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Abstract

Sloped walking requires altered strategies for maintaining dynamic balance relative to level-

ground walking, as evidenced by changes in sagittal-plane whole-body angular momentum (H) in 

able-bodied individuals. The ankle plantarflexor muscles are critical for regulating H, and 

functional loss of these muscles from transtibial amputation affects this regulation. However, it is 

unclear if a powered prosthesis, which more closely emulates intact ankle function than a passive 

energy-storage-and-return prosthesis, affects H differently during sloped walking. Therefore, our 

purpose was to investigate H in individuals with unilateral transtibial amputation when using 

powered and passive prostheses. Overall, the range of H was greater in people with a transtibial 

amputation relative to able-bodied individuals. On a −10° decline, individuals with amputation did 

not decrease H as much as able-bodied individuals, and had reduced prosthetic limb braking 

ground reaction forces and knee power absorption. On a +10° incline, individuals with amputation 

had a greater relative increase of H than able-bodied individuals, a more anterior placement of the 

prosthetic foot, and higher peak hip power generation. The powered prosthesis condition resulted 

in a smaller range of H during prosthetic stance relative to the passive condition, although it was 

still larger than able-bodied individuals. Our results suggest that prosthetic ankle power generation 

may help regulate dynamic balance during prosthetic stance, but alone is not sufficient for 

restoring H to that of able-bodied individuals on slopes. Contributions of knee extensor muscles 

and the biarticular gastrocnemius in regulating H on slopes should be further investigated.
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I. INTRODUCTION

The biomechanical demands of sloped (uphill/downhill) walking are fundamentally different 

from level-ground walking. The body center-of-mass (COM) must be raised or lowered 

during sloped walking, and the risk of slipping on a sloped surface is greater than on level 

ground due to increased shear ground reaction forces (GRFs) (Redfern et al., 2001). The task 

demands for sloped walking result in changes in joint kinematics and kinetics (Kuster et al., 

1995; Lange et al., 1996; Redfern and Dipasquale, 1997) and electromyography (EMG) 

(Lange et al., 1996; Lay et al., 2007; Leroux et al., 1999) in comparison to level-ground 

walking, and may adversely affect dynamic balance in individuals with musculoskeletal 

impairments.

Whole-body angular momentum (H) provides insight into the effects of different walking 

conditions on dynamic balance, or the ability to maintain equilibrium and avoid falling, 

during movement. H must be regulated to avoid falling, as observed in level-ground walking 

(Herr and Popovic, 2008). The time rate of change of H is the sum of the external moments 

about the body COM,

(1)

During walking, the external moment, Mext, is the cross product of the external moment arm 

(position vector from the body COM to the center-of-pressure) and GRF on each foot 

(Figure 1), and is controlled through muscle force generation (Neptune and McGowan, 

2011). Thus, after a disturbance such as a trip, a rapid response from the muscles is required 

to generate an external moment to restrain H and avoid falling (Pijnappels et al., 2004). 

However, populations with balance impairments, such as individuals who have experienced 

a stroke (Nott et al., 2013) or leg amputation (Silverman and Neptune, 2011), have an 

increased range of H and compromised muscle function that reduces their ability to regulate 

dynamic balance. Able-bodied individuals decrease their range of H on declines, potentially 

as a protective mechanism to counteract the elevated fall risk, but increase their range of H 
on inclines, where the risk of falling is not as high (Silverman et al., 2012).

Transtibial amputation (TTA) affects the ability to regulate H (D'Andrea et al., 2014; Pickle 

et al., 2014; Silverman and Neptune, 2011), likely due to reduced muscle control and 

proprioception. In particular, the ankle plantarflexors are critical for regulating H (Neptune 

and McGowan, 2011), but these muscles no longer provide ankle actuation after TTA. 

Passive energy-storage-and-return prostheses provide reduced body propulsion and leg 

swing initiation during level-ground walking (Silverman and Neptune, 2012) and result in 

differences in H (Silverman and Neptune, 2011) in comparison to able-bodied individuals. 

In contrast, powered prostheses utilize a motorized ankle joint to perform positive net work 

during stance (Au et al., 2007). Many recent studies have investigated the differences 

between passive and powered prostheses in a variety of walking conditions (D'Andrea et al., 

2014; Esposito et al., 2015; Ferris et al., 2012; Gates et al., 2013; Herr and Grabowski, 

2012), but it remains unclear how using a powered prosthesis affects H during sloped 
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walking. Therefore, the purpose of this study was to analyze H in individuals with TTA 

walking with passive and powered prostheses on a range of slope angles and compared to 

able-bodied individuals. We hypothesized that individuals with TTA would have a greater 

range of sagittal-plane H during 0-50% prosthetic limb gait cycle (i.e., during the majority of 

prosthetic stance) on all slopes when compared to able-bodied individuals. We also 

hypothesized that using a powered prosthesis would reduce the range of H relative to using a 

passive prosthesis.

