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ABSTRACT

The purposes of this study are to better understand the gait mechanics of a patient with an ankle
fracture, and to provide a prescription for a rehabilitative device, known as a passive-dynamic ankle-foot
orthosis (PD-AFO) in order to restore functional gait. One 58-year-old female subject recovering from a
trimalleolar fracture (three fractures across both the medial and lateral malleoli) sustained from highimpact trauma was recruited for this study. Gait kinematics and ground reaction forces of the subject
walking at a slow and fast pace were captured by a passive-marker camera-based motion analysis system
and a floor-mounted force plate, respectively. An 8-segment biomechanical model was built based on
several of the subject’s anatomical landmarks and used to compute joint moments about the ankle, knee,
and hip of both legs. Based on these kinetic metrics and the anatomy of the subject, a PD-AFO was
designed in computer-aided design (CAD) software and verified through finite element analysis (FEA) to
assist the subject by adding passive stiffness about the ankle, were it to be constructed. Results show that
the subject utilized much less range of motion, and produced a much lower peak moment about the
mediolateral axis in the injured ankle than the uninjured ankle at both walking speeds. Frequency and
time-frequency analysis of the joint kinematics show slight differences in coordination between joints of
the injured and uninjured legs at different frequencies. Residuals of joint angles, after being fit with a
Fourier series, had generally higher standard deviations during slow walking, showing that the subject
had less consistent joint angle ranges, perhaps due to a lack of stability. Finite element testing of the PDAFO load showed the design is resolute enough to withstand normal loading during walking for the
subject and can act as an additional stiffness component.
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Chapter 1
Introduction

1.1 Motivation & Background
Throughout my high school and undergraduate years, running has been a familiar friend, foe,
meditation technique, and the glue holding together many of my friends. It has provided me the
opportunity to share interesting in interesting places with interesting people. From this affinity for running
came my interest in the science of it. As I worked my way through a mechanical engineering degree, the
notion of a human body as a mechanical system – a complex system of levers and pulleys, in a sense –
enamored and excited me. If a body can be seen as a mechanical system, then it can be couple with other
systems to improve, repair, and rehabilitate a body. Before I found the subject that was used in this study,
I knew I wanted to do something related to ankle-foot orthoses (AFOs), and due to unfortunate
circumstances, I found a subject that was willing to participate in this study of AFOs. The primary
motivation behind my desire to design a passive AFO is that I believe there is much to be learned from
very simple devices that, now because of the advancements of 3D printing, can be made inexpensively for
all people.

1.2 Purpose of Thesis
The purpose of this study is to provide a means of prescribing a passive-dynamic ankle-foot
orthosis (PD-AFO) to aid a patient in walking while recovering from a severe ankle fracture. The
mechanics of the injured leg will be compared against the mechanics of the uninjured leg using various
methods to determine a possible method for designing a rehabilitative AFO for the subject. Peak moments
produced, loading rates, frequency and time-frequency analyses were all used as design criteria.
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1.3 Specific Aims
The specific aims of this study are to verify verify a passive-dynamic ankle-foot orthosis (PDAFO) model, were it to be 3D printed, would assist a subject in walking by providing stiffness about an
injured ankle. Various methods of analyzing ground reaction force (GRF), kinetic, and kinematic data
captured during gait are used to gain insight into the design features of the PD-AFO. These methods
include 1) building a biomechanical model of the subject to calculate the moments about joint centers of
the lower leg, 2) comparing the differences in joint moments produced by the injured and uninjured leg
joints, 3) designing the PD-AFO to compensate for that difference in moment produced by adding passive
stiffness about the injured ankle, and 4) predicting the effects of the frequency content of the subject’s
gait on the response of the PD-AFO.

1.4 Overview
This study is organized into four sections. Chapter 2 will review the relevant literature
surrounding the collection of motion capture data, frequency and time-frequency analyses, and ankle-foot
orthoses. Chapter 3 includes the methods employed in this study. Chapter 4 presents the results from this
study. Chapter 5 provides a discussion of the results, as well as some of the limitations of this study and
possibilities for future research.
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Chapter 2
Literature Review

2.1 Analyses of Gait
The following sections review the available literature surrounding some of the methods for
capturing and analyzing data relating to gait of human subjects. Section 2.1 outlines some of the data
collection methods of human kinematics, or the motion of body segments without taking into account the
forces acting on them. Section 2.2 describes the collection and implementation of ground reaction forces
of human gait. Finally, section 2.3 presents some of the methods for calculating human body kinetics, or
the forces and moments that act on and about body segments and joints and section 2.4 summarizes the
review of the literature.

