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Abstract—In this article, we present the design of a powered
knee–ankle prosthetic leg, which implements high-torque actuators
with low-reduction transmissions. The transmission coupled with
a high-torque and low-speed motor creates an actuator with low
mechanical impedance and high backdrivability. This style of actu-
ation presents several possible benefits over modern actuation styles
in emerging robotic prosthetic legs, which include free-swinging
knee motion, compliance with the ground, negligible unmodeled
actuator dynamics, less acoustic noise, and power regeneration.
Benchtop tests establish that both joints can be backdriven by
small torques (∼1–3 N·m) and confirm the small reflected inertia.
Impedance control tests prove that the intrinsic impedance and
unmodeled dynamics of the actuator are sufficiently small to control
joint impedance without torque feedback or lengthy tuning trials.
Walking experiments validate performance under the designed
loading conditions with minimal tuning. Finally, the regenerative
abilities, low friction, and small reflected inertia of the presented ac-
tuators reduced power consumption and acoustic noise compared
to state-of-the-art powered legs.

Index Terms—Actuator design, backdrivability, powered
prostheses, rehabilitation robotics.
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I. INTRODUCTION

U SE of conventional passive prostheses after lower limb
loss results in gait that is slower, less stable, and less

energy efficient than able-bodied (AB) 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
these passive devices restore some functionality, amputees are
typically left with an asymmetric gait [3]. Moreover, most
devices are designed for level-ground walking conditions and
do not adequately facilitate tasks, such as sit-to-stand or stair
ascent/descent. Semiactive prostheses, such as the Ottobock
C-Leg, utilize microprocessors to control the damping of joints
via small actuators that manipulate 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, but semiactive devices can still only dissipate energy from
the user’s gait. Powered prostheses can actively inject energy
and, therefore, have greater 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 (PR) limbs,
resulting in several PR devices that implement a variety of
actuation schemes [6]–[9]. Rigid, or nonbackdrivable actuators,
that implement transmissions, such as worm gears [10] or cam-
follower/leadscrews [11], have recently been implemented in
order to reduce the size and weight of the prosthesis. Several
other PR legs implement actuators with low backdrivability, or
high impedance. Such actuators commonly include high-speed,
low-torque motors with high-ratio transmissions, such as ball
screws or multiple/belt gear stages [4], [6], [12]–[24]. This
high-impedance actuation scheme, which typically consists of
reduction ratios greater than 100:1, results in more rigid joints
and large reflected inertias. This can cause more painful impact
forces on the residual limb after extended use. This also forces
the knee swing to be actively controlled rather than naturally
free-swinging (such as, for example, the C-Leg), which results
in higher energy consumption and reduced battery life. Ad-
ditionally, more meshing or rolling parts in the transmission
result in more acoustic noise that is bothersome to patients. A
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recently developed PR leg implements a transmission with a
reduced reduction ratio of ∼50:1 [25], but the resulting actuator
impedance is still high enough to share some of the limitations
discussed earlier.

In the past few years, legged robots, such as the quadruped
MIT Cheetah [26], biped Cassie [27], and others [28]–[32], have
embraced high-torque motors with low ratio or no transmis-
sions. High-torque, low-reduction-ratio actuators (also referred
to as low-impedance actuators) offer several benefits for legged
robotics that are also desirable in powered prostheses. The
lower mechanical impedance (inertias and frictional losses) of
these actuators minimizes the effect of unmodeled dynamics,
which in turn simplifies an otherwise complex control problem,
increases robustness, and makes the system behave closer to
an ideal model. Force control in these actuators can be com-
parable to series elastic actuators (SEAs) without their design
and manufacturing complexities and low bandwidth [17], [33].
Low-impedance actuators are also compliant, which aids in
regenerating energy and mitigating impact forces [34].

We propose that low-impedance actuators also have benefits
specific to powered prostheses, including passive knee-swing
motion, energy sharing between joints, acoustic sound reduc-
tion, and compliance with the ground through impedance con-
trol. A free-swinging knee joint allows for a more natural gait
while reducing the power requirements of the actuator during
swing phase. Energy sharing phases of gait, such as mid-stance,
where the ankle regenerates energy while the knee demands
it, can lead to longer periods of untethered operation, which
is critical for robotic legs in consumer applications. The low
mechanical impedance from reduced friction and gear meshings
can lead to a quieter device, which is crucial for the clinical ac-
ceptance of powered PR legs. Finally, the implementation of bi-
ological joint impedances can promote natural compliance with
the ground and provide smoother touchdown impacts, which
can in turn improve efficiency of the system and comfort for the
user. Although there have been attempts to control prosthesis
joints using open-loop torque control [18], the nonnegligible
dynamics of the actuator would considerably affect the joint
torque and, thus, requiring lengthy sessions of tuning impedance
parameters [35].

In the process of designing low-impedance actuators, trans-
mission design is a critical problem. Single-stage planetary
transmissions are extremely efficient and have less intrinsic
impedance than multistage transmissions, but are typically lim-
ited to ratios below 10:1. Therefore, efficient single-stage trans-
missions usually require a customized motor design, such as
Seok et al. [26], to achieve the high output torques required
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 complex-
ities, respectively [36]. To overcome these shortcomings, we
propose using a single-stage stepped-planet compound plane-
tary gear transmission (SPC-PGT) [37] coupled with a high
torque-density motor. As we will show, the resulting actuator has
low mechanical impedance and high backdrivability. Although
this style of transmission has the same number of gears mesh-
ing as a single-stage planetary transmission, it offers a higher

range of reduction ratios while maintaining high efficiency and
low acoustic sound. The manufacturability of this transmis-
sion style is also simplified compared to previously mentioned
styles.

This article extends the benchtop validation of the powered
transfemoral (TF) PR leg presented in [38] through the im-
plementation of a walking controller that utilizes the compli-
ant nature of the leg’s actuators to facilitate smooth and easy
switching between impedance and position control paradigms
at different walking speeds. Moreover, the low impedance of
the actuators allows for the direct use of estimated human joint
impedance. This can simplify the implementation and tuning of
the biomimetic walking controller compared to typical open-
loop (no joint torque feedback) impedance control of actuators
with nonnegligible intrinsic impedance. Examining the leg dur-
ing walking allows for the quantification of specific properties
not measurable during benchtop testing, such as kinematics
and kinetics, electrical power, and acoustic sound levels during
normative loading conditions. We validate the actuator design in
walking experiments with an AB subject, demonstrating norma-
tive kinematics and pushoff power with reduced acoustic noise
compared to previous designs. These tests also demonstrate that
accurate impedance and torque control can be achieved without
torque sensors. These sensors are removed in a revised assembly
to minimize weight and volume for experiments with a TF
amputee subject. In these trials, the joint compliance facilitates
energy regeneration and sharing between joints during periods
of negative work, such as knee swing extension. This is useful
to increase the efficiency of powered prostheses, which leads to
extended battery life and usage time [9].

The mechatronic design of the powered PR leg is presented
in Section II, including the motor, transmission, electrical sys-
tem, and structure of both joints. Section III introduces the
leg’s control method implemented in Section IV. Section IV-A
presents a series of benchtop experiments that characterize the
velocity, torque, position tracking, and backdrive capabilities
of the actuators. Section IV-B presents the setup and results of
walking experiments, including power regeneration and acoustic
sound reduction during walking at different speeds. Section V
discusses the results. Finally, Section VI concludes this article.

II. HARDWARE DESIGN

A. Design Overview

The main objective of this prosthesis design is to achieve
humanlike joint impedance and dynamics, such that biological
joint impedance values can be directly implemented into joint-
level control. To achieve this, the design must have negligible
intrinsic joint inertia similar to human joints [39]. Therefore,
our main design goal is to minimize the reflected inertia of the
joint’s actuator while preserving the required torque capabilities.
For reference, we aim for a substantially reduced actuator inertia
compared to that of the state-of-the-art powered prosthesis (third
generation Vanderbilt leg—knee actuator; 0.1032 kg·m2) [16].
Additionally, each actuator must be able to meet the necessary
torque, velocity, position, and power requirements for level
ground, stair ascent, and stair descent ambulation [39], [40],
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TABLE I
KNEE AND ANKLE REQUIREMENTS FOR A 75-KG SUBJECT

Fig. 1. (a) and (c) Ankle and (b) and (d) knee average joint powers and torques
for healthy individuals (75 kg) [39], used for defining peak requirements of the
powered prosthesis. Solid blue lines indicate level ground walking at fast speeds,
where dotted red lines and dashed black lines represent stair ascent and descent,
respectively.

as shown in Table I. Fig. 1 presents the required joint power
and torque throughout the gait cycle for these tasks. We wish to
exceed the peak torque and power capabilities of state-of-the-art
PR legs to fully match biological levels for heavier subjects and
more demanding tasks, such as fast walking and stair ascent,
which require ∼130 N·m and ∼350 W for a 75-kg individual.
Note that the Vanderbilt leg is still capable of navigating stairs
with a peak power of 200 W [41], [42]. Finally, a self-imposed
requirement of an adjustable shank length allows for a larger
population of potential users.

