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Design and Evaluation of a Quasi-Passive
Variable Stiffness Prosthesis for Walking Speed
Adaptation in People With Transtibial Amputation

Emily Rogers-Bradley ““, Seong Ho Yeon

Abstract—The biological ankle joint adjusts stiffness to
adapt to changing walking speed, terrain, and load carriage.
The most commonly used passive transtibial prostheses
are unable to adjust device stiffness and therefore do not
maximize potential energy storage and peak prosthesis
power across speeds. We present a quasi-passive variable
stiffness ankle—foot prosthesis with discrete stiffness ad-
justment from 352 to 479 Nm/radian, corresponding to the
range of biological ankle quasi-stiffness exhibited during
level ground walking at speeds from 0.75 to 1.5 m/s for a
77 kg person. We implement a novel parallel leaf spring
mechanism that utilizes custom solenoid-driven linear ac-
tuators to constrain sliding of parallel leaf springs relative
to a mechanical ground in order to control bending stiff-
ness. The prosthesis is lower in mass than all existing
variable stiffness prostheses, with a mass of 945 g. We
present initial results from a pilot study with one partici-
pant with unilateral transtibial amputation, demonstrating
an increase in range of motion, peak prosthesis power, and
energy storage and return, and a decrease in contralateral
knee external adduction moment across a range of walk-
ing speeds. This variable stiffness ankle—foot prosthesis
demonstrates the potential to improve biomechanics of
walking through the design of a low-mass, quasi-passive
prosthesis.

Index Terms—Quasi-passive prosthesis, variable stiff-
ness mechanism, wearable robotics.
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[. INTRODUCTION

URRENTLY there are an estimated 8§75 000 people with

major lower limb loss in the United States, with numbers
projected to increase 1.6-fold by 2050 due to increasing preva-
lence of diabetes, obesity, and related dysvascular conditions [1].
Lower limb amputation often leads to secondary conditions such
as osteoarthritis, osteopenia, back pain, postural changes, and
general deconditioning [2]. For people with unilateral transtibial
amputation (TTA), prevalence of knee osteoarthritis (OA) in the
contralateral (sound) limb is 17x higher than in the general
population, affecting 27% of people with unilateral TTA [3].
This large increase in prevalence of knee OA is likely due
to increasing knee external adduction moment (EAM) on the
contralateral side, as the magnitude of EAM during walking has
been shown to be a strong predictor of knee OA development [4],
[5],[6], [7]. This increase in contralateral limb loading is hypoth-
esized to be due to decreased pushoff power from the prosthesis
side during step transitions [6]. A key property of the biological
ankle—foot complex which is not reproduced in passive energy
storage and return (ESR) prostheses, the most widely used type
of prosthesis for people with TTA, is variable joint stiffness [15].
Ankle quasi-stiffness is modulated based on walking speed,
terrain, and body mass [16]. Fig. 1 shows the joint moment of
the biological ankle over a range of joint angles during standing
and walking at various speeds. The slope of the dashed lines
represents the quasi-stiffness of the biological ankle for each
speed, demonstrating the increase in quasi-stiffness of the ankle
as walking speed increases [8], [9]. This modulation of joint
compliance contributes to efficient power generation and energy
storage in the ankle [15], [17]. Few devices exist that allow for
active adjustment of prosthetic joint stiffness. However, it has
been demonstrated that for prosthetic devices of a fixed joint
stiffness, lower stiffness increases range of motion, increases
energy storage and return, and increases peak power from the
prosthesis [18], [19], [20]. An increase in peak power generation
from the prosthesis is associated with decreased loading on the
contralateral limb and decreased knee EAM, potentially leading
to lower rates of contralateral limb knee OA in the long term [6],
[21]. We hypothesize that through the implementation of a
variable stiffness prosthesis, energy storage and peak prosthesis
power can be increased across a range of walking speed, leading
to decreased unwanted loading on the contralateral limb. This
research aims to explore how we can restore the benefits of
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TABLE |
VARIABLE STIFFNESS ANKLE—FOOT PROSTHESES PROPERTIES
Category Device Mass (g)  Build height (mm)  Stiffness range (Nm/rad) Function
Rogers-Bradley et al. 945 162 352-479 Discrete stiffness adjustment
. . Shepherd et al. [10] 1078 - 39-527 Continuous stiffness adjustment
Quasi-passive . . .
Lee etal. [11] 1107 170 348-376 Continuous stiffness adjustment
Lecomte et al. [12] 1330 179 487-602 Continuous stiffness adjustment
Collins etal. [13] 1370 129 - Energy recycling
Powered Heremans et al. [14] 1380 110 240-428 SEA variable stiftness parallel spring
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001 7 Fig. 2. Variable stiffness ankle—foot prosthesis prototype. (a) Final
L 1 1 1 1 1 1 0 VSA prosthesis prototype including composite carbon fiber leaf springs,
-03 -02 -01 00 01 02 03 solenoid driven linear actuators, actuator housing, and custom embed-
Joint Angle (radians) (b) ded system. (b) Solenoid driven linear actuator controls engagement of
(a) pin with slot in leaf springs to constrain relative sliding of springs in order
to increase total device bending stiffness.
Fig. 1.  Stiffness of biological ankle during walking. (a) Moment/angular

displacement curve of the biological ankle during walking at various
speeds (data from [8], [9]), (b) corresponding quasi-stiffness of ankle.