II. METHODS

Ten individuals with TTA (1 female/9 male, 30±5 years, 1.83±0.10 m, 96±7 kg) and ten 

able-bodied participants (2 female/8 male, 24±5 years, 1.80±0.09 m, 91±10kg) participated 

in this study. All individuals with TTA were K4-level ambulators capable of walking 

independently for at least 15 consecutive minutes and were independent walkers for an 

average of 18.4 (SD=11.1) months prior to the study. Trials were conducted first with the 

participant's passive energy-storage-and-return prosthesis and then with the BiOM (BiOM, 

Bedford, MA) powered prosthesis. The BiOM was designed to accommodate a range of 

activities and surfaces (Au et al., 2007; Ferris et al., 2012; Gates et al., 2013; Herr and 

Grabowski, 2012; Markowitz et al., 2011; Pickle et al., 2014), and uses a reflexive control 

scheme whereby the loading of the device determines the motor response and subsequent 

power production. The passive and powered data collection sessions were separated by an 

average of 43.4 (SD=18.1) days to allow for acclimation to the BiOM. Participants 

completed of a range of activities during the initial fitting and training process, including 

slope ambulation. Device power and timing of power were tuned using average normative 

biological ankle values. Participants were instructed to practice a variety of activities 

independently during the acclimation period to ensure comfort and familiarization with 

device function. All participants provided written informed consent for the protocol 

approved by the institutional review board at Brooke Army Medical Center.

Whole-body kinematics were captured using a 26-camera motion capture system (Motion 

Analysis Corp., Santa Rosa, CA) operating at 120 Hz. A set of 57 reflective markers was 

used to define and track the motion of 13 body segments (Wilken et al., 2012) In addition, 

virtual markers were created using a digitizing wand (Motion Analysis Corp., Santa Rosa, 

CA) and were used to identify anatomical landmarks and define local coordinate system 

orientation. GRF data were captured at 1200 Hz using a 16-ft instrumented walkway 

inclined at 0°, ±5°, and ±10°. An auditory cue was used to control horizontal (in the 

laboratory reference frame) walking speed at a Froude number of 0.16 to ensure similar gait 

across participants (McAndrew et al., 2010). Walking velocity (vw) was based on leg length 

as , where Fr is the Froude number, g is acceleration due to gravity and l is leg 

length in meters. The mean (±SD) horizontal velocity was 1.28±0.11 m/s for participants 

with TTA and 1.21±0.08 m/s for able-bodied participants.

Kinematic marker and force data were filtered using a 4th-order low pass Butterworth filter 

with cutoff frequencies at 6 Hz and 50 Hz, respectively. Kinematic and GRF data were 

combined in Visual3D (C-Motion, Inc., Germantown, MD) to compute joint powers using 

an inverse dynamics approach. Individual segment masses were defined as a percentage of 
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total body mass (Dempster and Aitkens, 1995). In the passive prosthesis trials the prosthetic 

shank mass was reduced by 30% and that mass was redistributed among the other body 

segments, the shank COM was shifted 30% more proximal along the shank axis, and the 

inertial properties adjusted accordingly (Smith et al., 2014). The shank inertial properties 

were not altered for the powered prosthesis conditions because the mass of BiOM is similar 

to a biological shank and foot (Eilenberg et al., 2010). H was calculated as

(2)

where n is the number of segments, , , and  are, respectively, the position, 

velocity, and angular velocity of the ith segment,  and  are, respectively, the 

position and velocity of the whole-body COM, and mi and Ii are the mass and inertia matrix 

of the ith segment. H was normalized by body height, mass and horizontal walking velocity 

and expressed as a percentage of the left or prosthetic limb gait cycle for the able-bodied and 

TTA groups, respectively.

Four gait cycles per participant were analyzed for each group (able-bodied, passive, 

powered) and slope. The ranges (peak-to-peak values) of H in all three anatomical planes 

were calculated and compared statistically using R Statistical Computing Software, v. 2.15.1 

(R Core Team, 2012). Peak GRFs, external moment arms and joint powers were similarly 

compared. Values were compared using a linear mixed effects ANOVA (Pinheiro et al., 

2015) with slope angle and group (able-bodied, passive, powered) as fixed effects and 

participant as a random effect. Post-hoc comparisons were performed using least-squares 

means (Lenth and Hervé, 2015) when significant main or interaction effects were found, and 

p-values were adjusted using Tukey's method.