Structural components of both actuators were optimized using
the finite element analysis software, ANSYS, to ensure structural
integrity for loading conditions of a 113.4-kg (250 lbs) user
and against impacts (∼3 times the subject weight) during level
ground walking and stair ambulation. Most machined compo-
nents were made of 7075-T6 aluminum, with a few shafts, gears,
and bearings made of stainless steel. The leg was assembled in
two iterations (see Fig. 2): a preliminary one with torque sensors
to validate the actuator capabilities during benchtop and AB
experiments, and a final one without torque sensors to reduce
size and mass for amputee testing. The first assembly (see Fig. 2,
left-hand side) weighs approximately 6.05 kg without batteries
or 6.61 kg with batteries. A weight breakdown is shown in
Table II under “Preliminary Mass.” The leg’s lithium-polymer
batteries, TP1600-4SA80X (Thunder Power, Las Vegas, NV,
USA), were kept off-board for benchtop and AB experiments to

Fig. 2. Final assemblies of the PR leg. The image on the left-hand side displays
the first version of the prosthesis (without batteries), which was used in benchtop
and AB testing. The image on the right-hand side displays the prosthesis after
revisions were made for amputee experiments (i.e., torque sensor removal and
on-board batteries).

TABLE II
APPROXIMATE MASS OF LEG COMPONENTS

ensure safety due to the potential for high regenerative currents.
Note that for the second assembly, batteries were mounted on-
board with active voltage monitoring of each individual cell. The
knee actuator is∼13.7 cm wide (medial–lateral) by 12.9 cm deep
(anterior–posterior). The ankle joint is ∼6.5 cm wide by 7.6 cm
deep. The section corresponding to the calf is ∼11.8 cm wide by
∼12.9 cm deep, which equates to approximately the 30th and
50th percentile of adult male and female calf circumference,
respectively [43]. Furthermore, the distance from the top of the
prosthesis to the knee center is ∼7.8 cm, the minimum distance
between the knee and ankle center is ∼32.9 cm, and the distance
from the ankle center and the ground is ∼8.5 cm (including
the cosmetic foot shell). Finally, in an effort to reduce weight,
components that are under minimal loading conditions were
three-dimensional (3-D) printed in ABS plastic.

B. Revisions for Amputee Testing

The prosthesis required torque sensors in the testing and
validation of its actuators during benchtop and AB walking
experiments. However, the results in Sections IV-A.6 and IV-C.1
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demonstrated the precise open-loop torque control capabilities
of the actuators, thus rendering the torque sensors unnecessary
for further experimentation. Therefore, prior to amputee exper-
iments, revisions were made to the structure of the prosthesis
to remove both the knee and ankle torque sensors, as shown
on the right-hand side in Fig. 2. This is important because
it led to a reduction in mass and volume of the leg, both of
which are important when translating to the clinical setting. The
removal of these sensors reduced the medial–lateral width of
each actuator by ∼1 cm. In addition to the removal of the torque
sensors, smaller batteries (TP870-3SR70, Thunder Power) were
selected to be mounted on the leg, which enabled untethered
operation of the prosthesis. The mass of the entire prosthesis
was reduced by ∼0.52 kg, bringing the mass to 6.09 kg, in-
cluding batteries. A breakdown of the revised mass is given in
Table II.

C. Motor and Driver

High-torque motors typically used in industrial settings have
large masses and volumes due to their robust housings and
heat sinks. These motors are typically fixed in place, leading
to minimal consideration of weight in their design. However,
for implementation into a powered PR 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 and compact as possible. To this end, we selected the ILM
85×26 motor kit, RoboDrive, Seefeld, 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 N·m, peak
torque of 8.3 N·m, and a maximum velocity of 1500 r/min. It
is rated at 410 W, 11 A, and 48 V. A 25/100 Solo Gold Twitter
motor driver (Elmo Motion Control, Petah Tikva, Israel) is used,
which has a rated current of 17.6 A and a peak current of 35.2 A.
The small size and mass of the driver (22.2 g) make it ideal for
minimizing overall actuator size and mass.

D. Transmission

It was necessary to realize a transmission that would increase
torque and decrease speed of the selected motor to fit within the
desired torque/velocity range while minimizing the reduction
ratio and, therefore, the reflected inertia. We determined that
a reduction ratio of between 20:1 and 25:1 would be needed
to achieve maximum torques while maintaining desired speeds.
Therefore, we designed a custom SPC-PGT with a 22:1 reduc-
tion. Considering the peak torque of the actuators (∼183 N·m),
the Lewis factor equation for gear tooth stress was used in the
initial selection of off-the-shelf gears (SDP/SI, Hicksville, NY,
USA), which were then revised using finite element analysis
(FEA) analysis to optimize for weight. The SPC-PGT consists
of one sun gear, one ring gear, and six planet gears. 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

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

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 Fig. 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 τm/τj =
(Dr +Ds)/(Ds), whereas the reduction ratio of the single-stage
SPC-PGT is found by τm/τj = 1 + (DrDsp)/(DsDrp), where
τm and τj are the motor and joint torque, respectively, and Ds,
Dsp, Drp, and Dr are the sun, sun-planet, ring-planet, and ring
gear diameters, 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 approximately the same ge-
ometric volume. Although the presented design differs from a
traditional single-stage planetary gear transmission, the number
of gears meshed together is the exact same, thus increasing
the obtainable reduction ratio without decreasing efficiency or
increasing acoustic sound [44]. This also minimizes backlash,
which measured less than 36 arcmin (0.6◦) during walking.
Values between 30 and 120 arcmin (0.5◦ and 2◦) are seen in
similar robotic applications [36], [45]. Coupled to the high-
torque motor, this transmission provides a continuous torque
of 57.2 N·m and a peak torque of 182.6 N·m, demonstrating a
larger scale application of an SPC-PGT transmission compared
to the jumping robot in [45].

Finally, it is necessary to estimate the reflected inertia of the
actuator with this choice of motor and transmission. We obtained
this estimate by taking the inertias from the computer aided
design (CAD) model of everything rigidly fixed to the motor’s
rotor, such as the motor shaft and sun gear, and multiplying it
by the square of the gear ratio. We then added the inertias of
all components that rotate with the actuator’s output, such as
the planet gears and carriers, to arrive at an estimated reflected
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Fig. 4. Block diagram of electrical system: The system’s computer receives
feedback related to the user’s gait and sends torque commands to the motor
drivers. Torque sensors are indicated in dashed boxes to represent their presence
during benchtop and AB testing but absence for amputee testing.

inertia of Ij = 0.0625 kg·m2. This value is validated through
benchtop experiments presented in Appendix A.

E. Sensors and Electrical System

Sensor feedback is critical for both the control and safety fea-
tures of the device. The knee and ankle actuators have one optical
quadrature encoder, E5 and EC35 (US Digital, Vancouver, WS,
USA), with 4096 and 5000 cycles per revolution, respectively.
Fixed to the motor shaft, the encoder sends motor position data
to the motor driver and system controller. Once at the controller,
these data are multiplied by the transmission reduction ratio for
position and velocity feedback. The leg’s design allows for a sec-
ond encoder at the actuator output, which was used to quantify
transmission backlash and then removed. 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 six-axis
load cell, Sunrise Instruments, Nanning, China, is located below
the ankle joint axis to detect ground contact and monitor ground
reaction forces/moments. It is capable of reading 2500 N/200
N·m along the x and y axes and 5000 N/100 N·m along the z-axis.
In addition to the load cell, a single axis M2207 torque sensor,
Sunrise Instruments, Nanning, China, is located at the output of
the knee and ankle actuators in the preliminary assembly used
to validate the actuator capabilities, but not in the final assembly
used for amputee testing.

