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ABSTRACT

There is a need for improved design and function of prosthetic devices to aid walking in persons
with transtibial amputations. This dissertation focused on two semi-active ankle-foot prosthetic devices,
the Variable Stiffness Foot (VSF) and Two Axis aDaptable Ankle (TADA), which allow users to change
biomechanical ankle-foot functions using simpler designs, lower costs, and less power than active
prostheses. The background for this dissertation explored the main lower-limb biomechanical principles
of prosthetic design, prosthetic-walking mechanics, and sensor feedback. The VSF manuscript
investigated the mechanical impact of adjusting stiffness on lower limb mechanics using a prosthetic foot,
which can modulate forefoot stiffness. A less stiff VSF resulted in increased ankle dorsiflexion angle,
decreased ankle plantarflexor moment, decreased knee extension, decreased knee flexor moment, and
increased magnitudes of prosthetic energy storage, energy return, and push-off power. These findings
suggest that a less stiff VSF may offer advantages in lower joint moments and greater ankle angle range
of motion for individuals with lower-limb prostheses. The Two Axis aDaptable Ankle (TADA) is a semi-
active prosthetic ankle that offers independent modulation of sagittal and frontal ankle angles. The first
TADA study modified a Raspberry Pi 4 for real-time control of brushless direct-current motors, allowing
for precise and reliable ankle angle adjustments. The control system employed CANopen over EtherCAT
(CoE) for synchronized communication between the Raspberry Pi and motor controllers. The results
demonstrated improved movement times, lower movement errors, and higher data transmission rates. As
a continuation, the final TADA study aimed to create an ankle prosthesis that can synchronously record
lower-body kinematics and kinetics and assess the sensitivity of those mechanics to different walking
speeds and ankle angles for an unimpaired participant. Using a pylon load cell, the results showed that
peak magnitudes and impulses increased for plantarflexor moments with increased plantarflexion angle
and for evertor moments with increased inversion angles. Moreover, the peak sagittal pylon moments
increased with higher walking speeds. The integrated control system of the TADA effectively controls
ankle angles, can affect lower-body mechanical outcomes, and can allow for efficient adaptation to

various speeds and terrains in users with transtibial amputations.



OVERVIEW

Persons with unilateral transtibial amputations have lost their biological ankle and foot. To regain
functional walking, they can utilize ankle-foot prostheses. These prostheses can vary in cost and
complexity depending on their adaptability, weight, and comfort. The simplest and cheapest designs exist
as passive mechanical prostheses, and the most complex and expensive designs are from active robotic
prostheses. In between these two extremes of passive and active prostheses, semi-active prostheses allow
users to modulate mechanical functions with simpler design, lower cost, and less power than active
prostheses. In addition, they could replicate more of the biological ankle-foot functions than passive
prostheses.

The background for this dissertation (Chapter 1) explored the main principles of prosthetic
design, prosthetic-walking mechanics, and sensor feedback. Many users adapt their walking with passive
transtibial prostheses with biomechanical gait deviations like hip circumduction, toe scuffing, weak
prosthetic side push-off, hyperextension on the prosthetic side, and higher intact-side collision energy.
Knee osteoarthritis on the intact side may become an eventual consequence of those gait deviations.
Current semi-active prosthetics attempt to minimize those gait deviations with improved design and
sensor feedback. This document presents the biomechanical evaluation of a Variable Stiffness Foot (VSF)
and presents the design and biomechanical evaluation of a Two-Axis aDaptable Ankle (TADA). These
two prostheses were chosen to give users modulation of the essential ankle-foot functions of stiffness and
ankle angle.

Chapter 2 focused on the sensitivity analysis of the Variable Stiffness Foot. The manuscript
examined the effects of the Variable Stiffness Foot (VSF) on joint mechanics during level-ground
walking for individuals with transtibial amputations. The study investigated the mechanical impact of
adjusting stiffness on knee and ankle mechanics using the VSF. The results demonstrated that a stiffer
VSF leads to reduced ankle dorsiflexion angle, increased ankle plantarflexor moment, increased knee

extension, increased knee flexor moment, and decreased magnitudes of prosthetic energy storage, energy



return, and power. These findings suggest that a less stiff VSF may offer advantages in lower joint
moments and greater ankle angle range of motion for individuals with lower-limb prostheses.

Chapter 3 focused on the implementation and results of controlling the Two-Axis aDaptable
Ankle (TADA) prosthesis. The study modified a Raspberry Pi 4 for real-time control of brushless direct-
current motors, allowing for precise and reliable ankle angle adjustments. The control system employed
CANopen over EtherCAT (CoE) for synchronized communication between the Raspberry Pi and motor
controllers. The experimental results demonstrated improved movement times, lower movement errors,
and higher data transmission rates compared to the previous TADA version. These software and hardware
enhancements enable the TADA system to efficiently adapt to various speeds and terrains, enhancing its
functionality and performance.

Chapter 4 presented the Two Axis aDaptable Ankle (TADA) as a semi-active prosthetic ankle
that offers independent modulation of sagittal and frontal ankle angles, and can synchronously record
lower-body kinematics and kinetics. The study using one unimpaired participant investigated the
influence of changes in TADA angles and walking speed on prosthetic pylon moments during flat-ground
walking. The results showed that peak sagittal (plantarflexor) moments and impulses increased with
increased plantarflexion angles, frontal (evertor) peaks and impulses increased with increased inversion
angles, and peak frontal moments increased with increased plantarflexion angles. Moreover, the peak
sagittal pylon moments increased with higher walking speeds. The integrated TADA system effectively
controls ankle angles and can affect lower-body mechanical outcomes. Additionally, Chapter 5 — 8 were
dedicated to the Nomenclature, List of Figures and Tables, and References of the Introduction and

Discussion sections. Chapters 2 — 4 have their respective references.
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Chapter 1. BACKGROUND

(@) Introduction

People with lower-limb amputations account for about one million people in the United States of
America, with about 28% being individuals with transtibial amputation (TTA)!2. Besides the high
average cost of about $81,000 for TTA amputation and associated rehabilitation services®, prosthetic
users spend about $1600 per year for a prosthetic device that lasts on average 1.3 years*. The primary
function of these lower limb prostheses is to regain walking on level ground but are also necessary for
standing, walking on stairs and ramps, and uneven terrain. These prosthetic devices attempt to return
walking functionality by mimicking some aspects of the human ankle-foot mechanics that were lost. This
attempt to return to walking for these persons with unilateral transtibial amputations is difficult as the
necessary walking mechanics are not fully understood. The problems of high cost and difficulty in
recreating the human ankle-foot system instigate a need for improved mechanical adaptabilities and

characteristics of the prostheses.
(b) Main Principles of Prosthetic Design

(i) Common characteristics of prosthetic walking
To mechanically connect to a person with TTA, the prosthetic foot-ankle device has an
attachment area on its residual limb via a socket-suspension interface. This interface allows the prosthetic
lower limb to be attached to the residual limb, which distributes the loading forces through a liner and its
many contact points on the remaining part of the residual limb. The socket-suspension interface connects
to a pylon adaptor that allows height adjustability. The pylon adaptor then connects to the prosthetic

device.
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Figure 1: graphical representation of gait events of a non-disabled person and person with a prosthetic leg from Rajukova et al.”

Human walking (see figure 1) involves a periodic cycle where the two legs move the body
forward in two phases: stance (about 60% of the cycle) and swing (about 40% of the cycle)®. During the
swing, only one leg is in contact with the ground, and one or two legs are in contact with the ground
during stance. Typically, the foot first contacts the ground with a heel strike, transitions to foot flat, heel
off, and ends with toe-off. Non-disabled humans (no amputations) depend on their multiple leg muscles
that cross the hip, knee, or ankle joints to modulate the joint position and moment to apply the appropriate
ground reaction forces.

The hip, knee, and ankle mechanics’ nomenclature will be introduced in the following sentences.
Mechanically, hip motion is described by hip flexion and extension with moments of hip flexor and
extensor. Knee maotion is described by knee flexion and extension with moments of knee flexor and
extensor. Ankle motion is described by ankle dorsiflexion and plantarflexion with moments of ankle
dorsiflexor and plantarflexor® (see figure 2). A person with a transtibial amputation typically relies on an
ankle-foot prosthesis (transtibial prosthesis) to walk. They have lost the original functionality of the

ankle-foot system and must rely on the replacement passive or powered ankle-foot prosthesis.



Persons with transtibial amputations

have many biomechanical issues, which they

Powered Plantarflexion

must compensate for by adjusting their gait.

Controlled
Dorsiflexion

Ankle Moment (N m kg-1)

Issues’ include vaulting where the person steps
up with their intact side to complete the
prosthetic side swing, circumduction

Controlled Plantarflexion

consisting of the prosthetic foot swinging

outward during the swing phase, AR Ao Qe
Figure 2: Non-disabled ankle moment vs. angle of the stance
hyperextension (locking) of the knee on the phase of typical walking from Safaeepour et al.6 Stance phase
starts with controlled plantarflexion, transitions to controlled
prosthetic side, and lateral trunk bending dorsiflexion, and ends with powered plantarflexion. Stiffness

relates to the slope of ankle moment and angle.

consisting of the person having a forward-leaning torso during prosthetic side stance. These issues could

be caused by improper fitting and alignment and be reduced by a more suitable prosthesis. Prosthesis

research aims to improve prosthesis design and fitting to minimize the need for these compensations.
(ii) Design of Lower Limb Prostheses

The main aim of the prosthetic design is to allow the users

Adaptability,
versatility,
biomimeticity, H H H H H H
etc. ~  tohave a functional gait when interacting with the prosthetic
devices
ety device. Prosthetic devices restore standing, walking, and running
locomotion, giving users mobile self-sufficiency instead of using
Poseiie crutches or a wheelchair. Prostheses can be categorized in terms
devices Weight, complexity,
yd power, cost, etc.

of adaptability into three main groups: passive, semi-active, and
Figure 3: Various considerations in

developing passive, active, and semi-active  active (See figure 3). Passive prostheses which have static
prostheses from Adamczyké
mechanical properties are more widely accessible and
affordable. On the other side of the adaptability spectrum (see figure 3), active (robotized) prostheses

offer users an extensive range of biomimetic functions, including modulation of posture, impedance, and



power. Still, their disadvantages stem from their weight, increased size, expensive, high energy demand,
and control complexity®.

Energy Storage and Return (ESR) prostheses are useful passive prostheses that offer some
passive adaptability and returned functionality to persons with transtibial amputations. ESR prostheses
absorb mechanical energy using viscoelastic deformation in early-to-mid-stance and return it during mid-
to-late stance. In addition, ESR prostheses offer biological ankle-foot functions like impact absorption,
gradual center of pressure advancement, and some push-off energy due to viscoelastic recoil®*!®t, To
assess the usefulness of the ESR prostheses, one proposal*? created standardized tests to establish
essential features to evaluate prosthetic feet for prescription, including pylon, heel, and axis tests. Another
report®® put forward that ankle-foot prostheses can be differentiated by two main factors: normal stiffness
(superior-inferior direction to foot) and foot geometry/alignment, which includes ankle angle. Ankle-foot
stiffness and foot geometry/alignment are essential for passive prosthesis design as they affect all parts of
prosthetic gait. For example, higher foot stiffness is associated with lower push-off work and gait
asymmetry during late stance® and an overly long foot is associated with more toe scuffing during the
swing phase!*.

In between the adaptability extremes of passive and active prostheses exist the semi-active
prostheses. Semi-active prostheses allow some modulation of mechanical properties but cannot supply
positive energy during the stance phase. Their mechanical properties® range from exploiting the gait cycle
by changing swing phase ankle angle where ankle loads are low, combining non-backdrivability and high
static forces by benefiting from friction on an inclined plane, and using springs to replace motors by using
a spring-loaded ankle mechanism to match ankle angle according to the slope of the ground. Though
positive energy is not supplied during stance, these prostheses can allow users more adaptability at a
fraction of the cost, weight, and sometimes complexity. Adamczyk® proposed essential questions to ask
when designing an appropriate prosthetic foot-ankle device to be, “How could a semi-active device

accomplish the goal, and how and when should the prosthesis adapt?” To evaluate the prosthesis



performance, they proposed that we ask: “Does it work, does it have the intended effect, and do people
like it.”

Three prominent types of semi-active mechanisms are hydraulic devices, adaptable stiffness, and
ankle angle control. Hydraulic prostheses use pressurized fluid to dampen joint motion. Several ankle-
foot systems® use variable hydraulic dampers like Endolite Elan®®, Freedom Innovations Kinnex*®, and the
Ottobock Meridium?’. Adaptable stiffness prostheses like the Variable Stiffness Foot and Variable
Stiffness Prosthetic Ankle change ankle-foot stiffhess to affect ankle and knee mechanics. The Ossur
Proprio foot® changes the ankle angle in swing phase under active control®?8,

To further understand how to create main principles for ankle-foot prosthetic design, we must

describe the observable walking mechanics common in walking for persons using transtibial prostheses.

(c) Prosthetic Sagittal Mechanics in walking
Firstly, much of walking mechanics focuses on sagittal kinematics and kinetics as walking moves

along the anterior-posterior (sagittal) axis (forward direction of walking). The sagittal plane breaks the
body into right and left with its perpendicular axis predominantly describing flexion/extension. Its
dimensions are vertical and anterior-posteriorly horizontal. The lower-leg prostheses primarily affect the
hip, knee, and ankle joints and their relevant upper-leg, lower-leg, and foot segments. Also, summative
mechanics like the center of mass work and acceleration give valuable information for describing the
effect of lower leg prosthetics on walking. This section will describe the prosthetic sagittal walking
mechanics by starting with the ankle-foot system, then knee mechanics and hip, and ending with the

center of mass (COM) summative metrics.

(i) Ankle-foot mechanics
Adamczyk® proposed three different concepts of ankle-foot functions: Foot roll-over where the
center of pressure (COP) as a function of the lower leg angle can be related with the instantaneous
effective radius of the ankle-foot; angular stiffness where ankle moment is related to ankle angle like a

lever mounted to a torsional spring; ankle angle control where the neutral ankle angle or set point by



which the spring/shape like behavior is relative to that neutral angle. These ankle-foot concepts are
different ways to model ankle-foot behavior.

Raschke et al.*® found that persons with TTA preferred less stiff feet while walking, associated
with 15% lower peak sagittal prosthetic socket moments. Furthermore, Fey? offered that decreased foot
stiffness leads to increased prosthetic ankle range of motion, mid-stance energy storage, and late stance
energy return. Also, Klodd et al.%® reported that dorsiflexion angle and ankle plantarflexor moments
increased with a stiffer forefoot. To further explore the effect of foot stiffness on walking mechanics,
Adamczyk et al.® examined the hind/forefoot stiffness effects on prosthetic walking for different
stiffnesses and walking speeds. In general, they found that a stiffer hindfoot yields decreased prosthesis
energy return, larger vertical ground reaction force (GRF) loading rate, larger knee flexion angle (stance
phase), and knee extensor moment. They also found that a stiffer forefoot yielded decreased prosthetic
ankle and COM push-off work and larger knee extension angle and knee flexor moment in late stance.

Glanzer and Adamczyk? created a Variable Stiffness Foot (VSF) as an adaptable stiffness
prosthetic foot. It offers a semi-active modulation of its forefoot stiffness during the swing phase. The
VSF has a rigid ankle, and its forefoot acts as an overhung beam that can modulate the forefoot stiffness
by adjusting a support fulcrum to change the overhang length. They reported that VVSF users displayed

greater energy storage and return with lower stiffnesses.



As another stiffness-based prosthesis, the Variable Stiffness Prosthetic Ankle (VSPA)? utilizes a
cam-based transmission to allow selectable nonlinear ankle torque-angle curves and modulate forefoot
stiffness through motorized leaf spring configurations. VSPA allows the users to set their ankle and foot
stiffnesses according to their preferences and mobility tasks. Gait testing with VSPA resulted in increased
peak plantarflexor moment and increased peak dorsiflexion angle with increased stiffness. Quraishi et
al.?® further adapted the VVSPA to have decoupled energy storage and return where energy was stored at
heel strike and during loading and returned later in the gait cycle. These mechanics can also allow suitable

ankle changes for toe clearance and increased push-off power during the swing phase.
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Figure 4: linear mixed model trends showing the relationships of prosthetic forefoot stiffness on DMAMA for various
locomotion modes from Leestma et al.18 The persons with transtibial amputations walked on level ground, up and down
ramps, and up and downstairs. Color lines represent the subject-independent linear mixed effect regressions. Gray markers,
vertical bars, and lines show each person’s average, standard deviation, and subject-specific linear fit. The asterisk (*)
represents a significant linear trend (p-value < 0.05).

Effective control of the stiffness modulation in walking and running can be connected to the
Dynamic Mean Ankle Moment Arm (DMAMA)?*. DMAMA represents the ratio of sagittal ankle
moment impulse to vertical ground reaction force impulse during the stance phase of gait. Adamczyk?*
results showed that GRFs move closer to the ankle (less forward) with increased walking speed in natural
gait. As a follow-up, Leestma et al. * analyzed persons with transtibial amputations walking on level
ground, ramps, and stairs. They found a positive linear sensitivity of DMAMA (more forefoot dominated)
to stiffness and ground incline while walking with the VSF (see figure 4). This metric, DMAMA, could

be used as a control loop variable to adapt semi-active prostheses to various locomotion modes like



standing and walking on level, ramps, and stairs. In addition, DMAMA could also evaluate the

biomimetic performance of various passive and active prostheses.

Persons with ankle-foot prostheses have poor proprioception in their lower leg due to the
transtibial amputation. As they interact with these prostheses, they use their residual limbs to perceive the
prosthetic ankle-foot mechanics. Shepherd et al.?® added that persons with TTA can repeatably select their
preferred stiffness within a mean coefficient of variation of 14.2% and could identify a 7.7% change in
ankle stiffness with a 75% accuracy. Along with stiffness, individuals also can perceive ankle damping.
For example, Azocar et al.?” reported that persons with amputations could perceive damping changes of at
least 12.0% at the ankle and highlighted those persons with amputations could perceive changes of at

least 11.6% and 13% for ankle and knee stiffness, respectively.

(1)) Knee and hip mechanics
The prosthetic ankle-foot directly affects a prosthetic user’s ability to modulate their ankle torque
and angle. These ankle mechanics also influence more proximal joints like the knee and hip. Ankle
mechanics have dominant contributions to the center of pressure excursion, push-off power, and energy
storage and release. In contrast, knee and hip mechanics heavily contribute to body support during the
stance phase and swinging the leg without floor contact during the swing phase. Common knee and hip
issues with persons with TTA are hyperextended (locked) knees during stance phase, toe scuffing, and

more hip effort during swing phase.