2.1.1 Kinematics
Throughout the history of biomechanics, one of the earliest and most notable methods of data
analysis has been the analysis of kinematics – the positions, velocities, accelerations, and all derivative
values relating thereto – of parts of the body without accounting for the forces and moments acting on
them. In other words, somewhat rudimentary analyses such as flexion and extension angles of joints,
body segment translation and rotation, and the rate at which all these change can provide crucial insight
into how the body works and how engineers can fix, improve, or otherwise exploit human biomechanics.
Some of the predominant modern methods for capturing and analyzing the kinematics of the
body– collectively called motion capture – are described by Kidder et al. (1996). Several spherical, small
(~1 cm diameter), reflective markers were placed on subject’s bony landmarks on the subject’s body.
Light reflected by the markers is captured by serval digital cameras placed around the capture volume.
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Through a calibration process, various numerical methods are implemented to reduce system error arising
from noise (Butterworth filter), lens distortion, aperture settings, and other sources. Coordinates of the
reflective markers can then be calculated and replicated in a 3D software environment. In their study, data
was collected using a 5-camera motion capture system. The subject had reflective markers placed on his
or her feet, and from these data, relative segment angles were calculated between four segments of a foot
and ankle model (1 – tibia & fibula, 2 – calcaneus, talus, & navicular, 3 – cuneiforms, cuboid, &
metatarsals, 4 – hallux) throughout the gait cycle. There was only one subject for this subject, so any
statistical observations drawn from this are faulty at best, but the paper clearly outlines the methods for
the utilization of motion capture camera systems that have become somewhat standardized over time.
Today, digital camera-based motion capture is almost ubiquitous in the field of biomechanics for
kinematic data capture for live subjects.
Despite its popularity in biomechanics, camera-based motion analysis systems are subject to
some drawbacks. While modern camera-based systems are very robust as data collection tools, they are
expensive and require much time to set up, so their use is limited to research facilities and specialist
centers. Another useful method for collecting joint angle measurements is electrogoniometry, which can
track angles through a few ways. One electrogoniometry technique relies on strain gages that run along
the length of the cable and is outlined in a study by Rowe et al. (2000). As the strain gage bends, it varies
the electrical resistance across it, and varies the voltage at the other end. An angle can be back-calculated
from the voltage measured. Presently, strain-gage based goniometers are small, lightweight, and reliable
enough to be placed on subjects and have them perform various dynamic task. Another method, called
fiber-optic goniometry, utilizes the properties of photodiodes to detect changes in light through a small
fiber-optic cable. As the cable bends, the power of photons hitting the photodiode decreases and the
voltage across the photodiode’s circuit changes, as described by Mohamed et al. (2012). Joint angles can
then be calculated from the voltages, just like the mechanical strain gage-based goniometer. In both cases,
data can be logged by a wearable data logger or through transmission via wireless methods directly to a
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computer. Either of these methods allow for, at times, a more practical method of data collection than a
somewhat restrictive camera-based motion analysis system.
Key to the application of any analytical method after data collection is proper definition of the
parameters involved. Since many studies require the proper calculation of joint angles and the relative
motion of modeled rigid body segments of dynamic activities in a three dimensional space, simple two
dimensional models applied to three planes (normally the sagittal, frontal, and transverse planes) will not
be sufficient. Therefore, more appropriate methods must be applied. Ramakrishnan and Kadaba (1991)
outline methods for analyzing relative joint angles using Euler angles and helical angles. With Euler angle
definitions, each body segment has its own independent set of axes defined for a specified neutral (zero)
position. Each rotation about each of the three axes is performed in the same order, whether it is about the
x, y, and the x-axis again (since the x-axis is now at a new location and orientation) or any other 1-2-1
order. Cardan angles perform the same ordered rotations, but about three different axes, x, y, and z, where
the order must be specified. However, one drawback of using Euler or Cardan angle definitions is that
there are singularities, making some angles unusable, therefore requiring that the task being performed by
a subject does not approach these singularities. With helical angles, these singularities do not exist, as
relative angles between joint segments are defined as one segment rotating about a set of axes that lie on
another helical axis about the other segment.
With established methods for collecting kinematic data and defining relevant parameters, we can
now attempt to examine the kinematics of human movement for clinical purposes. Understanding the
requirements of joint flexion ranges for performing various tasks is important for rehabilitation. Rowe et
al. (200) had 20 elderly patients (mean age = 67 years) patients perform various tasks (walking, stair
climbing & descending, standing & sitting from a chair, getting in & out of bathtub, etc.) and joint angles
were recorded using electrogoniometry. For this case study on a patient with a trimalleolar fracture, we
hope to design the passive-dynamic ankle-foot orthosis to accommodate and encourage the subject to
exhibit a similar range of knee angle for level walking. According to Rowe et al., this activity has average
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minimum and maximum angles of 2.2 degrees flexion with a standard deviation of 7.0 degrees and 67.4
degrees flexion with a standard deviation of 6.3 degrees, respectively. The average excursion (maximum
angle – minimum angle) is 64.5 degrees with a standard deviation of 5.9 degrees [3]. One drawback of
this study is that 3D angles were not utilized, so only flexion about a single relative axis can be
determined, providing evidence that while portable electrogoniometry as a method of kinematic data
collection sometimes excels in practicality, but not necessarily in a computational sense.