variable joint compliance exhibited in the biological ankle while
maintaining low device mass, low build height, and low power
requirements. To achieve this goal we are interested in the
potential of quasi-passive prostheses—devices that use electrical
energy to change device state or mechanical behavior, but do
not perform net positive work on the user during walking. Due
to their lower power requirements, quasi-passive devices are
able to be designed with lower device mass, complexity, size,
auditory noise, and cost than fully powered systems. Existing
devices that aim to mimic the stiffness modulation of a biological
ankle include quasi-passive devices that vary joint stiffness [10],
[11], [12] or recycle heel strike energy during pushoff [13],
and powered devices that combine a stiffness-adjustable parallel
spring with a series-elastic actuator [14] (Table I). Additional
quasi-passive prostheses exist that vary damping properties [22],
[23], [24], [25], joint position [26], [27], [28], spring equilibrium
set-point [29], and forefoot bending stiffness [30]. This article
presents the mechanical and mechatronic design of a novel
quasi-passive variable stiffness ankle—foot prosthesis (VSA) for
walking speed adaptation that is lower in mass than all existing
variable stiffness ankle—foot prostheses (Fig. 2). We present the
device design, characterization, and benchtop device validation
of the prosthesis. We present initial results from a pilot study with
one study participant that demonstrate device functionality while
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Fig. 3. Stiffness mechanism. Parallel leaf spring stiffness changing
mechanism implemented in the variable stiffness prosthesis. By either
locking parallel spring to a ground spring or allowing them to freely
slide, bending stiffness is discretely adjusted from a range of (a) high
stiffness configuration with all parallel springs locked to ground spring,
(b) intermediate stiffness levels in which one or multiple springs are
allowed to freely slide relative to the ground spring, and (c) lowest
stiffness configuration in which all springs are unlocked and able to slide
relative to ground spring.

walking at variable speeds, showing promising initial results on
the ability to increase peak power and decrease contralateral
limb loading through a variable stiffness prosthesis. These pre-
liminary results will inform future studies to further assess the
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Variable stiffness ankle—foot prosthesis design. (a) VSA prosthesis consisting of five parallel independently controlled leaf springs and a

ground spring, a base spring, a polyurethane heel wedge, linear actuators, structural housing, standard prosthetic pyramid adaptor, and custom
embedded system, (b) detailed view of internal spring structure showing slots, holes, and bushing, (c) linear actuator overview showing solenoid,

housing, hard stop, bearing, and pin.

impact and efficacy of the variable stiffness prosthesis in a larger
clinical study.

II. DEVICE DESIGN

This section describes the mechanical design of the variable
stiffness prosthesis, linear actuators, and electronics and soft-
ware design. The device parameters are outlined in Table I. The
total device mass including battery and electronics is 945 g,
the build height is 162 mm, and the stiffness range is 352-479
Nm/rad. The device is designed for a maximum user weight of
88 kg, has an estimated battery life of 11 h, and an estimated
cycle life of 2.0 x 10° steps. The prosthesis (Fig. 4) consists of
the following subsystems:

1) composite leaf springs;
2) mechanical housing;
3) linear actuators.

The prosthesis interfaces with a standard prosthetic socket
via a pyramid adapter. The following subsections outline the
working principle of the stiffness change mechanism, the de-
sign of the carbon fiber leaf springs, mechanical housing de-
sign, actuator development, and control system and electronics
design.

A. Stiffness Change Mechanism

The variable stiffness prosthesis utilizes a novel stiffness
changing mechanism in which computer-controlled solenoid
driven microlinear actuators lock relative sliding between par-
allel composite leaf-springs, increasing the bending stiffness.
Fig. 3 demonstrates the working principle behind this design.
The system consists of a ground spring and five parallel springs,
which in the stiffest configuration [Fig. 3(a)] are prevented
from sliding relative to the ground spring, increasing bending
stiffness. A number of intermediate stiffness configurations exist
[Fig. 3(b)], in which one or multiple springs are locked to the
ground spring. In the lowest stiffness configuration [Fig. 3(c)],
all springs are free to slide relative to the ground spring. The
locking of each parallel leaf spring is independently controlled,

such that the total number of distinct stiffness configurations for
the device with one ground spring and five parallel springs is
equal to 32, as shown in (2). This characteristic is governed
by the parallel axis theorem (1), where I. is the centroidal
moment of inertia, A is the cross-sectional area, and d is the
distance between the centroidal axis and the bending axis. The
bending moment of inertia for springs farther from the centroidal
axis is greater than spring closer, such that locking spring 1 to
ground is stiffer than locking spring 5 to ground and each distinct
combination of locked/unlocked springs has a different bending
stiffness. The device architecture has several key functionalities
that distinguish it from existing devices. The locking mechanism
architecture allows for rapid state changes between stiffnesses,
with a constant state transition time of <10 ms regardless of
the size of stiffness increase. The multileaf spring architecture
enables stiffness control with actuation perpendicular to the
direction of bending, allowing for much lower stiffness and force
actuators than would be necessary in an architecture that requires
changing distance between parallel springs. The binary state of
the solenoid driven actuators allows for robust control of device
properties in a simple actuator package, and the implementa-
tion of magnetic locking solenoids necessitates no additional
holding energy in the extended or retracted position of the
actuators.

