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Wearable assistive devices, such as lower-limb exoskeletons and prostheses, can be used
to augment human locomotion and may allow users to perform tasks with reduced metabolic effort,
or promote physical activity and improve overall health. The goal of this dissertation is to examine
the biomechanics and energetics of bouncing gaits (i.e., hopping and running) and cycling, and
determine how assistive devices influence performance. First, | determined how the major
biomechanical determinants of metabolic power in hopping and running change across step
frequency (Chapter 1), and how hopping biomechanics are influenced by use of a passive, full-leg
exoskeleton with linear and non-linear stiffness springs (Chapter 2). Then, | examined how altering
bicycle and prosthesis configurations affect the biomechanics and metabolic costs of cyclists with
a unilateral transtibial (below-knee) amputation (Chapters 3 & 4).

In Chapter 1, | found that active muscle volume per step decreases as step frequency
increases in hopping and running, with the largest reductions attributed to the muscles surrounding
the knee joint. I also found that accounting for changes in active muscle volume improves estimates
of metabolic power using the ‘cost of generating force’ framework. These results support the
general hypothesis that the metabolic cost of bouncing gaits is related to the magnitude of active
muscle volume recruited to generate force and the rate at which force is produced.

In Chapter 2, | found that hopping in place using a passive, full-leg exoskeleton primarily

assists the muscles surrounding the ankle, followed by the knee and hip, due to the exoskeleton’s



average moment arm about each joint. Moreover, use of degressive stiffness springs within the
exoskeleton provides the greatest reduction in the muscle-tendon unit’s contribution to overall
ankle and knee joint moment and power, likely due to greater elastic energy stored in the spring
for a given displacement and the length of the exoskeleton moment arms. These findings suggest
that use of a passive full-leg exoskeleton for bouncing gaits may assist multiple joints and provide
valuable information for the development of future assistive devices.

In Chapters 3 and 4, | found that in cyclists with a transtibial amputation, shortening the
affected side crank arm length and increasing the prosthetic effective leg length while using a
daily-use prosthesis did not affect biomechanical asymmetries between legs or influence
efficiency. However, shortening the affected side crank arm length when cyclists used a cycling-
specific prosthesis (CSP) provided small reductions in hip joint power and hip transfer power
asymmetry. Use of a CSP also reduced knee joint angle asymmetry and improved efficiency
compared to a daily-use prosthesis. Thus, bicycle and prosthesis configurations influence rider
mechanics and performance, and optimizing these configurations could promote cycling as
exercise and improve the overall health of athletes with a lower-limb amputation.

Together, these studies improve our understanding of the biomechanical and metabolic
effects of integrating assistive devices in human locomotion and may inform the development of

future devices aimed at improving human performance.
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Introduction

Biomechanists and physiologists often seek to understand how human movement is related
to metabolic energy expenditure. Wearable assistive devices, such as lower-limb exoskeletons or
prostheses, may improve a user’s performance by reducing the metabolic effort to perform a task
(Allen and Grabowski, 2019; Farris and Sawicki, 2012; Grabowski and Herr, 2009; Sawicki et al.,
2020) or provide the means for an individual to complete a task and reduce the risk of injury
(Childers et al., 2009; Sepp et al., 2020). The central goal of this dissertation is to examine the
biomechanics and energetics of bouncing gaits (i.e., hopping and running) and cycling, and
determine how wearable assistive devices influence performance.

In bouncing gaits (i.e., hopping and running), the primary determinant of metabolic power
is the cost of producing muscle force to support body weight, which is influenced by the rate that
muscular force is produced (approximated by the inverse of ground contact time) and the volume
of active muscle (Kram and Taylor, 1990; Roberts et al., 1998a; Taylor, 1994). This framework,
dubbed the ‘cost of generating force’ hypothesis, has well-described the rate of metabolic energy
expenditure across a four-fold increase in velocity and a 4000-fold increase in body weight in
forward hopping, trotting, and running animals (Kram and Taylor, 1990; Roberts et al., 1998b);
and accounts for the non-linear increase in the rate of metabolic energy expenditure when humans
run up to 5.25 m st (Batliner et al., 2018; Kipp et al., 2018). However, if these parameters
fundamentally link the biomechanics of bouncing gaits to metabolic energy expenditure, then they
should apply to multiple modes of bouncing gaits, such as hopping and running at different step
frequencies. In chapter 1, | determined how active muscle volume changes with step frequency
during human hopping and running on level ground. I also evaluated how accounting for the

changes in active muscle volume affects our estimates of metabolic power under the ‘cost of



generating force’ framework. This study was published in the Journal of Applied Physiology in
2022.

The fundamental mechanics of bouncing gaits can be characterized by a spring-mass
model, which represents the leg as a massless linear spring supporting a point mass that represents
body mass (Blickhan, 1989; McMahon and Cheng, 1990). During ground contact, the leg spring
stores and returns elastic energy, and reduces metabolic energy expenditure by decreasing muscle
force production (Kram and Taylor, 1990; Roberts et al., 1998a; Taylor, 1994). The springlike
function of the leg during bouncing gaits has inspired the development of a passive, full-leg
exoskeleton with springs in parallel to the user’s legs. Use of this exoskeleton results in a decrease
in the metabolic power required for hopping in place on both feet by 18-28% over multiple
frequencies (Grabowski and Herr, 2009). Moreover, the magnitude of the metabolic power
reduction while using a passive, full-leg exoskeleton, depends on the stiffness profile of the springs
within the exoskeleton (i.e., the continuous slope of the spring’s force-displacement curve) (Allen
and Grabowski, 2019). While using a passive, full-leg exoskeleton, humans utilize neuromotor
adaptations to maintain similar center of mass mechanics compared to unassisted hopping (Allen
and Grabowski, 2019; Grabowski and Herr, 2009). However, it is unknown how users adapt their
lower-limb joint kinematics and Kinetics to the device. In chapter 2, | determined how users adapt
their lower-limb joint mechanics while hopping using a passive, full-leg exoskeleton with three
different spring stiffness profiles (degressive - initially stiff and becomes less stiff with
compression, linear, and progressive - initially compliant and stiffness increases exponentially
with compression) while having the same average stiffness at 10 cm of displacement. This
manuscript is in preparation, and we intend to submit it to the Journal of the Royal Society Interface

in the coming weeks.



Cycling offers a low-impact, aerobic exercise option for many people, without incurring
the high joint and tissue loads inherent in weight-bearing exercises (such as hopping or running)
and provides numerous health benefits over a sedentary lifestyle (Oja et al., 2011; Orekhov et al.,
2019; Poonsiri et al., 2021). Cyclists produce power at the crank through the muscles surrounding
the ankle, knee, and hip joints, with additional power transferred from the upper body through the
hip (Fregly and Zajac, 1996; van Ingen Schenau et al., 1990). Cyclists with a unilateral transtibial
amputation (TTA) require the use of a prosthesis to transfer power to the crank. However, a
prosthesis is unable to emulate the dorsi- and plantar-flexion of a biological ankle joint, which
likely contributes to kinematic and kinetic asymmetries between legs (Childers et al., 2009).
Previously, cyclists with a TTA were found to have an ~20% mechanical crank work asymmetry
between affected and unaffected sides (Childers and Kogler, 2014), which presumably worsens
net efficiency (the ratio of mechanical power to net metabolic power).

The kinematic and kinetic asymmetries in cyclists with a TTA may be addressed by
altering the bicycle-rider geometry (“bike fit”) or prosthesis type. Previous work has shown that
shortening the affected side crank arm length by 10 mm (from 172 mm to 162 mm), reduces
kinematic asymmetries in average knee joint angle and hip joint range of motion, but does not
affect joint or crank work asymmetries (Childers and Kogler, 2014). However, standard
commercial cranks often have a larger range (160 — 175 mm), and cyclists with a TTA may choose
to ride using their daily-use prosthesis (made of a carbon-fiber socket, metal pylon, and a passive-
elastic prosthetic foot) or a cycling-specific prosthesis (CSP; similar to a daily-use prosthesis, but
with the prosthetic foot removed and the metal pylon lengthened) which may have a different
effect with shorter affected side crank arm lengths. In chapter 3, | determined how shorter affected

side crank arm lengths and prosthesis type (daily-use prosthesis vs. CSP) influence joint and crank



power, joint and crank power asymmetry, and net efficiency in cyclists with a TTA. This
manuscript is in preparation, and we intend to submit it to Medicine and Science in Sports and
Exercise in the coming weeks.

The kinematic and kinetic asymmetries in cyclists with a TTA may also be addressed by
the prosthesis configuration. The biological ankle dorsi- and plantar-flexes by ~20° during the
crank cycle to assist with transferring power to the crank (Childers and Kogler, 2014), which
changes the effective leg length (the distance between the knee joint center to the center of the
cycling cleat) by ~15 mm. Presumably, the affected side has greater average knee and hip joint
angles than the unaffected side so that the leg is more extended to reach the bottom of the crank
cycle (Childers et al., 2009), especially if saddle height has been set based on the unaffected side.
Increasing the effective leg length of the prosthesis may decrease average knee and hip joint angles
and improve kinematic and kinetic asymmetries between sides. Additionally, use of a CSP likely
increases average knee and hip joint angles even further due to the absence of the prosthetic foot.
These changes in knee and hip joint angles could influence joint and crank power, joint and crank
power asymmetry, and net efficiency by altering the muscle force-length-velocity relationship of
the knee and hip extensors. In chapter 4, | determined how increased prosthetic effective leg length
using a daily-use prosthesis or a CSP influences joint angle, joint and crank power, kinematic and
kinetic asymmetries, and net efficiency in cyclists with a TTA. This manuscript is in preparation,
and we intend to submit it to Medicine and Science in Sports and Exercise in the coming weeks.

In summary, Chapter 1 determined the effects of step frequency on active muscle volume
in hopping and running, and how accounting for those changes affect estimates of metabolic power
using the ‘cost of generating force’ framework. I found that active muscle volume per step

decreases with increasing step frequency, and accounting for these changes improves estimates of



metabolic power using the ‘cost of generating force’ framework. Chapter 2 quantified the effect
of hopping using a passive, full-leg exoskeleton on lower-limb joint mechanics. | found that use
of a passive full-leg exoskeleton assists multiple joints simultaneously and reduces the muscle-
tendon unit contribution to positive joint power, without altering peak joint flexion angle and the
distribution of positive power compared to unassisted hopping. Chapters 3 & 4 determined how
changes to bicycle-rider geometry or prosthesis type and configurations influence joint kinematics,
kinetics, and net efficiency. | found that shorter affected side crank arm lengths offer small
improvements in hip joint and hip transfer power asymmetry, but this does not influence net
efficiency. Increased prosthetic effective leg length does not influence hip power asymmetry or
net efficiency. Instead, use of a CSP may reduce kinematic asymmetries and improve net efficiency
compared to a daily-use prosthesis. These findings further our understanding of bouncing gaits
and cycling and provide a foundation for future development of assistive devices to improve

performance or promote physical activity and improve overall health.



Chapter 1: Evaluating the ‘cost of generating force’ hypothesis across frequency in human
running and hopping

Co-authors: Owen N. Beck & Alena M. Grabowski
Published: Journal of Experimental Biology (2022)

The volume of active muscle and duration of extensor muscle force well explain the
associated metabolic energy expenditure across body mass and velocity during level-ground
running and hopping. However, if these parameters fundamentally drive metabolic energy
expenditure, then they should pertain to multiple modes of locomotion and provide a simple
framework for relating biomechanics to metabolic energy expenditure in bouncing gaits.
Therefore, we evaluated the ability of the ‘cost of generating force’ hypothesis to link
biomechanics and metabolic energy expenditure during human running and hopping across step
frequencies. We asked participants to run and hop at 85%, 92%, 100%, 108% and 115% of
preferred running step frequency. We calculated changes in active muscle volume, duration of
force production and metabolic energy expenditure. Overall, as step frequency increased, active
muscle volume decreased as a result of postural changes via effective mechanical advantage
(EMA) or duty factor. Accounting for changes in EMA and muscle volume better related to
metabolic energy expenditure during running and hopping at different step frequencies than
assuming a constant EMA and muscle volume. Thus, to ultimately develop muscle mechanics
models that can explain metabolic energy expenditure across different modes of locomotion, we

suggest more precise measures of muscle force production that include the effects of EMA.



1.1 Introduction

For decades, biomechanists and physiologists have sought to link the mechanics of running
and hopping with the corresponding metabolic energy expenditure. One prevailing approach is the
‘cost of generating force’ hypothesis, which was proposed by Taylor and colleagues (Kram and
Taylor, 1990; Taylor, 1994; Taylor et al., 1980) and posits that the primary determinant of the
metabolic energy expenditure required for running and hopping is the cost of generating muscular
force to support body weight. This hypothesis is predicated on the fact that animals produce stride-
average vertical ground reaction forces equal to body weight when running or hopping on level
ground. Previous studies have demonstrated that metabolic energy expenditure depends on animal
size, and that metabolic energy expenditure increases in almost direct proportion to the total weight
of a running animal (Taylor et al., 1980). Further, per unit of body mass, it is more metabolically
costly for smaller animals (e.g. mouse) to generate a unit of force than larger animals (e.g. horse)
(Taylor, 1985), because small animals take more frequent strides and use less economical muscle
fibers to produce force quickly (Heglund and Taylor, 1988). Thus, the metabolic energy
expenditure during running and hopping varies with size and may depend on the number of strides
taken per second, or stride frequency.

Kram and Taylor (1990) expanded the ‘cost of generating force’ hypothesis to explain why
metabolic energy expenditure increases near linearly when running or hopping at faster velocities.
They reasoned that the rate of force generation (i.e. the rate of cross-bridge cycling) could be
approximated by the inverse of ground contact time and formally proposed that the rate of
metabolic energy expenditure (Emet in W) during running equals an animal’s body weight (Fsw)
multiplied by the inverse of ground contact time (t. ') and a metabolic cost coefficient (c) (Eqn

1.1):



Emet = Fpy - tc_1 °C [1-1]

To produce the force needed to support body weight over each stride, animals need to
activate a volume of muscle (i.e., the number of active actin—-myosin cross-bridges), which is
primarily influenced by body weight and the leg’s effective mechanical advantage (EMA). EMA
is the ratio of the ground reaction force moment arm to the muscle tendon moment arm. Kram and
Taylor (1990) assumed that active muscle volume and EMA were independent of velocity
(Biewener, 1989), which is why they simplified the equation to use force in units of body weight.
Using this assumption, Egn 1.1 well describes the increase in metabolic energy expenditure for a
four-fold increase in velocity and 4000-fold increase in body weight during forward hopping,
trotting and running animals (Kram and Taylor, 1990; Roberts et al., 1998a).

Since Kram and Taylor (1990), multiple studies have shown that active muscle volume and
EMA change across running velocity and limb morphology (Kipp et al., 2018b; Roberts et al.,
1998b; Wright and Weyand, 2001). Notably, Roberts et al. (1998b) demonstrated that running
bipeds have a greater EMA than size-matched quadrupeds as a result of their upright posture,
which influences active muscle volume and metabolic energy expenditure. Thus, the authors
proposed a refined version of the ‘cost of generating force’ hypothesis to account for changes in
active muscle volume where the rate of metabolic energy expenditure equals the product of active

muscle volume (Vm), the inverse of ground contact time and a new cost coefficient (k) (Egn 1.2):

Emet = V-t 'k [1.2]

Kipp et al. (2018b) applied this refined version of the ‘cost of generating force’ hypothesis
(Egn 1.2) to human running and found that humans decrease their EMA and increase active muscle
volume by as much as 53% from 2.2 m s—1 to 5.0 m s—1. Thus, the authors concluded that the

curvilinear increase in metabolic energy expenditure with running velocity (Batliner et al., 2018)



results from an increase in active muscle volume and an increase in the rate of force production as
a result of shorter ground contact times.

Though the rate of force generation and active muscle volume well explain metabolic
energy expenditure across different running and hopping velocities, it is unknown whether these
biomechanical variables adequately account for changes in metabolic energy expenditure across
different stride and step frequencies, where during running, a step equals ground contact and the
subsequent aerial time and two steps comprise a stride. Previous studies have shown that humans
have a preferred step frequency when running at a constant velocity and hopping in place that
minimizes metabolic energy expenditure, and deviating from the preferred step frequency
increases metabolic energy expenditure (Allen and Grabowski, 2019; Cavagna et al., 1988;
Cavanagh and Williams, 1982; Farris and Sawicki, 2012; Grabowski and Herr, 2009; Hogberg,
1952; Raburn et al., 2011; Swinnen et al., 2021) — exhibiting a U-shaped relationship between
metabolic energy expenditure and step frequency (Doke and Kuo, 2007; Snyder and Farley, 2011;
Swinnen et al., 2021) under these conditions. Previous studies have suggested that the U-shaped
relationship is due to simultaneous increasing and decreasing metabolic costs (Doke and Kuo,
2007; Snyder and Farley, 2011; Swinnen et al., 2021), where ground contact time decreases with
increased step frequency during human running and hopping, which implies that humans must
produce forces at a faster rate and increase metabolic cost (Farley et al., 1991). When considering
the ‘cost of generating force” hypothesis, Gutmann and Bertram (2017a,b) suggest that the rate of
force production alone (Eqn 1.1) cannot fully account for the U-shaped changes in metabolic
energy expenditure with hopping frequency, unless conditions are highly constrained (e.g. fixed
hopping frequency and changing hop height), and may also depend on the cost of activating a

given muscle volume. Therefore, accounting for changes in active muscle volume along with the



rate of force production (Egn 1.2) may better explain the U-shaped relationship between metabolic
energy expenditure and step frequency. An increase in step frequency is simultaneously
accompanied by shorter steps when running at a constant velocity, and a decrease in center of mass
displacement during running and hopping — both of which may increase EMA, reduce active
muscle volume and decrease metabolic cost (Monte et al., 2021). Thus, accounting for changes in
the rate of force production and active muscle volume through EMA may better describe metabolic
energy expenditure across step frequencies than the cost of generating force alone.

The purpose of this study was to determine how active muscle volume changes across step
frequency in running and hopping, and to evaluate the ‘cost of generating force” equations (Eqns
1 and 2), when changes in active muscle volume are accounted for. Both equations well
characterize changes in metabolic energy expenditure across different velocities; however,
accounting for changes in active muscle volume due to running and hopping mechanics may better
account for the U-shaped changes in metabolic energy expenditure across different frequencies.
We hypothesized that active muscle volume would decrease as step frequency increases in running
and hopping as a result of increased EMA. Further, we hypothesized that accounting for changes
in active muscle volume and the rate of force production (Egn 1.2) would better explain changes
in metabolic energy expenditure across step frequencies compared with the original ‘cost of
generating force” equation, which estimates active muscle volume from body weight (Eqn 1.1) for

both running and hopping.

1.2 Methods

1.2.1 Participants
Ten healthy runners (6 female, 4 male; meants.d. mass 60.7+8.9 kg, height 1.72+0.09 m,

age 24.5+3.4 years) with no reported cardiovascular, neurological or musculoskeletal impairments

10



participated in the study. All participants reported running for exercise at least 30 min per day, 3
times per week, for at least 6 months. Each participant provided written informed consent to
participate in the study according to the University of Colorado Boulder Institutional Review

Board.

1.2.2 Experimental Protocol

Over two separate days, participants performed a series of running trials on a force-
measuring treadmill (Treadmetrix, Park City, UT, USA; 1000 Hz) and stationary, two-legged
hopping trials on force plates (Bertec, Columbus, OH, USA; 1000 Hz) while we simultaneously
measured ground reaction forces, lower limb kinematics, and metabolic energy expenditure
throughout each trial. On the first day, participants performed six, 5 min running trials at 3ms—1.
During the first trial, we determined each participant’s preferred step frequency (PSF). We
collected ground reaction forces (GRFs) for 15 s during the third and fifth minute of the first trial
and determined average PSF from ground contact events identified by a 20 N vertical GRF
threshold. We then instructed participants to complete the remaining running trials while matching
their step frequency to the timing of an audible metronome. The metronome was set to 85%, 92%,
100%, 108% and 115% of their PSF, similar to previous studies (Snyder and Farley, 2011,
Swinnen et al., 2021), and the order of the trials was randomized. On the second day, participants
performed five, 5 min stationary hopping trials, on both feet. To account for the effects of
frequency on metabolic energy expenditure and given the similarity of frequencies that minimize
metabolic energy expenditure during hopping and running (Allen and Grabowski, 2019; Cavagna
et al., 1997; Farris and Sawicki, 2012; Grabowski and Herr, 2009; Kaneko et al., 1987), we

instructed participants to hop in place while matching their step frequency to the audible
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metronome set to 85%, 92%, 100%, 108% and 115% of their PSF from day 1. The order of the

hopping trials was randomized, and we did not determine preferred hopping frequency.

1.2.3 Metabolic energy expenditure

We measured participants’ rates of oxygen consumption and carbon dioxide production via
indirect calorimetry (TrueOne 2400, ParvoMedics, Sandy, UT, USA) throughout each running and
hopping trial. We instructed participants to refrain from exercising before each experimental
session or ingesting caffeine 4 h before each experimental session to minimize day-to-day
variability in metabolic rate. Additionally, participants were instructed to be at least 2 h
postprandial at the start of each experimental session to mitigate potential effects of diet on
metabolic measurements. Further, each experimental session was performed at the same time each
day and separated by at least 24 h to eliminate any potential effects of day-to-day variability or
fatigue. We calculated gross steady-state metabolic power from the average metabolic rates during
the last 2 min of each 5 min trial using a standard equation (Kipp et al., 2018a; Péronnet and

Massicotte, 1991).

1.2.4 Kinematics and kinetics

We positioned 40 reflective markers bilaterally on both legs and the pelvis. Markers on the
ankles and knees were used to define joint centers and clusters of 3—4 markers were placed on each
segment prior to experimental trials. We collected lower limb kinematic data for 15 s during the
last minute of each trial using 3D motion capture (Vicon Nexus 2.3, Oxford, UK; 200 Hz)
simultaneously with GRFs. We analyzed 20 steps from each trial and used a 4th order low-pass
Butterworth filter with a 20 Hz cut-off to process analog GRF signals and marker trajectories
(Alcantara, 2019; Mai and Willwacher, 2019). We determined ground contact using a 20 N vertical

GRF threshold for both running and hopping and calculated the rate of force production as the
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inverse of ground contact time (tc—1). To calculate EMA and Vm, we estimated the average
extensor muscle—tendon unit force (Fmw) about each joint assuming a constant muscle—tendon
moment arm (r) for each muscle group and using instantaneous ankle, knee and hip sagittal joint
moments from Visual 3D (Visual 3D, C-Moation Inc., Germantown, MD, USA) (Biewener et al.,
2004; Kipp et al., 2018b). We only included joint moment values that exceeded 25% of the
maximum extensor moment because of the inherently noisy center of pressure measurements
caused by low force values at the beginning and end of the ground contact phase (Biewener et al.,
2004; Griffin et al., 2003; Kipp et al., 2018b). Because the net joint moments of the knee and hip
include flexion moments from bi-articular muscles, we accounted for forces in bi-articular muscles
by assuming Fmw Was proportional to the physiological cross-sectional area of active muscle fibers

(Egns 1.3-1.5).

