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Abstract— This paper describes the design of a powered knee-
and-ankle transfemoral prosthetic leg, which implements high
torque density actuators with low-reduction transmissions. The
low reduction of the transmission coupled with a high-torque
and low-speed motor creates an actuator with low mechanical
impedance and high backdrivability. This style of actuation
presents several possible benefits over modern actuation styles
implemented in emerging robotic prosthetic legs. Such benefits
include free-swinging knee motion, compliance with the ground,
negligible unmodeled actuator dynamics, and greater potential
for power regeneration. Benchtop validation experiments were
conducted to verify some of these benefits. Backdrive and free-
swinging knee tests confirm that both joints can be backdriven
by small torques (~3 Nm). Bandwidth tests reveal that the
actuator is capable of achieving frequencies required for walk-
ing and running. Lastly, open-loop impedance control tests
prove that the intrinsic impedance and unmodeled dynamics
of the actuator are sufficiently small to control joint impedance
without torque feedback.

I. INTRODUCTION

Ambulation using a passive prosthesis after the amputa-
tion of a lower limb results in a gait that is slower, less
stable, and less energy efficient than able-bodied locomotion
[1], [2]. Passive prostheses aim to alleviate the effects of
amputation using mechanisms such as springs, cams, and
dampers to mimic normative gait patterns. However, passive
prostheses are limited in functionality due to the fact that
such mechanisms can only dissipate energy that the user
introduces. Although passive devices restore some function-
ality, amputees are typically left with an asymmetric gait
[3]. Passive prostheses are also limited in their functionality
across tasks. For example, many passive devices aim to
mimic normal walking conditions. However, this does not
address tasks such as sit-to-stand or stair ascent/descent.
Semi-active prostheses, such as the Ottobock C-Leg, aim
to resolve this by utilizing microprocessors to control the
damping of joints with the use of small actuators that vary
hydraulic valves during the user’s gait [4], [5]. This approach
allows for a single product to be easily adaptable to a variety
of subjects, environments, and tasks. However, since this type
of system only actively controls the damping at joints, it is an
energy dissipating device, therefore not injecting any energy
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into the user’s gait. By actively injecting energy into the
user’s gait, powered prostheses have the capability to restore
mobility and quality of life to those who live with the loss
of a limb.

In the last decade, a great amount of research has gone
into the design and control of powered prosthetic limbs [6],
[7]. Many powered prosthetic devices have emerged from
this research, several of which implement non-backdrivable
actuators, consisting of high-speed, low-torque motors with
high-ratio transmissions, such as ball screws or multiple gear
stages [4], [6], [8]-[16]. In the past few years, legged robots
such as the quadruped MIT Cheetah [17], biped ATRIAS
[18], and others [19] have embraced high-torque motors with
low-ratio or no transmissions. Inspired by this approach, ex-
oskeletons in the field of rehabilitation robotics have recently
implemented high-torque motors in combination with low-
ratio transmissions, such as the University of Texas at Dallas
powered knee-ankle orthosis [20].

High-torque, low-reduction-ratio actuators can have sev-
eral benefits for control and efficiency of robotic legs. The
lower mechanical impedance (inertias and frictional losses)
of these actuators minimizes the effect of unmodeled dy-
namics, which in turn helps simplify an otherwise complex
control problem, increasing robustness, and forcing the sys-
tem to behave closer to an ideal model. Force control in
these actuators can be comparable to series elastic actuators
without their design and manufacturing complexities. Other
benefits include passive knee-swing motion, potential for
power regeneration, and compliance with the ground through
impedance control. A free-swinging knee joint allows for a
more natural gait, while reducing the power requirements of
the actuator during swing phase. Power regeneration phases
of negative work on the leg, including swing knee extension,
can lead to longer periods of untethered operation, which is
critical for robotic legs. Lastly, compliance with the ground
provides a smoother touchdown impact, which can in turn
improve efficiency of the system and comfort for the user.