III. RESULTS

III.a. Whole-body angular momentum (H)

We analyzed the range of H in all three anatomical planes (Figure 2). There were no 

differences between groups in the range of frontal-plane H over the gait cycle. In the 

transverse plane, individuals with TTA had a greater range of H during the gait cycle when 

using a powered prosthesis than when using a passive prosthesis on all slopes. However, the 

range of H in the transverse plane did not vary substantially with slope, as the only 

significant difference in comparison to level-ground walking was in individuals with TTA 

using a powered prosthesis at +10°. The greatest differences between groups occurred in the 

range of sagittal-plane H, which is also the plane in which slips are most likely to occur 

during sloped walking. Note that while there were significant differences in peak values of 

H, particularly in the sagittal plane, we constrained our analysis to range comparisons to 

describe overall H during gait.

The sagittal-plane range of H during 0-50% gait cycle was significantly greater in the 

passive and powered prosthesis conditions than in able-bodied people on all slopes (Figure 

3). In addition, participants with TTA did not reduce sagittal-plane H as much as able-bodied 
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participants on declines in comparison to level-ground. The range of sagittal-plane H for 

able-bodied participants during 0-50% gait cycle was 0.037±0.006 at 0° and 0.026±0.006 at 

−10° (30% decrease). When using a passive prosthesis, the range of sagittal-plane H during 

0-50% gait cycle was reduced from 0.052±0.005 at 0° to 0.046±0.008 at −10° (12% 

decrease) and when using a powered prosthesis the range was reduced from 0.047±0.007 at 

0° to 0.040±0.009 at −10° (15% decrease).

The increase in H at +10° relative to 0° was greater in the passive and powered conditions 

than in able-bodied people. In able-bodied participants, the range of sagittal-plane H during 

0-50% gait cycle increased from 0.037±0.006 at 0° to 0.050±0.010 m/s at +10° (35% 

increase). For people using a passive prosthesis, the range of sagittal-plane H during 0-50% 

gait cycle increased from 0.052±0.005 at 0° to 0.072±0.007 at +10° (38% increase), and 

when using a powered prosthesis the range increased from 0.047±0.007 at 0° to 0.069±0.010 

at +10° (47% increase).

Although participants with TTA had greater ranges of sagittal-plane H in comparison to 

able-bodied participants, we also observed lower ranges of sagittal-plane H during 0-50% 

gait cycle when using a powered compared to passive prosthesis on all slopes except for 

+10° (Figure 3).

During 50-100% gait cycle on declines, individuals with TTA using both passive and 

powered prostheses had a greater range of sagittal-plane H relative to able-bodied 

individuals. In addition, individuals with TTA had a greater range of sagittal-plane H when 

using the powered compared to the passive prosthesis, which was in contrast to the results 

from 0-50% gait cycle. On inclines during 50-100% gait cycle there was a significant 

difference in the range of sagittal-plane H when using a powered compared to passive 

prosthesis, but there were no significant differences in either the passive or powered 

prosthesis condition compared to able-bodied participants.

III.b Ground reaction forces and external moment arms

In people with TTA using passive and powered prostheses, the maximum anterior moment 

arm in the prosthetic limb was greater than the average able-bodied limb at +10° (Figure 4 

and Table 1). Few other significant differences between subject groups were observed in 

external moment arms.

On declines, there were several differences between participant groups in the A/P GRF 

(braking[−]/propulsion[+]). We observed decreased braking in the prosthetic limb on 

declines when using a passive prosthesis in comparison to both able-bodied individuals and 

individuals with TTA using a powered prosthesis. At −10°, the maximum braking forces 

were −10.0±3.6 % body weight (BW) when using a passive prosthesis, which was lower 

than −15.4±6.7 %BW when using a powered prosthesis and −19.8±4.4 %BW in able-bodied 

participants. In addition, the first peak of the vertical GRF was increased in the intact limb of 

people with TTA using both prostheses compared to able-bodied individuals (Table 1) at 

−10°. However, the first peak of the vertical GRF in the prosthetic limb when using a 

powered prosthesis was more similar to able-bodied participants than when using a passive 

prosthesis.
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On inclines, the propulsion (positive A/P GRF) provided by the passive prosthesis was lower 

than the average able-bodied limb, while there was no significant difference between the 

powered prosthesis and the average able-bodied limb on inclines (Table 1). The first peak 

vertical GRF in the intact limb was lower when using a powered compared to passive 

prosthesis. The second peak vertical GRF in the intact limb of people with TTA using both 

passive and powered prostheses was greater than able-bodied participants at +10°.