2.1.2 Ground Reaction Forces
In order to make the leap from analyzing just the kinematics of a body to analyzing the kinetics as
well, forces acting on the body must be known. One of the most widely analyzed forces that acts on the
human body is the ground reaction force. The ground reaction force acts at the center of pressure of,
usually, a subject’s foot. Like any variable being measured and recorded, a sensor must be used. Force
sensors use strain gages or piezoelectric crystals to produce a voltage variation that can be amplified and,
knowing the material properties of the sensor, used to calculate the force being exerted on it.
Ground reaction forces have been used for decades to analyze walking and running, as shown by
Nilsson & Thorstensson (1989). GRFs in three directions (vertical, anterior/posterior, and medial/lateral)
were analyzed for various walking and running speeds. For walking, a typical vertical GRF profile has a
slow rise to a peak force of between 1.0 to 1.5 body weights, then a dip about halfway through the contact
period, and finally another rise to a peak slightly lower than the first and a drop to zero Newtons at toeoff. For running in heel-striking subjects, the vertical GRF is quite different with a short, steep rise to a
peak and a short drop, then a relatively slow rise to a peak of roughly two to three body weights that
corresponds to 50% contact period, and then a drop to zero at toe-off. In forefoot strikers, the short
transient at the beginning of the contact period was almost entirely eliminated. Mediolateral and
anterioposterior forces had maximum values of less than ten times those of the vertical reaction forces.
For both walking and running, in the anterioposterior direction there was an obvious GRF acting in the
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posterior direction until roughly 50% stride when the GRF profile is reflected across the percent stride
axis to show a force acting in the anterior direction. This is to be expected, as there is a minor deceleration
at foot contact and the early stages of foot contact, and then a compensating force provided in the latter
half of contact. This pattern of negative work (GRF acting in the posterior direction) and positive work
(GRF acting in the anterior direction) is modelled as being advantageous to our economy of motion.
Donelan et al. (2002) modelled the lower human body as a set of two pendulums that perform both
positive and negative work on the body in order to redirect the center of mass as it transitions from one
pendulum (i.e. leg) to the next during double support phase when both feet are in contact with the ground.
When dealing with ground reaction forces, especially when they are used for later calculations in
determining kinetics of the joints in models, we cannot neglect the fact that rigid body segments do not
act in the same way as real flesh and blood. Pain & Challis (2006) attempted to measure the validity of a
computer model of a rigid foot, a rigid shank with a soft tissue component, a rigid thigh segment with a
soft tissue component, and a rigid torso with a soft tissue component, by examining the ground reaction
forces in a drop landing activity. The model produced joint angles and ground reaction forces quite
similar to experimentally gathered data using a force platform and a camera-based motion analysis system
when the joint and segment angles of the subject at the instant of contact were given to the model as
initial conditions for the same time. However, when the soft tissue components were removed from the
model, the ground reaction forces more than doubled from 16.2 body weights to 40.5 body weights,
providing evidence for a stark disconnect between predicted GRFs for a rigid body model and a subject in
vivo.