Ingraham et al.?® proposed that even though excess prosthetic ankle work (more than biological
values) has been thought to help reduce hip effort compensations, it may be a diminishing negative return.
In the intact leg, the bi-articular (knee and ankle) gastrocnemius muscle help reduce excessive knee
extension during stance. However, in a prosthetic foot-ankle that does not have that bi-articular restraint,

excessive ankle plantarflexor moment is associated with knee hyperextensiont®2,
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To investigate energy storage and return in walking, Adamczyk et al.3! found that push-off
impairment and its related compensations are related to some asymmetries in walking for people with
unilateral transtibial amputations. Lower prosthetic energy return leads to lower push-off work by the
impaired limb, leading to greater energy loss in the intact leg/ground collision. Prosthesis users may
compensate by adding positive hip work during the intact leg or prosthetic leg stance phase. That
compensation was observed with a semi-active energy-recycling prosthesis, the controlled energy storage,
and return (CESR) prosthesis®2. Segal et al.** showed that using CESR with low stiffness increased
prosthetic push-off (energy return) and decreased intact limb COM collision work compared to using a

conventional foot.
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(iii) Whole-body metrics: center of mass

Beyond the prosthetic energy flow, whole body metrics like energy expenditure and center of
mass mechanics (COM) also need to be discussed. Zelik and Adamczyk3* showed a unified effect of
ankle energy return that contributes to both leg swing and COM acceleration in able-bodied walking.
Zelik et al.*® found that lower prosthetic foot stiffnesses led to higher energy storage, energy return, and
prosthetic limb center of mass (COM) push-off work. Walking energy expenditure in their participants
with TTA was lowest for intermediate stiffness. This statement agreed with Klodd et al.’s suggestion®
that there might be biomechanical disadvantages to the lowest stiffness despite higher energy return. One
biomechanical disadvantage involved the “drop-off” effect in late stance, which is reduced ankle
plantarflexor moment that allows the COM to “drop off” the end of the foot during load transfer from the
prosthetic side to the intact side®. The persons with TTA from Zelik et al.?2 showed higher hip work with
lower energy transfer from the prosthesis to the COM, which could be attributed to higher energy
dissipation at the knee. Spring compliance (inverse of stiffness) influences push-off but has co-occurring
biomechanical trade-offs limiting how push-off can benefit the walking economy (lower metabolic cost).
Additionally, Clites et al.* agreed that subject-preferred stiffness had no correlation with energy

expenditure, but it also found that stiffness tended to be lower for self-selected speed.

(iv) Summary
The distinctive features of sagittal prosthetic mechanics include sagittal ankle, knee, and hip angles,
work, and moments, push-off energy and energy storage, vertical ground reaction force, DMAMA, and

foot clearance.

(d) Prosthetic frontal mechanics in walking

Along with sagittal plane compensations, people with transtibial amputations also have distinctive
frontal (coronal) plane issues. The frontal plane divides the body into front and back. Common
descriptors of frontal plane motion are inversion/eversion and adduction/abduction. Moments are

described as invertor/evertor and adductor/abductor.
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(i) Ankle-foot mechanics
Kim et al.3" performed a test with an ankle-foot prosthesis emulator that modulated

inversion/eversion moments using stiffness trajectories and found that positive ankle inversion stiffness
could lower the active control requirements compared to zero stiffness conditions in flat ground walking.
They alluded to active control being managed by foot placement variability®, margin of stability®, and
intact limb center of pressure control*. Additionally, Velzen et al.** found that the systematic effects of
prosthetic misalignment were evident in horizontal magnitude and moment arm from the ankle of the
frontal ground reaction force (GRF) during late prosthetic stance. They showed that the magnitude of the
mediolateral horizontal GRF was significantly less with an internally rotated prosthesis (inward rotation
of knee along the tibial long axis), compared to knee adduction (knocked knees) and externally rotation
(outward rotation of knee along the tibial’s long axis). Also, the moment arm was more lateral when the

prosthesis was externally rotated.

van Hal et al.*> demonstrated that mediolateral balance is dominated by hip frontal moments and
that passive mechanical stability is dependent on the curvature of the loaded prosthetic foot. In addition,
they investigated the prosthetic roll-over curvatures and found that a limiting factor for applying frontal
moments is the lagging (hysteresis) of the center of pressure displacement due to material compliance and
slip of the shoe, which suggests that shoe design to prevent these issues is essential to consider.

Segal and Klute**** found that recovery strategies differ minimally between stiff and compliant prosthetic
feet. They suggested that prosthetic mediolateral compliance is less necessary, and hip frontal moments
during the stance phase may be necessary.

Ramstrand and Nilsson*® showed no significant difference in stair walking between persons with
amputations and non-disabled individuals in foot placement (foot entirely on the stair) and foot clearance.
However, for stair ascent and descent, the persons with amputations walked with a slower velocity and
cadence, increased stance phase and double support time, and increased their step width compared to the

non-disabled individuals.



(if) Knee/Hip mechanics
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Boone et al- % investigated the perturbation effects of TTA prosthetic misalignment on the

sagittal and frontal (coronal) socket reaction moments. These prostheses had misalignment perturbations

of 3 and 6 deg rotation (adduction/abduction) and 5 and 10 mm translations (medial and lateral).

Compared to normal alignment, frontal socket moments had the most statistically significant differences
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Figure 6: Normalized socket reaction moment in response to frontal (coronal)
angular and translational socket changes from Boone et al.3¢ The frontal socket
reaction moments were shown for angular perturbations (Graph A) and
translational perturbations (Graph B).

at 30% and 75% of the stance
phase for all angles and translation
perturbations (see figure 6). Royer
and Wasilewski*’ demonstrated
that persons with unilateral
transtibial amputations had 46%
and 39% higher peak knee and hip
internal abduction moments on the
intact side compared to the
prosthetic side. The participants
also had 17% and 6% higher peak
knee and hip external abduction
moments on the intact side
compared to the prosthetic side.
These results suggest higher joint
loading on the intact side, which
may predispose the participants to
premature joint degeneration like

knee osteoarthritis.



Morgenroth “® investigated the
potential contributors to knee osteoarthritis
in persons with lower-limb amputations (see
figure 7). They found a negative correlation
of higher prosthetic push-off with lower
first peaks of intact knee external adduction
moments (KEAM). Jin et el*® added that
higher first peaks of KEAM and higher
loading rates were also associated with
using higher damped prosthetic feet vs.
lower damped ones. When looking at sloped
walking, Doyle et al.>° showed that the first

peak of KEAM and the rate at which
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Figure 7: sagittal and frontal representations (A and B) of prosthetic and
intact side collision and push-off. Graphs of vertical GRF (C), prosthetic
foot-ankle power (D), and intact knee external adduction moment (E)

vs. percentage of stride were shown from Morgenroth et al.*!

KEAM increased (KEAM loading) were the only significant results where downbhill had the largest

KEAM loading compared to flat, uphill, and right and left cross slopes.

Rueda et al.>*-%® showed that participants with TTA walked with less hip abductor and valgus

(knee) moments on the prosthetic side compared to the intact side and the non-disabled subjects. They

also found that the thorax frontal range of motion increased, indicating mediolateral compensation to

accommodate the prosthetic vs. intact frontal moments. Ventura et al.>* showed that subjects who walked

along a circular path primarily relied on larger sagittal hip joint work to turn compared to persons with no

amputations who relied on more sagittal ankle work with the residual leg in and outside of the turn.

Additionally, Segal et al.® found that persons with TTA have decreased prosthetic mediolateral ground

reaction impulse and stride length suggesting a more centered COM over the base of support, which may

lower the risk of falling.
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(iii) Whole-body metrics: center of mass and angular momentum

A useful measure of dynamic walking stability is the margin of stability (MOS), which

incorporates the relationship of COM movement and foot placement in the person staying upright while

walking®. The margin of stability is the mediolateral distance between the edge of a person’s base of

support and the velocity-adjusted (extrapolated) position of the center of mass at an instant of time. Gates

et al.* found that persons with TTA who walked on a loose rock surface had larger average minimum

margins of stability (min MOS) than their non-disabled participants. In addition, persons with TTA had

decreased min MOS on their prosthetic limb compared to the intact limb. Overall, these non-disabled

people and persons with TTA had increased step width mean and variability, COM range of motion, and

peak COM velocity when walking on a rocky surface. Interestingly, the persons with TTA had higher

variability of step width and min MOS, which may indicate that they are making larger step-to-step

corrections to achieve the same average result.
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Figure 8: conceptual diagram (A) and
numerical graph (B) showing the relationship
of the center of mass (COM) mediolateral
position, extrapolated COM (xCOM), base of
support (BOS), and margin of stability (MOS)
from Beltran et al.%¢

Beltran et al.* tested persons with TTA and non-

[
i%m disabled individuals on walking trials on the Computer
I
1

Assisted Rehabilitation eNvironment (CAREN). The
conditions involve no perturbations and pseudo-random
mediolateral translations of the visual field and platform (see
figure 8 for MOS representation). Persons with TTA had a
larger mean and variance of the MOS in the platform
oscillations compared to the non-disabled walkers, but not the
visual oscillations, which the authors attributed was due to
people with TTA having a lack of active ankle control and

ankle proprioception. ¥

In Miller’s Master’s thesis®, they looked at the

balance recovery mechanisms of persons with TTA following



15

mediolateral translational perturbations using a pneumatic device attached to the ankle. They found that
participants had decreased range of frontal angular momentum and increased hip joint work for lateral
perturbations and decreased hip joint work and increased range of frontal angular momentum for medial
perturbations. Shell et al.*® investigated the mechanical effects of decreased frontal stiffness of the
prosthetic ankle with persons with TTA walking on a circular path. When their residual limb was on the
inside of a 1m circular turn, the frontal hip work increased, decreased residual and increased intact limb

vertical ground reaction impulses, and the frontal range of whole-body angular momentum decreased.

(iv) Summary
The distinctive features of prosthetic frontal mechanics include frontal ankle, knee, and hip moments
and work, step width, mediolateral and vertical ground reaction force, margin of stability, and frontal

angular momentum.

(e) Lower limb sensor feedback in prosthetic walking

(i) Identifying prosthetic state
There are many ways of identifying the spatiotemporal properties of a person wearing a prosthetic

lower limb. Several measurements systems that are utilized contain force or pressure plates,
optoelectronic, wearable motion capture devices (inertial measurement units), and smart clothes. In the
laboratory, one of the most common methods utilizes the motion capture system with infrared cameras
(optoelectronic) and reflective markers, and force plates. This method yields high precision and intra-trial
repeatability but lacks portability, and its results are sensitive to setup. A methodology that has become
more popular>® and helps determine the human body’s kinematics (translational and rotational position,
velocity, and acceleration) is the use of Inertial Measurement Units (IMUSs). To add further information
about the interaction of the prosthetic device with the environment, load cells® can be used to identify the

kinetic interaction (translational and rotational forces and moments).
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(i) Kinematic and kinetic sensing of gait events

Many currently produced IMUs contain gyroscopes, accelerometers, and magnetometers that
measure rotational velocity, translational acceleration, and earth’s magnetic North (to help with
integration drift). Several IMU-based methods® have been used to identify gait events like heel contact
and toe-off with IMUs attached to the foot, pelvis, or shank. When combined with portable force sensors
like load cell or foot pressure soles, the gait detection algorithms® improved the robustness of identifying
transitions between gait events (stance to swing) and sub-phase events of stance and swing.

Washabaugh et al.5! showed that IMUs had moderate to high validity of spatiotemporal gait
parameters in healthy young adults among multiple days of walking speeds and were repeatable on
treadmill and overground walking. In addition, they found that motion reconstruction, which depended on
foot IMUs, gave better gait parameters than placing the IMU at the ankle.

Li et al.®? developed and tested a walking speed estimator that used a shank-mounted IMU
(gyroscope and accelerometer) with relatively high accuracy (under 5% error) for various treadmill
speeds and slopes. The estimator was statically calibrated to determine the gravity axis and modeled the
shank’s movement like an inverted pendulum. This model sets the horizontal velocity of the IMU to zero
when the shank is vertical (around mid-stance).

Rebula et al.®® demonstrated that a foot-mounted IMU could be used to estimate mean stride
lengths and duration within 1% of motion capture. They displayed the success of motion reconstruction
using the zero-velocity property when the foot is flat on the ground (referred to as a zero-velocity update).
Also, they offered the algorithm steps for motion reconstruction of step segmentation, rotational
orientation estimation, translational velocity estimation, and trajectory formation (see figure 9 on the

following page). Kitagawa et al.®* added foot clearance calculations as an output to the previous motion
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reconstruction method. They
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Figure 9: Motion reconstruction steps with representative data trajectories from foot clearance during the
Rebula et al.””

swing phase as the vertical displacement of the foot IMU from the floor. The minimum foot clearance

(MTC) is associated with tripping and falling if the value is too low®.

(iii) Locomotion modes
Previous work®® has shown the validity of locomotion mode classification in transtibial prostheses
discerning between level-ground walking, stair ascending, stair descending, ramp ascending, and ramp
descending. They used two IMUs (shank and foot), where the studies had more than a 95% recognition
accuracy for each locomotion mode. Sup et al.®” showed that two slope angles (5 and 10 degrees) were
detected and estimated in knee/ankle prosthetic walking. They used a three-axis accelerometer attached
axially along the prosthetic shank and two load cells (one under heel and another under ball of foot) to

detect when the prosthetic foot is parallel with the ground.

(iv) Feedback in lower limb prosthetic walking
Feedback in prosthetic gait is essential to help the users achieve functional gait. Ankle-foot
stiffness and ankle angle have commonly been used as the feedback variable to adjust gait mechanics.
Clites et al.® found that participants with transtibial amputations preferred lower ankle stiffness at self-

selected treadmill walking speeds and the same/higher stiffness for faster self-selected overground
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walking. These preferred stiffnesses were associated with kinematic symmetry between prosthetic and
intact joints but not with body mass or metabolic rate.

Best et al.% presented a phase variable controller for a powered knee-ankle prosthesis that
adjusted knee and ankle mechanics depending on various speeds and inclines. They developed a task
estimator with a joint position controller, and it identifies steady gait, speed estimation, incline estimation.
Their closed-loop controller contained a knee and ankle actuator, one IMU on the thigh, and a load cell at
the ankle. It was robust to discontinuous task changes and converged in less than five steps to the

specified target.

(v) Summary
The key uses of lower limb sensor feedback in prosthetic walking include: using inertial
measurement units and load cells to detect prosthetic state; estimating gait events like heel strike, toe-off,
and leg swing; reconstructing prosthetic movement, ground reaction forces, and joint moments;
classifying if the gait is over flat or sloped ground; and finally using the prosthetic sensor feedback to

adjust ankle-foot stiffness and angle.

(f) Gaps and research opportunities

Persons with unilateral transtibial amputations need appropriate ankle-foot prostheses for walking.
They have typical gait deviations and compensations of hip circumduction, toe scuffing, weak prosthetic
side push-off, hyperextension on the prosthetic side, higher intact side collision work, and knee
osteoarthritis on the intact side. A passive prosthetic ankle-foot device replaces some of the functionalities
of the biological structures of the ankle-foot system. Semi-active prostheses attempt to recover more of
the biological ankle mechanics. This dissertation will focus on designing and testing two semi-active
prosthetic properties of stiffness and ankle angle control: Variable Stiffness Foot (VSF) and Two-Axis
aDaptable Ankle (TADA). These semi-active prostheses will be built to sense ankle angle, foot motion,
and ankle moments using intrinsic position sensors, an IMU, and a load cell. Though these prosthetic

sensors are limited to detecting ankle kinematics and kinetics, data will also be collected for the knee, hip,
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and summative mechanics to observe the effects of the ankle-foot prosthetics on the prosthetic user. The
main objective of this dissertation is to create semi-active ankle-foot prostheses based on stiffness and
ankle angle control properties. It will also characterize their effectiveness using ankle, knee, hip angles

and moments, pylon moments and impulses, ground reaction force, and center of mass movements.

(g) Research Questions for this Dissertation

The main research questions for this dissertation are as follows:

1. What are the biomechanical effects of modulating forefoot stiffness on knee and ankle mechanics
on persons with transtibial amputations walking with the Variable Stiffness Foot?

2. How to implement a real-time motor control for the new Two Axis aDaptable Ankle using a
Raspberry Pi, ROS, and CANopen over EtherCAT?

3. What is the Influence of Prosthetic ankle-angle and walking speed on Pylon moments of the Two

Axis aDaptable Ankle?
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Chapter 2. Sensitivity Analysis of Variable Stiffness Foot

(@) Introduction

The objective of the past work was to identify the significant sagittal joint mechanics that are affected
by changes in forefoot stiffness using the Variable Stiffness Foot (VSF) in flat overground walking with
human participants with transtibial amputation. The VSF# is a prosthetic foot that allows real-time
modulation of forefoot stiffness during the swing phase of walking. This objective focused on exploring
moments, and powers, vertical ground reaction forces, and energy and power flow through the
prosthesis)®®. Forefoot stiffness is one of the main variables that allows prosthetic users the ability to
adapt their gait. Adaptable stiffness of a prosthetic ankle-foot is important as many commercially
available passive prostheses are constant-stiffness devices, so a user with an adaptable stiffness prosthesis

replaces the functionality of multiple commercial prostheses that each have one stiffness option.

(b) Variable Stiffness Foot (VSF) Description

The Variable Stiffness Foot (VSF)? offers a semi-active foot prosthesis that modulates forefoot
stiffness during the swing phase. The VSF has a rigid ankle, and its forefoot acts as an overhung beam
that can modulate the forefoot stiffness by adjusting a support fulcrum to change the overhang length. The
VSF is a semi-active device where power is not supplied to move the body while the foot is on the
ground. Instead, it supplies minimal power when the foot is in the air moving the fulcrum while the motor
load is low. The fulcrum position is changed with a motor, belt, and pulley system and is positionally
tracked using a potentiometer. This semi-active nature allows the VVSF to be lightweight and low power
compared to active prostheses, where power is supplied during foot/ground interaction. The VSF’s motor
commands and data collection are managed using a microcontroller with embedded software
programming in the C language. The microcontroller also has an embedded inertial measurement unit

(IMU) to track the foot’s trajectory in real-time.
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(c) Sensitivity of Joint Mechanics to Various Forefoot Stiffnesses of the Variable Stiffness
Foot (VSF) in level-ground walking

Published in Journal of Biomechanics (manuscript below is the published material)™
Abstract

This paper presents the effects of the Variable Stiffhess Foot (VSF) on lower-
limb joint mechanics in level-ground walking. Persons with transtibial amputations use lower-limb
prostheses to restore level-ground walking, and foot stiffness and geometry have been shown to be the
main factors for evaluating foot prostheses. Previous studies have validated the semi-active and stiffness
modulation capabilities of the VSF. The core aim of this study is to investigate the mechanical effects of
adjusting stiffness on knee and ankle mechanics for prosthetic users wearing the VSF. For this study,
seven human participants walked with three different stiffnesses (compliant, medium, stiff) of the VSF
across two force plates in a motion capture lab. Linear mixed models were utilized to estimate the
significance and coefficients of determinations for the regression of stiffness on several biomechanical
metrics. A stiffer VSF led to decreased ankle dorsiflexion angle (p < 0.0001, r? = 0.90), increased ankle
plantarflexor moment (p = 0.016, r?> = 0.40), increased knee extension (p = 0.021, r? = 0.37), increased
knee flexor moment (p = 0.0007, r? = 0.63), and decreased magnitudes of prosthetic energy storage
(p < 0.0001, r? = 0.90), energy return (p = 0.0003, r> = 0.67), and power (p < 0.0001, r? = 0.74). These
results imply lower ankle, knee, and hip moments, and more ankle angle range of motion using a less stiff
VSF, which may be advantageous to persons walking with lower-limb prostheses. Responsive modulation
of the VSF stiffness, according to these findings, could help overcome gait deviations associated with

different slopes, terrain characteristics, or footwear.

