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P R O S T H E T I C S

Powered knee and ankle prosthesis with indirect 
volitional swing control enables level-ground walking 
and crossing over obstacles
Joel Mendez, Sarah Hood, Andy Gunnel, Tommaso Lenzi*

Powered prostheses aim to mimic the missing biological limb with controllers that are finely tuned to replicate 
the nominal gait pattern of non-amputee individuals. Unfortunately, this control approach poses a problem with 
real-world ambulation, which includes tasks such as crossing over obstacles, where the prosthesis trajectory must 
be modified to provide adequate foot clearance and ensure timely foot placement. Here, we show an indirect 
volitional control approach that enables prosthesis users to walk at different speeds while smoothly and continuously 
crossing over obstacles of different sizes without explicit classification of the environment. At the high level, the 
proposed controller relies on a heuristic algorithm to continuously change the maximum knee flexion angle and 
the swing duration in harmony with the user’s residual limb. At the low level, minimum-jerk planning is used to 
continuously adapt the swing trajectory while maximizing smoothness. Experiments with three individuals with 
above-knee amputation show that the proposed control approach allows for volitional control of foot clearance, 
which is necessary to negotiate environmental barriers. Our study suggests that a powered prosthesis controller 
with intrinsic, volitional adaptability may provide prosthesis users with functionality that is not currently available, 
facilitating real-world ambulation.

INTRODUCTION
Most available knee prostheses are energetically passive devices with 
limited ability to reproduce the behavior of the healthy biological 
knee (1). In the simplest devices, the biomechanical behavior of the 
healthy knee joint is approximated by friction elements or hydraulic 
dampers (2). More advanced knee prostheses use a microcontroller to 
change the knee damping within the gait cycle. These microprocessor-
controlled knees allow for variable cadence (3) while improving stance 
stability (4) and reducing metabolic cost of walking compared with 
friction and hydraulic knees (5, 6). Despite these improvements, 
ambulation is slower, less stable, and less efficient for individuals 
with above-knee amputation than for non-amputee individuals (7). 
Moreover, negotiating common environmental barriers—such as curbs, 
stairs, or uneven surfaces—requires unnatural, destabilizing movements, 
such as residual hip circumduction and plantar flexion of the sound 
ankle [i.e., vaulting (8)], to compensate for the missing prosthesis 
knee flexion (8–10). Thus, alternative and improved prosthesis 
technologies are necessary to address the needs of individuals with 
an above-knee amputation.

In contrast to passive prostheses, powered prostheses can actively 
regulate joint movements using battery-powered servomotors. To 
accomplish this goal, powered prostheses typically use controllers 
that aim to replicate the behavior of the healthy leg across different 
ambulation activities. One common control method consists of divid-
ing the gait cycle into segments that are characteristic of the nominal 
gait pattern, such as stance and swing (11). In swing, the trajectory 
of the powered prosthetic joint is often determined by joint impedance 
parameters such as stiffness, damping, and equilibrium point, which 
are tuned by the experimenter to imitate the nominal knee joint 
trajectory (12, 13). To accomplish this goal, swing must be divided 
into two segments with different impedance parameters. Furthermore, 

individual-specific tuning of impedance parameters is necessary to 
change the swing timing as needed to walk at different speeds 
(14, 15). Despite their robustness, impedance-based controllers have 
limited adaptability, making it hard to adapt the swing trajectory to 
the user’s needs.

Position-based controllers have been recently proposed to simplify 
the tuning procedure and provide more flexibility over the powered 
prosthesis behavior. Rather than using a set of impedance parameters, 
position-based controllers define the whole swing trajectory either 
as a continuous function of time (11, 16, 17) or as residual-limb 
movements (18, 19). Using this approach, the desired position trajec-
tory can be conveniently extracted from the analysis of non-amputee 
biomechanics, which avoids the need for manual tuning (20). The 
desired trajectory can then be stored in look-up tables, encoded using 
parametric functions (21), or obtained online using minimum-jerk 
programming (17). Position-based controllers have been used suc-
cessfully for different locomotion tasks such as variable-speed walking 
(17), variable inclines (22), and stair climbing (21, 23, 24). However, 
this control approach lacks the ability to adapt the prosthesis trajectory 
outside of the preprogrammed gait pattern. Thus, a specific trajectory 
must be preprogrammed for every possible activity that the user wants 
to perform. In addition, an intention-detection algorithm must be 
available to timely and accurately detect the user’s intended activity 
to trigger the switch between different activity-specific trajectories. 
Because of these limitations, available position-based controllers are 
not suitable to traverse environmental barriers such as curbs and 
uneven surfaces.

Classification-based controllers have been proposed to achieve 
ambulation over different terrains. The basic idea is to use separate 
controllers for different environmental conditions, which must be 
detected by an online classifier. The detection of the ambulation ac-
tivity intended by the user and of the environmental obstacles or 
constraints can rely on a combination of mechanical sensors (25), 
electromyography (26, 27), sonomyography (28), lasers (29), or 
computer vision (30, 31). These classification-based controllers 
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were originally developed for detecting ramps and stairs and, more 
recently, have been proposed for obstacle navigation (32). Close to 
100% online accuracy is necessary for these classification-based 
controllers to work properly because both a false positive and a false 
negative may result in dangerous behavior of the powered prosthesis, 
potentially causing the prosthesis user to fall (33). Moreover, because 
of the high interindividual and environment variability, the machine 
learning algorithms performing the classification require extensive 
individual-specific labeled datasets for training (25, 34). Labeled data 
collection must be conducted in a controlled environment under the 
supervision of highly trained personnel. Thus, open challenges remain 
in obtaining an accuracy that is conducive to use in the community 
and in the training of the classification algorithms.