These sensors interface with the system’s microcontroller,
a myRIO (National Instruments, Austin, TX, USA). The con-
trollers presented in Sections III and IV are implemented in the
National Instruments LabVIEW software environment and then
imported onto the myRIO. Fig. 4 displays a systemic view of
the described electrical system.

F. Knee Mechanical Structure

Although the physiological knee is a polycentric joint and
many passive prostheses are modeled after this, powered pros-
theses are often modeled as a single-axis joint due to the minimal

Fig. 5. CAD design of the knee actuator. The exploded view on the left-hand
side displays the components/subassemblies of the knee actuator, such as the
upper/lower hinges, encoders, transmission, motor, and pylon. The image on
the right-hand side 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.

benefit gained from such an increase in design complexity [46],
[47]. Therefore, the presented knee actuator shown in Fig. 5 is
designed as a simple hinge, which includes an upper and lower
hinge pieces. 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 (e.g., torque sensor), 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 axis.

This actuator is designed to allow simple changes to ad-
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 swappable
hard stops and modular actuators separated by a pylon. Knee
motion is constrained by bumpers that are 3-D printed using
a compliant material, TangoPlus (Stratasys, Eden Prairie, MN,
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 adjustable
pylon system. This system consists of a universal PR 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 1.52 to 1.98 m (5’ to 6’6”), which can
accommodate approximately 99.5% and 91.8% of all males and
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Fig. 6. CAD design of the ankle actuator. The image on the left-hand side
presents the assembled ankle actuator. The exploded view on the right-hand
side displays the components/subassemblies of the ankle actuator, such as the
motor, structure, four-bar linkage, transmission, electronics, and foot.

females, respectively [48]. The pylon can also be rotated by a
prosthetist to properly align the abduction/adduction of the PR
leg’s ankle actuator.

G. 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 (see Fig. 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 apply
greater hip torque and, therefore, expend more metabolic energy
when wearing a mass that is more distal on the body [49], and
overall actuator width would not allow the PR foot to wear a
cosmetic foot shell or shoe. With the motor and the transmission
moved proximal to the body, a parallelogram four-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 PR ankles have utilized linkage
mechanisms to alter joint torque or align impact loads [50],
[51]. 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 excessive ankle flexion.
The six-axis load cell is mounted directly below the ankle joint.
An off-the-shelf Ottobock LoRider PR foot is attached to the
bottom of the six-axis load cell. Finally, a cosmetic foot shell is
installed onto the PR foot, allowing the user to wear most styles
of shoes.

III. CONTROL METHOD

In this section, we present our approach for the control of the
powered prosthesis. We show how the specific attributes of the
designed actuator can be leveraged to facilitate the design of a
dynamic walking controller.

A. Joint-Level Control

Due to its inherent simplicity and robustness, a proportional–
derivative (PD) controller is the most common choice for
controlling the joint position of robotic systems through the
motor torque

τm =
1

n
[Kp(θd − θ) +Kd(θ̇d − θ̇)] (1)

where n is the transmission ratio, Kp and Kd are positive PD
gains, and θd and θ are the desired and actual motor positions,
respectively. Since the PD gains determine the pole’s frequencies
of the closed-loop system, these gains are set as high as possible
to minimize tracking error and phase lag. In applications, such
as PR legs, controllers that rely on a kinematic phase variable
generally utilize this approach [14], [52], [53].

An alternative approach that is commonly used in control
of powered prostheses is impedance control [54]. Generally, in
robotics systems, the most common way to produce accurate
joint impedance control is by using joint torque feedback to
produce the desired behavior. Note that for a fixed transmission
ratio n, the general relationship between motor torque τm and
joint torque τj can be written as

τj = nτm + n2Imθ̈ + n2bmθ̇ + f(θ, θ̇, t) (2)

where Im and bm are motor inertia and damping, respectively,
θ is the joint angle, t is time, and f contains nonlinear and
time-dependent losses, such as Coulomb friction, stiction, and
hysteresis. Note that τm = ktim, where kt is the motor’s torque
constant and im is its current, commanded from the motor driver.
Torque feedback is typically necessary to decrease the effect of
unmodeled dynamics (f ) and common uncertainties of inertia
and damping parameters in (2). However, an actuator designed
with minimal unmodeled dynamics can be utilized to reliably
simulate any desired dynamics (an arbitrary impedance, for
instance) without requiring torque feedback. This is especially
important in a control problem, such as walking, where unex-
pected interactions with the environment (impacts) are always
likely to occur.

The high noise and limited speed of closed-loop force control
during walking strongly motivates low-impedance actuation to
achieve more natural dynamics. With an ideal actuator, a PD
controller can be considered an open-loop impedance controller,
with proportional and derivative gains acting as stiffness and
damping, respectively [54]. Based on this, we expect that chang-
ing the stiffness and damping coefficients in (1) will enable a
wide range of dynamic behaviors through highly variable joint
impedances. Furthermore, the controller effectively can work as
a position control scheme by increasing the gains, without any
other change in the control structure.

As shown in [55], the discrete-time implementation of a
controller in the form of (1) can lead to instability when the
system interacts with a passive environment (in particular, a hu-
man). This depends on the human’s emulated stiffness, actuator
inertia and damping, and sampling frequency. Furthermore, it
limits the range of the impedance coefficients (PD gains) that
the controller can emulate. Based on this, we will later select
the controller gains considering the actuator parameters and
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Fig. 7. (a) FMS for walking control. Blue rectangles and green ellipses
indicate time-based (position control) and impedance-based states, respectively.
(b) Definition of the joint angles.

the humans’ applicable range of stiffness. See Appendix B for
additional information regarding the stability of the selected
values.

B. Walking Control

As discussed, the low-inertia design of the actuators facilitates
smooth and easy switching between position and impedance
control paradigms. Here, we show how this characteristic can
be leveraged in a walking controller.

Sup et al. [18] designed a walking controller for their powered
knee–ankle prosthesis based on a finite-state machine (FSM).
For each state of the FSM, they used an impedance controller of
the form

τm = Kp(θd − θ)−Kdθ̇ +K2(θd − θ)3 (3)

where Kp, Kd, and K2 are tunable constant values for each
state. The form of the impedance controller (3) was chosen to fit
human joint torque profiles. However, due to high impedance of
the actuators, the final values of the tuned parameters were quite
different from biological values. This implies that the total joint
impedance is different from the commanded impedance due
to the nonnegligible actuator impedance. The small correlation
between the tuned and reference values of these parameters often
requires lengthy sessions of tuning for each set of parameters
to achieve the desired performance, since they are not known
beforehand and change from one subject to another [35].

The controller we use in this work is similar to the one
presented in [16]. Fig. 7 depicts the FSM corresponding to our
controller. As in [16], impedance controllers have been used for
control of early and mid-stance. This was motivated by the fact
that impedance control provides reliable and smooth interaction
with the environment (i.e., the ground). Since there is no inter-
action with the environment during swing phase, a time-based
position tracking controller was designed based on AB reference
trajectories [39]. In contrast with Sup et al. [18] wherein θd is
constant for each subphase, we followed Lawson et al. [16]
by tracking a time-based trajectory, which provides a stronger
pushoff and a smoother transition to swing phase. Based on this,

time t is set to zero when the transition to pushoff takes place.
The durations of pushoff, swing, and touchdown subphases are
determined by the preset speed-dependent parameters tpo, tsw,
and ttd, respectively. At the start of each subphase, the change
of parameters (Kp and Kd, and also θd for impedance-based
subphases) is performed through the use of a third-order spline
to avoid any discontinuity in the commanded torque.

The purpose of the touchdown subphase is to change the PD
parameters for smooth transition to the impedance control of the
early stance subphase. The idea is that as the knee extends, the
controller “expects” the ground contact rather than sensing and
then reacting to it. Thereby, the reaction to impact becomes a part
of the natural (open-loop) dynamics of the system. This type of
natural response is also observed in biological locomotion [56]
and used in legged robot applications [57]–[59]. Based on this,
gains are gradually changed throughout the touchdown subphase
to match those of early stance. This smooth transition paradigm
can be considered as an extension of the methods proposed
in [60] and [61], in which transition to stance is detected without
contact sensing. The main difference in these works is that the
gains are held constant for each phase.