In the process of designing low-impedance actuators,
transmission design is a critical problem. Single-stage plan-
etary transmissions are extremely efficient and have less
intrinsic impedance than multi-stage transmissions, but they
are typically limited to ratios below 10:1. Therefore, efficient
single-stage transmissions usually require a customized mo-
tor design such as [17] to achieve the high output torques re-
quired during legged locomotion. Other transmission choices
used in robotic legs such as harmonic and cycloid gear drives
exhibit other problems such as efficiency and manufacturing
complexities, respectively. To overcome these shortcomings,



we propose using a single-stage stepped-planet compound
planetary gear transmission (SPC-PGT) [21] coupled with a
high torque-density motor. As we will show, the resulting
actuator has low mechanical impedance and high back-
drivability. In addition, this style of transmission offers a
higher range of reduction ratios while maintaining efficiency
and simplifying manufacturing compared to previously men-
tioned transmissions.

The mechatronic design of the powered prosthetic leg is
presented in Section II, including the motor, transmission,
electrical system, and structure of both joints. Section III
presents a series of benchtop experiments that characterize
the velocity, torque, position tracking, and backdrive capa-
bilities of the actuators. Section IV reflects upon the work
presented and discusses the direction of our future work.

II. DESIGN
A. Design Overview

We derive the requirements for the knee and ankle actua-
tors from the necessary torque, velocity, position, and power
requirements for level ground, stair ascent, and stair descent
ambulation [22], [23], shown in Table I. Figure 1 presents
the needed power throughout the gait cycle, including the
power required by the electronics system. Lastly, a self-
imposed requirement of an adjustable shank length allows for
a larger population of potential user’s. Structural components
of both actuators were optimized using the finite element
analysis software, ANSYS, to ensure structural integrity
against impact and loading conditions of a 113.4 kg (250 1bs)
user during level ground walking and stair ambulation. Most
machined components were made of 7075-T6 aluminum,
with a few shafts, gears, and bearings made of stainless steel.
The assembled leg, shown in Figure 2 weighs approximately
6.05 kg. In an effort to reduce weight, components that are
under minimal loading conditions were 3D printed in ABS
plastic. The leg is powered using a DC power supply, N8736,
Keysight Technologies, California, USA.

TABLE I
COMBINED KNEE AND ANKLE POWER REQUIREMENTS

Ankle Requirements || Knee Requirements
Torque 140 Nm 115 Nm
Velocity 360°/s 330°/s
Position —28° to 20° 0° to 105°
Power 307 W 225 W

B. Motor and Driver

High-torque motors typically used in industrial settings
have large masses and volumes due to their robust housings
and heat sinks. In addition, these motors are typically fixed
in place, leading to minimal consideration of weight in
their design. However, for implementation into a powered
prosthetic leg, it was necessary for us to select a motor with
high torque density, to ensure that our actuator could produce
the required torque while remaining as light as possible. To
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Fig. 1. Power requirements of the prosthetic leg system. This includes
power required for both motors simultaneously and the electronics system.

Fig. 2.  Final assembly of the prosthetic leg. The image on the left
displays a CAD rendering, and the image on the right displays the physical
system after assembly. Note that for simplicity, certain components of the
electronics system shown in the rendering are located on the benchtop for
the experiments presented in Section III.

this end, we selected the ILM 85x26 motor kit, Robodrive,
Germany. This frameless, brushless DC motor kit allowed for
the design of a custom housing that can withstand loading
conditions and dissipate heat, while reducing the weight
compared to industrial motor assemblies. This motor has a
manufacturer rated torque of 2.6 Nm, peak torque of 8.3
Nm, and velocity up to 1500 rpm. Additionally, it is rated
at 410 W, 48 V, and 11 A. The motor is driven by a 25/100
Solo Gold Twitter motor driver (Elmo Motion Control, Petah
Tikva, Israel), which has a rated current of 17.6 A and a peak
current of 35.2 A. Additionally, the driver’s mass of 22.2 g
is ideal for minimizing overall actuator mass.