Here, we present an alternative control paradigm for powered 
prostheses that enables adapting the swing trajectory as necessary 
to traverse environmental barriers. Rather than aiming to classify 
the intended activity and switching between numerous pretuned, 
individual-, and activity-specific controllers, we propose using a single 
controller that continuously adapts the movements of the powered 
prosthesis based on the movements of the residual limb without an 
explicit classification of the environmental constraints. We hypothe-
size that such a continuous modulation will enable individuals with 
above-knee amputations to volitionally change foot clearance as 
necessary to traverse barriers. We tested this hypothesis by asking 
three participants with a unilateral above-knee amputation to cross 
over obstacles of different sizes while walking on level ground and 
on a treadmill at different speeds with a powered knee and ankle 
prosthesis and with their prescribed passive prostheses without 
compensatory movements (Movie 1). Three non-amputee indi-
viduals were enrolled in the study as a control group. A prosthesis 
controller with this intrinsic adaptability may provide functionality 
that is not currently available to powered prosthesis users.

RESULTS
Simulations
Volitional control is indirectly obtained using the orientation of the 
user’s residual limb to modulate the prosthesis trajectory in swing. 
A finite-state machine divides the swing movement into two parts, 
namely, swing 1 to swing 2. Swing 1 starts when the foot is lifted 
from the ground and ends when the thigh angle (thigh) exceeds a 
threshold. The desired maximum knee flexion angle (​​​final​ des ​​ ) in swing 
1 is determined by the integral of the residual limb orientation with 

respect to gravity (thigh), computed from the start to the end of 
swing 1. Thus, the desired final maximum knee flexion angle in 
swing 1 (​​​final​ 

des ​​ ) increases when the residual limb is positioned back 
or when it is slowly moved forward during swing 1. Given a desired 
maximum knee flexion angle (​​​final​ 

des ​​ ) and swing 1 duration, the swing 
trajectory is continuously optimized using minimum jerk (17). The 
desired maximum knee flexion (​​​final​ 

des ​​ ) in swing 1 does not necessarily 
match the peak of the desired knee flexion across the whole swing. 
Furthermore, the thigh threshold for transition between swing 1 
and swing 2 (​​​thigh​ ths ​​ ) is not fixed but rather increases proportionally 
to the desired peak knee flexion (​​​final​ 

des ​​ ) in swing 1. Because of this 
variable threshold (​​​thigh​ ths ​​ ), the transition between swing 1 and swing 
2 can happen at a different time within the swing, although the de-
sired duration of swing 1 (Tsw1) is constant. Thus, using the proposed 
algorithm, a new trajectory can branch off from the swing trajectory 
originally programmed at toe-off depending on the movement of 
the user’s residual limb. The prosthesis knee swing trajectory can 
therefore be modulated by the users through their residual limb, 
potentially enabling variable foot clearance.

The behavior of the proposed controller is demonstrated by the 
simulations in Fig. 1. Varying the transition points between swing 1 and 

Fig. 1. Simulations of the proposed swing controller. (A) Swing trajectories (A to 
D) for four possible transition points between swing 1 and swing 2 are shown using 
solid lines with different colors. The transition points are shown using circle mark-
ers. (B) Desired knee maximum in swing 1 (​​​final​ 

des ​​), actual knee maximum (maxknee), 
and knee angle at the transition between swing 1 and swing 2 (sw1 → sw2) for four 
simulated trajectories (A to D). (C) Swing trajectories for two transition points deter-
mined by the thigh position falling below a variable threshold value (​​θ​ thigh​​  <  ​θ​thigh​ ths  ​​; 
light blue) and the time in swing 1 elapsing a variable timeout condition (​​t​ sw1​​  >  ​T​sw1​ ths ​​; 
dark blue). The solid line shows the desired position trajectory in swing 1; the dashed 
line shows the desired position trajectory in swing 2.Movie 1. Summary. 
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swing 2 (circle markers) results in a modulation of the swing trajectory 
(solid lines with different colors, Fig. 1A). Specifically, a later tran-
sition point results in a higher knee flexion angle (maxknee) and a 
longer overall duration of swing (Fig. 1, A and B). The control system 
transitions between swing 1 and swing 2 even whether the desired 
peak of knee flexion in swing 1(​​​final​ 

des ​​ ) is not achieved. Thus, the max-
imum knee flexion (​​​final​ 

des ​​ ) in swing 1 does not necessarily match the 
actual maximum of the desired knee swing trajectory (maxknee), 
which can be achieved in swing 2 (Fig. 1B). However, if the transi-
tion between swing 1 and swing 2 is due to the elapsed time in swing 1, 
exceeding a defined threshold, i.e., timeout condition (dark circle 
marker in Fig. 1C), then the desired peak knee flexion (​​​final​ 

des ​​ ) matches 
the actual peak of the knee trajectory (dark solid line in Fig. 1C). As 
a result, the transition between swing 1 and swing 2 can happen at a 
different time within the gait cycle, different knee flexion angles, 
and different orientations of the user’s residual limb. Thus, the 
proposed variable transition condition between swing 1 and swing 2 
enables the powered knee to perform different swing trajectories, 
theoretically allowing for volitional variations of foot clearance while 
still maximizing smoothness.