The default stiffness values (equivalent to Kp as discussed)
for the impedance control subphases were picked from the
quasi-stiffness of AB subjects, as estimated in [62], [63]. A small
damping coefficient (Kd) was added to obtain a smoother oper-
ation. The details of the walking experiments and the selected
gains are presented in the next section.

IV. EXPERIMENTS AND RESULTS

To validate and characterize the leg, benchtop and walking
experiments were conducted. Benchtop experimentation aimed
to verify specific characteristics of the actuators, whereas the
walking experiments aimed to verify the leg’s ability to perform
under its designed loading conditions. A supplemental video
of the experiments described in this section is available for
download.

A. Benchtop Experiments

This section presents several benchtop experiments that
demonstrate the position and impedance control capabilities,
backdrivability, and bandwidth of the prosthesis’ actuators.

1) Backdrive Torque: These tests aim to quantify the back-
drive torque of the actuators, i.e., the torque required at the output
of an actuator to rotate the motor through its transmission. For
the first experiment, 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 [see
Fig. 8(a)]. 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.

Throughout this experiment, torque data were collected from
the six-axis load cell. Torque maxima for each trial was extracted
from the collected data and averaged for each initial starting
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Fig. 8. Benchtop torque tests. (a) Experimental setup for backdrive torque test.
(b) Measured torque during peak torque tests.

position. These maxima occurred directly before the applied
torque overcame the backdrive torque within the system. The
magnitudes of the mean peak torque values were 3.41, 3.23, and
3.22 N·m for the initial ankle positions of −20◦, 0◦, and 20◦,
respectively.

In another experiment, the knee actuator was fixed to the
benchtop and its output disconnected. Starting at 0 N·m and
with intervals of 0.1 N·m, the commanded torque was slowly
increased until the joint started to move, which occurred at
∼1 N·m. This consists of Coulomb friction and the uncom-
pensated portion of cogging torque (depending on the cogging
compensation methods used in the driver). Additionally, the
Coulomb friction of the knee actuator, without the motor stator
(in order to eliminate the cogging torque), was measured with
a torque wrench to be ∼0.2 N·m. These results suggest that
the remaining backdrive torque can be attributed to the cogging
torque of the motor. Therefore, we can conclude from these
experiments that both actuators were able to be backdriven with
low amounts of torque.

2) Peak Torque: To further verify the actuator capabilities, a
simple test was conducted to quantify its peak torque. For this
test, the knee and foot were separated from the ankle actuator.
The ankle actuator was then fixed to the benchtop through
the six-axis load cell, which measures the output of the ankle
actuator. During this experiment, the position controller of the
ankle actuator, presented in Section III-A, was set to regulate a
fixed angle (zero). An oscillatory load was dynamically applied
by hand to the shank. Note that this was intended to mimic how
the prosthesis will interact with the ground during impedance-
based states of the walking controller (see Section III-B). The
pylon that typically connects the two actuators was replaced
with an extended pylon to increase the lever arm and achieve
larger torques. Force was applied by hand to the pylon for three
consecutive cycles, with an increased magnitude for each cycle
[see Fig. 8(b)]. The last force applied resulted in a peak measured
torque of 181.2 N·m, which is ∼1 N·m less than the peak rated
torque of the actuator.

3) Free Swing: A free-swinging knee has the benefit of sim-
plifying control effort during swing phase, therefore leading to

Fig. 9. Experimental setup for free swing test. The photo on the left-hand side
shows the unpowered leg when the knee was held in flexion. The photo on the
right-hand side shows the shank of the leg in motion after being released.

Fig. 10. Recorded position of the knee as it returns to zero following release
from an initial offset.

more natural, energy-efficient operation. 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 Fig. 9. Fig. 10 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 Fig. 10 that the knee exhibits
free swing capabilities, since the knee repeatedly returns to zero
after being released from heights common during walking.

4) Closed-Loop Position Bandwidth: Real-world physical
systems generally act as low-pass filters, attenuating high-
frequency inputs. In the case of actuators, especially electric
ones, the cutoff frequency of the system becomes an impor-
tant factor in characterizing the speed by which the output
can be actively controlled through changing the input signal.
Since closed-loop position controllers are implemented in some
powered prostheses [14], [64], [65], closed-loop position con-
trol bandwidth tests were conducted to characterize the maxi-
mum frequency that the presented low-impedance actuators can
achieve.

With the knee actuator fixed to the benchtop, the experiment
began at a very low frequency, which was incrementally in-
creased to higher frequencies until the test had to be halted
due to excessive shaking and vibrations. The experiment was
conducted with an input sine wave with three separate ampli-
tudes: 5◦, 10◦, and 15◦. The results, as shown in Fig. 11, indicate
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Fig. 11. Bode plots for closed-loop position bandwidth tests. Inputs with
amplitudes of 5◦, 10◦, and 15◦ produce cutoff frequencies of approximately
134, 90.1, and 67.4 rad/s, or 21.3, 14.3, and 10.7 Hz, respectively.

respective cutoff frequencies of 134, 90.1, and 67.4 rad/s. Noting
that a frequency analysis of human gait shows that the highest
frequency content of walking is in the range of∼6–22 rad/s [39],
[66], the actuator is expected to be completely capable of track-
ing the humanlike joint trajectories.

5) Closed-Loop Position Control: To examine the actuators’
position-tracking capabilities, a 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 shown in
Fig. 9. The normative joint trajectories from Winter [39] were
tracked at frequencies of 0.5 (slow walking), 1.0 (fast walking),
and 1.3 Hz (running) [66].

Fig. 12 displays tracking performance per joint for the in-
creasing frequencies. For all three frequencies, the ankle actuator
was able to track the position with little error (max 0.27◦, 0.45◦,
and 0.55◦ for 0.5, 1, and 1.3 Hz, respectively). Although the
knee tracking errors were 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 was mainly due to phase lag between desired
and measured trajectories. Neglecting this phase lag reduces the
maximum knee tracking error to 2.05◦ and 4.56◦ for 1 and 1.3 Hz,
respectively. The higher error in the knee angle was due to both
larger mass and inertia acting against the knee actuator, as well
as the larger range of motion and higher acceleration compared
to the ankle. Note that joint torque was limited to ±120 N·m
for safety during these benchtop tests. This limitation will be
relaxed for walking experiments, which will also have an aiding
hip moment to swing the knee.

6) Open-Loop Impedance Control: In the previous sets of
experiments, we showed that the design of the actuator and its
high bandwidth make it capable of supporting walking control
paradigms based on precise joint position tracking. Here, we
show that the actuator design also works well for compliant
walking control paradigms (as discussed in Section III). This

Fig. 12. Position tracking of normative gait trajectories at various frequencies.
Solid blue and dotted red lines denote the desired and measured position,
respectively. (a), (c), and (e) Ankle tracking at 0.5, 1, and 1.3 Hz, respectively.
(b), (d), and (f) Knee tracking at 0.5, 1, and 1.3 Hz, respectively.

specifically becomes important when one considers the most
difficult portions of human trajectories to be mimicked by po-
sition control, namely the quick flexion and extension of the
knee immediately after impact [see Fig. 12(f)]. In humans, this
happens due to natural compliance of the knee joint, rather than
precisely following a prescribed position trajectory [46], [62].
This motivates us to test the ability of the designed actuator to
demonstrate specific impedance behaviors.

As discussed in Section III-A, we simply set the position
control PD gains, Kp and Kd, equal to the desired spring
and damper coefficients with units of newton meter per radian
and newton meter second per radian, respectively. During these
experiments, the position control was set to regulate a fixed angle
(zero) as a person tried to move the ankle joint by hand, as
shown in Fig. 8(a). The six-axis load cell was 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.1 In
an ideal case, these two torques will be equal, i.e., τj = nτm.