C. Transmission

In order to increase the torque and reduce the speed of
the motor to fit within the desired torque/velocity range,
we designed a custom single-stage stepped-planet compound
planetary gear transmission (SPC-PGT) with a 22:1 reduc-
tion. The SPC-PGT consists of one sun gear, one ring gear,



Fig. 3. CAD model of the planetary gear transmission. The image on the
left illustrates an exploded view of the entire transmission (including planet
carriers), while the right demonstrates the gear layout after assembly.

and six planet gears procured from SDP/SI, New York,
USA. Traditional planetary gear transmissions have only
three planet gears, which mesh between the sun and ring
gears. However, the SPC-PGT used here calls for three sun-
planet gears and three ring-planet gears. Each sun-planet gear
is coaxially fixed in relation to its corresponding ring-planet
gear through a keyed shaft. The sun-planet gears mesh with
the sun gear, radially located 120° apart from each other.
Similarly, the ring-planet gears are meshed with the ring gear,
and are also radially located 120° apart from each other. The
shafts of the planet gears are held on either side by what is
commonly referred to as a planet carrier. The transmission
assembly can be seen in Figure 3.

Although planetary gear transmissions have multiple
input-to-output configurations, the presented gearbox uses
the sun gear as the input and the planetary carrier as
the output to achieve the maximum ratio possible given a
specific gear set. A traditional single-stage planetary gear
transmission with the same input to output configuration
has a reduction ratio found by 7,,,/7; = (D, + Dy)/(Ds),
whereas the reduction ratio of the single-stage SPC-PGT is
found by 7,,/7; = 1+ (D,Dy,)/(DsDyp), Where 7, and
7; are the motor and joint torque, respectively, and D,
Dy, Dy, and D, are the sun, sun-planet, ring-planet, and
ring gear diameter, respectively. Due to geometric constraints
of a traditional planetary gear transmission, reduction ratios
are typically limited to 10:1. However, the SPC-PGT can
easily achieve higher reduction ratios in the same geometric
volume. Although the presented design differs from a tradi-
tional single-stage planetary gear transmission, the number of
gears meshed together is the exact same, thus increasing the
obtainable reduction ratio while maintaining efficiency [24].
Coupled to the high-torque motor, this transmission provides
a continuous torque of 57.2 Nm and a peak torque of 182.6
Nm, demonstrating a larger scale application of a SPC-PGT
transmission compared to the jumping robot in [25].

D. Sensors and Electrical System

Sensor feedback is critical for both the control and safety
features of the device. Each actuator has one Optical Quadra-
ture Encoder with 4096 cycles per revolution, US Digital,
Washington, USA. Fixed to the motor shaft, the encoder
sends motor position data to the motor driver and system
controller. Once at the controller, this data is multiplied by
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the transmission reduction ratio for position and velocity
feedback. Although only one encoder was used per actuator,
the leg’s design allows for a second encoder to be used
at each actuator output, allowing direct joint measurements
for position and velocity feedback. For this reason, some
renderings show two encoders per actuator. Additionally,
both motors contain two Pt1000 thermistors embedded in
the stator. These monitor the internal temperature of the
stator to ensure that the motor is not damaged during use.
A M3564F 6-axis load cell, Sunrise Instruments, Nanning,
China, located below the ankle joint axis, provides force and
moment information usable for ground detection and reaction
forces during gait. It is capable of reading 2500 N/200 Nm
along the x and y axes and 5000 N/100 Nm along the z axis.

These sensors interface with the system’s microcontroller,
a myRIO, National Instruments, Texas, USA. The controllers
presented in Section III are implemented in the National
Instruments LabVIEW software environment and then im-
ported onto the myRIO. Figure 4 displays a systemic view
of the described electrical system.