Introduction

The primary function of lower-limb prostheses for persons with amputations is to restore
overground walking. Still, these prosthetic devices are also necessary for standing and walking on stairs,
ramps, and uneven terrain. In particular, transtibial prostheses attempt to return walking functionality by

mimicking some aspects of the lost human ankle-foot mechanics. These lost mechanics include altered
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ankle push-off energy and power, and ankle angle motion (Adamczyk et al., 2017; Adamczyk and Kuo,
2015; Fey, 2011). This attempt to restore walking for prosthetic users is difficult as the influence of
prosthetic parameters like stiffness and geometry on ankle and knee mechanics is not fully understood,
and is variable across terrains and locomotor behaviors. The difficulty in universally recreating the human
ankle function in terms of ankle-foot geometry and ankle angle and torque relations instigates a need for

improved mechanical adaptability of the prostheses (Adamczyk et al., 2017).

Energy Storage and Return (ESR) prostheses are the standard solutions to offer some passive
adaptability and returned functionality to prosthetic users. ESR prostheses absorb mechanical energy
using viscoelastic deformation as they are loaded and return that energy when unloaded during push-off.
To assess the usefulness of the ESR prostheses, one proposal*? created standardized tests to establish
essential features to evaluate prosthetic feet for prescription. Another report (Major et al., 2011) put
forward that transtibial prostheses can be differentiated by three main factors: normal stiffness (superior-
inferior direction to foot) and foot geometry, and to a lesser extent, shear stiffness. (Raschke et al., 2015)
found that persons with amputations preferred less stiff (normal stiffness) feet while walking, which was
associated with 15% lower peak sagittal prosthetic socket moments. Furthermore, (Fey et al., 2011) found
that decreased foot stiffness leads to an increased prosthetic range of motion (ankle), mid-stance energy
storage, and late stance energy return. These factors of prosthetic socket moments, ankle angle range, and
energy storage and return are affected by changes in foot stiffness, and are important when considering

the adaptability of ESR prostheses.

To further explore the effect of foot stiffness on walking mechanics, (Adamczyk et al., 2017)
examined the hind/forefoot stiffness effects on prosthetic walking for various stiffnesses and walking
speeds. They found that increasing hindfoot stiffness yields decreased prosthesis energy return and
increased ground reaction force (GRF) loading rate, knee flexion angle (stance phase), and knee extensor
moment. Moreover, they found that increasing forefoot stiffness yields decreased prosthetic ankle and

center of mass push-off work, and larger knee extension angle and knee flexor moment in late stance.
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L F Also, (Klodd et al., 2010) reported that

dorsiflexion angle and ankle plantarflexor

moments increased with a stiffer forefoot.

To alter ankle and knee mechanics, the
Variable Stiffness Foot (VSF) offers a semi-

active foot prosthesis that can modulate its

highlighting the cantilever mechanics from Glanzer and forefoot stiffness during the swing phase. The
Adamczyk, 2018. The ground reaction force on the foot acts

at “F,” the beam is supported at “B,” and pinned at “A” © 2018~ \/SF (Glanzer and Adamczyk, 2018) has a rigid
ankle, and its forefoot acts as an overhung beam that can modulate the forefoot stiffness by adjusting a
support fulcrum to change the overhang length (parameter a in Fig. 10). The VSF is a semi-active device
where power is not supplied to move the body while the foot is on the ground, but minimal power is
supplied when the foot is in the air to move the fulcrum, while the motor load is low. This semi-active
nature allows the VSF to be lightweight and low power compared to active prostheses, where power is

supplied during foot/ground interaction. (Glanzer and Adamczyk, 2018) reported that VVSF users

displayed greater energy storage and return with lower stiffnesses.

The VSF offers the ability to change forefoot stiffness during movement, so the mechanical
effects of the stiffness change and its benefits to different tasks need to be experimentally determined.
This study focuses on characterizing the kinetic and kinematic response of participants with transtibial
amputation in level-ground walking using the VVSF at three different stiffnesses. Based on the findings
from fixed component stiffness changes (Adamczyk et al., 2017), we hypothesize that increasing forefoot
stiffness will lead to kinematic changes, including decreasing ankle dorsiflexion and increasing stance-
phase knee extension angles; joint moment changes, including increasing plantarflexor moment and knee
flexor moment; changes in energy and power, including decreasing prosthetic energy storage, energy
return, and peak power output; and GRF changes, including increasing second peak of vertical ground

reaction force and increasing off-loading rate.
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Number of
years post- | Body | Body Walking
Age Amputated | amputation | mass | height | Leg speed
Subject (years) | Sex | side (years) (kg) | (m) length(m) | (m/s)
1 70 M L 14 83.8 1.8 0.978 1.24
2 61 F R 8 63.8 | 1.63 0.874 1.22
3 34 M R 15 773 | 1.81 0.942 1.25
4 46 M R 5 104 1.9 1.06 1.42
5 51 M R 8 111 1.75 0.95 1.18
6 44 M L 19 75 1.72 0.93 0.679
7 56 M R 3 105 1.83 0.96 0.653
Average 51.7 - - 10.3 88.6 | 1.78 0.956 1.09
standard |, 4 | _ - 582 | 181 | 0.087 | 0056 | 0.301
deviation

Table 1. Subject characteristics with mean and standard deviations of age, sex, amputated side, number
of years post-amputation, body mass, body height, leg length, and walking speeds for seven subjects.

Methods

Seven participants (characteristics shown in Table 1) with unilateral transtibial amputation were
included in this study after giving written informed consent according to procedures approved by the
University of Wisconsin-Madison Health Sciences Institutional Review Board (protocol #2017-0678).
Participants were included under the criteria: having a unilateral transtibial amputation with stable socket
fit, being at least six months post-surgery, being able to comfortably walk a minimum of 30 minutes
without aid, and being able to walk comfortably on level ground, stairs, and ramps. Exclusion criteria
included the presence of neuromuscular disorders, sores or current injuries, or surgery within the past six
months. The VSF was fitted onto the participants and aligned in its Medium stiffness setting (see settings
below) by a certified prosthetist. Subjects were given a short (ten-minute) acclimation period in which

they walked freely about the laboratory space.

The participants performed three over-ground walking trials for each of the three different VSF
stiffness settings. Compliant, Medium, Stiff settings ranged from 13 to 32 N/mm. Body mass was used
for scaling the Compliant stiffness to ensure that the minimum stiffness prevented the prosthetic keel

from contacting the internal safety limit. The Compliant condition had an estimated mean and standard
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deviation of 15.4+1.53 N/mm. The Stiff condition was set to be 32 N/mm, and the Medium condition
(23.8+0.74 N/mm) was set as the halfway point of the Compliant and Stiff conditions. Body kinematics
were recorded using optical motion capture (twelve Optitrack Prime 13 cameras, Natural-Point, Inc.,
Corvallis, OR, USA). Marker clusters were placed on each segment of both lower limbs (thighs, shanks,
and feet), with additional markers placed on anatomical landmarks (medial and lateral malleoli on the
intact ankle, medial and lateral epicondyles bilaterally, bony prominences of the pelvis), and several
locations on the VSF prosthesis. Three markers were placed on the pylon/VSF rigid frame, and three
more each on the heel and toe areas (center, lateral, and medial). Minor adjustments were made to
accommodate differences in individuals' prosthesis componentry. Ground reaction forces were collected
using two force plates (Bertec, Inc., Columbus, OH, USA). Motion capture and force plate data were
recorded at 200 and 1000 Hz, respectively. All signals were resampled and scaled to 0 to 100% stance

phase, approximately 0 to 60% stride cycle.

Motion capture
- cameras -

N\ \%

Walking speed was tracked as subjects

walked across the force plates using the pelvis

3 trials per stiffness

segment from motion capture (Fig. 11). At the

— &
Consistent self-selected speed

Prostiistle beginning of the trials, a comfortable target walking
VSF speed was selected for each subject (see Table 1),
and subjects were asked to maintain that speed

consistently. Trials were rejected if the speed

exceeded the bounds + 0.12 m/s or the feet were not

Force pIates cleanly on force plates. Attempts continued until
Fig. 11. Side facing diagram showing a person with a transtibial
amputation walking with the Variable Stiffness Foot (VSF) three successful trials were recorded in each

across two force plates in a motion capture lab. They walked at

a consistent speed for 3 trials per stiffness (total of 9 trials). condition. Testing Was repeated similarly for the

other conditions in randomized order, with five minutes between to rest and then to acclimate to each
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stiffness setting by walking in the laboratory area. Stiffness settings were concealed from the participant
and prosthetist by referring to them only by randomized condition numbers, although subjects could

likely perceive the stiffness changes during use.

Standard lower-body joint kinematics and inverse dynamics were computed using a lower-body
model in Visual 3D (C-Motion, Inc., Germantown, MD, USA). Functional joint centers for the hips and
knees were calculated using the Gillette algorithm (Schwartz and Rozumalski, 2005) to establish the
rotation axes. The point along that axis representing the knee joint center was determined as a projection
from the midpoint of the medial and lateral epicondyles. An estimated anatomical joint center was used
for the intact ankle (midpoint between malleoli). A chosen geometric location was used to specify the
VSF ankle joint on the prosthetic side (0.1 m above the floor and 0.05 m anterior to the heel marker). This
geometric definition of the VSF ankle was arbitrary because it lacks a true joint rotation axis; it was
chosen as a systematic way to define the prosthetic ankle joint for all subjects. Leg length was measured
from the floor to the greater trochanter. The segments’ masses were estimated from body mass according
to standard anthropometric tables within Visual3D; prosthetic leg mass was not changed from this
anthropomorphic assumption. All body segments were modeled as 6-degree-of-freedom rigid bodies

(Cappello et al., 1997).

Motion and force data were low-pass filtered using 4th order, bidirectional Butterworth filters
with 10 and 25 Hz cutoffs, respectively. Lower-limb joint angles, moments and powers were estimated
from standard inverse dynamics calculations. The prosthesis’s power and energy absorption and return
were calculated using the unified deformable segment model (UD power) (Takahashi et al., 2012) to
avoid reliance on the precise ankle joint definition. Energy storage and return in the keel were calculated
as the negative and positive parts of the time integral of UD power, excluding initial heel contact (the first
20% of the stride) to capture only the forefoot contribution. Energy was separated into storage (negative)
and return (positive; also known as push-off) regions to investigate these separate consequences of

forefoot stiffness modulation.



27

The results were sorted, processed, and graphed using MATLAB (The Mathworks, Natick, MA
USA) in the form of hip, knee, and ankle angles, moments, and powers (Adamczyk et al., 2017). Peak
values on the prosthetic side were recorded for the following variables: ankle dorsiflexion angle, ankle
plantarflexion moment, midstance knee extension angle, midstance knee flexor moment, UD Power, the
second peak of vertical Ground Reaction Force (VGRF), prosthetic energy storage, prosthetic energy
return, and vVGRF off-loading rate (slope of vGRF vs. time between the time-point of 250 N to the 0 N
time-point (Adamczyk et al., 2017)). The “midstance” peaks were chosen between 30% and 55% of the
stride cycle. Each metric was averaged across all trials for each stiffness setting to give one mean value

per stiffness for each subject.

Linear mixed-effects (LME) models (Leestma et al., 2021) were used to estimate the sensitivity
of these prosthetic-side metrics to stiffness settings, their significance (p-value), and the coefficients of
determination (r2) of their regressions. To investigate the participant-independent effects of the stiffness
changes on joint mechanics, the LME model treated the stiffnesses as the fixed effects. The differing
offset across participants was modeled as a random effect. Coefficients of determination were adjusted to
account only for the explanatory value of the linear term and not the individualized offsets (random
participant effects). All outcome measures were redimensionalized (Adamczyk et al., 2017) using an
average subject’s body mass (M = 88.6 kg), standing leg length (L = 0.956 m, greater trochanter to

floor), and gravitational acceleration (g, 9.807 m/s/s). We used Mg for forces, MgL for work and

moment, Mg./ gL for power, and Mg \/% for force rate of change.

Results
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Representative joint mechanics data are shown in Fig. 12, and comprehensive statistical results of

the LME regression are shown in Table 2 and Fig. 13.
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Fig. 12. Prosthetic-side joint mechanics for a representative subject walking with the Variable Stiffness Foot (VSF). First
row is prosthetic angles for ankle and knee; second row is the prosthetic moments for the ankle and knee; the third row is
the Unified Deformable-body (UD) push-off power and vertical ground reaction force for the prosthetic side. Mean curves
across trials for each stiffness condition are plotted, and data is shown for the prosthetic stance phase from heel strike to
toe-off. Grey rectangles represent the region of concern for each variable where the peaks or areas are considered.
Asterisks (*) were included after the words, “area” and “peak” to highlight the variables which had statistical significance
with changes in stiffness.

A software fix was implemented to synchronize the data for three subjects due to an unexpected
sampling rate change in the instrumentation, where the motion capture and force plate lost
synchronization. Based on observed toe-off events from the other subjects, the first vertical ground
reaction force frame before toe-off with a magnitude below 10N was synced with the maximum inferior
displacement of the toe marker relative to the foot reference frame, which occurred due to recoil of the

elastic keel just as the foot left the ground.

Some trials were rejected during post-processing due to participants' incomplete contact with
force plates, missing markers, and faults in the VSF (Subject 6). Subjects 2 — 4 and 6 were missing a trial

at the highest stiffness, Subject 6 was missing a trial at the lowest stiffhess, and Subject 4 did not

\
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complete testing for the lowest stiffness. In total, 55 of the original 63 trials were kept for statistical

analyses.
Prosthetic Side Non-dimensionlized Redimensionlized

o |G G [ | S | e i e s [0 OB W VR[S SR e

Ankle|  Angle (dorsiflexion +) 9.41 2.35 7.8 2.04 5.46 1.9 -2.2 121 0.899 <0.0001| Deg | 9.41 2.35 7.8 204 | 546 19 -2.2 12.1

Moment (dorsiflexor +) -0.148 0.0218 | -0.148 0.0229 | -0.154 0.0224|-0.00582 -0.136 0.396 0.016 | Nm | -123 181 | -123 19 -128 186 -4.84 -113

Knee Angle (extension +) -5.19 4.76 -3.7 6.28 -1.82 6.72 1.95 -7.63 0.372 0.0205 | Deg | -5.19 4.76 | -3.7 6.28 | -1.82 6.72 1.95 -7.63

Moment (extensor +) 0.00079 0.0176 | -0.00806 0.0199 | -0.0199 0.0235| -0.0114  0.0144 0.632 0.0007 | Nm | 0.653 14.6 | -6.69 16.6 | -16.5 19.5 -9.45 12

GRF Vertical 2nd peak 0.959 0.0263 | 0.935 0.0667 | 0.959 0.0832| 0.0124 0.918 0.12 0.225 N 833 228 | 812 579 | 833 723 10.8 797
Vertical Off-loading Rate -7.46 2.82 -8.02 273 -8.4 3.21 -0.33 -7.39 0.227 0.0848 | N/s |[-20800 7850 |-22300 7590 |-23400 8930 -918 -20600

ub Energy Storage -0.0133 0.00387|-0.00937 0.0043 |-0.00671 0.0031| 0.0029 -0.0153 0.903 <0.0001 J -36.9 3.21 | -7.78 3,53 | -557 2.56 2.4 -12.7

Energy Return 0.0174 0.0055 | 0.0177 0.0059 | 0.0142 0.0055 |-0.00232 0.0216 0.672 0.0003 J 483 457 | 147 493 | 118 454 -1.93 17.9

Push-off Power 0.0559 0.0203 | 0.0568 0.0259 | 0.0453 0.0245|-0.00921 0.0736 0.739 <0.0001| W 156  56.5 158 72.1 126 68.2 -25.6 205

Table 2. Assessed biomechanical metrics with their associated means for each stiffness (Compliant, Medium, Stiff),
slope of the Linear Mixed Effects regression against stiffness (the slope indicates the change in the relevant
quantity per level of stiffness), mean intercept across subjects, adjusted r2, and p-value. GRF represents Ground
Reaction Force, SD represents Standard deviation, and UD represents Unified Deformable-body. Results are
presented in dimensionless form and redimensionalized according to average subject characteristics.

Joint Angle: Results showed that during late stance, the peak dorsiflexion angle significantly
decreased with increasing stiffness (p<0.0001, r2=0.90). During mid-stance, the peak knee extension

angle significantly increased (less negative) with increasing stiffness (p=0.021, ?=0.37).

Joint Moment: Results showed that during late stance, the peak plantarflexor ankle moment
increased in magnitude (more negative) with increased stiffness (p=0.016, r?=0.40). Likewise, peak knee
flexor moment during midstance increased in magnitude (more negative) with increasing stiffness

=0. , °=0.63).
(p=0.0007, 2=0.63)

Prosthesis energy storage, energy return, and power flow: Results showed significantly
decreased magnitudes of energy storage (p<0.0001, r?=0.90), energy return (p=0.0003, r?=0.67), and

peak UD power (p<0.0001, r?=0.74) with increasing stiffness.

Ground reaction forces: Results showed no significant dependence on stiffness for the 2™ peak of

VGRF (p=0.23, r?=0.12) and the off-loading rate of the prosthetic foot (p=0.085, r?=0.23).

Hip mechanics: Additional to the hypotheses, prosthetic-side hip mechanics were also calculated

to observe the effect of VSF forefoot stiffness. With increasing VSF stiffness, there was a trend toward
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increasing peak magnitude of hip flexor moment (p=0.045, +?=0.30). There were no significant trends for

early-stance hip flexion angle, late-stance hip extension angle, late-stance hip power, and net stance-phase

hip work.
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Fig. 13. Linear mixed-effect regressions for ankle and knee angles and moments, Unified Deformable-body (UD) power,
prosthesis energy storage and energy return, vertical Ground Reaction Force (VGRF), and vGRF offloading rate for the non-
dimensionalized data, with respect to stiffness settings. Stiffness settings 1, 2, 3 relate to Compliant, Medium, and Stiff
stiffnesses, respectively. The grey bar represents the linear mixed effects fit of all subjects. One subject did not have data for the
lowest stiffness setting. Asterisks (*) were included in the top right area for the variables which had statistical significance with
changes in stiffness.

Discussion

The main purpose of this study is to examine the influence of modulating forefoot stiffness on
knee and ankle mechanics for prosthetic users wearing the Variable Stiffness Foot (VSF). Results (Fig.
13) showed that increased VSF stiffness led to decreased peak ankle dorsiflexion angle, increased peak
plantarflexor moment, increased peak flexor knee moment, increased peak knee extension angle,
decreased magnitudes of energy storage, energy return, and peak UD power. These results supported most
of our hypotheses. These results imply lower ankle, knee, and hip moments and more ankle angle range of

motion using a less stiff VSF. According to these findings, responsive modulation of VVSF stiffness could
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help overcome gait deviations associated with different slopes (e.g. knee hyperextension on uphills or
instability on downhills), terrain characteristics (e.g. soft ground), or footwear. In addition, persons with
transtibial amputations tend to have problems with knee hyperextension (Adamczyk and Kuo, 2015), so a

less stiff VSF can help reduce knee extension.