Fig. 13 depicts the resulting ankle torques of four different
experimental cases. The first case [see Fig. 13(a)] shows a pure
damping test (Kp = 0 and Kd = 29). The commanded torque

1Note that the load cell was merely used for measurements and not for any
kind of feedback control since the control paradigm does not require it. However,
future controllers may require its feedback.
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Fig. 13. Open-loop impedance of the ankle joint with various Kp and Kd

gains. Solid blue and dotted red lines correspond to commanded and measured
torque, respectively. PD gains used are: (a)Kp = 0 andKd = 29, (b)Kp = 46
and Kd = 3, (c) Kp = 46 and Kd = 3, and (d) Kp = 172 and Kd = 9.

has noise when the torque changes directions because this case
only uses damping with joint velocity feedback, which has noise
from taking the time derivative of the encoder reading. Cases two
and three [see Fig. 13(b) and (c)] show low stiffness, reduced
damping tests (Kp = 46 andKd = 3) at small and large torques,
respectively. Finally, case four in Fig. 13(d) depicts a combined
stiffness-damping control (Kp = 172 and Kd = 9). The figures
show a strong agreement between measured joint torque and
commanded motor torque in cases (a), (c), and (d), demon-
strating that the effect of unmodeled dynamics is negligible for
torques over ∼10 N·m. Note that joint torques are much larger
than 10 N·m during the stance phase of walking [39], making the
actuator suitable for any type of compliant control during stance.
The unmodeled dynamics only become apparent during the low
torque tests, where a noticeable difference exists for amplitudes
less than ∼5 N·m [see Fig. 13(b)]. Interestingly, the difference
between joint and commanded torque is around the previously
observed value for the backdrive torque (∼3 N·m).

Using the measured joint torque from the load cell and the
measured angle and velocity from the encoder, we identified
Kp and Kd values from (1) as: Kp = 0 and Kd = 23, Kp = 46
and Kd = 2, Kp = 46 and Kd = 2, and Kp = 172 and Kd =
7. These closely resemble the prescribed values used for each

TABLE III
SUBJECT SPECIFIC INFORMATION

Fig. 14. Experimental setup for AB walking experiments. The image on the
left-hand side shows the subject, safety harness, treadmill, and sound-level meter.
The image on the right-hand side shows how the PR leg was connected to the
bypass adapter, and how it was attached to the subject’s leg.

individual test, especially Kp values. The least squares method
was used to quantitatively evaluate the closeness of commanded
torques, determined using the prescribed and identified gains in
(1). For all trials, the coefficient of determination between the
prescribed-commanded torque and the identified-commanded
torque is 0.999, or R2 ∼= 1. The strong agreement between these
values further proves that the effects of the system’s unmodeled
dynamics are negligible.

B. Walking Experiment Methods

Walking experiments were conducted with one AB subject
and one TF (above-knee) amputee subject. AB experiments
aimed to assess and validate the capabilities of the hardware,
whereas TF experiments aimed to assess clinical performance
of the leg under the loading conditions for which it was designed.
The AB experiment was conducted first using the original leg
assembly with the joint torque sensors. After validating the
leg’s torque/power capabilities in the AB experiment, the torque
sensors were removed in the revised assembly described in Sec-
tion II-B for the TF experiment. Note that the AB subject was an
expert user of powered prostheses, having substantial experience
walking on such devices. In contrast, the TF subject had never
walked with a powered prosthesis prior to these experiments.
Subject specific information and measurements are presented in
Table III.

Using the walking controller in Section III-B, both subjects
walked on the leg at different speeds on a treadmill (see Figs. 14
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TABLE IV
SPEED-INDEPENDENT CONTROL PARAMETERS

Note: Parameters Kp and Kd are in newton meter per radian and newton meter second per radian, respectively, and qa,ms and θd are in
radians. Stance Kp are according to biological stiffness estimates from [62] and [63].

Fig. 15. Experimental setup for amputee walking experiments. Both images
show the amputee subject wearing the prosthesis on the instrumented treadmill.
Note that although the batteries were mounted to the leg during these exper-
iments, the leg was powered by identical off-board batteries to allow for the
off-board measurement of current and voltage.

and 15). All experimental procedures were approved by The
University of Texas at Dallas Institutional Review Board, and
signed consent was obtained from each subject prior to testing.
The AB subject wore the PR leg through a custom bypass adapter
and a shoe lift on the non-PR leg to equalize their leg length to
that of the PR leg. A practicing, certified, and licensed prosthetist
was present during the TF subject’s experiment. This prosthetist
fit and aligned the PR leg directly on the TF subject’s personal
socket. While walking on the treadmill, both subjects wore a
safety harness around their torso to prevent injury in the case
of tripping or falling. An emergency stop button, which would
disable the motors when pushed, was given to the subjects if
they felt the need to stop at any time.

Each subject was asked to walk on the treadmill for approx-
imately 60 s at a range of walking speeds (0.9, 1.1, 1.3, and
1.6 m/s) while wearing the powered PR leg. In order to follow
the speed-independent results of the work in [62] and [63],
Kp and Kd values corresponding to impedance control states
were held constant across speeds. The swing-phase PD gains
were also held constant because of their negligible effect across
different walking speeds. For the AB subject, only the pushoff
ankle gains (Kp) were tuned until the subject felt a comfortable
propulsion force. Moreover, only pushoff timing variables and
one Kp value were tuned to be different for the TF subject
relative to the AB subject. All other gains were kept consistent
across subjects to display the potential for reduced tuning time.
Tables IV and V summarize the parameters used for these trials.

TABLE V
SPEED-DEPENDENT CONTROL PARAMETERS

Note: Parameters Kp and qa,ms are in newton meter per radian and radian, respec-
tively, and times are in seconds.

The acclimation/tuning period before recording data with the
TF subject lasted less than 30 min.

Throughout the trials, gait kinematics and kinetics were col-
lected for validation of the PR leg. Disregarding gait acceleration
and deceleration at the beginning and end of the walking trial,
30 s of continuous, steady-state walking was captured for each
speed. The data were divided and normalize by stride, which
in turn allowed the calculation of gait statistics, such as means
and standard deviations. To further study the actuator design
during gait, two other measurements were recorded: power
drawn from the battery and acoustic sound levels. To evaluate
the electrical power consumption and regenerative capabilities
of the leg, a current probe, TCPA300 (Textronix, Beaverton,
OR, USA), was used to measure real-time current flowing to
and from the entire leg. Current measurements, along with the
battery’s voltage, were recorded by an offboard oscilloscope,
DPO 2024B (Textronix), and saved to an offboard computer.
Finally, to investigate the acoustic sound level of the powered PR
leg, a PCE-322 A sound-level meter (PCE Instruments, Jupiter,
FL, USA) recorded the magnitude of sound coming from the
leg during the walking trials. The sound meter was placed at the
height of the user’s ear, approximately 1.5 m away, to measure
the magnitude of the sound heard from their perspective. Note,
that sound-level measurements were only taken during AB trials.

C. AB Walking Results to Validate Leg Capabilities

This section presents the results from the AB experiment to
validate the performance capabilities of the prosthesis with the
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Fig. 16. PR knee and ankle joint position during AB walking with the pros-
thesis. Solid blue and dotted red lines correspond to the average ankle and knee
joint angles, respectively, for speeds: (a) 0.9 m/s, (b) 1.1 m/s, (c) 1.3 m/s, and
(d) 1.6 m/s. Standard deviations (±1) are indicated by shaded regions around
the mean. Normative (Norm) knee and ankle trajectories [39] (not available for
1.6 m/s) are shown as a reference in green dash-dotted and gray dashed lines,
respectively.

torque sensors, specifically the kinematic and kinetic outputs,
electrical and mechanical power output, and acoustic noise.

1) Kinematic and Kinetic Analysis: Fig. 16 shows the col-
lected knee and ankle joint angles for different walking speeds
and compares them to healthy (normative) gait kinematics [39].
Note that the healthy dataset in [39] does not include high-speed
gaits for inclusion in Fig. 16(d). The gait cycle begins and ends at
ground impact of the prosthesis, with the transition from stance
to swing occurring around 60% of the gait cycle.

Figs. 17 and 18 depict the commanded versus measured
torques of the knee and ankle joints, respectively, during walking
experiments. As expected from the results of the benchtop
tests, the commanded and measured torques closely match,
confirming the hypothesis regarding low actuator impedance and
unmodeled dynamics. One notable difference is at peak negative
torques in Fig. 18. At this point in gait, the excessively large joint
acceleration makes the motor’s inertia contribute more to the
unmodeled dynamics of the actuator. However, since the joint’s
acceleration is larger than what is seen in healthy gait [39], we
expect this discrepancy to be mitigated in future control schemes
that better limit the joint’s acceleration to normative values.

These biomechanical results demonstrate that the PR leg can
indeed perform as intended across walking speeds, and justify
removing the torque sensors in the revised leg assembly used
for amputee testing in Section IV-D.

