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Abstract

Online optimal trajectory planning is required in the control of humanoid robots,
advanced prostheses, and impaired human limbs via functional neuromuscular
stimulation . Optimization problems that involve complex, high degree of freedom
simulations of the musculoskeletal system require extensive computational effort to
solve. A methodology for generating optimal gait patterns in an online and
computationally efficient manner is needed. lt is the goal of this thesis to work towards
the development of biologic performance criteria that can be utilized in finding solutions
to reduced order walking optimization problems.

Toward the development of biclogically realistic performance criteria, human
subjects were inertially-perturbed and the reorganization of gait quantitatively measured.
Ten subjects walked at a self-selected speed with and without a 5 kg mass attached to
the right ankle. Kinetic and kinematic data were collected for the weighted and
unweighted conditions using ground force platforms and a multi-camera infrared tracking
system, respectively. A 16 segment model of the body was built for each subject and a
variety of kinematic, kinetic, and total system parameters calculated throughout the gait
cycle. Additionally, the normal kinematic dataset was analyzed with a 5 kg mass
virtually placed on the right ankle. The virtual mass dataset served as a known
suboptimal solution as a basis for comparison.

A Wilcoxon rank sign test was performed, and the ankle-weighted dataset was
compared to normal. There were no significant changes in stride frequency, step length,
stride length, or self-selected walking speed between the weighted and unweighted
walking conditions. There were significant deviations in the kinematics of the right leg,
but most were generally small with the exception of a decrease in maximum flexion
angle of the affected leg during swing. In comparison to the virtual mass case to the true
weighted case, it was determined that the reorganization of gait yields an increase in gait
efficiency, a decrease in work to move the body center of mass, and a general reduction
in reaction torque of the affected leg. It is suggested that the biologic performance
objective consists of some function comprising of the energetic costs to move the body
center of mass, gait efficiency, and joint reaction torques.

Hugh Herr
Assistant Professor of Media Arts and Sciences
Thesis Supervisor
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1 Introduction

Walking is a complex process involving the interaction of the neuromuscular
system with the ground in a cyclical manner. Giovanni Alfonso Borelli, widely known as
the “father of biomechanics”, described gait in 1681 in De Motu Animalium as: “During
walking the human body is always in contact with the ground, supported alternately by
one leg and the other. During this alternate support it seems that each haif of the body
weight is in turn raised and moved.” Many applications require the generation of
biologically realistic walking patterns, ranging from the control of modern humanoid
robots to advanced prostheses and orthoses for the physically challenged. [tis
generally believed that the human motor control system seeks to optimize some
performance criterion during steady state walking (Nubar & Contini 1961, Beckett &
Chang 1968, Chow & Jacobson 1971, Hatze 1976, Chou et al. 1995). Synthesis of
biologically realistic target trajectories typically requires solving a numerically intensive
optimization problem. Solving the walking optimization problem can involve complex
simulations of the nonlinear dynamics of human musculature and morphology, involving
extensive computational power and time (Anderson & Pandy 1999). In the context of
limb prosthetic or orthotic control, it is not currently practical to use such complex
methods to generate target trajectories in an online and on demand fashion. A

computationally tractable optimization strategy is required until a brain-machine interface
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can be devised for direct prosthesis control, or computing technology has progressed to
allow rapid online solutions to high-level optimizations.

Anderson and Pandy (2001) postulated that the goal of human movement control
is to minimize the metabolic energy per unit distance traveled. By employing a complex
simulation consisting of 54 Hill-type musculotendon units and a 23 degree of freedom
musculoskeletal model, they were able to predict human walking kinematic data
qualitatively. However, the forward dynamics optimization problem was solved using
several multiple instruction multiple data parallel computers at the NASA-Ames research
center. Anderson and Pandy (1999) used the same model to optimize human vertical
jumping, and the convergence of the solution took more than 1800 hours (2.5 months)
on a 180 MHz Silicon Graphics machine. The use of a super computer still required
nearly 23 hours computation time. While computers are more powerful today than in
1999, the on-board processing capability available today for humanoid robotics or
advanced prostheses is far less than that of a super computer, and the required
computation time would be far too long. Thus, a reduced order method of generating
optimal gait patterns in an online and computationally efficient manner is needed. ltis
the goal of this thesis to work towards the development of biologic performance criteria
that can be utilized in finding solutions to reduced order walking optimization problems.

Human load carrying capability has been studied extensively. However, most of
the research has been geared toward evaluating the load carrying abilities of humans
with the load transported in a conventional manner, i.e. on the back, head, or
symmetrically with the hands, and not geared toward suggesting biological performance
objectives for gait (Soule 1969, Givoni 1971, Kamon 1973, Keren et al. 1981, Miller
1987, Graves et al. 1988, Claremont 1988, Cavanagh and Kram 1989, Holt 1990,
Bonnard 1991, Knapik 1996, Abe 2004). Holt et al. (2003) placed a backpack containing
40% body weight on the back and found an increase in the effective stiffness of the
lower legs so that the amplitude of the vertical excursions of the body center of mass
was not significantly altered from normal unweighted walking. This work suggests that
the motion of the body center of mass may be a highly regulated quantity and could be
invariant to inertial disturbances. Asymmetrical distal loading of healthy subjects has
been studied, although not extensively. Skinner and Barrack (1990) placed small loads
asymmetrically on the ankles and examined changes in the percentage of stance phase
of gait as well as increases in metabolic rate. Donker (2002) placed small loads on the

ankle and wrist and noted a general reorganization of physical body segments due to the
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added mass to examine the degree to which the body can be modeled as a force driven
harmonic oscillator. The goal of the previous papers on asymmetrical mass
disturbances was not to generate biologic performance criteria, and thus is of marginal
value for this analysis. | hypothesize that there are invariant tendencies in the amplitude
and root mean square deviations of the motion of the body center of mass when the
human body is inertially perturbed due to the regulation of the body center of mass by
the motor control system.

Gu (2003) found when studying the system angular momentum of normal
walking that total spin angular momentum and net external moment are low, suggesting
that body spin is a strongly regulated quantity in human walking. Furthermore, it was
found in the sagittal and transverse planes that body segments move in a fashion so that
the vector sum of all their respective spins about the body center of mass is nearly zero.
Popovic et al. (2004) found the angular momentum of all body segments can be
comprised of three angular momentum primitives in each plane, used this information in
an optimization methodology, and generated kinematic joint trajectories that were in
gualitative agreement to human kinematic joint data. The work on angular momentum
regulation in walking suggests that total angular momentum or net external moment may
be a chief component of the biologic performance criterion. | hypothesize that the
reorganization of gait due to the inertial disturbance induced, in comparison of the
adaptive and non-adaptive weighted cases, a decrease in total angular momentum and
net external torque.

A significant property of human walking is that the self-selected speed occurs at
the minimum of the gait efficiency versus walking speed curve (Bard & Ralston 1959).
The motor control system, at least in some higher level functions such as speed of
ambulation, appears to be optimizing to reduce the metabolic demands of walking.
Inman (1967) found that the body center of mass follows approximately a sinusoidal
pattern, and that this is the most efficient type of movement due to the cyclical
conversion of body center of mass energy from gravitational potential energy into kinetic
energy. Nubar and Contini (1961) and Chow and Jacobson (1971) suggested that the
human motor control system regulates movement in a manner that minimizes muscular
effort, calculated by the sum of the squares of joint torques. Beckett and Chang (1968)
hypothesized that optimal gait patterns can be synthesized by minimizing the amount of
mechanical work done to move the body. Chou et al. (1995) examined movement of the

swing leg, and found that reducing the mechanical energy required to move the leg
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provided results that were generally similar to experimental gait data. | hypothesize that
adaptations of gait due to the inertial disturbance yielded a reduction of the energetic
costs of moving the body center of mass, increased movement efficiency of the body
center of mass, and reduced joint reaction torques.

With the goal of developing biologically realistic performance criteria for use with
reduced order models, human subjects were asymmetrically inertially perturbed and the
reorganization of gait quantitatively measured. Subjects were asymmetrically distally
loaded because it was assumed the greater distance from the body center of mass of
the load and the resultant asymmetry of gait would simplify the investigation into the
biologic performance objectives. Using the motion laboratory at Spaulding Rehabilitation
Hospital, kinematic walking data was taken with an eight camera infrared motion capture
system. Walking kinematics were recorded for two loading conditions: unloaded normal
walking and weighted walking with a five kilogram mass on the right shin. Both walking
trials were performed at a regulated self-selected normal walking speed for consistency.
The reorganization of gait due to the inertial disturbance was quantified using two chief
comparisons. Normal walking data was compared to the adapted weighted data to
search for invariant qualities of gait. Secondly, a non-adaptive weighted case was
synthesized by recalculating the dynamics of normal walking with a 5 kg mass virtually
placed on the right shin and compared to the adaptive weighted case. It was assumed
that the dynamics of the non-adaptive weighted case served as a biologic “starting
point”, and thus all biologic adaptations were an effort to minimize the biologic cost
function. A variety of gait parameters calculated from joint reaction torques, joint
kinematics, and total system dynamics were defined and statistically significant
deviations of these parameters identified.

In order to clarify the constitution of a cost criterion for human walking, gait data
were collected for healthy subjects ambulating with and without masses placed distally
on the shin. The reorganization of walking due to the added mass was quantitatively
defined by nonparametric statistical comparison to normal unweighted walking. |
hypothesize that the induced changes of gait due to the added mass in comparison of
the adaptive and non-adaptive datasets were a reduction of the energetic costs to move
the body center of mass and an increase of the energetic efficiency of the body center of
mass motion. Furthermore, | hypothesize that the adaptations of gait decreased system
angular momentum and net external torque, and there are invariant tendencies in the

motion of the body center of mass. Finally | hypothesize that the reorganization of gait
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yielded, in comparison of the adaptive and non-adaptive datasets, a decrease in joint
reaction torques, and that the adaptive changes in gait were manifested by significant
deviations in joint kinematics. These hypotheses were tested by evaluation of a number

of kinematic, kinetic, and total system gait parameters.

1.1 Motivation

The motivation for this thesis is to provide the groundwork for biomimetic control
of prostheses, humanoid robotics, and functional neuromuscular stimulation (FNS) of
muscles. Until a brain-machine interface can be utilized for direct control in the case of
prosthetic control or FNS, it will be necessary to supplement basic user intent
recognition with a high-level, biologically-realistic controller. There may be restrictions in
the control of a prosthesis or humanoid robot that could be accounted for by adding
constraints to the biological optimization problem. For example, in the control of a semi-
active knee prosthesis where the controllable element is a variable damper, it would be
possible to predict a target gait with the constraint that the prosthetic knee can only
dissipate power. Thus, instead of targeting a fixed trajectory, kinematic target
trajectories could rapidly be generated online that adjust to changes in terrain, walking,

speed, and morphology.

1.2 Contribution

This thesis focuses on elucidating elements in the performance criterion that the
motor control system optimizes during walking. This work can be used in areas from
powered prosthetic control to functional neural stimulation and humanoid robotics.
Understanding the mechanisms by which the motor control system controls the body
during walking will allow better understanding of gait and further interfusion of man and
machine to aid the rehabilitation of physically challenged individuals.
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1.3 Thesis Outline

Chapter 2 presents some basic biomechanical terms and an overview of the
function of the ankle, knee, and hip during the gait cycle. Chapter 3 describes the
experimental methods and the numerical analyses performed. Chapter 4 presents the
results of the analyses. Chapter 5 contains discussion regarding the results, general

conclusions, and recommendations for future work.

217 -



-18 -



2 Background

This chapter details some general information commonly used in the study of
human gait. Section 2.1 describes the gait cycle in detail and the behavior of thigh,
knee, and ankle during walking.

2.1 The Gait Cycle

The gait cycle begins when the heel of the right foot strikes the ground, and ends
with the succeeding contact of the right heel with the floor. There are four distinct
support phases through the gait cycle (Sutherland 1988). When the gait cycle begins,
both the right and left foot are in contact with the floor; this is the first period of double
support. Roughly 10% through the gait cycle, the left foot lifts off the ground and the left
leg enters swing, this is the right leg single support phase. At the commencement of left
leg swing halfway through the gait cycle, the left heel strikes the ground, beginning the
second period of double support. At an average of 60% through the gait cycle the right
leg enters swing, this begins the left leg single support phase. The right leg is in swing
for the remaining 40% of the gait cycle, and the next gait cycle begins at ground contact

of the right foot at the termination of right leg swing.
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( O
g N § . )
Percentage Gait Cycle
0% 10 % 20 % 30% 40 % 50 % 60 % 70 % 80 % 90 % 100 %
Right Left Right Left Right Left Right
Heel Strike Toe Off Heel Off Heel Strike Toe Off Heel Off Heel Strike
Right Single Support Left Single Support l
| I Left Swing Phase [ Left Stance Phase |
I Right Stance Phase ! Right Swing Phase ]

Figure 2.1.1 The Gait Cycle. The black leg of the walking stick-man is the right leg. A
gait cycle is measured in percentage and is defined by consecutive ground contacts of the

right foot. Adapted from Inman et al. (1981)

The gait cycle has been partitioned into discrete phases a number of times (Perry
1992, Sutherland 1988, Winter 1990). In this thesis the Perry gait definitions were used
in examination of torques and powers about the joints of the lower leg and peak
kinematics. Similar to the gait cycle defined above, the Perry gait cycle is defined by
consecutive contacts of the right heel with the ground. The stance phase is divided into
four phases: loading response, mid-stance, terminal stance, and pre-swing. The loading
response describes the transfer of load from the upper body from the left leg to the right
leg. The loading response ends as the left foot lifts off the ground and mid-stance
begins. During the loading response the direction of the body center of mass is
redirected from a downward direction to an upward direction (Inman et al. 1981). Mid-
stance ends as the body center of mass passes over the right foot and begins to
descend preparing for contact of the left foot. Terminal stance is the period after mid-
stance at which the body center of mass is forward of the support foot and ends when
the knee reaches its maximum stance extension and the left heel makes contact with the
ground. Pre-swing describes the period of stance after terminal stance where the knee
is flexing rapidly as the load transfers from the right leg to the left leg and it terminates
when the right toe loses contact with the ground. The swing phase of gait is partitioned
into three phases: initial swing, mid-swing, and terminal swing. Initial swing begins at
toe-off and terminates when the knee becomes maximally flexed. Mid-swing begins at
the maximal flexion point of the knee and continues until the sagittal projection of the
tibia is parallel to the vertical axis. During mid-swing the behavior of the shank is mostly
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pendular as torque about the knee is very low. The last phase of swing begins after the
termination of mid-swing and ends when the right foot makes contact with the floor once

again.
Phase of Gait Begins Ends
o |Loading Response Initial Contact Contralateral toe off
2 |Mid-Stance Contralateral toe off BCM proceeds forward of the support foot
g Terminal Stance BCM proceeds forward of the support foot Contralateral heel strike
___|Pre-Swing Contralateral heel strike Toe off
@ [Initial Swing Toe off Maximum knee flexion
‘s |Mid-Swing Maximum knee flexion Tibia parallel to vertical axis
9 |Terminal Swing Tibia parallel to vertical axis Initial contact

Table 2.1.1 Perry's definition of the phases of gait.