2.1.3 Joint Kinetics
The main purpose of defining and calculating the kinematics and forces acting on a body for
biomechanical purposes is to understand joint kinetics during various activities. Andriacchi & Strickland
(1985) outline a comprehensive methodology for calculating joint kinetics. They collected gait data using
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an LED-based marker system, with which they built a computational model based on rigid-body
mechanics to calculate joint kinetics. Ankle joint moments were calculated using inverse dynamics.
Ground reaction forces, rigid-body segment inertial parameter estimates, joint center locations, segment
center of mass locations, and angular acceleration measurements from the motion capture data can be
used to calculate the sum of the moments acting about each joint, going from the joint closest to a known
force and working in towards the center of the body. The moments about the ankle joint must be
calculated first, since there is a known force (ground reaction force) acting on the foot segment. Once the
ankle moment is known, then the knee joint moment can be calculated since the proximal joint of the foot
is the distal joint of the knee. This procedure is now known in the field as inverse dynamics. Inverse
dynamics can also be applied to reaching tasks or lower leg tasks when there is no force acting on the
most distal segment because the force is simply zero, rather than a nonzero number. The authors also
mention some of the limitations and assumptions used when calculating joint kinetics. For example, they
used a rigid body model. The human body is far from perfectly rigid, so calculations of joint kinetics will
not perfectly reflect phenomena stemming from soft-tissue vibrations and bone and ligament
deformations, among others. Another key issue mentioned is the uncertainty associated with defining
joint center locations. Since different angular rotations of joints will possibly result in different joint
center locations, the need for error compensation and calibration of data collection tools is essential.
One substantial phenomenon not brought up in the previously mentioned study, and one of the
main points in conducting this thesis project, was that of joint stiffness mechanisms. Whittington et al.
(2008) studied the impact that passive-elastic joint stiffness mechanisms have on human walking.
Passive-elastic moments that act about joints in humans are due to a number of mechanisms, but mainly
bone and cartilage contact forces (friction), and tendon and ligament stiffness. At a particular angular
position, the passive joint moment mechanisms may be in equilibrium but as the range of motion varies,
ligaments and tendons stretch and the bones near a joint may contact differently, resulting in unequal
moments about that joint. Using a reflective-marker, camera-based motion capture camera system, twenty
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healthy, young (age 24 +/- 4 years) subjects had full sagittal manipulations of the hip, knee, and ankle
joints with force measurements in order to calculate the passive angular stiffness about each joint. The
subjects then walked at a slow, a preferred, and a fast speed across a force plate. Inverse dynamics were
used to calculate joint moments about each of the lower-body joints. Their findings showed that the rectus
femoris and gastrocnemius, both biarticular muscles, contributed to passive energy absorption about the
knee and subsequent energy return about the hip and ankle. These mechanisms, according to the
researchers, greatly aided in walking. Understanding the passive mechanisms that help contribute to
walking is essential to designing effective prostheses and orthoses that replicate those actions.
In older humans, the effects of passive joint mechanisms and common changes in muscular
strength result in different generations of power about different lower-body joints. Silder et al. (2008)
compared twenty healthy young (age 18-35 years) and twenty healthy older (age 65-85 years) subjects
through joint manipulations to obtain passive joint stiffness, and through gait analysis. The results showed
that the older adults generated more net positive work about their hip joints, and less about their ankle
joints. Passive contributions from the joints to this overall work did not differ greatly between the older
and younger subject, so the additional work about the hip joint for the older group can be contributed to
active mechanisms, rather than passive joint stiffness. This seems to point to differences in joint kinetics
across ages being due to plantar-flexor weakness, rather than an increase in passive mechanisms. This is
important to note, since designing prostheses or orthoses for older adults must be designed to
accommodate common phenomena across ages.