2) Power Capabilities: This section examines the ability of
the leg to output sufficient power during walking. Fig. 19 dis-
plays the leg’s electrical and mechanical power over the average
stride at each speed condition. The combination of the leg’s
current i and voltage V allows for the calculation of the PR leg’s
total or consumed electrical power at each instant, PE = i · V .

Fig. 17. Average knee commanded and measured torque during AB gait. Solid
blue and dotted red lines correspond to the commanded and measured torque,
respectively, for speeds: (a) 0.9 m/s, (b) 1.1 m/s, (c) 1.3 m/s, and (d) 1.6 m/s.
Standard deviations (±1) are indicated by shaded regions around the mean.

Fig. 18. Average ankle commanded and measured torque during AB gait.
Solid blue and dotted red lines correspond to the commanded and measured
torque, respectively, for speeds: (a) 0.9 m/s, (b) 1.1 m/s, (c) 1.3 m/s, and
(d) 1.6 m/s. Standard deviations (±1) are indicated by shaded regions around
the mean.

This power is compared against the leg’s total output mechan-
ical power of both joints, PM = τK · ωK + τA · ωA, where τ
is measured joint torque, and ω is measured joint velocity;
indices K and A indicate values relating to the knee and ankle
joints, respectively. Fig. 19 also displays the individual knee
mechanical power (PK = τK · ωK) and ankle mechanical power
(PA = τA · ωA).

Peak mechanical powers for the knee were 236.7, 192.1,
298.7, and 389.4 W, and the ankle peak mechanical powers were
246.1, 275.4, 294.2, and 371.6 W for 0.9, 1.1, 1.3, and 1.6 m/s,
respectively. Peak specific powers (normalized by the subjects
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Fig. 19. Average power per gait cycle of the PR leg at different walking
speeds for the AB subject at (a) 0.9 m/s, (b) 1.1 m/s, (c) 1.3 m/s, and
(d) 1.6 m/s. Solid blue lines indicate power calculated from measured current and
voltage to and from the batteries. Dotted red lines indicate power calculated from
measured torque and velocity. Dashed gray and dash-dotted green lines indicate
mechanical joint power from measured torque and velocity for the ankle and
knee, respectively.

Fig. 20. Acoustic sound level during gait at (a) 0.9 m/s and (b) 1.3 m/s. Solid
blue, dotted red, dashed gray, and dash-dotted green lines represent the presented
PR leg with low-impedance actuators, a traditional powered PR leg with high-
impedance actuators, an AB subject, and ambient sound levels, respectively,
during treadmill walking. Ground contact of the PR leg starts at 0% of the gait
cycle.

mass) were 3.24, 2.63, 4.09, and 5.33 W/kg for the knee, and
3.37, 3.77, 4.03, and 5.09 W/kg for the ankle across speeds.

3) Acoustic Sound Level: Fig. 20 compares the sound level
of the presented PR leg to a previously published leg that utilizes
high-impedance actuators [67]. Note that the y-axis scale (dBA)
is not linear, but logarithmic. In this figure, the gait cycle begins
and ends at ground impact, with the transition from stance to
swing occurring at about 60% of the gait cycle. It is evident that
the leg with low-impedance actuators is much closer to the sound
level of AB walking than the leg with high-impedance actuators.
As speed increases, the ambient, AB, and low-impedance leg’s
sound levels were generally shifted upward in the figure, which
is related to the increased sound of the treadmill. In fact, the
difference between AB and the low-impedance actuator’s sound
levels was fairly similar across speeds, not considering impact
with the ground. Note that due to the low sampling rate of the
sound-level meter (10 Hz), large changes in sound-level readings
may look like instantaneous jumps in data, which explains why

Fig. 21. PR knee and ankle joint position during amputee walking with the
prosthesis. Solid blue and dotted red lines correspond to the average ankle and
knee joint angles, respectively, for speeds: (a) 0.9 m/s, (b) 1.1 m/s, (c) 1.3 m/s,
and (d) 1.6 m/s. Standard deviations (±1) are indicated by shaded regions around
the mean. Normative (Norm) knee and ankle trajectories [39] (not available for
1.6 m/s) are shown as a reference in green dash-dotted and gray dashed lines,
respectively.

the values at 0% and 100% do not align for all cases. Inter-
estingly, these instantaneous jumps between endpoints were not
seen in the traditional actuation style. This likely due to the large
velocities, and therefore increasing sound, of the PR actuators
leading up to impact impact. Therefore, we can conclude that
since the low-impedance actuators are much quieter than the
high-impedance actuators, ground-impacts and ambient sound
levels have a greater contribution to the sound level of walking
with low impedance actuators.

It is evident that the low-impedance actuation is much quieter
than the traditional actuation. Specifically, the presented leg is
on average 7 and 6 dB quieter (including impacts) than that of
the conventional powered leg at 0.9 and 1.3 m/s, respectively.
If impacts were disregarded, we expect the difference would be
much greater.

D. Amputee Walking Results to Assess Clinical Performance

This section presents the results from the amputee experiment
to assess clinical performance of the prosthesis without the
torque sensors. Specifically, we assess the normality of gait
kinematics and the power consumption of the prosthesis during
amputee walking conditions.

1) Kinematic Analysis: Fig. 21 shows the collected knee
and ankle joint angles of the prosthesis during TF walking at
different speeds, and compares them to healthy (normative) gait
kinematics [39]. Although the subject typically preferred that
pushoff began earlier in the gait cycle than healthy averages,
their joint kinematics resemble that of healthy joints in terms of
magnitudes and general trends. Specifically, as speeds increase,
pushoff shifts earlier in the gait cycle. Furthermore, the early
pushoff resulted in a decreased PR stance phase and, therefore,
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TABLE VI
AVERAGE ENERGY (J) IN JOULES AND EFFICIENCY (η) OF THE LEG PER GAIT CYCLE DURING AMPUTEE WALKING

Note: Subscripts P and R indicate energy produced and regenerated, respectively. K and A indicate mechanical energy of the
knee and ankle joint, respectively. M indicates the combined mechanical energy of both joints. E indicates electrical energy
from the battery.

Fig. 22. Average power per gait cycle of the PR leg at different walking
speeds for the amputee subject at (a) 0.9 m/s, (b) 1.1 m/s, (c) 1.3 m/s, and
(d) 1.6 m/s. Solid blue lines indicate power calculated from measured current
and voltage to and from the batteries. Dotted red lines indicate power calculated
from measured torque and velocity. Dashed gray and dash-dotted green lines
indicate mechanical joint power from measured torque and velocity for the ankle
and knee, respectively.

a prolonged PR swing phase, which is common in amputee
gait. This resulted in a longer period of knee extension before
heel strike. However, this affect was diminished at faster speeds,
where the kinematics became more normative.

2) Power and Energy Analysis: Fig. 22 presents the power
of the prosthesis during walking with the TF subject, similar to
the AB case in Section IV-C.2. Because the torque sensors were
removed in the TF case, the power is based upon commanded
torque τ and measured velocity ω, where we previously saw that
commanded torque is an accurate representation of actual torque.
By integrating these curves, electrical and mechanical energies
were calculated and presented in Table VI. Positive values in
this table indicate produced energy (integral of power greater
than zero), whereas negative values indicate regenerated energy
(integral of power less than zero). Specifically, JPK

, JRK
, JPA

,
and JRA

indicate produced knee, regenerated knee, produced
ankle, and regenerated ankle mechanical energies, respectively.
Furthermore, JPM

and JRM
indicate the produced and regen-

erated mechanical energies of the combined joints (i.e., from
PM). Note that these two values do not directly equal the sum

of the produced or regenerated energies of the individual joints.
Instead, they arise from the combined joint mechanical energies
of the leg as a whole, which accounts for power sharing between
the joints. The total efficiency of the prosthesis is defined as
η = (|JRE

|+ JPM
)/(JPE

+ |JRM
|), where JPE

and JRE
are

the produced and regenerated electrical energies, respectively.
The numerator accounts for the “output” energy flowing to
the battery and environment, and the denominator accounts for
the “input” energy flowing from the battery and environment.
Note that as speed increases, efficiency also increases. One
contributing factor to this was the constant 20 W consumed
by the electronics and on-board computer, which has more
influence on the efficiency relative to mechanical power during
slow walking. Moreover, at slower walking speeds, the motors
provide torques at lower velocities, where the electric motor is
less efficient due to winding losses.

