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Abstract— Partial-assist ankle exoskeletons have been lim-
ited by inherent trade-offs between favorable characteristics
including high torque capacity, high control bandwidth, back-
drivability, compliance, and low mass. Emerging quasi-direct
drive actuators have a rigid transmission with a low gear ratio,
enabling inherent backdrivability and compliance with accurate
torque and position control. Our existing modular, backdrivable
exoskeleton system (M-BLUE) uses quasi-direct drive actuators
at the hip and/or knee to deliver high assistive torques alongside
low dynamic backdrive torques, enabling natural interaction
with users with remnant voluntary motion. This paper extends
our modular system with the design and validation of a back-
drivable ankle exoskeleton module to assist both plantarflexion
and dorsiflexion. The bi-directional torque capabilities enable
the study of control methods and gait outcomes for able-
bodied users and users with gait impairments. Benchtop tests of
the actuator performance and control bandwidth indicate that
the position, voltage, and current control modes can provide
assistance to the ankle joint across activities of daily living
(ADLs). We also implement an optimal task-agnostic energy
shaping controller for an experiment with a single human
subject to validate the ability of the ankle exoskeleton to provide
biomimetic torque assistance across a circuit of ADLs.

I. INTRODUCTION

Partial assistance exoskeletons have the potential to assist
users in their daily lives. In particular, the ankle joint
performs significant positive work [1] and is responsible for
a large portion of the total muscle energy expenditure [2]
during gait. Ankle exoskeleton assistance has been shown
to reduce effort for able-bodied individuals [3]–[9] and
improve outcomes for individuals with gait impairments
[10]–[13]. However, challenges remain in the design of ankle
exoskeletons that can assist users across continuously varying
activities of daily living (ADLs) outside the lab.

Some powered pneumatic [5], [14] and cable-driven [15],
[16] devices off-board the actuators or power systems and use
a tether to transmit force to an exoskeleton end-effector worn
by the user, enabling both low mass and high torque capabil-
ities. These tethered designs are suitable for studying control
methods and gait outcomes across varying conditions in a lab
or assisting gait rehabilitation in a clinical setting. However,
tethered systems with large actuators requiring high power
are not applicable for providing assistance outside the lab.

Passive ankle orthoses do not require external energy
sources and can provide assistance outside the lab via me-
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chanical energy storage or dissipation elements (e.g., spring
or damper) that alter the impedance at the ankle joint.
Impedance across the gait cycle can be controlled through
passive elements that have customized stiffness and engage-
ment [17], [18], cam profiles that enable variable stiffness as
a function of ankle angle [12], [19], or clutch mechanisms
that control the presence of stiffness during different gait
phases [4], [8], [9]. The main benefit of passive devices is
low mass compared to powered alternatives. However, fully
passive devices can not provide net positive work for ADLs.
Further, passive devices are optimized for a single task and
can not actively adapt assistance to tasks requiring alternative
stiffness profiles. Quasi-passive devices can adapt to varied
gaits and slopes by actively controlling passive elements via
a small, low-energy motor that varies stiffness or timing of
assistance [20], [21] or via components that vary stiffness
with electrical charge [22]. However, assistance provided by
quasi-passive devices is inherently linked to the stiffness of
the passive element [20]–[22] and adjusting assistance mag-
nitudes for varying tasks or users would require replacing
the passive element.

Untethered powered ankle exoskeletons use portable ac-
tuators worn by the user to perform positive work, and
assistance can be actively controlled across varying tasks.
Actuation systems with high transmission ratios (i.e., greater
than 30:1) and a rigid connection from the motor to the joint
enable accurate torque and position control [23], [24]. How-
ever, the lack of compliance and backdrivability restricts the
user’s movement to those enforced by the controller, limiting
voluntary motion. Some designs with high transmission ra-
tios achieved low backdrive torque during walking [25], [26],
though inherently high mechanical impedance of the actuator
restricts motions with high acceleration and makes open-
loop torque control more difficult. Untethered pneumatic
exoskeletons overcome these limitations with natural com-
pliance and inherent backdrivability. However, these devices
have limited peak torque [27], [28] and inherent trade-offs
between slow response times for mobile compressors [28] or
limited range for portable compressed gas sources [27].