Experiments
The functionality of the proposed controller was measured by ob-
serving its performance during a series of tests. In the first test, par-
ticipants walked back and forth at their self-selected speed on a 4-m 
walkway, including starting and stopping, while an obstacle was 
placed in the middle of the walkway. Three different obstacles sizes 

were used in different trials and are denoted as small (10  cm by 
80 cm by 6 cm), medium (15 cm by 80 cm by 10 cm), and large 
(30 cm by 80 cm by 20 cm). A representative test with one individual 
with an above-knee amputation (AK03) crossing over the medium-
sized obstacle is shown in Fig. 2A. As can be seen in Fig. 2B, the in-
dividual performs three consecutive strides with the obstacle being 
crossed in the second stride with the sound side first. A video of the 
participants performing the test can be found in movie S1. As can 
be seen in Fig. 2C, the gait pattern changes considerably when the 
participant crosses over the obstacle. Specifically, the range of mo-
tion of the hip joint (solid yellow line, Fig. 2C) increases from 34° 
and 39° for the first and last stride, respectively, to 51° for the obstacle-
crossing stride. As a result, a 46% longer stride is taken when cross-
ing the obstacle (x axis, Fig. 2C). The maximum knee flexion (solid 
blue line, Fig. 2C) is 56°, 94°, and 64° for the first, second, and 
third stride, respectively. Thus, when crossing over the obstacle, the 
prosthesis achieves a 68% larger maximum knee flexion. As expected, 
the ankle kinematics is not visibly affected by the presence of the 
obstacle (solid red line, Fig. 2C). The peak of foot clearance increases 
from 0.06 and 0.02 m in the first and third stride, respectively, to 
0.67 m for the third stride (solid black line, Fig. 2C). Thus, when 
crossing over the obstacle, the participant holds back the residual 
limb longer, causing the unified controller to increase the maximum 
knee flexion angle and, consequently, the foot clearance.

By analyzing the gait kinematics during the level-ground test with 
and without obstacles, we can assess the ability of a participant to 
voluntarily change foot clearance. The analysis of the powered knee 

Fig. 2. Continuous modulation of knee flexion and foot clearance with volitional walking controller. (A) Overlaid still frames extracted from the video of one partic-
ipant with an above-knee amputation performing the level-ground obstacle crossing test with the medium-sized obstacle. The source video is available in movie S1. (B) 
Cartesian position of powered prosthesis and residual limb resulting from one participant (AK03) crossing over the medium obstacle at a self-selected speed. The partic-
ipant performed three strides with the obstacle being crossed in the second stride while leading with the sound side. (C) Joint kinematics and foot clearance from one 
participant (AK03) crossing over the medium obstacle at a self-selected speed.

D
ow

nloaded from
 https://w

w
w

.science.org at T
he H

ong K
ong U

niversity of Science and T
echnology (G

uangzhou) on M
ay 26, 2026



Mendez et al., Sci. Robot. 5, eaba6635 (2020)     22 July 2020

S C I E N C E  R O B O T I C S  |  R E S E A R C H  A R T I C L E

4 of 10

kinematics for representative amputee (AK01) and non-amputee 
participants (AB04) shows that the stride duration is generally longer 
in the presence of an obstacle and that it increases with the obstacle 
size (Fig. 3, A and B, and table S1). Similarly, the maximum knee 
flexion increases with the obstacle size, although it is smaller for the 
small obstacle test than for the test with no obstacle (table S1). Spe-
cifically, the stride duration is 41% longer for the non-amputee par-
ticipant and 69% longer for the amputee participant. Moreover, the 
maximum knee flexion for the taller obstacle is 68 and 38% higher 
than that of the smaller obstacle for the non-amputee and the am-
putee participant, respectively. For the amputee participant, the in-
version of the movement between knee flexion and extension (Fig. 3A) 
is generally slower when crossing over the obstacle, showing a rather 
flat region for the small (solid blue line) and large obstacle (solid 
yellow line). The phase analysis for the above-knee participant 
(Fig. 3A) shows that the timing between the residual limb motion 
(i.e., thigh angle, x axis) and the powered knee angle (i.e., y axis) 
changes when the participant crosses over the obstacle. Specifically, 
during swing 1 (i.e., positive thigh angle) the knee angle is generally 
larger when crossing over the obstacle than when no obstacle is 
present. The phase analysis for the non-amputee participant (Fig. 3B) 
is similar to that of the amputee participant. However, the non-amputee 
participant appears to experience a smaller range in thigh motion 
(i.e., 63°) compared with that of the amputee participant (i.e., 75°). 
In addition, the non-amputee participant begins knee flexion sooner 
with thigh motion, whereas the above-knee amputee’s knee angle 
does not appear to change with thigh motion initially. Last, larger 
foot clearance is observed for both participants when crossing ob-
stacles of increasing sizes (Fig. 3, A and B, and table S1). The foot 
clearance was up to 10 cm larger for the amputee than the non-amputee 
participant. Thus, with the proposed swing controller, the partici-
pant can voluntarily change the powered knee kinematics and foot 

clearance as necessary to walk over ground and cross over obstacles 
of different sizes at the preferred walking speed.

The performance of the proposed swing controller under con-
tinuous walking is demonstrated by participants walking on a tread-
mill at two different speeds (i.e., 0.6 and 0.8 m/s) while an experimenter 
manually dropped 6-cm-tall obstacles on the belt in the path of the 
powered prosthesis. The analysis of the knee kinematics (Fig. 3C) 
for one representative amputee participant (AK02) shows that the 
stride duration is generally longer for the slower walking speed (i.e., 
dark and light blue lines) than the faster walking speed (dark red 
and orange lines). In addition, for the same walking speed, the stride 
duration is longer when the participant crossed the obstacle (dark 
blue and dark red lines) than when no obstacle is encountered (orange 
and light blue lines). At the slower speed (0.6 m/s), the maximum 
knee flexion is 60.4° ± 2.1° without an obstacle and 64.0° ± 2.3° with 
an obstacle. At the faster speed (0.8 m/s), the maximum knee flexion 
is 60.0° ± 0.9° when no obstacle is encountered and 61.1° ± 6.1° when 
an obstacle is encountered. In comparison, for the non-amputee 
participant (AB04; Fig. 3D) walking at the slower speed (0.6 m/s) 
the maximum knee flexion is 62.4° ± 1.6° without an obstacle and 
92.7° ± 2.3° with an obstacle. At the faster speed (0.8 m/s), the max-
imum knee flexion is 64.1° ± 1.5° when no obstacle is encountered 
and 89.3° ± 2.4° when an obstacle is encountered by the non-amputee 
participant. Stride duration is 4 and 8% longer when crossing the 
obstacle at 0.6 m/s for the non-amputee and amputee participant, 
respectively. In comparison, stride duration is 9 and 13% longer 
when crossing the obstacle at 0.8 m/s for the non-amputee and am-
putee participant, respectively. The phase analysis (i.e., knee angle 
versus the thigh angle) for the above-knee amputee participant shows 
that timing of the knee and thigh movements is altered when an 
obstacle is crossed (Fig. 3C). In swing 1 (i.e., positive thigh angle), 
the knee angle tends to be larger when an obstacle is crossed (dark 