III.c. Joint Powers

The maximum hip power generated by people with TTA using passive and powered 

prostheses was greater than able-bodied participants in the intact limb on all inclines and 

declines except when using the powered prosthesis at +5° (Table 2 and Figure 5). Peak 

prosthetic limb hip power generation was greater than able-bodied participants at +5° and 

+10°. At +10° the maximum hip power generated in the intact limb when using a powered 

prosthesis was significantly less than when using a passive prosthesis (Figure 5).

In the prosthetic limb knee, people using both passive and powered prostheses had lower 

peak power absorption than able-bodied participants at −10° (Table 2 and Figure 5). People 

with TTA using a passive prosthesis also had greater power absorption in the intact knee 

than able-bodied individuals at −10°. At +5° and +10°, people with TTA using both 

prostheses had lower mean knee power generation in the prosthetic limb during 0-30% gait 

cycle (1st half of stance) compared to able-bodied individuals.

The peak ankle power generation in the powered prosthesis was higher than or not 

statistically different from the average able-bodied ankle on all slopes, while the passive 

prosthesis was lower than the average able-bodied ankle on inclines (Table 2 and Figure 5). 

Individuals with TTA using both passive and powered prostheses also had greater maximum 

intact ankle power generation than able-bodied individuals at +5° and +10°.

IV. DISCUSSION

We analyzed the range of H in individuals with and without TTA during sloped walking. We 

hypothesized that (1) individuals with TTA would have a greater range of sagittal-plane H 
than able-bodied individuals during 0-50% prosthetic limb gait cycle, and that (2) the 

powered prosthesis would reduce sagittal-plane H compared to the passive prosthesis.

Our first hypothesis was supported. Individuals with TTA had a greater range of sagittal-

plane H than able-bodied individuals during 0-50% gait cycle, regardless of prosthesis type. 

Able-bodied participants had decreased ranges of sagittal-plane H on declines and increased 

ranges on inclines in comparison to level-ground, as previously reported (Silverman et al., 

2012). Individuals with TTA, however, did not reduce H to the same extent as able-bodied 

people from 0° to −10° and the relative increase in range of sagittal-plane H from 0° to +10° 

was greater than the relative increase in able-bodied individuals. The increased range of 

sagittal-plane H in individuals with TTA may suggest increased fall risk during prosthetic 

stance, which is affected by reduced proprioception and loss of direct muscular control of 

the ankle. To further investigate this result, we examined the contributions to whole-body H 
from the head-arms-trunk (HAT) and each limb (thigh, shank, foot) (Figure 6). Greater range 
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of H from participants with TTA during 0-50% gait cycle was related to a more negative 

prosthetic-limb H just after heel strike and less negative prosthetic-limb H in mid-stance in 

combination with a later peak of positive H from the HAT relative to able-bodied individuals 

(Figure 6). The results in individuals with TTA when using a passive prosthesis are partially 

related to the reduced mass of the passive prosthesis, as the prosthetic limb contributes less 

negative H during 0-50% gait cycle and less positive H during 50-100% gait cycle on all 

slopes.

On the steepest decline (−10°), individuals with TTA had a lower magnitude of peak braking 

in the prosthetic limb when using a passive prosthesis compared to able-bodied participants, 

similar to previous studies of level-ground walking (Sanderson and Martin, 1997; Silverman 

et al., 2008). The braking GRF contributes to a negative external moment (Figure 1), so 

reduced braking results in a greater positive time rate of change of H, corresponding to 

backward rotation of the body, during early prosthetic stance. Thus, increased positive H 
may be a protective mechanism to prevent falling forward on declines, which can lead to 

serious injury. However, reduced proprioception and volitional control of the prosthetic leg 

during this period of large H may lead to difficulty maintaining balance in the event of a trip 

during intact leg swing.

Knee power absorption is important for lowering the body on declines (Kuster et al., 1995), 

and individuals with TTA had lower peak power absorption in the prosthetic knee relative to 

able-bodied individuals during 0-30% gait cycle at −10°. Some populations with TTA have 

knee extensor weakness (Langlois et al., 2014), but the fitness of our participants (young, 

active military) suggests that socket discomfort may also contribute to knee power reduction. 

The vasti muscles provide braking during early stance (Neptune et al., 2004) and contribute 

negatively to the external moment in the sagittal plane (Neptune and McGowan, 2011) 

during level walking. Thus, the reduction in knee extensor power absorption may contribute 

to the more positive time rate of change of H in individuals with TTA early in the gait cycle.