Previous stud® (Adamczyk et al., 2017; Raschke et al., 2015) proposed that active people with
transtibial amputations tend to prefer soft (less stiff) prostheses due to the dominance of kinetics over
kinematics in ESR interactions, compared to stiffer settings of an adjustable stiffness prosthetic foot
(Adamczyk et al., 2017) and other commercial prostheses (Raschke et al., 2015). Also, softer forefoot
associated with higher energy return could help with ground clearance due to increased leg swing

acceleration (Darter and Wilken, 2014; Wu and Kuo, 2016; Zelik and Adamczyk, 2016).

In the ESR prosthetic literature, three (Glanzer and Adamczyk, 2018; Lecomte et al., 2021;
Shepherd and Rouse, 2017) semi-active devices specialize in giving prosthetic users the customizability
to change the ankle and forefoot stiffness: Variable Stiffness Prosthetic Ankle (VSPA), Variable Stiffness
Ankle (VSA), and Variable Stiffness Foot (VSF). VSPA (Clites et al., 2020; Shepherd and Rouse, 2017)
utilizes a cam-based transmission to allow selectable nonlinear ankle torque-angle curves to mimic intact
gait and modulate forefoot stiffness through motorized leaf spring configurations. Similarly, the VSA
(Lecomte et al., 2021) used a variable leaf-spring design within an ankle module atop a standard flexible
prosthesis. Gait testing with both VSPA (Shepherd and Rouse, 2017) and VSA (Armannsdattir et al.,
2021) demonstrated decreased peak dorsiflexion angles, and the VSPA showed increased peak
plantarflexor moment with increased stiffness. Together with the present study and prior studies of fixed-
component stiffness changes (Adamczyk et al., 2017), this evidence builds up the mechanistic

understanding of how parametric changes in prosthesis properties affect typical walking.

Another important consideration is the VSF's potential contribution to the musculoskeletal health
of its users. The higher push-off work of the lower VSF stiffnesses could contribute to lower first peaks of

intact-side knee external adductor moment, potentially leading to a reduced risk of knee osteoarthritis
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(Baliunas et al., 2002; Morgenroth et al., 2011), which is a major issue for persons with unilateral
amputation (Struyf et al., 2009). Prosthesis users also face difficulties with gait symmetry (Dingwell et
al., 1996). Asymmetric gait for persons with unilateral amputation may be unavoidable because passive
prostheses cannot completely replace the lost prosthetic-side push-off work (Adamczyk and Kuo, 2015);
but, fortunately, these compensations can be reduced. Preferred stiffness using the VSF could increase the
kinematic symmetry between the intact and prosthetic sides, as shown with the VSPA (Clites et al.,
2021). Finally, the VSF could have beneficial effects in mitigating knee hyperextension or instability on
up- or down-slopes, respectively. Knee hyperextension can be caused by high socket moments when the
uphill ground moves the center of pressure (COP) toward the toes (Leestma et al., 2021) and can be
uncomfortable and potentially injurious to the prosthetic-side knee. Softening the VSF may help to limit
this effect. On the other hand, down-slope gait can keep the COP too near the heel (Leestma et al., 2021),
forcing the knee into flexion, which many persons with amputation find difficult to control and which
may lead to falls (Williams et al., 2006). Stiffening the VVSF forefoot can help stabilize against such
instability. These potential benefits require not just prostheses of different stiffnesses, but rather the
ability to actively modulate stiffness as different environments are encountered, as enabled by the VSF

and related technologies.

Effective control of the stiffness modulation can be connected to the Dynamic Mean Ankle
Moment Arm (DMAMA\) (Adamczyk, 2020). DMAMA represents the ratio of sagittal ankle moment
impulse to sagittal ground reaction force impulse in stance phase, capturing how forefoot-dominated the
ground interaction is. Tests (Adamczyk, 2020) of DMAMA showed that in natural gait, GRF impulse
moves closer to the ankle (less forward) with increased walking speed. As a follow-up, (Leestma et al.,
2021) analyzed companion data from level-walking, ramps, and stairs in a subset of the present study’s
subjects, and found a positive linear sensitivity of DMAMA (more forefoot dominated) to both forefoot

stiffness and ground incline while using the VSF. Thus, stiffness control of the VSF could target
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DMAMA as a control loop variable to adapt to walking on level-ground, ramps, stairs, and potentially

standing.

It is important to investigate whether the more capable weight support of a stiffer foot or larger
energy return of a compliant foot are of contrasting benefit when deciding optimal stiffness in walking.
While the energy return is usually considered good and users prefer more compliant prostheses'®, there
can also be a “drop-off” effect if the foot is too compliant (Klodd et al., 2010). This effect can appear as a
low “effective foot length ratio” (EFLR) that fails to mimic an intact limb appropriately. For example,
prostheses with short or very soft internal keels have a low EFLR, while those with longer or stiffer keels
achieve EFLR closer to the physiological value (Hansen et al., 2004). This trade-off is fundamental to the
mechanics of a passive compliant prosthesis, so the right choice or balance may come down to
individuals’ preferences or the use of semi-active, adaptable prostheses like the VSF to adjust the
behavior for different circumstances. Simultaneously achieving both the low impedance and high energy
return of a compliant prosthesis and the firm weight support of a stiffer foot may fundamentally require a
powered foot-ankle system or a more complex mechanism such as energy recycling (Collins and Kuo,

2010; Segal et al., 2011; Shepherd and Rouse, 2017).

Beyond the prosthetic energy flow, whole body metrics like energy expenditure and center of
mass mechanics (COM) must also be considered. ** showed a unified effect of ankle energy return that
contributes to both leg swing and COM acceleration. Ankle energy return is a defining characteristic of
the VSF since stiffness directly affects push-off power and work. (Zelik et al., 2011) and (Segal et al.,
2012) found that lower stiffnesses led to higher energy storage, energy return, and prosthetic limb center
of mass (COM) push-off work in a semi-active energy-recycling prosthesis, the controlled energy storage
and return (CESR) prosthesis. They showed that using CESR with low stiffness increased prosthetic
push-off (energy return) and decreased intact limb COM collision work compared to using a conventional
foot. Walking energy expenditure in their participants with TTA was lowest for intermediate stiffness,

suggesting biomechanical disadvantages to low stiffness despite higher energy return. Agreeing with
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previous results from (Adamczyk and Kuo, 2015), people with TTA showed higher hip work with lower
energy transfer from the prosthesis to the COM, which could be attributed to higher energy dissipation at
the knee. These results showed that spring stiffness influences push-off but has a co-occurring
biomechanical trade-off that limits how push-off can benefit walking economy. Additionally,(Clites et al.,
2020) found that subject-preferred stiffness did not correlate with energy expenditure but tended to be

lower for self-selected speed than fast or slow speeds.

The ability to control properties without varying components may allow the VVSF and similar
systems to support the development of predictive computational models of gait mechanics. Through a
combination of mechanical modeling and user testing in catch-trial and adaptation protocols, models
could be developed to anticipate how users will respond to changes and perhaps how they will select
optimal settings. Already, we have incorporated the VSF into a computational contact model (McGeehan
et al., 2021a), a study predicting the resultant and center of pressure of the ground reaction force
(McGeehan et al., 2021b) under stiffness changes, and a study that predicts the normal pressure and shear

stress of the residual limb-socket interface with changing stiffness (McGeehan et al., 2022).

Improvements to the experimental design of this research study could include increasing the
number of participants, having more trials per stiffness category, and giving participants more acclimation
time with the VSF for each stiffness. Another practical limitation is the fixed foot length of the VSF; the
same foot length was used for all subjects despite varying body masses and heights. Technologically, the
VSF achieved a very high range of stiffness modulation, but only at the forefoot; a future step may be to
build a second keel and carriage to allow for heel stiffness modulation, improving heel strike and energy
storage in the early stance. Also, combining the VVSF function with a repositionable ankle (e.g., Ossur
Proprio) could help with swing-phase ankle dorsiflexion to improve toe clearance and minimize tripping.
A further limitation involves the wide range of our participants’ self-selected walking speeds and the
potential influence of walking speed on lower body mechanics. An alternative experiment with controlled

speeds (Adamczyk et al., 2017) would have emphasized mechanistic effects, but we used self-selected
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speeds to observe the effects on participants’ most realistic use conditions. The analysis using a Linear
Mixed-Effect Model partially accounts for this variation by accommodating speed-related shifts in the
outcome measures. Where possible, future research on the effects of prosthesis properties should include

both controlled and self-selected speeds to include both perspectives.

These improvements will depend on control, so further work must focus on real-time algorithms
for gait measurement and stiffness modulation across various locomotive conditions. Using biomimetic,
experimentally-optimized target values of DMAMA, or the joint mechanics measured in this study,
embedded sensors (e.g. inertial sensors (Glanzer and Adamczyk, 2018) or load cells (Leestma et al.,
2021)) could feed a control loop that iteratively modulates stiffness for optimal gait mechanics. Upgrades
to the VSF feedback controller could include detecting previously validated kinematic variations
(Kitagawa and Ogihara, 2016; Li et al., 2021; Washabaugh et al., 2017) while walking on and

transitioning among various speeds, ramps, stairs, and standing still.

Conclusion

The variable stiffness foot (VSF) enables biomechanical knee and ankle adjustments through
controlled modulations of forefoot stiffness. Mainly, ankle dorsiflexion angle and plantarflexor moment;
knee extension angle and extensor moment; and unified deformable energy storage, energy return, and
power were affected by changes in forefoot stiffness of the VVSF. Future closed-loop control of VSF

stiffness could be used to achieve continuous real-time modulation for optimized gait mechanics.
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(d) Published Collaboration Manuscripts

(i) A Reduced-Order Computational Model of a Semi-Active Variable-Stiffness Foot Prosthesis™
Authors: Michael A. McGeehan, Peter G. Adamczyk, Kieran M. Nichols, Michael E. Hahn
Abstract: Passive energy storage and return (ESR) feet are current performance standard in lower

limb prostheses. A recently developed semi-active variable-stiffness foot (\VSF) prosthesis balances the
simplicity of a passive ESR device with the adaptability of a powered design. The purpose of this study
was to model and simulate the ESR properties of the VVSF prosthesis. The ESR properties of the VSF
were modeled as a lumped parameter overhung beam. The overhung length is variable, allowing the
model to exhibit variable ESR stiffness. Foot-ground contact was modeled using sphere-to-plane contact
models. Contact parameters were optimized to represent the geometry and dynamics of the VSF and its
foam base. Static compression tests and gait were simulated. Simulation outcomes were compared to
corresponding experimental data. Stiffness of the model matched that of the physical VSF (R2: 0.98, root-
mean-squared error (RMSE): 1.37 N/mm). Model-predicted resultant ground reaction force (GRFR)
matched well under optimized parameter conditions (R2: 0.98, RMSE: 5.3% body weight,) and
unoptimized parameter conditions (R2: 0.90, mean RMSE: 13% body weight). Anterior—posterior center
of pressure matched well with R2 >0.94 and RMSE <9.5% foot length in all conditions. The ESR
properties of the VSF were accurately simulated under benchtop testing and dynamic gait conditions.
These methods may be useful for predicting GRFR arising from gait with novel prostheses. Such data are

useful to optimize prosthesis design parameters on a user-specific basis.

(i) A Computational Gait Model With a Below-Knee Amputation and a Semi-Active Variable-
Stiffness Foot Prosthesis’
Authors: Michael A. McGeehan, Peter G. Adamczyk, Kieran M. Nichols, Michael E. Hahn
Abstract: Introduction: Simulations based on computational musculoskeletal models are powerful
tools for evaluating the effects of potential biomechanical interventions, such as implementing a novel

prosthesis. However, the utility of simulations to evaluate the effects of varied prosthesis design
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parameters on gait mechanics has not been fully realized due to the lack of a readily-available limb loss-
specific gait model and methods for efficiently modeling the energy storage and return dynamics of
passive foot prostheses. The purpose of this study was to develop and validate a forward simulation-
capable gait model with lower-limb loss and a semi-active variable-stiffness foot (VSF) prosthesis.
Methods: A seven-segment 28-DoF gait model was developed and forward kinematics simulations, in
which experimentally observed joint kinematics were applied and the resulting contact forces under the
prosthesis evolved accordingly, were computed for four subjects with unilateral below-knee amputation
walking with a VSF. Results: Model-predicted resultant ground reaction force (GRFR) matched well
under trial-specific optimized parameter conditions (mean R2: 0.97, RMSE: 7.7% body weight (BW)) and
unoptimized (subject-specific, but not trial-specific) parameter conditions (mean R2: 0.93, RMSE: 12%
BW). Simulated anterior-posterior center of pressure demonstrated a mean R2 = 0.64 and RMSE = 14%
foot length. Simulated kinematics remained consistent with input data (0.23 deg RMSE, R2 > 0.99) for all
conditions. Conclusions: These methods may be useful for simulating gait among individuals with lower-
limb loss and predicting GRFR arising from gait with novel VSF prostheses. Such data are useful to

optimize prosthesis design parameters on a user-specific basis.

(iii) A simulation-based analysis of the effects of variable prosthesis stiffness on interface dynamics
between the prosthetic socket and residual limb™

Authors: Michael A. McGeehan, Peter G. Adamczyk, Kieran M. Nichols, Michael E. Hahn

Abstract: Loading of a residual limb within a prosthetic socket can cause tissue damage such as
ulceration. Computational simulations may be useful tools for estimating tissue loading within the socket,
and thus provide insights into how prosthesis designs affect residual limb-socket interface dynamics. The
purpose of this study was to model and simulate residual limb-socket interface dynamics and evaluate the
effects of varied prosthesis stiffness on interface dynamics during gait. A spatial contact model of a
residual limb-socket interface was developed and integrated into a gait model with a below-knee

amputation. Gait trials were simulated for four subjects walking with low, medium, and high prosthesis
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stiffness settings. The effects of prosthesis stiffness on interface kinematics, normal pressure, and shear
stresses were evaluated. Model-predicted values were similar to those reported previously in sensor-based
experiments; increased stiffness resulted in greater average normal pressure and shear stress (p < 0.05).
These methods may be useful to aid experimental studies by providing insights into the effects of varied
prosthesis design parameters or gait conditions on residual limb-socket interface dynamics. The current

results suggest that these effects may be subject-specific.

(e) Development of VSF with hind and forefoot properties

The VSF allows for adaptable fore-foot stiffness modulation and has been shown to affect the
knee and ankle mechanics. The VSF’s ankle is rigid, and the forefoot mainly affects mid to late prosthetic
stance. Adamczyk et al. examined both hind and forefoot stiffness effects on persons with transtibial
amputations walking for various controlled stiffnesses and walking speeds. They found similar ankle and
knee mechanical effects as was seen in the VSF results, but they also showed that a stiffer hindfoot yields
decreased prosthesis energy return, larger ground reaction force (GRF) loading rate, larger knee flexion
angle (stance phase), and knee extensor moment.

To improve prosthetic walking adaptability, some of my work involved working with a team of
students to upgrade the VSF design to include two keels (VSF2K): one forefoot and one hindfoot. The
overhung beam (keel) and carriage system for the original VSF were replicated and shrunk for the
hindfoot. The two keels are mounted at a common axis near the ankle (see figure 14) and are diagonally
extended downwards to mimic the
midfoot arch. Two motors will move the
hind and forefoot carriages to change the
hind and forefoot stiffness of the
VSF2K. The foot stiffness was designed

to range from 7 to 30 N/mm.

Figure 14: proposed design of the Variable Stiffness Foot with two keels
(VSF2K)
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The collection and construction of the individual parts are nearly complete, and other students are
currently assembling them for the first physical build of the VSF2K. Future steps for those students will
include developing the VSF2K software controller to modulate the hind and fore-foot stiffness and testing
its effects on humans. Feedback for control will involve foot IMU motion reconstruction, motor control to
move the carriage, and potentiometer readings of carriage position to change the stiffness. Tests will
include many of the same outcomes observed in the study described here, as well as effects due to

hindfoot stiffness and tests on non-level terrain.

(f) Conclusion

This past work explored the effect of three stiffnesses (compliant, medium, and stiff) of the Variable
Stiffness Foot on the sagittal ankle and knee angles, moments, and powers, vertical ground reaction
forces, and unified deformable energy and power. Forefoot stiffness is one of the main variables that
allows prosthetic users to adapt their functional gait, and another main variable is ankle angle control. A
computational contact model was developed for the VSF to replicate its energy return and storage
properties, and it predicted the resultant and center of pressure of the ground reaction force under the
prosthesis. Additionally, a Variable Stiffness Foot with two keels (VSF2K) was designed to allow for

hind and fore-foot stiffness modulation.
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Chapter 3. Design of the Motor Control of the Two Axis aDaptable

Ankle

Real-time Motor Control of the New Two Axis aDaptable Ankle using a Raspberry Pi, ROS, and
CANopen over EtherCAT

Intended Journal: MDPI Actuators

a) Abstract
This paper will focus on the implementation method and results of control of a second-generation

Two-Axis aDaptable Ankle (TADA) prosthesis, with emphasis on modifying a Raspberry Pi 4 for real-
time control of brushless direct-current motors. Kinematic algorithms for setting ankle angles of zero to
ten degrees in any combination of sagittal (dorsiflexion/Plantarflexion) and frontal (inversion/eversion)
angles were implemented and commanded to the motors. Real-time control was implemented using
CANopen over EtherCAT (CoE) to synchronize the communication between the Raspberry Pi and the
motor controllers. To achieve reliable motor communication, where the motors continuously move, the
distributed clock synchronization of Linux and Motor driver systems needs to have Proportional Integral
(PI) compensation and sampling period specifically tuned for the Raspberry Pi and motor driver system.
We hypothesized that the variability of the sampling period of the clock synchronization would be lower
for higher | and P gains, and that the CPU loads would be lower for larger sampling periods of the clock
synchronization thread. We further hypothesized that the motors would have lower movement times and
errors than the previous TADA version. Data collection involved moving the TADA through 33 unique
pre-selected ankle configurations nine times. Results show that distributed clock synchronization with
consistent sampling periods with lower CPU loads had an actual sampling period of 249.98+4.51
microseconds and 12.48+21.3% for CPU loads. Also, the ankle angle movements had mean values of
0.1278 sec for 95% Rise Time, 0.1928 sec for Settling Time, and less than 0.1 degrees for Movement
errors. These software and hardware improvements to the TADA system allow for quicker (low

movement times), more reliable (continuous movements with low sampling period variability), and more



44

precise (low movement error) ankle angle changes, and also higher data transmission rates with modest
CPU loads compared to the original TADA. These improvements aim to allow the TADA to efficiently

adapt to various speeds and terrains, like walking on slopes, stairs, or around corners.

b) Introduction

Real-time control of lower-limb prosthetics has been an emerging area of academic interest. There is
a need for prosthetic devices to sense the person and their environment and actuate appropriately to aid in
functional walking. Semi-active prosthetic devices (Adamczyk, 2020) can return some functionalities of
the lower-limbs to their users by combining the benefits of passive mechanical properties and robotic
control. They do not supply power to the body and use minimal power to reconfigure or adjust when off
the ground. The increasing popularity of research in semi-active devices pushed the field to improve the
mechanical benefits of passive prosthetic elements while reducing the cost, weight, and computational
demand of the electronic components. These semi-active prostheses can help make lower-limb prostheses
more accessible and have the potential to be more widely applicable due to the potential adaptability of

the prosthetic software as it interacts with the sensors and actuators.