Fig. 3. Resulting leg kinematics with volitional walking controller. (A) Level-ground test with AK01. No obstacle (purple), small obstacle (blue), medium obstacle (red), 
and large obstacle (yellow). (B) Level-ground test with AB04. No obstacle (purple), small obstacle (blue), medium obstacle (red), and large obstacle (yellow). (C) Treadmill 
test with AK02. Obstacle (0.6 m/s; dark blue), obstacle (0.8 m/s; dark red), no obstacle (0.6 m/s; light blue), and no obstacle (0.8 m/s; orange). (D) Treadmill test with AB04. 
Obstacle (0.6 m/s; dark blue), obstacle (0.8 m/s; dark red), no obstacle (0.6 m/s; light blue), and no obstacle (0.8 m/s; orange).
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red and dark blue lines). On the other hand, the phase analysis shows 
a smaller range of motion of the thigh for the amputee (i.e., 44°) 
than the non-amputee participant (i.e., 55°). Moreover, the non-amputee 
participant shows a larger thigh flexion angle (8.9° on average) and 
a smaller thigh extension angle (3.5° on average) than the amputee 
participant. For both, the phase plots are not visibly affected by the 
treadmill speed (Fig. 3, C and D). For the amputee participant, the 
altered timing of the knee and thigh movements produce a larger 
foot clearance (i.e., +261% for the slow treadmill speed and +206% 
for the fast treadmill speed) when crossing the obstacle. Thus, with the 
proposed controller, the participant can walk at the two different speeds 
imposed by the treadmill with and without crossing over obstacles.

The analysis of the group averages of joint kinematics for non-
amputee and amputee participants performing the same cross-over 
obstacle tests provides further insights into the behavior of the pro-
posed volitional controller. The knee kinematics of the passive 
prosthesis, the powered prosthesis, and the non-amputee biological 
leg are fairly similar when no obstacle is encountered (Fig. 4), match-
ing closely in swing (60 to 100% of the gait cycle). In contrast, there 
are noticeable differences in the knee kinematics when participants 
cross over obstacles (table S1). Overall, the maximum knee flexion 
angle tends to be greater for non-amputee participants than for par-
ticipants with an above-knee amputation using the powered pros-
thesis. In the level-ground walking tests (Fig. 4, A to D), there is a 
difference of 26.3°, 16.7°, and 15.7° for the small obstacle, medium 
obstacle, and large obstacle, respectively. However, when no obstacle 

is encountered, both groups reach similar maximum knee flexion 
with a 0.4° difference being recorded. The difference in maximum 
knee flexion is larger for the treadmill tests (Fig. 4, E and F), with it 
reaching 20.8° and 25.7° for the 0.6 and 0.8 m/s speed, respectively. 
In contrast, the knee flexion angle decreases when an obstacle is 
encountered with the passive prosthesis, causing the foot to impact 
on the obstacle (Fig. 4, B to D). Further insights can be gained from 
the thigh and hip kinematics. Without obstacles, the thigh is, on 
average, 3.3° ± 5.1° more extended for the amputee group using the 
powered prosthesis than the non-amputee group (Fig. 4A). This 
difference in thigh orientation, which is visible in both stance and 
swing phase, increases to about 7.1° ± 1.6° when participants cross 
over obstacles (Fig. 4, B to F). Although less evident, the hip joint 
kinematics also shows lower extension for the amputee than the 
non-amputee group when no obstacle is presented (−2.5° ± 4.8°; 
Fig. 4A) and when crossing over obstacles (−3° ± 3.1°; Fig. 4, B to F). 
However, the range of the thigh angle is bigger (2.1°), whereas the 
range of the hip angle is smaller (−2.4°) for the amputee group than 
the non-amputee group. There are no visible differences in the thigh 
kinematics of the passive and powered prosthesis in stance phase. 
Thus, complex postural and joint adaptation are involved when am-
bulating on different terrains and crossing obstacles of different sizes.