E. Knee Mechanical Structure

Although the physiological knee is a polycentric joint, it
is often modeled as a single axis joint due to the minimal
benefit gained from such an increase in design complexity
[26], [27]. Therefore, the presented knee actuator shown
in Figure 5 is designed as a simple hinge, which includes
an upper and lower hinge piece. The upper hinge attaches
to the socket on the user’s residual limb via a pyramid
adapter. The lower hinge is rigidly attached to the gearbox
output, thus acting as the actuator output. Components of the
actuator, such as the motor and transmission, are attached to
the upper hinge, instead of the lower hinge, to minimize
cable movement during gait. This design keeps the motor,
transmission, and knee joint coaxial, which avoids the need
for additional material/components to transfer motion from
the motor axis to the knee joint.

This actuator is designed to allow simple changes to ad-



Fig. 5. CAD design of the knee actuator. The exploded view on the left
displays the components/sub-assemblies of the knee actuator, such as the
upper/lower hinges, encoders, transmission, motor, and pylon. The image
on the right presents the assembled knee actuator. The pyramid adapter on
top connects to the user’s socket, and the length-adjustable pylon on bottom
connects to the ankle actuator module.

justable components so that the prosthesis may be configured
for different use cases (i.e., modified range of motion and
shank length). This is accomplished through the use of swap-
pable hard stops and modular actuators separated by a pylon.
Knee motion is constrained by bumpers that are 3D printed
using a compliant material, TangoPlus, Stratasys, Minnesota,
USA, to dampen the impact of the upper and lower hinges
at maximum flexion and extension. Interchangeable bumpers
of varying thickness allow the actuator to be configured with
desired limits to knee flexion and extension. With no bumpers
in place, the actuator’s range of motion includes 112° flexion
and —5° hyperextension.

Connected to the bottom of the lower hinge is an ad-
justable pylon system. This system consists of a universal
prosthetic pylon held by two tube clamps. Each tube clamp
uses a single bolt to apply pressure around the circumference
of the pylon, thus holding it in place. Due to this design, the
distance between the two joints can be continuously adjusted
for subjects with heights ranging from 1.52m to 1.98m (5’
to 6°6”), which can accommodate approximately 99.5 and
91.8 percent of all males and females, respectively [28]. The
pylon can also be rotated by a prosthetist to properly align
the abduction/adduction of the prosthetic leg’s ankle actuator.

FE. Ankle Mechanical Structure

Similar to the knee actuator, the ankle is designed with a
single axis of rotation. Although the concept and capabilities
of the two actuators are the same (i.e., torque and velocities),
the physical layout of the ankle actuator, Figure 6, is different
from that of the knee. At the knee, the axis of rotation of
the motor and the joint output are coaxial. At the ankle,
the motor axis of rotation is moved proximal to the body
for two main reasons: users expend more metabolic energy
wearing a mass that is more distal on the body [29], and
overall actuator width would not allow the prosthetic foot to
wear a cosmetic foot shell or shoe. With the motor and the
transmission moved proximal to the body, a parallelogram

Fig. 6. CAD design of the ankle actuator. The image on the left presents
the assembled ankle actuator. The exploded view on the right displays
the components/sub-assemblies of the ankle actuator, such as the motor,
structure, 4-bar linkage, transmission, electronics, and foot.

4-bar linkage mechanism was implemented to translate the
torque from the output of the gearbox distal to the location of
the anatomical ankle joint. Other powered prosthetic ankles
have utilized linkage mechanisms to alter joint torque or
align impact loads, however our linkage mechanism is only
used to reduce metabolic energy expenditure and to satisfy
size constraints [30], [31]. The ankle joint is mechanically
constrained by hard stops located at approximately +45°.
This provides ample rotation for a wide range of tasks, while
preventing any harm to the user or system due to excessive
ankle flexion. The 6-axis load cell is mounted directly below
the ankle joint. Lastly, an off-the-shelf Ottobock LoRider
prosthetic foot is attached to the bottom of the 6-axis load
cell. The low profile of this foot in conjunction with the
layout of this actuator leaves plenty of room for a cosmetic
foot shell to be installed, allowing the user to wear most
styles of shoes.