Several recent prostheses have chosen to use a Raspberry Pi (a small and versatile computer with
guad-core CPUs and WIFI, Bluetooth, and Ethernet capability) as the embedded controller (Azocar et al.,
2018; Lenzi et al., 2019). However, these examples use separate circuit boards to communicate with the
embedded motor controllers or use reduced motor control functionality by communicating through
simplified channels such as analog voltages, whereas the full capabilities of the motor controllers are
realized only with comprehensive digital communication. One goal of this paper is to describe the
implementation of such comprehensive digital communication directly on the Raspberry Pi to achieve

real-time control and communication.

One communication protocol that allows real-time communication is CANopen over EtherCAT
(CoE). CoE is a protocol that allows CANopen-capable devices (Voss, 2008) to be connected to

EtherCAT-capable devices. EtherCAT (Sung et al., 2011) is used to specify how the data is transmitted,
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and CANopen specifies how the data is defined. Simpler communication protocols like USB, serial (RS-
232, 485), and ethernet are limited in their real-time control abilities. CoE (Chen et al., 2010) offers data
transmission with a high data rate and throughput, reliability (has error detection and correction), and
deterministic data transfer (events will occur in a specific and predictable amount of time). CoE is also
flexible in its control loop as it can handle multiple managers to multiple client control. Timing
constraints are managed on CoE with a distributed clock synchronization (Giridhar and Kumar, 2006),
where all devices on the network adjust their clock based on a single reference clock on the manager.
Data transmission in CoE provides real-time communication (Wei et al., 2016) with low latency and jitter.

CoE is an ideal choice to use with a Raspberry Pi and motor drivers to set up real-time control of motors.

It is possible to have real-time control with a Raspberry Pi, but the software needs to be adjusted and
optimized to have stable CoE communication. Our semi-active device, the Two Axis aDaptable Ankle, an
ankle angle adaptor (Adamczyk, 2020) was improved to include brushless DC motors, a Raspberry Pi 4
as the computer board, and CoE for communication with separate embedded motor controllers. This
improvement allows quicker and more accurate changes in ankle angle that are necessary to efficiently
adapt to various terrain like walking on slopes, stairs, or around corners. The TADA can modulate ankle
angle up to ten degrees in the sagittal and frontal planes. Low-power motors rotated two angled cams, and

as these turned, their angled faces changed the orientation of the foot.

This paper will focus on the implementation method and results of programming a Raspberry Pi 4 for
real-time motor control in a new version of the TADA. The real-time control was implemented using
CANopen over EtherCAT to allow precise and reliable communication between the Raspberry Pi and two
motor drivers, which control the movement of the motors. We hypothesized that the mean and standard
deviation of the sampling period of the clock synchronization would scale with Proportional and Integral
gains used to synchronize the clocks, respectively, and that the CPU loads would be lower for larger

sampling periods of the clock synchronization thread. We further hypothesized that the motors would



46

have lower movement times and errors than the previous TADA version, indicating improved

performance.

c) Hardware Design

| <—motor
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Figure 15: exploded views of the new TADA design

The new version (Figure 15) of the semi-active prosthesis — TADA — consists of an external
universal-joint whose movement is driven by brushless DC motors rotating two cylindrical wedge cams.
Four housing pieces make up the frame and pivot points of the U-joint and hold the motors in place. The
TADA concept requires precisely coincident joint centers between (i) the two wedge cams and (ii) the
intersecting axes of the U-joint, to avoid binding due to overconstraint. The updated TADA has modular
alignment plates supporting the wedge cams for fine vertical adjustments and locations on the outside of
the U-joint to place shims for fine horizontal adjustments to prevent this issue.

The new TADA uses brushless Direct Current (DC) motors (Faulhaber 3216W012BXTHIEF3-
1024L) with 14:1 gearboxes (Faulhaber 22GPT 14:1) having a rated torque output of 0.532 Nm and rated
speed of 4.59 revolutions per second. These motor parameters allow for quick motor rotations that can
reorient the distal side of the TADA, which is attached to a prosthetic foot, during a single leg swing in
walking. The motor shaft is connected to the wedges by a spider coupling to help account for any

additional misalignments. As with the previous version, the mating faces of the two wedge cams have an
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angle of five degrees relative to the axis of the motor; as these cams rotate, they can plantarflex, dorsiflex,
invert, and evert the ankle anywhere between zero to ten degrees. The centered U-joint holds the two
cylindrical wedges in contact with each other, allowing them to move freely in swing phase but lock in
place during stance phase as the applied ankle moment causes friction between the cams.

The TADA electronics are powered by three 12 V lithium polymer batteries (120C, 1.5Ah each). The
12V source powers the two Faulhaber brushless DC motors through two standalone motor controllers
(Elmo Gold Twitter) and is also connected to a step-up voltage regulator to provide a 24V power line to
the motor controller. The motor controller powers the hall sensors of the motors with 5V wires. A step-
down voltage regulator (12 to 5V) from the second battery powers the Raspberry Pi computer. The
electronics are mounted to a waist pack that houses the motor drivers, Raspberry Pi, batteries, voltage
regulators, and power distribution circuits. The wires are bundled and can be strapped to the leg to power
the TADA ankle. A low-profile foot prosthesis (Steplite Low Profile - 3/4" (18mm) KCO01) is mounted to

the distal end of the TADA for ground contact.

The Raspberry Pi 4 has a Broadcom (BCM2711) quad-core Cortex-A72 with 4 GB of LPDDR4
SDRAM memory. It is overclocked to 2.0 GHz to ensure high performance. Its Ethernet port was used to
connect the Raspberry Pi to the motor controllers for the CoE physical layer. To collect the experimental
data to a file, a Windows computer communicated with the Raspberry Pi over WIFI. The Windows laptop
was a Lenovo Legion 7 with Intel i7-10750H eight-CPU with a clock frequency of 2.6 GHz and 16 GB of

DDR4 UDIMM memory.

d) Software Architecture
ROS Software Architecture

We used Robotic Operating System (ROS) (Wei et al., 2016) to have a distributed framework for the
TADA software. This software using ROS (1) Noetic Ninjemys operated on the Raspberry Pi 4 and
included the Brain and Motor nodes. The Brain node was the central program for user interaction,

automated experimental protocols, and troubleshooting. It sent commands (published) of the final motor
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position, max velocity, and max torque to the Motor node. The Motor node received (subscribed to) the
motor commands and communicated with the motor controller using CANopen over EtherCAT for the
position motor control to adjust ankle angles. A secondary computer receives ROS data over Wi-Fi to
collect the experimental data. The code for the TADA software can be found in our GitHub repository
(Nichols, 2022). The distribution of the ROS program on their specific hardware is described below:
e Raspberry Pi

A precompiled image of the Debian Linux kernel was used based on LinuxCNC (Bu-Hai et al., 2017),
which contains a PREEMPT real-time software patch. This software patch was necessary for real-time
control as it allowed for deterministic systems with low latencies. Bash (Linux) terminal commands of
“isolcpu” and “taskset” were used to ensure that each CPU was carefully used, to avoid thread racing
issues and distribute the computational load. The Raspberry Pi has four CPUs; CPUO was reserved for
Linux kernel programs, CPU1 and 2 were reserved for general Linux programs, including TADA
programs, and CPU3 was reserved for the clock synchronization process within the motor control
component of the software. This clock synchronization process needed its own CPU to have uninterrupted
execution for synchronizing the Linux clock with the motor driver clocks (distributed clock
synchronization). The TADA programs were organized into several programs managed by Robot

Operating System (ROS) software to ensure modularity and provide easy data transmission and logging.

1. Brain node

The Brain node functions as the central processing point for all nodes. It is a Python program with a
multi-threaded structure. It receives and parses commands from the terminal, contains preset command
instructions for specific experiments, and converts TADA control angle inputs to motor angle commands

(position control). This node also monitors the CPU loads of the Raspberry Pi.
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To initialize the homed position of the TADA, the peaks of both wedge cams were set to forward,

corresponding to full Plantarflexion (toe-down 10 deg). Then, a user or program can issue control values

to the Brain node, called theta, 0 and alpha, o (Adamczyk, 2020). 6 represents the foot’s tilt angle (0 to 10

degrees) from the shank segment. a represents the “downward direction” — i.e., the projection direction in

the transverse plane of the foot’s tilt axis relative to the PF direction (ranging —180 to +180 deg) . Given

the constraints of the U-joint and wedge cams, the ankle angle control was parameterized into 6 and o to

PF v 0 o

0 0 0 any
10 0 10 0
-10 |0 10 180
0 10 10 -90
0 -10 10 90

Table 3: example angles of the TADA
commands (8, a) with their related PF, IV

coordinates

represent the 3D orientation of the foot. For example, (0, o) of
(10,0) represents the homed position where the toe is pointing
downward, with (PF, IV) angles of (10,0).

The table to the left (Table 3) shows the notable positions of
(PF, IV) and their corresponding (6, o) combinations. The ankle
angles were Plantarflexion PF (toe-down), Eversion EV (bottom of

foot turning outward), Dorsiflexion DF (toe-up), and Inversion IV

(bottom of foot turning inward). PF and DF are movements in the

sagittal plane, and EV and IV are in the frontal plane.

Rotation matrices are applied to these values to determine the angles needed to move the foot

correctly. The Brain node uses the previous motor angles and the new desired angles to calculate the

motor rotation needed to arrive at the desired foot orientation. The motors can continuously rotate

(above 180 deg and below -180), so conditional statements were added to ensure that the motor takes

the shortest path and to avoid mathematical angle wrapping issues.

2. Motor node

The Motor node receives global motor commands from the Brain node and executes a position

control of the two motors of the TADA. It is built with a mixture of C and C++ programming and has

a multi-threaded structure, with a real-time thread for the clock synchronization and non-real-time

threads for CANopen over EtherCAT (CoE) communication, error handling, and ROS data-

processing. CPU3 is reserved for the clock synchronization thread and CPU2 is used for the CoE
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communication thread. All motor threads were given higher thread priority to help the Linux task
scheduler prioritize them in preference to other non-critical computer tasks.

The motor control is based on software from Single Open-source EtherCAT Master (SOEM)
(Peekema et al., 2014). SOEM enables a control architecture for one manager (Raspberry Pi) with
two clients (two motor controllers). This control progresses through a series of initialization and
confirmation modes to set up the CoE connection.

Firstly, the ethernet connection and CoE manager on the Raspberry Pi is initialized. To begin the
position controller, CoE Service Data Objects for motor driver configuration settings (slow updates)
and CoE Process Data Obijects for real-time data transfer (fast updates) are mapped to the clients
using Cyclic Synchronous Position (CSP) Control (Hasan, 2021). CSP Control is useful because a
desired end position is sent to motor drivers, but the motor drivers determine the appropriate
trajectory, and there is a periodic, time-deterministic feedback loop to ensure that both motors achieve
their trajectory. Next, the safety modes like safe stop and safe torque-off are turned off to allow for an
operational motor. The operational mode is then started, and the controller waits for position
commands from the Brain over ROS messages (it runs at 1000 Hz).

Three other threads are dedicated to ensuring that the motors stay in operational mode. The real-
time clock synchronization thread syncs the Linux and Motor Driver clocks and ensures consistent
movement data timing (250, 500, or 1000 microseconds for 4000, 2000, or 1000 Hz, respectively).
The Error handling thread monitors for errors and corrects them if necessary (running roughly 1000
Hz). The slowest thread contains the data processing for ROS messages published to log the system's
state, such as commands and feedback measurements (100 Hz).

To maintain a stable CoE connection, the clock synchronization thread sends and receives the
CoE Process Data Objects (PDO) in a cyclic manner among the Raspberry Pi and motor drivers.
Mutex locking is included to safeguard against thread racing (threads simultaneously trying to access
the same resource). This thread initializes a timer and calculates the cycle time. Then, it waits until

the next cycle starts based on the pre-selected thread sampling period and a wait time after the
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previous cycle. This wait time is adjusted using pre-selected Proportional and Integral (PI) gains, with
the proportional error defined as the difference between the time passed since the last cycle and the
commanded sampling period. The integral error is based on an accumulation of the past proportional
errors (if the recent past proportional errors are positive, then the integral error becomes more
positive). This thread maintains the communication of PDOs among the Raspberry Pi and motor
controller and maintains the sampling period of that communication.
e Windows laptop remote node
3. Data collection
The experimental data were collected using the rosbag functionality of ROS. Using the Command
terminal in a Microsoft Visual Studio instance of ROS, the rosbag command was entered to save data for
each trial. The messages from all the nodes were streamed to a rosbag file. The Windows computer was
connected to the Raspberry Pi’s ROS manager (rosmaster) through a cellular device’s hotspot using

WIFI.

b) Experimental Methods

We designed experiments to test two aspects of the new TADA: (i) the function of the real-time
operating system and CoE implementation and (ii) the TADA performance in achieving the target
movements. Data collection involved moving the TADA through 33 pre-selected ankle configurations.
Using the anatomical reference frame, the TADA control angles were combinations of Plantarflexion (PF)
and inversion (IV). Starting at the neutral configuration (0 degrees PF and EV), the TADA was
commanded to move to a new position and was given up to one second to complete the movement before
moving again. Ankle configurations were chosen for eight directions combining PF and EV:
combinations were specified in pure PF, DF, 1V, and EV, and equal combinations of the two directions in
all four quadrants (PF+IV (a = -45 deg), PF+EV (a = +45 deg), DF+IV (0. =-135 deg), DF+EV (0. = +135

deg)). Each direction contributed four settings, with total ankle angle magnitudes 6 of 2.5, 5.0, 7.5, and
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10.0 degrees for the pure directions and 1.25, 2.5, 3.75, and 5.0 for the combined directions. Each
combination of direction and magnitude was converted into corresponding control angles for the wedge

cams in the TADA and used to command the motors.

ROS data recording with the ROS tool, rosbag, was used to collect data at 100 Hz sampling
frequency. The ROS system collected the TADA command angles, resulting motor commands, actual
motor position, and current time. ROS also collected the actual sampling period (SP) of distributed clock
synchronization thread and individual CPU load values. Two experiments were performed, to evaluate (i)
the clock synchronization and CPU utilization and (ii) the kinematic motor response of the TADA

system:

1) Clock Synchronization and CPU utilization

The TADA was moved through 33 ankle configurations with a total trial time of 33 seconds. There
were seven trials for each set of Pl gain and SP. This experiment focused on testing the reliability of the
CANopen over EtherCAT communication, and the main results were the actual sampling period (mean
value, mean error, and standard deviation) and CPU loads (mean and standard deviation).
2) Kinematic motor response

The TADA was randomly moved through 33 ankle configurations, each repeated nine times, for a
total trial time of 297 seconds. The Pl gain and SP of (0.1, 0.01, 500 us) were used for this experiment.
This experiment focused on testing the precision of motor control for ankle angles, and the main results
were the final absolute PF error (absolute value of the difference between the command PF and actual PF
angle when the motor first settles) and movement times (95% rise time and settling time). Statistics were
calculated for the final absolute PF error and movement times for settling for absolute changes of the top
and bottom motors in the form of regression slopes and intercepts, r? values (coefficient of

determination), and p-values.

c) Results

1) Clock Synchronization and CPU utilization
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Figure 16: plot of the actual sampling period across the experiment time. Each color represents a different condition. These
scatter plots show stable matching of the intended sampling period with some variability. There are three commanded
sampling period of 250, 500, and 1000 us.

Condition Actual Sampling period CPU load (%)
(us)
# p | SP Mean Mean SD Mean | SD
(us) Error

0.1 10.002|250 |250.48 |0.52 5.69 |[15.93 |23.6
0.1 10.05 |250 |250.95 |0.05 5.07 |11.25 |20.7
0.1 |0.01 |250 |249.65 |0.35 6.59 |13.37 | 235
0.02]0.01 |250 |251.85 |0.15 6.29 |17.20 | 241
0.5 [0.01 |250 |249.98 |0.02 451 11248 |21.3
0.1 10.01 |500 |501.08 |O0.08 7.25 |36.81 |7.24
3 101 |0.01 |1000| 1004.4 |0.40 11.52 | 6.67 14.7

gIooIN B~ O

Table 4: various conditions with the resulting mean and standard deviation (SD) of Actual Sampling Period and CPU load. The
bolded numbers for condition 6 represented the optimal condition with the lowest error and standard deviation in sampling
period and modest CPU load. The condition are ordered in this table to group the changes in | first, then changes in P, and
then changes in SP.

Condition 6, with the largest P value, presented the lowest mean error and standard deviation of the
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actual sampling period (Table 4 and Figure 16). Condition 0 with the lowest I value gave the higher mean

error indicating some effect of reduced | value increasing the mean error. There is some effect of an

increased sampling period on the reducing CPU load and increasing the variability of the sampling period,

but not a consistent effect for CPU loads (500 us does not have a lower CPU load). All conditions had

mean errors less than 0.21% off the commanded sampling period. Condition 6, with the highest P and
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moderate | gains, gave the lowest mean error and actual sampling period variability, and its command
sampling period of 250 us gave modest CPU loads. Overall, clock synchrony was maintained adequately

across a wide range of settings, and CPU load was variable and not very sensitive to sampling period.

2) Kinematic motor response
Ankle Angle commands and actual positions

6 —— PF_command

PF_actual
—— IV_command
4 —— IV_actual
95% Rise Time

Settling Time

PF and IV Angles (deg)
ro

245.6 245.8 246 246.2 246.4 246.6 246.8 247

Time (s)

Figure 17: Example data from one movement, plotting ankle angle commands (intended angle) and actual ankle angle based
on the motors’ position sensors. The blue lines represent the IV angles and the red lines represent the PF angles. The orange
dots are the 95% rise times and the light-blue dots are for the settling times.

The motors move the TADA to new ankle angles with small errors: 0.045 degrees for PF and 0.067
degrees for IV (Table 5). Figure 17 displays the trajectory of the ankle angle motions showing that when a
command is sent, there is a slight delay (around 0.1 seconds). The motors move and then settle to the new
commanded ankle angle (there is some oscillation with the settling). The 95% rise time is important to
know the time taken to move most of the distance, and the settling time represents the time taken to arrive

around 0.1 degrees of the final destination.
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Metrics Movement Time (seconds) based on PF error Movement Error (degrees)
95% Rise Time Settling Time PF v

Mean 0.1278 0.1928 0.045 0.067

SD 0.037 0.076 0.01 0.04

Table 5: Mean and standard deviation (SD) of the movement times and errors of the ankle angle movements. 95% rise time
is the movement time to achieve 95% of the intended change of PF angle. Settling time is the movement time to achieve an
average error of less than 0.1 deg PF. The results excluded errors from 6 out of the 297 movements as the motors were

briefly stuck.

Relationship of Movement Time with Change of Motor Angles
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Figure 18: plot of movement times for settling with the motor angle changes for the top and bottom motors.