— Coronal Plane

<«— Transverse Plane

Sagittal Plane

Figure 2.1.2 The three principle planes of the body,
from Inman et al. (1981).
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2.1.1 Ankle Function during the Gait Cycle

Most of the activity at the ankle occurs during the stance phase. The main goal
of the ankle during swing is to dorsiflex enough so that the toe has sufficient clearance
with the ground to prevent stumbling. At heel strike the ankle is near its neutral position,
and during the loading response it enters controlled plantarflexion (Whittle 1996).
Plantarflexion of the ankle brings the foot from the heel rocker position at initial contact
to foot flat. A dorsiflexor moment about the ankle during the loading response results in
a small negative power due to eccentric contraction of the tibialis anterior. Loss of
function of the tibialis anterior muscle results in the condition known as drop foot where
the foot slaps on the ground during loading response (Blaya 2003). After foot-flat the
direction of the moment about the ankle changes from dorsiflexor to plantarflexor and
the tibialis anterior ceases to contract and is replaced by eccentric contraction of the
triceps surae. The ankle continues to dorsiflex through mid- and terminal stance with an
internal plantarflexor torque resisting this movement causing power absorption. During
pre-swing the ankle goes into powered plantarflexion mode causing the largest positive
power peak throughout the gait cycle. The peak plantarflexor torque occurs just about at
the transition from terminal stance to pre-swing. Just after toe-off the ankie reaches its
maximum plantarflexed position. The contraction of the triceps surae ceases and the
tibialis anterior contracts again to dorsiflex the ankle for swing. Since the foot is no
longer in contact with the ground, torque is only needed to accelerate the inertia of the
foot. Given the relatively small mass of the foot compared to the body, torques and
powers at the ankle during swing are marginal in comparison to the rest of the gait cycle
(see Figure 2.1.3). During mid-swing the ankle moves from a plantarflexed position back

to a neutral position to prepare for heel-strike.
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Figure 2.1.3 Ankle function during the gait cycle. Ankle angle,
torque about the principle axis of rotation, and joint power for a
65.3 kg 35 year old female at self-selected walking speed are
shown. Torque and power has been normalized for body weight.

2.1.2 Knee Function during the Gait Cycle

At the start of the gait cycle, at initial contact, the knee is flexed anywhere from 2-
52 from late swing retraction. During the loading response the knee flexes to a
maximum of roughly 15-202 (see Figure 2.1.4). There is an internal extensor moment
about the knee provided by eccentric contraction of the quadriceps. The extensor
moment about the knee limits the speed and magnitude of knee flexion during stance
(Whittle 1996). During the loading response the muscle activity about the knee is
predominantly dissipative. The knee reaches its maximal point of flexion during mid-
stance and starts to extend afterwards. The quadriceps muscles contract eccentrically

and then concentrically as the knee passes from flexion to extension. Stance extension
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requires positive power and this is the reason why semi-passive or totally passive knee
prostheses can not provide proper stance flexion because they do not have the
capability for powered stance extension. During terminal stance the knee becomes
maximally extended. The ankle, reaching its maximum dorsiflexed position during
terminal stance, soon enters powered plantarflexion. The center of pressure of the
ground reaction force by this time has moved to the fore-foot and would tend to cause a
hyperextension of the knee. The gastrocnemius muscle contracts providing an internal
flexor moment about the knee and limits the amount of knee extension. The ground
reaction force vector is directed so that it tends to flex the knee as the knee enters pre-
swing. This external knee flexor is counteracted by eccentric contraction of the rectus
femoris to limit the amount of knee fiexion. At toe-off the knee has reached roughly half
of its maximal flexion; most of the behavior of the knee during swing is due to the natural
pendular behavior of the leg during swing (Anderson et al. 2004). There is a small
internal flexor moment to limit the flexion of the knee. During mid-swing as the knee
reaches its maximally flexed position, the hamstrings contract eccentrically to limit the
speed of swing extension. During terminal swing, the knee becomes maximally
extended and flexes slightly during late swing retraction. Late swing retraction reduces
the peak impact loads during initial contact and subsequently reduces the amount of

energy lost during the initial ground impact (Winter 1992).
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Figure 2.1.4 Knee function during the gait cycle. Knee angle,
torque about the principle axis of rotation, and joint power for a
65.3 kg 35 year old female at self-selected walking speed are
shown. Torque and power has been normalized for body weight.

2.1.3 Hip Function during the Gait Cycle

The thigh reaches a point of maximal flexion during swing and its angle does not
change much until initial contact. The gluteus maximus and hamstring muscles contract
concentrically during the loading response creating an extensor moment which causes
the thigh to start to extend. During mid-stance the knee passes from flexion into
extension. The internal extensor moment declines then ceases all together when the
concentric contraction of the gluteus maximus and hamstrings stops. Near the change
from mid-stance to terminal stance the moment about the hip changes from an extensor
moment to a flexor moment and subsequently the power flow goes from generation to

absorption. The thigh becomes maximally extended at the entrance to pre-swing and
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contralateral leg initial contact. Also at this point the largest hip flexor is seen, due
predominantly to the contraction of the adductor longus and the rectus femoris muscles
which results in flexion of the thigh (see Figure 2.1.5). During pre-swing and initial swing
there is a powerful contraction of the iliopsoas to provide an impulse of power to the
swing leg (Whittle 1996). In the initial swing phase the point of maximum positive power
transfer at the hip occurs. During mid-swing the hip reaches a point of roughly maximum
flexion and then maintains its orientation through terminal swing. There is a large torque
generated about the hip during terminal swing as the knee goes into swing extension.
Although the torque magnitude is large, the hip is roughly static so that power absorption
is very small. The torque about the hip allows the transfer of kinetic energy from the

swing shank and foot to the trunk (Siegel et al. 2004).
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Figure 2.1.5 Hip function during the gait cycle. Hip angle, torque
about the principle axis of rotation, and joint power for a 65.3 kg

35 year old female at self-selected walking speed are shown.
Torque and power has been normalized for body weight.
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3 Materials and Methods

This chapter outlines the experimental procedures and numerical methods used
in this thesis. Section 3.1 describes the 10 subjects from whom kinematic marker
location and ground reaction force data were taken. Section 3.2 and 3.3 describe the
laboratory instrumentation and experimental protocol. In section 3.4 the initial data
processing steps are discussed, followed by section 3.5 in which the methods for
determining gait events, e.g. heel strike, are described. Section 3.6 provides a more in-
depth description of the modeling techniques used for modeling the human body.
Section 3.7 describes the nonparametric statistical methods used for pair wise
comparisons between the data. Finally, section 3.8 defines some of the gait parameters

compared in chapter 4.

3.1 Participants

3.1.1 Subject Anthropometric Data
Ten able-bodied subjects participated in this study. The participants consisted of
five men and five women. The mean age of the men was 28 while their mean weight

was 76.1 kg and their mean height was 1.84 m. The mean age of was 23 and their
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mean weight was 56.9 kg while their mean height was 1.67 m. Subjects had no known
neurological or physiological impairments that could have affected their gait. Subjects
recruited were friends, family, and coworkers of the principal investigator. In compliance
with MIT policies, this study was conducted according to guidelines provided by the
Committee On the Use of Humans as Experimental Subjects at MIT. Subject

anthropometric data were taken in accordance with common lab practices.

Numper A0 Mass HeigHt (0L Ol ometh Lengin Longih vangth 5%
kg) (M) (m (m) (m) (M) (m) (m)

1 31 768 185 0.240 0.476 0414 0.160 0.272 0.247 Male
2 27 819 1.87 0.273 0471 0431 0.216 0.290 0.246 Male
3 22 739 182 0.300 0.450 0420 0.200 0.286 0.241 Male
4 33 646 179 0250 0451 0389 0.195 0.259 0.260 Female
5 21 627 169 0225 0390 0394 0.185 0.263 0.246 Female
6 36 653 176 0270 0.447 0.389 0.190 0.281 0.240 Male
7 24 826 192 0280 0458 0447 0.210 0.292 0.248 Male
8 21 499 160 0230 0373 0.365 0.180 0.247 0.223 Female
9 21 501 158 0235 0366 0.391 0.170 0.240 0.229 Female

10 21 57.2 167 0.250 0.374 0.407 0.180 0.245 0.226 Female

Table 3.1.1 Subjects’ mass, height, measured anthropometric data, and sex.

Measurement Methodology
Height Distance from the floor to the most cranial point on the head.
Shin Length Distance from the knee joint center to lateral malleoius.
Foot Length Distance between calcaneus and acropodion.
Thigh Length Distance between the trochanterion and the knee joint center.
Hand Length Distance between the wrist joint center and the third dactylion.
Forearm Length Distance between the elbow joint center and wrist joint center.

Upper Arm Length Distance between the shoulder joint center and the elbow joint center.

Table 3.1.2 Anthropometric measurement methodology.
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Figure 3.1.1 Subject measurements.

3.1.2 Supplemental Anthropometric Data

The subject measurements taken prior to testing were insufficient to build a
realistic model of the body. These measurements needed to be supplemented with
estimated anthropometric measurements based upon published data. Data from de
Leva ( 1995) and Tilley (2001) were used to supplement the direct subject

measurements.
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Table 3.1.3 Supplemental anthropometric data from literature.

Measurement Endpoints Male L] Female
Trochanterion Height Distance from the floor to the trochanterion 0.0463%H + lspin + lnigh 0.0453*H + I shin + lign
Trunk and Head Length  Vertex to trochanterion H = | rochanterion height
Head Length Vertex to cervicale 0.1395"H 0.1405"H
Trunk Length Cervicale to trochanterion !runk and head tength = ! head length
Pelvis Length Mid-hips to omphalion 0.2402™! yrunk fength 0.2936" yrunk tength
Abdomen Length Omphalion to substemnale 0.3553" yrunk tength 0.3324™ yunk tength
Chest Length Substernale to cervicale 0.3992*/ trunk tength 0.3692" ! jrunk tength
Cenvicale to Sternum Cervicale to suprasternale 0.1177"! trunk tangth 0.1384" unk tength

a Tilley 2001

All other data from de Leva 1995
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Figure 3.1.2 Supplemental
anthropometric measurements taken
from literature.

= 3



3.2 Instrumentation

All subject testing was performed at the Motion Laboratory in the Spaulding
Rehabilitation Hospital located in Boston, Massachusetts. Three-dimensional kinematic
data were recorded using an eight camera infrared Vicon motion capture system
(VICON 512, Oxford Metrics, Oxford, UK) at a sampling rate of 120 Hz. Ehara et al.
(1997) found a less capable six camera VICON 370 system had a mean absolute
marker location error of 0.94 mm. Reflective markers were placed on bony landmarks
on the subject’s body using a Plug-in-Gait marker set: sixteen lower body markers, five
trunk markers, eight upper limb markers, and four head markers. Ground reaction force
data were acquired from two AMTI force-plates (Watertown, MA) at 1080 Hz. Force-
plate data was resampled down to 120 Hz when used in the analyses.
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Figure 3.2.1 Reflective marker placement for Vicon 512 motion capture system.
Marker definitions are provided in Table 3.2.1
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Marker Name Description Placement

l;;;’:,% ll;i?;thftr?rn;n?iaei q Located approximately over the temple.

ll-?BBll-l-I% :?gh?ii;: iii d Back of the head at a constant height above the floor.
c7 Back of neck Spinous process of the 7th cervical vertebrae.

T10 Upper back Spinous process of the 10th thoracic vertebrae.
CLAV Clavicle Jugular notch where the clavicles join the sternum.
STRN Bottom of sternum  Xiphoid proces of the sternum.

RBAK Right upper back  Middle of the right scapula.

;‘ZZ% ;?ghj?:éiféer Placed on the acromioclavicular joint.

I;?li/j;’: lli?gf;thltjzzire?g:m Placed on the upper arm between the elbow and shoulder.
Ihil'::_tg Ilgl?gf;th?:l%v;w Located on the lateral epicondyle.

IL?,I:-',I:-'???\ 'I_??gf;thfto;sg;rr‘m Placed on the forearm between the elbow and wrist.
fL?VV‘I//FIj?I: Ila?gf;h\;vulsrfs? A Wrist bar, thumb side

[/%'Mv%g Iﬁ?ghmﬁs?s Wrist bar, little finger side

IL?II-:‘IIIIVV Ié?;hftir;%;;r Located just below the head of the 2nd metacarpal.
I/-:;i\zl / lé?ghfig’l s Placed over the anterior superior iliac spine.

g;i‘ll lthegﬂh‘:lig S Placed over the posterior superior iliac spine.

;77-_7{/’ ;?ghttht'ﬁgh Located over the lateral surface of thigh.

[";’((Ix/i_ ;?;th":r:(?:ie Placed on the lateral epicondyle of the knee.

LR?IBB II;{?ghtti?iig:arlnr?grekrer Placed over the lower lateral surface of the shank.
IF'?':A,\I;}(( ;?gh?r;lgsle Located on the lateral malleolus.

;’:Eé lé?;h?ﬁlilel Located on the calcaneous.

;;gg ll;(ie;th-tr?rie Placed on the 2nd metatarsal head.

Table 3.2.1 Plug-in-Gait marker definitions.

The motion capture global coordinate frame is oriented so that forward walking is

directed along the positive y-axis, vertical movements along the z-axis, and medio-lateral

movements along the x-axis.
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Figure 3.2.2 Configuration of global coordinate frame
and force plates in motion laboratory.

3.3 Protocol

All subjects walked barefoot at a self-selected moderate speed over the 10 meter
walk-way located at the Spaulding Motion Laboratory. Subjects were timed with a
standard stopwatch to ensure the same walking speed over all trials, and trials were
subsequently rejected if there was a greater than + 5% variance in traversal time. After
the subject walked along the pathway, the data were quickly analyzed to ensure that the
necessary markers were located by the Vicon system and that proper contact was made
with both force platforms.

Although only two loading conditions at a self-selected moderate speed are
considered in this thesis, initial testing consisted of five loading conditions and two
speeds: self-selected moderate and slow. In addition to normal unloaded walking, a 5
kg mass was placed proximally either the left or right wrist and proximally on either the
left or right ankle. The order of speeds and walking conditions were randomized in order
to mitigate any effects of fatigue. After each change in loading condition the subject was
given a brief amount of time to test their gait under the new condition. Only the loaded
and right ankle loading conditions at self-selected moderate speed were considered in
this thesis. The load placed on the ankle is a considerable distance away from the body
center of mass, and thus only the ankle loading data were analyzed because it was
assumed the greater distance would have a larger effect on gait and the biologic

performance criterion would be more recognizable.
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3.4 |Initial Data Processing

The three-dimensional kinematic marker location data was first processed with
Vicon BodyBuilder (Oxford Metrics, Oxford, UK). Vicon BodyBuilder uses an internal
model, in addition to marker location data and measured anthropometric subject data to
estimate bone and joint center locations. Kinematic data is first analyzed and any small
data gaps are filled with interpolated values, then a Woitring filter (1985) is applied to the
data.

3.4.1 The Woltring Filter

The Woltring filter is an optimal filter used commonly in the analysis of motion
capture data. Noisy position data is fitted with an optimally regularized natural quintic
spline. The benefits to this method are that higher order derivatives can be calculated
from the analytic derivative of the polynomial spline, however in this thesis derivatives
were found numerically since the Woiltring was applied internally within the Vicon

software.

3.4.2 Vicon BodyBuilder Bone Models

The kinematic data from the 33 reflective markers were processed in the Motion
Laboratory with Vicon BodyBuilder. Using measured anthropometric data from the
subject and the marker location data, BodyBuilder uses internal functions to model 13
bones and segments of the body including: clavicle, neck, thorax, humerus, radius,
hand, skull, pelvis, sacrum, femur, tibia, foot, and forefoot. The BodyBuilder bone
models were used for segment orientations and joint center locations for the hands,
forearms, upper arms, feet, shanks, and thighs.
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Figure 3.4.1 Vicon BodyBuilder internal bone modeling.
Coronal, sagittal, and isometric views are shown.

3.4.3 Coordinate Kinematics and Rotations

3.4.3.1 Coordinate Transformations

In the model of the human body used for this analysis, 16 separate coordinate
frames for each of the modeled body segments were used. Each coordinate frame is
defined by three orthonormal vectors describing orientation and a three element spatial

vector describing the coordinate frame location (Schilling 1990).