Iparallel =1I.+ Ad2 (1

5

> C(5,i) =32. 2)

n=0

Tlcombinations —

B. Leaf Spring Design

The leaf spring subsystem consists of a ground spring and
five parallel leaf springs. Parallel leaf springs are 1.742 mm
thick (13 plies), and the ground spring is tapered with a thick-
ness of 4.96 mm (37 plies) at the proximal end and 2.95 mm
(22 plies) at the distal end. The custom leaf springs were
fabricated (Ottobock Manufacturing, Ottobock, Salt Lake City,
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Parametric model of spring stiffness. (a) Simplified model of base spring geometry showing variables of interest, leaf springs are modeled

as straight cantilever beam section AB, curved section BC, and straight cantilever beam section CD, (b) parallel spring geometry, (c) total spring
assembly, (d) spring stiffness model of unlocked (lowest stiffness) and locked (highest stiffness) device states.

UT, USA) using unidirectional carbon fiber sheets with a ply
thickness of 0.134 mm. Between each spring a layer of PTFE
with a thickness of 0.127 mm is co-cured to the springs to
decrease the coefficient of friction between the sliding surfaces.
1) Parametric Model of Leaf Spring: We developed a para-
metric model in order to evaluate the stiffness of the device for a
given spring geometry, as well as the expected stiffness increase
when each spring is locked. Using Castigliano’s Theorem, we
calculated the stiffness of the curved springs by taking the partial
derivative of the strain energy with respect to force [31]. We
modeled the geometry of the leaf springs as straight cantilever
beam section in series with a curved section [Fig. 5(a) and (b)].
For the straight portion of the springs the deflection of the spring
under load F is calculated in (3), where E is the bulk elastic
modulus of the composite material, 7 is the moment of inertia,
M is the bending moment, and A is the cross-sectional area.
Bending moment of inertia, /, and cross-sectional area, A, of the
ground spring vary along length /, as the spring is tapered.
b oM b OF
5_/0E1<M8F)d +/ <8F
We calculate deflection of curved section BC as the partial
derivative of the strain energy in terms of force, F, integrated over
6 from 0 to 7 /4 (4), where M is bending moment, E is modulus
of elasticity, and e is eccentricity. The geometric parameters are
shown in Fig. 5 for the ground spring [Fig. 5(a)] and the parallel
springs [Fig. 5(b)].

T4 M OM /4 FyR (0F,
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The total stiffness of the system in the lowest stiffness configura-
tion is modeled as a parallel spring configuration with the ground
spring parallel to the five parallel springs, shown in Fig. 5(d)
(5). The stiffness of the locked actuator is calculated in (6),
where the actuator stiffness is equivalent to the stiffnesses of

) de. (3)

the bushing (kpearing) the shaft (Khani), and the pin/slot interface
(Kinterface ) in series. When the pin is locked, the stiffness of each
subsystem increases, with the actuator added in parallel with its
corresponding leaf spring, shown in Fig. 5(d) (7). Equation 8
calculates a0, Where Ogefiection 1S the angular deflection of the
distal end of the spring, r, is the outer radius of the spring, r; is
the inner radius, and [, is the length of the distal segment of the

spring.
kunlocked = kground + k'l + kZ + k'3 + k4 + k'S (5)

1 I Ly
actuato! ( kbeaxing Kshatt Kintertace )

5 5
klocked = kground + Z ks(n) + Z 5ratio kactuator (N

n=1

sn—1 ( ddistal
sin 0 To — 15
6proximal ( b ) ( o 1)
6ratio = S = S . (8)
distal distal

n=1

2) Finite Element Modeling of Leaf Springs: We modeled
stiffness and structural properties of the composite leaf springs
in Ansys Composite PrepPost (ACP, Ansys, Inc., Canonsburg,
PA, USA) finite element analysis (FEA) software. We built an
FEA model representing the ply geometry and fiber orientation
of the leaf springs. Bonded contacts are used at the toe to simulate
the epoxy joint, and between the ground spring and the housing.
Frictional contacts are used at the sliding surface of each spring,
with a coefficient of friction of 0.10. The model is set to large
deflection mode, weak springs is turned OFF, and 100 steps are
used. The housing is a fixed support and a ramped vertical load
of 700 N is applied to the toe of the prosthesis to replicate the
benchtop test conducted during device validation. We performed
fatigue analysis to ensure the carbon fiber will likely withstand
cyclic loading of up to 2 million cycles at our expected load, in
order to meet the ISO standards for cycle life [32]. The maximum
expected stress in the carbon fiber springs was calculated as
500 MPa as an upper bound using standard beam bending
equations, and our Ansys FEA model predicts a maximum stress
of 350 MPa. Experimental data form the literature indicates a
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fatigue limit of 1250 MPa for unidirectional 0° carbon fiber at
107 cycles [33], [34]. This gives us a factor of safety (FOS)
of 5.95 at our max expected loading, indicating that based on
these preliminary conservative calculations a fatigue failure of
the carbon fiber springs is unlikely.