Relationship of Final PF Error with Change of Motor Angles
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Figure 19: plot of Final Absolute PF error with the motor angle changes for the top and bottom motors.
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Statistical analysis | Metric | Slope*10* Intercept | r? value P value
Settling Movement | Top 5.84 s/deg 0.121s 0.145 <0.001
Time Bottom | 6.51 s/deg 0.111s 0.202 <0.001
Final Absolute PF | Top 2.56 deg/deg 0.085deg | 0.139 0.024
Error Bottom | 0.858 deg/deg | 0.099 deg | 0.049 0.425

Table 6: statistical analysis for settling movement time and final absolute PF error for the top and bottom motors

Figures 18 and 19 show the variability of settling times and final PF error as a function of the change
of top and bottom motor angles. In Figures 18 and 19, the bottom motor had one change of angle that was
around 305 degrees, which warrants some investigation as motor angle changes should have been below
180 degrees. There was a weak trend (Table 6) that the larger the motor movement, the higher the
movement time. There was a weak trend (Table 6) between PF error and change of motor angle for the
top motors, but not the bottom motor. The important features of Figures 18 and 19 were that for most
movements of the TADA, the movement times and final PF errors for settling had some variability that
depended on how much the top and bottom motors moved, but the movements were small errors (less
than 0.5 degrees with a mean of 0.045 degrees) and quick settling times (less 0.45 seconds with a mean of
0.19 seconds). Figure 20 displays the low variability of the PF and IV errors (0.01 and 0.04 degrees) by

displaying the intended and actual positions.
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Figure 20: plot of PF and IV angles with the intended orientation (command with red marker) and actual position (based on
the motors’ position sensors). The actual orientation is represented by blue dots with error bars for PF and IV errors.

d) Discussion
This paper focused on the software and hardware improvements for the new version of the Two Axis
aDaptable Ankle to use in prosthetic walking. The key method to the controller implementation is the
software architecture using a real-time operating system and CANopen over EtherCAT to enable a
reliable motor communication for continuous real-time control of two-directional ankle angle. For the
condition with the optimal combination of sampling period error and computational load, a Proportional-
Integral controller with gains of (P = 0.5, I =0.01) and sampling period (SP) of 250 us had averages of

249.98 us for the actual sampling period (error offset of 0.023 us) and 12.48% for CPU loads.

This paper serves as an example of how to set up a Raspberry Pi 4 as a real-time controller of

brushless DC motors. The added real-time patch to the Linux kernel, overclocking of the CPUs, and



58

specific allocation of CPUs for the real-time synchronization thread all contributed to reliable motor
communication. There are other recent examples of real-time motor prosthetic control (Hoover et al.,
2013; Lenzi et al., 2019; Yuan et al., 2015). (Lenzi et al., 2019) presented a lightweight non-backdrivable
robotic ankle prosthesis. Their motor control included a closed-loop velocity feedback computed on the
main control computer, whose inputs were the motor’s hall sensors and absolute encoder for the ankle
angle position and whose output was a Pulse Width Modulation (PWM) voltage, to move the motor to a
final range of positions within a deadband region. We considered Lenzi’s method for controlling our
prosthetic motors but ultimately settled on this current implementation due to its advantages of using the
full capability of the motor controller to achieve high-bandwidth direct control of final motor position,

trajectory control, error-correcting capabilities, and control of max motor speed and torque.

We could have used embedded hardware specifically designed for real-time systems like STM32
(Glanzer and Adamczyk, 2018) or ESP32 (Yuan et al., 2015), but settled on using a Raspberry Pi to use
the Robotic Operating System (ROS), have capabilities of a graphical user interface, to be able to use a
general-purpose Operating System, to be able to add other sensors and communication methods using
GPIO, Bluetooth, or Wi-Fi. Instead of implementing a software controller to communicate with motor
drivers through CoE, we could have used a separate CAN or EtherCAT hardware interface (e.g. PiCAT,
CAN-Bus, or EPOS). These other communication interfaces have been used as a hardware bridge
between the computer and a CANopen device (motor controller). At the time of the TADA development,
the devices were difficult to access due to COVID restrictions, so we focused on developing our software
by adapting the SOEM (Single Open EtherCAT Master) software to enable CANopen over EtherCAT
communication. This reduced the hardware required for CoE implementation and provides a software
controller platform that can be used beyond just prosthetic controllers. Anyone needing to communicate

with motor drivers and brushless DC motors can use this software.

The TADA contains external U-joints angled wedge cams that allow the prosthetic ankle to

plantarflex, dorsiflex, evert, and invert. The ankle angle movements had averages of 0.13 sec for 95%
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Rise Time, 0.20 sec for Settling Time, and less than 0.1 degrees for Movement errors. These ankle angle
movements had lower movement times and orientation errors than the previous version of the TADA

(Adamczyk, 2020).

Given the low movement error, settling time, and rise time, the TADA can perform changes of ankle
angles in one leg swing. Typical prosthetic-side leg swings are about 0.4 seconds in persons with
transtibial amputations (Isakov et al., 1997). Since the movement time (~0.2 s) is much less than the
average swing time, a toe-lift controller could be implemented for the TADA, so it goes from the original
stance angle to 5 or 10 degrees dorsiflexed (toe-up), and then returns to the original stance angle or a new
one. Toe-lift in prostheses has been broadly, though not universally, implemented (Johnson et al., 2014;
Tran et al., 2022, p. 20); it would represent a valuable safety feature for this new, faster TADA. This toe-
lift controller can help reduce toe-scuf (Wu and Kuo, 2016), a common issue in prosthetic walking. When
the TADA is in contact with the floor, contact friction between the wedge cams makes the mechanism
non-backdrivable and holds the ankle angle fixed. One future improvement is to send a torque command

of 0 when the foot is on the floor, to ensure zero power consumption in the motors.

Some challenges remain in the implementation of the TADA. To have smooth and continuous ankle
movements, it was important for the U-joint and wedge cams to have coincident centers. This TADA
design included vertical and horizontal adjustability through shims added to the sides of the U-joint arms
and below the plates that support the wedge cams. Practically, these features did reduce slop in the
mechanism, though they were also challenging to use. The design also included brushless DC motors with
higher speed and torque outputs. There were 2% of the movements where the motors were briefly stuck.
This may have occurred due to brief off-centering of the U-joint and wedges, causing additional forces
and high friction on the aluminum surfaces. The aluminum surfaces were lubricated, but over time there
was some wear. Future design will use alternative materials such as steel or bronze to minimize material

wear and will refine the centering mechanism.
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Future work with the TADA prosthesis will center on its application as an adaptable prosthetic device
to help persons with transtibial amputations adjust to various slopes, corners, and walking speeds. The
first step of creating a reliable and precise control system was demonstrated in this paper. The next steps
to integrate other kinematic and kinetic body-oriented sensors will be helpful in creating an adaptable
system. The intention is for motion sensors (inertial measurement units, IMUS) to detect when the leg is
swinging (i.e., when external load is low), to control when the mechanism changes the ankle angle.
Kinetic sensors (pylon load cells and force sensing resistors) could also be useful for understanding the
user’s interaction with the prosthetic device and foot contact with the floor. We also plan to expand the
software to include synchronous whole-body kinematic sensing using a whole-body IMU suit (Schepers
et al., 2018). These sensors will enable additional control laws that aim to match the TADA’s movements
to the ground or provide benefits like controlling the moment at the prosthetic socket in different terrains

or locomotion modes.

e) Conclusion

This paper presents a key method for motor controller implementation to control the ankle angle
of the new Two Axis aDaptable Ankle (TADA), utilizing a ROS software architecture on a Raspberry Pi
4 with real-time capabilities. This approach enables continuous and reliable real-time motor
communication using CANopen over EtherCAT (CoE), reducing the hardware needed for CoE
implementation, and providing a versatile software controller platform applicable beyond prosthetic
controllers. The software and hardware improvements to the TADA system allow quicker, more reliable,
and more precise ankle angle changes compared to the original TADA. These improvements also led to
higher data transmission rates, which offered modest CPU loads. These improvements aim to allow the
TADA to efficiently adapt to various speeds and terrains, such as walking on slopes, stairs, or around

corners.
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Chapter 4. Biomechanical Evaluation of the Two Axis aDaptable Ankle

Influence of Prosthetic ankle-angle and walking speed on pylon moments in the Two Axis
aDaptable Ankle

Intended Journal: IEEE/ASME Journal of Mechatronics

a) Abstract

Persons with lower-limb amputations can replace their lost limbs using passive, active, or semi-
active prostheses. Semi-active prostheses attempt to recover more of the biological ankle mechanics and
can give functional benefits of adaptability compared to passive devices, and low cost and low weight
compared to active devices. The Two Axis aDaptable Ankle (TADA) is a novel semi-active prosthetic
ankle that allows for independent modulation of sagittal and frontal ankle angle (10 degrees). This study
investigates the influence of changes in frontal and sagittal TADA angles and walking speed on prosthetic
pylon moments while users walk over flat ground. One unimpaired participant walked with the TADA on
flat ground at three consistent self-selected speeds (slow, medium, or fast). The TADA was mounted
lateral and distal to the participant’s right foot using an ankle bypass orthosis. The TADA system
involved dual motor control to set ankle angles, a load cell between the TADA and pylon, and a shank
IMU for motion reconstruction. In addition, the participant wore an Xsens motion sensor suite for
kinematic data of the lower-body movements. The control system was set up to synchronize all these
systems for investigation of ankle angle and its effects on the user’s biomechanics. Results showed that
the peak sagittal (plantarflexor) moment and impulses increased with increased plantarflexion angles,
frontal (evertor) impulses increased with increased Inversion angles, and peak frontal moments increased
with increased plantarflexion angles. Also, the peak sagittal pylon moments increased with increased
walking speed. The integrated system of the TADA can affect lower-body mechanical outcomes by

controlling the 2D ankle angles.
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b) Introduction

People with lower-limb amputations account for about one million people in the United States of
America, with about 28% being individuals with transtibial amputation (TTA) (Ziegler-Graham et al.,
2008). Besides the high average cost of about $81,000 for TTA amputation and associated rehabilitation
services (Dillingham et al., 2005), prosthesis users spend about $1600 per year for a prosthetic device that
lasts on average 1.3 years (Wanamaker et al., 2019). They have typical gait deviations and compensations
of hip circumduction, toe scuffing, weak prosthetic side push-off, knee-hyperextension on the prosthetic
side, higher intact side collision work, and knee osteoarthritis on the intact side. The problems of high
cost and difficulty in recreating the human ankle-foot system instigate a need for improved mechanical

adaptabilities and characteristics of the prostheses.

Prosthetic devices can be categorized in terms of adaptability into three main groups: passive,
semi-active, and active (Adamczyk, 2020). Passive prostheses which have static mechanical properties
are more widely accessible and affordable. On the other side of the adaptability spectrum, active
(robotized) prostheses offer users an extensive range of biomimetic functions, including modulation of
posture, impedance, and power. The disadvantages of active prostheses include their higher weight,
increased size, expense, high-energy demand, and control complexity (Adamczyk, 2020). For lower-limb
prostheses, semi-active devices attempt to optimize a combination of robotic and passive elements to
recover some biological ankle-foot mechanics. Semi-active prostheses may not supply power to move the
body when the prosthetic-side foot is on the ground like active prostheses, but it can supply minimal
power to allow adaptable and adjustable walking (Glanzer and Adamczyk, 2018; Nichols and Adamczyk,

2023).

The Two Axis aDaptable Ankle (TADA) (Adamczyk, 2020) is a semi-active prosthetic ankle that
allows for independent modulation of sagittal and frontal ankle angle (10 in any combination of
plantarflexion and eversion). The first design and the updated design and motor controller (Chapter 3)

have been recently presented. This paper presents the instrumentation of TADA with additional kinematic
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and kinetic sensors to detect lower-body mechanics and evaluate the sensitivity of the prosthetic system
while the users walk over flat ground. We investigated flat-ground walking biomechanics with an

unimpaired participant in preparation for use in persons with unilateral transtibial amputations. A future
direction is to conduct a similar study with persons with amputations to help create a moment targeting

controller to help the users adapt to various locomotion and terrain and improve socket comfort.

(Boone et al., 2013) investigated the perturbation effects of TTA prosthetic misalignment on the
sagittal and frontal (coronal) socket reaction moments. These prostheses had misalignment perturbations
of 3 and 6 deg rotation (adduction/abduction) and 5 and 10 mm translation (medial and lateral).
Compared to normal alignment, frontal socket moments exhibited the most statistically significant
differences at 30% and 75% of the stance phase for all angles and translation perturbations. Correct
alignment is important for comfort and functionality of transtibial prostheses, and the results from the
Boone et. al paper can be compared to how the various angles of the TADA affect the pylon moment.
Also, (Molina-Rueda et al., 2014; Rueda et al., 2013) showed that participants with TTA walked with
lower hip abductor and valgus (knee) moments on the prosthetic side compared to the intact side and
unimpaired subjects. They also found that the thorax frontal range of motion increased, indicating
mediolateral compensation to accommaodate the prosthetic vs. intact frontal moments. A pylon load cell is

important to help researchers understand the interaction of residual limb and the prosthetic device.

This paper aimed to create a lower-limb prosthesis that can record lower-body kinematics and
kinetics and assess the sensitivity of those mechanics to different walking speeds and ankle angles using
an unimpaired participant. The recording focused on the peaks and impulses of pylon moments. The
sensitivity addressed the question: can we discern the relationship of the peaks and impulses pylon
moment to different walking speeds and TADA angles. The main aim was to investigate the relationship
of the average peaks and impulses of Plantaflexor (sagittal) and Evertor (frontal) pylon moments with

changes in walking speed and TADA angles.
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C) TADA Instrumentation for Control and Evaluation

The TADA’s semi-active mechanism can only move during unloaded swing phases. Therefore,
an integrated inertial measurement unit (IMU) was mounted to the TADA for swing-phase detection.
(Formento et al., 2014) showed that gyroscopes in IMUs can be used to detect the leg swing initiation and
termination in human walking; they showed that detection success for initial contact of the foot was over
93% and within 0.045 seconds of the reference comparison (in-shoe pressure measurements). We
implemented a similar algorithm to detect swing phases and enable and disable the TADA’s kinematic
changes in real time. Typically, prosthetic-side leg swings are about 0.4 seconds (Isakov et al., 2000) and
the TADA was designed to act within one swing-phase. Having a prosthetic device that can adjust to
various walking speeds and locomotion mode (stairs, slopes, corners) can be advantageous for walking

with lower-limb prostheses (Bartlett et al., 2019; Leestma et al., 2021).

Kinematic measurements of movement are made by two mechanisms: the internal sensing of the
joint actuation motors, and an Xsens wearable inertial motion sensor lower-body suit. The motor angles
are sensed by the hall effect sensors of the motor controllers and used with the known kinematics of the
mechanism to compute ankle postures. The wearable Xsens system is used to estimate lower-body
segment, joint, and center of mass movements. These measurements are streamed in real-time for
concurrent logging in the TADA system (Schepers et al., 2018). Xsens is a suitable out-of-the-lab motion
capture system to test the TADA through a variety of walking conditions like stairs, corners, and hills
(Harper et al., 2020). Kinetic measurements are made by a load cell sensor (Europa+ Smart Pyramid),
which attaches the prosthetic pylon to the TADA and measures axial pylon force and two-axis moments

(sagittal and frontal) using Bluetooth streaming.

d) Software Architecture
The focus of building the TADA software system was to create an integrated control and data
logging system that can enable a wide range of experiments with the TADA and can also readily be

adapted to other prosthetic systems that have actuators and sensors. One main goal was to create an
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adaptable controller that adjusts ankle angle depending on walking speed and pylon moments. We chose
to use the distributed Robot Operation System (ROS) for the TADA modules (nodes) (see Fig. 21) to
have a common messaging platform across multiple computer systems. The central controller of the
TADA is located on a Raspberry Pi 4 computer embedded in a waist pack; it commands the motor
controllers and receives signals from the kinetic sensors (Europa load cell) and kinematic sensors (IMU,
Motors, and Xsens). There is also a secondary computer that receives the streamed data over a network
and for data viewing and collection.

The TADA system consists of multiple ROS nodes and communication components, namely
Brain, Europa, IMU, Motor and Xsens nodes, all running at 100 Hz. The Europa node serves as a multi-
threaded node with custom Python software that transmits recorded values from Europa+; these signals
include frontal and sagittal moments and axial force, along with the corresponding time data. It is
connected to the Raspberry Pi via Bluetooth. The IMU node (Python) captures angular velocity,
acceleration, detected swing/stance state, step, swing time and recorded time using the MPU6050 inertial
sensor. The MPUG050 is connected to the Raspberry Pi through a wired 12C connection.

The Motor node (C/C++) receives motor commands from the Brain node and maintains
communication with the two TADA motors using CANopen over EtherCAT (Chapter 3). This node is
multi-threaded and has specific use of certain CPUs to maintain continuous real-time communication with
the motors through the motor drivers.

The custom Xsens node (C++) operates on the secondary (remote) computer and is launched
from a Windows laptop running Xsens MVN software. It is connected to the Xsens system using the
Xsens Software Development Kit with custom adaptations to make it ROS-compatible. The Xsens node
relays information back to the secondary computer using a multi-threaded approach, and reports various
measurements, including angular and linear velocity and acceleration of each segment, joint angles, the
position, velocity, and acceleration of the center of mass, and the recorded time.

The Brain node (Python) subscribes to the IMU, Europa, and Motor nodes, gathering data from

these sources, and publishes motor commands to the motor node based on desired ankle angle. To capture
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all the reported values from all nodes, we employ the use of rosbag software on the secondary computer
(Windows laptop with ROS capabilities (Nichols, 2022)). The rosbag tool allows recording of messages
across all topics and computer systems in one archive. We chose to use rosbag on the remote computer to
reduce the embedded Raspberry Pi’s processor load, to have a more capable GUI, and to quickly process

and check the rosbag file contents for the collected nodes and topics.

BRAIN NODE

| motor_command | | motor_isten | | sensing_topic | | europa_topic |

Subscribe Publish ﬁh ﬁh

MOTOR NODE | IMU NODE | | EUROPA NODE |

[ xsens‘_tnpic ]

Publish

Figure 21: ROS subscribers and publishers for each message topic. The remote Xsens node runs on the secondary Windows
computer. The Motor, IMU, Europa, and Brain nodes run on the Raspberry Pi.

e) Method

One unimpaired participant (female, body mass = 64.8 kg) was included in this study after giving
written informed consent according to procedures approved by the University of Wisconsin-Madison
Health Sciences Institutional Review Board (protocol #2020-0812). The participant was included under
the criteria: comfortably walk a minimum of 30 minutes without aid and walk on level ground and ramps.
Exclusion criteria included the presence of neuromuscular disorders, current injuries, or surgery within
the past six months. The TADA was fitted onto the participant using a custom-made ankle bypass
orthosis, where the TADA is mounted laterally and distally to the participant’s right foot. The TADA was
aligned in a neutral configuration (comfortable static sagittal angle of foot to lower leg and no
inversion/eversion). The participant was then given a short (10 minute) acclimation period to walk freely
through the hallway while the TADA was adjusted to its most extreme pure-axis angles (10 degrees in

dorsiflexion (DF), plantarflexion (PF), eversion (EV), and inversion (IV)), to gain experience.
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The participant then walked on flat ground at three consistent self-selected speeds (slow, medium,
fast). The participant walked with 17 different TADA stance angles including neutral (0, 0 deg for PF,
1V), purely sagittal angles (5 and 10 deg PF and DF), purely frontal angles (5 and 10 deg IV and EV), and
combined angles with magnitudes of (2.5 and 5 deg, equal in PF/DF and IV/EV). The participant was
instructed to walk continuously in a flat hallway. The TADA alternated between the neutral angle for 5
steps and a non-neutral angle for 6 — 10 steps. A random number between 0 and 4 was added to 6 steps in
the non-neutral angle condition, to reduce the likelihood of the participant anticipating the TADA angle
changes. The trial was paused after the participant walked for 4 conditions of the neutral angle and 3
conditions of the non-neutral angles, to allow the participant to turn around at the ends of the hallway. For
the medium speed, there were 17 different TADA angles. For the slow and fast speeds, there were 5

different angles: neutral and the most extreme pure-axis angles (10 deg PF, 1V, DF, and EV).