Let p be a vectorin R* and let X = [%,,%,,%, | be an orthonormal set for R*,
thatis: x, - X, =X, - X, =X, - X; =0. Then the coordinates of p with respectto X are
p* and are defined by:

p= Zplka
k=1

X is known as a coordinate frame and in the trivial case, the coordinate frame is simply

the identity matrix. Where:
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1 0 0

P=p0p+ p,;slr+ p0
0 0 1

o = O
- O

1
ﬁ:[pi’pj’pk]T X=0
0

A rotation matrix is a 3x3 orthonormal matrix that transforms vectors in R* from
one coordinate system to another.

3.4.3.2 Fundamental Rotations

If a variable coordinate frame X is obtained from the fixed coordinate frame

mobile

X ;.. Dy rotating about one of the orthonormal unit vectors of X ; , then the resulting
coordinate transformation matrix is a fundamental rotation matrix. In R* there are three
possible fundamental rotation matrices defined by a rotation of y about the three unit

vectorsof X ;..

10 0

Rx(w): 0 cosy -—siny
|0 siny cosy |
[cosyr O siny ]
Ry(V/)= 0 1 0
| —siny 0 cosy |
[cosyy —siny 0]
R,(y)=|siny cosy O
0 0 |

A combination of three fundamental rotation matrices will allow us to define any
rotation matrix R as the composite rotation of three fundamental rotation matrices. This
decomposition of R is not unique as there are many possible permutations of
fundamental rotations that could be used, i.e. a roll-pitch-yaw versus a yaw-pitch-roll
composite rotation.

Once an orientation transformation matrix was found for any particular body
segment the 3x3 rotation matrix was stored as a yaw-pitch-roll composite rotation of
R=R,(0,)R,(60,)R,(6,).
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cos@, cosf, sinf sinb,cosf, —cosb,sinf, cosH, sinb, cosf, +sinb sinb,
R=|cos@,sinf, sin@ sinb,siné, +cosf cost; cosb sinf,sinf; —sin b, cosb,

—-sind, sinf, cos 6, cos g, cos b,

The decomposition of R into a yaw-pitch-roll composite rotation of 8,, 8,, and
6, is not unique and there will be two sets of angles related by:

0, =0, +71~(1-—sgr101 —(sgn@l)z)
0, =-0, +7z~(1—sgn92 —(sgn@z)z)
6; =6, +7r~(1—sgn6?3 —(sgn93)2)

In order to compute the three composite rotation angles &,, 6,, and 6, we must
solve for them from the analytic form of R given above.

If R is of the form:

Then:
- Q. -d;,a
-1 2% 13412
0, =tan ,
\[_alz(auazl + a32“31a11) VA, (a33a21 +a32a31au)
-1 T U \Ua3lty LA IRASY
6 - J-anlaga, +ayaya,)
, =tan”| —a, ,—
a;
-a,,a -, d
-1 1% 4
0, = tan )

\/_ a; (a33a21 T anasa, ) \/" a; (a33a21 + a32a31a11)

This solution fails if any two of @,, ,, and 6, are equal to zero, then the simple
solutions are:
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ifa, =0
6, =tan—l(a32’azz)
0,=6,=0

elseif a,, =0
g, = tan™ (a13,a33)
6,=6,=0

elseif a;; =0
o, =tan_l(a21,a“)
6, =6,=0

end
3.433 Homogeneous Coordinates

A 3x3 rotation matrix is sufficient to describe the orientation of a coordinate
frame, however it is incapable of describing the location of a coordinate frame without
some sort of extension. If coordinate frame L, is located p, away from L, with a
rotation matrix of R then any point %, in L, can be transformed to L, by:

- = 0=
X, =p +R X,

Instead of handling this in two discrete steps (rotation and translation) we can simplify
the process by introducing homogeneous coordinates and homogeneous coordinate
transformation matrices. Coordinates that exist in R’ will now be represented by
vectors in R*:

Given a point p = [pl s Dy Ps ]T in R’ , the homogeneous vector describing p
will be:

q =[pl,p2,p3,1]T

The 4 x4 transformation matrix T is now defined:

o

Where R is a rotation matrix and p is a translation vector in R°.
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Using the first example above, where the point X, in coordinate frame L, is
transformed to L,. Then:

_ . 7

4o = [xoT ’1]
TO — Rlo ﬁl

lo o1
g, =T.g,, then:

X, = Hq,, where H,,, = l13x3 ) [OaO’O]TJ

344 Local Regression Smoothing

Although the marker location data has been filtered using a Woltring filter so that
the first discrete derivatives are sufficiently smooth, some further data smoothing is
necessary prior to taking the second discrete derivative to calculate accelerations. A
typical causal discrete filtering scheme will introduce some phase-shift into the data set,
and initial attempts with conventional low-pass acausal linear filters did not yield good
results. Instead a locally weighted linear regression or LOESS smoothing function was
used (Cleveland 1979).

Given a data set (x, y), where y is the dependent variable and x is an equally
spaced independent variable. The locally-based “tricube” weighting function for
the i data point with smoothing span # is:

3 3
W‘("){l‘ S5 ]
Where:
k=z—-n_1:i+n_1
2 2

With n =21, the weighting function for the 11" data point is shown below:
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Local Weights for the 11% data point and n = 21
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Figure 3.4.2 Example local regression weighting function
forn=21,and i =11.

A new weighting vector, w, is calculated that has a shape similar to the one in
figure 3.4.2 and is zero anywhere outside the smoothing span for every data point. A
least-squares weighted linear regression is performed and used 1o calculate the
smoothed value at the center of the span. Since the locally weighted linear regression is
repeated for every data point the LOESS smoothing function is computationally

intensive.
Instead of performing the locally weighted linear regression for every data point,

an equivalent acausal finite impulse response (FIR) filter was found. The equivalent FIR
filter is found by examination at the discrete impuise response of the LOESS smoothing
function. A smoothing span of n =7 was used to filter velocities before the second
discrete derivative was taken. As interpreted from the chart below, the -3 dB corner

frequency of the equivalent FIR filter is 13.51 Hz.
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LOESS Frequency Reponse (n=7)
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Figure 3.4.3 Frequency response of LOESS equivalent FiR
filter. The (-3 dB) corner frequency is 13.51 Hz.
3.4.5 Discrete Derivatives of Time

Gait data is sampled at a rate of 120 Hz, for many analyses in this thesis it was
necessary to differentiate this data with respect to time. The time derivative can be
approximated with the first difference equation.

Given a dataset % = [x,,x,,...,X,_;, Xy | with sampling interval At.
Then the first difference equation approximation of the time derivative is:

X, z—(xk "xk—l)
At

Taking the z-transform of the derivative approximation yields the following

transfer function between the derivative estimate and the original dataset:

Xzl pr- (Z_'_lj

X[z] —_A—t Z

This derivative estimate is quite sensitive to high frequency noise; the frequency
response plot of the first difference equation with a sampling rate of 120 Hz is shown

below.
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Figure 3.4.4 Frequency response of the first difference
equation estimate of the time derivative.

Given the high-frequency sensitivity of the first difference equation derivative

estimate, it is common to complement this filter with a suitable low-pass filter.

Where x, is the causal first difference equation derivative estimate as given
above, the filtered acausal derivative estimate is given by:

Y 1. 7 . 7. 1.
X = _'l_z"xk—x +Exk +Exk+l _l_z—xk+2

The z-transform of the new derivative estimate equation is:

2 -2 +7722+7z-1
) Z 5
X[z] 127

The new frequency response of the low-pass filtered derivative estimate is:
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Fittered First Difference Equation Frequency Response (Fs = 120 Hz)
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Figure 3.4.5 Frequency response of the filtered first
difference equation estimate of the time derivative.

The total transfer function from the dataset to the filtered derivative estimate is

shown below:

Xl plple)= = (_ P Hj

x[z] 12A¢ z*

The difference equation for the above transfer function is:

./

X (_ Xiya T 8X —8x, + X, )

T 12A1

Since the above difference equation is acausal, it cannot be used at the
beginning or end of the data record to be differentiated with respect to time. In those
cases for x = [xl s Xy sy Xy s Xy ], the following difference equations were used:
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Ar
k=N-1
, 1(1 2 1
N-1 —Z;(EXN—s —g'xN—2 +EXN—1 + xN)
k=N

3.5  Determining Gait Events

During subject testing, a range of one to three total gait cycles of data was
acquired. In order to analyze each gait cycle independently, it is necessary to partition
the total dataset in to sub-datasets for each gait cycle. The gait cycle is defined by
consecutive heel-strike events of the right foot. The problem arises however, that only
one true heel-strike event is recorded by the right force plate. Additional ground
contacts of the right foot, as well as toe off events must be estimated from kinematics.

3.5.1 Heel-Sirike and Toe-Off from Force Plate Data

Determining heel-strike and toe-off gait events from force plate data is relatively
simple. The vertical component of the normalized ground reaction force is analyzed,

and a heel-strike or toe-off event is triggered if the magnitude crosses a critical value.

Given the ground reaction force from a force plate F, = |F_, F W F, J the
normalized ground reaction force vector is:
A 1

A

tot
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An arbitrary crossover value of 0.05 normalized units was selected to determine
the heel-strike and toe-off events. A sample normalized vertical ground reaction force

plot, and the subsequent foot-contact events are shown below in figure 3.5.1.

Determing Heel-strike and Toe-Off
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Figure 3.5.1 Determining heel-strike and toe-off events from
normalized vertical ground reaction force data.

3.5.2 Estimation of Gait Events

The heel-strike and toe-off events were reasonably simple to determine when
working within the gait cycle in which contact was made with the force plates. As there
were only two force plates in use, for the right and left foot respectively, additional foot-
contact events must be estimated from kinematics. Heel-strike and toe-off can be
reasonably determined by analysis of the vertical position of the heel and toe markers
respectively.

There is some degree of misalignment of the camera system so that any subject
appears to be walking downhill slightly as they walk along the walkway in the motion
laboratory. If a vertical marker position is to be used to estimate gait events, then this

must first be adjusted.
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1. With toe marker position p,, = lpx, p,s pZJ find a general estimate of foot

contact by examinationof p and p,. If pyi <0.05 m/s and |pz| <0.02 m/sthen

assume that the toe is on the ground.

2. Using only data from the roughly determined foot contact phase fit a linear curve
to p, versus p,: p, =m-p, +b

3. Let p be the adjusted vertical position so that p, = p, —m- p,

4. If ¢, isthe previous calculated time at toe off from force plate data, then the
predicted time at the next toe off is calculated from the negative to positive zero

crossing of p) - p;(t,mﬁ ).

Sagittal View of Adjusted Toe Marker

T T

Autocorrelated toe-off from kinematics

0.1

0.05¢

Adjusted Vertical Position (m)

Toe-off predicted from force plate data

0 L 1 1

-0.5 0 0.5 1
Horizontal Position {m)

Figure 3.5.2 Estimation of toe-off from kinematical data
for the toe marker.

Although the velocity of marker position data was used to determine roughly
when the toe or heel was on the ground for adjusting position data, the position data
were used for estimating gait events because of higher accuracy. The process for heel-
strike would be the same as outlined above, only the heel marker would be used

instead.
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3.6 Body Modeling

The human body is a complex system consisting of a semi-rigid structure of 206
bones, cartilage, and tendon, covered with muscle and other soft tissue. In order to use
motion capture data to derive meaningful quantitative information about subject gait a
simplified mulit-segment model of the body must be used.

As early as 1680 Giovanni Alfonso Borelli estimated the location of the body
center of mass by placing cadavers on a rigid platform and balancing them on a knife
edge. Most efforts in body segment parameter estimation have involved work with
cadavers to estimate the mass and mass center location of partitioned body segments
(Dempster 1955, Chandler et al. 1975). Whitsett (1962) and Hanavan (1964) used a
geometric model of the body consisting of spheres, ellipsoids, cylinders, truncated
cones, and rectangular parallelepipeds along with body density information to predict
segment mass, center of mass location, and moment of inertia for as many as 15
different segments. Zatsiorsky (1990) used a gamma ray scanning method to estimate
body segment parameters for 16 body segments. The Zatsiorksy body segment
parameter estimates were calculated from a large sample size of young college-aged

subjects and were used to define the segment parameters in this thesis.

3.6.1 Segment Coordinate Frames

The body segment coordinate frames for the feet, shanks, thighs, hands,
forearms, and upper arms were located and oriented directly from the modeled bones
from Vicon BodyBuilder. The orientation and location of the pelvis, abdomen, chest, and
neck-head were calculated using direct marker data since the 16 segment model used is

slightly different from the Vicon software model.
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Table 3.6.1 Body Segment Coordinate Frame Location and Orientation

Segment Segment - .
Nugmber Name Origin xaxs
1 R. Foot Right Calcaneus Anteriorly toward the acropodion
2 L. Foot Left Calcaneus -
3 R. Shank Right Knee Joint Center Distally toward the ankle joint center
4 L. Shank Left Knee Joint Center -
5 R. Thigh Right Hip Joint Center Distally toward the knee joint center
6 L. Thigh Left Hip Joint Center -
7 R. Hand Right Wrist Joint Center Distally toward the 3rd dactylion
8 L. Hand Left Wrist Joint Center -
9 R. Forearm Right Elbow Joint Center Distally toward the wrist joint center

10 L. Forearm
11 R. Upper Arm
12 L. Upper Arm
13 Pelvis

14 Abdomen

15 Chest

16 Head

Left Elbow Joint Center

Right Shoulder Joint Center

Left Shoulder Joint Center

Omphalion Projection to Body Center
Xyphoid Process Projection to Body Center
Cervicale Projection to Body Center

Center of Head Markers

Distally toward the elbow joint center
Inferiorly toward the center of the hips
Inferiorly toward the omphalion
Inferiorly toward the xyphoid process
Inferiorly toward the cervicale
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Figure 3.6.1 Sixteen segment body Figure 3.6.2 Local coordinate

model based on the Zatsiorsky body frames origins designated L. Axes
segment parameter estimates. oriented as shown.
3.6.2 Body Segment Parameter Estimation

Once coordinate frames have been defined we are able to model each of the
sixteen segments of the body using predictions of: segment mass, longitudinal center of

mass location, and radius of gyration. Zatsiorsky et al. (1990) published body segment
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parameter data based upon subject anthropometric measurements. De Leva (1996)
published adjustments to Zatsiorsky’s data in which the radius of gyration and
longitudinal center of mass location was based upon segment length. The de Leva
adjustments allowed much more natural segment coordinate frame placement since
typical segment lengths were defined between joint centers and not anthropometric

landmarks.

Segment BSPs are calculated as follows for segment & :

mk = ak 'Mmtal
ﬂklong2 O O
Li=m 1> 0 B~ 0
0 0 ﬂktran2

Where «, is the percentage mass coefficient for the k" segment, 8, .. ,
B ., -and B, . arethe sagittal, transverse, and longitudinal radii of gyration
constants respectively, taken from table 3.6.2.

Table 3.6.2 de Leva adjustments to Zatsiorksy body segment parameter estimates.