III. VALIDATION EXPERIMENTS AND RESULTS

This section presents several benchtop experiments that
demonstrate the backdrivability, bandwidth, and position and
impedance control capabilities of the prosthesis actuators.
A supplemental video of these experiments is available for
download.

A. Backdrive Torque

This test aims to quantify the backdrive torque of the
actuators, i.e., the torque required at the output of an actuator
to rotate the motor through its transmission. For this exper-
iment, the ankle actuator was rigidly fixed to the benchtop
setup with motion still being allowed at the ankle joint. A
force was then applied with one finger to the toe of the foot
(Figure 7). The applied force gradually increased until the
joint moved. A total of nine trials of this experiment were
conducted, three each with the ankle initially positioned at
—20°, 0°, and 20°. For the case of 0° and 20°, a downward
force was applied to result in plantar flexion. For the case of
-20°, an upward force was applied to result in dorsiflexion.



Fig. 7. Experimental setup for backdrive torque test.

Throughout this experiment torque data was collected
from the 6-axis load cell. Torque maxima for each trial were
extracted from the collected data and averaged for each initial
starting position. These maxima occurred directly before the
applied torque overcame static friction within the system.
The magnitudes of the mean peak torque values were 3.41
Nm, 3.23 Nm, and 3.22 Nm for the initial ankle position of
-20°, 0°, and 20°, respectively. This confirms the actuator’s
ability to be backdriven with a low amount of torque.

B. Free Swing

A free-swinging knee has the benefit of simplifying control
effort during swing phase, therefore leading to a more energy
efficient system. Toward this end, we performed a simple
experiment to show that the knee could be backdriven by
the weight of the shank and foot alone, thus simulating the
swing phase of gait. With the motors unpowered, four trials
were performed in which the top of the knee was fixed to
the benchtop setup, flexed between 65°and 70°, and then
released without a push. This experimental setup can be
seen in Figure 8. Figure 9 shows the knee position for each
of the four trials from the point of release until it reached
the mechanical hard stop. With knee flexion peaking at
approximately 70° for level walking, it can be seen in Figure
9 that the knee does indeed exhibit free-swing capabilities
since the knee repeatedly returns to zero after being released
from a specified height.

It should be noted that the missing dynamics of walking
not included in this experiment, such as hip moment and
ankle push off, should decrease the free swing timing. In
addition, the control strategy for walking, not included in
this paper, could accelerate the free swinging knee motion.

C. Actuator Bandwidth

Generally, real-world physical systems act as low-pass
filters and hence attenuate high frequency inputs. In the
case of actuators, and especially electric ones, the cut-
off frequency of the system becomes an important factor
in characterizing the speed by which the output (usually
velocity) can be actively controlled through changing the
input signal (usually commanded torque).

To determine the bandwidth of the designed mo-
tor/transmission configuration of both joints, we tested the

Fig. 8. Experimental setup for free swing test. The photo on the left shows
the unpowered leg when the knee is held in flexion. The photo on the right
shows the shank of the leg in motion after being released.
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Fig. 9. Recorded position of the knee as it returns to zero following release
from an initial offset.

system on a benchtop setup by removing the mechanical
output of the knee to ensure continuous rotation was not
limited by the mechanical hard-stops. The experiment was
done from very low frequency up to the point that the test
was halted due to excessive shaking and vibrations, 0.05-
12.75 Hz. As the Bode plot in Figure 10 shows, the system
has the standard characteristics of a first-order linear system
with the phase starting at zero in low frequencies and ending
at 90 degrees. The cut-off frequency was determined to be
2.3 Hz. Noting that a frequency analysis of human gait shows
that the highest frequency content of walking is in the range
of 1-2 Hz [32], the actuator is expected to be completely
capable of tracking the human-like joint trajectories with
negligible errors. This will be demonstrated in the next
set of experiments. Moreover, higher frequencies may be
obtainable with aiding moments from the hip.