On the steepest incline of +10°, the peak anterior moment arm was greater in the prosthetic 

limb of individuals with TTA than in able-bodied individuals, which suggested 

spatiotemporal asymmetry and contributed to a more positive external moment during early 

prosthetic stance. Conversely, the functional loss of the gastrocnemius in individuals with 

TTA may contribute to the more negative rate of change of H later in prosthetic stance 

(~30-50% gait cycle) as this muscle contributes to positive H during late stance (Neptune 

and McGowan, 2011). These gait alterations in individuals with TTA contributed to an 

overall greater range of sagittal-plane H during 0-50% gait cycle.

Individuals with TTA had greater peak hip power generation than able-bodied people on 

inclines, regardless of prosthesis type. Hip compensation strategies in individuals with TTA 

have been observed on level-ground (Silverman et al., 2008; Winter and Sienko, 1988) and 

in stair ascent (Aldridge et al., 2012; Yack et al., 1999). Our findings suggest that individuals 

with TTA rely heavily on the hip extensors for walking on inclines. The gluteus maximus 

contributes to a positive external moment and thus potentially a greater range of H (Neptune 

and McGowan, 2011) in early stance, suggesting that hip compensations may adversely 

affect dynamic balance.
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Our second hypothesis, that the powered prosthesis would reduce sagittal-plane H compared 

to a passive prosthesis, was partially supported. Individuals with TTA had lower sagittal-

plane range of H during 0-50% gait cycle on all slopes except +10° when using a powered 

compared to passive prosthesis, suggesting improved ability to regulate H with a powered 

prosthesis. The powered prosthesis provided significantly more braking than the passive 

prosthesis, which would contribute to a negative external moment. Increased braking may be 

at least partially due to the increased ankle power absorption in the powered prosthesis 

during controlled plantarflexion just after heel-strike (Eilenberg et al., 2010). Passive 

prostheses lack an ankle joint and cannot perform controlled plantarflexion. Instead, the heel 

is compressed in early stance, resulting in reduced foot-ground contact area that may 

adversely affect the ability to generate normative braking force without slipping.

While the range of sagittal-plane H was reduced during 0-50% gait cycle on most slopes 

when using the powered compared to the passive prosthesis, the range of sagittal-plane H 
was higher than when using the passive prosthesis during 50-100% gait cycle (Figure 3). 

The increase in sagittal-plane H is likely due to the higher mass of the powered compared to 

passive prosthesis, and may suggest increased fall risk. However, H can be sensitive to 

prosthesis inertial property assumptions during swing when the limb velocity is high. While 

we accounted for the lower mass of the passive prosthesis based on the literature, this study 

is limited by assumptions about the inertial properties of the residual limb and both 

prostheses, which are difficult to measure directly. Greater masses in the prosthetic limb will 

increase positive H during swing.

Throughout the discussion we have linked a greater range of H to an adverse effect of 

increased fall risk. While the relationship between H and the required external moment 

about the body COM is clear, the increases in H in individuals with TTA may be necessary 

for the movement task. That is, greater ranges of H present a challenge in maintaining 

dynamic balance, but are not necessarily detrimental given the competing factors that drive 

movement strategies (e.g., reducing metabolic cost, minimizing fatigue, controlling balance, 

etc.). Determining the maximum threshold for H that suggests an impending fall is difficult 

to determine because the available external moment to control H depends on the 

environment and individual neuromuscular capabilities, and is outside the scope of the 

current study. However, determining such a threshold is an important area for future work 

that could help identify safe movement strategies that also meet task requirements. 

Regardless of these factors, larger ranges of H suggest a greater fall risk if an unexpected 

perturbation were to occur.

We chose to analyze the range of sagittal-plane H during 0-50% and 50-100% of the 

prosthetic limb gait cycle rather than comparing prosthetic stance and swing. Note that this 

division does not imply temporal symmetry in individuals with TTA, but rather describes the 

sagittal-plane H curve that is characterized by two peaks (Figure 2). Dividing the gait cycle 

in half is consistent with previous analyses of H in individuals with TTA (Pickle et al., 2014; 

Silverman and Neptune, 2011) and highlights the contributions of both the prosthetic and 

intact limbs to controlling H through their interaction with the ground. The results would be 

largely unchanged when analyzing the entire stance phase for each leg. In addition, while 

our analysis of the range of H indicated few significant differences in the frontal and 
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transverse planes, an analysis of signal shape may reveal further differences. For example, 

the upper body influences transverse H (Herr and Popovic, 2008), and further investigation 

may identify changes in upper body movement between prosthesis conditions. Furthermore, 

we controlled walking speed at a Froude number of 0.16, which was near the average self-

selected walking speed of the participants. We elected to control walking speed to eliminate 

it as a confounding factor in the analysis. The magnitude of normalized H is smaller with 

increasing walking speed (Bennett et al., 2010; Silverman and Neptune, 2011). Because the 

participants with TTA were taller, their absolute walking speed was larger, thus biasing their 

normalized H results smaller. The results for a greater range of H during prosthetic limb 

stance are thus expected to be even stronger if absolute walking speed, rather than Froude 

speed, was held constant.