3) Contact Stress At Spring Interface: We modeled the con-
tact loading at the interface between the parallel springs, a
contact area of the PTFE coating to carbon fiber. The contact
stress at the interface between the springs is analyzed based
on contact mechanics of sliding. This loading can be described
as a normal force pressing the springs together as well as a
frictional force due to the relative sliding between the springs.
As the thin PTFE film is less than five times the half-width of
the contact area, the stiffness of the contact is not affected by
the film and can be treated as two equal stiffness carbon fiber
components in contact [32]. The spring interface is approxi-
mated as a cylinder on a flat plate, the half width of contact
is calculated based on Herztian contact. The maximum contact
stress at the spring interface is estimated to be 1.06 MPa, for
a safety factor of 38x above the yield stress of the epoxy
in the composite. This analysis demonstrates that the bending
stress dominates in the carbon fiber and contact stress is not a
concern.

4) Interspring Wear At PTFE Interface: We calculated the
expected sliding wear rate of the PTFE film at the sliding contact
area between the leaf springs. We calculated the wear depth per
operating cycle as in (9), where W is the wear rate (mm?/Nm),
1 is the sliding distance per cycle (m), and P is the contact
pressure at the interface (MPa). The wear rate, W, of PTFE
is 35 x 1073mm? /Nm [35]. The worst-case wear scenario is
calculated assuming a contact area equal to the Hertzian line
contact, with a contact stress of 0.29 MPa as calculated in
the previous section. For this worst-case scenario, the wear
thickness per cycleis 1.02 x 10~7 mm, and the expected lifetime
is 1.9 x 10° cycles.

bwear = WIP. (9)

C. Housing Design

The prosthesis housing is fabricated from 7075 aluminum.
The base spring is bonded to the housing with an adhesive and
bolted joint. A pyramid adapter is mounted on the front of the
housing, allowing the prosthesis to be mounted to a prosthetic
socket via standard mounting hardware.

1) FEA of Housing: We performed FEA on all structural
components of the system using SolidWorks Simulation (Solid-
Works, Dassault Systems, Vélizy-Villacoublay, France). We
used a static structural analysis with a load of 1.5x body
mass. We determined that the maximum stress in the housing
components is lower than the fatigue limit of 7075 aluminum
for 2 x 10° cycles.

2) Bolted Joint Design: The bolted joint between the ante-
rior and posterior housing components as well as the bolted
joint between the pyramid adapter and housing were ana-
lyzed to determine sufficient joint strength for our expected
loads.

D. Actuator Design

The linear actuators are driven by a solenoid (STA-50M-STA
151094-234, Johnson Electric, Hong Kong, China) which drives
an attached shaft to an extended or contracted state. The solenoid
driven architecture allow for rapid changing between binary
states. The pins engage with a slot on each parallel spring,
when the pin is engaged is prevents the corresponding spring
from sliding relative to the base spring, increasing the bending
stiffness.

1) Bearing Selection: A sleeve bearing (iGlide P210, igus,
Inc., Rumford, RI, USA) supports the end of the pin within the
actuator housing. The bearing was selected in order to support
the loads induced from the loading of the spring while the pin is
engaged, the polymer bearing is preferable to a metal bearing due
to the intermittent motion of this application. A Hertzian model
of line contact was used to calculate the maximum expected
contact stress on the bearing as 35 MPa [36]. We selected the
bearing based on this expected load and the unique requirements
of intermittent motion and intermittent load application.

2) Solenoid Selection: The linear actuators are driven by a
solenoid (STA-50M-STA 151094-234, Johnson Electric, Hong
Kong, China). The use of magnetic latching solenoids allows this
mechanism to be implemented in a low-energy method. Energy
consumption in both the extended and retracted position of the
solenoids is minimal. The solenoid has an output force of 2 N,
a stroke length of 2.5 mm, and a no-load speed of 6 ms/2.5 mm.
These solenoids, with a minimum operating voltage of 6 V,
consume electrical current lower than 1 A during transient
transitions. The transient actuation of the actuators occurs within
a duration of less than 10 ms for bilinear state transitions at an
operating voltage of 14.8 V.

3) Contact Stress At Pin—Slot Interface: We modeled the
contact stress at the interface between the locking pins and the
slots in the carbon fiber leaf springs. We calculated the portion of
the total load seen by the pin—slot interface during loading by the
stiffness ratio between each parallel spring and the total stiffness
from our parametric stiffness model. The portion of the total
load seen by each spring is equivalent to the total load times the
stiffness ratio of the spring of interest to the total stiffness. When
the pin is locked, the actuator—pin—slot assembly for each spring
subsystem is configured in series, such that the load seen at each
pin-slot interface is equivalent to the stiffness ratio between
the actuator assembly and the corresponding spring. In order to
calculate the maximum stress at the contact area between the
pin and slot, the Hertzian theorem of line contact is used. We
calculate an estimated contact stress of 110 MPa, which gives
us a safety factor of 3.8 above the yield stress of 4140 PH steel.

E. Control System Modeling and Electronics Design

We designed and implemented a custom embedded system to
drive the solenoid actuators, interface with the onboard sensors,
and run closed-loop control. The custom embedded system
allows for more efficient, faster, and more accurate control of
the prosthesis compared to utilizing traditional motor drivers
due to the unique electromechanical properties of the variable
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Fig. 6. Embedded system. Prototype of the designed and fabricated

embedded system for VSA.

stiffness prosthesis. Compared to standard powered prostheses,
the variable stiffness prosthesis has greater controllable degrees
of freedom (five), lower current requirements (<1 A), and a
faster transient response time (<10 ms), motivating the imple-
mentation of a custom system.