D. Closed-Loop Position Control

Many legged locomotion control paradigms, for instance
those originating from Hybrid Zero Dynamics (HZD), rely
on stiff and precise position control of the joints [10], [33]-
[35]. To examine the actuators’ position tracking capabili-
ties, a proportional-derivative (PD) controller with a gravity
compensation term was implemented for each actuator. For
this experiment, both joints were assembled together and
the complete leg was mounted onto the benchtop setup,
as in Figure 8. The normative joint trajectories from [22]
were tracked at frequencies of 0.5 (slow walking), 1.0 (fast
walking), and 1.3 Hz (running) [32]. Figure 11 displays the
tracking performance per joint for the frequencies mentioned.
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Figure 11 displays tracking performance per joint for the
increasing frequencies. For all three frequencies the ankle
actuator is able to track the position with little error (max
0.27°, 0.45°, and 0.55° for 0.5, 1.0, and 1.3 Hz respectively).
Although the knee tracking errors are relatively small for 0.5
and 1 Hz (max 1.04° and 6.42° respectively), at 1.3 Hz the
difference between desired and actual trajectories starts to
become visible (max 13.17°). This error is mainly due to
phase lag between desired and measured trajectories. Ne-
glecting this phase lag reduces the maximum knee tracking
error to 2.05° and 4.56° for 1.0 and 1.3 Hz, respectively.
The higher error in the knee angle is due both to larger
mass and inertia acting against the knee actuator as well
as the larger range of motion and higher acceleration of
the knee joint, compared to the ankle. It should also be
noted that joint torque was saturated to 120 Nm for safety
during these tests, which could be relaxed in the future
to reduce this error. Moreover, walking with the prosthesis
will provide an aiding hip moment that could improve these
results. Therefore, we expect the leg to be completely capable
of supporting position-based control paradigms for the full
range of walking speeds and some running speeds.

Note that as the frequency increases, the first visible
discrepancy between desired and actual trajectories appears
at the knee flexion and extension immediately after the
touchdown phase, which is the most difficult part of the
cycle for the actuator to follow. In this region of gait, active
position tracking is not strictly required because the function
of the knee is to absorb energy during weight acceptance
with the ground. In the next section, we show that different
control paradigms (not based on position control) can take
advantage of the actuator design to control this part of the
gait more effectively, and as a result, can potentially achieve
even higher frequencies.
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Fig. 11. Position tracking of normative gait trajectories at various
frequencies. Solid blue and dotted red lines denote the desired and measured
position, respectively. Plots a), c), and e) present ankle tracking at 0.5, 1.0,
and 1.3 Hz respectively. Plots b), d), and f) present knee tracking at 0.5,
1.0, and 1.3 Hz respectively.

E. Open-Loop Impedance Control

In the previous sets of experiments, we showed that the
special design of the actuator and its high bandwidth makes
it capable of supporting walking control paradigms designed
based on precise joint position tracking. Here we show that
the actuator design also works well for compliant walking
control paradigms. This especially becomes important when
one considers the most difficult part of the human joint
trajectories to be mimicked by position control, namely the
quick flexion and extension of the knee immediately after
impact (Figure 11(f)). We know that in humans this happens
due to natural compliance of the knee joint, rather than
precisely following a prescribed position trajectory [26],
[36]. This motivates us to test the ability of the designed
actuator for specified impedance behaviors.

The most common way to perform joint impedance control
is using joint torque feedback to produce the desired behav-
ior. Note that for a fixed transmission ratio n the general
relationship between motor commanded torque 7,,, and joint
torque 7; can be written as:

75 = T + 021l + 020,06 + £(0,0.1) M



where I, and b,, are motor inertia and damping, respec-
tively, 6 is the joint angle, and f contains nonlinear and
time-dependent losses such as Coulomb friction, stiction and
hysteresis. Note that 7,,, = nk;i,,, where k; is the motor’s
torque constant and i,, is its current, commanded to the
driver. The torque feedback is necessary to decrease the
effect of unmodeled dynamics (f) and the usual uncertainty
of inertia and damping parameters in Eq. 1. However, in this
section we show that designing an actuator with minimal
unmodeled dynamics essentially makes the impedance as
part of the natural dynamics of the system, which gives the
benefit of eliminating the torque sensor. This is especially
important in a control problem such as walking where
unexpected interactions with the environment (impacts) are
always likely to occur, and the high noise and limited speed
of closed-loop force control strongly motivates appropriate
passive/natural dynamics.