By focusing on the level-ground tests with obstacles (Fig. 4, B to D), 
we can see that the maximum knee flexion tends to occur later in 
the gait cycle for non-amputee participants than for participants 
with an above-knee amputation. On average, the above-knee group 

Fig. 4. Comparison between amputee participants using a powered prosthesis, (blue), amputee participants using a passive prosthesis (green), and non-amputee 
participants (purple) throughout six different tests. (A) No obstacle. (B) Small obstacle. (C) Medium obstacle. (D) Large obstacle. (E) Treadmill (0.6 m/s). (F) Treadmill (0.8 m/s).
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reaches their maximum knee flexion at 68 ± 1% of stride whenever 
they cross any type of obstacle on level ground. The non-amputee 
participants, on the other hand, reach their maximum knee flexion 
at 77 ± 1% of stride. When no obstacle is encountered, the above-
knee amputee group reach their maximum flexion at 68 ± 1% of 
stride, whereas the non-amputee participants reach maximum flexion 
at 72 ± 1% of stride. The timing of the knee flexion is more similar 
during the treadmill tests, where participants with an above-knee 
amputation reach their maximum flexion at an average of 75 ± 1% 
of stride and non-amputee participants reach their maximum flex-
ion at an average of 77 ± 1% of stride. Moreover, in non-amputee 
individuals, heel strike happens as soon as the knee is fully extended, 
whereas individuals with an above-knee amputation tend to delay 
heel strike. During level-ground walking with no obstacle (Fig. 4A), 
knee extension is completed at 91 ± 1% of stride among the above-
knee amputation group. On the other hand, for small, medium, and 
large obstacle tests (Fig. 4, B to D), knee extension ends at 89 ± 4, 
88 ± 3, and 90 ± 5% of stride, respectively. The heel strike delay is 
less pronounced during the treadmill test (Fig. 4, E and F, where ex-
tension ends at 96 ± 2% of stride and 95 ± 4% of stride for the slow-
er and faster walking speeds, respectively. The observed time delay 
can be also seen in the ankle kinematics.

The analysis of foot clearance as a function of the normalized 
stride time shows consistently higher variability (shaded areas) for 
the above-knee group than for the non-amputee group. In contrast, 
the two groups show similar average trajectories (solid lines), notice-
ably, with the same time delay for the knee and ankle kinematics. 
The Cartesian representation of the foot clearance shows that indi-
viduals with amputations tend to have higher foot clearance at the 
beginning of swing, when the foot rises from the ground. In contrast, 

a similar foot clearance is observed in the two groups at the point 
where the obstacle is located. Thus, non-amputee participants and 
participants with an above-knee amputation show different joint 
kinematics but similar foot clearance when walking and crossing 
over obstacles.

The proposed swing controller is further analyzed by comparing 
the maximum knee flexion with maximum foot clearance between 
different groups (i.e., non-amputee, above-knee) and tests (i.e., small, 
medium, large, slow, and fast). Similar to non-amputee participants, 
above-knee participants using the powered prosthesis increase both 
the maximum knee flexion (Fig. 5A) and the foot clearance (Fig. 5B) 
with the size of the obstacle. However, when an obstacle is crossed, 
the maximum knee flexion is larger for non-amputee participants 
than for above-knee participants using the powered prosthesis. Above-
knee participants show smaller knee flexion but greater foot clearance 
than non-amputee participants (Fig. 5B). Furthermore, the variability 
of the maximum knee flexion decreases with the size of the obstacle 
for both the powered prosthesis and non-amputee tests (Fig. 5A). 
For the able-bodied group, the knee flexion and foot clearance during 
the treadmill tests match the knee flexion and foot clearance ob-
served for the corresponding small obstacle test on level ground. 
With the powered prosthesis, the amputee group experienced a slight 
increase in knee flexion and clearance when crossing the small 
obstacle on the treadmill compared with when they crossed it on level 
ground. The maximum knee flexion and foot clearance of the pas-
sive prosthesis are much lower than the powered prosthesis and bio-
logical leg. Because of the lack of knee flexion, the passive prosthesis 
hits the obstacles for all tests and participants. In contrast, the foot 
clearance with the powered prosthesis volitional controller is suffi-
cient to cross over obstacles up to 20 cm tall. Thus, non-amputee 

participants and individuals with am-
putations using the powered prosthesis 
show similar trends of maximum knee 
angle and foot clearance as a function 
of the obstacle size, although an offset 
between the two groups is observed.

DISCUSSION
By actively regulating knee flexion during 
swing, powered prostheses have the po-
tential to enable amputee individuals to 
traverse environmental barriers without 
using compensatory movements. Avail-
able controllers aim to achieve this goal 
by switching between different pre-planned 
swing trajectories that are appropriate 
to deal with different ambulation tasks 
(25). A previous study using a classifier 
to discriminate between regular walking 
and obstacle crossing with one amputee 
participant showed both low accuracy 
(i.e., 83%; ~one in five steps misclassi-
fied) and the inability to change the 
prosthesis knee flexion when dealing 
with obstacles (32). Another study with 
one amputee participant showed cross-
ing over a small obstacle (i.e., 8.5 cm) 
with a powered prosthesis using hip 

Fig. 5. Comparison between powered prosthesis, passive prosthesis, and non-amputee limb. (A) Max knee 
flexion and max foot clearance for level-ground tests. (B) Max knee flexion and max foot clearance for treadmill tests. 
Error bars represent the SD between the mean values of each participant within that group.
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circumduction (18), which is the same compensatory movement 
used with passive prostheses (35). This study presents a fundamental 
departure from current control paradigms. Rather than aiming to 
classify the environmental barrier and switching between different, 
pre-planned swing trajectories, we propose to continuously modulate 
the trajectory of the powered prosthesis based on the movements of 
the user’s residual limb so that environmental barriers can be nego-
tiated without being classified. Our results suggest that this alterna-
tive paradigm can enable individuals with an above-knee amputation 
to ambulate on level ground at different speeds while seamlessly 
crossing over obstacles. This functionality is not currently available 
to prosthesis users and may lead to improved community ambulation. 
Our results also suggest that the proposed control strategy does not 
require collecting individual-specific datasets and manually tuning 
the controller for each individual and obstacle, which require 
knowledge and expertise not available to clinicians. For these reasons, 
the proposed control strategy may more easily translate into a clini-
cal solution.

