorithm (RRA) and are normalized 

by body mass. Positive angles and moments represent hip flexion, hip adduction, hip internal 

rotation, knee flexion, and ankle plantarflexion.
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Figure 2. 
Comparison of mean (±SD) processed electromyographic (EMG) signals (gray shaded area) 

with the similarly processed mean of computed muscle control excitations (±SD shown in 

solid blue). The relative timing and magnitude of excitations in the simulations compared 

well with EMG as slope varied.
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Figure 3. 
Mean body COM acceleration (±SD) induced by left leg muscle groups and gravity during 

left leg stance. Significant differences relative to level-ground are indicated by ‘*’.
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Figure 4. 
Net power delivered to the trunk (pelvis and torso; top row) and legs (toes, calcaneus, talus, 

tibia, and femur; middle and bottom rows) during stance by the ipsilateral (left) leg muscles, 

normalized by segment mass and averaged across participants.
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Figure 5. 
Mean (±SD) segment power delivered to the trunk and legs during left leg stance, 

normalized by segment mass. Significant differences relative to level ground are indicated 

by ‘*’.
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Figure 6. 
Average joint accelerations induced in the ipsilateral (Ipsi) leg joints by SOL during stance. 

Acceleration into extension is defined positively for all three joints.
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Figure 7. 
Accelerations induced in the ipsilateral (Ipsi) hip and all contralateral (Contra) leg joints by 

HAM and GMAX during stance. Acceleration into extension is defined positively for all 

joints.
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Table 1

Muscle group definitions and abbreviations. Muscles for which EMG was measured experimentally are 

denoted by ‘E’, and muscles in the group which were constrained based on EMG are denoted by ‘C’.

Abbreviation Muscles in group

SOL SoleusEC

GAS Lateral gastrocnemiusEC

Medial gastrocnemiusC

TA Tibialis anteriorEC

Extensor digitorum longus
Extensor hallucis longus
Peroneus tertius

VAS Vastus lateralisEC

Vastus medialisC

Vastus intermediusC

RF Rectus femorisEC

HAMS Biceps femoris long headEC

Gracilis
Semimembranosus
Semitendinosus

GMAX Gluteus maximus (superior, middle, and inferior compartments)EC

IL Iliacus
Psoas

GMED Gluteus medius (anterior, middle, and posterior compartments)EC

Gluteus minimus (anterior, middle, and posterior compartments)
Piriformis
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