Longitudinal

Segment Endpoints Mass CM Position Sagittal r Transverse r  Longitudinal r
(%) (%) (%) (%) (%)
Origin  Termination F M F M F M F M F M
Head VERT CERV 6.68 6.94 4841 50.02 2710 30.30 29.50 31.50 26.10 26.10
Upper Trunk CERV  XYPH 15.45 1596 50.50 50.66 46.60 50.50 31.40 32.00 4490 46.50
Mid Trunk XYPH OMPH 1465 16.33 4512 4502 43.30 4820 3540 38.30 41.50 46.80
Lower Trunk OMPH HJCC 12.47 1117 48.20 61.15 43.30 6150 4020 55.10 4440 5870
Upper Arm  SJC? EJC 255 271 5754 5772 27.80 2850 26.00 26.90 14.80 15.80
Forearm EJC® wJC 1.38 1.62 4559 4574 26.10 27.60 25.70 26.50 9.40 12,10
Hand WJC® DAC3® 056 0.61 3427 36.24 2440 28.80 20.80 23.50 1540 18.40
Thigh HJC® KJC 1478 1416 36.12 4095 36.90 3290 3640 3290 1620 14.90
Shank Kac! AJCH 4.81 433 43.52 4395 26.70 25.10 26.30 24.60 9.20 10.20
Foot HEEL" TTIP 1.29 1.37 4014 4415 2990 2570 2790 2450 13.90 1240

a Shoulder joint center, b Elbow joint center, ¢ Wrist joint center, d 3™ Dactylion, e Hip joint center, f Knee joint
center, g Ankle joint center, h Calcaneus of the heel, i Acropodion.

Segment masses are defined as a percentage of total body mass. Segment longitudinal center of mass locations and
radii of gyration are defined as a percentage of the segment length from origin to termination.
Once coordinate frames have been defined we are able model each of the
sixteen segments of the body using predictions of: segment mass, longitudinal center of

mass location, and radius of gyration.
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3.6.3 Locating Body Segment Centers of Mass

The segmental coordinate frames are typically located at a proximal joint, e.g. the
shank coordinate frame is located at the knee joint center oriented with the x-axis distally
toward the ankle joint center and the z-axis normal to the sagittal plane. It is necessary
to transform the segment mass center in the segmental coordinate frame to the global

coordinate frame during gait analysis.

The center of mass for segment & can be located in the global frame:

Given T, , the homogeneous transformation matrix from the k" coordinate

frame to the lab frame, then:
%, =H T -[v,-1,,001]

Where v, is the longitudinal center of mass position scalar from table 3.6.2.

3.6.4 Body Center of Mass

A point of particular interest when studying gait is the motion of the body center
of mass (BCM). The BCM is the mass weighted average of the 16 body segments
divided by the total body mass.

Given m, , the mass of the k" segment and ¥, , the position of the k" segment
mass center in the global frame, then:

16
Mml = ka
k=1

1 I
Xeem = I; zmk "Xy
tot k=1
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3.6.5 Body Linear Momentum

The linear momentum of the body is the derivative of the BCM multiplied by the
total system mass, or it can be calculated in series form taking the derivatives of the

individual segment mass locations.

Let p, be the linear momentum of the £ segment.

ij =m _d_(jc")—_-m X—'
k kdt k k k

Then:

16
P = ka Xy =M, - Xpoy
k=1

3.6.6 Body Angular Momentum

Calculating the total body angular momentum is not nearly as simple as the
linear momentum. The inertia tensors for each segment must be transformed to the
global coordinate frame and multiplied by the angular velocity of the respective
coordinate frames, then summed with the angular momentum of each segment mass
center about the BCM.

Let I:k be the angular momentum of the k" segment about the BCM, and given
R{ , the 3x3 rotation matrix from the k* coordinate frame to the lab frame.

L =L +L

Ly romore =My ’(xk ~ Xacu )X(xk —xBCM)
2 . pk 0
Lklocal “Ro 'Ik 'Rk Wy

k remote k local

Where @, is the angular velocity of the k" coordinate frame and , is the inertia
tensor of the k" segment with respect to its coordinate frame.

Finding the local component of the angular momentum involves the rotation
matrix, inertia tensor, and the angular velocity of the segmental coordinate frame.
Determining the angular velocity of the segmental coordinate frame involves some

additional steps.
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3.6.6.1 First Method

Using the inverse fundamental yaw-pitch-roll formulation as described in section
3.4.3.2, three angles describing the orientation of the coordinate frame 6,, 8, , and 6,
are found.

Where:

YPR(‘93 ,6,.6, ) = Rz (63 )Ry (62 )Rx (‘91 )

Then the @, can be calculated:

0 0 7}
o, ={ 0 |+R, (93) 6, +R, (‘93 )Ry (02) 0
0, 0 0

3.6.6.2 Second Method

Alternatively the angular velocity can be found be differentiating the 3x3 rotation
matrix R} with respect to time and multiplying by R]. The added advantage of this is
that the elements of the rotation matrix R; should change in a continuous manner and
will not suffer from any wraparound issues as ¢, , ; goes from 0...27 or from any issues
surrounding gimbal lock. The second method of calculating angular velocities was used
in all analyses for this thesis.

W= (&) R!

Where W is a skew-symmetric singular matrix:

0 -o o,
W= o, 0 -w,
-0, o, 0
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Comparison of Methods for Calculating o
3 T T T T T T

w

3

&

2

3

[

>

3

3

(o))

c

<
2L ----- Method 1 ; .

Method 2 i
3Le 4 1 ] 1 : t
1.2 1.4 1.6 1.8 2 2.2
Time (s)

Figure 3.6.3 Comparison of two methods to calculate the angular velocity
of the segmental coordinate frame with respect to the global coordinate
frame. The first method has problems when the derivatives of the rotation
angles are used. Using the second method ensures smooth velocity plots
and no extra data processing is necessary to remove data artifacts.

3.6.7 Gait Energetics

The total energy in any system of objects is naturally partitioned into gravitational

potential energy, translational kinetic energy, and rotational kinetic energy.

16
Epntential = Z m, g.i?(3 )k

k=1

161

kin—translational = E mk
k=l

T
X

E

Xi

E

kin-rotational

B 16 1 T 0~
—ZEWk ROIkRkwk

k=1

By the Kénig theorem, the translational kinetic energy can be decomposed into
the kinetic energy of the body center of mass and the kinetic energy of the body
segments with respect to the BCM.

16 16
E _ 1 ~ T _ IM A T 1 - T~
kin—translational — 2 ,Emkxk X = 5 worXscm Xgem T 2 :Emk'xk—BCM XM

k=1 k=1
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Total system energy is partitioned into two quantities: external energy associated
with the movement of the BCM and internal energy associated with the movement of the
segments about the BCM.

T

- 1 -
EExternal = Mtot gx(3)BCM + EMtothCM xBCM

Eiema = i_l-mk j‘k—BCM Tx—.‘k—BCM + il@kTRg I, R/?CT)I:
i1 2 i1 2
Gait analysis has revealed that partitioning of the external energy into that which
is associated with the vertical axis (vertical kinetic and gravitational potential) and the
energy associated with the horizontal axes (forward kinetic energy) results in two energy
curves which are roughly equal in magnitude and out of phase (Saibene 1990).

- 1 =
Ey tverna =M 1 g'x(3)BCM + 'Z'Mm:x(z')BCM :
1 - 1 -
EHoriz—Exlemal = EMIOI 'x(]')BCM ’ + _Z-Mlol'x(z)BCM ’

When this analysis is expanded to include the internal energy as well, the resuits
are not nearly the same; the internal energy tends to be in phase with the gravitational
potential, so the two energy curves do not cancel nearly as well.

16

Eyer o =My gx(3)BCM + ngkx;(:s)k
k=1
16

1 - - S1 . _
E gorie—tora = ngk (x(l)k2 + x(z)k2 )+ Zga)kTRg I, Rl?a)k
; =1

k=1

3.6.8 Joint Torque Calculations

The joint torques were calculated for the right ankle, knee, and hip joint using a
recursive Newton-Euler algorithm. The recursive Newton-Euler algorithm works well for
articulated systems like the leg. The forward pass of the algorithm progresses from the
base to the last link calculating link accelerations and velocities. The reverse pass
proceeds in the opposite manner from the last link towards the base calculating reaction
torques and forces. Since the joint accelerations and velocities are already known from

previous steps, the forward pass of the Newton-Euler algorithm can be bypassed
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altogether and only the reverse pass is used. The foot is assumed to be the last link of
the articulated chain, and the ground reaction force data are used to calculate the load
and torque applied to the last link.

Let:

@,, @,,and @, be the angular velocity of the right foot, shank, and thigh.

%, X,, and X, be the global frame mass center locations of the right foot, shank,
and thigh.

P.. P,, P;,and p, be the global frame locations of the right foot center of
pressure, ankle joint center, knee joint center, and hip joint center.

Fo be the negative of the ground reaction force measured from the right force
plate.

7, be zero as there is no external torque applied to the foot if the ground reaction
force is applied at the center of pressure.

Then:
fork =1:3
Af =X, — Dy
AS, = Py = Pin
Fk = FH +m, -[O,O,g]T +m, -5?',(
7, =7, —(AF, + A5, )X F, + AF, X F, , + R\ R, + @, x (R, R, )
end

The 7 calculated are in the global coordinate frame, the torque must be
transformed back into the segmental coordinate frame:

Y
T, =R, 7,

3.7  Nonparametric Statistical Methods

Nonparametric statistics are based on data descriptors such as median, mode,
and range, which differ from conventional parametric statistics of mean, standard

deviation, etc. Nonparametric statistics are best used when analyzing data sets that
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are small and where very little is known about the data distribution. Ten subjects were
involved in testing, and at most only seven trials were conducted per weighting
condition. If certain trials had to be rejected in post-processing the sample size was
even lower. Since the sample size is small, the variances of the gait parameters are not
well understood so that no conclusions can be made about their distribution.
Additionally, nonparametric statistical comparisons are typically less powerful than their
parametric counterparts; however is an aid in this research as it helps to isolate only the

most salient differences between data sets.

3.7.1 Wilcoxon Matched Pairs Signed Rank Test

Wilcoxon (1945) presents a method that allows a repeated measures analysis of
variance test. This test is very powerful as it can tell can tell us not only that a difference
exists between two sample sets, but quantitatively the magnitude of the difference

between the two as well.

Given two data sets X and ¥ where each pair of measurements (X,,Y,) is from
the same subject. The null hypothesis is that the median difference between X
and Y is zero. That is:

M, =median(}7—)?)
H,:M,=0
H :M,#%0

The steps then to determine whether to reject the null hypothesis with « level

significance are:

1. Obtain the signed differences
D =Y -X,

2. Rank the absolute values of the signed differences

,Dil = IYi -X il

B = rank(]D,.I)
3. Assign each of the ranks with the sign of the differences

g = Sgn(Di)'ﬂi
4. The test statistics for one-sided tests are the sum of the ranks with

the same sign
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5,8,>0

N
T, = - where =
* ;Z‘ i {O, otherwise

2 [l <o
L= ;Z, where % = {O,otherwise

5. For the two-tailed test, the test statistic is the minimum of 7, and
T.

T = min(T,,T.)

6. For ties of | D, the average of the ranks that would otherwise be
assigned is given to them.

7. Reject H, with « level of significance if calculated test statistic 7
is smaller than or equalto 7, ., calculated from sample size n
and tabulated data. (see appendix).

3.7.2 Signed Rank Test Median Confidence Intervals

It is of principle interest not only to predict that the median difference between
two sets of observations is non-zero, but also to predict the magnitude of difference of
medians and confidence intervals surrounding that estimated difference.

The steps to calculate the estimated median and corresponding confidence intervals are:

1. Obtain the signed differences

D, =Y, - X,
2. Calculate every possible average of combinations of D
fori=1:n
forj=i:n
u(i—l)n+j—%(13—i) = %(Di + Dj)
end
end

There will be a total of %(n2 + n) total averages.

3. The median of # will be the estimate of the median difference of

populations.
M, ;= median (i)
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4. For a two-tailed confidence interval for (1- &) confidence use
tabulated data tables for sample size nand P=0.5-a to
determine T, -

5. The endpoints of the (1- &) confidence interval are the K*
largest and smallest values of i .

K = 1 + Tcritical
i’ = sort(ii)
) —7 o =t
Mmin =Ug, Mmax =U, g

3.8 Gait Parameter Definitions

This section contains a general review of how various gait parameters were
defined. Section 3.8.1, 3.8.2, 3.8.3 define the peak kinematic and kinetic parameters for
the ankle, knee, and hip respectively. Section 3.8.4 details the general stride
parameters and their definitions. Section 3.8.5 contains additional definitions for body
center of mass movement, root mean square signal strength, signal cancellation, and

energy recovery.
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3.8.1

Joint Moment (N*m/kg) Joint Angle (degrees)

Joint Power (W/kg)

120

100

80

60

Ankle Parameter Definitions

i’eak terminal stancé: dorsiflexion ] _ :
: ; ! Peak swing dorsiflexion

%

Pea:k loading response blantarﬂexion : : :
- § : j 3 Peak swing plantarflexion -

Peak dorsiflexion moment during stance

<

Fffeak loading responiSe

4 plantarflexion moment 4
- ! Peak pré-swing -
: / power generation
a Peak terminal stance: .
: power absorption J ; :
Peak loading response : i
pow{zr absorption §
/ i : 5
5 , E . : i s .
0 20 40 60 80

Figure 3.8.1 Ankle parameter definitions for angle, torque, and power.
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3.8.2

Joint Moment (N*m/kg) Joint Angle (degrees)

Joint Power (W/kg)

60

40

Knee Parameter Definitions

T - T b T . T

Mid-stance pea}( flexion

Mid-e.ftance peak flexion

Anglé at toe off

! : ! : 4 s r
Angle at heel strke 1 i : i Terminaliswing
: : Terminal stance : peak extension
peak extenswn 5 : :

Loadlng response peak flexion momer:t Terminal swmg peak flexmn moment

Termlnal stance pea-k flexion moment

=

zr

Initial swing peak extension moment

X

:  Mid-stance peaﬁ: extension mon‘f;ent
Loadmg response peak bower gen.
M:d-stance peak power gen.

Pre-swing peak power -gen

f\ l Mld-swmg peak power gm

|2 Terminal stance peak powef abs, Termmal swing peak] power abs
; Loadmg response peak power abs Initial ?W'”g peak power abs.
. . |

0 20 40 60 80

Figure 3.8.2 Knee parameter definitions for angle, torque, and power.
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3.8.3 Hip Parameter Definitions

40 3 T 2 T : ! : T
Angle at heel strike | ; 3 :

»

Afngle range

Joint Angle (degrees)
o

N

Anglé at toe off

-40 Peak flexioin 1
Stancé peak flexion momént : :
1 k : : 3 = 4 ]
. Swing ;ieak extension %noment
B : : : \ |
E 5
< A
g :
s \/
£-05F ; ! : V
= Swing peakgflexion moment
_1 L : : J
Staﬂnce peakf flexion rﬁoment
2r : Initial swing peak power gen. i
ega . Pré-swing peak power gen.:
2 4t :  Mid-stance peaK power gen. : 4
5 : ) :
g :
2 ;
E 5
5 0 S
=2 : ; ‘A -
Terminal swing peak power dbs.
: *,;-Terminelil stance peak power abs.
_1 1 1 1
0 20 40 60 80 100
Figure 3.8.3 Hip parameter definitions for angle, torque, and power.
3.8.4 Stride Parameter Definitions
Step Length: The distance between the feet during double support from a

common reference point, e.g. the heel.
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Stride Length: The distance traveled by the foot during one gait cycle.

Step Time: The time from toe off to heel strike, i.e. the duration of swing
phase for one leg.

Stride Time: The period of the gait cycle.

Walking Speed: The average forward velocity of the body center of mass averaged

over the gait cycle.

Figure 3.8.4 Methodology for determining stride length and step length.

Step Length

Stride Length

3.8.5 Additional Parameters

3.8.5.1 BCOM Distance from Linear Fit

There is some misalignment in the camera system used to acquire marker
kinematic location data. To account for this misalignment and for the likelihood that
subjects did not walk perfectly along the positive y-axis of the lab frame, body center of
mass motion (BCOM) parameters were based upon the residuals from the linear

regression of the body center of mass location.