In agreement with previous studies, our experiments with three 
non-amputee participants (Fig. 4) show that crossing over an obstacle 
requires increasing both hip and knee flexion to shorten the limb 
and increase foot clearance (36). In addition, in agreement with 
previous studies, our experiments show that individuals with above-
knee amputations using passive prostheses cannot cross over obsta-
cles without ipsilateral hip circumduction (i.e., prosthesis side) and 
contralateral ankle plantarflexion (i.e., sound side vaulting) due to 
the lack of prosthesis knee flexion (35). Our controller can theoreti-
cally modulate foot clearance through two concomitant factors also 
observed in non-amputee individuals (Fig. 1). The first factor is the 
increase in maximum knee flexion. The second factor is the timing 
between the movements of the user’s residual limb and the prosthetic 
knee, such as for the same thigh angle; the prosthesis knee flexion 
angle increases when crossing over obstacles. When obstacles are 
crossed on level ground (Fig. 4, B to D), both increased maximum 
knee flexion and the timing seem to factor into the observed increased 
of foot clearance. In contrast, when small obstacles are crossed at an 
imposed walking speed on the treadmill (Fig. 4, E and F), the timing 
of the thigh and knee movements seems to be the dominant factor 
determining foot clearance (table S1). This result differs for non-
amputee participants, who visibly increase maximum knee flexion 
when crossing small obstacles on the treadmill (Fig. 4, B to D) For 
both amputee and non-amputee participants, strides with a higher 
clearance required a longer swing time, meaning that users spent an 
extended time on their contralateral, sound leg (Fig. 3). Amputee 
participants were generally slower than non-amputee participants, 
also spending more time in swing because the obstacle size increased 
(Fig. 3). Differences are also visible in the hip and thigh kinematics. 
The maximum thigh extension angle was visibly greater for the am-
putee group than the non-amputee group both in stance and swing 
(Fig. 4). In contrast, the maximum hip extension angle did not differ 
between the two groups (Fig. 4). This analysis suggests that the greater 
thigh extension was due to postural changes with the amputee par-
ticipants leaning slightly forward with their trunk. This behavior is 
observed with both the powered and the passive prosthesis and 
during both stance and swing (Fig. 4). Thus, the observed increase 
of the thigh extension angle in the amputee group does not seem to 
be due to the proposed controller but rather a compensatory move-
ment acquired by the amputee participants when using their passive 
prostheses. We speculate that this behavior may be the consequence 

of participants trying to shift their body weight on the leading leg 
(i.e., sound side) or trying to watch their feet and the obstacle while 
walking. Regardless, it is unclear whether the observed increase in 
the thigh extension angle is necessary to cross over the obstacles 
because foot clearance was generally higher in the amputee group 
than in the non-amputee group (Fig. 5).

Training is an important aspect that should be better investigated. 
In our experience, training is necessary for all ambulation activities 
including walking (with or without obstacles), climbing stairs, and 
performing sit-to-stand transitions. Although most participants can 
perform these activities from the outset of donning the powered 
prosthesis, they still need time and coaching to gain confidence, 
drop the compensatory movements used with their passive prostheses, 
and fully benefit from the increased functionality offered by the 
powered prosthesis. In this study, amputee participants performed 
about 20 rounds of each obstacle size on level ground and a few 
2-min walking sessions on a treadmill. Our results suggest that this 
amount of practice may be sufficient to learn how to use the pro-
posed volitional controller. However, it is not clear how the perform
ance will change with further training because previous studies 
have shown that adapting to perform new tasks with a prosthesis 
can take up to 3 months of regular use (37). Different users may 
require a different amount of training to achieve the same level of 
proficiency. Participant-specific tuning of the controller was not nec-
essary for this study, but it may be desirable to maximize outcomes 
as the user’s proficiency with the prosthesis improves. Further ex-
ploration into the interaction between training, controller tuning, 
and gait performance should be conducted in the future.

The goal of this study is to show that continuous modulation of 
the prosthesis swing trajectory based on the residual limb can enable 
individuals with above-knee amputations to volitionally change foot 
clearance as necessary to traverse environmental barriers. Generaliza-
tion of the proposed control paradigm is shown across three different 
participants ranging from 27 to 72 years old, four different obstacle 
conditions (0, 6, 10, and 20 cm), and two different terrains (over 
ground and treadmill). The combination of walking speeds and ob-
stacle sizes tested in the final protocol was not part of the training 
session. A video of the experiment is available in the Supplementary 
Materials. Our study suggests that age may not be a factor in the 
user’s ability to successfully use the proposed controller (table S2), 
although using a lightweight powered prosthesis (38, 39) may have 
had an impact on this observation. Although volitional control over 
foot clearance may prevent certain stumble events to happen, it is 
unclear whether it would make recovering from a stumble easier or 
not. In general, the powered knee transitions to stance whenever it 
physically interacts with the environment, which causes the knee to 
fully extend at maximum speed and lock as it touches the ground. 
The current study sample is, however, too small to generalize the 
observed controller performance to the broader above-knee ampu-
tee population or to other ambulation tasks that may benefit from 
volitional control of foot clearance, such as walking on uneven or 
inclined terrains or reacting to stumble events. Future clinical stud-
ies should be conducted on a broader amputee population to assess 
the efficacy of the proposed intervention compared with the current 
standard of care for above-knee amputation.

Active control of joint position is one of the biggest advantages 
of powered prostheses over conventional passive devices. Safely 
walking at different speeds while navigating environmental barriers 
requires the prosthesis controller to generate unique swing trajectories 
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in synchrony with the user’s movements. The proposed swing con-
troller enables a powered prosthesis to adapt the swing trajectory 
continuously and smoothly without explicit classification of the en-
vironment. Providing users with volitional control over the knee 
flexion angle, the proposed controller allows for active modulation 
of foot clearance. Experiments with three individuals with above-
knee amputations show that the proposed controller supports walking 
at different speeds and crossing over obstacles of different sizes with-
out individual-specific tuning or explicit environment classification. 
A controller with this capability may improve community ambulation 
involving obstacles and uneven terrains and is not currently avail-
able to prosthesis users. Future work will be dedicated to evaluating 
the performance of the proposed controller in a larger clinical popu-
lation and to assessing functional mobility compared with passive 
prostheses and powered prostheses using other control approaches.