Untethered cable-driven and powered-elastic actuation de-
signs seek to enable high torque assistance while maintaining
compliance and backdrivability. Cable-driven exoskeletons
achieve high torque capabilities via a highly geared motor
that applies a force about the ankle by spooling a belt or
cord [3], [7], [10]. Applying force via a cable can enable
the actuator to be placed at the hips [7], [10], reducing the
metabolic burden of mass placed distally [29]. However, the
highly geared motor must be controlled to reverse direction
and allow cable slack to enable backdrivability. Series-elastic



actuation (SEA) enables inherent compliance by placing an
elastic element between the motor and the load [11], [13],
[30], which decouples the user from the motor inertia and
can reduce electrical energy consumption in some cases [31].
However, SEA devices must be carefully characterized, and
the output behavior (including backdrivability) may be a
function of the individual component morphology, desired
peak torque, and control strategy [16], [30]. A magnetorhe-
ological clutch placed between a highly geared motor and
the ankle overcame this limitation by decoupling the motor
inertia from the ankle, enabling high velocity and high
bandwidth performance while maintaining backdrivability
[6]. However, the high performance comes at the cost of
high mass (6.2 kg for the bilateral system).

Quasi-direct drive actuation has a rigid transmission with
a low gear ratio, enabling inherent backdrivability and com-
pliance with accurate torque and position control [32], [33]
while overcoming traditional limitations of rigid transmis-
sions [34]. Our existing Modular Backdrivable Lower-limb
Unloading Exoskeleton (M-BLUE) system uses quasi-direct
drive actuators to provide partial assistive torque to the
knee and hip [35]. The low static and dynamic backdrive
torque promotes natural interaction with users with remnant
voluntary motion, and torque assistance for hip/knee con-
figurations was shown to decrease muscle effort for various
activities [36]. We previously implemented a task-agnostic
energy shaping controller on a belt-driven, low-ratio ankle
exoskeleton [37]. However, torque assistance was inherently
limited to plantarflexion and the nonlinear belt-driven trans-
mission required discrete switching between current control
during stance and position control during swing.

In this paper, we extend our modular, partial assistance
exoskeleton system with the design and validation of a
backdrivable ankle exoskeleton module capable of assisting
both plantar- and dorsi-flexion. To the author’s knowledge,
this is the first quasi-direct drive ankle exoskeleton. The bi-
directional assistance capabilities enable the study of control
methods and gait outcomes for able-bodied users and users
with gait impairments (e.g., due to cerebral palsy [10] or
following a stroke [17]). We show the ankle module inte-
gration with the existing knee and hip modules of M-BLUE
and characterize the motor control bandwidth of the position,
current, and voltage control modes. We further validate the
performance of the exoskeleton by extending an optimal
task-agnostic energy shaping controller for plantar-flexion
assistance [37] to assist both plantar- and dorsi-flexion and
implementing the controller with a single subject case study
over multiple ADLs requiring high control bandwidth.

II. MECHANICAL DESIGN AND CHARACTERIZATION

In this section, we detail the mechanical design of the
ankle exoskeleton module, its integration with the existing
hip and/or knee M-BLUE configurations, and benchtop tests
to characterize actuator performance.