Mgnkie = Tankie * Fmtu,ankle [1.3]
PCSAgp

Mynee = Tknee * Fmtu,knee —\"BF" Fmtu,hip m

lp
( . PCSAgqs ) [1.4]

— r .
Gas mtu,ankle Z PCSAankle
PCSAgy

Mhip = Thip ° Fmtu,hip —\TrF - Fmtu,knee W [1.5]

nee

where M is the net joint moment, r is a weighted-average muscle-tendon moment arm and PCSA
is the physiological cross-sectional area. Gas, BF and RF represent the properties of the
gastrocnemius, biceps femoris and rectus femoris muscles, respectively. We calculated Fmtu,ankie
from Egn 1.3, and solved Eqgns 1.4 and 1.5 simultaneously because of the two unknown quantities
Of Frmtuknee and Fmtuhip. We considered moments that extend joints to be positive. Values for r and
PCSA were taken from the anthropometric data of four male human cadavers reported in Biewener

et al. (2004) and previously used in Kipp et al. (2018b). We then used the quotient of the average
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sagittal plane resultant GRF magnitude and Fmw at each joint during ground contact to calculate

EMA, which equals the quotient of r and the GRF moment arm (R).

GRF

r
EMA = =
Fntw R

[1.6]

We calculated Vrm separately for each joint (Eqn 1.7) and then summed them to estimate the total
average Vm per leg. To do this, we assumed the muscles produced force isometrically with a
constant stress (6=20 N cm—2) (Perry et al., 1988) and combined this with our estimates of Fmt

and weighted-average fascicle length (L) from Biewener et al. (2004):

v, = - [1.7]

1.2.5 Estimating cost-coefficients and metabolic energy expenditure

We calculated the metabolic cost coefficients, ¢ and k, for each trial during running and
hopping using Eqns 1.1 and 1.2. We averaged each cost coefficient across the range of frequencies
(separately for running and hopping). Then we implemented the respective cost coefficient
averages in addition to Vim, t: ! and Few to predict metabolic power for each step frequency during

running and hopping using Egns 1.1 and 1.2.

1.2.6 Statistics

To evaluate the agreement between measured metabolic power and predicted metabolic
power from Egns 1.1 and 1.2, we performed limits of agreement analyses (Bland—Altman) for each
target step frequency and calculated the systematic bias (mean differences) and 95% limits of
agreement. In conjunction, we also provide the minimum detectable change (Dontje et al., 2018)
for each model. We also constructed linear mixed-effects models (a=0.05) to determine the effect

of measured step frequency relative to PSF on t. !, ¢, k, EMA, Vm, average joint extensor moment
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and average sagittal plane resultant GRF magnitude. In each linear mixed-effects model, we
considered measured step frequency relative to PSF as a fixed effect and participant as a random
effect. Model coefficients are reported alongside their P-values and represent the change in the
dependent variable per a 1% change in measured step frequency relative to PSF. We performed all
statistical analyses in R (v3.6.3; http://www.R-project.org/) using custom scripts and packages
(https://github.com/deepankardatta/blandr/; https:// CRAN.R-project.org/package=nime;

https://CRAN.R-project.org/package=psych; https://CRAN.R-project.org/package=ggplot2).

1.3 Results

We removed data for one participant at the 85% PSF and 92% PSF running trials because

they were >3% off the target step frequencies.

1.3.1 Running

The linear mixed-effects model showed that total Vi, decreased by 0.32 cm®-kg™? for every
1% increase in step frequency relative to PSF (p<0.001; Figure 1.1B; Table 1.1). Specifically,
participants decreased ankle, knee, and hip Vm by 0.06 cm®kg?, 0.17 cm*kg?, and 0.09 cm®kg™,
respectively, for every 1% increase in step frequency (p<0.001 for each; Figure 1.1A; Table 1.1).
Despite the reduction in joint-specific Vi, we did not detect significant changes in ankle, knee, or
hip EMA across step frequency (p=0.66; p=0.05; p=0.59, respectively). Average (+ s.d.) EMA
across step frequencies for the ankle, knee, and hip was 0.314 £ 0.017, 0.393 + 0.084, and 0.714 +
0.117, respectively (Figure 1.2, Table 1.1). Rather, the changes in joint-specific Vi may have
been due to the decrease in average ankle, knee, and hip extensor moments as step frequency

increased.
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Average ankle, knee, and hip extensor moments decreased by 0.01 N-m-kg™ (p<0.001),
0.02 N-mkg™? (p<0.001), and 0.01 N-m-kg™ (p=0.002), respectively, for every 1% increase in step
frequency (Table 1.2). Finally, tc* increased by 0.02 s for every 1% increase in step frequency
relative to PSF during running (p<0.001; Figure 1.3A). We used these variables to solve for the
cost-coefficient and found that ¢ decreased by 0.003 J-N* for every 1% increase in step frequency
(p<0.001; Figure 1.4A), but k did not change across step frequency, and averaged (+ s.d.) 0.087 +
0.003 J-cm™ (p=0.18; Figure 1.4A).

On average, measured metabolic power was minimized when participants ran at their PSF
(Figure 1.5A), which was an average (+ s.d.) step frequency of 2.90 £ 0.09 Hz (Table 1.2). As
participants deviated from their PSF, average measured metabolic power increased by 19% and
10% when running at 85% of PSF and 115% of PSF, respectively (Figure 1.5A). Overall,
metabolic power estimated with Egn. 1 underestimated average metabolic power for step
frequencies slower than PSF (up to 13% at 85% PSF) but overestimated average metabolic power
for step frequencies equal to or greater than PSF (up to 9% greater at 108% PSF) (Figure 1.6A,
1.6C & 1.7A). The Limits of Agreement analysis shows that the metabolic power estimated with
Eqgn. 1.2 had a bias closer to zero and lower than Eqn. 1.1 at each step frequency, however, the
magnitude of the upper and lower limits of agreement for Eqn. 1.2 were greater than those of Egn.
1.1 (Figure 1.7A). The minimum detectable change was 3.1 W kg* and 3.8 W kg* using Eqns.

1.1 and 1.2, respectively.
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Figure 1.1 Active muscle volume across percentage of preferred step frequency. Meanzs.d.
active muscle volume (V) of the leg extensors during ground contact (blue symbols) and values
from individual subjects (gray symbols) versus the percentage of running preferred step frequency
(% PSF) for running and hopping. (A) Vm of the muscles surrounding the ankle, knee and hip
joints during running (top) and hopping (bottom), and (B) the summed total of the ankle, knee and
hip joint V. The dark lines represent the results of linear mixed-effects models, and the shaded
regions represent the model’s 95% confidence intervals. Coefficients and intercepts for each of the
linear mixed-effects models are presented in Table 1.1. Asterisks indicate the model slope is
significantly different from zero. Vertical and horizontal error bars may not be visible behind data
points.
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Figure 1.2 Effective mechanical advantage (EMA) across percentage of preferred step
frequency. (A) lllustration of EMA during running, which equals the ratio of the muscle tendon
moment arm (r) and the external resultant ground reaction force moment arm (R) or the ratio of
resultant ground reaction force (Fere) and muscle force (Fmw). (B) Meanzs.d. EMA for the ankle,
knee and hip joints (blue symbols) with values for individual subjects (gray symbols) versus the
percentage of running PSF. The dark lines represent the results of linear mixed-effects models and
the shaded regions represent the model’s 95% confidence intervals. Coefficients and intercepts for
each of the linear mixed-effects models are presented in Table 1.1. Asterisks indicate the model
slope is significantly different from zero. Vertical and horizontal error bars may not be visible
behind data points.
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Table 1.1 Linear mixed-effects model results for effective mechanical advantage and active

muscle volume

Vi EMA
Joint Intercept  Slope p-value Intercept Slope p-value
Running  Ankle 17.6 -0.06 <0.001 0.32 -0.24-10° 0.87
Knee 31.9 -0.17 <0.001 0.29 1.0-10°3 0.07
Hip 22.5 -0.09 <0.001 0.76 -4.9-10* 0.67
Total 72.2 -0.32 <0.001 - - -
Hopping Ankle 11 0.01 0.43 0.39 -3.6-10* 0.06
Knee 42.7 -0.3 0.001 -0.4 8.4:103 <0.001
Hip 14.4 -0.05 0.0275 0.63 2.7-10°3 0.35
Total 68.1 -0.34 <0.001 - - -

Vm: active muscle volume; EMA: effective mechanical advantage; p-value < 0.05 indicates a slope
significantly different from zero with respect to percent of preferred running stride frequency.

Linear mixed-effects model is in the form of Y = Intercept + %PSF-Slope.

Table 1.2 Biomechanical variables for running (3 m-s*) and hopping in place at different percentages

of preferred running step frequency.

Achieved Stance
Target  Achieved step Avg. Avg. extension moment (N'-m-kg™)
% PSF % PSF frequency  resultant
(Hz) GRF (BW) Ankle Knee Hip
85 86.3+15 250+0.1 160+£0.12 235+0.25 1.77+0.37 1.06+0.13
92 920+£0.2 267+01 152+0.09 222+0.26 1.73+0.35 0.97+0.10
Running 100 1000+£0.1 290+0.1 142+009 210+0.23 1.62+0.29 0.88+0.12
108 108.1+£0.3 3.13+0.1 140+0.09 205+0.17 1.37+0.30 0.87+0.16
115 1152+05 334+01 136+0.13 205+0.14 1.17+£0.23 0.93+0.21
85 85.1+04 246+01 149+0.11 210%+0.36 2.04+0.37 0.63+0.25
92 918+03 266+01 147+0.08 216+040 1.71+0.33 0.59+0.20
Hopping 100 100.1£0.2 290+0.1 149+009 223+035 133+040 0.62+0.22
108 108.1+£0.2 313+0.1 146+005 212+0.32 1.02+0.35 0.67+0.26
115 115.1+03 333+0.1 146+0.08 218+0.28 0.73+0.26 0.65+0.23

Average £ SD.; PSF, preferred running step frequency; GRF, ground reaction force; Avg. joint moment
is defined when extension moments are greater than 25% of the peak joint moment.
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Figure 1.3 Rate of force production across percentage of preferred step frequency. Average
+ SD rate of force production (tc’%; large, blue symbols) and values from individual subjects (small,
grey symbols) versus the percentage of running preferred step frequency (% PSF) for A) running
and B) hopping. The dark lines represent the model prediction across percentage of preferred step
frequency (running: tc = 0.021 - PSF +2.160, hopping: tc'1 = 0.040 - PSF + 0.216) and the shaded
areas represent the 95% confidence interval. * indicates if the model slope is significantly different
from zero. Vertical and horizontal error bars may not be visible behind data points.
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Figure 1.4 Cost-coefficient across percentage of preferred step frequency. Average + SD cost
coefficients (c — large, dark blue symbols and k — large, light blue symbols) and values from
individual subjects (small, grey symbols) versus the percentage of running preferred step
frequency (% PSF) in A) running and B) hopping. The lines represent the results of the linear
mixed-effects model where ¢ = -0.003 - PSF + 0.601 (p<0.001) and k = 1.16x10™* - PSF + 0.075
(p=0.18) for running, and ¢ = -0.0022 - PSF + 0.407 (p<0.001) and k=0.001 - PSF + 0.045 (p=0.20)
for hopping. The p-values indicate if the slope is significantly different than zero. The dark lines
represent the results of linear mixed-effects models, and the shaded regions represent the model’s
95% confidence intervals. Vertical and horizontal error bars may not be visible behind data points.
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Figure 1.5 Gross metabolic power across percentage of preferred step frequency. Average +
SD metabolic power (large, blue symbols) and values from individual subjects (small, grey
symbols) versus the percentage of running preferred step frequency (% PSF) in A) running and B)
hopping. Vertical and horizontal error bars may not be visible behind data points.

22



A Running B Hopping
18 r mr
10 f
e :
= =
8 o
i o
L £2
o [=]
g g 7T
] °
= =
] & 6F
o e
o 0] Il Measured
5 F I Predicted with Egn. 1.1
t [ Predicted with Eqgn. 1.2
85 90 95 100 105 110 115 85 90 95 100 105 110 115
C % PSF D % PSF
- 40f . - 40 X
L o
3 3J
2 20f L 2 20t 5
Q (]
= =
e OF - e OF -
2 2
E-20F - E-20F -
a [s}
F_a0f 5 R_q0} X
2P P S E e H P PSP PSP PP PSP OO
%PSF %PSF %PSF %PSF

Figure 1.6 Measured and predicted gross metabolic power across percentage of preferred
step frequency. Average + SD (large, colored symbols) gross metabolic power for measured (dark
blue) and predicted values using Eqn.1.1 (blue) and Eqn. 1.2 (light blue) versus the percentage of
running preferred step frequency (% PSF) in A) running and B) hopping. Vertical and horizontal
error bars may not be visible behind the data points. C) Running and D) hopping percent difference
between each equation and measured metabolic power for average + SD and participants (small,
grey symbols).
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Figure 1.7 Limits of Agreement (Bland-Altman). Limits of agreement analysis comparing the
percent difference between Eqn. 1 (blue symbols) or Egn. 2 (light blue symbols) and gross
metabolic power measured via indirect calorimetry. Mean differences (Bias) are indicated by the
solid-colored lines, while the lower and upper limits of agreement (LLoA/UL0A) are denoted by
dashed-colored lines. LLoA/ULoA were calculated using 1.96 SD.
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1.3.2 Hopping

The linear mixed-effects models showed that total Vi, decreased by 0.34 cm3-kg™* for every
1% increase in step frequency relative to PSF (p<0.001; Figure 1.1B; Table 1.1). Participants
decreased joint-specific Vi at the knee and hip by 0.30 cm®3-kg™ and 0.05 cm3-kg™* for every 1%
increase in step frequency (p<0.001 and p=0.028, respectively; Figure 1.1A; Table 1.1), whereas
ankle Vi did not change across step frequency and averaged (+s.d.) 11.96 + 1.81 cm®-kg™ (p=0.43;
Figure 1.1A; Table 1.1). We found that knee EMA increased by 0.008 for every 1% increase in
step frequency (p<0.001; Figure 1.2, Table 1.1). However, ankle and hip EMA did not change
across step frequency and averaged (+ s.d.) 0.35 + 0.04 (p=0.06) and 0.88 £+ 0.36 (p=0.22),
respectively (Figure 1.2; Table 1.2). Similarly, participants decreased average knee extensor
moment by 0.04 N-m-kg™ for every 1% increase in step frequency (p<0.001; Table 1.2). However,
average ankle and hip extensor moments did not change across step frequency and averaged (+
s.d.) 2.16 £ 0.33 N'm (p=0.43) and 0.63 = 0.22 N-m-kg' (p=0.34), respectively. Finally, tc*
increased by 0.04 s for every 1% increase in step frequency relative to PSF during stationary
hopping (p<0.001; Fig 1.3B). We used these variables to solve for the cost-coefficients and found
that ¢ decreased by 0.0022 J-N for every 1% increase in step frequency (p<0.001; Figure 1.4B),
but k did not change across step frequency and averaged (+ s.d.) 0.054 = 0.007 J-cm™ (p=0.20;
Figure 1.4B).

On average, measured metabolic power numerically increased by 9% and 2% when
hopping at 85% of PSF and 115% of PSF, respectively, relative to 100% PSF (p>0.9; Figure
1.5B). On average, metabolic power estimated with Eqn. 1.1 underestimated metabolic power for
step frequencies slower than PSF (up to 17% at 85% PSF) but overestimated metabolic power for

step frequencies greater than PSF (up to 17% at 115% PSF) (Figure 1.6B, 1.6D & 1.7B).
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Metabolic power estimated with Egn. 1.2 had a bias closer to zero and lower than Eqgn. 1.1 at each
step frequency (Figure 1.7B). The magnitude of the upper and lower limits of agreement for Eqn.
1.2 were greater than those of Eqn. 1.1. (Figure 1.7B). The minimum detectable change was 2.6

W kgt and 2.1 W kg using Eqgns. 1.1 and 1.2, respectively.

1.4 Discussion

Our data partially support our first hypothesis as active muscle volume (Vm) per step
decreased as step frequency increased when running at a constant velocity and hopping in place.
When step frequency increased from 85% PSF to 115% PSF, we found that Vi decreased by 20%
and 26% during running and hopping, respectively. This reduction predominantly occurred as a
result of changes in Vi, at the knee in both running and hopping, with smaller or non-significant
contributions from the ankle and hip during both tasks (Figure 1.1, Table 1.1). We found that the
Vm at the knee accounted for ~53% and ~88% of the change in total Vi during running and
hopping, respectively, whereas, when humans run at faster velocities from 2.2 t0 5.0 ms™!, Vi at
the knee accounts for ~20% of the change in total active muscle volume (Kipp et al., 2018b).

The mechanism by which total Vi decreased with step frequency differed between running
and hopping. We found that joint-specific EMA was independent of step frequency during running
(Figure 1.1, Table 1.1). Therefore, the reductions in total Vi during running were likely due to
greater duty factors (product of contact time and frequency), which resulted in reduced stance-
average resultant GRFs and the corresponding joint moments (Table 1.2). In comparison, during
hopping, EMA at the knee increased by 86% when step frequency increased from 85% to 115%
PSF, while the magnitude of stance-average resultant GRF did not change (Figure 1.2, Tables 1.1
and 1.2). This might imply that participants decreased total Vi during hopping by altering their

lower limb position to hop with a straighter leg and extended knee as step frequency increased.
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When taken together, these results suggest that humans may utilize two different mechanisms to
alter total Vm during bouncing gaits, duty factor (Beck et al., 2020) and EMA.. Previously, Kipp et
al. (2018b) demonstrated that humans utilize the two mechanisms simultaneously to increase total
Vm When running at different velocities. They found that runners increased total Vm by 53% with
faster running velocities from 2.2 to 5.0 m s™! as a result of a concurrent increase in GRFs and
decrease in hip EMA, which is likely due to the increased step frequency that accompanies faster
running velocity (Heglund and Taylor, 1988).

Our knee and ankle EMA results during two-legged, stationary hopping conflict with those
of Monte et al. (2021), who suggest that knee EMA is independent of step frequency (2.0-3.5 Hz).
Our results may differ from those of Monte et al. (2021) because of a difference in methodology.
We calculated joint-specific average EMA during the stance phase when joint moments exceeded
25% of their peak value, whereas Monte et al. (2021) separated stance into two phases and included
EMA values obtained when GRF and center of pressure are noisy (near ground contact or toe off),
which may increase variability in EMA and obscure changes that occur with step frequency
(Griffin et al., 2003). There may have also been differences in inter-participant hopping strategies
between studies, where participants adopt a strategy of hopping with their knees ‘locked’ or
‘unlocked’. While our average knee EMA data suggest that participants straightened their legs to
hop at faster frequencies, three of our participants did not appreciably change their knee EMA
across frequency (Figure 1.2), which could be interpreted as choosing a ‘locked’ knee strategy.

Our results provide mixed support of our second hypothesis, that accounting for changes
in Vm (Eqgn 1.2) better explains changes in metabolic energy expenditure across step frequencies
compared with the original ‘cost of generating force’ equation, which estimates Vm through body

weight alone (Eqn 1.1). Egn 1.1 exhibited a bias for running and hopping that systematically varied
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with step frequency — underestimating metabolic power for step frequencies lower than preferred
and overestimating metabolic power for step frequencies higher than preferred (Figure 1.7), which
was likely due to the linear increase in the rate of force production (t: ). In contrast, Eqn 1.2 had
a lower bias across all step frequencies for running and hopping, but wider limits of agreement
(Figure 1.7) that encompassed the average metabolic power between any two step frequencies.
Additionally, the minimum detectable change for Egns 1.1 and 1.2 was greater than the overall
range of average measured metabolic power in running (2.6 W kg™!) and hopping (0.6 W kg™).
Together, these results might suggest that neither Eqgn 1.1 or 1.2 is sensitive to the changes in
metabolic power that occur with step frequency and they have limited usefulness when considering
participant-specific responses. However, we found Eqn 1.2’s cost coefficient (k) to be near-
constant across step frequency for running and hopping (Figure 1.4), which suggests a better
performing model because changes in metabolic power are proportional to changes in the rate of
force produced and the total volume of active muscle (Griffin et al., 2003; Kipp et al., 2018a; Kram
and Taylor, 1990; Roberts et al., 1998a,b). Thus, including changes in active muscle volume in the
‘cost of generating force’ equation may better account for changes in average metabolic power
during running and hopping across different frequencies, but may require further refinement to be

used to describe participant-specific responses.

1.4.1 Variation in the cost coefficient

The ‘cost of generating force’ hypothesis originally put forth by Kram and Taylor (1990)
provides a simple equation (Egn 1.1) that links biomechanics to metabolic energy expenditure
across running velocities. However, this framework assumes animals employ a constant EMA,
while muscles operate at consistent relative shortening velocities and lengths. Changes in the cost

coefficient may result from differences in one of these assumptions (Full et al., 1990; Roberts et
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al., 1998a), whereas a constant cost coefficient implies that the primary mechanical determinants
of metabolic energy expenditure have been accounted for. Here, we found that accounting for
changes in Vi (Egn 1.2) due to running or hopping mechanics results in a near-constant cost
coefficient, k (Figure 1.4), across step frequencies and is in line with previous research reported
for human running (0.079 J cm™>) at different velocities (Kipp et al., 2018b).

Despite a near-constant cost coefficient while running and hopping at different step
frequencies, the wide limits of agreement suggest that neither equation is sensitive to changes in
metabolic energy expenditure, and this could be due to other factors that our study did not account
for. For instance, Eqns 1.1 and 1.2 are not able to account for changes in the influence of muscle
contractile dynamics (i.e., relative shortening velocity and fiber length) on metabolic energy
expenditure. In a recent study, Beck et al. (2020) demonstrated that producing the same cycle-
average force with a decreasing duty factor during cyclic soleus contractions requires greater peak
muscle force, a decrease in fascicle operating length, and a general increase in active muscle
volume and metabolic energy expenditure. Future studies might improve predictions of the ‘cost
of generating force’ hypothesis by utilizing duty factor as a proxy for muscle contractile dynamics
and validate it against ultrasound or modeling approaches.