In order for the actuator to work as a specified impedance,
we simply set the position control PD gains, K, and K,
equal to the desired spring and damper coefficients, respec-
tively [37]. The position control is set to regulate a fixed
angle (zero) as a person tries to move the ankle joint by hand.
Then the commanded torque will be 7, = —K,0 — Kdé,
which is the same as a spring-damper system. The six-axis
load cell is used at the joint to measure the torque applied by
the person (which is the same as joint torque), and compare
it to the commanded torque'. In an ideal case, these two
torques will be equal, i.e., 7; = 7,,.

Figure 12 depicts the resulting ankle torques of four
different experimental cases. The first and second case,
Figure 12(a-b), show pure stiffness and pure damping tests,
respectively, whereas cases three and four, Figure 12(c—d),
depict a combined stiffness-damping control. As the figures
show, there is a very good agreement between measured
joint torque and commanded motor torque in the first three
cases, proving that the effect of unmodeled dynamics is
negligible for torques over ~10-20 Nm. Note that this is
much smaller than joint torques during stance phase [22],
making the actuator completely suitable for any kind of
compliant control during stance. To investigate the limitation
of the control for low torques (where the effect of unmodeled
dynamics becomes considerable), we applied small torque to
the end-effector which shows a noticeable difference between
the two torques for amplitudes less than ~5 Nm (Figure
12(d)). Interestingly, the difference between torques is around
the value obtained for the backdriving torque as presented
before (-3 Nm).

IV. CONCLUSION

This paper presented the design and experimental vali-
dation for a powered prosthetic leg with high torque den-
sity actuators. The system implements high torque motors
coupled with low reduction transmissions. Low mechanical
impedance is an inherent feature of the actuator’s design,
resulting in low backdrive torques to move the motor.

Note that in these experiments the load cell is merely used for diagnostics
and not for any kind of feedback control.
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Fig. 12.  Open-loop impedance of the ankle joint with various K and
K4 gains. Solid blue and dotted red lines correspond to commanded and
measured torque respectively. Reduced PD gains used are: a) K,=0 and
K4=0.5, b) K,=0.8 and K4=0.05, c) K=0.8 and K4=0.05, and d) K,=3
and K4=0.15.

Experimental tests were performed to determine certain
characteristics of the actuators. Due to the low mechanical
impedance, the knee actuator exhibits free-swing under the
weight of the leg alone. Bandwidth tests revealed the actu-
ators’ ability to achieve frequencies common for fast gait
patterns. Closed-loop position control implemented on the
leg was shown to be effective, resulting in negligible error for
frequencies up to 1.3 Hz. Open-loop impedance control tests
proved that the effect of unmodeled dynamics is negligible
for torques over 10-20 Nm, making the actuator suitable
for any kind of compliant control during stance phase of
gait. The low actuator impedance and accurate impedance
control make it possible to command and control the torque
of the system without any torque feedback, thus allowing the
removal of torque sensors from the system’s design.

Future work for this powered prosthetic leg involves con-
solidating the computer, power supply, and other electronics
on-board to create a self-contained prosthesis. Additional
development of this prosthesis may leverage the backdrive-
ability of the actuators to implement power regeneration
when negative work is being done on the leg. Such a system
would aim to safely and efficiently reharvest power during
these periods. Upon becoming untethered from the benchtop,



this prosthetic leg will be used as a platform for control
prototyping and used in amputee experiments. Lastly, in an
attempt to reduce weight of the self contained unit, we will
further optimize component design and material selection.
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