A. Design

The modular ankle exoskeleton design is portable,
lightweight, and capable of assisting both plantar- and dorsi-
flexion. We extend the existing M-BLUE actuation paradigm
of providing partial assistive torque with low backdrive
torque by selecting the same highly backdrivable, compact
and torque-dense actuator for the ankle module. The T-motor
AK80-9 with the Dephy FASTER motor driver is a quasi-
direct drive actuator with a 9:1 planetary gearset, providing
up to 30Nm peak torque with less than 2Nm of dynamic
backdrive torque during human-like walking motions [35].
The actuator’s low-level control is executed by the Dephy
FASTER motor driver system (Dephy Inc., Maynard, MA),
which includes built-in functionality for position, voltage
(velocity), and current (torque) control. We ran our high-
level controller on a Raspberry Pi 4B with 8GB RAM which
communicates with the actuator via USB. The system is
powered by a 24V, 2.0Ah lithium-ion battery (Kobalt).

For the exoskeleton structural design, we fabricated two
custom parts from 1/8” aluminum sheet-metal (7075-T6)
to mount the actuator and interface with the user (Fig.
1). The lower ankle component is fastened to the shaft of
the actuator via six bolts and is secured to a carbon fiber
plate in the sole of a boot with two threaded fasteners.
The motor output is aligned approximately co-axial with the
sagittal degree-of-freedom of the ankle joint. We selected
the commercial Dephy boot typically interfaced with the
Exoboot ankle exoskeleton (Dephy Inc., Maynard, MA),
though future alternatives could include custom fabricated
options. The upper ankle component fastens to the housing
of the actuator via eight bolts and enables the shank of the
exoskeleton to be secured to the user with a strap. The alu-
minum structural components in combination with the carbon
fiber plate in the sole of the boot act as the torque transfer
linkage, allowing the actuator to apply assistive torque in
both directions. The mass of the structural components (i.e.,
aluminum uprights) and motor is 655g. The shank cuff adds
95g, and a men’s size 10US boot adds 430g. The sensors
required for energy shaping control (Sec. III) add 470g
unilaterally, and the micro-controller and battery (worn on
the torso) add 635g. A bilateral system can be powered and
controlled via a single micro-computer and battery. The total
unilateral system weighs 2.3kg.

The shank of the ankle exoskeleton is secured to the user
via a pad and strap from a commercially available orthosis,
similar to the original M-BLUE design [35]. The ankle-only
module uses the lower lateral pad and strap on a telescoping
sleeve with a lock clip from the T Scope Premier Post-
Op Knee Brace (Breg, California, USA), which is the same
orthosis used in the original knee module. The telescoping
sleeve is freely adjustable along the height of the upper ankle
structural component to accommodate a wide range of user
heights. The lock clip prevents translation of the shank strap
following adjustment to the desired height. The pad and strap
can be positioned and tightened at the calf to the user’s
compliance and comfort. The two threaded screws at the boot



Fig. 1. M-BLUE ankle exoskeleton module and components.

provides a simple interface with a quick and easy process to
change out boots for sizing.

B. Modular Configurations

Previous work has shown that the M-BLUE knee and hip
modules can operate independently or in conjunction [35].
The addition of the ankle module enables hip-ankle, knee-
ankle, and hip-knee-ankle configurations (Fig. 2). The hip-
ankle configuration consists of the standalone hip and ankle
modules with no physical connection between the modules.
For the knee-ankle and hip-knee-ankle configurations, the
knee and ankle modules must be connected. We did this
by removing the telescoping shank pad and strap from the
ankle and knee modules, drilling four holes in the lower knee
aluminum upright, attaching a fixed pad to the knee module,
and using two screws with cam handles to secure the ankle
to the knee (Fig. 2). The upper ankle component is fastened
to the knee module through a slot, enabling adjustability to
accommodate users of varying heights.

Fig. 2. M-BLUE configurations with the ankle module. The knee-ankle,
hip-ankle, and hip-knee-ankle configurations are shown from left to right.
The rightmost diagram illustrates the attachment of ankle and knee modules.