Figure 22: (Left) Front view of the custom-made ankle bypass orthosis connected to the TADA. (Right) Full experimental
setup. The participant has the lower body Xsens suit, pylon load cell (Europa+), IMU, and TADA foot. A foam lift (5 cm) is
added to the other shoe to match the height.

f) Data analysis
Walking speed from the Xsens node and TADA ankle angles from the Brain node were used as
the independent variables of the main hypothesis. The peak pylon moments and moment impulses

through the stance phase (sagittal and frontal) were used as the dependent variables. The Europa was
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oriented such that plantarflexor and evertor moments when applied to the pyramid side of the Europa
were positive when mounted on the right foot; values were calibrated by hanging static known weights at
known distances from the load cell center in static trials. Secondary dependent variables of hip and knee

angles from Xsens were also investigated.

For the kinetic data, the sagittal and frontal moments were low pass filtered (cutoff of 6 Hz) and
the values were normalized by dividing by body mass. The units for peak moment and impulse were
Nm/kg and Nm.s/kg, respectively. Then the sagittal and frontal averages for peak moment and impulses
for each speed and TADA angle were found for the middle three strides of the 6 — 10 steps while the
subject walked with the TADA. The Europa signal was found to have a time delay due to buffering; it
was time-shifted backwards by roughly 2 seconds and verified that the kinetic and kinematic data were
from matching strides. For the kinematic data, sagittal and frontal hip and knee angles from Xsens, and

ankle angles were calculated in the Brain node.

For the medium speed, linear regressions were performed for the peaks and impulses of the
sagittal and frontal moments for pure sagittal ankle angles (only plantarflexion) and pure frontal ankle

angles (only 1V). The slope, intercept, r? value, and p values are reported in Tables 8 and 9.

Q) Results

The results consist of processed data from the IMU, Europa, and Xsens nodes. The participant
walked at three self-selected speeds with neutral and various non-neutral TADA angles. At the medium
walking speed, the TADA moved to purely PF, purely IV, and combinations of PF and IV ankle angles.
At slow and fast, the TADA moved in purely PF and purely IV angles. The results start with Figure 23,
showing time-based moment data for the 3 speeds while walking with the TADA angle of PF=10, IV=0,

starting with one heel-strike and ending with the following heel-strike.
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Sagittal Moment vs Time, with the chosen peaks for PF = 10.0, IV = 0.0

Grouped by Speed
fast

med

slow
0.8
0.6
0.4
0.2
‘____‘—/— JE—
0 =
0.4 0.6 0.8

1 1.2 1.4

Sagittal Moment (Nm/kg)

Time (s)

Figure 23: plot of sagittal moment vs time over one representative stride when the TADA was plantarflexed to 10 degrees.
The fast moment profile had the largest peak Plantarflexor moment compared to other speeds, but the smallest stance time
(when the moment is approximately larger than 0). The slow moment profile had a smaller peak than the fast profile and
had the largest stance and stride times.

For this TADA angle (Figure 23), peak sagittal moments were lower and stride time were higher
(time from one heel strike to another) for the slow and medium speeds compared to the fast speed. Stance
time is a factor in impulse calculation, and impulse can give more information about the time and average
moment characteristics than peak moment can. Figure 24 shows the frontal moment profiles for the
TADA at 10 degrees PF for multiple walking speeds. The peak frontal moment (evertor) increases with

increasing walking speed.
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Frontal Moment vs Time, with the chosen peaks for PF = 10.0, IV = 0.0

Grouped by Speed
— fast

med

slow

0.15

Frontal Moment (Nm/kg)

Time (s)

Figure 24: plot of frontal moment vs time over one representative stride when the TADA was plantarflexed to 10 degrees. It
shows the frontal moment peaks and stances time increased with increasing speed for this TADA angle. The moment profiles

are shown across time instead of as a percentage of stride (0 to 100% of heel-strike to heel-strike) to illustrate the effect of
speed on stance and stride times.
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Hip and Knee sagittal angles for one stride of PF= 10.0, IV = 0.0

Grouped by Speed
fast

med

slow

IMU-defined swing period

Hip Flexion Angle (deg)

7\

0 20 40 60 80 100

Knee Flexion Angle (deg)

Percentage of stride (0 to 100%, heel strike to heel strike)

Figure 25: Plots of hip and knee sagittal angles for one representative stride when the TADA was plantarflexed to 10 degrees.
These angles were from the Xsens node. The subplots also include grey regions which represent the swing period from the
IMU swing detection.

In Figure 25, there were changes of hip and knee angles provided by Xsens for different speeds
with the TADA angle of 10 degrees PF. The grey colored region represents conservative estimates of
swing period based on the IMU signals. It is conservative to give the TADA motors sufficient time to
move when the foot is not in contact with the floor. There is an upward vertical shift of the knee angles
profiles for faster speeds from around mid-stance (40%) to mid-swing (85%), indicating a more flexed
knee (less straight with faster speeds). Also, the peak knee and hip flexions increased with increases in

walking speed.
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Sagittal Metric | Slope (*10®) Intercept r? P-

Moment Peak units: Nm/kg/deg Peak units: Nm/kg value value
Impulse units: Nm/kg/deg*s | Impulse units: Nm/kg*s

Purely changes | Peak 4.14 0.917 0.400 | 0.253

in Inversion Impulse | 2.28 0.360 0.478 | 0.195

angles

Purely changes | Peak 10.2 0.915 0.932 | 0.002

in Impulse | 13.4 0.0381 0.897 | 0.004

Plantarflexion

angles

Frontal Metric | Slope (*10®) Intercept r? P-

Moment Peak units: Nm/kg/deg Peak units: Nm/kg value value
Impulse units: Nm/kg/deg*s | Impulse units: Nm/kg*s

Purely changes | Peak 5.00 0.199 0.964 | 0.003

in Inversion Impulse | 3.47 0.080 0.974 | 0.002

angles

Purely changes | Peak 3.93 0.194 0.910 | 0.003

in Impulse | 1.05 0.081 0.174 | 0.410

Plantarflexion
angles

Table 7 and 8: the slopes, intercepts, r? values, and p-values of the trends of the sagittal and frontal moments with changes
in purely inversion and plantarflexion angles for the TADA angles for medium self-selected speed. The bolded text highlights
the metrics that had high r? and low p values, above 0.85 and below 0.05, respectively.
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PF vs IV, with Sagittal Moment Peaks(left) and Impulses (right) as marker color and size
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Figures 26 and 27: Plots of Sagittal (Top) and Frontal Moments (Bottom) for their respective PF and IV angles for the
participant walking at medium speed. The left subplots are for peak pylon moments and the right subplots for pylon
impulses. There is data missing for the PF, IV of -2.5,-2.5 due to a missed trial.

For medium walking speed, Table 7 and 8 and Figures 26 and 27 show strong trends of pure PF
ankle angles leading to increased Plantarflexor (sagittal) pylon moment peaks (r> = 0.932) and impulses
(r> = 0.897). There were also strong trends of pure 1V ankle angles leading to increased pylon frontal

moment peaks and impulses (r2 = 0.964 and 0.974) and there were increased peaks for frontal pylon



moments with increased PF angles (r? = 0.910).
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Figures 28 and 29: Regression plots of Sagittal (Top) and Frontal Moments (Bottom) for their respective PF and IV angles for
the participant walking at medium speed. The lighter colored lines are for peak pylon moments and the darker colored lines
for pylon impulses.

Figures 28 and 29 (above) show another graphical representation of the trends of the sagittal and

frontal moments for purely changes in PF and IV of the TADA. There were generally positive trends of

larger magnitudes for peaks and impulses for sagittal and frontal moments with increases in IV and PF

ankle angles (more Inverted and more Plantarflexed ankle).
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Figures 30 and 31: Regression plots of Sagittal (Top) and Frontal Moments (Bottom) for each speed. The lighter colored lines
are for peak pylon moments and the darker colored lines for pylon impulses.

In Figures 30 and 31, there are general trends of sagittal moments with sagittal angles and frontal

moments with frontal angles for the three walking speeds. There was some variety in differences of slope

and vertical offsets of these trends across speeds, but a general summary is that peaks and impulses of

sagittal and frontal moments increased with increased speed and increased PF. Additionally, increased

peaks and impulses of Evertor moments increased with increased speed and increased V. More trials and

participants are needed to draw statistical conclusions about the differences of the various regression

slopes and vertical offsets among the peaks and impulses of the moment data across walking speeds.
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h) Discussion

a. Device Purpose:

The purpose of this paper is to present the kinematic and kinetic detection and sensitivity of Two
Axis aDaptable Ankle (TADA) for various walking speeds and ankle angles. This study investigated the
effect of walking speed and ankle angle on ankle pylon moments as a first step to building a controller
that can adapt ankle angle to a variety of locomotive conditions like walking on slopes, stairs, around
corners. The main advantages of the current implementation of the TADA system are the centralized
software controller for the prosthetic ankle with independent power and functionality, an off-loaded
computational processing for the Xsens motion capture system and data saving to a secondary computer,
and the ability to view and save time-synchronized data into one file from the multiple devices connected

to the TADA.

b. Device Evaluation:

Previous testing (Chapter 3) showed that the device is capable of successfully adjusting ankle
orientation of subjects within one step while collecting data from various sensors, given that prosthetic-
side leg swings are typically 0.4 seconds (Isakov et al., 2000). On average, the motors move the TADA
within 0.1 degrees of the commanded angle and within 0.2 seconds. For this study, the signals from the
Europa node were time-shifted by 2 seconds to synchronize the moment data to the other kinematic data
post processing. This 2 second delay occurred due to the delay in the Bluetooth message in the raspberry
pi receiving data from the Europa device and potentially with the nature of the software buffer. Future
software development of the Europa node could reduce this delay to enable the use of the most recent step
for a moment-based feedback controller for the TADA. The kinematic signals from the Xsens, IMU, and

motors were synchronized, and preliminary results were shown in the results section.

The results showed that the average peaks and impulses of Plantarflexor (sagittal) and Evertor

(frontal) pylon moments were higher at more plantarflexed and inverted ankle angles and higher for
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higher walking speeds. Additionally, the peak frontal moments were shown to be higher for more

plantarflexed angles.

c. Experimental pilot study:

The pylon moments of the pilot participant walking with the ankle bypass orthosis and TADA
were evaluated through various speeds and ankle angles over level ground walking. A positive sagittal
moment relates to the ground reaction force passing in front of the load cell, causing a Plantarflexor
moment to be applied to the TADA (Boone et al., 2013). In other papers about prosthetic alignment
(Hashimoto et al., 2021), the peak plantarflexor moment increased with more extension of the socket
(which was related to more plantarflexion of their prosthesis). Our results (Table 6) presented the
consistent effects to the Hashimoto study for the relationship of peak plantarflexor moment with

plantarflexion.

In the frontal plane, a positive frontal moment indicates an Evertor moment is applied to the
TADA (see Figure 24). Results (Table 8) showed that a more inverted ankle led increased peak evertor
moment (and impulses), which was consistent with the trends seen in the other literature (Hashimoto et
al., 2021), but the average value of their frontal pylon moment was invertor. They observed increased
invertor moments (also called varus moments) with more everted ankle angles. The average value of
evertor moment for this study (instead of invertor) is likely due to lateral placement of the TADA due to

the ankle bypass orthosis (issue described in the Limitations).

Our participant showed that the sagittal pylon moment peaks were largest in Plantarflexed angles
and smallest in Dorsiflexed and Everted angles. The peak values of the sagittal pylon moment of this
paper (0.7 — 1.0 Nm/kg) were close to the peaks from other literature (0.62 — 0.81 Nm/kg) with ankle
adaptors (Hashimoto et al., 2021; Kobayashi et al., 2013). In prosthetic walking, excessive peak
plantarflexor moment at the socket can translate to high peak pressures on the patellar tendon and distal
posterior regions of the residual limb when persons with amputations use conventional prostheses (LaPre

etal., 2017). LaPre’s objective was to reduce the high moment transfer through the socket by realigning
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the socket center to be closer to the line of action of the ground reaction force during midstance. Reducing
these peak moments on the socket can be beneficial to improving comfort (Boone et al., 2013), however,
if we are aiming to reduce peak moments and maintain balanced walking, we need to consider an
acceptable range of both peak pylon moments and pylon impulses. Pylon moment impulses are important
to consider as they give information about the average moment for stance period. A moment target
controller can be developed with the TADA to control ankle angles as a function of peak pylon moments,

pylon moment impulse, and walking speed.

d. Future work:

In the future, a moment targeting control algorithm can attempt to alter the peaks and impulses of
the pylon moments. One idea will be to first set a range of acceptable peaks and impulses based on
walking with a neutral TADA angle at a self-selected walking speed. Then the TADA will adjust the
ankle angle if the average values for the last three strides is outside of that range for both peak pylon
moments and pylon impulses. Walking speed can be derived from the TADA’s IMU using a motion
reconstruction method for walking speed and foot movement previously published by our lab (Glanzer
and Adamczyk, 2018). The Xsens also gives valuable insight into lower-body joint angles and a way to

validate the motion reconstruction.

This moment targeting control could be useful for adjusting ankle angles while walking at
different speeds, on slopes, stairs, and around corners. For a participant walking on level ground in the
ankle bypass orthosis, if peak pylon moments and impulses for sagittal and frontal moments are too high,
the TADA could move the ankle angle to be more dorsiflexed and/or everted. The purpose would be to
reduce unnecessarily high peak pylon moments causing high pressure regions on the orthosis (which can
be similar to socket pressures). If the peaks and impulse are too low, the TADA could become more
plantarflexed and inverted. The controller can also be helpful for persons with amputations once we

confirm the quantitative relationship of speed and TADA angle to frontal and sagittal peak pylon moment



81

on persons with transtibial amputations. The goal of moment targeting control would be to lower the

socket moments by adjusting ankle angle without favoring the other leg.

Additionally, future directions of study could include investigations using whole-body angular
momentum, balance augmentation, and transient and steady-state responses in the pylon moments/joint
angles in steps immediately after foot angle changes. This research also feeds into research on neural
interfaces for volitional control of prostheses. If integrated with such control, a user would be able to
directly manipulate the ankle angle of the TADA using neural signal based off of obstacles in their vision

and be able to sense the ankle angle.

e. Limitations:

A current limitation of this study is our sample
size of one participant; it would be beneficial to collect
data on additional subjects to further evaluate our
system. Another limitation is the ankle bypass orthosis
significantly shifts the pylon laterally, which changes the
frontal moment direction to be evertor. In persons with

amputations, frontal moments were on average invertor

moments (Hashimoto et al., 2021). The lateral placement

Figure 32: graphical representation of the moment arms of

the ground reaction force and pylon-center for the ankle of the TADA from to the anatomical knee jOint
bypass orthosis for the everted TADA (left) and inverted

TADA (right). contributed to the consistent evertor moment due to

lateral location of the center of pressure of the foot from the knee. This effect causes a larger moment arm
with similar GRF magnitude, and may also increase the medially-directed component of the GRF,
increasing the evertor torque as seen in Figure 32. These issues would not be present in persons with

transtibial amputations as the foot would be in the correct mediolateral location.
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f. Conclusion

The integrated system of the Two Axis aDaptable Ankle (TADA) can detect lower-body
mechanical outcomes using a combination of a shank inertial sensor, a pylon load cell, and a Xsens
lower-body sensor suit, and can evaluate the effect of ankle angle and walking speed on sagittal and
frontal pylon moments. For an unimpaired participant walking with the TADA using an ankle bypass
orthosis, the peaks and impulses of sagittal and frontal pylon moment increased with increased
plantarflexion and inversion, respectively. Automated, real-time moment-targeting control could allow
users to adapt to terrain conditions, such as stairs and ramps, or to alter biomechanical loads like

undesirable socket moments.
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Chapter 5. Discussion

(@) Introduction and Overview of Research Questions
My dissertation focused on the development and application of two Semi-Active Prosthetic Foot-Ankle
Systems: Variable Stiffhess Foot (VSF) and Two Axis aDaptable Ankle (TADA). This section focuses
on a detailed summary of my work, helpful proposals for future directions for the TADA project, and an
overview of my scientific and engineering contributions. The main research questions of my dissertation
were as follows.
What are the biomechanical effects of modulating forefoot stiffness on knee and ankle mechanics on
persons with transtibial amputations walking with the Variable Stiffhess Foot?
How to implement a real-time motor control for the new Two Axis aDaptable Ankle using a
Raspberry Pi, ROS, and CANopen over EtherCAT?
What is the Influence of Prosthetic ankle-angle and walking speed on Pylon moments of the Two

Axis aDaptable Ankle?

(b) Summary of My Dissertation Work
(i) Biomechanical Analysis of the Variable Stiffness Foot
My dissertation work started with the VSF project (Chapter 2), where | completed the data
collection for seven persons with transtibial amputations walking with the VSF in our motion capture
lab. They walked with a self-selected speed for three different VSF stiffnesses (low, medium, and high).
We investigated the knee and ankle angles and moments, prosthetic power flow and energy, and
magnitude and offloading of the vertical ground reaction force under the prosthetic side. We published
that a less stiff VSF led to higher ankle angle range of motion, lower peak moments for the ankle, knee,
and hip, higher prosthetic energy storage and return and power, which may help reduce joint overuse in
persons with transtibial amputations. This manuscript ° addressed my first research question: "What are

the biomechanical effects of modulating forefoot stiffness on knee and ankle mechanics on persons with
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transtibial amputations walking with the Variable Stiffness Foot.” This study included data collection
using separate streams from reconstructed movement from motion capture cameras, two force plates, a
pylon-mounted load cell, and an inertial measurement unit on the foot.

A time synchronization issue with the motion capture and force plate data required a post-
processing correction based on the time point where the vertical force was close to 0 and the moment the
toe left the floor. The load cell data were synchronized during post-processing to the other signals by
aligning the force trace with the motion trace for the time periods when the subject tapped their foot a
few times before each trial. Another difficulty was additional time spent synchronizing the multiple data
files and accommodating issues of not consistently turning on and off the devices between trials. It was
also difficult to share our motor control and lower-leg motion reconstruction software development as

our software was compiled on an embedded system specifically catered to the VSF hardware.

(if) Importance of an Integrated System for Prosthetic Devices
I then transitioned to work on the TADA. | entered the project to continue my work in prosthetic
development, reduce the chances of synchronization issues, and have a centralized and generalizable
controller to communicate with the motors and sensors usable by other collaborators or people curious

about prosthetic or robotic systems.