In addition, although the ‘cost of generating force’ equations account for the majority of
the metabolic cost of a muscle contraction, these equations are unable to account for 30-40% of
the metabolic cost, which has been primarily attributed to ion pumping (Barclay, 2017; Rall, 1985)
and cycling activating/ deactivating muscles per unit time (Bergstrom and Hultman, 1988; Doke
et al.,, 2005; Hogan et al., 1998). Cyclically activating and deactivating muscles at faster
frequencies, such as in our study, should incur a large metabolic cost for ion pumping. Therefore,

while these simple equations can be used to estimate metabolic energy expenditure in exercising
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animals, they do not fully account for all aspects of muscle metabolism that might be found in
more detailed approaches (Umberger et al., 2003), and may contribute to variation in the cost

coefficient and wide limits of agreement.

1.4.2 Running versus hopping

We evaluated how active muscle volume changes with step frequency during running and
hopping, and how well changes in metabolic energy expenditure could be explained when
accounting for these changes. We did not intend to compare running and hopping, yet it is
interesting to note that the cost coefficient (k) is almost twice as large in running compared with
hopping. One possible reason for this may be the metabolic cost of leg swing during running
(Arellano and Kram, 2014; Doke et al., 2005; Marsh et al., 2004; Moed and Kram, 2005), which
is estimated to comprise ~10-25% of the total metabolic cost of running, and is not accounted for
in the ‘cost of generating force’ equation.

Previous research suggests that the metabolic cost surface of hopping (in the height—
frequency domain) is different from that of running (Gutmann and Bertram, 2017b), where
metabolic energy expenditure increases with hop height at a given frequency, likely as a result of
an increase in the rate of force production and active muscle volume. Here, we did not constrain
hop height in order to evaluate the ‘cost of generating force” hypothesis on U-shaped metabolic
energy expenditure data. However, future studies could determine how well these ‘cost of
generating force’ equations predict metabolic cost when hopping frequency and height are

constrained.

1.4.3 Limitations
A potential limitation of our study is the use of static internal muscle-tendon moment arms,

fascicle lengths and pennation angles to estimate active muscle volume. We intentionally did this

30



to allow a direct comparison of our results with those of previous studies (Biewener et al., 2004;
Kipp et al., 2018a) that account for active muscle volume changes during human locomotion.
Previous studies have shown that muscle—tendon moment arms change with joint angle (Arnold et
al., 2010; Hoy et al., 1990; Rasske et al., 2017). We found that accounting for active muscle volume
increases interparticipant variability of predicted metabolic energy expenditure compared with
assuming a constant active muscle volume (Figs 1.6 and 1.7). This increase in variability may be
due to the assumption of fixed-length muscle moment arms. Inter-participant variability in total
active muscle volume and predicted metabolic energy expenditure using Egn 1.2 might be reduced
by accounting for changes in muscle moment arms during the stance phase and/or scaling moment
arms to leg lengths (Griffin et al., 2003). Thus, using variable muscle—tendon moment arms that
change with joint angle could further improve the estimate of active muscle volume and metabolic
energy expenditure during running and hopping.

Finally, we intentionally set out to investigate the changes in active muscle volume and
evaluate the ‘cost of generating force’ equations when metabolic power demonstrates a U-shaped
relationship with step frequency in two types of bouncing gaits running and hopping. When
running, this U-shaped relationship is observed at a constant velocity (Cavagna and Kaneko, 1977,
Cavagna and Legramandi, 2015; Cavagna et al., 1997; Cavanagh and Williams, 1982; Heglund
and Taylor, 1988; Hogberg, 1952; Snyder and Farley, 2011; Swinnen et al., 2021); however, a
change in step frequency is accompanied by a proportional change in step length. Therefore, we
were unable to separate the effect of changing step frequency from step length and present the
combined effects. Nonetheless, we provide information on the influence of changes in active
muscle volume and the generalizability of a simple equation that relates metabolic energy

expenditure to biomechanics.
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1.5 Conclusion

In this study, we investigated changes in active muscle volume and evaluated the ‘cost of
generating force’ hypothesis for predicting metabolic energy expenditure across different step
frequencies during running and hopping. We found that accounting for changes in effective
mechanical advantage to compute active muscle volume resulted in a near-constant cost
coefficient, k, and may improve the estimation of average metabolic energy expenditure. Our data,
along with previous studies, support the general hypothesis that the metabolic energy expenditure
required for bouncing gaits is related to the magnitude of active muscle volume recruited to
generate force and the rate that the force is produced, but further considerations of the model’s
assumptions need to be addressed to further refine and account for variation in metabolic energy

that occur with changes in step frequency.
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Chapter 2: Spring stiffness profile affects lower-limb joint mechanics while hopping using a
passive, full-leg exoskeleton

In preparation - with intent to submit to Journal of Royal Society Interface

Passive, full-leg exoskeletons that act in-parallel with the legs can reduce the metabolic
power of bouncing gaits like hopping. However, the magnitude of metabolic power reduction
depends on the spring stiffness profile of the exoskeleton and is presumably affected by how users
adapt their lower-limb joint mechanics. We determined the effects of using a passive, full-leg
exoskeleton with degressive, linear, and progressive stiffness springs on lower-limb joint
kinematics and kinetics during stationary, bilateral hopping at 2.4 Hz. We found that use of a
passive, full-leg exoskeleton did not affect peak lower-limb joint flexion compared to unassisted
hopping, but reduced the muscle-tendon unit contributions at the ankle and knee, due to the average
exoskeleton moment arm about each joint and the elastic energy returned by the exoskeleton
springs. The greatest reduction in the muscle-tendon unit contribution to average ankle and knee
joint moment and power occurred with degressive, followed by linear and progressive stiffness
springs, likely due to differences in elastic energy return. Moreover, the relative distribution of
positive joint power for each joint did not change when using a passive, full-leg exoskeleton
compared to unassisted hopping. Passive, full-leg exoskeletons simultaneously assist multiple
lower-limb joints and future assistive devices should consider the effects of spring stiffness profile

in their design.
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2.1 Introduction

The mechanics of bouncing gaits, such as hopping and running, can be characterized by a
spring-mass model, where the leg is represented as a massless linear spring and body mass is
represented as a point mass (Blickhan, 1989; Farley and Gonzalez, 1996; McMahon and Cheng,
1990). During ground contact, the leg spring stores and returns elastic energy in series-elastic
tissues like tendon, which contributes to a reduction in muscle mechanical work and metabolic
energy expenditure (Alexander and Bennet-Clark, 1977; Roberts et al., 1997). Humans and
animals utilize neuromuscular control to adapt the mechanics of the lower-limb in response to
locomotor demands, such as modulating leg stiffness to hop or run at different step frequencies or
speeds (Arampatzis et al., 1999; Farley and Gonzalez, 1996; Farley and Morgenroth, 1999;
Kuitunen et al., 2011), or increasing effective mechanical advantage and leg stiffness to hop or run
on compliant surfaces (Ferris and Farley, 1997; Kerdok et al., 2002). These neuromotor
adaptations allow humans to maintain consistent center of mass mechanics and utilize the return
of stored elastic energy during hopping and running.

The spring-like function of the leg has inspired the development of lower-limb passive
exoskeletons to assist human hopping and running, often with the goal of reducing metabolic
power (Sawicki et al., 2020). Similar to series-elastic elements like tendon, passive exoskeletons
utilize springs or other elastic materials to store and return mechanical energy to the user. These
wearable devices cannot produce net positive work but are able to provide a portion of the overall
joint moment and power during hopping and running so that the contribution from the muscle-
tendon units (MTUSs) surrounding the joint is reduced (Farris and Sawicki, 2012a; Farris et al.,

2013). In turn, a passive exoskeleton can reduce whole-body metabolic power by decreasing the
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muscle force (Farris et al., 2013) and hence, active muscle volume (Beck et al., 2019; Sawicki et
al., 2020).

Previous research has often targeted the lower limb joint with the greatest positive
mechanical power during either the ground contact or swing phases of level-ground hopping and
running (Farris and Sawicki, 2012a; Nasiri et al., 2018; Witte et al., 2020). During unassisted
hopping, the MTUs surrounding the ankle and knee joints provide 53-80% and 18-46% of the total
positive mechanical power generated by the leg from 2.2 — 3.2 Hz, respectively (Farris and
Sawicki, 2012a). Similarly, when running without an exoskeleton at 2.0 — 3.25 m s, the MTUs
surrounding the ankle, knee, and hip joint account for 42-47%, 19-21%, and 32-39% of the total
positive power over a stride, respectively (Farris and Sawicki, 2012b). Thus, several passive
exoskeletons have been designed to assist the ankle joint during the ground contact phase of
hopping and running (Farris and Sawicki, 2012a; Ferris et al., 2006; Witte et al., 2020) or the hip
joint during the swing phase of running (Nasiri et al., 2018; Zhou et al., 2021). For example, Farris
and colleagues found that two-legged hopping in place at 2.5 Hz with a passive exoskeleton in
parallel with both ankles reduced metabolic power by 13% (Farris and Sawicki, 2012a; Farris et
al., 2013). Use of the ankle-only exoskeleton also reduced the average plantarflexor MTU moment
by 30-50%, so that the positive ankle power supplied by the biological tissues was decreased by
approximately 50% while users maintained similar spring-mass mechanics compared to unassisted
hopping (Farris and Sawicki, 2012a; Farris et al., 2013). However, despite utilizing neuromotor
control to adapt to exoskeletal assistance and reduce musculoskeletal demands (Farris and Sawicki,
2012a; Ferris et al., 2006; Witte et al., 2020), metabolic power reductions are not guaranteed

(Cherry et al., 2016; Witte et al., 2020).
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Passive exoskeleton designs that act during the ground contact phase of hopping and
running may need to simultaneously assist multiple joints to achieve greater reductions in muscle
force, active muscle volume, and metabolic power (Farris and Sawicki, 2012a; Grabowski and
Herr, 2009; Malcolm et al., 2018; van den Bogert, 2003). While the MTUs surrounding the ankle
contribute the most to total positive mechanical power during hopping and running, the MTUs that
surround the knee and hip joints also significantly contribute to total positive mechanical power
during hopping and running. Previously, Farris and colleagues (Farris and Sawicki, 2012a; Farris
et al., 2013; Farris et al., 2014) found that hopping using the passive ankle-only exoskeleton
resulted in small mechanical changes at the knee, where 6% of the total positive power was
redistributed from the knee to the ankle, and almost half of the 13% reduction in metabolic power
could be attributed to this small change. Proximal leg muscles that surround the knee and hip joints
are thought to be less efficient than distal leg muscles, such as the plantarflexors (Sawicki et al.,
2009; Umberger and Rubenson, 2011). Thus, an exoskeleton that spans the ankle, knee, and hip
joints may further reduce the metabolic power required for hopping and running by providing
greater assistance at the knee or hip compared to an exoskeleton that only spans one joint.
Previously, Grabowski and Herr (Grabowski and Herr, 2009) found that a passive full-leg
exoskeleton that acted in-parallel with the leg and spanned the ankle, knee, and hip reduced the
metabolic power of stationary two-legged hopping by 18-28% across frequencies of 2.2 - 2.8 Hz
and users reduced their biological leg stiffness to maintain total overall leg stiffness that was not
different from unassisted hopping (Grabowski and Herr, 2009). However, it is not known how
users adjusted their lower-limb joint mechanics while hopping using the passive full-leg

exoskeleton, and if there is a redistribution of total positive power amongst the lower-limb joints.
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Determining biological joint power while using a passive full-leg exoskeleton may provide
valuable insight for the future design of passive exoskeletons that augment hopping and running.

The metabolic cost of hopping while using a passive exoskeleton depends on the spring’s
elastic properties. For example, exoskeleton springs that are more stiff than the leg during
stationary hopping can increase metabolic cost and compromise neuromotor control (i.e., changes
in hopping frequency or increased difficulty maintaining balance) (Grabowski and Herr, 2009;
Robertson et al., 2014). In addition, the decrease in metabolic power reductions depend on the
exoskeleton spring stiffness profile, which refers to the continuous slope of the force-displacement
curve (Allen and Grabowski, 2019). Previous research of passive ankle-only exoskeletons for
hopping and running have utilized a linear-tension spring, where stiffness is constant throughout
the spring’s displacement (Farris and Sawicki, 2012a; Farris et al., 2013; Farris et al., 2014,
Robertson et al., 2014; Witte et al., 2020). However, experiments using a passive, full-leg
exoskeleton during stationary hopping have shown that the magnitude of metabolic power
reduction depends on the spring’s stiffness profile and the amount of elastic energy stored and
returned, despite the springs exhibiting the same average stiffness for a given displacement (Allen
and Grabowski, 2019). Compared to unassisted hopping at 2.4 Hz, use of a passive full-leg
exoskeleton with degressive stiffness springs (initially stiff but becomes less stiff with
compression) and linear stiffness springs decreased metabolic power by 24% and 16%,
respectively, while the use of progressive springs (initially compliant but stiffness increases non-
linearly with compression) did not significantly change metabolic power (Allen and Grabowski,
2019). Users maintained consistent spring-mass mechanics when using each spring stiffness
profile, where there were no changes in ground contact time, hop height, or overall leg stiffness

compared to unassisted hopping, However, other measures, such as center of mass displacement
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during the ground contact phase and peak vertical ground reaction force, were reduced while
hopping using a passive full-leg exoskeleton with degressive or linear stiffness springs, which
indicates that the spring stiffness profile may elicit different effects on lower-limb joint angles,
moments, and powers compared to unassisted hopping. The design of the passive full-leg
exoskeleton includes springs that span the entire leg and attach to a waist harness with mounts near
the hip joint center of rotation and to a shoe with mounts near the metatarsal joint center of rotation
in the sagittal plane. Presumably, this design primarily affects the MTUs surrounding the ankle
and knee given that the exoskeleton’s sagittal plane moment arm about the hip joint is designed to
be smaller than at the ankle or knee joint, and the MTUs surrounding the hip joint provide a
negligible contribution to total leg power during hopping (Farris and Sawicki, 2012a). The
influence of using a full-leg exoskeleton with different spring stiffness profiles on joint mechanics
is not known but may provide further insight into differences in metabolic power during bouncing
gaits.

We determined the effects of hopping using a passive full-leg exoskeleton with three
different spring stiffness profiles on lower-limb joint mechanics. We hypothesized that peak
flexion angles and range of motion at the ankle, knee, and hip joints would decrease while hopping
using a passive full-leg exoskeleton compared to unassisted hopping. We also hypothesized that
hopping using a passive full-leg exoskeleton would reduce the MTU joint moment and power
compared to unassisted hopping, with the greatest reductions occurring with the degressive
stiffness springs, followed by linear and progressive stiffness springs, respectively. Finally, we
hypothesized that hopping using a passive full-leg exoskeleton would redistribute overall joint

power from the knee to the ankle, compared to unassisted hopping.
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2.2 Methods

2.2.1 Participants

14 individuals (Table 2.1) with no

musculoskeletal impairments participated in the study. All participants self-reported exercising at
least 30 minutes per day at or above a moderate intensity, three times per week, for the last 6
months, and provided written informed consent according to the University of Colorado Boulder

Institutional Review Board.

reported cardiovascular,

neurological,

Table 2.1 Participant characteristics and exoskeleton stiffness organized by body mass.

Sex Age  Height Leglength Mass Kcalc Kpe Kin ke
[yr] [m] [m] [kg]  [kN/m] [KN/m] [KN/m] [KN/m]
F 37 1.70 0.92 58.9 7.84 7.8 7.00 8.00
F 22 1.53 0.86 60.0 7.98 8.4 8.44 8.00
F 23 1.70 0.87 60.6 8.08 7.8 8.44 8.00
F 25 1.65 0.87 62.0 8.24 7.8 8.44 8.00
F 26 1.73 0.93 62.8 8.36 8.2 8.44 8.00
F 26 1.62 0.84 62.9 8.38 7.8 8.44 8.00
F 23 1.59 0.85 63.6 8.46 7.8 8.44 8.00
M 43 1.63 0.94 65.4 8.70 8.2 8.44 8.00
M 20 1.67 0.90 65.9 8.80 9.0 8.44 9.00
M 24 1.73 0.94 67.5 8.98 8.2 8.44 9.00
M 30 1.79 0.94 69.2 9.22 8.2 9.46 9.00
M 25 1.80 0.98 71.6 9.50 9.4 9.46 10.00
M 20 1.64 0.86 75.3 9.96 10.6 9.46 10.00
M 30 1.73 0.88 77.7 10.34 10.6 10.6 10.00
Avg. 26.7 1.68 0.90 66.0 8.77 8.56 8.71 8.64
s.d. 6.5 0.08 0.04 5.7 0.75 0.99 0.82 0.84

Leg length was measured from the greater trochanter to the floor; kcar is calculated exoskeleton
stiffness for the sum of both legs; kpg is degressive spring stiffness; ki is linear spring stiffness;
ke is progressive spring stiffness. All stiffness values represent the sum of both springs and are
calculated for 10 cm of displacement. Differences in kpg relative to mass are caused by variations

in leg length.

2.2.2 Exoskeleton Design

The full-leg exoskeleton design consists of a waist mount, foot mounts on each shoe, and
two exoskeleton “legs” that each incorporate a spring and are compressed in parallel with the legs

during the stance phase of stationary, two-legged hopping (Figure 2.1). The waist mount is
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comprised of an adjustable aluminum frame that is secured tightly around the user’s waist with a
padded hip belt and nylon webbing harness that wraps beneath the pelvis and around the thighs.
The frame includes a 3 degree-of-freedom exoskeleton hip joint (flexion/extension, ab/adduction,
and internal/external rotation) positioned near the hip joint’s center of rotation in the sagittal plane.
The foot mounts are comprised of aluminum pin joints secured to a steel plate that is fastened to
the bottom of clipless mountain biking shoes via the cleat mounting holes (Gavin MTB Cycling
Shoe, Elkton, FL or Trace MTB Shoe, Diamondback, Kent, WA). The pin joint allows 1 degree-
of-freedom (plantar/dorsiflexion) and is positioned near the metatarsal-phalangeal joint’s center of

rotation in the sagittal plane. The exoskeleton springs act in parallel with the legs and connect to

the exoskeleton hip joints and foot mounts.

Force [N]

Displacement [cm] 10

DG ‘ PG
7 Figure 2.1 Illustration of the exoskeleton

line of action relative to the lower-limb joints
and the degressive (DG; green), linear (LN;
orange), and progressive (PG; red) spring
stiffness profiles used in the exoskeleton.
= § Dashed lines from the exoskeleton’s line of

action to the ankle, knee, and hip joints
represent the exoskeleton’s moment arm
about each joint. The line of action was
measured via markers placed on the
) exoskeleton hip and foot attachment points;
motion capture markers are not pictured.

Exo. Line of Action

We used three different sets of springs with different stiffness profiles (Figure 2.1). We

custom-made leaf springs from fiberglass (GC067 UB; Gordon Composites, Montrose, CO) to
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create degressive stiffness springs, which are characterized by a high initial stiffness that becomes
compliant with further compression (Grabowski and Herr, 2009). The leaf springs consisted of
“thigh” and “shank” segments that varied in length by 2.54 cm, where the “thigh” segment was
always 2.54 cm longer than the “shank” segment. The two segments were attached together by a
piece of aluminum with a 165° angle when unloaded to ensure that the leaf springs would always
bend anteriorly to the user. We used metal compression springs with even pitch coils for the linear
stiffness springs and variable pitch coils for the progressive stiffness springs, which are
characterized by a low initial stiffness that increases exponentially with compression (Allen and
Grabowski, 2019). The compression springs were placed between two aluminum plates that could
be positioned along the length of two telescoping rods to accommodate different lengths and
diameters of the coil springs. When the telescoping rods were attached to the waist harness and
foot mounts, the springs could be compressed by the aluminum plates during the stance phase.
We measured the stiffness of each fully assembled exoskeleton “leg” prior to the
experimental tests using a materials testing machine to measure instantaneous force and
displacement (Series 5859; Instron, Norwood, MA) (Allen and Grabowski, 2019). Because of the
non-linear stiffness profiles of the degressive and progressive springs, we characterized the
discrete stiffness value for all of the springs at 10 cm of compression, as this approximates the
average center of mass displacement while hopping without an exoskeleton at 2.4 Hz (Allen and
Grabowski, 2019; Farley et al., 1998; Grabowski and Herr, 2009). We provided participants with
springs of the same body mass-normalized stiffness (~0.132 kN-m-kg™ for both springs) at 10
cm of compression (Table 2.1), which was the stiffness previously determined to provide the

greatest reduction in metabolic power compared to unassisted hopping at 2.4 Hz (Allen and
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Grabowski, 2019). A detailed explanation of how this mass-normalized stiffness was calculated
can be found in previous papers (23, 24).

We sized each exoskeleton to each participant while their ankles were plantarflexed, and
their knees and hips extended, so that they were standing on their toes. We measured the distance
from the greater trochanter to the floor under the metatarsal heads to set the exoskeleton “leg”
length. This allowed the springs to compress at the instant of ground contact. For the degressive
springs, we selected fiberglass segments that achieved the same approximate exoskeleton “leg”
length when the spring was fully assembled. The stiffness of the degressive springs is affected by
their length, where longer leaf springs are more compliant and shorter leaf springs are stiffer. We
controlled for this effect by increasing or decreasing the thickness of the fiberglass by increments
of ~0.05 cm to achieve a spring with a stiffness close to the body mass-normalized stiffness. When
affixed to the waist harness and foot mounts, the telescoping rods for the linear and progressive
springs were able to match the measured exoskeleton “leg” length by sliding past each other. Pre-
drilled holes on the “thigh” segment that were ~1.27 cm apart allowed us to set the height of the
aluminum plates to accommodate different lengths of coil springs and ensure that compression

began at the instant of ground contact.