1) Approximation of Actuator Dynamics: Due to the com-
plex electromechanical dynamics of the actuators, closed-loop
control of the actuators’ mechanical states would require high-
bandwidth control (>10 kHz) and accurate sensing of the actua-
tor’s dynamics. In order to minimize implementation complex-
ity, we developed a simplified model of actuator dynamics that
utilizes a constant input voltage and a fixed actuation time for
each direction of actuation. The actuation time in this model
is empirically determined based on the measured minimum
duration required for the actuator to change its mechanical state
during experimentation. This approach enables us to achieve a
reasonable level of control precision while minimizing resource
requirements, and allows for the desired performance of the
mechatronic system without the need for additional mechanical
state sensing and high bandwidth control.

2) Embedded System Hardware: The hardware design of
the custom embedded system (Fig. 6) prioritized the unique
characteristics of the actuators, scalability for compatibility with
future iterations, incorporating multiple sensors to enable thor-
ough analysis of system behaviors, and providing a user-friendly
interface for researchers. The embedded system employs three
dual channel motor driver chips (DRV8847PWR, Texas Instru-
ments, Dallas, TX, USA) to control five solenoid actuators,
each with a maximum root-mean-square (RMS) current of 1 A.
An extra output channel allows for the use of additional ac-
tuators in future iterations. A serial current sensing resistor
(10 mOhm) and an instrumental amplifier INA186A3, Texas
Instruments, Dallas, TX, USA) are used to monitor the current
output of each channel. A strain-gauge interface front-end that
features a precision 24-bit analog-to-digital-converter (ADC,
ADS1220IPW, Texas Instruments, Dallas, TX, USA) and an
active shielding driver (OPA376, Texas Instruments, Dallas,
TX, USA) powered by a separate low-noise power conditioning
chip (TPS79301, Texas Instruments, Dallas, TX, USA) is imple-
mented for the strain-gauge installed on the base spring (CEA-
06-250UTA-350, Micro Measurements, Raleigh, NC, USA).
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Fig. 7. Low-level finite state machine of the VSA driver. The control
scheme for the actuator is designed to be energy efficient, and power is
only consumed when the actuator is actively engaging in State 6 (green)
or disengaging in State 3 (red). In States 1, 2, 4, and 5 (gray), the device
architecture enables the actuator to hold its position without requiring
any additional power. This approach optimizes power consumption and
ensures that the actuator consumes energy only when necessary, thus
improving the overall energy efficiency of the system.

A commercial inertial measurement unit (IMU) protoboard
(ISM303DHCX, Adafruit Industries, New York, NY, USA) is
employed for kinematics estimation purposes. To control all
the drivers and peripherals on the board, a 32-bit commercial
prototyping microprocessor board (Teensy 4.1, PJRC, Portland,
OR, USA) is utilized, which enhances system accessibility
and faster development. The embedded system can operate
at a bandwidth of up to 2 kHz for optimal communication
with sensors and actuators, and can be adjusted based on the
desired control algorithm. During the included experiments
the system ran at 500 Hz. The embedded system runs on an
input voltage range of 6-24 V, and is powered by a four-cell
(14.8 V) lithium polymer battery with a 650 mAh capacity. To
operate the system’s digital/analog peripherals, a wide-range
switched-mode power supply (LMR50410Y-Q1, Texas Instru-
ments, Dallas, TX, USA) is employed to reduce the voltage level.
The systems overall dimensions are efficient and compact, at
83.95 x 43.94 mm.

3) Baseline Control Architecture: To increase efficiency of
the variable stiffness ankle, we limit the activation of the solenoid
actuators to instances when a state transition is required. To
ensure safety of the device, the actuator should remain locked
when the variable stiffness ankle prosthesis is in the stance phase
of the gait and bearing the subject’s weight. To implement these
requirements, we incorporated a finite state machine (FSM) in
the low-level controller as depicted in Fig. 7. When a command
is sent from the controller to engage or disengage a locking
actuator, the device reads the strain value from the strain gauge
and if this value is less than the strain threshold €y indicating
that the foot is in swing phase, the state machine enters the
pin engaging or disengaging state (State 6 or State 3). During
pin actuation a constant voltage is applied to the actuator for the
duration of locking based on a time constant (¢,.), as determined
in benchtop validation.
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INSTRON'

Fig. 8. Benchtop stiffness characterization. Stiffness of the prosthesis
was evaluated on a material testing system with a custom test fixture.

[1l. DEVICE VALIDATION
A. Benchtop Evaluation

1) Stiffness Characterization: We evaluated the stiffness of
the prosthesis through benchtop testing performed on a material
testing system (Model 5969 Material Testing System, Instron,
Norwood, MA). For each of the 32 distinct stiffness settings,
the device was loaded to a maximum load of 700 N at a rate
of 50 N/s, and deflection of the prosthesis at the point of load
application was measured (Fig. 8). A custom test fixture was
designed for use with the Instron which applies the load in line
with the load cell in order to remove moment induced errors
from the Intron. A digital inclinometer (AXISENSE-2 USB90,
TE Connectivity, Schaffthausen, Switzerland) is used to measure
the angular deflection of the prosthesis during benchtop testing.

2) Stress Measurements: Stress in the leaf spring was mea-
sured with a strain gauge installed on the ground spring. Strain
was measured during benchtop testing on the custom Instron test
fixture.