V. CONCLUSION

We used H to evaluate dynamic balance during sloped walking in individuals with TTA 

using powered and passive prostheses. Compared to able-bodied individuals, individuals 

with TTA did not decrease their range of sagittal-plane H to the same extent on declines and 

had a larger relative increase in the range of sagittal-plane H from 0° to +10°. These findings 

suggest that, regardless of prosthesis type, individuals with TTA may have greater difficulty 

restoring balance after a trip or slip on slopes relative to able-bodied individuals, particularly 

during prosthetic stance when there is a reduced ability to respond to disturbances. 

Controlled plantarflexion, ankle power generation, and inertial properties similar to a 

biological limb in a powered prosthesis may provide improvements in the regulation of H for 

certain sloped walking conditions. However, despite the greater prosthetic ankle power 

generation when using a powered prosthesis, differences in joint powers and H persist when 

compared to able-bodied individuals. Thus, restoring ankle power alone may not be 

sufficient for restoring the regulation dynamic balance to that of able-bodied individuals on 

slopes. Future research should investigate whether knee extensor strengthening and socket 

refinements can help restore normative ranges of H. In addition, further investigation into 

muscle contributions, such as the biarticular gastrocnemius, to H during sloped walking 

would help identify functional deficits in individuals with TTA.
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Figure 1. 
Angular momentum was analyzed in the three anatomical planes. The net external moment 

about the center-of-mass (COM) results from the ground reaction forces (GRFs) acting 

between each foot and the ground.
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Figure 2. 
Whole-body angular momentum (H) over the gait cycle in the three anatomical planes for 

five sloped walking conditions, normalized by height, mass, and average horizontal walking 

speed. The range of H was compared across walking condition and participant groups, 

including able-bodied individuals (AB, black), people using a passive energy-storage-and-

return prosthesis (ESR, blue) and people using a powered prosthesis (PWR, red).
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Figure 3. 
Mean range of sagittal-plane whole-body angular momentum (H) during the 1st and 2nd 

halves of the prosthetic (left) limb gait cycle (GC), normalized by height, mass, and average 

horizontal walking speed. Comparisons were performed between slopes and participant 

groups, including able-bodied individuals (AB, black squares), people using a passive 

energy-storage-and-return prosthesis (ESR, blue triangles) and people using a powered 

prosthesis (PWR, red circles). Significant differences between groups are indicated by 

brackets, and significant differences between each slope and level ground are indicated by 

‘#’ (0.001≤p<0.05) and ‘*’ (p<0.001).
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Figure 4. 
External moment arms, normalized by body height (BH), and ground reaction forces, 

normalized by body weight (BW). Results are shown for the left (prosthetic) and right 

(intact) limb of each participant group: able-bodied (AB), people using a passive energy-

storage-and-return prosthesis (ESR), and people using a powered prosthesis (PWR).
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Figure 5. 
Joint flexion and extension powers for the hip, knee, and ankle, normalized by body mass. 

Positive values indicate power generation, negative values indicate power absorption. 

Results are shown for the left (prosthetic) and right (intact) limb of each participant group: 

able-bodied (AB), people using an energy-storage-and-return prosthesis (ESR), and people 

using a powered prosthesis (PWR).

Pickle et al. Page 16

J Biomech. Author manuscript; available in PMC 2017 October 03.

A
uthor M

anuscript
A

uthor M
anuscript

A
uthor M

anuscript
A

uthor M
anuscript



Figure 6. 
Segment contributions to sagittal-plane H normalized by height, mass and average 

horizontal walking speed. Sagittal-plane H is shown for the head-arms-trunk segments and 

each leg, including the thigh, shank and foot. Results are shown for each participant group, 

including able-bodied individuals (AB, black), people using a passive energy-storage-and-

return prosthesis (ESR, blue) and people using a powered prosthesis (PWR, red).
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Table 1

Peak external moment arms (percent body height (%BH)), and ground reaction forces (GRFs, percent body 

weight (%BW)). Able-bodied (AB) values are the average of both limbs, and results for people using an 

energy-storage-and-return prosthesis (ESR) or a powered prosthesis (PWR) are shown for both the prosthetic 

and intact limb. The percentage of gait cycle (GC) in this table is for the respective limb (i.e., 0% prosthetic 

limb GC is 50% intact limb GC).