Given the center of mass location X, and time vector 7 , where:

- 1 i _
X =— m, - X
BCM Mrm o= k k
i [
Let:

Xpem = [X(I)BCM 155(2)304 ""’X(N)BCM ]3><N
e [t_"',ones(N,l)JN><2

Then the distance of the body center of mass away from the linear fit is:
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_ _ r
X = Xpem _(T'(TT 'T) 1 -T" 'XBCM)

3.8.5.2 Root Mean Square Parameters

The root mean square of a signal is a general estimate of the magnitude of that
signal. In the discrete case, it is equivalent to the standard deviation of a sample set if
the mean is zero. The root mean square (RMS) of various torques, powers, and angular
momentums was examined to determine if there was some information about the gait
data that would not ordinarily be determined by just determining the maxima and
minima.

Given a signal x, where:

)‘c=[x1,x2,...,xN]

Then the root mean square of X is:

Xrms = [“"

3.8.5.3 Percent Signal Cancellation Parameters

Z|—
D=
Rk

N
=

In analysis of the angular momentum of the body segments about the body
center of mass, it was determined that a metric was needed to determine the degree to
which the signals cancelled each other. From that need, an equation based upon
individual and summed signal variances was postulated, that has been used quite often

in this thesis with good results.

Given N signals in time:

XXy, Xy
Where:

Xy = [xkl’ka""’ka]
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Then the percentage signal cancellation of the N signals is:

2
P=100-1- O 142+..4+N .
(o0,+0,+...+0,)

Where o, , the standard deviation of the k" signal is;

O RO >2)%

i=]

3.8.5.4 Percentage Energy Recovery Parameters

Normal walking involves a cyclical energy transfer between gravitational potential
and kinetic energy of the body center of mass (Willems et al. 1995). Energy recovery is
a metric of how efficiently energy is converted from one form to the other; if the
gravitational potential and kinetic energy are inverted versions of each other recovery
will 100%. The definition shown below has been extended for any arbitrary number of

energy partitions.

Given N energy signals in time:

Where:

E = [Ek,l ’Ek,2""’Ek,M ]

Let:

Then the percentage energy recovery for the N signals is:

R — ].OO . 1__ VVHZJr..ﬁM
W +W, +...+ W,
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3.9  Virtual Mass Analysis

In experimental subject testing at the Motion Laboratory, subjects walked under
two distinct load conditions: normal unloaded walking and walking with a 5 kg mass on
the right leg. Thus, there were two kinematic datasets of interest. In the analysis of
each kinematical data set a model of the body was used that should be a reasonable
approximation of the true morphology. Using each kinematic set of data two abiologic
analyses were performed: normal kinematics with a virtual mass placed on the right shin
and loaded kinematics without the 5 kg mass. Comparisons of the loaded dataset
versus the normal dataset are necessary to determine the presence of any invariant
parameters due to added mass; however these comparisons were not very useful in
elucidating the chief components of the biologic performance criterion because they
represent two separate optimal loading conditions and an ideal comparison would be
between an optimal and suboptimal solution.

The assumption has been made that each kinematic data set represents an
optimal solution for their respective morphologies, i.e. loaded and unloaded. So that
placing a virtual mass on the shank during analysis will represent a suboptimal solution
for use in comparison to the true optimum. This method is a stronger approach than
using any arbitrary kinematical dataset and concluding that it is suboptimal since the
source of the data is a true biologic gait pattern, and it is assumed that unloaded
symmetric walking is a “starting point” which will then be reorganized to optimize the
performance criterion. While this mode of analysis can never be powerful enough to
validate a suggested cost function; it can be used as a method to reject potential cost
functions. If a kinematic solution is presented as the optimal solution to the biological
optimization problem, then the solution is true if and only if all other solutions have a
higher evaluation of the objective function. So that, if at least one solution has a lower
cost the solution can be rejected. Since it is assumed that the dataset for loaded
walking consists of a true solution, then the converse can be applied that if at least one
known suboptimal solution results in a lower evaluation of the cost function, then the
cost function can be rejected. Furthermore, the general assumption is made that the
gradient is sufficiently steep from the known suboptimal solution to the optimum that
individual parameters of the cost function can be evaluated in an effort to reveal the chief

components of the biologic cost function.
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Solution

Cost Function

Figure 3.9.1 Virtual mass analysis logic. If at least
one solution can be found that has a lower value of
the cost function than the known solution, the
solution can be rejected, or using the converse the
cost function can be rejected. The weighted gait
pattern is assumed to be a true solution, so by
comparing known suboptimal solutions virtual mass
analysis can be used as a method to reject
potential suggested biologic performance criteria.
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4 Results

This chapter presents the gait parameters from the unloaded walking data, the
adaptive loaded data, and the virtual non-adaptive loaded data. The adaptive loaded
data is from walking at a self-selected speed while wearing a 5 kg mass attached to the
right shin. The non-adaptive loaded data in contrast is generated by placing a 5 kg
mass on the right shin during analysis using the normal unloaded walking kinematic data
and recalculating the dynamics. The Wilcoxon rank sum test is performed to compare
the adaptive loaded data and non-adaptive loaded data with the normal dataset.

Confidence intervals and significance levels are presented for the comparisons.

4.1 Kinematic Gait Parameters

The kinematics of the lower body were examined in order to quantitatively verify
the deviations in gait pattern due to the inertial load on the right leg. Thigh, knee, and
ankle rotation angles and angular velocities were studied at various points throughout
the gait cycle. Various maxima and minima of the angles for the thigh, knee, and ankle
respectively were found, and the temporal parameters associated with the

maxima/minima.

-71 -



411 Ankle Kinematic Data

The ankle shows little variation kinematically due to the added mass. There was
a decrease of 42 in peak swing plantarflexion. The results show a deviation of -2.2% of
a gait cycle in the time at the peak mid-stance dorsiflexion. This result is consistent with
other results of a general reduction in the stance phase by approximately 2% of the gait
cycle. Additionally, the examination yielded deviations of -2.3% and -7.1% of the time at
peak swing ankle plantarflexion and time at peak swing ankle dorsiflexion respectively.
The deviation in time at which peak plantarflexion occurred is roughly the same as seen
in the peak stance dorsiflexion and is consistent with a general shift in the timing of the
stance phase of the gait cycle.

Data Type Nomal Weighted Nomnal vs. Weighted
Mean Range Mean Range P-Values Est Median Diff 95% Confidence Interval
Loading response peak ankle plantarflexion (deg) 8060 1098 8013 1357 0557
-é, Terminal stance peak ankle dorsiflexion {deg) 99.84 786 10081 10.45% 0322
S |Swing peak ankle plantarfiexion {deg) 6815 2168 7330 2073 0.020 395 164 .. 958
Swing peak ankle dorsiflexion (deg) .. ... ... 9045 691 9228  11.08) 0375 ..
+ |Time at loading response peak ankle plantarflexion (% GC) 6.04 2.54 5.66 238! 0.432
'g Time at terminal stance peak ankie dorsiflexion (% GC) 47.52 8.76 4531 B.SOE 0.004 -2.22 -2.88 .. -1.61
QE, Time at swing peak ankle plantarflexion (% GC) 63.45 857 61.08 6.765 0.002 -2.29 -3.27 .. -1.67
= Time at swing peak ankle dorsiflexion (% GC) 88.67 1505 81.05 12,35; 0.002 -7.05 -12.51 ... -2.79

Table 4.1.1 Ankle kinematic data for normai and right ankle loaded gait. The means and
range for the ten subjects is presented. The p-value for the Wilcoxon rank sign test and the
estimated median difference and 95% confidence interval on the median difference are
presented. A positive estimated median difference indicates that the loaded case has a
higher median.

4.1.2 Knee Kinematic Data

The peak mid-swing flexion angle is the only statistically significant change in the
knee angle; the maximum flexion during swing for the loaded test is an on average 7.5°
smaller than during the unperturbed normal walking test. An examination of the angular
velocity of the knee produces some interesting results. During loading response flexion
and mid-stance extension, the loaded study has a greater angular velocity than the
normal study. However, during swing and pre-swing significantly lower angular
velocities for the loaded data set are seen. There is a general change in the temporal
parameters by approximately 2% of a gait cycle as described earlier. The time at toe off

is an estimated 1.7% earlier for the loaded case as compared to the normal case.
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Additionally, the time at terminal swing maximum extension is also deviated by
approximately -1.9%. Thus, while the stance phase is compressed by 1.7%, the swing
phase from toe off to maximum terminal swing extension is unchanged, i.e. the swing
phase is only shifted in time and not compressed.
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Angles

Angular Velocities

Temporal Parameters

Data Type Nomal Weighted Normal vs. Weighted
Mean Range Mean Range P-Values Est Median Diff 95% Confidence Interval

Knee angle at heelstrike (deg) 3.62 9.353 3.10 10.935 0.557
Knee angle at toe off (deg) 31.58 16.305 31.17 17.71,: 0.557
Mid-stance peak knee flexion (deg) 15.12 20.715 16.55 23.585 0.064
Mid-swing peak knee flexion (deg) 56.17 13.69' 48.37 22300  0.002 7.50  -11.32 .. 4.70
Terminal stance peak knee extension (deg) 0.98 15.675 0.54 13.94,: 0.375
| Teminal swing peak knee extension (deg) ________._________._.__ 229 834 109 898 0822 ...
Initial swing peak knee angular velocity (deg/s) 316.31 74.395 251.94 56.58E 0.002 -58.65 -90.77 44.76
Knee angular velocity at toe off (deg/s) 309.86 69.41! 251.94 56.58 0.002 -52.61 -82.30 41.18
Loading response peak knee angular velocity (deg/s) 132.85 115.36! 151.69 127.59) 0.037 23.32 1.02 30.57
Mid-stance peak knee angular velocity (deg/s) 84.32 74.65 10456 91.65 0.002 17.39 12.01 ... 30.38
Pre-swing peak knee angular velocity (deg/s) 310.90 69.41; 255.96 70.502 0.002 -49.87 80.53 ... -34.61
|9wing peak knee extension anqular velocity (deg/s). ... ...} # 1.-.1.7...:tﬁ-pz,f..ZQZ;o:%..J.S.u9,5..... 006, _..... 8229, 8364 ...:23.36 ..
Time at initial swing peak knee angular velocity (% GC} 62.05 3.04, 59.24 5.34; 0.004 3.19 -3.65 ... -1.62
Time at loading response peak knee angular velocity (% GC) 3.92 4.773 3.76 2.073 0.557
Time at mid-stance peak knee angular velocity (% GC) 23.84 10.093 21.06 6.995 0.027 -2.95 -5.24 ... 0.58
Time at mid-stance peak knee flexion (% GC) 13.08 506 12.34 3370 0.049 0.75 -1.39 .. 0.07
Time at mid-swing peak knee flexion (% GC) 7228 527 69.8 634  0.002 2.42 3.03 .. -1.76
Time at pre-swing peak knee angular velocity (% GC) 60.63 3.325 57.97 4.653 0.004 -2.84 3.52 .. -1.94
Time at swing peak knee extension angular velocity (% GC) 85.69 6.87} 84.56 10.343 0.084
Time at terminal stance peak knee extension (% GC) 39.64 9.32, 37.63 10.26) 0.004 -2.07 -2.86 .. -1.22
Time at ferminal swing peak knee extension (% GC) 97.63 380 9576 3.84; 0.002 -1.88 -2.55 .. -1.27
Time at toe off (% GC) 60.83  3.000 59.04 5.58 0.010 -1.74 -2.65 .. 0.79




4.1.3 Hip Kinematic Data

Similar to the kinematic analysis of the knee, there is only one significant large
change in hip angle. The thigh angle at heel strike is 1.5° greater in the loaded test case
than normal unloaded walking. In examination of the angular velocity at the hip, there is
a significantly lower peak flexion angular velocity. The results from the kinematic
analysis of the knee showed a similar reduction in angular velocities during the swing
phase due to the added mass. Furthermore there was an increase in the peak
extension angular velocity, and a decrease in the total range of angular velocity at the

hip. All temporal parameters occurred earlier in the gait cycle by approximately 2-4%.

Data Type Nomal Weighted Normal vs. Weighted
Mean Range Mean Range P-Values Est Median Diff 85% Confidence Interval

Peak thigh extension (deg) 2171 22.84 2149 2285 0922
% Thigh angle at heelstrike (deg) 23.06 17.58{ 24.62 16,53§ 0.010 145 0.55 .. 2.52
% |Thigh angle at toe off (deg) 14.48 23180 14.55 22.49! 1.000

[Thigh anglerange (deg) . .. . .iiiiaiiaooon 4624 18.89 _ 46.71. . 1550} __ 0878 e
2 |Range of thigh angular velocity (deg/s) 34317 137.72) 32460 116.60!  0.010 -18.65
8" Thigh extension peak angutar velocity (deg/s) 130.80 59.455 143.91 73.355 0.004 12.53
< [Thigh fiexion peak anquiar velooty (d8q/s) .. . ueereeemaeennnsd 21308, 74,211, .181.85,, 60,981 .. 0.002 .. 3081 4320 .
o [Time at peak thigh extension (% GC) 5216 394 49.54 518 0.002 -2.56
§ Time at thigh extension peak angular velocity (% GC) 24.61 14.325 20.67 16.43E 0.004 3.94
= rime at thigh fiexion peak angular velocity (% GC) 66.35 3420 63.83 4.78 0.002 -2.62

Table 4.1.3 Hip kinematic data for normal and right ankle loaded gait. Data mean and
range over ten subjects is presented. The p-value for the Wilcoxon rank sign test and the
estimated median difference and 95% confidence interval on the median difference are
presented. A positive estimated median difference indicates that the loaded case has a
higher median.

4.2  Whole Body Gait Parameters

This section examines the changes in total system gait parameters, e.g.
parameters associated with the total body angular momentum, the derivative of total
angular momentum, body torque, and system energy. The motivation for examining
total system parameters such as this was to determine if any system parameters were

invariant to the inertial disturbance.
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4.2.1 Stride Parameters

No significant changes in stride time, stride length, step length, or seif-selected
walking speed were found. Walking speed was controlled in the experimental protocol,
so this comparison indicates that the self-selected walking speed in the loaded condition

was not statistically significantly different from the unloaded case.

Nomal Weighted Normal vs. Weighted
Data Type Mean Range Mean Range P-val Median Est, Dift

. Val. _{% of norm)
Calculated Stride Time (s) 1.08 O.27§ 1.08 0.28 : 0.375
Calculated Step Time (s) 0.41 0.09: 0.44 0.12: 0.020 0.03 7.05
Calculated Normalized Stride Length (m/m) 078 0143 079 018 0492
Calculated Nomalized Step Length (m/m) 0.38 0,065 0.39 0.13 0.160
Calculated Walking speed (m/s) 1.29 035 127 0.32! 0.375

Table 4.2.1 Stride parameter Wilcoxon rank sign test comparison. Stride and Step length
have been normalized with respect to subject height.

42.2 Body Center of Mass Motion Parameters

The motion of the body center of mass was fitted using a linear least squares
regression method and then the residuals from this regression were analyzed instead of
the actual motion of the body center of mass. The impetus for this type of analysis is
that examining the residuals will account for any errors introduced into the calculations
from a small error in the orientation of the motion capture system. In particular, the
motion capture system shows that subjects walk down slightly as they travel along the
walkway in the motion lab. Examining the unadjusted data to determine the variance in
the vertical position of the body center of mass would produce erroneous resuits.