3) Actuator Characterization: We performed electrome-
chanical characterization of the actuator with the embedded
system operating at a bandwidth of 5 kHz. First, we charac-
terized the minimum required actuation time to engage and
disengage the actuator at multiple voltage levels, which will
be used as actuation time constants (¢,¢) in the FSM. We then
observed the transient current response of the actuator with the
determined actuation time constant of the actuator. Total energy
consumption analysis was made based on the transient response.
The quiescent current and idle power of the embedded system
were measured with normal operation frequency at bandwidth
of 1 kHz.

B. Pilot Study

1) Experimental Design: This study was approved by the
MIT Committee on the Use of Humans as Experimental Subjects
(protocol number: 1609692618A010, approval date: November

Fig. 9. Experimental platform for biomechanical study. The study par-
ticipant walked on a split-belt treadmill with integrated force plates with
the developed prosthesis.

1, 2018), and written informed consent was obtained. A pilot
study was conducted with one study participant (body mass:
82.6 kg, height: 1.83 m, age: 49, time since amputation: 30
years, sex: male) with unilateral below knee amputation. During
the experiment the subject walked on an instrumented tread-
mill (FIT, Bertec, Columbus, OH) at the speeds of 0.75 m/s,
1.0 m/s, 1.25 m/s, and 1.5 m/s for 30 s for each trial (Fig. 9).
28 trials were performed, with the variable stiffness prosthesis
at six distinct stiffness states, as well as a standard passive
ESR prosthesis of the subject’s prescribed size and category
(Taleo 27-6, Ottobock, Duderstadt, Germany). The order of
the trials for each stiffness state was randomized. A 12-camera
motion capture system (Vero, Vicon Industries, Inc., Hauppauge,
NY) was used to collect full kinematic data during walking
(100 Hz). A custom full-body marker set based on the open
source ‘“3DGaitModelwithSimple Arms” marker set was used for
kinematic data collection, with five markers on each foot, seven
on each shank, seven on each thigh, four on the pelvis, five on
the torso, four on each upper arm, four on each lower arm, four
on each hand, and five on the head. A split belt treadmill with
integrated force plates (FIT, Bertec, Columbus, OH) was used
to collect kinetic data (1000 Hz). Data from onboard sensors on
the prosthesis (strain gauge, IMU, current sensors) was logged
for each trial (500 Hz). The optimal stiffness state for each speed
is defined as the VSA stiffness which minimizes contralateral
limb EAM, due to the study goal of reducing contralateral limb
loading and risk factors for OA development through a variable
stiffness device.

2) Data Analysis: We processed the data using OpenSim
(OpenSim 4.3, Simbios, Stanford, CA) and AddBiomechan-
ics [37]. The markerset is scaled to match mass and inertial prop-
erties standard residual limb dimensions and properties [38]. We
adjusted the mass of the lower leg segment for each trial to reflect
the difference in mass between the variable stiffness device and
the ESR device. Optimal scaling of the subject specific model
and inverse kinematics are conducted in AddBiomechanics [37].
Inverse dynamics are performed using OpenSim (OpenSim 4.3,
Simbios, Stanford, CA). A 3rd order zero-lag low-pass But-
terworth filter was used to filter kinematic (6 Hz) and kinetic
(12 Hz) data. The data was segmented into individual gait cycles
for each trial, and gait cycles were excluded if the force and
torque data was greater than two standard deviations from the
mean value.
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TABLE Il
DEVICE MASS
Component Mass (g) Qty
Leaf springs 370 1
Housing 170 1
Battery 78 1
Hardware 67 Various
Pyramid adapter 53 1
Embedded system 37 1
Actuator assembly 26 5
Urethane bumper 22 1
Electronics case 18 1
Total 945
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Fig. 10. Stiffness range of variable stiffness prosthesis. (a) Moment

versus angular displacement curves of variable stiffness ankle—foot
prosthesis from benchtop validation, (b) rotational stiffness of VSA at
each stiffness state.

V. RESULTS

The following section presents results from benchtop device
validation experiments and human subject testing.

A. Device Validation

1) Mechanical Characteristics: The mass of the device is
presented in Table II. The total device mass of 945 g includes
the battery and electronics, and excludes the cosmetic foot cover.
Max stress in the leaf springs was measured directly from a strain
gauge mounted on the ground spring during bench top testing
to validate mechanical modeling results of the spring design.
A maximum strain of 0.16% was measured, corresponding to a
maximum stress value of 210 MPa. Fig. 10(a) shows the torque
angle plot of the variable stiffness ankle prosthesis from the
data collected during benchtop Instron testing. Fig. 10(b) shows
the corresponding stiffness for each independent stiffness state.
There are 32 distinct stiffness states, with the range of stiffnesses
from lowest to highest stiffness settings creating a 36% increase
in joint stiffness of the ankle for the evaluated maximum load
condition. The target stiffness range of 352 Nm/rad—479 Nm/rad
was validated during benchtop testing. The discrete stiffness
change varies between stiffness settings, the number of discrete
settings with a stiffness change of 2 Nm/rad or greater from the
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Fig. 11. Electrical transient characteristics of the actuator. (a) Tran-

sient current response of linear actuator for a given voltage level.
(b) Accumulated transient energy consumption of the actuator for a
given voltage level.

subsequent setting is 15. The resolution of stiffness adjustment
varies from 0.1 to 33 Nm/rad.