MATERIALS AND METHODS
At the high level, the proposed controller uses a finite-state machine 
after (11). As can be seen in the block diagram of Fig. 6, the pro-
posed finite-state machine composes of two stance states and two 
swing states. When the user is standing still, the prosthesis control-
ler is in stance 1. If the ankle joint exceeds a dorsiflexion threshold 
(​​​ ankle​​  < ​ ​ankle​ 

ths ​​ ) and has positive plantar flexion velocity (​​​ ̇ ​​ ankle​​ >  0​), 
then the system transitions to stance 2, which is an energy-injection 
state. From stance 2, the prosthesis transitions to swing 1 when the 
instrumented pyramid adapter (40) detects a ground reaction force 
(GRF) lower than 5% of the user’s body weight. The stance states and 
the related transition conditions have been previously tested with 
individuals with an above-knee amputation (38). In swing 1, the knee 
joint flexes to increase foot clearance. In this state, the knee joint 
trajectory is modulated by the controller to continuously change the 
desired maximum knee flexion. From swing 1, the system transi-
tions to swing 2 if the orientation of the user’s residual limb exceeds 
a position threshold (​​​ thigh​​ < ​ ​thigh​ ths ​​ ) or if duration of swing 1 exceeds 
a time threshold (​​t​ sw1​​ > ​ T​sw1​ ths ​​). In swing 2, a knee extension trajec-

tory is programmed, enabling a timely placement of the prosthetic 
foot in preparation for the subsequent heel strike. Last, the pros-
thesis transitions from swing 2 to stance 1 if the instrumented 
pyramid adapter detects the GRF being higher than 5% of the user’s 
body weight.

The orientation of the user’s residual limb drives the adaptation 
of the desired knee trajectory in swing 1. As shown in the block di-
agram of Fig. 7, the desired maximum knee flexion angle (​​​final​ 

des ​​ ) in 
swing 1 is determined by the integral of the residual limb orienta-
tion with respect to gravity (thigh), computed from the start to the 
end of swing 1 (Fig. 6), according to Eq. 1

	​​ ​final​ 
des  ​(t ) = ​K​ 1​​ + ​K​ 2​​ ​∫0​ 

​T​ sw1​​
 ​​(​​ thigh​​(t ) + ​K​ 3​​ ) dt​	 (1)

Three parameters affect the desired maximum knee flexion an-
gle (​​​final​ 

des ​​ ). The first parameter is a constant (i.e., K1 = 55) that deter-
mines the desired angle at the start of the swing movement, when 
the integral output is zero. The second parameter is a gain (i.e., K2 = 
2) that affects the sensitivity of the integral. The third parameter 
(i.e., K3 = 20) is a constant added to the thigh angle (thigh), which 
provides a bias for the output of the integral. This bias term is used 
to ensure that the integral increases continuously throughout swing, 
as the position values for thigh extension (thigh > 0) negate those for 
thigh flexion (thigh < 0). These three fixed parameters are deter-
mined from both the analysis of non-amputee biomechanics and 
pilot testing with individuals with amputations. The same parame-
ters are used for all participants. Combined, the parameters K1 and 
K2 allow the controller to approximate the range of knee flexion 
observed in non-amputee individuals in different scenarios (table 
S1). A high initial flexion angle, K1, with and a low sensitivity, K2, 
can result in a physiological knee flexion for regular walking but fail 
to provide the necessary increase in knee flexion needed to obtain 
larger clearance when crossing obstacles. Similarly, a low initial 
flexion angle, K1, and a high sensitivity, K2 , can result in exaggerated 
knee flexion, which can potentially be unsafe for users. Because of 
the proposed heuristic algorithm (Eq. 1), the desired maximum 
knee flexion angle (​​​final​ 

des ​​ ) increases when the residual limb is posi-
tioned farther back or when it is slowly moved forward during 
swing 1 (i.e., right after toe-off). Thus, the prosthesis knee swing 
trajectory can theoretically be modulated by the users through their 
residual limb, potentially enabling variable foot clearance.

Given a desired maximum knee flexion angle (​​​final​ 
des ​​ ), the swing 

trajectory is continuously optimized using minimum jerk. As shown 
in the block diagram of Fig. 7, the minimum-jerk planner takes as 
input the desired maximum knee flexion angle (​​​final​ 

des ​​ ) and the de-
sired movement duration (​​T ​final​ 

des ​​ ), which is computed in swing 1 by 
subtracting the current swing time [tsw1(t)] from the desired swing 
1 duration (Tsw1), as shown by Eq. 2

	​​ T ​final​ 
des  ​(t ) = ​T​ sw1​​ − ​t​ sw1​​(t)​	 (2)

On the basis of these two inputs and the previous desired posi-
tion, velocity, and acceleration, the minimum-jerk planner updates 
the desired swing trajectory by computing the desired angle, veloc-
ity, and acceleration of the knee joint. The desired angle, velocity, 
and acceleration are then passed to a mixed feedforward/feedback 
regulator that determines the desired torque at the knee joint level 
(Fig. 7). A new trajectory can branch off from the swing trajectory 

Fig. 6. Block diagram of the proposed finite-state machine. In stance 1, the 
prosthesis (red segment) absorbs the impact with the ground, storing and dissipat-
ing energy as necessary. The prosthesis transitions to stance 2 when the ankle po-
sition is greater than a specific dorsiflexion angle, and the ankle velocity is positive 
(i.e., the ankle is plantarflexing). When the instrumented pyramid detects the GRF 
being lower than 5% of the user’s body weight (BW), the controller transitions to 
swing 1. In swing 1, the proposed controller adapts the prosthesis trajectory based 
on the movements of the residual limb. If the residual limb exceeds a variable 
threshold, then the prosthesis switches to swing 2, where a minimum-jerk trajectory 
is generated to prepare the foot for the subsequent heel strike.
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originally programmed at toe-off if the desired final position or the 
desired swing duration changes. Thus, with the proposed continuous 
minimum-jerk planning, the prosthesis can smoothly change the 
swing trajectory while it is being performed regardless of the current 
angle, velocity, and acceleration of the prosthesis joint.