The extension of the M-BLUE system to three modular
powered joints enables adaptability and freedom to ex-
plore single-joint, multi-joint, or whole-leg assistance. Many
factors must be considered when determining the optimal

configuration based on user needs and priorities. Assistance
using a hip-knee-ankle exoskeleton has been found to reduce
the metabolic cost of walking more than assistance at one or
two joints [38]. However, a targeted single or double joint
configuration may prove more advantageous if considering
factors such as activity, weight, bulk, cost and overall sys-
tem complexity. This paper focuses on characterizing and
validating the new ankle module alone, leaving investigation
and validation of multi-joint configurations to future work.

C. Actuator Characterization

The AK80-9 actuator was previously characterized to
produce a peak torque of 30Nm with dynamic backdrive
torque of 2Nm, though the step response performance was
not reported [35]. Another previous study characterized the
performance and thermal properties of the T-motor U8-
KV100, an electric motor nearly identical to the one inside
the AK80-9 [39]. However, the transmission dynamics of the
9:1 planetary gearset integrated with the electric motor in the
AK80-9 influence the open-loop control performance and has
not yet been characterized. In this paper, we extend the char-
acterization of the AK80-9 to account for the transmission
dynamics in the open-loop step response.

The actuator performance and open-loop control band-
width of the position, voltage, and current control modes
was characterized by a set of step-input and frequency
response tests. For the position and voltage control tests,
the actuator was mounted with the shaft able to freely spin,
and a magnetic rotary joint encoder (AK02 Encoder, Dephy)
recorded the output shaft position and velocity. For the
current control tests, a single-axis 100Nm capacity rotary
torque sensor (TRS605, FUTEK, Irvine, CA, USA) was
secured within the common rotational shaft to measure the
actuator output torque (Fig. 3). A 50:1 gearbox was coupled
to the rotational shaft on the output of the torque sensor and
the shaft was mechanically grounded.

AK80-9
Actuator

Torque Sensor
50:1 Gearbox

Mechanical 
Ground

Rotational Shaft Couplings

Fig. 3. Open-loop current control testing benchtop setup.

Current control tests characterize the open-loop torque
control performance, where the open-loop torque is a func-
tion of control current according to τoutput = iq ·Kt ·N, where
iq is the q-axis current (A), Kt is the torque constant (Nm/A),
and N = 9 is the gear ratio. Output torque is defined as
the torque (Nm) on the output shaft of the actuator that
would be applied to the joint. As we are using a newer
model of the actuator than the one used for the hip and/or
knee modules, the torque constant is slightly different than
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Fig. 4. Average step response results for each input magnitude for position (a), voltage (b), and torque (i.e., current) (c) control modes. Dashed lines
are the reference values.

Fig. 5. Average frequency response results for each input magnitude for position (a), voltage (b), and current (c) control modes. Dashed lines represent
-3dB and -180◦ phase. Bandwidth was determined by where the frequency magnitude crossed -3dB.

the one previously reported [35]. We empirically calculated
the torque constant by driving the unpowered actuator at a
constant velocity with an electric drill and finding the back-
emf constant for two motor phases. The q-axis back-emf
constant is given by Kq

b = V ll
/
(√

2
3

dθm
dt

)
, where V ll is the

line-to-line voltage and dθm
dt is the magnetic angular velocity.

The torque constant for our actuator, Kt = 0.112 Nm/A, is
equivalent to the q-axis back-emf constant.

Step response tests quantified the performance of the open-
loop control modes in the time domain. For position control
(Fig. 4a), reference step inputs were commanded at 5◦, 10◦,
and 15◦. The low-level proportional position controller was
hand-tuned with gain kp = 50. For voltage control (Fig.
4b), reference step inputs were commanded at 5V, 10V,
and 13.5V which correspond to output angular velocities
of 333◦/s, 666◦/s, and 900◦/s respectively. The open-loop
output velocity (◦/s) is a function of the control voltage
according to ωoutput = V · 1