2) Electromechanical Characteristics: Table III summa-
rizes the electromechanical characteristics of the system.
The measured minimum actuation times were than used as
actuation time constants (Z,.¢) in the low-level FSM. A higher act-
uation voltage corresponds to faster actuation and higher
actuation force, while actuation current levels increased pro-
portionally to actuation voltage. A higher input voltage for the
embedded system consumes greater idle energy due to the effi-
ciency difference of the input-stage switched mode power supply
converter. During actuation, a higher input voltage generally
consumes more energy, although 9 V input voltage consumes
less energy during actuator engagement than 6 V. Fig. 11 shows
the transient electrical response of the actuator.

B. Clinical Pilot Study Results

The variable stiffness prosthesis demonstrates an increase in
peak joint angle, increase in energy return, increase in peak
power, and a decrease in contralateral limb external adduction
moment for each walking speed compared to the passive pros-
thesis.

1) Joint Angle: We see an increase in maximum joint angle
of the prosthesis across speeds for the VSA compared to the
passive device. The optimal VSA stiffness at each speed shows
an increase in range of motion of 22.2%, 19.8%, 6.1%, and
28.7% at 0.75 m/s, 1.0 m/s, 1.25 m/s, and 1.5 m/s, respectively.
Fig. 12(a) shows maximum joint angle for each of six representa-
tive stiffness settings on the VSA compared to the passive device
at the evaluated walking speeds (0.75 m/s, 1.0 m/s, 1.25 m/s,
and 1.5 m/s). Fig. 13(a) presents mean joint angle across gait
cycle for the optimal VSA stiffness compared to the passive
ESR device.

2) Peak Ankle Power: The VSA optimal stiffness compared
to the passive device demonstrates an increase in peak power of
23.8%, 15.0%, -14.4%, and 8.7% at 0.75 m/s, 1.0 m/s, 1.25 m/s,
and 1.5 m/s, respectively. Fig. 12(b) shows peak joint power for
each of six representative stiffness settings on the VSA compared
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TABLE Ill
SUMMARY OF ELECTROMECHANICAL CHARACTERISTICS

Voltage T Engage T Disengage  Peak current Peak current E Engage E Disengage Quiescent Idle
V) tact (ms) tact (ms) Engage (mA) Disengage (mA) (ml]) (mJ]) Current (mA)  Power (mW)
6 7.6 20.4 382 413 15.5 48.8 99 594
9 34 10.6 537 617 13.45 56.9 71 638
12 2.6 7.4 685 815 17.3 69.2 57 684
15 2 5.8 813 1020 22.0 87.0 47 705
05 0.75 m/s 05 1.0 m/s 05 1.25 m/s 05 1.5 m/s
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Fig. 12.  Metrics of interest across speeds for all stiffnesses. Metrics of interest across speeds for each evaluated VSA stiffness (1-6) in blue

compared to prescribed passive prosthesis in grey. The optimal stiffness which minimizes leading limb external adduction moment is shown in dark
blue. Error bars represent + 1 standard deviation. (a) Maximum joint angle. (b) Peak power. (c) Energy return, and (d) 1st Peak of leading limb

external adduction moment.

to the passive device at the evaluated walking speeds (0.75 m/s,
1.0 m/s, 1.25 m/s, and 1.5 m/s). Fig. 13(b) presents mean joint
power across gait cycle for the optimal VSA stiffness compared
to the passive ESR device.

3) Energy Return: We see an increase in energy return across
speeds for the VSA compared to the passive device. The optimal
VSA stiffness at each speed shows an increase in energy return
of 25.7%, 18.3%, —15.8%, and 16.5% at 0.75 m/s, 1.0 m/s,
1.25 m/s, and 1.5 m/s, respectively. Fig. 12(c) shows total energy
return for each of the six representative stiffness settings on the
VSA compared to the passive device at the evaluated walking
speeds (0.75 m/s, 1.0 m/s, 1.25 m/s, and 1.5 m/s). Fig. 13(c)
presents mean stored energy across gait cycle for the optimal
VSA stiffness compared to the passive ESR device.

4) Contralateral Limb External Adduction Moment: The re-
sults from our pilot study demonstrate a decrease in contralateral
limb knee EAM across speeds. The optimal VSA stiffness at
each speed shows a decrease in EAM of 5.2%, 6.8%, 2.5%, and
0.3% at 0.75 m/s, 1.0 m/s, 1.25 m/s, and 1.5 m/s, respectively.
Fig. 12(d) shows the first peak of contralateral knee EAM for
each of six representative stiffness settings on the VSA compared

to the passive device at the evaluated walking speeds (0.75 m/s,
1.0 m/s, 1.25 m/s, and 1.5 m/s). Fig. 13(d) presents mean EAM
across gait cycle for the optimal VSA stiffness compared to the
passive ESR device.