2.2.3 Experimental Protocol

We simultaneously measured ground reaction forces (GRFs) and lower body kinematics
while participants hopped in place, with both feet, at 2.4 Hz in four conditions: normal hopping
without an exoskeleton (NH), and using passive full-leg exoskeletons with degressive (DG), linear
(LN), and progressive (PG) stiffness springs. Each trial was two minutes long, and we analyzed

20 hops from the last 30 seconds of each trial.
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Participants hopped in place on both legs on a stationary, split-belt treadmill (Bertec,
Columbus, OH; 1000 Hz) with a force plate under each foot so that separate GRF vectors could
be attributed to each leg. Lower body kinematics were recorded with a 10-camera motion capture
system (Vicon, Centennial, CO; 200 Hz) using a total of 38 reflective markers placed on the pelvis
and both legs. We placed markers on the skin or form-fitted clothes over the anterior and posterior
iliac spines, superior aspect of the iliac crests, greater trochanters, bilaterally on the femoral
condyles and malleoli, and on the shoes over the first and fifth metatarsal heads, and the posterior
aspect of the calcaneus. Rigid clusters of 4 markers were placed on the thigh and shank segments
and secured with a soft Velcro wrap. During the exoskeleton conditions the padded waistbelt
covered the pelvis, so we placed markers on the outside of the belt over the pelvis anatomical
landmarks. Additionally, we placed markers on the exoskeleton hip and shoe attachments to
measure spring displacement and orientation.

Participants were given a short acclimatization period (1 — 3 min.) to hop at 2.4 Hz prior to
each condition until they reported they were comfortable using each exoskeleton and the research
team visually confirmed that participants were able to match the target hopping frequency
consistently while maintaining an aerial phase between hops. We randomized the order of
conditions and used an audible metronome to enforce the hopping frequency. Participants were
given at least 2 minutes of rest between trials due to donning, doffing, and assembly of the

exoskeleton “legs”.

2.2.4 Data analysis
We labeled marker trajectories in Vicon Nexus and exported them to Visual 3D (C-motion,
Germantown, MD) with GRFs for inverse dynamics analysis. We up-sampled the marker data to

match the GRF data, filtered both using a fourth order, lowpass Butterworth filter with a 20 Hz
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cutoff (Mai and Willwacher, 2019), and applied a 20 N vertical GRF threshold to detect ground
contact. We calculated sagittal plane joint angles, moments, and powers for the ankle, knee, and
hip. We measured joint angle as the inter-segment angle between proximal and distal segments,
where an increase in joint angle represents extension or plantarflexion, and range of motion was
measured as the minimum joint angle subtracted from the maximum joint angle throughout the
hop cycle.

In the exoskeleton conditions, a portion of the overall joint moment and power is provided
by the exoskeleton and the rest is supplied by the MTUs. To estimate the exoskeleton contributions
to overall joint moment and power in the sagittal plane, we first assumed that there was no soft-
tissue artifact and estimated the instantaneous exoskeleton force for each leg by combining the
displacement of the spring (via the markers at the hip and shoe attachments) with the a-priori
measured force-displacement data. Because the exoskeleton attachments are low friction pin joints
that allow rotation and ~99% of the resultant GRF is directed vertically in hopping (Veilleux et
al., 2012), we used the markers on the exoskeleton attachments to define the line of action for
exoskeleton force (Figure 2.1). We then determined the exoskeleton moment arms about each
joint as the perpendicular distance from the joint center to the exoskeleton line of action (Figure
2.1). For each joint, we estimated the exoskeleton contribution to the overall joint moment as the
cross product of exoskeleton moment arms relative to each joint and the estimated exoskeleton
force. We resolved both joint and exoskeleton moments in the proximal segment coordinate system
(Schache and Baker, 2007). Then, we estimated the exoskeleton contribution to overall joint power
by multiplying the estimated exoskeleton moment by the joint’s angular velocity (Malcolm et al.,
2018; van den Bogert, 2003). The average joint moments and powers provided by the MTUs were

estimated as the difference between the overall joint moments and powers, and the average joint
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moment and powers provided by the exoskeleton. We considered moments that acted to end extend
the joints or plantarflex the ankle to be positive.

At each joint, we separately calculated the MTUs’ and exoskeleton’s contributions to
overall average positive mechanical power according to Farris & Sawicki (Farris and Sawicki,
2012a). First, we used the trapezium method to integrate joint positive power over the hop cycle,
and then summed all periods of positive joint work to determine total positive joint work. Next,
total positive joint work was divided by the duration of the hop cycle to determine average positive
joint power over the hop cycle. The average positive power was then summed across each joint
and MTU or exoskeleton contributions to estimate the total average positive power (P,,.) of the

leg (Equation 2.1),
ptot = pankle,mtu + pankle,exo + Pknee,mtu + pknee,exo + phip,mtu + phip,exo [2-1]

where Pyykie, Prnee, and Py, are the average positive powers from the ankle, knee, and hip joints,

respectively, with separate contributions from the MTUs or exoskeleton denoted as ‘mtu’ or ‘e€xo’.
The distribution of total average positive power from each term of Eq. 2.1, could then be expressed

as a percentage (P%) of total average positive leg power (Equation 2.2),

P% = =25-100%. [2.2]
Ptot

o

where Pj,C is the average positive power from any joint and contribution. We performed all kinetic

calculations separately for each leg before summing the two legs together.

2.2.5 Statistical analysis
We performed a repeated-measures analysis of variance (ANOVA) in R (v4.2.2, Vienna,

Austria) using the nlme (Pinheiro et al., 2020) and anova (R Core Team, 2022) packages to
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determine the effect of hopping condition on peak joint flexion and range of motion, the MTU
average moment and power at each joint, and the distribution of overall average positive power
between the ankle, knee, and hip. We considered hopping condition as a fixed categorical effect
and participant as a random effect. If a significant main effect of hopping condition was found, we
performed Tukey post hoc tests (o = 0.05) using the glht function from the multcomp package
(Hothorn et al., 2008). While not a part of our hypotheses, we also performed the same analysis
on hopping frequency, ground contact time, peak VGRF (summed from the two plates), and hop
height (calculated according to Cavagna (Cavagna, 1975)), to determine if participants completed

the same hopping task with the full-leg exoskeletons compared to NH.

2.3 Results

We found that participants maintained a consistent hopping frequency (F339=1.0, p=0.30)
and ground contact time (Fs30=1.38, p=0.26) across all conditions (Table 2.2). However, there
was an effect of hopping condition on peak VGRF (Fs 39 = 7.96, p<0.001), where hopping using a
full-leg exoskeleton with PG stiffness springs increased peak VGRF by 12.2% (271 + 131 N [avg.
+ s.d.], p<0.001) compared to NH, and 14.3% (276 + 333 N, p<0.001) compared to using an
exoskeleton with DG stiffness springs. We also found an effect of condition on hop height
(F3,39=3.024, p=0.04), where there were no significant differences between NH and any of the
exoskeleton conditions (p>0.42 for all) but hopping using a full-leg exoskeleton with DG stiffness
springs increased hop height by 31.6% (0.7 £ 1.1 cm, p=0.015) compared to with PG stiffness

springs.
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Table 2.2 Hopping Kinematics and Kinetics

Condition  Frequency Contact Time Peak VGRF  Hop Height
[Hz] [s] [N] [cm]
NH 240+0.01 0.26+0.03 2253 +289 3.1+£10
DG 240+001 0.25+0.03 2248+ 380" 34+£1.2
LN 241+0.01 0.26+0.03 2387 +287 29+1.1
PG 241+£0.01 0.26+0.03 2524+ 310" 2.8+1.0¢

Group means * s.d. VGRF: vertical ground reaction force. Conditions are
normal hopping (NH) and hopping using an exoskeleton with degressive
(DG), linear (LN), and progressive (PG) stiffness springs. * different from
NH, # different from DG.

2.3.1 Joint Angles

We found no significant difference in peak flexion angle between any condition at the ankle
(Figure 2.2; F339=0.522, p=0.70), knee (F339=1.672, p=0.19) or hip joints (F339=2.683, p=0.06).
Additionally, we found no significant difference in ankle or hip joint range of motion between any
condition (F339=1.380, p=0.26 and F339=0.272, p=0.85, respectively). However, there was a
difference in knee joint range of motion (F339=9.644, p <0.001), where hopping using a full-leg
exoskeleton with DG stiffness springs decreased knee joint range of motion by 10.5% (3.5 + 3.0°,
p<0.001) compared to NH, 6.6% (2.4 + 3.5° p=0.003) compared to an exoskeleton with LN
stiffness springs, and 11.2% (3.8 + 2.9°, p<0.001) compared to an exoskeleton with PG stiffness

springs.
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Figure 2.2 Average joint angle and
range of motion (£ s.e.) for the hip (top
row), knee (middle row), and ankle
(bottom row) during normal hopping
(NH; blue) and hopping using an
exoskeleton with degressive (DG;
green), linear (LN; orange), and
progressive (PG; red) stiffness springs.
Data are time normalized over the hop
cycle and represent the average of both
legs. The shaded area represents the
average aerial phase across all
conditions.

While hopping using a full-leg exoskeleton, participants decreased the MTU contribution

to overall average joint moment at the ankle (Figure 2.3; F339=90.927, p=0.0002), knee

(F339=21.724, p<0.001), and hip (F339=8.113, p<0.001). We found that hopping using a full-leg

exoskeleton with DG stiffness springs reduced the MTU average ankle plantarflexion moment by

36% (0.38 + 0.13 Nm kg, p<0.001), average knee extension moment by 27.4% (0.18 + 0.11 Nm

kg™, p<0.001), and average hip flexion moment by 128.6% (0.09 + 0.15 Nm kg*, p<0.03)

compared to NH. Similarly, hopping using a full-leg exoskeleton with LN stiffness springs reduced

the MTU average ankle plantarflexion moment and knee extension moment by 24.0% (0.26 + 0.05

Nm kg, p<0.001) and 22.4% (0.15 + 0.12 Nm kg, p<0.001) compared to NH. Finally, hopping

using a full-leg exoskeleton with PG stiffness springs reduced the MTU average ankle

plantarflexion moment by 9.4% (0.10 + 0.04 Nm kg, p<0.001) compared to NH.
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Figure 2.3 Instantaneous and cycle-average joint moment (£ s.e.). Overall (left column) is the sum
of the exoskeleton (exo; middle column) and muscle-tendon unit (MTU; right column)
contributions to joint moment for the hip (top row), knee (middle row), and ankle (bottom row).
Colors represent different conditions of normal hopping (NH; blue) and hopping using an
exoskeleton with degressive (DG; green), linear (LN; orange), and progressive (PG; red) stiffness
springs. Joint moment is normalized to biological mass and represents both legs. Shaded grey
region represents the average aerial phase across all conditions. ** all conditions different, *
different from NH, ~ different from PG. Note the different y-axis scales for each joint.
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2.3.3 Joint Powers

Participants maintained constant total average positive power between conditions
(F3,39=1.029, p=0.39). Hopping using a full-leg exoskeleton resulted in significant reductions to
the MTU average positive power at the ankle and knee joints (Figure 2.4; F339=22.05, p<0.001
and F339=10.46, p<0.001, respectively). Compared to NH, we found that hopping using a full-leg
exoskeleton with DG or LN stiffness springs decreased the MTU average positive ankle power by
26.6% (0.57 + 0.30 W kg, p<0.001) and 19.5% (0.43 + 0.13 W kg, p<0.001), respectively.
Additionally, use of the exoskeleton with the DG and LN stiffness springs decreased the MTU
average positive knee power by 24.6% (0.25 + 0.23 W kg, p<0.001) and 20.0% (0.21 + 0.23 W
kg, p<0.001) compared to NH. We also found an effect of condition on the MTU average positive
hip power (Fz39=4.22, p=0.011). However, pairwise comparisons of the MTU average positive hip
power revealed that none of the exoskeleton conditions differed from NH (p>0.07 for all). Instead,
we found that the MTU average positive hip power increased by 48.7% (0.03 + 0.03 W kg%,
p=0.004) and 50.7% (0.02 + 0.03 W kg, p=0.041) when using an exoskeleton with DG stiffness
springs compared to LN and PG stiffness springs, respectively. Use of an exoskeleton with PG
stiffness springs did not significantly reduce the MTU average positive power compared to NH for

any lower-limb joint (ankle: p=0.0614, knee: p=0.972, hip: p=0.458).
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Figure 2.4 Instantaneous and cycle-average positive joint power (x s.e.). Overall (left column) is
the sum of exoskeleton (exo; middle column) and muscle-tendon unit (MTU; right column)
contributions to joint power for the hip (top row), knee (middle row), and ankle (bottom row).
Colors represent different conditions with normal hopping (NH; blue) and hopping using an
exoskeleton with degressive (DG; green), linear (LN; orange), and progressive (PG; red) stiffness
springs. Joint power is normalized to biological mass and represents both legs. Shaded grey region
represents the average aerial phase across all conditions. * different from NH, # different from DG,
A different from PG. Note the different y-axis scales for each joint.

The distribution of total average positive power was nearly constant across conditions
(Figure 2.5). We found that participants did not change the relative proportion of overall average
positive ankle power to total positive leg power (Figure 2.5, F339=0.282, p=0.84). There was an
effect of condition on the relative proportion of overall average positive knee power to total
positive leg power (F339=3.56, p=0.03), but exoskeleton conditions were not different from NH
(p>0.10 for all). There was also an effect of condition on the relative proportion of overall average

positive hip power to total positive leg power (F339=12.12, p<0.001), where hopping using a
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passive full-leg exoskeleton with DG stiffness springs increased the relative proportion of overall

average positive hip power from 3% to 5% compared to all other conditions.
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Figure 2.5 Relative joint average positive power contributions to total average positive leg power
during normal hopping (NH; blue) and hopping using an exoskeleton with degressive (DG; green), linear
(LN; orange), and progressive (PG; red) stiffness springs. Total average positive leg power is displayed
below each chart and normalized to biological mass.

2.4 Discussion

In this study, we quantified the joint-level mechanics of two-legged stationary hopping at
2.4 Hz while using a passive full-leg exoskeleton with three different spring stiffness profiles:
degressive, linear, and progressive (Figure 2.1), compared to normal hopping without an
exoskeleton. Overall, our findings indicate that use of a passive full-leg exoskeleton primarily
assists the ankle and knee by reducing the MTU average joint moment and power compared to
unassisted hopping. However, spring stiffness profile affects the magnitude of assistance, so that
MTU average joint moment and power is lowest with DG stiffness springs, followed by LN and
PG stiffness springs, respectively.

Our data provide partial support of our first hypothesis, that hopping using a passive full-

leg exoskeleton with any spring stiffness profile would decrease peak flexion angles and range of
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motion at the ankle, knee, and hip compared to NH. We found that peak flexion angles for each of
the joints were not significantly different from NH when hopping using a passive full-leg
exoskeleton with any of the three spring stiffness profiles (Figure 2.2). However, we also found
that use of an exoskeleton with DG stiffness springs reduced knee range of motion compared to
all other conditions (Figure 2.2). The reduction in knee range of motion with DG stiffness springs
was small (~4°) but can likely be attributed to reductions in peak knee extension angle during the
aerial phase and may be indicative of the design of the exoskeleton with DG stiffness springs.
The DG stiffness springs had a fixed resting length and spanned the entire leg (Figure 2.1;
Table 2.1). We sized each spring to each participant so that the spring would begin to compress at
the instant of ground contact, however, the spring may have limited the extension of the leg during
the aerial phase if we set the resting length to be too short. Participants may have reduced their
knee joint range of motion to prevent the DG stiffness springs from stretching beyond their resting
length and absorbing some of the positive power needed to achieve an aerial phase. Alternatively,
if we set the resting length of the DG stiffness springs to be too long, we observed that participants
had difficulty maintaining balance or achieving the target hopping frequency during the
acclimatization period before the experimental trial. In contrast, the LN and PG stiffness springs
were mounted between adjustable aluminum plates on telescoping rods so that the exoskeleton
“leg” length always matched the participant’s leg length at any point in the hop cycle. The LN and
PG stiffness springs were not fixed to the aluminum plates, which allowed the springs to be
compressed during the stance phase but never stretched beyond their resting length during the
aerial phase. This design likely allowed participants to have the same joint range of motion as the
NH condition. These results add to previous literature suggesting that a spring’s resting length

should be optimized to the participant on an individual basis (Cherry et al., 2016; Farris and
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Sawicki, 2012a; Ferris et al., 2006), and add that studies utilizing a large spring as the exoskeleton
“leg” should strive to carefully match the resting spring length to a participant’s extended leg
length so that elastic energy stored in the spring during compression is not lost to stretching the
spring beyond its resting length during the aerial phase.

Our findings support our second hypothesis that hopping using a passive full-leg
exoskeleton would decrease MTU average joint moment and power compared to NH, with the
greatest reductions occurring with the DG stiffness springs, followed by the LN and PG stiffness
springs, respectively. We found that hopping using a passive full-leg exoskeleton reduced the
MTU average ankle plantarflexor moment by 36%, 24%, and 9% while using DG, LN, and PG
stiffness springs, respectively. Additionally, use of the exoskeleton with DG and LN stiffness
springs decreased the MTU average knee extensor moment by 24-27%, while the PG stiffness
springs did not (Figure 2.3). Ultimately, these changes allowed participants to reduce the MTU
average positive joint power, with the largest reductions at the ankle then the knee (Figures 2.4 &
2.5). We also found that hopping using a full-leg exoskeleton with DG stiffness springs provided
26% of the total average positive leg power (Figure 2.5), while the LN and DG stiffness springs
provided 19% and 10%, respectively. The differences in total average positive leg power between
spring stiffness profiles are likely due to the magnitude of elastic energy that can be stored and
returned by the spring for a given displacement (Allen and Grabowski, 2019). For example, a
degressive stiffness spring can store 36% more elastic energy per hop than an LN stiffness spring,
and 186% more than a PG stiffness spring for the same displacement (Allen and Grabowski, 2019).

The full-leg exoskeleton had the greatest influence on the ankle due in part to the average
length of the exoskeleton moment arm throughout the stance phase. The attachment points of the

exoskeleton “leg” are placed close to the hip and metatarsal heads, and the pin joints allow a direct
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line of action between them. As the joints of the lower limb flex and extend throughout the stance
phase, the ankle and knee joint centers move relative to the exoskeleton’s line of action. We found
that the longest average exoskeleton moment arm in the sagittal plane was at the ankle, followed
by the knee and hip, respectively, despite the moment arm about the knee having the largest range
(Figure 2.6). We also found that the exoskeleton provided a flexion moment about the hip (Figure
2.3), suggesting that the exoskeleton’s line of action was oriented at a slight angle that is posterior
to the hip joint center in the sagittal plane. However, this did not translate to any significant

changes in positive power at the hip compared to NH.
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Em- Figure 2.6 Average sagittal-plane
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Finally, our data do not support the hypothesis that hopping using a full-leg exoskeleton
would result in a redistribution of overall joint power from the knee to the ankle. Similar to hopping
using a passive, ankle-only exoskeleton with LN stiffness springs (Farris and Sawicki, 2012a),
humans adopt a neuromotor control strategy to maintain the distribution of joint power for normal
hopping and hopping using a passive, full-leg exoskeleton with DG, LN, or PG stiffness springs.
Across all conditions, we found that the ankle and knee joints provided approximately 66-69% and
26-31% of the total average positive leg power across all conditions, with the remainder coming

from the hip (Figure 2.5). Presumably, maintaining the distribution of average overall positive
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joint power allowed participants to hop with constant ground contact times, peak vGRF, and hop
heights while using a passive full-leg exoskeleton with DG and LN stiffness springs (Table 2.2).
We found an increase in peak VGRF and a decrease in hop height while using the exoskeleton with
PG stiffness springs, which is consistent with results from our previous study (Allen and
Grabowski, 2019). These changes likely occurred because the PG stiffness springs cannot store
and return as much elastic energy as the DG and LN stiffness springs, which is reflected by the
increase in total average positive leg power (Figure 2.5).

However, contrary to our expectations, hopping using a passive, full-leg exoskeleton did
not provide greater relative contributions to total average positive leg power compared to a passive,
ankle-only exoskeleton (Figure 2.5). Use of the full-leg exoskeleton with LN stiffness springs
provided 21% of the total average positive leg power when hopping at 2.4 Hz and was previously
shown to reduce metabolic power by 16% (Allen and Grabowski, 2019) compared to unassisted
hopping. However, Farris et al. (Farris and Sawicki, 2012a) found that use of an ankle-only
exoskeleton with LN stiffness springs provided 38% of the total average positive leg power when
hopping at 2.5 Hz, and reduced metabolic power by 13% compared to unassisted hopping. One
possible explanation for the differences between the percentage of positive power and metabolic
power reduction due to using a full-leg versus ankle only exoskeleton is that the demands of
hopping differed between studies. Participants in the current study had a 2.5-fold increase in hop
height and 0.27 body-weight increase in peak VGRF compared to our previous study (Allen and
Grabowski, 2019), and may have increased their MTU relative contribution to total average
positive leg power to hop higher. Another possible explanation may be that the assistance provided
by a full leg exoskeleton affects the underlying muscle mechanics differently compared to an

ankle-only exoskeleton, especially when considering that the two studies used LN stiffness springs
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with similar body mass-normalized stiffness (full-leg: ~0.132 kN-m™*-kg?; ankle-only: ~0.125
kN-m™-kg, for both springs). Previously, the use of a passive ankle-only exoskeleton has been
shown to sub-optimally shift where the plantarflexors operate along the force-length and force-
velocity curves compared to unassisted hopping, which may reduce the metabolic benefits of
reducing muscle force (Farris et al., 2013; Farris et al., 2014). For example, Farris and colleagues
(Farris et al., 2013; Farris et al., 2014) found that hopping at 2.5 Hz using an ankle-only
exoskeleton with LN stiffness springs reduced average plantarflexor muscle force by ~45%
compared to unassisted hopping, but it also shifted the average operating length of the muscle
fascicles leftward down the ascending arm of the force-length curve, increasing fascicle excursion,
increasing the relative shortening velocity and placing the fascicles in a sub-optimal state for
producing force economically. It is possible that by distributing exoskeletal assistance over the
entire leg, the average operating length of the ankle plantarflexors and knee extensors remained
closer to the plateau-region of their respective force-length curves, similar to unassisted hopping,
and reduced the magnitude of a leftward shift down the ascending arm of the force-length curve.
Thus, any changes in metabolic power due to a change in the muscle’s average operating length
when using a passive full-leg exoskeleton might be mitigated and muscle force produced more
economically compared to an ankle-only exoskeleton (Lai et al., 2015). Future studies are needed

to determine muscle dynamics using full-leg and ankle-only exoskeletons.