kv
· 1

N , where V (volts) is the
control voltage, kv = 0.00167 (V/◦/s) is the motor voltage
constant, and N = 9 is the gear ratio. The voltage conditions
were selected to characterize the control performance at
ankle angular velocities for human walking (250◦/s) and
vertical jumping (900◦/s) [6]. For current control (Fig. 4c),
reference step inputs were commanded at 7.4A, 14.9A, and
24.8A, which correspond to output torque values of 7.5Nm,
15Nm, and 25Nm respectively. The 7.5Nm torque input
corresponds to the peak average dorsiflexion torque for a
100kg human walking at 1.5m/s, and the 25Nm torque input
corresponds to the maximum step input for the previous
actuator characterization [35]. The low-level current con-
troller used proportional kp = 40, integral ki = 400, and feed-
forward k f f = 128 gains recommended by Dephy. For each

condition we collected five trials, each having a duration of
3 seconds with the exception of the 25Nm step input which
had a duration of 1 second to respect the actuator thermal
limits. We calculated the rise time, settling time, overshoot
and steady-state error for each trial and averaged the results
for each condition. To reduce noise in the calculation of the
step response performance, we filtered the output velocity
and current using a third order Butterworth filter with a cutoff
frequency of 100Hz and a zero-phase digital filter.

Frequency tests characterized the open-loop control band-
width of the position, voltage, and current control modes in
the frequency domain (Fig. 5). The reference input trajec-
tories were Gaussian white noise signals, low-pass filtered
using a third order Butterworth filter. The cutoff frequency
for the position trajectories was 40Hz, and the signal was
scaled to magnitudes of ±5◦, ±10◦, and ±15◦. The cutoff
frequency for the voltage trajectories was 60Hz, and the
signal was scaled to magnitudes of 5V, 10V, and 13.5V.
The cutoff frequency for the current trajectories was 200Hz,
and the signal was scaled to magnitudes of 0.8A, 1.5A,
and 2.3A, corresponding to torque magnitudes of 0.8Nm,
1.5Nm, and 2.3Nm, respectively. Data for each condition
were sampled at a rate of 1000Hz. Five trials were collected
for each condition, each with a duration of 30 seconds. The
frequency response was determined through Bode plots using
Welch’s averaged periodogram method. We calculated the
control bandwidth for each trial as the frequency where the
frequency response magnitude crossed -3dB and averaged
the trials for each condition.

D. Actuator Performance and Control Bandwidth Results

The open-loop control performance and bandwidth aver-
aged across all conditions for position, voltage, and current



control modes are given in Table I. The step response
performance is characterized by the rise time in milliseconds,
settling time in milliseconds, overshoot as a percentage of the
steady-state response, and steady-state error as a percentage
of the desired response. The range of control bandwidths is
reported for each control mode.

TABLE I
ACTUATOR CHARACTERIZATION RESULTS

Position Voltage Current
Rise Time (ms) 30.9 ± 3.8 18.5 ± 1.1 10.1 ± 1.4
Settling Time (ms) 57.8 ± 4.8 77.2 ± 56.8 85.3 ± 32.2
Overshoot (%) 1.8 ± 0.8 6.8 ± 2.5 23.2 ± 4.5
Steady-state Error (%) 0.8 ± 0.4 10.7 ± 7.7 13.4 ± 6.6
Bandwidth (Hz) 9 ∼ 11 17 ∼ 23 42 ∼ 60

III. CONTROLLER IMPLEMENTATION AND VALIDATION

In this section, we implement an energy shaping controller
for assisting plantar- and dorsi-flexion, extending a controller
previously designed for plantarflexion only [37]. A single
subject traversing a circuit of ADLs involving both high
velocities and high torques demonstrates the performance of
our ankle exoskeleton design.

A. Optimal Energy Shaping Controller

Energy shaping control does not enforce kinematic tra-
jectories and enables task-agnostic assistance by calculating
control torque as a function of the instantaneous system
angles. We briefly review the system model presented in
detail in [37]. Two links representing the shank and foot
are joined by a revolute joint representing the ankle (Fig. 6).
The global foot angle φ is defined relative to the vertical,
and θ is the relative ankle angle.