The coronal root mean square distance of the body center of mass away from
the linear fit is the smallest for the unloaded walking case. The true loaded case has the
second smallest RMS distance, with the loaded kinematic case and the non-adaptive
mass case both having larger deviations from the linear fit. The two synthetic test cases,
the non-adaptive loaded case and the loaded kinematics case, are both greatly higher
than normal by 187% and 105% respectively. That is, that a true biological walking
pattern has less deviation in the forward progression than either a virtually perturbed
pattern or the calculation of the loaded kinematics body center of mass when the 5 kg
mass was not included in the BCOM calculation. In addition to the coronal RMS

-76 -



deviation from the linear fit, there is greater amplitude of deviation from the transverse
plane of the body center of mass of the loaded case versus the normal case. Similarly
to position deviation, there is a greater velocity RMS deviation from the coronal plane of
the body center of mass, with the normal walking case having the smallest RMS velocity
deviation, the true loaded case having the second smallest RMS velocity deviation, and

the two synthetic cases both having higher RMS values.
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Position

Velocties

Position

Veloctties

Data Type Nomal Weighted Virtual Mass Weighted Kin.
Mean Range : Mean Ran@Jgan _Range : Mean _Range
Calculated BCOM Travel during Single Support (cm/m) 60.16 9‘445 60.71 13‘775 60.69 9.513 60.19 1381
Calculated BCOM Travel during Double Support (cm/m) 18.25 4.26, 18.32 537, 17.73 4.38, 1885 5.41
Sagittal RMS of distance of BCOM away from linear fit (cm/m) 0.52 0.69:' 0.50 0.335 0.49 0.685 0.55 0.34
Coronal RMS of distance of BCOM away from linear fit (cm/m) 029 024 043 032 084 068 059 042
Transverse RMS of distance of BCOM away from linear fit (cm/m) 0.62 0.48! 0.67 0.50} 0.60 0,405 0.69 0.54
Sagittal amplitude of distance of BCOM away from linear fit (cm/m) 1.06 1.42{ 1.02 0.615 0.99 1.402 1.13 0.62
Coronal amplitude of distance of BCOM away from linear fit (cm/m) 052 042 084 062 129 098 118 112
[ Transverse amplitude of distance of BCOM away from linear fit fem/m) . 103 .. 086 117 103 103 078 117 ___1.06
Sagittal RMS velocity of BCOM deviation from mean path (cms/ms) 4.59 5.37; 4.65 3.355 4.24 5.28 517 3.43
Coronal RMS velocity of BCOM deviation from mean path (cms/ms) 3.64 3.01 4.49 3.800 574 3.47 577 5.03
Transverse RMS velocity of BCOM deviation from mean path (cms/ms) 7.86  6.26] 828 648 764 561 866 682
Sagittal velocity amplitude of BCOM deviation from mean path (cms/ms) 7.67 856 780 5170 7.02 777 88 527
Coronal velocity amplitude of BCOM deviation from mean path (cms/ms) 6.10 4‘60E 8.03 8.36§ 8.75 4.49; 1039 9.93
Transverse velocity amplitude of BCOM deviation from mean path (cms/ms) 11.79 9.955 12.42 10.815 11.54 8.58: 13.17 11.16

Nomal Nomal vs. Weighted Nomnal vs. Virtual Mass Nomal vs.Weighted Kin.
Data Type Mean P-Val Median Est. Diff PVal Median Est. Diff PVal Median Est. Diff
Val. (% of nom) Val. (% of norm) Val. (% of nom)
Calculated BCOM Travel during Single Support (cm/m) £0.16! 0.557 : 0.002 0.52 0.86i 1.000
Calculated BCOM Travel during Double Support (¢m/m) 18.25! 0.695 | 0.002 -0.52 -2.84 0.004 0.60 3.27
Sagittal RM S of distance of BCOM away from linear fit (cmvm) 0.52! 0.770 1 0.002 -0.03 6.48] 0.232
Coronal RMS of distance of BCOM away from linear fit (cm/m) 0.295 0004 0.15 50.20E 0.002 0.54 186.50i 0.002 0.30 104.88
Transverse RMS of distance of BCOM away from linear fit (cm/m) 0.62) 0.193 1 0,027 -0.02 3.73! 0.027 0.07 11.30
Sagittal amplitude of distance of BCOM away from linear fit (cm/m) 1.06! 1.000 1 0.002 -0.07 £.80! 0.193
Coronal amplitude of distance of BCOM away from linear fit (cm/m) 0.52; 0.002 0.31 60.23E 0.002 0.73 140.073 0.002 0.65 124.95
Transverse amplitude of distance of BCOM away from linear fit (cmim) 1031 0,027 015 147810846 __ . 10027 015 1458
Sagittal RMS velocity of BCOM deviation from mean path (cms/ms) 4.59; 0.770 ) 0.002 -0.35 -7.61) 0.027 0.64 13.93
Coronal RMS velocity of BCOM deviation from mean path (cms/ms) 3.64, 0.006 0.87 23.79; 0.002 200 55.02; 0.002 212 58.25
Transverse AMS velocity of BCOM deviation from mean path (cms/ms) 7.865 0.160 y 0.020 0.22 -2.75; 0.049 0.79 10.00
Sagittal velocity amplitude of BCOM deviation from mean path (cms/ms) 7.673 0.695 E 0.002 -0.64 -8.36) 0.027 1.23 16.07
Coronal velocity amplitude of BCOM deviation from mean path (cms/ms) 6.10; 0.002 1.73 28.282 0.002 2.73 “ 74% 0.002 4.11 67.34
Transverse velocity amplitude of BCOM deviation from mean path (cms/ms) 1" .795 0.275 f 0.131 0027 1 45 1226




4.2.3 BCOM and System Energy Parameters

In the absence of true metabolic rate measurements that evaluate the rate of
oxygen consumption, the main way of estimating gait energy efficiency is by examining
the transfer of mechanical energy in the system. Using the normal unloaded walking
kinematics, a load was placed on the right leg in the analysis and the dynamics
recalculated generating data referred to as the non-adaptive loaded case. The non-
adaptive loaded case had lower gait efficiencies, higher powers, and higher positive
works than both the adaptive loaded and normal test cases. For the non-adaptive
loaded case: the BCOM energy recovery was 32% lower, the RMS power to move the
BCOM was 66% greater, and the positive work to move the BCOM was 51% greater
than normal. Conversely to the non-adaptive loaded case, where all parameters were
significantly worse, the loaded kinematics case had significantly higher gait efficiencies
in some instances. The body center of mass energy recovery for the loaded kinematics
case was 8% greater than normal. All energy parameters for the adaptive loaded case
were significantly poorer than normal; the BCOM energy recovery was 13% lower, the
RMS power to move the BCOM was 22% greater, and the positive work to move the
BCOM was 22% greater than normal.
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Power Efficiency

Work

Data Type Normal Weighted Virtual Mass Weighted Kin.

Mean Range Mean Range Mean Range Mean Range

> BCOM Energy Percent Signal Cancellation (%) 89.12 19‘47§ 77.13 33.41§ 54.48 36,61‘5 88.14 15.40
5 {BCOM Energy Recovery (%) 65.48 30.26) 56.36 3245 44.40 3086 7094 1588
£ |BCOM Potential-Kinetic Energy Recovery (%) 6556 3017 5661 3041 4501 31200 7096 1647
" |Total System Eneray Recovery (%) ... ... 3594 3348 2704 2968 2126 __21.61 4703 _ 3071
Nomalized RMS Total Power 0.036 0.0220 0046 0031 0058 0.037; 0035 0.023

§ Nommalized RMS BCOM Power 0.020 00120 0025 0016 0034 00220 0022 0.021
& |Nomalized RMS Extemal Power 0.020 0012, 0025 0016 0.034 00228 0022 0021
Nomalized RMS Internal Power ] 0020 __ 00141 0027 __0.020: 0030 __0021i 0020 0017
Nomalized System Positive Work 0.038 0.022% 0.049 0.0265 0.057 O 0365 0.035 0.019

¥ |Normalized BCOM Positive Work 0021 0012 0026 0014 0033 0017; 0021 0017
Z [Nomalized Extemal Positive Work 0.021 0.0120 0026 0014 0033 0017 0021 0017
Nomalized Internal Positive Work 0.020 0.0117 0.028 0.019; 0.028 0.01 35 0.020 0.015

Data Type

Nomal Nomal vs. Weighted

Normmal vs. Virtual Mass

Nomal vs.Weighted Kin.

Median Est. Diff

Median Est. Diff

Median Est. Diff

Mean P-Val P-Val P-Val
Val. (% of nom) Val. (% of norm) Val. (% of nom)
BCOM Energy Percent Signal Cancellation (%) 89.12 0.002 -0.11 -12.47; 0.002 -0.35 -39.135 0.322
BCOM Energy Recovery (%) 65.48' 0.002 -0.09 -13.20° 0.002 0.21 31.51) 0.006 0.05 7.84
BCOM Potential-Kinetic Energy Recovery (%) 65.565 0.002 -0.09 -13.045 0.002 -0.20 ~30.593 0.006 0.05 7.75
[Total System Energy Recovery (%) ... 3594 0.002 0.09 2520, 0.002_ -0.14 4019, 0002 _0.11__ _ 30.64
Normalized RMS Total Power 0.036' 0.002 0.010 28.43! 0.002 0.022 61.90; 0.695
Normalized RMS BCOM Power 0.020' 0.004 0.004 2224 0002 0.013 6643 0.375
Normalized RMS External Power 0.020: 0.004 0.004 22.24: 0.002 0.013 66.43: 0.375
|Normalized RMS Internal Power . . ... ... 0.020: 0.002 _0.007 . __ . 3531 0.002_0.009 47.98: 0625
Normalized System Positive Work 0.038 0.002 0.011 29.56: 0.002 0.018 48.81; 0.105
Normalized BCOM Positive Work 0.021; 0.004 0.005 21.81; 0.002 0.011 51,11, 1.000
Normalized External Positive Work 00215 0.004 0.005 21.815 0.002 0.011 51.112 1.000
Nomalized Internal Positive Work 00205 0.002 0.008 39.495 0.002 0.008 41.49; 1.000




4.2.4 System Angular Momentum Parameters

The Wilcoxon rank sign test comparison of the normal and loaded datasets
revealed significant increases of every momentum parameter; the maximum sagittal
normalized spin was 269% greater, the sagittal RMS normalized spin was 160% greater,
and the coronal RMS normalized spin was 96% greater than normal. A similar result
was found when the normal case was compared to the adaptive loaded case; the
maximum sagittal normalized spin was 287% greater, the sagittal RMS normalized spin
was 175% greater, and the coronal RMS normalized spin was only 51% greater than
normal. Calculating the total angular momentum for the loaded kinematics, i.e. angular
momentum for the body not including the 5 kg added mass, revealed only three
significantly different parameters all relating to the coronal plane. There were significant
increases of 35% in maximum coronal normalized spin, 19% in minimum coronal

normalized spin, and 37% coronal RMS normalized spin.
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Data Type Normai Weighted Virtual Mass Weighted Kin.
Mean Range Mean Range Mean Range . Mean  Range
Maximum normalized spin 0.029  0.011 ‘ 0.060 0.025; 0.062 0.032: 0.030 0013
Sagittal maximum nomalized spin 0.015 0007, 0058 0028 0061 0032 0016 0010
Coronal maximum normalized spin 0.011 0007 0021 0012 0016 0008 0015 0010
Transverse maximum normalized spin 0.005 0‘0055 0.010 04008:‘ 0.010 00082 0.005 0.003
Sagittal minimum normalized spin 0.026 0013 0.049 0014 0048 0015 0027 0015
Coronal minimum nomalized spin 0.011 0014 0019 0012 0017 0016 0013 0010
Transverse minimum normalized spin 0.005 0.006; 0.007 0.007 0.007 0.006: 0.005 0.008
RMS nomalized spin 0.015 0.006; 0.037 0.1 33 0.038 0.01 5? 0.015 0.004
Sagittal RMS nomalized spin 0.013 0.007E 0.035 0.01 3E 0.037 0.01 51 0.013 0.006
Coronal RMS normalized spin 0.005 0.006. 0.011 0.006. 0.008 0.007. 0.008 0.005
Transverse RMS nomalized spin 0.004 0.0053 0.007 0.004  0.006 0.006:‘ 0.003 0.004

Nomnal Nomal vs. Weighted Nomal vs, Virtual Mass Nomal! vs.Weighted Kin.

Data Type Median Est. Diff Median Est. Diff Median Est. Diff
Mean P-Val - P-Val

Val. (% of nom) Val. (% of norm) Val. (% of norm)
Maximum normalized spin 0.029) 0.002 0.030 104.46' 0.002 0.032 113.04' 0.193
Sagittal maximum normalized spin 0.01 55 0.002 0.041 269.145 0.002 0.044 286.845 0.695

Coronal maximum normalized spin 0.011! 0.002 0.009 83.84: 0.002 0.005 46.28' 0.002 0.004 34.96
Transverse maximum normalized spin 0.005! 0.002 0.005 93.23! 0.002 0.005 90.90! 0.492
Sagittal minimum normalized spin 0.026; 0.002 0.023 89.26: 0.002 0.022 83.58: 0.770

Coronal minimum normalized spin 0.011: 0.002 0.008 76.75. 0.002 0.006 51.74: 0.004 0.002 18.81
Transverse minimum normalized spin 0.005; 0.002 0.002 37.54: 0.002 0.002 36.24: 0.160
RMS nomalized spin 0.015 0.002 0.021 141.19) 0.002 0.022 148.00. 0.922
Sagittal RMS normalized spin 0.013: 0.002 0.021 159.90: 0.002 0.023 17485 0.193

Coronal RMS normalized spin 0.005 0.002 0.005 95.59. 0.002 0.003 50.83. 0.002 0.002 37.40
Transverse RMS normalized spin 0.004 0.002 0.003 79.93; 0.002 0.003 71.86. 0.105



425 System Momentum Cancellation Parameters

Normal unloaded walking exhibits angular momentum percentage signal
cancellations of 95%, 57%, and 89% in the sagittal, coronal, and transverse planes
respectively. In the sagittal and transverse planes, where the highest degree of signal
cancellation is found, there is a reduction of 10% and 5% in angular momentum signal
cancellation respectively for the adaptive loaded data set. For the non-adaptive loaded
data set, there is a reduction of 12% and 10% in the sagittal and transverse planes
respectively. When examining the loaded kinematics dataset, there was an increase of
1% and 4% in the sagittal and transverse planes and a decrease of 20% total angular
momentum signal cancellation versus normal.

The linear momentum percent signal cancellation is 96% in the coronal plane for
normal unloaded walking, however there were no significant differences between the
normal and adaptive loaded walking dataset. The non-adaptive loaded and adaptive
loaded kinematics datasets have lower percentages linear momentum signal

cancellation in the coronal plane by an estimated 2% and 5% respectively.
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Angular

Linear

Data Type Nomal Weighted Virtual Mass Weighted Kin.