Although the desired maximum knee flexion (​​​final​ 
des ​​ ) is computed 

through the integral of the residual limb orientation (thigh), the ac-
tual peak of knee flexion depends on the position of the knee at the 
transition between swing 1 and swing 2. The finite-state machine 
transitions from swing 1 to swing 2 when the thigh angle (thigh) 
exceeds a threshold (​​​thigh​ ths ​​ ) (Fig. 6). However, this threshold is not 
fixed but rather varies as a function of the desired peak knee flexion 
(​​​final​ 

des ​​ ) as defined by Eq. 3, where K4 = 17.5 and K5 = 0.5. The values 
of K4 and K5 are determined offline to imitate the kinematics of 
non-amputee individuals (Fig. 4). Specifically, K4 is set to serve as 
an offset for the thigh threshold (​​​thigh​ ths ​​ ), and K5 serves as the sensitivity 
of the thigh threshold (​​​thigh​ ths ​​ ) to the desired knee flexion (​​​final​ 

des ​​ ), which 
is determined using Eq. 1

​thigh​ ths  ​(t ) = ​K​ 4​​ − ​K​ 5​​ ​​final​ 
des  ​(t)​	 (3)

On the basis of Eq. 3, the thigh threshold at the transition be-
tween swing 1 and swing 2 increases proportionally to the desired 
peak knee flexion (​​​final​ 

des ​​ ). Thus, the transition between swing 1 and 
swing 2 can happen at different points within the swing, although 
the desired duration of swing 1 (Tsw1) is constant at 0.4 s.

In swing 2, the prosthesis uses a minimum-jerk controller to en-
sure timely placement of the foot in preparation for the subsequent 
heel strike. Although there is no continuous adaptation of the pros-
thesis trajectory during this phase, using the minimum-jerk planner 
in swing 2 is crucial to obtain the desired controller behavior. As 
shown by the simulation results of Fig. 1, the system can transition 
to swing 2 with different knee positions and velocities (dot markers 
of different colors). As a result, the desired trajectory in swing 2 may 
allow for both knee flexion and extension, effectively modulating 
the maximum knee flexion achieved by the powered prosthesis in 
the swing. This controller behavior contrasts with previous controllers, 
where swing 2 is used for knee extension only (11, 17, 18, 35).

In stance, we use a control framework 
previously tested with individuals with 
above-knee amputations (17). This stance 
controller enforces physiological torque-
angle curves extracted from non-amputee 
individuals walking at different speeds 
(16). Thus, the knee and ankle torque 
profiles are adapted online on the basis 
of the respective joint positions and an 
overall estimate of the current walking 
speed. Different from impedance-based 
controllers, this stance controller does not 
require user-specific or speed-specific 
tuning. However, the body weight of the 
user must be inserted in the controller 
by the experimenter through a graphi-
cal user interface. Although we use this 
stance control strategy, the proposed 
swing controller can be used with other 
stance controllers because any initial 
angle, speed, and acceleration can be 

handled by the minimum-jerk swing controller.
A longer stride and a larger knee flexion are shown to produce a 

higher clearance in non-amputee individuals. As a result, the pro-
posed controller was developed around the volitional movement of 
the user’s residual limb. Specifically, the controller continuously 
modulates the maximum knee flexion in swing depending on how 
far back the residual limb (i.e., thigh angle) is positioned and how 
fast the user moves it forward during the flexion part of swing (Eq. 
1). Moreover, it was designed to adjust swing 1 duration (Fig. 6) 
because non-amputee individuals typically wait to start extension at 
a higher thigh angle whenever a higher clearance is desired. This heu-
ristic adaptation of maximum knee flexion and swing 1 duration 
is combined with minimum-jerk programming to obtain a smooth 
behavior of the leg that qualitatively matches the behavior of the 
healthy leg. Minimum-jerk programming has been previously used for 
both powered knee and ankle prostheses to plan a smooth swing 
movement (17, 22–24, 32, 38, 41, 42). However, in these previous stud-
ies, the minimum-jerk trajectory is programmed at toe-off and kept 
constant through the whole swing duration. Thus, the swing trajec-
tory cannot be modified as necessary to cross over obstacles. In con-
trast, our continuous minimum-jerk planner updates the swing 
trajectory at every instance within the swing phase.

SUPPLEMENTARY MATERIALS
robotics.sciencemag.org/cgi/content/full/5/44/eaba6635/DC1
Materials and Methods
Fig. S1. Foot clearance is defined as the distance between the foot and the ground in the 
vertical (y) axis.
Fig. S2. The Utah lightweight leg comptises powered ankle and knee modules, each having 
one actuated degree of freedom in the sagittal plane.
Table S1. Group averages of the maximum knee flexion, thigh range, hip range, maximum 
clearance, and stride duration for all tested conditions.
Table S2. Subject data.
Movie S1. Example experiment showing one participant walking and crossing over obstacles.
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