𝝓−𝜽
Raspberry Pi, 

Battery

AK80-9 
Actuator

T-Scope Shank 
Cuff

Foot
IMU

Shank 
IMU

Pressure-
Sensing
Insole

Fig. 6. System model and hardware setup.

To design a controller to apply biomimetic torque across
varying tasks and users, we formulate a convex optimization
over a basis function representation of the space of possible
controllers. The trigonometric basis functions previously
used to provide task-agnostic torque assistance during stance
are defined by the set,

ζ (q) ={1,ψ,sin(ψ),cos(ψ),sin(2ψ),cos(2ψ),

φ ,sin(φ),cos(φ),sin(2φ),cos(2φ)},

where ψ = φ −θ is the global shank angle [37]. We define
α ∈ R11×1 and δ ∈ R11×1 as vectors of scalar coefficients.
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Fig. 7. Simulated controller torque across steady-state ADLs for inter-
subject average kinematic inputs from the training dataset. The controller
was optimized across ramp decline (D) at 5.2◦ (solid) and 11◦ (dashed), stair
descent (SD) at 4in (solid) and 7in (dashed) step heights, level walking (L)
at 0.5m/s (solid) and 1.5m/s (dashed), ramp incline (I) at 5.2◦ (solid) and
11◦ (dashed), stair ascent (SA) at 4in (solid) and 7in (dashed) step heights,
and stand-to-sit (STS).

We define the control law,

u = β (vGRF) · vGRF ·ζ (q) ·α +(1−β (vGRF)) ·ζ (q) ·δ ,
(1)

where vGRF is the vertical ground reaction force normalized
by mass between 0 (swing) and 1 (single-support stance).
The coefficients α were previously used to apply plantarflex-
ion assistance [37] and the coefficients δ scale the basis func-
tions ζ to apply dorsiflexion assistance. The sigmoid function
β (vGRF) = 1/(1+e−50(vGRF−0.1)) tapers the torque between
stance and swing such that β (vGRF) = 1 during stance and
β (vGRF) = 0 during swing. As the sigmoid function of the
vGRF smoothly switches the calculation of control torque
between two vectors of coefficients, the coefficients α and
δ separately approximate biomimetic torque for stance and
swing phases, respectively. We optimize the coefficients α

and δ to minimize the error between control torque and
human torque over a range of tasks and subjects from a
published able-bodied dataset [37]. As normative dorsiflexion
torque magnitudes are small compared to plantarflexion, we
apply a higher weight on the error between control torque
and normative torque for swing phase across all tasks.

The simulated controller performance for inter-subject av-
erage steady-state kinematic inputs from the training dataset
is shown in Fig. 7. The performance during stance is similar
to [37], and during swing the controller reasonably approx-
imates dorsiflexion torque across all ambulatory tasks. The
simulated controller briefly applies torque of the opposite
sign for stand-to-sit. However, the torque magnitude is low
compared to other tasks and it was previously noted that
users could not perceive the discrepancy in torque sign [37].



Further, the normative human torque comparison for stand-
to-sit is only for a single subject and it is possible that this
single subject is not representative of the population.

B. Human Subject Experiment

To implement the novel energy shaping controller, inertial
measurement units (IMUs) are mounted on the shank and
foot to provide the global link angles (3DM-GX5-25, Lord
MicroStrain). The difference between these two signals gives
a better estimate of ankle angle than the motor encoder
due to compliance in the mechanical interface. A pressure-
sensing insole is placed under the user’s foot in the boot to
approximate the vGRF (Actisense, IEE, Luxembourg). The
control torque is multiplied by the user’s mass and specified
level of assistance (%LOA).
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Fig. 8. Energy shaping control performance for the average stride on
each circuit task. Solid lines indicate the mean and shaded regions indicate
±1 standard deviation.