Similar to the AB case, the TF subject shows regions where
rapid deceleration of joints cause power regeneration. This is
most evident in Fig. 22, between approximately 75% and 80%
of the gait cycle. We also see regions where power was be-
ing shared between the joints, such as Fig. 22(a)–(c) between
approximately 35% and 45% of the gait cycle, where the an-
kle mechanical power was negative, whereas knee power was
positive. Interestingly, this is also seen in Fig. 22(a) and (b) at
approximately 50% of the gait cycle, which allowed for an ankle
mechanical power that was larger than the electrical power to
the entire leg. This was caused by the large regenerative power
of the knee during the same instance, which reduced the power
demand from the batteries.

Both energy sharing and regeneration aid in reducing the
average energy consumed per gait cycle. Our new PR leg has
an average specific power of 0.14, 0.11, 0.08, and 0.40 W/kg
(normalized by the subject’s mass) for 0.9, 1.1, 1.3, and 1.6 m/s,
respectively. With the selected batteries, the PR leg can currently
operate for 2.82, 3.74, 4.92, and 0.99 h of continuous walking,
or 7301, 10 514, 14 875, and 3263 PR steps at each respective
speed. Note that the total step count for the user would double
when considering the intact limb.

V. DISCUSSION

A. Advantages of Design

The main objective of this work was to achieve low-
impedance actuation in a powered PR leg and to analyze its
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TABLE VII
COMPARISON OF INERTIAS, TRANSMISSION RATIOS, AND JOINT TORQUE OF PR LEG ACTUATORS

Based on estimated average transmission ratios since actual ratios can vary based on joint kinematics.

performance. Initial benchtop tests concluded that with the
motors OFF, the actuators have sufficiently low impedance, with
a backdrive torque of∼1–3 N·m and free swing capability. Other
tests demonstrated that even with low-impedance actuators, the
prosthesis was still able to provide very large torque (>180 N·m),
thus satisfying our torque design goals. Furthermore, by measur-
ing the actuator’s open-loop frequency response (see Appendix
A), we found the actuator’s inertia to be I = 0.0696 km·m2,
which is very close to the estimated inertia from the CAD model,
I= 0.0625 km·m2, and is less than the state-of-the-art leg in [16].

For context and comparison, Table VII presents the estimated
reflected inertias of the actuators in several other powered
prostheses. Note that in this table, values for reflected inertia
only consider the motor rotor inertia and transmission ratio,
omitting the inertias of the transmission components (hence,
the presented actuator’s inertia is reported as 0.0557). This was
done for consistency when comparing across actuators, since we
do not have access to the CAD models or system identification
data for these prostheses. Moreover, when comparing actuators,
it is also important to compare torque capabilities since an
actuator’s reflected inertia can easily be reduced at the cost of
torque. Therefore, Table VII also presents the ratio of continuous
(nominal) joint torque to joint reflected inertia ρ. Larger values
of ρ indicate an actuator’s ability to achieve large continuous
torques with respect to its reflected inertia.

Note that the Utah AVT knee [24] is the only prosthesis that
has a larger ρ than that of the presented prosthesis. This is
achieved when its actively variable transmission minimizes its
reduction ratio, therefore minimizing the reflected inertia of the
actuator. However, to do this, the subject must stop and unload
the prosthesis for a short period of time while the transmission
adjusts, which does not allow for quick switching between
low impedance and high torque. This is most important during
the pushoff phase of gait when the leg requires large torques
immediately followed by low impedance, which allows for
knee free swing and rapid ankle dorsiflexion for toe clearance.

Similarly, the Utah Polycentric Ankle prosthesis [50] has a vari-
able transmission with a minimum reflected inertia (0.0479) at
approximately 20◦ of dorsiflexion, but it has a larger reflected
inertia than the presented prosthesis throughout the majority of
its range of motion. On the other hand, the presented prosthesis
inherently has low impedance, and can switch to high stiff-
ness/torque very quickly, which makes it desirable for pushoff
and very suitable for other highly dynamic or extreme tasks.
Although it is unrealistic to reduce the joint reflected inertia to
that of a human joint, which is considered negligible [39], we
were able to achieve a compromise between low reflected inertia
and high torque to increase ρ compared to other prostheses.
In addition to having the largest constant ρ, and to the best of
our knowledge, the presented actuators can produce the largest
torque of any self-contained powered prosthesis throughout
the literature. The tradeoff in terms of weight is discussed in
Section V-B.

Open-loop impedance control tests demonstrated that the ef-
fects of unmodeled actuator dynamics are negligible for torques
over ∼10 N·m. The strong agreement of commanded and mea-
sured joint torques during AB walking confirmed this hypothesis
during gait. Moreover, the compliant nature of the actuators,
coupled with the implementation of human joint impedances,
allowed the joints to naturally favor biological reference trajec-
tories during the stance phase of gait. These trends are evident
in both the AB and TF walking experiments, indicating the
potential for simplifying the tuning process compared to tra-
ditional actuation schemes. Although further optimization and
tuning would be necessary to more closely match normative
trajectories, the presented walking experiments demonstrate the
possible reduction in tuning time when human joint impedances
are directly implemented.

In addition to accurate impedance control, the actuators
maintain the ability to accurately control position. This was
first demonstrated in benchtop experiments, where the leg suc-
cessfully tracked positions for frequencies up to 1.3 Hz with
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negligible error. As the frequency of the trajectory increases, the
first visible discrepancy between desired and actual trajectories
in Fig. 12 appears at knee flexion and extension immediately
after the touchdown phase. In this region of gait, active position
tracking is not strictly required because the function of the knee
is to absorb energy, which was achieved through impedance
control in walking experiments.

Across all speeds in the AB walking experiments, the PR leg’s
knee and ankle angles (PR knee and PR ankle) were similar to
that of the normative knee and ankle reference trajectories (norm
knee and norm ankle) in Fig. 16. Slight discrepancies were
seen at some speeds because the controller utilizes reference
trajectories for normal walking speed (1.1 m/s), which explains
why joint angles were qualitatively similar to the normative
trajectories in Fig. 16(b). Furthermore, AB walking experiments
demonstrated increased peak power capabilities compared to
previous design approaches [6], [16], [53]. Specifically, during
AB walking experiments, the prosthesis displayed peak joint
powers of ∼380 W, which is greater than the original design
goal and ∼200 and ∼250 W peak power reported in [16]
and [70], respectively. Furthermore, the peak power available
to each actuator is more than 1 kW, which makes the leg
suitable for more extreme tasks. Although the amputee subject
exhibited similar pushoff powers at the fastest speed, a different
walking style was adopted at slower speeds that resulted in
lower pushoff powers than normal (see Fig. 22). It is likely
that the TF subject’s lack of experience with a powered leg
contributed to consistently early transitions into swing when
walking at slower speeds (see Fig. 21). Additional training and
experience may be needed for the TF subject to leave the PR
foot on the ground longer, therefore better utilizing the pushoff
capabilities.

An interesting ancillary benefit of low-impedance actuators
is similar to that of SEAs. Although the actuators implemented
in the presented leg do not have an elastic element, they do
have the ability to store energy. During phases of negative joint
work, the generated energy can either be used within the leg’s
electrical system, to power the other joint, or to recharge the leg’s
batteries. This reduces power consumption and increases the
efficiency of the PR leg for an extended battery life. Moreover,
the low gear ratio reduces the amount of friction and reflected
inertia that the motors have to overcome, thus further increasing
the efficiency of the leg. To quantify this, a power analysis of
the PR leg was conducted, which revealed a practical design
advantage through a reduction in the average required power,
compared to previous design approaches [6], [16]. During the
TF walking trial, the prosthesis demonstrated an average specific
power of 0.4 W/kg per gait cycle at very fast walking speeds
(1.6 m/s), which is lower than 0.98 and 0.88 W/kg average
seen in [16] and [70], respectively. Although we observed even
lower specific powers at slower speeds, those cases are not used
for comparison because of the lower pushoff powers observed.
Nevertheless, the decreased power consumption allows the leg
to take between 3263 and 14 875 PR steps on a single charge of
the selected batteries. These values are more than sufficient for
the daily use of an average TF amputee, who takes ∼1540 PR
steps per day [71]. Moreover, energy analysis shows that the

total mechanical energy is close to net-zero, similar to AB
walking [39].