2.4.1 Towards a full-leg running exoskeleton

Similar to hopping, the MTUs surrounding the ankle and knee joints provide the greatest
contribution to total average positive leg power during the stance phase of running (Farris and
Sawicki, 2012b). Therefore, use of a passive, full-leg exoskeleton with DG spring stiffness that

simultaneously assists multiple joints during the stance phase may also reduce ankle and knee joint
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positive power in running. However, while the center-of-mass mechanics in bouncing gaits are
similarly described by a spring-mass model, there are differences in joint mechanics between
hopping and running that should be considered for future passive, full-leg running exoskeletons.
For example, the passive, full-leg exoskeleton in the present study utilized springs that span the
entire leg as exoskeleton “legs” and do not allow the knee to flex during the swing phase.
Previously, Cherry et al. (Cherry et al., 2016) used a friction-lock clutch controlled by participant-
specific inputs from thigh velocity and foot switches that enabled a two segment exoskeleton “leg”
to lock during the stance phase and release during the swing phase so that the knee could flex with
minimal resistance. A similar clutch mechanism placed between the “thigh” and “shank’ segments
of the DG stiffness springs could allow the spring to store and return elastic energy during the
stance phase and provide assistance to the ankle and knee joint, and also allow the knee to flex
freely and prevent users from working against the spring during the swing phase.

The hip joint also provides a large proportion (32-39%) of the total average positive leg
power during the swing phase when running on level ground at 2.25-3.25 m s, but does not
significantly contribute positive power during the stance phase (Farris and Sawicki, 2012b). While
previous research has shown that passive assistive devices can reduce the metabolic cost of running
by 6.5-8% through hip flexion assistance during the swing phase using tension springs (Nasiri et
al., 2018; Simpson et al., 2019; Zhou et al., 2021), a passive, full-leg exoskeleton that acts during
the stance phase with compression springs may not significantly contribute to positive hip power.
Therefore, minimizing the exoskeleton moment arm about the hip might allow the exoskeleton to
provide assistance to the ankle and knee joints during stance phase without interfering with hip
joint mechanics. Additionally, distal mass carried by the legs incurs a metabolic penalty, owing to

the increased muscular effort to raise the foot off the ground, move the leg forward during swing
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phase, and decelerate the leg before the next ground contact (Franz et al., 2012; Frederick et al.,
1984). Use of lighter weight materials or redistribution of the exoskeleton mass more proximally
would reduce the inertia of the device during swing phase (Cherry et al., 2016), which could further
reduce metabolic cost.

Finally, the passive, full-leg exoskeleton springs are placed lateral to the legs and likely
apply a frontal plane moment to the lower-limb joints. In stationary, two-legged hopping, these
exoskeleton frontal plane moments are equal and opposite. However, running with one foot on the
ground at a time using a passive, full-leg exoskeleton spring lateral to the leg would apply a frontal
plane moment that would need to be counteracted by the user. As such as, users might increase hip
abductor moment to help maintain balance, compress the spring, and limit frontal plane hip drop
during running. A lower profile design that reduces the frontal plane joint moment arms would

mitigate these potentially adverse effects.

2.4.2 Potential Limitations

We assumed a rigid connection between the user and exoskeleton with no soft-tissue
displacement. However, it is likely that there was soft-tissue displacement and some energy loss
due to the interface between the user and exoskeleton. Previous studies have identified that user-
device interfaces are a significant challenge to the development of successful lower-body wearable
devices because of the energy lost to soft-tissue displacement (Cherry et al., 2016; Yandell et al.,
2017). We placed the hip markers in the same positions for each exoskeleton condition to minimize
the error between exoskeleton trials. Future passive, full-leg exoskeleton designs may benefit from
alternative user interfaces that distribute force over a larger surface area to maximize effective
power transfer between the user and the device. Additionally, the mountain bike shoes given to

the participants provided an easy method of attaching the exoskeleton legs. However, due in part
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to the thickness and rigidity of the shoes, we modelled the foot as a single segment and previous
studies have shown that this simplification of the foot may over-estimate angular displacement (by
as much as 10°) and ankle power (Kessler et al., 2020). Participants used the same rigid mountain
bike shoes in all conditions, including NH, and we assumed the same error in a repeated-measures

design to mitigate this potential limitation.

2.5 Conclusion

Hopping using a passive, full-leg exoskeleton assists the ankle and knee by reducing the
MTU average joint moment and power. Moreover, the magnitude of reductions depend on the
spring stiffness profile, where use of a full-leg exoskeleton with DG spring stiffness provides
significantly greater assistance at the ankle than LN or PG spring stiffness, and may explain why
previous studies (Allen and Grabowski, 2019) found that the spring stiffness profile within an
exoskeleton affects the magnitude of metabolic power reductions. Our data add to the increasing
number of studies that show the elastic properties of an exoskeleton spring have a significant effect
on hopping mechanics (Allen and Grabowski, 2019; Grabowski and Herr, 2009; Robertson et al.,
2014). Therefore, future studies that examine the design of a passive exoskeleton or investigate

the effects of springs in human locomotion should consider and report the spring stiffness profile.
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Chapter 3: Effects of asymmetric crank arm lengths and cycling-specific prostheses in
riders with a unilateral transtibial amputation

Co-authors: Gabriela B. Diaz & Alena M. Grabowski
In preparation — with intent to submit to Medicine and Science in Sports and Exercise

Due in part to structural and musculoskeletal differences between a biological leg and
prosthesis, cyclists with a unilateral transtibial amputation (TTA) exhibit kinematic and kinetic
asymmetries that may reduce efficiency. Use of asymmetric crank arm lengths or a cycling-
specific prosthesis (CSP) could reduce asymmetries and improve efficiency. Purpose: We
determined the effects of shorter crank arm lengths on the affected side and cycling with two
different prostheses on joint and crank power, joint and crank power asymmetry, and net
efficiency. Methods: 12 cyclists with a TTA rode at 1.5 W-kg™* with symmetric (175 mm) and
shorter affected side crank arms (160, 165, 170 mm) using a daily-use prosthesis and CSP. We
used statistical parametric mapping to determine differences in instantaneous joint and crank
power between prostheses, and compared average joint and crank power, joint and crank power
asymmetry, and net efficiency with linear mixed-effect models. Results: Shorter affected side
crank arm lengths reduced the magnitude of peak positive (p<0.001) and negative (p<0.001) crank
power compared to symmetric crank arms. Use of a CSP increased the magnitude of peak positive
knee power (p<0.001) and decreased the magnitude of peak negative crank power (p<0.001)
compared to a daily-use prosthesis. Shorter affected side crank arm lengths while using a CSP
reduced hip joint power and hip transfer power asymmetry (p=0.002). However, we found no
significant differences in affected side average crank or joint power, crank or knee joint power
asymmetry, or net efficiency. Conclusions: At a moderate mechanical power output (1.5 W-kg?),

cycling with asymmetric crank arm lengths or CSPs offer small improvements in hip joint power

61



and hip transfer power asymmetry, but does not alter crank asymmetry or efficiency in cyclists

witha TTA.
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3.1 Introduction

Cycling for recreation or exercise provides numerous health benefits over a sedentary
lifestyle, such as a lower incidence of type-2 diabetes and heart disease, and a reduced risk of all-
cause mortality (Ojaetal., 2011; Poonsiri et al., 2021). In addition, cycling is a low impact aerobic
exercise option that does not incur high joint and tissue loads inherent in weight-bearing exercises
such as running (Orekhov et al., 2019). Compared to 60% of people without amputation, only 32-
37% of people with a unilateral transtibial amputation (TTA) engage in enough vigorous physical
activity to elicit health benefits (Deans et al., 2012). Engagement in physical activity is generally
lower in people with versus without TTA due to barriers such as increased pain, physical
limitations, and a lack of access to appropriate equipment (Deans et al., 2012; Poonsiri et al., 2021).
Cycling may pose greater barriers for people with versus without a TTA such as pain and
discomfort that may be due to bike fit, and asymmetric joint range of motion and/or mechanical
work between legs (Childers et al., 2009). Addressing these barriers and allowing people with a
TTA to participate in cycling for exercise may improve engagement in vigorous exercise and
promote improvements in overall health.

During cycling, the mechanical power delivered to the crank is produced by the muscles
surrounding the ankle, knee, and hip joints, as well as the upper body (transferred across the hip
joint) (van Ingen Schenau et al., 1990). The biological ankle dorsi- and plantarflexes throughout
the crank cycle with a range of motion of ~20° (Barrat et al., 2016; Heil et al., 1997) and assists
with transferring power from the proximal segments to the crank (Fregly and Zajac, 1996).
However, riding with the ankle constrained to a neutral position reduces resultant crank forces
(Pierson-Carey et al., 1997) and crank power in cyclists without an amputation. A cyclist with a

TTA often uses their daily-use prosthesis on their affected side, which is comprised of a socket
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that surrounds the residual limb and connects to a carbon fiber prosthetic foot via a metal pylon
(Figure 3.1). The length of a daily-use prosthesis is typically set so that the length of the affected
side matches the unaffected side during standing. A cyclist with a TTA is unable to dorsi- or
plantarflex the prosthetic foot and must compensate by altering the knee and hip kinematics and
kinetics of their affected side (Childers et al., 2009). These compensations, in addition to strength
imbalances between legs due to muscular atrophy (Hewson et al., 2020), contribute to asymmetric
lower-limb kinematics, pedal forces, joint moments, and crank work between legs (Childers and
Gregor, 2011; Childers et al., 2009; Dyer, 2016; Pierson-Carey et al., 1997). Biomechanical
symmetry is often used as a goal for performance and rehabilitation, and while small to moderate
pedaling asymmetries (i.e., 5-10% asymmetry in pedal force, crank moment, or crank work) exist
in cyclists without an amputation (Carpes et al., 2010; Daly and Cavanagh, 1976; Sargeant and
Davies, 1977; Smak et al., 1999), cyclists with a TTA may experience greater asymmetries, such
as a 20% asymmetry in mechanical work between legs (Childers et al., 2009). Presumably, these
biomechanical asymmetries worsen efficiency, performance, comfort, and participation in exercise
for cyclists with a TTA (Childers and Kogler, 2014; Forte et al., 2020), but might be addressed by
manipulating the bicycle fit or the prosthesis configuration to better account for the mechanical

differences between legs.
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Figure 3.1 Illustration of A) the bicycle ergometer set up and B) the two prosthesis types, a daily-
use prosthesis (left; red) and cycling-specific prosthesis (CSP; right; blue).

A common way to influence bicycle fit and potentially address the asymmetries between
legs is to adjust crank arm length, the distance between the bottom bracket and pedal spindle
(Figure 3.1). In cyclists without an amputation, increasing crank arm length increases effective
crank moment during submaximal cycling, and peak crank power can be maximized during sprints
with crank arm lengths of 170-180 mm depending on cadence (Ferrer-Roca et al., 2017; Hull and
Gonzalez, 1988; Martin and Spirduso, 2001; Too and Landwer, 2000). Changes in crank arm
length may alter muscle fascicle operating lengths and influence joint moments if the muscle
operates in a different region of the force-length curve (Barrat et al., 2016; Elmer et al., 2011).
Yet, joint-level analyses of non-amputee steady-state cycling have shown that average joint power
and the distribution of power amongst the lower-limb joints when riding at 240 W may not
significantly change when riding with equal crank arm lengths between 150-190 mm (Barrat et al.,

2016). This likely contributes to previous findings that suggest efficiency, the ratio of mechanical
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power to metabolic power, is independent of changes in crank arm length in cyclists without an
amputation (Ferrer-Roca et al., 2017; McDaniel et al., 2002) or is specific to the individual (Morris
and Londeree, 1997). However, in cyclists with a TTA, there is ~23% difference in crank work
where the affected side contributes significantly less to total power output than the unaffected side
(Childers and Kogler, 2014). Previous research proposed that utilizing asymmetric crank arm
lengths may mitigate the kinematic and kinetic asymmetries between legs (Childers and Kogler,
2014; Childers et al., 2009) and potentially improve efficiency. Previously, Childers and
colleagues (Childers and Kogler, 2014; Childers et al., 2009) hypothesized that shortening the
crank arm length on the affected side would allow cyclists with a TTA to elicit more symmetric
kinematics by reducing peak knee and hip joint flexion over the top of the crank cycle and peak
extension at the bottom of the crank cycle. They found that cyclists with a TTA reduced kinematic
asymmetries using asymmetric (172mm - unaffected side, 162mm — affected side) compared to
symmetric (172 mm) crank arms while riding at 150 W, but found that half of the participants
reduced crank work asymmetry while the other half increased crank work asymmetry (Childers
and Kogler, 2014). Thus, it remains unclear if asymmetric crank arm lengths do or do not influence
kinetic asymmetries of cyclists with a TTA or if there is a bimodal distribution of responders.
Moreover, it is unknown if riding with asymmetric crank arm lengths alters efficiency in cyclists
witha TTA.

The mechanical asymmetries in cyclists with a TTA might also be affected by the
prosthesis used. Relative to daily-use prostheses, sport-specific prostheses may improve
performance and/or reduce the risk of injury during exercise in athletes with a TTA (Sepp et al.,
2020). Several elite para-cyclists and triathletes with a TTA prefer to use a cycling-specific

prosthesis (CSP), which directly connects the prosthetic pylon to the pedal and effectively removes
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the lever arm provided by the prosthetic foot (Figure 3.1). While cycling performance can be
improved by utilizing CSPs that have reduced weight and/or aerodynamic drag compared to a
daily-use prosthesis (Dyer and Disley, 2020; Dyer and Woolley, 2017), the influence of a CSP on
asymmetry and efficiency is not well understood. A pervasive belief in para-cycling culture is that
CSPs may provide a stiff attachment between the residuum and crank, potentially allowing
mechanical energy loss to be minimized and thereby improving performance compared to a daily-
use prothesis (Bragaru et al., 2012; Childers et al., 2009; Dyer, 2016). Previous research has shown
that cycling with a stiffer prosthetic foot reduced crank asymmetry by ~8% compared to an energy-
storing prosthetic foot commonly prescribed for walking (Childers et al., 2011). However,
removing the prosthetic foot’s lever arm may alter knee and hip joint angles and further influence
mechanical asymmetries and efficiency (Rankin and Neptune, 2010).

To our knowledge, no study has determined efficiency while cyclists with a TTA ride using
a CSP compared to a daily-use prosthesis. Previous research in competitive, non-amputee cyclists
has shown that pedaling with the midfoot compared to the forefoot does not elicit any change in
metabolic energy expenditure during submaximal cycling. Additionally, Bartlett and Kram
(Bartlett, 2007) simulated the effects of a CSP by asking 10 cyclists without an amputation to pedal
with their heel rather than their fore-foot while riding at 75, 100, 125, and 150 W and found no
differences in efficiency between normal pedaling, unilateral heel pedaling, and bilateral heel
pedaling. Moreover, they report that three additional cyclists with a TTA showed no difference in
efficiency while using their preferred prosthetic device compared to cyclists without an
amputation, however, the prosthesis type (daily-use or CSP) was not described. Therefore, it is

unknown whether use of a CSP improves asymmetry and/or efficiency in cyclists with a TTA
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compared to a daily-use prosthesis, or if there is an interaction between riding using a CSP or
daily-use prosthesis with asymmetrical crank arm lengths.

There is a need to determine the effects of bicycle fit and prosthesis configuration in
cyclists with a TTA so individuals, coaches, and clinicians can make informed decisions of what
equipment to select or prescribe. It is unclear if recreational cyclists with a TTA, who desire to
cycle as a mode of transportation or low-impact form of exercise, should invest in specialized
cycling equipment such as asymmetric crank arms or CSPs. Additionally, such specialized
equipment, like CSPs, may not be readily accessible to recreational cyclists; the cost of sport-
specific prostheses is often not covered by insurance, so the financial burden is placed directly on
the individual. Additionally, reducing the large asymmetries between legs may increase
engagement in physical activity and promote improvements in overall health. We determined how
joint and crank power, joint and crank power asymmetry, and efficiency are affected by shorter
affected side crank arm lengths and prosthesis type. We hypothesized that riding with shorter crank
arm lengths on the affected side or using a CSP would increase joint and crank power of the
affected limb, reduce joint and crank power asymmetry, and improve efficiency compared to riding

with equal crank arm lengths or a daily-use prosthesis.

3.2 Methods

3.2.1 Participants

12 healthy individuals with a TTA (6 males/6 females, mean £ S.D. age: 39.4 £+ 8.7 years,
height: 1.72 + 0.08 m, mass: 73.2 = 17.9 kg) and no additional reported cardiovascular,
neurological, or musculoskeletal impairments enrolled in the study. Since we did not have a prior
estimate of effect size, the number of participants was chosen based on previous cycling studies

that showed significant differences in crank work asymmetry for 2-8 cyclists with a TTA (Childers
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and Gregor, 2011; Childers and Kogler, 2014; Childers et al., 2011; Childers et al., 2012).
Participants for this study were not required to have previous cycling experience, but self-reported
at least 30 minutes of moderate exercise 3 times per week while using a prosthesis for at least 3
years. All participants provided written informed consent according to the protocol approved by
the Colorado Multiple Institutional Review Board and the Department of Veterans Affairs

(COMIRB 18-2783).

3.2.2 Ergometer setup

All participants rode a fully adjustable bicycle ergometer (Rettil Mive; Boulder, CO, USA,;
Figure 3.1). We sized the bicycle ergometer to match each participant’s personal bike fit if
measurements were provided, or according to a standard fitting protocol developed by Retil for
individuals without an amputation based on the participant’s unaffected side. The ergometer was
initially set to default measures based on a web-based sizing app developed by Retll that uses sex
and standing height as input measures (Bike Sizing App | Specialized.com). Both crank arm
lengths were set to 175 mm, and we adjusted the saddle height and fore-aft position so that seat
tube angle was kept constant, and knee angle was 150-160 degrees when the crank was at dead
bottom center. We then allowed minor adjustments for comfort. The handlebar position and stem
angle were set so the elbows were slightly bent when the cyclist’s hands were resting on the
handlebars and their torso was leaning forward. Because there is no influence of aerodynamics on
the stationary ergometer, torso angle was not standardized, which allowed for individual
participant comfort. Simultaneously with the bike fit, a certified prosthetist evaluated and adjusted
the prosthesis socket and foot alignment in the frontal plane to ensure the participant’s knee was
oriented vertically over the pedal throughout the crank cycle and their shoe did not hit or rub

against the crank due to pedal float.
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The bicycle ergometer was equipped with an electronic stationary trainer (CycleOps
PowerBeam Pro Electronic Trainer; Saris; Madison, WI, USA) that provided a constant, target
mechanical power output of 1.5 W-kg™. In addition, the ergometer was equipped with 6-
component, instrumented clip-in pedals (I-CrankSet; ICS-RM Look Keo2; Sensix, Poitiers,
France; 1000 Hz) that measured individual pedal forces and moments. For trials with the daily-use
prosthesis, participants wore their own road cycling shoes on both feet, or we provided shoes (S-
Works 7; Specialized Bicycle Components; Morgan Hill, CA, USA) and cleats (Keo Cleat; Look;
Nevers, France; 9° float) if participants did not have their own. For the trials with the CSP, we
removed the prosthetic foot and created a CSP by securing a cleat directly to the bottom of the
pylon (Figure 3.1). We also lengthened the CSP pylon to match the effective lower-leg length of
their daily-use prosthesis, which was defined as the linear distance from the knee joint center to
the cleat on the bottom of the shoe (Childers et al., 2009). After six participants successfully
completed the protocol with this setup, the trainer stopped working so we replaced it with a
different trainer (Kickr Smart Trainer, Wahoo, Atlanta, GA, USA) for the remaining participants.
A member of the research team calibrated the trainers prior to each testing session by riding the

bike for at least 15 minutes and performing a roll-down calibration per manufacturer instructions.

3.2.3 Experimental protocol

The participants performed a total of eight, 5-minute trials of seated cycling at 1.5 W-kg*
over two days, wearing their daily-use prosthesis and a CSP. We selected 1.5 W-kg? as a
mechanical power output, because it is achievable by a wide population of cyclists using aerobic
metabolism. For each prosthesis, participants rode with four different crank arm lengths on the
affected side (160, 165, 170, and 175 mm) in a randomized order, while the crank arm length for

the unaffected side was fixed at 175 mm. The ergometer gear ratio was kept constant (53:24),
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however the trainers dynamically adjusted resistance to match the desired power output and we

did not restrict cadence. Participants were given at least five minutes rest between trials.

3.2.4 Data collection

Before beginning the experimental trials, we secured 42 reflective markers to both legs and
the pelvis using double-sided tape and marker clusters with self-adhesive bandages. We placed
markers bilaterally on the ankles and knees to define the joint centers, and marker clusters on each
leg segment. We positioned markers on the prosthesis to mirror the unaffected side: bilateral knee
markers were placed on the outside of the prosthetic socket at the visual axis of rotation while the
participant flexed and extended their knee in a seated position, 1%t and 5" metatarsal head markers
were placed on the shoe to match the markers on the unaffected side, and bilateral “malleoli”
markers were placed on the distal pyramid, where the prosthetic foot connects with the metal
pylon. We also placed four markers on the base of the ergometer to establish a global coordinate
system relative to the bicycle, and four markers on each pedal square to track pedal position and
orientation. We collected 15 seconds of lower-body kinematic data from the first, fourth, and fifth
minute of each trial using a 10-camera motion capture system (Vicon Nexus 2.3, Oxford, UK; 200
Hz) simultaneously with left and right pedal forces and moments.

We measured each participant’s rates of oxygen consumption and carbon dioxide
production using indirect calorimetry (TrueOne 2400, Parvo Medics, Salt Lake City, UT). At the
beginning of each experimental session, we measured resting metabolic rate while the participant
was seated on the ergometer and then continuously throughout each trial. We instructed
participants to refrain from exercising 24 hours and to be at least two hours post-prandial prior to
the experimental sessions and conducted the experiments at the same time of day to minimize

variability in metabolic rates.
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3.2.5 Data analysis

The 3D motion capture marker trajectories were labeled in Vicon and exported to Visual
3D (C-Motion Inc., Germantown, MD) along with pedal forces for inverse dynamics analysis.
Marker trajectories and pedal forces were filtered using a zero-lag, 2"%-order lowpass Butterworth
filter with a 12 Hz cut-off (Wilkinson et al., 2020). We calculated joint angle as the inter-segment
angle between proximal and distal segments, where an increased angle represents extension. We
converted local pedal forces to the global coordinate system using a 3D rotation matrix that
accounted for the crank and pedal positions. The origin of the global pedal forces was determined
by a marker on the pedal square in line with the pedal spindle, and then offset to the midline of the
pedal. We assumed the pedal free-moment to be zero and calculated lower limb joint kinematics
and kinetics for each leg using 10 crank cycles from the last minute of each trial. We calculated
instantaneous crank forces (tangential and radial) by transforming the global pedal forces with
respect to crank position, and then multiplied tangential crank force by the length of the crank arm
and its angular velocity to calculate instantaneous crank power for each leg. We calculated joint
power at the ankle, knee, and hip as the dot product of joint moment and angular velocity, and hip
transfer power from the upper body was calculated as the dot product of hip joint reaction force
and linear velocity (van Ingen Schenau et al., 1990). We defined positive power when joint
moment and angular velocity, or joint reaction force and linear velocity, were in the same direction
and negative power when they were in opposite directions (Vigotsky et al., 2019).