−10° −5° 0° +5° +10°

A/P Moment Arm (%BH)

Max Anterior, 
Entire gait cycle

AB 11.2 (1.7) 13.8 (1.5) 16.6 (1.8) 17.3 (1.8) 16.2 (2.1)

Prosthetic Limb

ESR 12.3 (1.0) 14.9 (0.8) 18.0 (1.3) 19.1 (1.4)
19.6 (2.2) 

A

PWR 12.1 (1.6) 14.4 (0.8) 17.0 (1.0)
19.5 (2.4) 

A
19.7 (1.9) 

A

Max Posterior, 
Entire gait

AB −18.4 (2.9) −17.5 (1.8) −17.8 (1.5) −17.8 (1.4) −18.1 (2.1)

Prosthetic Limb

ESR −16.6 (2.3) −17.6 (1.6)
−16.1 (2.0) 

P −17.8 (2.0) −18.5 (2.6)

PWR
−16.2 (1.9) 

A −18.4 (2.0)
−18.1 (1.1) 

P −18.8 (1.8) −19.1 (2.6)

Braking/Propulsion GRF (%BW)

Max Braking, 
Early stance 
(0-30% GC)

AB −19.8 (4.4) −18.9 (4.4) −18.0 (4.2) −16.5 (3.9) −15.3 (2.9)

Prosthetic Limb

ESR
−10.0 (3.6) 

A,P
−12.1 (4.2) 

A,P
−13.1 (2.1) 

A,P
−14.9 (3.5) 

P −14.6 (3.4)

PWR
−15.4 (6.7) 

P
−16.0 (5.2) 

P
−16.0 (2.4) 

P
−17.8 (3.6) 

P −16.1 (3.5)

Intact Limb

ESR
−26.3 (8.0) 

A −23.7 (4.5) −16.2 (2.7) −17.6 (3.8) −16.4 (3.5)

PWR −25.2 (7.4)
−24.6 (4.4) 

A −17.6 (3.1) −16.7 (4.7) −14.5 (4.0)

Max 
Propulsion, 
Late stance 

(30-60% GC)

AB 19.4 (3.5) 19.4 (2.6) 19.7 (2.1) 17.6 (2.6) 16.9 (2.6)

Prosthetic Limb

ESR 16.6 (2.9) 18.2 (2.4)
13.8 (1.9) 

A,P
13.5 (2.8) 

A,P 13.7 (5.3)

PWR 16.2 (2.7) 19.6 (2.6)
18.3 (2.3) 

P
15.5 (2.8) 

P 14.7 (4.5)

Intact Limb

ESR 22.0 (5.2) 22.0 (4.0) 20.1 (2.6)
24.4 (4.2) 

A
23.5 (6.3) 

A

PWR 21.9 (4.0) 22.3 (4.5) 20.1 (2.9)
23.7 (5.2) 

A
21.8 (5.7) 

A

Vertical GRF (%BW)

Max 1st Peak 
(0-30% GC)

AB 133.4 (9.8) 120.6 (7.5) 109.4 (5.5) 106.1 (6.7) 108.1 (5.7)

Prosthetic Limb

ESR
125.0 (16.6) 

P 115.2 (8.1) 105.7 (3.9) 103.6 (6.7) 99.9 (8.9)

PWR
132.2 (20.4) 

P 117.5 (11.3) 106.1 (5.5) 103.4 (7.5)
97.3 (6.4) 

A

Intact Limb

ESR
150.8 (18.5) 

A 127.8 (8.3)
108.4 (5.9) 

P
118.8 (9.9) 

A,P
122.7 (9.9) 

A,P

PWR
147.9 (15.4) 

A 127.0 (9.7)
102.7 (5.9) 

P
107.1 (10.3) 

P
109.9 (8.8) 

P

Max 2nd Peak 
(30-60% GC)

AB 86.1 (6.6) 94.0 (5.3) 105.4 (5.1) 111.0 (6.3) 109.9 (7.4)

Prosthetic Limb
ESR 89.1 (5.0) 92.5 (4.9) 102.4 (3.3) 105.4 (6.5) 105.2 (9.2)

PWR 91.2 (5.7) 93.7 (4.7) 101.8 (2.9) 107.8 (8.2) 108.9 (9.1)

Intact Limb

ESR 93.1 (7.2) 96.2 (5.9) 101.6 (3.8) 118.9 (9.5)
127.4 (15.7) 

A

PWR
96.0 (5.8) 

A 97.2 (5.8) 102.9 (4.2)
120.0 (8.9) 

A
128.4 (12.2) 

A

Bold values indicated significant difference relative to level-ground.