To validate the performance of the ankle exoskeleton
across ADLs, n=1 (female, 1.63m, 64kg) human subject
performed varying ambulatory tasks on a circuit at a self-
selected speed while wearing a unilateral ankle exoskeleton.
The participant acclimated to the ankle exoskeleton assis-
tance by practicing across the circuit while incrementally
increasing the %LOA to find the preferred %LOA (or
motor saturation is reached). The exoskeleton is capable
of providing up to roughly 25% normative ankle torque
(depending on task and user mass). During the experiment,
the participant traversed the circuit ten times in the clockwise
(CW) direction and ten times in the counterclockwise (CCW)
direction. The CW direction consisted of sit-to-stand, 14.1◦

ramp incline, 7in stair descent, level walking, and stand-
to-sit. The CCW direction consisted of sit-to-stand, level
walking, 7in stair ascent, 14.1◦ ramp descent, and stand-to-
sit. The study was approved by the University of Michigan
IRB under protocol HUM00201957. Strides were parsed
at heelstrikes using the vGRF calculated by the pressure-
sensing insole and task for each stride was determined with
a video recording of the trial.

The control torque and ankle angle for the single human
subject’s average circuit strides are shown in Fig. 8. The

strides are defined as those occurring heelstrike to heelstrike
on the task and the control torque is defined as the body-mass
normalized control torque calculated by (1). The controller
provides roughly biomimetic plantarflexion and dorsiflexion
torque across the range of tasks.

IV. DISCUSSION

We presented the design and validation of a modular,
backdrivable partial assistance ankle exoskeleton. The quasi-
direct drive actuator with 9:1 gear ratio enables inherent
compliance and backdrivability. The simple two-part struc-
tural design and the use of commercially available orthosis
components and boots to interface with the user enables sim-
ple system preparation for control method and gait outcome
research. Further, the custom aluminum structural compo-
nents aligning the actuator co-axial with the ankle joint and
the integration of the Dephy FASTER motor driver enable
simple position, voltage (velocity), and current control. The
total unilateral system mass is 2.3 kg and the peak torque
is 30Nm, which is comparable to torque-to-weight ratios of
existing designs [7], [37].

Actuator benchtop testing characterized the open-loop step
input tracking and control bandwidth for position, voltage,
and current control modes. The integrated motor driver
achieves fast rise and settling times for step inputs while
maintaining low overshoot. The rigid transmission enables
accurate position control, but the dynamics in the transmis-
sion result in increasing steady-state error with increasing
voltage and current step magnitude. Further, the dynamics of
the 9:1 transmission reduced the position and current control
bandwidths reported for a similar electric motor with no
transmission [39]. However, our actuator control bandwidths
for position (9-11 Hz), voltage (17-23 Hz), and current
control (42-60 Hz) are more than sufficient to assist the ankle
joint across ADLs.

We extended a previous task-agnostic optimal energy
shaping controller for plantarflexion to provide biomimetic
torque assistance across both stance and swing. A small
set of trigonometric basis functions of the global shank
and foot angles scaled by optimized scalar coefficients can
capture relationships between kinematics and plantarflexion
and dorsiflexion torque peaks across tasks, enabling contin-
uous assistance across the gait cycle without discrete mode
switching at heelstrike and toe-off. The energy shaping con-
trol implementation and performance validation demonstrates
comparable plantarflexion assistance across varying ADLs
to previous work [37]. The addition of task-agnostic dorsi-
flexion assistance expands the ability of this exoskeleton to
benefit populations requiring bi-directional torque assistance.

Our design has some limitations. By empirically calculat-
ing the torque constant for a single velocity, we did not ac-
count for friction in the transmission that nonlinearly affects
the torque-current relationship [35]. The open-loop torque
command has resulting steady-state error for step inputs. We
will seek to improve the actuator torque model and reduce
the steady-state error in future work. However, the simple
empirical estimate of the torque constant in combination with



the integrated Dephy low-level controller achieved output
torques within roughly 13% of the desired step input torque.
The simple out-of-the-box low-level control enables research
for high-level control methods and gait outcomes.
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