Mean RanggJean Range ‘ Mean Range ' Mean Range

Sagittal total signal canceliation (%) 9524 3.78. 85.10 6.99. 8335 9.15! 96.10 2.79
Coranal total signal cancellation (%) 5712 5350, 3855 2378 4624 4210! 4590 3037
Transverse total signal cancellation (%) 89.08 22.79; 85.01 22.97? 80.71 28.08? 9303 1948
Sagittal upper-Jower body signal cancellation () 1481 1875 441 4200 274 223 3079 4376

_ |Coronal upper-lower body signal canceliation (%) 16.12 34181 472 6610 750 1251 817 2153
3 |Transverse upper-lower body signal cancellation (%) 8693 2780, 8180 2786 7661 3448 9166 2379
g Sagittal right-left body signal cancellation (%) 94.22 4.642 83.22 7.75} 81.33 9.405 95.22 3.3
Coronal right-left body signal cancellation (%) 2008 4386 1336 1364 2022 33241 1699 2220
Transverse right-left body signal cancellation (%) 33.15 59.41; 24.04 34.64; 18.41 33.382 4597 57.92
Sagittal major body segments signal cancellation (%) 94.27 460 83.28 7.73, 8149 9.33, 9525 3.29
Coronal major body segments signal cancellation (%) 3792 52 .785 2050 2192 2805 4 .875 2668 3050
[ Transverse major bady segments signal cancellation (%) 8753 2613 8245 2638 7758 3226, 9195 2267

5 Sagittal linear momentum total signal cancellation (%) 2869 3646, 4077 36 67E 3753 40 255 29.77 28.68
2 |coronal linear momentum total signal cancellation (%) 9587 5200 9617 5090 9334 754 9109 11.70
— | Transverse linear momentum total signal cancellation (%) 3364 2694 4152 2556 4387 2558 3125 2045

Normal  Normal vs. Weighted

Nomal vs. Virtual Mass

Nomal vs . Weighted Kin.

Data Type Median Est. Diff Median Est. Diff Median Est. Diff
Mean P-Val P-Vai P-Val
Val. (% of nom) Val. (% of norm) Val. (% of nom)
Sagittal total signal cancellation (%) 95.2ﬂ.oaz -9.94 -10.44& 0.002 -11.54 -12.11. 0.002 0.91 0.95
Coronal total signai cancellation (%) 5712, 0.004 -18.78 32.88' 0.004 -10.04 -17.57! 0.010 -11.52 -19.82
Transverse total signal cancellation (%) 89.08; 0.049 -4.02 4.51' 0.002 -8.66 9.73: 0.014 3.45 3.88
Sagittal upper-lower body signal cancellation (%) 14.815 0.002 -9.96 67.27 ' 0.002 -12.07 -81.46 0.002 14.86 100.33
Coronal upper-lower body signal canceliation (%) 16.12 0.002 -11.54 -71.60: 0.002 -8.61 53.43: 0.010 -7.90 -49.05
Transverse upper-lower body signal cancellation (%) 86.93} 0.049 -4.58 -5.27E 0.002 -10.62 -12.25 0.014 425 4.89
Sagittal right-left body signa! cancellation (%) 94221 0.002 -10.78 -11.44: 0.002 -12.70 -13.48: 0.010 1.01 1.07
Coronal right-left body signal cancellation (%) 29.08' 0.010 -15.36 52.84; 0.004 -8.98 30.88; 0.020 -12.46 -42.84
Transverse right-left body signal cancellation (%) 33.15‘: 0.020 -8.51 -25.66i 0.002 -13.48 -40.64] 0.004 12.16 36.67
Sagittal major body segments signal cancellation (%) 94.27 0.002 -10.76 -11.41. 0.002 -12.45 -13.21; 0.010 0.99 1.05
Coronal major body segments signal cancellation (%) 37.92E 0.004 -17.01 -44.362 0.002 -9.51 -25.075 0.004 -10.38 -27.37
Transverse major body segments signal canceliaion (%) 87.53 0.049 4.89 559 0.002 -10.26 1172, 0014 399 456
Sagittal linear momentum total signal cancellation (%) 28.695 0.004 13.15 45.825 0.002 8.68 30.265 0.770
Coronal linear momentum total signal cancellation (%) 9587 0.375 L 0.010 -2.29 2.39' 0.002 -4.64 4.84
Transverse linear momentum total signal cancellation (%) 33.64; 0.004 7.31 21.72 0.002 10.17 30.22' 0.084



4.2.6 System Net External Torque Parameters

There were significant differences between the normal and adaptive loaded
dataset and there were significant difference between the normal and non-adaptive
loaded dataset. Without exception all peak torque and root mean torque values in the
adaptive loaded set were significantly greater than the normal case. The RMS
normalized body torque in the sagittal, coronal, and transverse planes for the adaptive
loaded dataset was an estimated 75%, 71%, and 70% greater than normal respectively.
The non-adaptive loaded dataset when compared to normal had increases of 98%, 58%,
and 58% of RMS normalized body torque in the sagittal, coronal, and transverse planes.
The loaded kinematics case had a decrease of 10% in the sagittal plane, but increases

of 16% and 15% in the coronal and transverse planes of RMS normalized body torque.
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Data Type Nomal Weighted Virtual Mass Weighted Kin.
Mean  Range ﬁMean Range ' Mean _Range . Mean _ Range
Maximum normalized body torque 0.43 0.24. .83 0.33 1.06 0.35! 0.45 0.26
Maximum normalized sagitial body torque 031 013 063 023 061 018 031 028
Maximum normalized coronal body torque 012 007 02t 008 022 008 014  0.05
Maximum normalized transverse body torque 006 007 0.1 0.088 010 007 007  0.06
Minimum normalized sagittal body torque 0.41 024 080 034 104 038 0.4 0.28
Minimum normalized coronal body torque 0.13 0.08: 0.22 0.15: 0.20 0.11: 0.17 0.15
Minimum normalized transverse body torque 0.07 006! 0.12 0.12; 0.1 0.06:  0.09 0.10
RMS nomalized body torque Q.20 0.075 0.36 0.10:’ 0.40 0.12; 0.19 0.07
RMS nomalized sagittal body torque 0.19 0.09: 0.33 0.12; 0.38 0.13; 0.17 0.08
RMS nomnalized coronal body torque 0.06 0.04 0.1 0.05: 0.10 0.04! 0.07 0.04
RMS nomalized transverse body torque 003 002 005 003 005 002 003 003

Normal Nomal vs. Weighted Nomal vs. Virtual Mass Nomal vs.Weighted Kin.
Data Type Mean P-Val Median Est. Diff P_Val Median Est. Diff PVal Median Est. Diff
Val. (% of nomm) val. (% of norm) Val. (% of norm)
Maximum normalized body torque 0.43 0.002 0.38 88.77 0.002 0.62 142.81' 0.492
Maximum normalized sagittal body torque 0.31! 0.002 032 101.30' 0.002 0.29 94.42 0.695
Maximum normalized coronal body torque 0.12! 0.002 0.09 68.80 0.002 0.09 7247 0.037 0.01 8.50
Maximum normalized transverse body torque 0.06! 0.002 0.04 68.43 0002 0.04 54.35: 0.084
Minimum normalized sagittal body torque 0.41: 0.002 0.38 90.83 0.002 0.61 148.32: 0.770
Minimum normalized coronal body torque 0.13; 0.002 0.09 66.81! 0.002 0.06 4743 0.037 0.03 24.97
Minimum normalized transverse body torque 0.07: 0.002 0.05 70.76: 0.002 0.04 51.34: 0.006 0.01 16.41
RMS nomnalized body torque 0.20, 0.002 0.15 75.08: 0.002 0.19 92.88, 0.027 -0.01 -5.30
RMS nomnalized sagittal body torque 0.19: 0.002 0.14 75.36. 0.002 0.18 98.21. 0.006 -0.02 -9.75
RMS nomalized coronal body torque 0.065 0.002 0.04 70.725 0.002 0.04 58.075 0.010 o0.01 16.30
RMS nomalized transverse body torque 0.03; 0.002 0.02 70.18. 0.002 0.02 5843, 0.014 0.00 14.48



4.3 Kinetic Gait Parameters

The torques and powers at the right hip, knee, and ankle were calculated;
however the method of recalculating the dynamics of the normal unloaded walking
dataset with a mass on the right shin to form the non-adaptive loaded dataset can only
be used to determine parameters during the swing phase of the right leg due to the
absence of ground reaction force data. During double support the distribution of total
ground reaction force between right and left legs is an indeterminate problem. Thus, for
any synthetic walking case where the actual ground reaction force is absent, it is not
possible to determine the reaction torques. This problem was examined in some detail
to determine if an invariant load transfer function existed that could be used to project
the net ground reaction force to left and right leg components during double support,
however none was found. Regardless, since the added has maximal acceleration during
swing, examination of reaction torques and powers during swing can be a useful tool.

Without exception, in the comparison of the adaptive loaded data set, all
significantly different kinetic parameters were greater than normal. The knee peak
flexion moment during terminal swing, the principal moment responsible for the
deceleration of the shank prior to initial contact, for the adaptive loaded case is an
estimated 93% greater than normal. Furthermore, the peak knee extension moment
during initial swing for the adaptive loaded case is 72% greater than normal unloaded
walking. The peak knee power absorption during initial and terminal swing for the
adaptive loaded case was an estimated 37% and 52% greater than normal. The non-
adaptive loaded case also shows significant increases. The peak knee extension and
flexion moment during initial and terminal swing for the non-adaptive loaded dataset
were 46% and 196% greater than normal respectively. Furthermore, the peak knee
power absorption during the initial and terminal swing was an estimated 35% and 198%
greater than during normal unloaded walking. The loaded kinematics comparison found
decreases of 41% peak knee flexion moment and 48% peak knee power absorption
during terminal swing versus normal.

Similar results were found in the analysis of the reaction torque and power at the
hip. The peak hip flexion and extension moment during swing for the adaptive loaded
case were an estimated 121% and 108% greater than normal. The non-adaptive case

had peak hip flexion and extension moments during swing that were 128% and 227%
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Knee

Hip

Ankle

Data Type Nomal Weighted Virtual Mass Weighted Kin.

Mean Range Mean Range Mean Range Mean Range

Peak Knee Flexion Moment During Loading Response {Nm/kgm) 0.22 0.27.: 0.30 OE.: 5

Peak Knee Extension Moment During Mid-Stance (Nm/kgm) 0.22 0.305 0.30 0.42:. :,

Peak Knee Flexion Moment During Terminal Stance (NmA&gm) 0.23 0.26': 0.23 0.255 . E . .

Peak Knee Extension Moment During Initial Swing (Nm/Agm) 0.07 0.065 0.12 0.1 4': 0.10 0.1 15 0.08 0.07

Peak Knee Flexion Moment During Terminal Swing (Nm/kgm) 012 009 023 012 036 022 007 006

Peak Knee Power Generation During Loading Respense (Wkgm) 038 046 064 067 i

Peak Knee Power Absorption During Loading Response (W/kgm) 0.30 058 044 088 A

Peak Knee Power Generation During Mid-Stance (W/kgm) 020 047 024 062 A

Peak Knee Power Absorption During Terminal Stance (W/kgm) 016 026 016 022 "

Peak Knee Power Generation During Pre-Swing 0.22 0.44;  0.25 0.42, . i " .

Peak Knee Power Absorption During Initial Swing (Wkgm) 0.39 0.33 0.55 0.57 0.53 0.68! 0.36 0.28

Peak Knee Power Generation During Mid-Swing (W/kgm) 003 020{ 001 004 001 008 003 011

Peak Knee Power Absorption During Terminal Swing Wkam)_ . 036045, 056051 112 138 _0.16 __ 018

Peak Hip Flexion Moment During Stance (Nm/Agm) 0.49 0.565 0.53 0.53, i

Peak Hip Extension Moment During Stance (Nm/kgm) 0.45 0.505 0.68 0,34E .. f . ..

Peak Hip Flexion Moment During Swing (Nm/kgm) 018 005 039 027 041 030 017 009

Peak Hip Extension Moment During Swing (Nm/&gm) 025 016 053 048 083 045 012 015

Peak Hip Power Generation During Loading Response (W/kgm) 035 0.38 049 047 o

Peak Hip Power Absorption During Stance (W/kgm) 039 047 044 071

Peak Hip Power Generation During Pre-Swing (W/kgm) 0.44 028 086 051 . i . .

Peak Hip Power Generation During Initial Swing (W/kgm) 0.62 0.445 1.09 1020 1.51 154 046  0.31

|Peak Hip Power Absomtion During Terminal Swing (W/kgm)____________________ 009 012 021 035 027 049 _ 008 _ 008

Peak Ankle PlantarFlexion Moment During Loading Response (NmAgm) 0.08 0.122  0.13 017, :

Peak Ankie DorsiF lexion Moment During Stance (Nm/kgm) 0.92 0‘285 0.98 0.28.: 5

Peak Ankie Power Absorption During Loading Response (W/kgm) 0.18 0.305 0.34 0.38:, 3

Peak Ankle Power Absorption During Terminal Stance (W/kgm) 063 052 067  0.46)

Peak Ankie Power Generation During Pre-Swing (W/kgm) 2.34 203 250 212 Z
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Knee

Hip

Ankle

Nomal Nommal vs. Weighted

Nomnal vs. Virtual Mass

Normal vs.Weighted Kin.

Data Type Median Est. Diff Median Est. Diff Median Est. Diff
Mean P-Val P-Val
Val. (% of nom) Val. (% of norm) Val. (% of norm)
Peak Knee Flexion Moment During Loading Response (Nm/kgm) 0.22, 0.014 0.08 36.02; I
Peak Knee Extension Moment During Mid-Stance (Nm/kgm) 0.22 0.002 0.07 33.23 :
Peak Knee Flexion Moment During Terminal Stance (Nm/kgm) 0.23f 0.922 ' . ‘ ..
Peak Knee Extension Moment During Initia! Swing (Nm/&gm) 0.07; 0.002 0.05 71.93{ 0.004 0.03 45.97; 0.084
Peak Knee Flexion Moment During Terminal Swing (Nm/kgm) 0.12: 0.002 0.11 93.22: 0.002 0.24 195.96: 0.002 -0.05 41.49
Peak Knee Power Generation During Loading Response (W/kgm) 0.38. 0.002 0.27 73.04:
Peak Knee Power Absorption During Loading Response (W/kgm) 0.30; 0.002 0.71 36.73: :
Peak Knee Power Generation During Mid-Stance (W/kgm) 0.20: 0.232
Peak Knee Power Absorption During Terminal Stance (W/kgm) 0.16 0.848
Peak Knee Power Generation During Pre-Swing 0.22£ 0.492 ' .
Peak Knee Power Absorption During Initial Swing (W/kgm) 0.39 0.004 0.14 36.70. 0.020 0.14 35.01. 0.375
Peak Knee Power Generation During Mid-Swing (W/kgm) 0.03; 0.557 ‘ 0.375 ‘ 1.000
[Peak Knee Power Absomtion During Terminal Swing Whgm) 036 0.002 019 5240, 0.002 072 19614, 0.002 0.18 __ 48.20
Peak Hip Flexion Moment During Stance (Nm/kgm) 0 495 0.037 0.03 6.4OE :
Peak Hip Extension Moment During Stance (Nm/kgm) 0.45 0.002 0.23 50.39! L
Peak Hip Flexion Moment During Swing (Nm/kgm) 0 185 0.002 0.21 121.45; 0.002 0.23 127.61; 0.275
Peak Hip Extension Moment During Swing (Nm/A&gm) 0.252 0.002 0.27 108.08; 0.002 057 226.523 0.002 -0.13 -50.48
Peak Hip Power Generation During Loading Response (W/kgm) 0.35 0.010 0.14 39.38: i
Peak Hip Power Absorption During Stance (W/kgm) 0.39 0.375
Peak Hip Power Generation During Pre-Swing (W/kgm) 0.44, 0.002 0.41 92.04. .
Peak Hip Power Generation During Initial Swing (W/kgm) 0.623 0.002 0.47 75.42; 0.002 0.85 135.443 0.006 -0.17 -27.80
[Peak Hip Power Absomption During Terminal Swing (Wkgm) 009 0.049 0.12 12648 0.010 017 18518, 0105
Peak Ankle PlantarFlexion Moment During Loading Response (Nmkgm) 0.09 0.002 0.04 43.28' i
Peak Ankle DorsiFiexion Moment During Stance (Nm/kgm) 0A92.; 0.020 0.06 5.993
Peak Ankle Power Absorption During Loading Response (W/kgm) 0 19§ 0.002 0.16 83.86'; ,
Peak Ankle Power Absorption During Terminal Stance (W/kgm) 0.63 0.557 ; E
Peak Ankle Power Generation During Pre-Swing (W/kgm) 24341 0.322 |
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5 Discussion

In the control of humanoid robotics, advanced prostheses, and functional
neuromuscular stimulation there is a need for biologically realistic target gait trajectories.
Synthesis of target trajectories can be a complex computationally-intensive process that
is not geared towards online, on demand applications. Thus, for near real-time
synthesis of biologically realistic gait trajectories, a simpler, reduced-order methodology
is necessary. Itis a generally accepted principle that biologic gait patterns emerge from
the optimization of some cost objective function of the motor control system (Nubar &
Contini 1961, Chow & Jacobson 1971). Furthermore there is a number of possible
performance criteria that can result in biologically realistic gait patterns (Marshall et al.
1989). It was hypothesized that the true nature of the constitution of the biologic
performance criterion might be elucidated by perturbing human subjects while walking
and quantitatively measuring the reorganization of gait. Towards the development of a
reduced order method to generate biologically realistic gait kinematics, ten healthy
subjects were perturbed with an inertial load of 5 kg worn on the right shin. Two chief
comparisons were used to measure gait changes due to the inertial load and the effect
of these deviations. Data from the trials with the load were compared to those without to
determine the existence of invariant quantities. Secondly, the adaptive loaded dataset
was compared to the kinematics of the unloaded normal dataset with the dynamics

recalculated with a 5 kg mass virtually placed on the right shin of the normal data. The
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non-adaptive virtually loaded case served as basis of comparison to determine the effect
of gait reorganization. | assumed that the non-adaptive loaded symmetric gait patterns
with the virtual mass served as starting point for the motor control system, and any
deviation from normal would be an effort to minimize the biologic performance criterion.