A
Significant difference (p<0.05) compared to AB.

P
Significant difference (p<0.05) between ESR and PWR.
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Table 2

Mean and peak joint powers. Results for able-bodied (AB) participants are the average of both limbs, and 

results for people using an energy-storage-and-return prosthesis (ESR) or a powered prosthesis (PWR) are 

shown for both the prosthetic and intact limb. The percentage of gait cycle (GC) in this table is for the 

respective limb (i.e., 0% prosthetic limb GC is approximately 50% intact limb GC).

−10° −5° 0° +5° +10°

Max Hip Flex/Ext 
Power Generated, 
Entire Gait Cycle

AB 0.63 (0.13) 0.68 (0.14) 0.77 (0.18) 1.11 (0.32) 1.57 (0.40)

Prosthetic Limb

ESR 1.01 (0.45) 1.08 (0.40)
0.90 (0.29) 

P
2.08 (0.62) 

A
3.18 (0.94) 

A

PWR 0.94 (0.42)
1.31 (0.54) 

A
1.17 (0.46) 

P
2.07 (0.59) 

A
2.95 (0.69) 

A

Intact Limb

ESR 1.45 (0.62) 
A

1.16 (0.46) 
A 0.80 (0.27)

1.68 (0.55) 
A

2.68 (1.00) 
A,P

PWR 1.34 (0.52) 
A

1.20 (0.48) 
A 0.81 (0.27) 1.49 (0.30) 2.34 (0.75) 

A,P

Mean Knee 
Flex/Ext Power, 1st 
Half Stance (0-30% 

GC)

AB −0.73 (0.27) −0.16 (0.13) 0.10 (0.07) 0.23 (0.12) 0.50 (0.26)

Prosthetic Limb

ESR −0.63 (0.21) −0.27 (0.10) 0.02 (0.04)
0.00 (0.09) 

A
−0.06 (0.36) 

A

PWR −0.55 (0.23) 
A −0.23 (0.12) 0.01 (0.04)

0.02 (0.06) 
A

−0.13 (0.24) 
A

Intact Limb

ESR −1.08 (0.49) 
A,P −0.32 (0.24) 0.12 (0.07) 0.34 (0.15) 0.62 (0.20) 

P

PWR −0.86 (0.30) 
P −0.30 (0.15) 0.09 (0.07) 0.20 (0.12)

0.31 (0.17) 
P

Max Knee Flex/Ext 
Power Absorbed, 
1st Half Stance 

(0-30% GC)

AB −3.84 (1.50) −1.74 (0.81) −0.75 (0.45) −0.52 (0.36) −0.50 (0.34)

Prosthetic Limb

ESR −2.12 (0.87) 
A −1.22 (0.50) −0.28 (0.18) −0.25 (0.12) −0.56 (0.44)

PWR −2.02 (0.78) 
A −1.24 (0.56) −0.35 (0.20) −0.27 (0.15) −0.71 (0.46)

Intact Limb

ESR −4.91 (1.69) 
A,P −2.34 (0.83) −0.63 (0.42) −0.96 (0.69) −0.69 (0.45)

PWR −4.10 (1.20) 
P −2.42 (0.73) −0.54 (0.26) −0.51 (0.35) −0.61 (0.42)

Max Ankle 
Flex/Ext Power 

Generated, Entire 
Gait Cycle

AB 2.06 (0.50) 2.18 (0.59) 2.49 (0.42) 2.99 (0.54) 3.30 (0.62)

Prosthetic Limb

ESR
1.29 (0.37) 

P
1.63 (0.43) 

P
1.58 (0.30) 

A,P
2.02 (0.52) 

A,P
2.40 (0.88) 

A,P

PWR 2.07 (1.04) 
P

3.21 (1.14) 
A,P

3.54 (0.90) 
A,P

3.68 (1.04) 
P

3.99 (1.23) 
P

Intact Limb

ESR 3.06 (1.01) 2.93 (0.77) 2.70 (0.54)
4.32 (1.33) 

A
5.47 (2.02) 

A

PWR 2.96 (0.80) 2.81 (0.77) 2.75 (0.63)
4.23 (1.29) 

A
5.11 (1.22) 

A

Bold values indicated significant difference relative to level-ground.

A
Significant difference (p<0.05) compared to AB.

P
Significant difference (p<0.05) between ESR and PWR.
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