We defined the total mechanical power output of the trial as the average of summed
instantaneous crank powers over a complete crank cycle, where the crank starts and finishes at
top-dead-center and is oriented vertically above the bottom bracket. We defined average joint and

crank power separately for each leg, as the average power over a complete crank cycle. We did
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not calculate ankle joint power during the CSP trials. We quantified percent asymmetry (Eq. 1)
(Herzog et al., 1989) for average joint and crank power as the percent difference between the
affected side (AS) and unaffected side (US) where perfect symmetry between legs is represented

as 0%,

UsS — AS

% Asymmetry = m

‘ -100 [3.1]

Finally, we calculated metabolic power (Péronnet and Massicotte, 1991) from the rates of
oxygen consumption and carbon dioxide production averaged during the last two minutes of each
trial, and determined net metabolic power by subtracting resting metabolic power. We calculated

net efficiency as the quotient of average total mechanical power output and net metabolic power.

3.2.6 Statistics

We utilized statistical parametric mapping (SPM) (Pataky, 2010) to identify differences in
instantaneous joint and crank joint powers on the affected side due to crank arm length and
prosthesis type. For each participant and trial, 10 crank cycles were analyzed to create participant-
average waveforms. We performed a 2-way, repeated measures SPM ANOVA with crank arm
length and prosthesis type as factors (a=0.05), and used post-hoc, two-tailed SPM paired t-tests
with a Dunn-Sidak correction if a significant main effect was observed. We did not perform SPM
analyses on ankle power because the ankle joint is fixed on a daily-use prosthesis and could not be
defined on a CSP. We also evaluated the effect of shortened crank arm length on the affected side
and prosthesis type on average joint and crank power, joint and crank power asymmetry, and net
efficiency by constructing linear mixed-effects models (0=0.05). We considered prosthesis type
(categorical), the shortened crank arm length (continuous), and side (affected vs. unaffected,

categorical) as fixed effects, and participant as a random effect. We performed the SPM analyses
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in Matlab (Mathworks Inc., Natick, MA) and constructed the linear mixed-effects models in R (R
Foundation for Statistical Computing, Vienna, Austria; version 4.2.2) using publicly-available
scripts and packages (Pinheiro et al., 2020; Revelle, 2019; Wickham, 2016). SPM source code was

provided from spm1d (version M.0.04.8; www.spm1d.org).

3.3 Results

When subjects used a daily-use prosthesis and CSP, total mechanical power output for all
crank arm lengths was 1.54 + 0.02 (mean + s.e.) and 1.56 + 0.02 W-kg*, with a cadence of 74.1 +
1.7 and 73.3 + 1.4 rpm, respectively (Table 3.1). For hip transfer power asymmetry with equal
crank arm lengths, we removed one outlier trial from one participant while they used a daily-use
prosthesis. The outlier was determined as greater than three standard deviations away from the

median, and if included, it significantly altered the results of the linear-mixed effect model.

Table 3.1. Average + s.e. crank power and cadence while
riding with different affected side crank arm lengths

cAL  Crank Power [W-kg™] Cadence [rpm]

[mm] Daily-Use CSP Daily-Use CSP
160 154+0.04 158+0.04 73.8+36 73.8+28
165 154+0.04 158+0.03 748+34 73.7+28
170 153+0.04 154+0.04 73.8+35 73.6x28
175 155+0.03 1.55+0.04 742+3.7 723+3.0

CAL: Crank arm length on the affected side, crank arm
length on the unaffected side was 175 mm. Daily-Use:
Daily-use prosthesis. CSP: Cycling-specific prosthesis

3.3.1 Mechanical Power

We found a main effect of shorter affected side crank arm length on instantaneous hip joint,
knee joint, hip transfer, and crank power of the affected side using a two-way, repeated measures
SPM ANOVA (Figures, Supplemental Digital Content 3.1, Summarizes the main and

interaction effects of asymmetric crank arm lengths and prosthesis types). However, we found no
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significant differences for instantaneous hip joint, knee joint, and hip transfer between crank arm
lengths when we performed post-hoc, SPM pairwise comparisons (Figures, Supplemental Digital
Content 3.2, Pairwise comparisons of asymmetric crank arm length on instantaneous power).
Instead, we found an effect of shortened crank arm length on crank power, where a shorter affected
side crank arm length (160 mm) resulted in a decreased magnitude of affected side positive crank
power during the downstroke (from ~45-94°) and decreased magnitude of affected side negative
crank power during the upstroke (from ~270-360°) compared to a longer affected side crank arm
length (170 and 175 mm; p<0.001 for both) (Figures, Supplemental Digital Content 3.3,
Pairwise comparisons of prosthesis type on instantaneous power). We also found a main effect of
prosthesis type on instantaneous knee joint and crank power using a two-way, repeated measures
SPM ANOVA. Pairwise comparisons revealed that use of a CSP increased the magnitude of
affected side knee joint power during the downstroke (from ~50-175°) compared to a daily-use
prosthesis (p<0.01), however, this was not simultaneously reflected in crank power. Instead, the
magnitude of affected side negative crank power during the upstroke (~180-345°) was reduced
while cycling using a CSP (p<0.001).

Despite the effects of shorter affected side crank arm lengths and prosthesis type on
instantaneous knee joint and crank power of the affected side, shorter affected side crank arm
length and/or using different prosthesis types did not significantly affect average crank power or
average joint power for either leg (p>0.25 for all; Figures 3.2 & 3.3). We found that average joint
and crank power were influenced by side. Across all affected side crank arm lengths and each
prosthesis type, average ankle joint, knee joint, and hip transfer power on the affected side

produced 0.09 + 0.01 W-kg?, 0.23 + 0.02 W-kg?, and 0.01 + 0.00 W-kg* less than the unaffected
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side, respectively (p<0.001 for all). Finally, average crank power on the affected side was 0.39 +

0.02 W-kg less than the unaffected side (p<0.001).
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Figure 3.2 Average instantaneous hip joint, knee joint, ankle joint, hip transfer, and crank power
for cyclists with a unilateral transtibial amputation using a daily-use (red) or cycling-specific (CSP;
blue) prosthesis. The unaffected side (gray) is shown as a visual reference of asymmetry and
represents the average power £ s.d. across all conditions. Changes in crank arm length were applied
to the affected side only, while the crank arm length on the unaffected side was held constant at
175 mm. Note the different y-axes along each row.
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Figure 3.3 Average + s.e. hip joint, knee joint, ankle joint, hip transfer, and crank power for
cyclists with a unilateral transtibial amputation using a daily-use (red) and cycling-specific (CSP;
blue) prosthesis. The unaffected side (US) is indicated with circles and the affected side (AS) is
indicated with squares. Ankle joint power with a CSP was not calculated because an ‘ankle’ could
not be defined. Lines represent the linear mixed-effect models. Small points represent participant
responses with £ 0.25 mm offset along the x-axis for visual clarity. Note the different y-axes for
each subpanel. " indicates a significant effect of side.
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3.3.2 Asymmetry

With the exception of hip joint power and hip transfer power, we found no effect of shorter
affected side crank arm length or prosthesis type on crank or joint power asymmetry (Figure 3.4;
p>0.26 for crank, ankle joint, and knee joint power asymmetry). While using a daily-use prosthesis
or CSP, crank power asymmetry was 54.8 + 9.2% and 48.6 £ 8.3%, ankle joint power asymmetry
was 223.4 + 30.3% and not calculated for a CSP, and knee joint power asymmetry was 105.3
20.2% and 95.1 + 19.9%, respectively. We found an interaction effect of shorter affected side
crank arm length and prosthesis type on hip joint power asymmetry (p=0.014) and hip transfer
power asymmetry (p=0.025), where shorter affected crank arm length had no effect on hip joint
power asymmetry (p=0.44) or hip transfer power asymmetry (p=0.41) while using a daily-use
prosthesis. However, when using a CSP, hip joint power asymmetry and hip transfer power
asymmetry decreased by 0.96 + 0.29% (p=0.002), and 4.40 + 1.68% (p=0.013) for every 1 mm

decrease in affected side crank arm length, respectively.
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Figure 3.4 Average + s.e. percent asymmetry of hip joint, knee joint, ankle joint, hip transfer, and
crank power for cyclists with a unilateral transtibial amputation using a daily-use (red) and cycling-
specific (CSP; blue) prosthesis. Lines represent the linear mixed-effect models. Small points
represent participant responses with + 0.25 mm offset along the x-axis for visual clarity. Note the
different y-axes for each subpanel. * indicates a significant effect of shorter affected side crank
arm length.
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3.3.3 Net Efficiency
We found no significant effect of shorter affected side crank arm length (p=0.65) or
prosthesis type (p=0.82) on net efficiency (Figure 3.5). Across the different affected side crank
arm lengths, mean net efficiency was 21.7 = 0.4% and 22.4 = 0.4% using a daily-use prosthesis
and CSP, respectively.
30~

Figure 3.5 Average % s.e. net efficiency for
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3.4 Discussion

We compared the effects of cycling with equal and shorter affected side crank arm lengths
and two types of prostheses in recreational cyclists with a unilateral transtibial amputation (TTA)
on joint and crank power, joint and crank power asymmetry, and net efficiency. Contrary to our
hypothesis, our results show that neither cycling with shorter affected side crank arm lengths nor
using a cycling specific prosthesis (CSP) significantly alters average crank power or average joint
power while riding at a moderate power output (1.5 W-kg™). We also found that shorter affected
side crank arm length does not affect joint power asymmetry while riding using a daily-use

prosthesis. However, the combined effect of shorter affected side crank arm length while using a
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cycling specific prosthesis reduced hip joint power and hip transfer power asymmetry. Despite
these changes in asymmetry at the hip, we found that net efficiency did not change with shorter

affected side crank arm length or cycling using different types of prostheses (daily-use and CSP).

3.4.1 Power and asymmetry

Our results are in agreement with the previous findings of Childers and colleagues
(Childers and Kogler, 2014), who showed that a shorter affected side crank arm length reduced
kinematic asymmetries in cyclists with a TTA, but did not reduce kinetic asymmetries at the crank
or lower-limb joints. We found that cyclists with a TTA produced 42.2% less average crank power
on their affected side compared to their unaffected side while riding at 1.5 W-kg™? regardless of
crank arm length. The difference in average crank power between legs was likely due to the
affected side producing 61.7% and 58.7% less average knee joint and hip transfer power compared
to the unaffected side. Similar to Childers et al. (Childers and Kogler, 2014), we found that shorter
affected side crank arm length does not alter average crank or joint power, or reduce crank or joint
power asymmetry while using a daily-use prosthesis. However, we found that the combination of
shorter affected side crank arm length from 175 mm to 160 mm and using a CSP can reduce hip
joint and hip transfer power asymmetry from 35% to 20%, and 118% to 62%, respectively. While
these results initially seem at odds with our finding that average joint power was not significantly
affected by a shorter affected side crank arm length or prosthesis type, they might be explained by
nonsignificant, incremental changes in hip joint and hip transfer power of both legs and the
combined result is a reduction in asymmetry. Additionally, average hip transfer power is very
small and makes up less than ~4% of the average crank power over the pedal cycle, and small
changes in hip transfer power magnitude in one or both legs can result in large changes in

asymmetry while not changing crank power.
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Cycling with shorter affected side crank arms or using a CSP did not elicit changes in
average crank or joint power but did affect instantaneous crank and joint power. Compared to 175
mm crank arm length, cycling with a 160 mm affected side crank arm length resulted in 5% lower
peak positive crank power during the downstroke and 16% lower peak negative crank power
magnitude during the upstroke. Shorter crank arm length reduces the crank’s moment arm,;
therefore, the magnitude of peak positive and negative crank power would decrease at a constant
cadence (Table 3.1). Increasing the affected side crank arm length would likely increase the
magnitude of peak positive and negative crank power; however, this is not a viable strategy for
cyclists with a TTA who would be required to increase knee and hip extension of the affected side
or roll/drop their hips off the saddle to reach the bottom of the crank cycle. We also found that use
of a CSP resulted in 15% greater peak knee power during the downstroke and 3% lower peak
negative crank power magnitude during the upstroke compared to a daily-use prosthesis. While
not statistically significant, we noted that use of a CSP resulted in an 8% numerical reduction in
peak positive hip power on the affected side, which coincided near-simultaneously with the 15%
greater peak positive knee power (~90-100 degrees, Figure 3.2). Therefore, use of a CSP might
reduce peak hip power output during the downstroke and redistribute that power to the knee,
however, future studies with greater number of participants or increased total mechanical power

output are needed to determine how power is transferred within a leg during cycling.

3.4.2 Net efficiency

Similar to previous studies that show efficiency is independent of changes in crank arm
length in non-amputee cyclists (Ferrer-Roca et al., 2017; McDaniel et al., 2002; Morris and
Londeree, 1997), we found that there was no significant effect of shorter affected side crank arm

lengths from 175 mm to 160 mm on net efficiency in cyclists with a TTA. Additionally, we found
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that use of a CSP does not change net efficiency compared to a daily-use prosthesis. This result is
similar to previous literature that found that altering cleat position from the forefoot to the heel or
midfoot does not influence efficiency in non-amputee cyclists (Bartlett, 2007; VVan Sickle and Hull,
2007).

Previous research has suggested that net efficiency could be affected by crank arm length
due to changes in joint angle and pedal speed (the product of crank arm length and crank angular
velocity), which could affect muscle fascicle operating lengths (Barrat et al., 2016) and shortening
velocity in uni-articular muscles (Martin et al., 2000). Although we found no significant effects,
shorter affected side crank arm lengths from 175 mm to 160 mm numerically decreased peak knee
joint and hip joint extension by 6° and 4° at the bottom of the crank cycle, respectively, and
decreased peak knee flexion by 2° at the top of the crank cycle (Figure 3.6). Moreover, though not
significant, cycling using a CSP resulted in 11-14° greater knee extension angles throughout the
entire crank cycle compared to a daily-use prosthesis, which may have a greater effect on changing
muscle fascicle operating lengths than a shorter crank arm length. However, we found no
significant effect of shorter affected side crank arm length or cycling using a CSP versus daily-use
prosthesis on average joint power or net efficiency. It is possible that these conditions did not elicit
large enough changes in joint angles to alter muscle operating length or shortening velocity, as
previous research has suggested that equal 140-150 mm crank arm lengths might minimize joint
moments and metabolic power (Gonzalez and Hull, 1989; McDaniel et al., 2002). It is also possible
that changing the crank arm length on one side may elicit changes in muscle dynamics at the knee
joint and hip joint only on the affected side, but these changes may have been too small to influence

net efficiency.
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Large biomechanical asymmetries between legs are often presumed to worsen efficiency,
however we found that cyclists with a TTA have similar efficiency compared to non-amputees,
despite large asymmetries between legs. Previously, Bartlett and Kram (Bartlett, 2007) showed
that gross efficiency of competitive, non-amputee cyclists range from 17.1 — 18.6% when riding
from 100 — 115 W. If we compare our data after converting to gross efficiency and absolute
mechanical power, our participants exhibited an average (x s.e.) gross efficiency of 17.8 £ 0.2%
while riding at 112 + 2 W. These results suggest that cyclists with a TTA are not less efficient even
though they exhibit asymmetric kinematics and kinetics at moderate power outputs. Future studies
that require higher mechanical power outputs are needed to determine if this finding is consistent

across workloads.

3.4.3 Prosthesis and Equipment Considerations

We found that when cycling at a moderate power output (1.5 W-kg™) with shorter affected
side crank arm lengths or using a CSP does not change net efficiency compared to symmetric crank
arm lengths or using a daily-use prosthesis. Therefore, recreational cyclists with a TTA may not

need specialized cranks or a CSP to optimize their performance. Instead, cyclists with a TTA
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should likely choose a bike fit and prosthesis that maximizes perceived comfort. Anecdotally,
some of the participants reported that they preferred the shortest affected side crank arm length
(160 mm) because this configuration did not result in the socket pinching or digging into the back
of their knee, especially at the top of the crank cycle during peak knee flexion. The participants
who did not report this discomfort had a larger posterior cut-out in the socket that allowed them to
flex their knee without discomfort at the top of the crank cycle. Individuals with a TTA who are
interested in cycling for exercise or competition may consider a socket with a larger posterior
cutout design that allows knee flexion.

Given that shorter affected side crank arm length reduced kinematic asymmetries (Childers
and Kogler, 2014) but not crank or joint power asymmetries in cyclists with a TTA, future research
should investigate the effects of cycling with non-circular chainrings. Non-circular chainrings,
such as oval chainrings, increase the effective chainring diameter and significantly vary crank
angular velocity within the crank cycle (Leong et al., 2017). In non-amputee cyclists, oval chain
rings do not affect efficiency compared to circular chainrings (Leong et al., 2021), nor do they
significantly increase peak crank or joint power because the multiple degrees of freedom in the leg
allow non-amputee cyclists to manipulate ankle joint velocity in a manner that counters the effects
of increased effective chainring diameter (Leong et al., 2017). However, in a population with large
asymmetries between legs due to use of a prosthesis and the absence of degrees of freedom, non-
circular chainrings — specifically an oblique chainring (egg-shaped) with an asymmetric shape —
may improve crank and joint power asymmetry in cyclists with a TTA. An optimized oblique
chainring may alter crank and joint power asymmetries by applying a standard effective chainring

diameter to the downstroke of the unaffected side, but an increased effective chainring diameter
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during the downstroke of the affected side, thus increasing peak positive crank power on the
affected side while not significantly altering the unaffected side.

Future research should consider the effect of CSP geometry on instantaneous crank power.
The CSP we used in this study was created by attaching a straight metal pylon directly to the
bottom of the participant’s daily-use socket and some participants reported increased discomfort
on the distal end of their residual limb during the downstroke. Instead, adjusting the angle between
the socket and pylon might improve comfort and influence crank power. For example, extending
the pylon and then moving the distal end of the pylon to a more anterior position relative to the
socket would allow a cyclist to directly connect their CSP to the pedal, while keeping the shank in
a similar position as if there was a prosthetic foot attached. In addition, shifting the socket-pylon
interface from the bottom of the socket towards the front of the socket may allow some of the pedal
reaction force to be distributed over the anterior surface of the shank rather than the distal end of
the residuum. These changes in CSP geometry may allow a cyclist with a TTA to apply more force

to the cranks during the downstroke if pain is a limiting factor.

3.4.4 Potential limitations

The movement of the residual limb within the prosthesis may influence instantaneous knee
joint kinematics and kinetics. Childers and colleagues (Childers et al., 2012; Childers et al., 2014)
estimated that cyclists with a TTA experience ~2-4 mm of socket pistoning during the downstroke
of the affected side. This magnitude of displacement is within the measurement error of motion
capture systems and does not likely affect joint moment calculations in cycling (Childers et al.,
2012). However, the prosthetic socket also rotates anteriorly by ~5° about the distal end of the
residual limb, particularly during peak knee flexion at the top of the crank cycle and the beginning

of the downstroke (Childers et al., 2012). This effectively translates the proximal end of the socket
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anteriorly from the knee joint center and may influence the calculation of knee joint kinematics
and kinetics on the affected side if reflective markers are placed directly on the socket. Participants
used their own prosthetic socket in the current study, so we placed reflective markers directly on
the socket to identify the knee joint center (Childers et al., 2012) and assumed a rigid connection
between the residual limb and prosthetic socket, which may have affected our results. We
calculated knee joint kinematics and kinetics for all trials assuming similar error, and used a
repeated measures design that should account for these assumptions and errors.

We did not find any significant differences in average crank power or net efficiency using
a daily-use prothesis or CSP when riding a cycling ergometer. However, when cycling outdoors,
there are other factors to consider that will affect cycling performance when using a prosthesis,
such as aerodynamic drag or total mass (Martin et al., 1998). The design of a CSP can exhibit
reduced mass and aerodynamic drag compared to a daily-use prosthesis (Dyer and Disley, 2020;
Dyer and Woolley, 2017), which would allow a cyclist with a TTA to increase their cycling
velocity for a given mechanical power output. Previously, Dyer and colleagues (Dyer and Disley,
2020; Dyer and Woolley, 2017) showed that using a CSP with a lightweight airfoil pylon (7.1 N)
reduced the finishing time of a Paralympic cyclist by 23 seconds over a 16.1 km time trial
compared to their daily-use prosthesis (18.2 N). Therefore, future studies are needed to determine
the effects of using a CSP versus daily-use prosthesis for riding outside.

It is unclear how much of the reduction in the magnitude of negative crank power during
the upstroke on the affected limb can be attributed to the influence of using a CSP, rather than the
difference in weight between prosthesis types. The average weight of the daily-use prosthesis used
by our participants was 17.9 N including a cycling shoe. To create the CSP, we removed the

prosthetic foot and cycling shoe from the participant’s daily-use prosthesis. The weight of a
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prosthetic foot scales with size, but an average sized, prosthetic foot with a cosmesis (Ottobock,
Restore: size — 43EU/9.5US) and Sworks7 cycling shoe weighs 8.8N (foot — 6.6 N; shoe — 2.2 N).
Therefore, we estimate that the average CSP in this study weighed ~9.1 N, about half of the average
daily-use prosthesis weight. Therefore, future studies using weight-matched prostheses may be
necessary to fully understand the influence of using a CSP compared to a daily-use prosthesis.
Finally, cyclists may utilize different neuromuscular control strategies to ride at higher total
mechanical power outputs compared to moderate power outputs. Previously, Ericson (Ericson,
1988) showed that a greater reliance was placed on hip extension to provide power to the crank as
total mechanical power output increased from 120 — 240 W. However, data from Elmer et al.
(Elmer et al., 2011) suggest that the relative contribution of the ankle, knee, and hip remain
constant over a crank cycle when cycling at 250 — 850 W, but an exchange occurs at the knee
where non-amputee cyclists decrease relative knee extension power while simultaneously
increasing relative knee flexion power. Additionally, peak crank moment asymmetry has been
shown to decrease with increasing mechanical power output in non-amputee cyclists riding with
equal crank arm lengths (Carpes et al., 2010). Cycling with shorter affected side crank arm lengths
or using a CSP may have a different effect at higher total mechanical power outputs compared to
moderate power outputs, and future studies with greater mechanical power output are required to
determine the effects of shorter affected side crank arm length and prosthesis type on crank and

joint power.