Very little is presented throughout the literature on the
acoustic sound level of assistive devices [72] and powered
PR legs [73]. The acoustic sound level becomes important to
consider when attempting to translate this emerging technology
to the consumer. Upon investigation, the PR leg with low-
impedance actuators was on average 6 to 7 dB quieter than a
PR leg with conventional actuation (see Fig. 20). In fact, peaks
seen in the new actuator’s sound level at the beginning of the gait
cycle actually originate from impact with the ground, instead of
the leg’s actuators. Since control of foot planting was reduced
when walking with a PR leg, which continues to decrease as
speeds increase, the jump in sound is likely to be a result of the
controller managing the leg at impacts. In comparison to typical
household items, the sound level of the high-impedance PR leg
is akin to a vacuum cleaner (6 to 70 dB at ∼1.5 m), which is
similar to the 70 dB (at ∼1 m) presented in [73]. However, the
low-impedance PR leg is akin to a refrigerator or an electric
tooth brush (50 to 60 dB at ∼1.5 m) [74]. Efforts can be made
to further reduce the sound level of the prosthesis by enclosing
or insulating the actuators, similar to commercial products.

B. Limitations

Concerning the design of the presented PR leg, its weight is the
top limiting factor for clinical acceptance. A large portion of the
leg’s weight comes from the leg’s structure and electric motors
in the actuators. There is a tradeoff between an actuator’s mass
and its available power. For example, series elasticity could be
used to lower the motor’s power, therefore lowering the motor’s
mass. However, the addition of an elastic element (such as a
spring) and other structural complexities would likely increase
the total mass of the actuator. Low-impedance actuators avoid
these components and will continue to get lighter as the torque
and power density of motor technology improves over time.

An additional tradeoff is between the motor’s mass and the
actuator’s backdrivability. Assuming the length of the motor is
constant (which is typically determined by geometrical con-
straints), the following properties for scaling the motor in the
radial direction hold [75]: motor torque τm ∝ r2gap, motor in-
ertia Im ∝ r3gap, and motor mass mm ∝ rgap, where rgap is
the distance from the axis of rotation to the center of the gap
between the stator and rotor, or gap radius. Based on these
relations, the gear ratio for a fixed joint torque τj = nτm scales
with n ∝ 1/r2gap. Then, the reflected inertia at the joint will
scale as Ij = n2Im ∝ 1/rgap. Furthermore, increasing rgap to
achieve a lower reflected inertia typically results in a larger
motor mass. On the other hand, the gear ratio is proportional
to 1/r2gap, which results in a smaller/lighter transmission with
reduced friction [75].

Achieving low-impedance actuation resulted in a knee–ankle
prosthesis with a mass of 6 kg, which is 1–2 kg heavier than
some state-of-the-art knee–ankle prostheses [16], [25], [76].
Other recent works, such as the lightweight powered PR joints
in [11],[20], and[24] have achieved a mass of 1–2 kg for a single
actuated joint. Although the low-impedance actuation scheme
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tends to be heavier than other powered prostheses, we believe
the added mass is justified through the increased power and
torque available to both joints, which produces larger pushoff
and ground reaction forces. At the same time, the presented
mass of 6 kg is much lighter than the 8.1 kg [77] and 11 kg [69]
of other prostheses with similar power/torque ratings. Moreover,
exploiting the proprioceptive characteristics of the actuator for
detecting ground contact [34] could allow the removal of the
load cell at the ankle, thus reducing the leg’s mass by another
0.2 kg.

With the design of the leg now validated, additional amputee
trials can conducted to investigate clinical outcomes, such as
the actuators’ effect on gait compensations. Specifically, we
expect that the increased torque bandwidth of the actuators will
provide greater propulsion and toe clearance, thus reducing hip-
hiking, vaulting, and circumduction. Optimizing these outcomes
may require additional tuning to reduce the deviation of joint
kinematics from normative patterns, which was larger than that
reported with some other powered prostheses [18]. Tuning could
also improve the pushoff output power at the cost of energy
consumption. However, the various scenarios tested in this study
suggest the leg will remain efficient as gait properties change.

VI. CONCLUSION

This article presented the design and experimental valida-
tion of a powered PR leg with high-torque, low-impedance
actuators. The system implements high-torque motors coupled
with low-reduction transmissions. Low mechanical impedance
is an inherent feature of the actuators’ design, resulting in low
backdrive torques to move the motors.

Benchtop tests showed that the low-impedance actuators
have negligible unmodeled actuator dynamics. This was fur-
ther confirmed through the implementation of human walking
impedances into an impedance-based walking controller, which
demonstrated that accurate torque control is achievable without
torque feedback. The low-impedance actuators were also able
to maintain precise position tracking in both benchtop and
walking experiments. The compliant nature of the prosthesis
allowed for smooth transitions between the impedance- and
position-based portions of the walking controller, such as the
transition from high output torques at pushoff to high speeds
at toe off. Furthermore, the low-impedance actuators presented
practical advantages through reduced power consumption and
acoustic sound levels.

Future work will include clinical testing with additional am-
putees to assess the effect the prosthesis has on gait compen-
sations. Additional design revisions may be made to further
simplify and reduce the weight and volume of the leg using
light-weight materials, fewer sensors, and smaller electronics.
Finally, this PR leg will be further used as a platform for control
prototyping to advance the field of PR leg control.

APPENDIX A
PARAMETER IDENTIFICATION

To identify the inertia and damping of the actuator, open-loop
frequency response tests were performed with the knee actuator

Fig. 23. Magnitude plot for open-loop frequency response tests. This displays
the dc offset and cutoff frequency used to determine actuator impedance and
damping.

fixed to the benchtop and disconnected from its output/load.
Sinusoidal torque commands were directly sent to the motor
driver and the actuator’s velocity was recorded. The sinusoidal
signal began at a very low frequency, and was incrementally
increased to higher frequencies until the test had to be halted
due to excessive shaking and vibrations, i.e., 0.1 to 35 Hz. The
resulting magnitudes presented in Fig. 23 show a dc offset of
7.6 dB and a cutoff frequency of 6 rad/s at 4.6 dB (or −3 dB
from dc offset). Assuming first-order dynamics of the form

G(s) =
1

Is+ b
(4)

the inertia I and damping b were identified as 0.0696 kg·m2

and 0.4169 N·m·s/rad, respectively. The frequency response
of the system (4) with these values has been plotted over the
experimental results in Fig. 23. The strong agreement between
the two responses verifies that (4) closely explains the dynamics
of the system.

APPENDIX B
RANGE OF STABLE CONTROLLER GAINS FOR INTERACTION

WITH A COMPLIANT ENVIRONMENT

Following Colgate and Schenkel [55] with the identified
actuator parameters, the discrete-time stability margin for the
controller can be obtained from the points at which the roots of
the characteristic equation 1 + C(z)L∗(s) satisfy |z| = 1. Here,
C(z) is the discretized PD controller of (1), and L∗(s) is the
sampled-time version of L(s), the transfer function of the actu-
ator dynamics (4) interacting with the human’s impedance H(s)

L(s) =
1− e−Ts

s2
1

Is+ b+H(s)
(5)

where T is the sampling time.
Although stability can be investigated for any passiveH(s) in

(5), it will result in unnecessarily conservative limitations on the
gains. As discussed in [55], considering the human impedance as
a limited-stiffness spring provides a more realistic set of condi-
tions for the interaction stability. Since the stiffnesses that human
leg joints emulate are typically less than 3000 N·m/rad [78],
[79], we performed the stability analysis with three different
stiffness values: 100, 1000, and 10 000 N·m/rad to cover a
range of compliant to rigid interactions. The stability margins
are depicted in Fig. 24. The PD gains will be selected with regard
to the obtained stable region.
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Fig. 24. Stability margins for three different human stiffness values, Kh =
100, 1000, and 10 000 N·m/rad. The region above the margins is the stable
region.

Note that the stable region obtained in Fig. 24 is still a
conservative estimation. This is due to the fact that we did not
consider the link inertias in our analysis to avoid nonlinearities,
and as discussed in [55], the stable region grows with the increase
in inertias. Moreover, we neglected interaction with the ground
because the effective joint stiffness of PR feet is much smaller
than 10 000 N·m/rad [80], and thus it does not affect our analysis.
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