V. DISCUSSION
A. Device Evaluation

The benchtop testing results demonstrate that the device suc-
cessfully achieves the targeted stiffness range, device mass, and
structural integrity. The benchtop stiffness characterization of
the system demonstrates the high-resolution stiffness control of
the prosthesis. The msreaass of the variable stiffness prosthesis
is lower than all existing commercial quasi-passive devices, and
lower mass than all research platforms. We demonstrate that
the VSA prosthesis successfully matches biological levels of
ankle stiffness for a person of our target body mass ranging
from a slow walk (0.75 m/s) to a fast walk (1.5 m/s). We
also show that the proposed embedded system concept and
low-level control architecture can provide stable control of the
electromechanical actuators. The results demonstrate that the
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(d)

Pilot study results. Mean values across gait cycles for optimal VSA stiffness (blue) and prescribed passive prosthesis (grey) are shown

for (a) prosthesis joint angle, (b) ankle power on prosthesis side, (c) stored energy on the prosthesis side, and (d) external adduction moment of

contralateral limb. Shaded regions represent + 1 standard deviation.

simplified dynamic model of the actuator provides effective
means to construct the control system with minimal sensors.
Lower input voltages generally consume less energy in idle state
and during transient actuation, while it requires further study to
full investigate the relations of them. While the electromagnetic
mechanical system shows multiorder complex dynamics, the
results demonstrate that the dynamics can be simplified with a
constant actuation time and voltage to ensure stable end-state
after actuation. The electromechanical evaluation demonstrates
that for the selected battery voltage of 12 V, the battery life
is approximately 10 h if we assume 1 actuator state change
every 10 steps, and 11 hours of standby power. In future it-
erations of the design, the embedded system can be greatly
reduced in size through the use of: 1) an individual IMU chip
directly placed on the board; 2) a commercial custom micro-
processor; and 3) a single motor driver chip and output-stage
MOSFET switches with time-domain multiplexing of driver.
Similarly, the continuous power consumption on electronics
can be greatly reduced through design optimizations of the
electronics.

B. Clinical Pilot Study

The pilot study demonstrates the performance of the vari-
able stiffness ankle during level ground walking at various
speeds, providing preliminary evidence of potential advantages
of the quasi-passive variable stiffness ankle—foot prosthesis.
Pilot study results demonstrate an increased prosthesis range
of motion, increase in peak ankle power, increase in stored and
returned energy, and a decrease in external adduction moment of
the contralateral limb while walking with the variable stiffness
prosthesis compared to the passive device, across evaluated

walking speeds. The optimal prosthesis stiffness, which we
define by the condition which minimizes the first peak of EAM,
generally increases with increasing walking speed. This trend
agrees with the behavior of the biological ankle—foot complex,
which demonstrates an increase in quasi-stiffness as walking
speed increases. By optimizing prosthesis stiffness based on
walking speed, energy storage and subsequent energy return is
increased, leading to increased peak power in a quasi-passive
device. This is an exciting result that demonstrates the impor-
tance of maximizing energy storage in passive or quasi-passive
devices in order to decrease unwanted contralateral limb loading.
This result could have important implications for how prostheses
are designed, and demonstrates the importance of adaptable
prosthesis stiffness.

C. Limitations and Future Work

Limitations of the presented variable stiffness prosthesis in-
clude resolution and nonlinearity of stiffness adjustment and
the preliminary nature of the presented pilot study results. The
designed variable stiffness prosthesis utilizes discrete stiffness
control, a potential tradeoff compared to the existing variable
stiffness devices which allow for continuous stiffness selection
(Table I). Additionally, the stiffness resolution is nonlinear over
the range of possible stiffness settings, ranging from 0.1 to 33
Nm/rad, with 15 of the 32 possible stiffness states allowing for
a stiffness increase of 2 Nm/rad or greater from the subsequent
setting. However, prior research has demonstrated that the small-
est stiffness change detectable by prosthesis users is 7% [39].
As such, we hypothesize that the discrete stiffness setting of
the presented variable stiffness which range from 1% to 7%
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are sufficient for observing clinical benefits of prosthesis stiff-
ness adjustment and are worth the operating bandwidth, energy
return, and low mass and power requirements offered by the
design. The resolution of stiffness change as well as the linearity
of stiffness adjustment could be tuned in future iterations of the
device by optimizing thickness and number of parallel springs.
Further benchtop characterization across a larger maximum
dorsiflexion angle would provide insight into how the nonlinear
stiffness range and resolution may vary for higher loads and
greater deflections. The biomechanical results presented in this
article are preliminary, as experiments were conducted with one
study participant as a pilot study. Further experiments with a
larger cohort of study participants are necessary in order to
draw conclusions about the effects of the prosthesis on biome-
chanics of walking and any potential long-term clinical benefits.
However, the data collected during the pilot study demonstrate
promising initial results and motivate the need for a broader
study.

VI. CONCLUSION

This article presents the first of its architecture variable stiff-
ness ankle—foot prosthesis utilizing a novel locking parallel
leaf spring mechanism for stiffness control. This prosthesis
design has a lower device mass compared to existing powered
and quasi-passive stiffness-varying prostheses, and increases
biomimetic functionality beyond standard passive prostheses.
We present initial results showing potential benefits of such a
device on the walking biomechanics of a person with transtibial
amputation. This prosthesis has the potential to expand access
to high performance prosthesis technology by creating a device
that is low mass, low power, and lower cost compared to fully
powered devices. Our work presents promising initial results
on the potential impact of a quasi-passive variable stiffness
ankle—foot prosthesis for walking and motivates broader studies
to further explore the effect of a the variable stiffness prosthesis
on the biomechanics and energetics of variable speed walking.
Additionally, this device has the potential to enable explorations
of the impact of prosthesis stiffness on biomechanics in a vari-
ety of scenarios such as across varied terrain, various ground
surfaces, and running.
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