3.5 Conclusion

While cycling at a moderate power output, shorter affected side crank arm length and use
of a CSP versus a daily-use prosthesis do not significantly change average crank power, average

joint power, or net efficiency in cyclists with a TTA. However, small non-significant changes in
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average hip joint power while cycling with shorter affected side crank arm lengths reduced hip
joint power asymmetry. Additionally, small non-significant changes in average hip transfer power
while cycling with shorter affected side crank arm lengths while using a CSP reduced hip transfer
power asymmetry. However, these changes in hip asymmetry do not translate to improvements in
crank power asymmetry, therefore, recreational cyclists with a TTA may choose crank arm lengths

or prosthesis types based on personal comfort.

3.5.1 Funding
This study was funded by a Department of Veterans Affairs research grant awarded to

A.M.G (VA RR&D Service RX0030101-01A1).
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3.6 Supplemental Materials

Digital Supplementary Content 3.1: 2 way, repeated-measures SPM ANOVA for
instantaneous hip joint, knee joint, hip transfer, and crank power between shorter affected side
crank arm lengths and prosthesis types.

Main-Effects

Crank Arm Length Prosthesis Type Interaction
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Supplemental Figure 3.1 2 way, repeated-measures SPM ANOVA for instantaneous hip joint,
knee joint, hip transfer, and crank power throughout the crank cycle. Red dashed lines indicate the
significance threshold for each main effect, and the grey shading indicates areas where a significant
effect was found in the crank cycle. Signals where the area of interest was due to one point crossing
the significance threshold (i.e., hip power, main-effect of prosthesis) were considered non-
significant.
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Digital Supplementary Content 3.2: Pairwise t-test SPM comparisons of crank arm length for
instantaneous hip joint, knee joint, hip transfer, and crank power.

Hip Joint Power - Crank Arm Length

160mm 165mm 170mm

165mm

[T-Value]
o
o

170mm

[T-Value]
o
o

175mm

[T-Value]

0 90 180 270 360 O 90 180 270 360 O 90 180 270 360
Crank angle [ °] Crank angle [ °] Crank angle [ °]

de-90d

91



170mm

Knee Joint Power - Crank Arm Length
160mm 165mm
[t=4.438 =
251
[0)]
=)
165mm $ 0.0
E
-25
2.5- 2.51
)
=
170mm ?‘“ 0.01 0.01
=
-25 -2.51
2.5
175mm 0.0
-2.51

—50

180 270 360

Crank angle [°]
@Q@@

é

180 270 360

90
Crank angle [ °]

90 180 270 360 O

Crank angle [ °]

92



165mm

170mm

175mm

Hip Transfer Power - Crank Arm Length

160mm 165mm 170mm
[t=as547
251
)
>
(] ]
3 o.o'\/‘/\f\/‘k
=,
25
25 251
)
=]
$ 0.0 0.01
=
-25 -254
254 251
0.0 0.0
251 251
0 90 180 270 360 0 90 180 270 360 O 90 180 270 360

Crank angle [ °]

Crank angle [ °]

de-90d

93

Crank angle [ °]



Crank Power - Crank Arm Length

165mm 170mm

o)
=2
165mm g
|
=
o)
=
170mm $
=
5.0 25
S 251
175mm 8 0.0
= 001
=
-2.5 -2.5
—5.0-

180 270 360 0 90 180 270 360 O 90 180 270 360
®Crankangle[ ]‘ Crank angle [ °] Crank angle [°]

Supplemental Figure 3.2 Two-tailed, SPM paired t-tests with a Dunn-Sidak correction to evaluate
the main effect of crank arm length on hip joint, knee joint, hip transfer, and crank power of the
affected side throughout the crank cycle. Red dashed lines indicate the significance threshold, and
the grey shading indicates areas of the crank cycle where a significant effect was found. Signals
where the area of interest was due to one point crossing the significance threshold were considered
non-significant.
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Digital Supplementary Content 3.3: Pairwise t-test SPM comparisons of prosthesis type for
instantaneous knee and crank power.
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Supplemental Figure 3.3 Two-tailed, SPM paired t-tests with a Dunn-Sidak correction to evaluate
the main effect of prosthesis type on hip joint, knee joint, hip transfer, and crank power throughout
the crank cycle. Red dashed lines indicate the significance threshold, and the grey shading indicates
areas of the crank cycle where a significant effect was found. Signals where the area of interest
was due to one point crossing the significance threshold were considered non-significant.
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Chapter 4: The effect of increased prosthetic leg length and cycling-specific prostheses in
cyclists with a unilateral transtibial amputation

In preparation — with intent to submit to Medicine and Science in Sports and Exercise

Due in part to the inability of a passive prosthesis to replicate ankle joint movement,
cyclists with a unilateral transtibial amputation (TTA) have kinematic and kinetic asymmetries
between their affected and unaffected sides that may influence efficiency. Altering bicycle
geometry by increasing prosthetic effective leg length and/or using a cycling-specific prosthesis
(CSP) may reduce asymmetries and improve cycling performance. Purpose: We determined the
biomechanical and metabolic effects of increasing prosthetic effective leg length and using two
types of protheses on joint kinematics and kinetics, asymmetry, and net efficiency. Methods: 12
cyclists with a TTA rode at 1.5 W kg™ at a standard effective prosthetic leg length and at 5, 10,
and 15 mm longer than a standard leg length while using a daily-use prosthesis and CSP. Results:
Increased prosthetic effective leg length of 15 mm decreased average knee angle by 3° (p=0.02).
Use of a CSP increased average knee angle on the affected side by 12.5° (p<0.001), decreased knee
angle asymmetry by 6.7 percentage points (p<0.001), and improved net efficiency by 0.9
percentage points (p=0.014) compared to a daily-use prosthesis. Average joint and crank power
and power asymmetry were not influenced by increased prosthetic effective leg length or
prosthesis type. Conclusions: Compared to a daily-use prosthesis, use of a CSP improves net
efficiency in cyclists with a TTA by increasing the average knee angle on the affected side. CSPs
might shift the knee extensor muscles into a more favorable region of the force-length curve and
produce force more economically. These findings suggest that riders could increase prosthetic
effective leg length up to 15 mm without affecting performance, and that use of a CSP improves

cycling performance over a daily-use prosthesis.
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4.1 Introduction

During cycling, mechanical power at the crank is produced by the muscles surrounding the
ankle, knee, and hip joints, with additional power transferred from the upper body through the hip
(Fregly and Zajac, 1996; van Ingen Schenau et al., 1990). When cyclists without an amputation
ride at mechanical power outputs of 250-850 W, the ankle, knee, hip, and hip transfer powers
contribute 14-26%, 37-41%, 37-46%, and 3-8% of the average crank power throughout the crank
cycle, respectively (Elmer et al., 2011; Ericson, 1988; Wilkinson et al., 2020), and the ankle dorsi-
and plantarflexes the foot by ~20° during the power production phase to assist with the transfer of
power from the proximal joints to the crank (Childers and Kogler, 2014; Kautz et al., 1991). The
movement of and muscles surrounding the biological ankle during the crank cycle allows cyclists
to use multiple pedaling techniques to apply tangential force to the crank through different pedal
orientations (Kautz et al., 1991) and/or control a target power output throughout perturbations,
such as cycling with noncircular chainrings (Leong et al., 2017).

Cyclists with a unilateral transtibial amputation (TTA) require the use of a prosthesis to
transfer power from the proximal joints to the crank. Many cyclists with a TTA choose to use their
daily-use prosthesis, which is comprised of a socket that surrounds the residual limb and a stiff
pylon connecting the socket to a passive-elastic, carbon fiber prosthetic foot. Due to the structural
and muscular differences between the affected and unaffected sides, cyclists with a TTA are unable
to dorsi- or plantarflex their prosthetic foot during the crank cycle, which contributes to
asymmetric kinematics and kinetics between legs (Childers et al., 2009, Allen et al. - Chapter 3).
Cyclists with a TTA who use a daily-use prosthesis have been shown to produce 59%, 54%, and
41% less average knee power, hip transfer power, and crank power in their affected side compared

to their unaffected side while riding at 1.5 W kg (Allen et al. - Chapter 3), and these
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biomechanical asymmetries presumably worsen efficiency (the ratio of mechanical power to
metabolic power) (Childers et al., 2009; Forte et al., 2020).

Cycling equipment modifications can alter the bicycle and rider geometry (“bicycle fit”)
to influence rider performance. For example, competitive cyclists may use specialized handlebars
to adopt a forward aerodynamic riding posture and increase their riding velocity by reducing the
projected frontal area and aerodynamic drag (Garcia-Lopez et al., 2008; Martin et al., 1998). Also,
declining the saddle (‘nose down’) 8° while riding up an 8° incline can improve gross efficiency
by 1.4% (Wilkinson and Kram, 2022), and decreasing seat tube angle from 80° to 68° can worsen
gross efficiency by ~2.5% (Price and Donne, 1997). In cyclists with a TTA, optimizing the bicycle
fit and/or prosthesis configuration may reduce the kinematic and kinetic asymmetries between legs
and potentially improve efficiency. Childers and Kogler (Childers and Kogler, 2014) showed that
riding with shorter crank arms (165 mm) on the affected side compared to equal 175 mm crank
arms reduced average knee and hip angle asymmetry between affected and unaffected sides in
cyclists with a TTA. However, these improvements in kinematic and kinetic asymmetries did not
translate to improvements in crank power asymmetry or efficiency (Childers and Kogler, 2014,
Allen et al. - Chapter 3).

The mechanical asymmetries in cyclists with a TTA might be affected by changing the
effective leg length of the prosthesis, defined as the distance from the joint center of rotation to the
center of the cycling cleat (Figure 4.1) (Childers et al., 2009). Daily-use prostheses are often
adjusted so that the standard pylon length allows an individual with a TTA to have an affected leg
length that matches their unaffected leg length during standing. However, because the cycling cleat
is placed approximately under the metatarsal heads and the biological ankle dorsi- and

plantarflexes, cyclists change the effective leg length of the unaffected side dynamically
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throughout the crank cycle, whereas riders with a TTA cannot change effective leg length of their
affected side. In a simulated model of a cyclist with a TTA riding at 200 W, the dorsi- and
plantarflexion of the biological ankle results in a ~15-20 mm increase in effective leg length of the
unaffected side when the crank was near the bottom of the crank cycle (~140-215°) (Childers et
al., 2009). A prosthesis is unable to replicate this increase in effective leg length and may
contribute to kinematic asymmetries between the affected and unaffected sides because a cyclist
with a TTA must increase affected side knee and hip extension to reach the bottom of the crank

cycle (Childers et al., 2009), especially when saddle height is based on the unaffected side.

Daily-use
Prosthesis

Figure 4.1 Illustration of pylon length and
effective leg length in a daily-use prosthesis
and a cycling-specific prosthesis (CSP).

Increasing the prosthetic effective leg length of a cyclist with a TTA may alter joint and
crank power, and efficiency, through changes in lower-limb kinematics of the affected side. To
our knowledge, no study has investigated the effects of changing effective leg length in cycling,
however, previous research on the effects of saddle height can provide insight, as changes in saddle
height alter the minimum and maximum angles of the ankle, knee, and hip and effect efficiency
(Nordeen-Snyder, 1977; Price and Donne, 1997; Rankin and Neptune, 2010). Previously,

Nordeen-Snyder (Nordeen-Snyder, 1977) showed that a +5% change in saddle height (relative to
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trochanteric height) could alter peak knee extension by 35% and increase the rate of oxygen
consumption by 5-8% in cyclists without an amputation. Similarly, a +2% change in saddle height
away from preferred saddle height worsens gross efficiency in cyclists without an amputation by
~1% during submaximal cycling (Ferrer-Roca et al., 2014). Presumably, these changes in
efficiency with knee and hip angle occur due to altered muscle force-length-velocity relationships
(Rankin and Neptune, 2010; Yoshihuku and Herzog, 1996). Rankin and Neptune (Rankin and
Neptune, 2010) used a musculoskeletal model that maximized average crank power to show that
setting saddle height £40 mm away from the optimal height can increase or decrease the average
knee and hip angle, which places the muscle fibers of the vastus group in a sub-optimal position
on the force-length curve for producing power, and ultimately decreases average crank power.
While increasing or decreasing saddle height affects the kinematics on both legs, increasing the
prosthetic effective leg length may allow cyclists with a TTA to directly alter knee and hip joint
kinematics on their affected side. An increase in prosthetic effective leg length may decrease
average knee or hip angle, and could influence joint and crank power, joint and crank power
asymmetry, and efficiency.

Cyclists with a TTA use either a daily-use prosthesis that includes a prosthetic foot or a
cycling-specific prosthesis (CSP), which removes the prosthetic foot and connects the pylon
directly to pedal (Figure 4.1) and the type of prosthesis likely influences joint kinematics and
kinetics. For example, use of a CSP with an effective leg length that matches the unaffected side
increased peak knee power by ~15% during the downstroke (~50-175°) and numerically increased
knee angle by ~11-14° throughout the crank cycle compared to a daily-use prosthesis, but there
was no significant change in average joint or crank power, or net efficiency (Allen et al. - Chapter

3). Additionally, increasing effective prosthetic leg length in a CSP might mitigate the change in
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knee angle provided by a CSP compared to a daily-use prosthesis. Thus, the interaction of use of
a CSP and increasing leg length may reduce asymmetry and affect efficiency in cyclists with a
TTA.

The purpose of this study was to assess the effects of increased prosthetic effective leg
length on joint angle, joint and crank power, joint and crank power asymmetry, and efficiency in
cyclists with a TTA while riding using a daily-use prosthesis compared to a CSP. This information
will inform prescription of bicycling components and/or prosthetic configurations that minimize
asymmetry and improve efficiency. We hypothesized that increased prosthetic effective leg length
would 1a) decrease average knee and hip joint angle on the affected side, and reduce kinematic
asymmetries between legs, 2a) increase average joint and crank power on the affected side, and
reduce joint and crank power asymmetries, and 3a) increase net efficiency (the ratio of mechanical
power to net metabolic power). We also hypothesized that use of a CSP would 1b) increase knee
and hip angle, and increase knee and hip angle asymmetry, 2b) not change average joint or crank
power on the affected side, or joint or crank power asymmetry, and 3b) not change net efficiency

compared to using a daily-use prosthesis.

4.2 Methods

4.2.1 Participants

12 healthy individuals with a TTA (6 males/6 females, mean + s.d age: 39.4 + 8.7 years,
height: 1.72 + 0.08 m, mass: 73.2 = 17.9 kg) and no additional cardiovascular, neurological, or
musculoskeletal impairments enrolled in the study. Participants for this study were not required to
have previous cycling experience, but self-reported at least 30 minutes of moderate exercise, 3

times per week while using a prosthesis for at least 3 years. All participants provided written
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informed consent according to the protocol approved by the Colorado Multiple Institutional

Review Board and the Department of Veterans Affairs (COMIRB 18-2783).

4.2.2 Bicycle ergometer setup

We used the same fitting protocol as in our previous study (Allen et al. - Chapter 3). Briefly,
participants with a TTA rode a fully adjustable, bicycle ergometer (Rettil Muve; Boulder, CO,
USA) that we fit to them according to a protocol developed by Retil for individuals without an
amputation. We initially set the ergometer to match the geometry of a Specialized Tarmac bicycle,
and then scaled the size and dimensions according to a web-based app developed by Retl, which
uses sex and standing height as input measures (Bike Sizing App | Specialized.com). We then sized
the bike to the participants based on their unaffected side. We had participants ride the ergometer
with symmetric 175 mm crank arms while we adjusted the saddle height and fore-aft position so
that the unaffected knee angle was 150-160° when the crank was at bottom-dead-center (directly
below the bottom bracket), and the tibial tuberosity was directly over the pedal spindle when a
plumb line was dropped with the crank at 90°. We allowed minor adjustments for comfort but kept
the seat-tube angle constant. We set the handlebar position and stem angle so that the participant’s
torso was leaning forward with their elbows slightly bent when resting their hands of top of the
handlebars. We did not standardize torso angle to allow for individual participant comfort.
Simultaneously, a certified prosthetist adjusted the prosthesis alignment to ensure the knee was
tracking vertically and the shoe would not rub or hit the crank arm during the crank cycle.

We set the target mechanical power output to 1.5 W kg using an electronic stationary
trainer (CycleOps PowerBeam Pro Electronic Trainer; Saris; Madison, WI, USA), and equipped

the ergometer with 6-component instrumented clip-in pedals (I-CrankSet; ICS-RM Look Keo2;
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Sensix, Poitiers, France; 1000 Hz) to measure individual 3D pedal forces and moments. After six
participants successfully completed the protocol with this setup, the trainer could not maintain the
target mechanical power output, so we replaced it (Kickr Smart Trainer, Wahoo, Atlanta, GA,
USA) for the remaining participants. We calibrated each trainer prior to the testing sessions
following manufacturer instructions. During the fitting process and experimental trials,
participants wore their own road cycling shoes and Look-style cleats, or shoes and cleats that we
provided if they did not have their own (S-Works 7, Specialized Bicycle Components, Morgan
Hill, CA, USA; Keo Cleat with 9° float, Look, Nevers, France). For the trials with the daily-use
prosthesis, participants wore shoes on both feet. For trials with the CSP, we removed the prosthetic
foot and shoe, and secured a cleat directly to the bottom of the pylon. We provided participants
with extended pylons for the CSP, so that the effective leg length matched that of their daily-use

prosthesis.

4.2.3 Experimental protocol

Participants performed a total of eight, 5-minute trials of seated cycling at 1.5 W kg* over
two days wearing their daily-use prosthesis and a CSP. We selected 1.5 W kg™ as a target power
output because it is a moderate power output that is achievable by a wide population of participants
using aerobic metabolism. For each prosthesis, participants performed a baseline trial using their
standard prosthetic effective leg length, and then we increased the effective leg length of each
prosthesis in a randomized order by increasing pylon length by +5, +10, and +15 mm using
adjustable-length pylons or placing shims in the tube clamps (Figure 4.1). We kept the gear ratio
constant (53:24), however, the trainers dynamically adjusted resistance to the participant’s freely

selected cadence so that target mechanical power output was constant.

4.2.4 Data collection
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At the beginning of each day, we placed reflective markers on the pelvis and legs. We
placed markers on the anterior superior and posterior iliac spines and midway along the iliac crests
of the pelvis, bilaterally on the femoral epicondyles and malleoli, and on the shoes at the calcaneus,
and 1% and 5" metatarsal heads. We secured rigid clusters of four markers around each thigh and
shank segment, and additional tracking markers on the dorsum of the foot. We positioned the
markers on the prosthesis and prosthetic foot to mirror the unaffected side: bilateral knee markers
were placed on the outside of the prosthetic socket over the visual axis of rotation, bilateral
“malleoli” markers were placed on the prosthesis at the same height as the unaffected side, and the
markers of 1% and 5" metatarsal heads were placed on the shoe to match the unaffected side. We
established a global coordinate system relative to the bicycle by placing four markers on the base
of the ergometer and tracked pedal position and orientation with four markers on each pedal square.
We collected 15 seconds of lower body kinematic data from the first, fourth, and fifth minute of
each trial using a 10-camera motion capture system (Vicon Nexus 2.3, Oxford, UK; 200 Hz)
simultaneously with left and right pedal forces and moments.

Before the start of the experimental trials, we measured the participant’s rates of oxygen
consumption and carbon dioxide production at rest using indirect calorimetry (TrueOne 2400,
Parvo Medics, Salt Lake City, UT) while the participant was stationary and seated on the
ergometer. We measured the participant’s rates of oxygen consumption and carbon dioxide
production throughout each trial. We instructed participants to refrain from exercising 24 hours
prior to the experimental session and be at least two hours post-prandial at the start of the session.
We also conducted the experimental sessions at the same time of day to minimize variability in

metabolic rates.

4.2.5 Data analysis
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We labeled 3D motion capture marker trajectories in Vicon and exported them to Visual
3D (C-Motion Inc., Germantown, MD) along with pedal forces. We filtered motion and forces
using a zero-lag, 2nd-order lowpass Butterworth filter with a 12 Hz cut-off (Wilkinson et al.,
2020). We measured joint angle as the inter-segment angle, where an increase in joint angle
represents extension. Average joint angle was measured over one crank cycle, where the crank
starts and ends at top-dead-center (directly above the bottom bracket), and joint range of motion
was measured as the difference between the minimum and maximum angles. We converted the
local pedal forces to the global coordinate system using a 3D rotation matrix that accounted for
the crank and pedal position. The origin of the global pedal forces was determined by a marker on
the pedal square in line with the pedal spindle, and then offset to the midline of the pedal. We
calculated instantaneous crank forces (tangential and radial) by transforming the global pedal
forces with respect to crank position.

We assumed the pedal free-moment to be zero and calculated joint Kinetics for each leg in
Visual 3D using 10 crank cycles from the last minute of each trial. We multiplied tangential crank
force by the length of the crank arm and its angular velocity to calculate instantaneous crank power
for each leg. Angular joint power was defined as the dot product of joint moment and angular
velocity, and hip transfer power from the upper body was defined as the dot product of the hip
joint reaction force and linear velocity (van Ingen Schenau et al., 1990). We averaged the sum of
instantaneous crank powers to get total mechanical power output over a complete crank cycle. We
defined the average joint and crank power for each leg as the average power over a complete crank
cycle. Because there was no “ankle” to define on the CSP, we did not calculate ankle joint power
during the CSP trials. We quantified average joint and crank power asymmetry as the percent

difference between the affected (AS) and unaffected (US) side (Eqg. 4.1),
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% Asymmetry =

where perfect symmetry between legs is represented as 0%.

Finally, we calculated metabolic power (Péronnet and Massicotte, 1991) from the rates of
oxygen consumption and carbon dioxide production averaged during the last two minutes of each
trial and subtracted resting metabolic power to get net metabolic power. We determined net

efficiency as the quotient of average total mechanical power output and net metabolic power.

4.2.6 Statistics

We constructed linear mixed-effect models (a=0.05) to determine the effect of increased
effective leg length (continuous) and prothesis type (categorical) on average knee and hip angle of
the affected side, average joint and crank power from both legs, joint and crank power asymmetry,
and net efficiency. We considered the increase in effective leg length, prosthesis type, and side
(affected vs. unaffected) as fixed effects and participant as a random effect. We performed all
linear mixed-effect model analyses in R (version 3.6.3) (Kuznetsova et al., 2017; R Core Team,

2022).