I hypothesized that there would be a significant change in gait kinematics to reflect the
general gait reorganization and that these changes would induce an increase in walking
efficiency, decrease in work to move the body center of mass, not change the motion of
the center of mass significantly, and reduce joint torques. This chapter reviews the

individual analyses and their significance in rejection or acceptance of these hypotheses.

5.1 Joint Kinematics

There were a number of significant changes to joint-level gait kinematics due to
the addition of an inertial disturbance on the shin. At the ankle, there was a reduction in
peak plantarflexion during swing, and at all joints studied there was roughly 2% gait
cycle temporal shift of most extrema towards the start of the gait cycle. This appeared to
be the result of a slight, but significant temporal asymmetry in gait due to the increased
mass of the shin. Kinematically at the knee there was a relatively large decrease in the
peak knee flexion during swing of 7.5°. This reduction in knee flexion causes the ankle
to dorsiflex roughly 8% sooner than normal in order to maintain necessary ground
clearance. There was a reduction in swing flexion angular velocity at the hip and a
reduction of knee angular velocity at toe-off, both of which significantly affect the peak
swing flexion angle of the knee (Anderson et al. 2004). While the changes in many
kinematic parameters are small, there was enough evidence to conclude that there was
a kinematic reorganization in gait due to the inertial disturbance. There are some
kinematic parameters which do not change with the added load. The peak loading
response plantarfiexion and terminal stance dorsiflexion of the ankle were not
significantly different than normal. The knee angle at heel-strike, toe-off, and mid-stance
peak flexion were also not significantly different than normal, in addition to the hip angle

at toe-off and the peak hip extension.
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5.2  Whole Body Gait Parameters

5.2.1 Motion of the Body Center of Mass

It was hypothesized, based on previous research, that the motion of the body
center of mass had invariant tendencies when subject to inertial disturbance. Holt et al.
(2003) found that when subjects wore a backpack with 40% body weight, the effective
stiffness of the lower body increased so that the amplitude of the motion of the body
center of mass orthogonal to the transverse plane was invariant to the inertial
disturbance. The body center of mass was calculated as the loaded mean position of all
body segments and added masses. In this thesis it was found that the motion of the
adaptive loaded body center of mass orthogonal to the transverse and sagittal planes
was largely not significantly different from normal. Only the amplitude of the BCOM
motion orthogonal to the transverse plane was significantly greater than normal by 15%.
The discrepancy between the results found in this thesis and the conclusions of Holt et
al. (2003) may be due to the placement of the loads in each case. A backpack load is
naturally close to the BCOM, and the motion away from the BCOM is limited. Whereas
in this experiment with the load placed on the shin, the added mass is farther away from
the BCOM and experiences a greater range of motion which may explain why there was
a significant increase in the amplitude of the vertical excursions of the BCOM when the
shin was loaded.

Orthogonal to the coronal plane there were significant deviations from normal for
the adaptive loaded case of the RMS distance, distance amplitude, RMS velocity, and
velocity amplitude of the body center of mass away from the linear fit. Most of the
variance in the motion of the shank, where the additional mass was located, is
perpendicular from the coronal plane, so this result is not surprising. Based on these
results, there is enough evidence to reject the idea that the motion of the body center of
mass is invariant when subjected to distal inertial disturbance. However, there is
evidence to suggest that the motor control system makes some effort towards the goal
of invariance of the body center of mass motion. In total 14 parameters defined by the
motion of the body center of mass were compared across the various weighting
conditions. A comparison of the adaptive loaded dataset with the normal indicated that
35.7% of parameters were significantly different, with an average change of 35.5%.
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Comparing the non-adaptive loaded dataset to normal found that 85.7% of parameters
were significantly different with an average deviation of 38.8%. The orthogonal coronal
deviation of the body center of mass for the non-adaptive dataset was 187% greater
than normal, compared to only 50% for the loaded dataset. These findings strongly
suggest that the motor control system adjusts to the inertial disturbance in an attempt to
keep the motion of the body center of mass invariant and the deviations small. This
result is consistent with previous research which suggests that the body ambulates in a
manner which keeps the oscillations of the body center of mass small (Fenn 1930,
Hinrichs et al. 1987).

5.2.2 Gait Energetics

Normal walking involves the transfer of the body center of mass energy from
gravitational potential to kinetic energy (Saibene 1990, Willems et al. 1995). The
efficiency of this energy transfer, termed recovery, in normal walking as calculated in this
thesis is on the order of 65%. When the mass was placed on the shin, the recovery
dropped to 56%. However, the non-adaptive loaded dataset recovery dropped to nearly
44%. The reorganization of the walking pattern results in the increase of energy
recovery from the non-adaptive loaded case to the true adaptive loaded case. While the
percentage recovery was not invariant to distal inertial disturbance, there is sufficient
evidence to suggest that one of the emergent properties of the reorganization of gait is
an increase of efficiency. A total of four metrics of gait efficiency were calculated;
without exception all efficiencies for the adaptive loaded case were lower than normal
and all efficiencies for the adaptive loaded case were higher than the non-adaptive
loaded case. In addition, a total of four metrics measuring RMS power and four metrics
measuring total positive work were calculated. The RMS power and positive work
metrics for the adaptive loaded case were consistently greater than normal at an
average of 27% and 28% respectively. The non-adaptive loaded dataset had RMS
power and positive work parameters that were 61% and 48% greater than normal
respectively. Once again it was found that the reorganization of gait induces a direct
reduction of the mechanical energetic costs of walking. From these results there was no

such evidence to suggest a rejection of the hypotheses that the biologic performance
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objective is to increase gait efficiency and reduce the energetic costs to move the body

center of mass.

5.2.3 Whole Body Spin and Net External Torque

Analysis of the total angular momentum and total net external torque was
generally inconclusive. Given the distance between the added mass and the body
center of mass, and most of the motion of the added mass is in a tangential direction
from the BCOM, it was expected that the adaptive loaded dataset should have
significantly higher values of both spin and torque. Analyses revealed that the adaptive
loaded dataset had larger magnitude extrema of both spin and net external torque as
expected. A comparison of the adaptive loaded case and the non-adaptive loaded case
the results was inconclusive; some peak parameters were higher for the adaptive loaded
case and others for the non-adaptive loaded case, there was no consistent pattern of
results. The sagittal RMS spin for the non-adaptive loaded dataset was higher than the
adaptive loaded dataset; however the coronal RMS spin was lower for the non-adaptive
loaded case than the adaptive loaded case. The transverse RMS spin was generally
equivalent between the non-adaptive loaded and adaptive loaded datasets. Analysis of
net external torque reveals similar results: The RMS torque was higher for the non-
adaptive loaded dataset than for the adaptive loaded dataset in the sagittal plane, but
the RMS torque for the non-adaptive loaded dataset was lower than for the adaptive
loaded data in the transverse and coronal planes. In the sagittal plane, there was a
consistent reduction in both spin and net external torque between the non-adaptive
loaded dataset and the adaptive loaded dataset. Given that 80% of spin variance and
88% of net external torque variance was in the sagittal plane, when examining the data
for deviations consistent with minimization of the performance criterion with respect to
spin or net external torque, the sagittal plane should be of principle concern. The
evidence suggests that, at least in the sagittal plane, an emergent property of the

reorganization of gait is the reduction of net external torque and spin.
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5.2.4 Angular Momentum Signal Cancellation

During normal walking there was an average of 95% signal cancellation in the
sagittal plane of all body segments, and the adaptive loaded case has a significantly
lower average signal cancellation of 85%. In symmetrical normal walking, the sagittal
plane angular momentum of the right leg tends to offset that of the left leg (Popovic et al.
2004) leading to high average percentage signal cancellation. When a mass was added
to the right leg however, there did not seem to be a large readjustment in the movement
of the contralateral leg to offset the greater angular momentum of the affected leg. In
the sagittal plane, the non-adaptive loaded test case had a mean angular momentum
cancellation of 83% which was lower than the 85% of the adaptive loaded case. While
the reorganization of gait yields an increase of signal cancellation on the order of 2% in
the sagittal plane, there was a significantly greater increase in the transverse plane. The
percentage signal cancellation of all body segments for normal walking was 89% in the
transverse plane. The adaptive loaded trials had 85% transverse signal cancellation and
the non-adaptive loaded dataset had 80% transverse signal cancellation for all body
segments. In the transverse and sagittal planes, the two planes that have high
percentages of signal cancellation, the reorganization of gait induces an increase in total

body angular momentum signal cancellation.

53 Joint Kinetics

A comparison of the adaptive loaded versus normal dataset showed that there
was a significant increase in a number of different kinetic parameters. The non-adaptive
loaded dataset had a higher terminal swing torque at the knee and the hip, and a lower
initial swing torque at the knee. While at first glance, these results seem to be
inconsistent, it is important to keep in mind that examination of maxima during certain
phases will not capture the total nature of the torque profile. Furthermore, the motor
control system would most likely use as a performance criterion some function of the
total sum of muscular effort. When the reaction torques were calculated for the loaded
kinematics, but excluding the 5 kg mass in the calculations, all significant deviations from
normal were reductions in joint torque or power. This result alone would suggest that

walking in an asymmetrical manner could reduce joint torques. Given that subjects

-96 -



without known pathologies generally walk in a symmetrical manner (Allard et al. 1996,
Giakas & Baltzopoulus 1997, Sadeghi 2003), care should be taken in generalizing from
the present results. However, the results in examination of the kinetics under various
loading conditions are consistent with the hypothesis that the motor control system

seeks to minimize some performance criterion function of joint torque and power.

54 Conclusions

The placement of a 5 kg mass distally on the shin did not induce dramatic
kinematic changes in subjects’ gait. There were significant changes in the motion at the
hip, knee, and ankle; however most of these were generally small. Out of a total of 40
kinematic parameters, significant changes were found in 65% with the added load, and
of those the change averaged 9.3%. A total of 27 kinetic parameters were compared for
the adaptive loaded and normal case and 70% were significantly different by an average
of 62%. From these results we can conclude that neither the kinematics nor the kinetics
themselves are invariant to inertial disturbance. However, the absolute changes to
kinematics in smaller.

From calculating the non-adaptive loaded dataset by placing a virtual 5 kg mass
on the right shin, we can evaluate the effects of the adjustment in walking due to added
mass. The changes in gait induce an increase in the percentage of body segment signal
cancellation of linear and angular momentum. Furthermore, the true biological adaptive
loaded case had higher gait efficiencies and smaller total amounts of positive work in all
parameters that were significantly different than normal. This evidence suggests
strongly that a main consideration of the motor control system is the reduction in the
energetic costs of walking. There also appears to be a definite effort of the motor control
system to reduce the peak torque and power on a joint level basis, which would be
highly correlated with muscle activation levels and the metabolic rate associated with
higher muscular activity. There is difficulty in this analysis in determining which changes
in parameters are directly controlled, if any, and which changes are emergent. For
example, it is possible that a minimization of the body center of mass work could also
induce a reduction of joint torques and vice-versa, since these quantities are naturally

highly correlated. It is evident that further work in this area is needed, to quantify how
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the weighting of various parameters in the cost objective function would change the

predicted gait pattern.

55 Future Work

Many of the gait parameters analyzed are naturally highly correlated, so it is
difficult to specify the degree to which the motor control system controls these properties
individually. A reduction in joint torques will induce a reduction in joint power for
example. The next step in this process is to perform various spatiotemporal
optimizations of the gait cycle for a reduced order model of the body. The first model
should consist of a seven-link planar biped: feet, shins, thighs, and the head, arms, and
torso (HAT) lumped as one segment. This model will only be useful for recreating
behavior in the sagittal plane, so once again the scope is limited. If the planar model
can reproduce biologically realistic gait patterns, a full three dimensional model could be
built. Itis a basic assumption in this future work that the performance criterion for
walking is invariant to inertial disturbances. The cost function could be tuned upon both
sets of data, or only on a portion of the data then used to predict the gait patterns for the
untested case as a means for validation. A metric must be defined that will allow a
performance based comparison of the simulated gait patterns, then the weighting of the
terms in the cost function will be optimized themselves to maximize this biological
realism performance metric. In this sense, two data points of normal morphology and
loaded morphology would be used to fit the biologic cost function. Then this biologic
cost function could be used to predict the optimal motion for a system with abiological

morphology.

5.6 Summary

There exists a need for rapid online generation of gait patterns for the use in
control of humanoid robotics and advanced prostheses. Kinematic trajectories can be
generated by solving an optimization problem by minimizing a biologically inspired
performance criterion. Reasonable biologic behavior has been generated by cost

functionals based on jerk, joint torque, metabolic cost, mechanical energy, and
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acceleration of the head (Marshall et al. 1989). Many of these cost functionals have
been biologically inspired and their validity qualitatively analyzed by the degree to which
they generate biologically realistic results. A different method was taken in this thesis;
subjects were perturbed with an inertial disturbance and the deviations quantitatively
calculated. Furthermore, by virtually placing a 5 kg mass on the shin when processing
the kinematics for normal walking, a virtual reference dataset was created. This virtual
non-adaptive reference dataset served as assumed “starting point” for the motor control
system, and thus all deviations from this point were assumed to be the result of the
biological optimization process. | hypothesized that the motor control system by
minimizing the performance criterion will: keep the motion of the body center of mass
invariant, increase gait efficiencies, decrease total work to move the body center of
mass, and generally induce a reduction of joint torques. From the results presented in
thesis, | conclude that the body center of mass is not invariant when a human is subject
to inertial disturbance; however the motor control system makes some effort towards this
regard. The non-adaptive loaded reference dataset had higher calculated total work and
power requirements, and lower efficiencies. Therefore, it is my conclusion, that reducing
the energetic costs of walking is a chief component in the biologic cost objective.
Additionally, there appears to be a reduction in peak joint torques induced by the
deviation in kinematics. The next step in this total process is to use the experimental
gait data to fit biologic performance criteria on a reduced order model and quantitatively

measure the biological cosmesis.
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