(iif) Connection to my collaborative work in Biomechanical Simulations, the original Two Axis
aDaptable Ankle, and the Wearables Review manuscripts

There was an original design paper (manuscript in progress) that | inherited from the previous
TADA work. The previous generation of the TADA was built to control ankle angle using an inside U-
joint and brushed DC motors which acted on the gears attached to the outside of the angled cams. It used
a shifted bang-bang velocity-feedback controller. I am assisting with finishing the manuscript for
resubmission and translating its software into the new TADA controller.

Also, | collaborated in the publications for the biomechanical simulations to replicate gait

kinematics and the ground reaction force (resultant force and center of pressure) using the VSF *72and
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presentation 3 of a simulation-based analysis of the interface dynamics between the prosthetic socket
and residual limb in walking with the VSF. The manuscript investigating the socket interface dynamics
contributed a helpful foundation for simulation approaches to improving prosthetic socket issues for
persons walking with transtibial prostheses. These simulation-based collaboration papers helped extend
the application uses of the VSF and initialize the development of the TADA. The review manuscript
(submitted) focused on presenting current literature on wearable sensing for understanding and

influencing human movement in ecological (out-of-the-lab) contexts.

(iv) Design of the New Two Axis aDaptable Ankle Hardware and Software

The new TADA (Chapter 3) needed lighter, faster, and stronger motors to have a more precise
and prosthetic responsive ankle. After exploring many computer boards, motor models, and motor
controllers, we used the Robotic Operating System (ROS) on a Raspberry Pi 4 to control the ankle angle
of the TADA using brushless Direct Current motors. To communicate with these motors, we used
position motor control utilizing CANopen over EtherCAT communication between the Raspberry Pi and
motor controllers. The Raspberry Pi was chosen as the central controller for the prosthetic system with
independent functionality. Independence means that the TADA can function on its own, but external
computers can be used to view the data and send commands to the Raspberry Pi but were not necessary
for the TADA to operate. ROS was chosen as it allows for modular customization of its programs and
has a built-in messaging system to communicate among multiple programs written in Python and C++
and among multiple computers over the same Wi-Fi connection.

Additionally, my lab mates and | updated the mechanical design of the TADA to have an outside
U-joint, internal direct-drive motors, and angled cylindrical cams with a combination of machined
aluminum and 3D printed material. We found (Chapter 3) that our software and hardware
implementation to control the TADA’s movement allowed quicker movement times, more reliable and

precise ankle angle changes, and higher data transmission rates compared to the original TADA. These
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results answered my second research question: "How to implement a real-time motor control for the New

Two Axis aDaptable Ankle using a Raspberry Pi, ROS, and CANopen over EtherCAT?”

(v) Integrated system for the New Two Axis aDaptable Ankle

Building onto the ROS architecture (Chapter 4), custom programs for a shank-based inertial
measurement unit (IMU) for prosthetic leg swing detection, load cell (Europa) for pylon moments, and
Xsens lower-data motion capture suit for joint, segment, and center of mass data. The programs for the
IMU, motors, and Europa were hosted on the Raspberry Pi and were controlled by a governing program
called the “Brain.” The Brain allowed the automated execution of experiments and terminal-based user
interaction.

The Xsens program was executed using a secondary computer to offload the computation burden
on Raspberry Pi. This secondary computer was also used to view the Raspberry Pi’s GUI and send
commands to the TADA to start and end experiments and troubleshoot the TADA system. The data
collection used a ROS tool, “rosbag” to save data for all the devices into one file, with timestamps
dedicated to when each program received data from their devices. This data collection method allowed

the data to be easily synchronized in post-processing and allowed for real-time feedback.

(vi) Creation of an Evaluation Prosthetic Tool for out-of-the-lab experiments

Using the integrated TADA system, we performed a pilot study (Chapter 4) of an unimpaired
person walking at three self-selected speeds (slow, medium, and fast) with the TADA attached to an
ankle bypass orthosis. Results showed that peak sagittal moment (plantarflexor) and impulses increased
with increased plantarflexion angles, frontal peaks and impulses (evertor) increased with increased
inversion angles, and peak evertor moments increased with increased plantarflexion angles. Also, the
peak sagittal pylon moments generally increased with increased walking speed. This pilot study showed
that pylon moments can be influenced by changes in walking speed and TADA angles and addressed my
third and last research question, “What is the Influence of Prosthetic ankle-angle and walking speed on

Pylon moments of the Two Axis aDaptable Ank/e?”
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In the future, the TADA can be tested with persons with transtibial amputations to investigate the
inter-subject sensitivity parameters of the influence of walking speed and TADA angles on pylon
moment. These sensitivity parameters can be important for building an adaptable prosthetic ankle that
controls ankle angle as a function of walking speed or pylon moments.

The TADA can be used for data collection both in the lab and for out-of-the-lab experiments. It
has an integrated system with motors and multiple sensors that can first be used as an evaluative tool for

prosthetic walking, and then be developed into an adaptable prosthetic ankle.

(c) Proposals for Future Work with the TADA

(i) Toe-lift Control

This controller will aim to lift the toe by dorsiflexing the TADA during every swing period of
the prosthetic side and returning it to the previous stance ankle angle before the leg contacts the ground.
The main metrics to consider are minimum toe clearance and stance knee angles. The results of Chapter
3 support that the TADA is fast enough to dorsiflex and return to the original stance angle during swing.
The commanded movement time and range of dorsiflexion of the toe lift could depend on ground slope
or stairs conditions. An experiment can be designed with unimpaired participants walking on flat, sloped,
and stairs with the ankle bypass orthosis and TADA. The toe-lift controller will use the IMU swing
detection software and could be designed to move from neutral (O degrees dorsiflexion) to various angles
of dorsiflexion, and back to neutral. Walking with various ground slopes and mid-swing dorsiflexion
angles may affect prosthetic-side swing time and the minimum toe clearance.

To motivate the evaluative metrics to assess toe-lift, previous experiments on other semi-active
prostheses with a toe-lift controller showed increased the minimum foot clearance on flat ground ",
increased early stance prosthetic-side knee flexion angles for ramp ascent (closer to unimpaired
walking), and increased median of the toe clearance with a lower coefficient of variability for
descending and ascending ramps, compared to passive prostheses’. Also, Asha and Buckley’” showed

that minimum toe clearance on the prosthetic side does not increase with walking speed. The main
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variables of interest are minimum toe clearance and knee flexion angle. The goal of the toe-lift controller

is to reduce toe scuf and the risk of tripping.

(ii) Slope Adapting Control

This controller will aim to adjust the stance angle of the TADA to adjust the ankle angle based
off of the detected ground slope. The results of Chapter 4 support that the TADA can detect changes in
pylon moment and moment impulses for different speeds and TADA angles. A similar experimental
protocol and data analyses from that study will be adapted to investigate sloped walking. One aim will be
to characterize the peak pylon moments and moment impulses as the foot angle of the TADA matches
the ground slope for uphill, downhill, and crosshill walking. A slope detecting algorithm will be
developed similar to the approach shown by Chang et al (2019). They presented a smart prosthetic
ankle device that controls ankle angle based on detected terrain. It used the shank ankle as input to a
fuzzy-logic based terrain identification method where fuzzy logic refers to the statistical approach that
uses degrees of truth rather than a binary (true/false) approach. Using one IMU and load cell, the system
detected slopes between 5-8 degrees.

To motivate the evaluative metrics to assess the slope adaptation, other literature using semi-
active prostheses showed that the Propio-Foot™, which can sagittally change ankle angle for uphill and
downhill walking, presented socket pressure data similar to level ground walking®. Also, Fardet et al
(2010)® showed that the Propio-Foot kinematics and kinetics similar to unimpaired persons for uphill
walking but not downhill. Also, Nickel et al (2014)%! presented a prosthetic ankle-foot that can adapt to
up and downhill walking (up to 10 deg) with the device shifting to plantarflexion for downhill walking
and dorsiflexion for uphill walking, reporting increased scores for socket comfort and decreased rate of
perceived exertion. The main variables of interest are peak pylon moment and moment impulse for
slope-matched TADA angles and user-defined socket comfort. The goal of the slope adapting control is

to evaluate if slope-matched angles of the TADA have lower peak pylon moments and impulses
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compared to the moments of the neutral TADA and to seek out the ankle angle the user find the most

comfort.

(iii) Moment Targeting Control

This controller will aim to adjust the stance angle of the TADA as a function of the lowering
peak pylon moments and impulse. The results of Chapter 4 support that when an unimpaired person
wearing the TADA using an ankle bypass orthosis, peak sagittal and frontal pylon moments and moment
impulses were lowest for dorsiflexed ankle angles. At the time of writing this dissertation, not enough is
known about the minimum necessary magnitude of peak pylon moments and moment impulses to
maintain functional walking on flat and sloped walking.

Lapre et. al (2016)% presented that one objective to minimize high moment transfer through the
socket would be to realign the socket center closer to the ground reaction force’s line of action during
mid-stance. Moment targeting control cannot just aim for peak moments and impulses to be as low as
possible. One un-ideal solution to minimize lower peak moments and impulses is to limp more on the
intact side and minimize time spent on the prosthetic side. Consequently, we need to also consider the
effect of the ground reaction force about the center of mass to maintain walking balance. We can use the
results from the slope adapting experiments to design a suitable range of the peak pylon moments and
impulses.

“How specifically should a moment targeting controller be designed?” is a necessary scientific
guestion. We do not have a specific algorithm yet for the moment targeting control. The biomechanical
outcomes can be evaluated with the TADA for participants walking on flat and sloped ground, on stairs,
and around corners. In future studies, the following questions need to be asked:

e Can the moment targeting control of the TADA in steady-state sloped walking achieve consistently
lower peak moment and impulse?
o Does a moment targeting control give kinematics and kinetics closer to the intact side or unimpaired

walking?
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e Can it improve the prosthetic user's comfort or lower rates of exertion?

e Can a moment targeting controller be a more generalizable controller for different types of walking
and standing? Instead of having multiple different types of controllers for specific use cases like
slope, corner, or stairs adaptation.

e Can a moment target controller adapt to multiple conditions like up/down/cross-hill and up/down

stair walking, different walking speeds, standing on level, sloped, or stairs?

(d) Scientific and Engineering Contributions

(i) Motor control and Sensors
To control the TADA angle, | developed an open-source motor controller on the Raspberry Pi
that interacts with brushless DC motors using CANopen over EtherCAT. | also wrote programs to
receive sensor signals from a load cell (Europa+), inertial measurement unit (MPU6050), and Xsens
lower-body inertial sensor suit. These sensors were used to detect the kinematics and kinetics of the

lower body in prosthetic walking.

(ii) Integrated System for Biomechanical Evaluation
To integrate the hardware and software for full system functionality, | developed and tested the
waist pack to include the raspberry pi, motor drivers, batteries, voltage regulators, circuit board, and
cable connectors. The TADA with the motors and IMU were powered, and signals were sent through a
few cables strapped to the person’s leg. The software architecture was built with Python, C, and C++
programs using the Robotic Operating System to interact with the motors and multiple sensors. These

programs are freely available online (open source) and can be applied for other use cases.

(iii) Biomechanical Analyses
Through my work on the VSF and TADA data analyses, I’ve developed various biomechanical
software to evaluate kinematic and kinetic data. For the VSF, | developed a mixed linear effect

regression to evaluate the sensitivity of the lower body joint angles and moments, prosthetic power flow,



92

energy storage and return, and vertical ground reaction force magnitude and off-loading rate with
changes of forefoot stiffness. This data set was created using motion capture and force plate data using
Motive, synchronized using MATLAB, solved inverse dynamics using Visual3D, and completed final
post-processing and graphics with MATLAB. For the TADA, | developed data analyses to calculate peak
sagittal and frontal moments and moment impulses for various walking speed and TADA angles. This
data set was created from the ROS file with streamed data from the TADA devices and post-processing

and graphics with Python.

(iv) Summary of Manuscripts and Patent
On the next page is a summary of my journal articles in progress, in review, and published, and the

patent | helped create.
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Chapter 6. NOMENCLATURE

Abbreviations | Definition

AOPA American Orthotic and Prosthetic Association
BOS Base of Support

BW Body Weight

CANopen Controller Area Network (Open-source)
CAREN Computer Assisted Rehabilitation ENvironment
CESR Controlled Energy Storage and Return

COM Center of Mass

COP Center of Pressure

DMAMA Dynamic Mean Ankle Moment Arm

DOD Department of Defense

EFLR Effective Foot Length Ratio

ESR Energy Storage and Release

EtherCAT Ethernet for Control Automation Technology
GRF Ground Reaction Force

GRFR Ground Reaction Force Resultant

IMU Inertial Measurement Unit

KEAM Knee External Adductor Moment

LE Low Energy

LME Linear Mixed Effects

MATLAB MATrix LABoratory

MOS Margin of Stability

MTC Minimum Toe Clearance

PWA Person with Amputation

RMSE Root Mean Squared Error

ROS Robotic Operating System

STADA Sheep Two Axis aDaptable Ankle

TADA Two Axis aDaptable Ankle

TTA Transtibial Amputation (unilateral)

ub Unified Deformable

VGRF vertical Ground Reaction Force

VSF Variable Stiffness Foot

VSPA Variable Stiffness Prosthetic Ankle

xCOM extrapolated Center of Mass

Units

Angle Degrees (deg)

Moment Newton-meter (Nm); Nm/kg if normalized to body mass
Impulse Newton-meter (Nm*s); Nm/kg*s if normalized to body mass
Power Watts (W)

Energy/Work Joules (J)

Vertical GRF Newtons (N)

Vertical off-loading rate  Newton/second(N/s)
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Chapter 7. LISTS OF FIGURES AND TABLES
(a) List of Figures
e  Figure 1: graphical representation of gait events of a non-disabled person and person with a prosthetic leg
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e Figure 2: Non-disabled ankle moment vs. angle of the stance phase of typical walking from Safaeepour et al.6
Stance phase starts with controlled plantarflexion, transitions to controlled dorsiflexion, and ends with
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e  Figure 3: Various considerations in developing passive, active, and semi-active prostheses from Adamczyk® ....3
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various locomotion modes from Leestma et al.’® The persons with transtibial amputations walked on level
ground, up and down ramps, and up and downstairs. Color lines represent the subject-independent linear
mixed effect regressions. Gray markers, vertical bars, and lines show each person’s average, standard
deviation, and subject-specific linear fit. The asterisk (*) represents a significant linear trend (p-value < 0.05)..7
e  Figure 5: Net metabolic rate as a function of measured scuff impulse and toe lift height from Wu et al.?* The
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e  Figure 9: Motion reconstruction steps with representative data trajectories from Rebula et al.”..........ccc.o..... 17
e  Figure 10: side drawing of the VSF highlighting the cantilever mechanics from Glanzer and Adamczyk15 The
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e  Figure 11: Side facing diagram showing a person with a transtibial amputation walking with the Variable
Stiffness Foot (VSF) across two force plates in a motion capture lab. They walked at a consistent speed for 3
trials per stiffness (tOtal OF O trIalS). ...ccueii ittt e e et e e et e e e e ta e e e e araeeeeanaeeeeareaaan 25
e  Figure 12: Prosthetic-side joint mechanics for a representative subject walking with the Variable Stiffness Foot
(VSF). First row is prosthetic angles for ankle and knee; second row is the prosthetic moments for the ankle
and knee; the third row is the Unified Deformable-body (UD) push-off power and vertical ground reaction

force for the prosthetic side. Mean curves across trials for each stiffness condition are plotted, and data is
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shown for the prosthetic stance phase from heel strike to toe-off. Grey rectangles represent the region of
concern for each variable where the peaks or areas are considered. Asterisks (*) were included after the

words, “area” and “peak” to highlight the variables which had statistical significance with changes in stiffness..

Figure 13: linear mixed-effect regressions for ankle and knee angles, moments, and UD power, energy storage

and return for the non-dimensionalized data, with respect to stiffness settings. The grey bar represents the

linear mixed-effects fit of all subjects. One subject didn’t have data for the lowest stiffness setting................. 30
Figure 14: proposed design of the Variable Stiffness Foot with two keels (VSF2K) .......ccoovveveiieeeiciie e, 41
Figure 15: exploded views of the New TADA dESIZN ....c.c.cioiiiriiiiiiieiiie ettt es 46

Figure 16: plot of the actual sampling period across the experiment time. Each color represents a different
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Figure 17: Example data from one movement, plotting ankle angle commands (intended angle) and actual
ankle angle based on the motors’ position sensors. The blue lines represent the IV angles and the red lines

represent the PF angles. The orange dots are the 95% rise times and the light-blue dots are for the settling

Figure 19: plot of Final Absolute PF error with the motor angle changes for the top and bottom motors. ........ 55
Figure 20: plot of PF and IV angles with the intended orientation (command with red marker) and actual
position (based on the motors’ position sensors). The actual orientation is represented by blue dots with error
DArS fOr PF @Nd IV EITOFS. . .eeieeiiett ettt ettt ettt e at e e ae e s bt e s bt e b e et e sabesbbesheesbeenbeenbeenseenbesneenbeenbeens 57
Figure 21: ROS subscribers and publishers for each message topic. The remote Xsens node runs on the
secondary Windows computer. The Motor, IMU, Europa, and Brain nodes run on the Raspberry Pi. ............... 68
Figure 22: (Left) Front view of the custom-made ankle bypass orthosis connected to the TADA. (Right) Full
experimental setup. The participant has the lower body Xsens suit, pylon load cell (Europa+), IMU, and TADA
foot. A foam lift (5 cm) is added to the other shoe to match the height .........c.cooeeiiiiiiiiiic e, 69
Figure 23: plot of sagittal moment vs time over one representative stride when the TADA was plantarflexed to
10 degrees. The fast moment profile had the largest peak Plantarflexor moment compared to other speeds,
but the smallest stance time (when the moment is approximately larger than 0). The slow moment profile had
a smaller peak than the fast profile and had the largest stance and stride times. .........cccocccveeevieeevcieee s 71
Figure 24: plot of frontal moment vs time over one representative stride when the TADA was plantarflexed to
10 degrees. It shows the frontal moment peaks and stances time increased with increasing speed for this
TADA angle. The moment profiles are shown across time instead of as a percentage of stride (0 to 100% of

heel-strike to heel-strike) to illustrate the effect of speed on stance and stride times. .........ccccceeeivvieeecieeeennee. 72
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Figure 25: Plots of hip and knee sagittal angles for one representative stride when the TADA was plantarflexed
to 10 degrees. These angles were from the Xsens node. The subplots also include grey regions which represent
the swing period from the IMU SWiNg deteCtiON .......ccccuiiiiiiiiiieiiieeiie ettt 73
Figures 26 and 27: Plots of Sagittal (Top) and Frontal Moments (Bottom) for their respective PF and IV angles
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Figures 28 and 29: Regression plots of Sagittal (Top) and Frontal Moments (Bottom) for their respective PF and
IV angles for the participant walking at medium speed. The lighter colored lines are for peak pylon moments
and the darker colored lines for pylon iIMPUISES ........ccueiiiiiiiiiiii e e 76
Figures 30 and 31: Regression plots of Sagittal (Top) and Frontal Moments (Bottom) for each speed. The lighter
colored lines are for peak pylon moments and the darker colored lines for pylon impulses. ...........cccocuveeuenee. 77
Figure 32: graphical representation of the moment arms of the ground reaction force and pylon-center for the

ankle bypass orthosis for the everted TADA (left) and inverted TADA (right). ....ccovveiiiieeeciiie e 81
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