4.3 Results

For all changes in effective leg length, the average (+ s.e.) total mechanical power output
and cadence for cycling using a daily-use prosthesis was 1.54 + 0.10 W-kg™ and 73.9 + 1.7 rpms

and using a CSP was 1.56 + 0.12 W-kg* and 73.7 + 1.5 rpms, respectively (Table 4.1).
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Table 4.1. Average (£ s.e.) net efficiency, total mechanical power, and cadence while riding with
standard (+0 mm) and increased prosthetic effective leg lengths

A Prosthetic

effective leg Net Efficiency [%] Power [W-kg?] Cadence [rpm]
length [mm] Daily-use ~ CSP* Daily-Use CSP Daily-Use CSP
+0 21.8+0.8 226+08 155+0.03 155+0.04 742+37 723+3.0
+5 21.0+08 223+09 153+0.03 157+0.04 73.1+38 741+34
+10 212+09 222+08 153+0.03 156+0.04 733+33 742+28
+15 21.3+09 220+0.7 155+0.03 1.56+0.03 75.1+34 741+33

CSP: cycling-specific prosthesis. *Effect of prosthesis.

4.3.1 Joint angle

We found that cyclists with a TTA decreased average knee joint angle on the affected side
by 0.2 £ 0.1° (p=0.02) for every 1 mm increase in prosthetic effective leg length (Figure 4.2).
Additionally, use of a CSP increased average knee joint angle on the affected side by 12.5 + 1.1°
(p<0.001) compared to a daily-use prosthesis. The average knee joint angle on the unaffected side
was not influenced by increased prosthetic effective leg length or prosthesis type (p>0.21) and was
108.7 £ 0.05° across all trials. Across all prosthetic effective leg lengths, average knee joint angle
on the affected side using a daily-use prosthesis was 11.0 + 0.8° less than the unaffected side
(p<0.001). However, there was no difference in average knee joint angle between legs when
cycling using a CSP (p=0.35). As such, we found no significant change in knee joint angle
asymmetry with increased prosthetic effective leg length (p=0.26) for either prosthesis (Table 4.2).
However, use of a CSP decreased knee joint angle asymmetry by 6.7 + 1.4 percentage points
(p<0.001) compared to a daily-use prosthesis (Table 4.2).

We found no significant differences in average hip joint angle on the affected side with
increased prosthetic effective leg length (p=0.22) or between prosthesis types (p=0.93; Figure
4.2). Average hip joint angle for all prosthetic effective leg lengths was 69.5 + 1.5°using a daily

use prosthesis and 69.2 £+ 1.4° using a CSP. The average hip joint angle for the affected side was
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7.3 + 1.8° greater than the unaffected side (p<0.001). We also found no significant change in hip
joint angle asymmetry (Table 4.2) with increased prosthetic effective leg length (p=0.74), and no
differences between prosthesis types (p=0.27). Average hip joint asymmetry for all prosthetic
effective leg lengths was 11.8 + 0.5% while using a daily-use prosthesis, and 14.8 £ 0.7% using a

CSP.
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Figure 4.2 Instantaneous (A) and average = s.e. (B) hip, knee, and ankle joint angle throughout
the crank cycle for the unaffected side (US) and affected side (AS) of cyclists with a unilateral
transtibial amputation using a daily-use (red) or cycling-specific (CSP; blue) prosthesis. Ankle
joint angle data are not related to our hypotheses but are provided for reference. Colored lines
in panel B represent the linear mixed model, and small points represent participant-specific
responses with a = 0.25 mm offset along the x-axis for visual clarity. Note the different y-axes.
*Effect of increased prosthetic effective leg length, # effect of prosthesis, T effect of side. There
were no interaction effects.
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Table 4.2 Average (+ s.e.) asymmetry between affected and unaffected sides

Asymmetry [%] Prosthesis A Prosthetic effective leg length [mm)]
+0 +5 +10 +15
Hip Joint Angle Daily-Use 121+£1.0 106+1.3 12.1+£0.9 122+1.2
CsP 122+1.3 149+15 16.3+£1.7 159+1.2
Knee Joint Angle Daily-Use 102+15 110+16 11.7+17 118+14
CSP*# 3.7+1.0 3.0+£0.9 2209 22038
Hip Joint Power Daily-Use 26.5+ 6.6 26.1 6.6 322+75 30.5+8.9
CSP 35.0+£6.3 28.8 6.5 29.8+6.1 26475
Knee Joint Power Daily-Use 99.9+19.0 85.2+13.7 101.4+19.0 102.5+19.0
CSP*# 90.8+19.5 92.8+185 90.5+221 942+202
Ankle Joint Power  Daily-Use  222.9+96 229.6+10.8 219.6+4.7 220965
CSP - - - -
Hip Transfer Power Daily-Use 133.5+39.1 246.8+175.9 140+£404 213.1+£404
CSP 118.4+26.8 134.7+313 114.0+221 116.0+33.2
Crank Power Daily-Use 54.4+9.0 49.3+8.5 54.7+9.1 58.4+9.3
CSsP 47.0+9.2 51.6+£8.9 51.9+8.1 54.3+9.0

CSP: cycling-specific prosthesis. There were no significant differences in asymmetry due to
increased prosthetic effective leg length (p>0.18 for all) or interaction effects (p>0.08). * Effect
of prosthesis.

4.3.2 Power

We found no significant difference in average ankle joint (p=0.99), knee joint (p=0.98),
hip joint (p=0.94), hip transfer (p=0.17), or crank (p=0.98) power for either leg with increased
prosthetic effective leg length (Figure 4.3). Similarly, we found that use of a CSP did not change
average knee joint (p=0.64), hip joint (p=0.73), hip transfer (p=0.14), or crank (p=0.76) power for
either leg compared to a daily-use prosthesis. We found that average ankle joint, knee joint, hip
transfer, and crank power were influenced by side (affected vs. unaffected) (p<0.001 for all), where
the affected side produced 0.09 + 0.01 W kg less average ankle joint power, 0.22 + 0.01 W kg
less average knee joint power, 0.02 + 0.00 W kg* less average hip transfer power, and 0.40 + 0.02

W kg? less average crank power than the unaffected side while using a prosthesis across all
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conditions. However, across all conditions we found no difference in average hip joint power
(p=0.38) between the affected and unaffected sides when cycling using a prosthesis, with the
affected side producing 0.35 + 0.01 W kg™ and the unaffected side producing 0.37 + 0.01 W kg™.

We found that increased prosthetic effective leg length did not significantly change average
power asymmetry (Table 4.2) at the ankle joint (p=0.67), knee joint (p=0.79), hip joint (p=0.15),
hip transfer (p=0.93), or crank (p=0.051) for either prosthesis. Likewise, we found that using a
CSP did not have a significant effect on average knee joint (p=0.32), hip joint (p=0.10), hip transfer
(p=0.65), or crank (p=0.12) power asymmetry compared to a daily-use prosthesis. Ankle joint
power asymmetry was 222.9 + 4.0% while using a daily-use prosthesis. Knee joint, hip joint, hip
transfer and crank power asymmetry were 94.7 + 6.6%, 29.4 + 2.4%, 151 + 24.6%, and 52.7 +

3.1%, respectively, averaged from both prostheses across all prosthetic effective leg lengths.
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Figure 4.3 Average (£ s.e.) joint and crank power of the affected side (AS) and unaffected side
(US) for cyclists with a unilateral transtibial amputation using a daily-use (red) and cycling-
specific (CSP; blue) prosthesis. Colored lines represent the linear mixed model results, and
small points represent participant-specific responses with a £ 0.25 mm offset along the x-axis
for visual clarity. Note the different y-axes for each subpanel. T effect of side.

4.3.3 Net Efficiency
There was no significant change in net efficiency (Table 4.1) with increased prosthetic
effective leg length (p=0.16). However, compared to using a daily-use prosthesis, using a CSP

improved net efficiency from 21.4% to 22.3% across all conditions (p=0.014).
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4.4 Discussion

We determined the effects of increased prosthetic effective leg length in cyclists with a
unilateral transtibial amputation (TTA) at 1.5 W kg? using a daily-use or cycling-specific
prosthesis (CSP). In partial support of our first hypothesis, our results show that a 15 mm increase
in prosthetic effective leg length resulted in a 3° decrease in average knee joint angle of the affected
side, but this change was not large enough to affect knee joint angle asymmetry. In comparison,
cycling using a CSP resulted in a 12.5° increase in average knee joint angle on the affected side,
which led to a 6.7 percentage point decrease in knee joint angle asymmetry. We also found that
average hip joint angle was not affected by increased prosthetic effective leg length or prosthesis
type, therefore, we found no changes in hip joint angle asymmetry.

Cycling using a daily-use prosthesis likely altered the knee and hip joint kinematics of the
affected side compared to the unaffected side because a prosthesis cannot emulate biological ankle
dorsi- and plantarflexion. We initially assumed that using a daily-use prosthesis would increase
average knee and hip joint angle on the affected side compared to unaffected side, because the
affected side would be more extended to reach the bottom of the crank cycle if saddle height was
based on the unaffected side (Childers et al., 2009). However, contrary to our expectations, we
found that the average knee and hip joint angle on the affected side were (avg. £ s.e.) 10.5 + 1.5°
and 7.5 + 0.5° less than the unaffected side, respectively (Figure 4.2), and indicates that the
affected side was more flexed than the unaffected side. Similarly, Childers and Kogler (Childers
and Kogler, 2014) reported that cyclists with a TTA using a daily-use prosthesis had an affected
side average knee joint angle ~4° lower than the unaffected side using equal 172 mm crank arms.
However, they also reported that participants increased their hip joint range of motion on the

affected side by ~4° between the top and bottom of the crank cycle. We did not initially examine
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range of motion, but our participants exhibited a similar knee and hip joint range of motion
between affected (knee: 78.4 + 1.3° hip: 50.5 + 1.5°) and unaffected (knee: 78.0 + 1.6°, 47.0 =
1.1°) sides using a daily-use prosthesis.

If cycling with the use of a daily-use prosthesis reduces extension of the affected side,
cyclists with a TTA may utilize different motor control strategies than non-amputee cyclists to
change their joint kinematics and kinetics. In non-amputee cyclists, redundant degrees-of-freedom
within the leg-pedal-crank system allows riders to utilize different joint kinematics throughout the
crank cycle to manipulate how mechanical power is transferred to the pedal (Elmer et al., 2011;
Martin and Brown, 2009; Yoshihuku and Herzog, 1996). For example, at high mechanical power
outputs (>550 W), non-amputee cyclists increase ankle joint duty cycle (the relative time a joint is
in extension vs. flexion) so that the ankle is plantarflexed for more than half of the crank cycle
(Elmer et al., 2011). Also, when using non-circular chainrings that vary instantaneous crank
angular velocity, non-amputee cyclists alter ankle joint angular velocity to maintain constant
efficiency and mechanical power from the knee and hip joints (Leong et al., 2017; Leong et al.,
2021). The multiple degrees-of-freedom within the leg-pedal-crank system are provided by the
non-fixed position of the hip and dorsi- and plantarflexion of the ankle (Yoshihuku and Herzog,
1996), which allows riders without an amputation to vary lower-limb segment trajectories to
maintain a constant mechanical power output (Martin and Brown, 2009). A prosthesis removes
one degree-of-freedom, so cyclists with a TTA may use another strategy to limit affected side knee
and hip joint extension but still allow the cleat to reach the bottom of the crank cycle, such as
sitting off-center from the midline of the saddle so that the hip joint center on the affected side is
lower, or tilting the pelvis to provide extra leg length (Price and Donne, 1997). Cyclists with a

TTA may limit knee and hip joint extension on the affected side to minimize the potential for
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injury risk due to increased strain of the knee and hip joint extensors. Future studies are needed to
investigate the rider’s frontal-plane position on the saddle and its effects on joint kinematics and
Kinetics.

We found that increased prosthetic effective leg length or cycling with a CSP while riding
at a moderate power output (1.5 W kg™) results in changes to average knee joint angle compared
to a daily-use prosthesis. Increased prosthetic effective leg length by +15 mm for both prosthesis
types decreased average knee joint angle by 3° on the affected side, thus the affected knee joint
was slightly more flexed throughout the crank cycle (Figure 4.2). While not part of our hypotheses,
we observed that the +15 mm increase in prosthetic effective leg length numerically decreased
peak knee joint angle by 6.5 + 1.3° using a daily-use prosthesis and 5.2 + 0.9° using a CSP (Figure
4.2). Use of a CSP increased average knee joint angle on the affected side by 12.5° so that the leg
was more extended, and knee joint angle asymmetry decreased by 6.7 percentage points compared
to a daily-use prosthesis. But this change in affected side knee joint angle did not alter average hip
joint angle on the affected side or average knee and hip joint angle on the unaffected side (Figure
4.2).

Despite the reduction in knee joint angle asymmetry using a CSP versus daily-use
prosthesis, our findings do not support our second hypothesis. We found that joint and crank power
asymmetry did not change with increased prosthetic effective leg length using a daily-use
prosthesis or a CSP (Table 4.2), because there was no change in average joint and crank power
for either leg (Figure 4.3). These results support previous findings (Childers and Kogler, 2014;
Allen et al. - Chapter 3) that decreased kinematic asymmetries do not always lead to improvements
in joint or crank power asymmetry in cyclists with a TTA. Additionally, we found no evidence of

an interaction between increased prosthetic effective leg length and using a CSP. In the previous
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chapter (Chapter 3), Allen et al. found that cycling at 1.5 W kg* using a CSP and shorter affected
side crank arm lengths reduced hip joint and hip transfer power asymmetry through small non-
significant changes from one or both legs. Our findings indicate that cyclists with a TTA who
choose to use a CSP may increase prosthetic effective leg length by up to 15 mm without changing
joint or crank power production.

Finally, our results partially support our third hypothesis; net efficiency did not change
with increased prosthetic effective leg length, but use of a CSP increased net efficiency by 0.9
percentage points compared to a daily-use prosthesis (Table 4.1). It is likely that a 15 mm increase
in prosthetic effective leg length is not large enough to elicit changes in knee extensor force-length-
velocity relationships to significantly affect joint power, crank power, or efficiency. Whereas the
0.9 percentage point increase in net efficiency when using a CSP is likely attributed to the 12.5%
increase in average knee joint angle on the affected side. Previous musculoskeletal modelling
studies have demonstrated that an ~11° increase in average knee joint angle (due to increasing
saddle height) is large enough to shift the vastus muscle fibers into a sub-optimal region of the
force-length relationship for producing power and increase the muscle shortening velocity, which
leads to a decrease in average crank power (Rankin and Neptune, 2010). While we did not observe
a change in joint or crank power when participants used a CSP, increasing the average knee joint
angle from 97.7 £ 2.2° using a daily-use prosthesis to 110.3 + 1.5° using a CSP may have placed
the knee extensors in a more favorable state for producing force more economically. This value
closely coincides with theoretical studies, showing that crank power is maximized with an average
knee angle of 113° in cycling models without a foot segment (Yoshihuku and Herzog, 1996).

We found that net efficiency improved when participants used a CSP compared to daily-

use prosthesis across all prosthetic effective leg lengths, whereas our previous study found a non-
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significant improvement of 0.7 percentage points in net efficiency when cyclists with a TTA used
a CSP versus daily-use prosthesis with different affected side crank arm lengths (Allen et al. -
Chapter 3). Previously, Noordhof et al. (Noordhof et al., 2010) showed that the smallest change in
gross efficiency (the ratio of mechanical power to gross metabolic power) that can be reliably
measured in submaximal cycling via indirect calorimetry is ~0.6 percentage points, and that
measures of gross efficiency are not significantly affected by day-to-day variations in metabolism.
After reanalyzing our data, we found that use of a CSP provided a significant 0.6 + 0.2 percentage
point (avg % s.e., Clesy [0.10 to 1.05], p=0.02) improvement in gross efficiency over a daily-use
prosthesis (from 17.4% to 18.0%). This improvement in gross efficiency is similar to previous
cycling studies (Ferrer-Roca et al., 2014), which reported that non-amputee cyclists significantly
worsened gross efficiency by 0.5% when riding at ~70-75% of their VO2max with decreased saddle
height from 105% to 102% of trochanteric length (~30 mm difference between the two conditions).
When considered together, these results suggest that use of a CSP may improve efficiency over a
daily-use prosthesis in cyclists with a TTA while riding at 1.5 W kg, but these effects are at the
threshold of what can be reliably detected, and further research is required. Future studies of the
effects of using CSPs would benefit from using a single absolute workload. Gross efficiency in
cycling increases non-linearly with absolute mechanical power output (Ettema and Loras, 2009;
Reger et al., 2013) and may explain why the results of our protocol, that used mass-normalized
mechanical power output, results in changes in efficiency that is close to the smallest detectable
change for sub-maximal cycling (Noordhof et al., 2010). Our participants rode over a range of 80-
150 W, and it is unknown if the potential metabolic benefits provided by a CSP are workload

dependent.
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4.4.1 Potential limitations

Previous studies found that a prosthetic socket moves relative to the residual limb during
cycling (Childers et al., 2012; Childers et al., 2014). The prosthetic socket rotates ~5° about the
distal end of the residual limb and causes the proximal end of the socket to move anterior to the
knee joint center when the knee is maximally flexed at the top of the crank cycle (Childers et al.,
2014). Because participants used their own prosthetic socket for this study, we placed markers on
the outside of the prosthesis and assumed a rigid connection between the residual limb and the
socket. Therefore, we likely measured a greater instantaneous knee joint flexion angle at the top
of the crank cycle, which may have affected our measures of average knee joint angle. We assumed
a similar error and performed this calculation in all trials and used a repeated measures design,
which should account for our comparisons. Future studies are needed to quantify how the
movement of the residual limb within a prosthetic socket and how the non-rigid connection affect
joint kinematics and Kinetics in cyclists with a TTA.

Use of a CSP led to an increase in knee joint angle and net efficiency for cyclists with a
TTA, but other bicycle fit manipulations may affect average knee joint angle, such as saddle height
(Ferrer-Roca et al., 2014; Nordeen-Snyder, 1977; Price and Donne, 1997; Rankin and Neptune,
2010; Yoshihuku and Herzog, 1996). We set saddle height based on the unaffected side during a
static position, but previous studies have suggested that efficiency is optimized with saddle heights
set at 98-100% of the trochanteric length (the distance from the greater trochanter to the ground
during standing). The optimal saddle height for cyclists with a TTA may differ from that of non-
amputees and the net efficiency due to use of a CSP may depend on saddle height. Future research

is needed to understand how saddle height and use of a CSP affects knee joint angle and efficiency.
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4.5 Conclusion

Increased prosthetic effective leg length up to 15 mm or use of a CSP does not alter average
joint or crank power or joint or crank power asymmetry in cyclists with a TTA riding at a moderate
power output (1.5 W kg™). However, increased prosthetic effective leg length of 15 mm decreases
the average knee joint angle on the affected side by 3°. Moreover, use of a CSP increases average
knee joint angle by 12.5° reduces knee joint angle asymmetry by 6.7 percentage points, and
improves net efficiency by 0.9 percentage points compared to a daily-use prosthesis. Therefore,
recreational cyclists with a TTA could increase prosthetic effective leg length by up to 15 mm
without changing performance and use a CSP to improve efficiency and thus performance. These
findings are useful for riders, coaches, and clinicians to make informed decisions about bicycle
fitting components to select or prescribe and may also encourage individuals with a TTA to engage

in cycling as form of exercise and promote improvements in overall health.
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Conclusions

In Chapter 1, | determined how active muscle volume changed with step frequency in
humans during stationary, two-legged hopping and running (at 3.0 m s*) on level ground. 1 found
that active muscle volume decreased by 26% and 20% during hopping and running, respectively,
when step frequency increased from 85% of preferred step frequency to 115% of preferred step
frequency. The largest reductions in active muscle volume occurred at the knee in both bouncing
gaits through changes in effective mechanical advantage and/or duty factor. Moreover, accounting
for the changes in active muscle volume resulted in a near-constant metabolic cost-coefficient,
indicating that the primary mechanical determinants of metabolic power (the rate of force
generation and active muscle volume) well-describe changes in metabolic power across step
frequencies. These findings add to a growing body of research suggesting that changes in effective
mechanical advantage influence active muscle volume and the metabolic power in bouncing gaits.

In Chapter 2, I quantified lower-limb joint mechanics during human hopping using a
passive, full-leg exoskeleton with three different spring stiffness profiles compared to normal,
unassisted two-legged hopping. | found that a passive full-leg design that acts in parallel with the
legs primarily assists the muscles surrounding the ankle, followed by the knee, due the length of
the average exoskeleton moment arm during the stance phase. Additionally, use of degressive
stiffness springs provide the greatest reductions to ankle and knee joint moment and positive power
compared to linear or progressive stiffness springs. Finally, the distribution of total average
positive power is unchanged when hopping using a passive, full-leg exoskeleton compared to
unassisted hopping. The practical application of these data may inform future assistive device
designs, especially the development of passive, full-leg exoskeletons that assist running during the

ground contact phase.
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In Chapter 3, | evaluated the effects of shortened affected side crank arm length and
prosthesis type (daily-use vs. cycling-specific prostheses [CSP]) on joint and crank power, joint
and crank power asymmetry, and net efficiency in cyclists with a unilateral transtibial amputation
(TTA). I found that shorter affected side crank arm lengths and use of a CSP do not significantly
change average joint or crank power, or net efficiency while riding at 1.5 W kg™*. However, shorter
affected side crank arm lengths while using a CSP provide a small reduction in hip joint power
and hip transfer power asymmetry compared to a daily-use prosthesis. These findings suggest that
recreational cyclists with a TTA may choose affected side crank arm lengths or prosthesis types
based on personal comfort without significantly affecting performance.

In Chapter 4, | evaluated the effects of increased prosthetic effective leg length while using
a daily-use prosthesis or a CSP in cyclists with a TTA. | found that increased prosthetic effective
leg length decreased average knee joint angle. However, increased prosthetic leg length using
either prosthesis does not significantly influence joint or crank power, joint or crank power
asymmetry, or net efficiency. Instead, | found that use of a CSP increased average knee joint angle
on the affected side, decreased knee joint angle asymmetry, and improved net efficiency compared
to a daily-use prosthesis. These findings suggest that cyclists with a TTA can increase prosthetic
effective leg length up to 15 mm without affecting performance and use of a CSP provides a
performance benefit over a daily-use prosthesis, possibly due to a shift in the knee extensor
muscles to a more favorable region of the force-length-velocity curve for producing force more
economically.

In conclusion, this dissertation furthers our understanding of the biomechanics and

energetics of human locomotion and the influence of assistive devices. These findings provide a
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foundation for the future development of assistive devices for bouncing gaits and cycling that can

improve performance, promote physical activity and improve overall health.
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