2.2 Numerical Analyses of Joint Dynamics

This section presents some of the numerical methods for processing and analyzing digital signals
as they pertain to human gait data. Section 2.2.1 outlines statistical methods commonly used in the field.
Section 2.2.2 describes the frequency analysis methods employed through the use of Fourier series and
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Fourier transforms. . Finally, section 2.2.3 presents an analysis method using wavelets to transform a
sampled data set into both time and frequency domains.

2.2.1 Statistical Analyses
Crucial to the study of joint dynamics is the ability to perform statistical validation of data
acquired. This allows researchers to make generalized conclusions and prove the significance or
insignificance of collected data and calculations made.
Granata et al. (2002) studied the musculoskeletal stiffness of the hamstring and quadriceps during
nearly isometric contractions. Subjects performed maximum voluntary efforts for quadriceps and
hamstring contractions before data was collected, then had 0kg, 6kg, and 20% maximum voluntary effort
weights added to an ankle-foot orthosis for their experimental trials. An investigator then provided a
slight push to the subjects’ feet to induce an oscillation. The stiffness, damping coefficient, and frequency
of oscillation were calculated. Stiffness vs. Torque plots about the knee were produced, and regression
analysis was performed to show the linearity of the system. This study was meant to illustrate the gender
bias in active musculoskeletal stiffness, but it outlines the essential need for statistical methods to define
parameters for use in modelling.
Regression analysis is obviously a useful technique for identifying joint stiffness quantities. Davis
& DeLuca (1996) used a similar linear regression method to quantify the stiffness about the ankle joint
during the second rocker portion of gait. The second rocker portion of gait is defined as the point from the
first relative maximum plantar flexion in early stance, just after heel strike, to the point of maximum
dorsiflexion during mid-stance. In healthy subjects during this period of gait, the center of pressure moves
forward from the heel to the distal end of the foot, and eccentric contractions of the soleus and
gastrocnemius occur. When quantifying the ankle stiffness, the slope of the ankle moment vs. the ankle
flexion angle is calculated. Their study used a polynomial regression fit for ankle moment vs. ankle
flexion for the second rocker interval, but decided to neglect the higher-order terms due to their relatively
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small magnitude and simply used a linear fit. While using linear regression neglects the inertial and
damping effects, the Pearson correlation coefficient for nearly all subjects was above 0.95, indicating that
there was a high correlation between the net moment about the ankle and the flexion angle of the ankle.
This linear elastic stiffness about the ankle joint is reinforced by Weiss et al. (1988) with a study
in which subjects performed maximal quasi-isometric plantar flexion and dorsiflexion tasks. With torque
produced in either direction (plantar flexion or dorsiflexion), linear regression showed that the R2 value
was greater than 0.90 when plotting the elastic parameter, K (Nm/rad), vs. torque produced, confirming
that the elastic stiffness increases at a linear rate. Understanding how total ankle stiffness varies over the
entire range of motion is essential to orthosis and prosthetic design. If a subject does not have the ankle
stiffness of a healthy person, then orthosis stiffness can be tuned appropriately to compensate in an
optimal way.

2.2.2 Fourier Analyses
In Fourier analysis, the frequency content of any periodic time domain signal, 𝑓(𝑡), can be
described in the frequency domain as the sum of a finite number sine and cosine terms, each with a
harmonic coefficient designating the relative influence of each frequency in relation to the signal as a
whole, according to Portnoff (1980). Fourier series are of the form:

∞

∞

𝑓(𝑡)  𝐴0 + ∑ 𝐴𝑛 sin(2𝜋𝑛𝜔𝑡) + ∑ 𝐵𝑛 cos(2𝜋𝑛𝜔𝑡)
𝑛=1

𝑛=1

where A0 is the mean offset of the signal as whole, An and Bn are the harmonic coefficients associated with
each term, and n is the harmonic number for each term.
Gait can be viewed as a set of periodic actions that result in periodic motions, according to
Antonsson & Mann (1985). With each step, muscles in the body perform repetitive, periodic contractions
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and co-contractions. In their study of healthy human subjects (ages not given) walking at a comfortable
speed over a force plate, they showed that 98% of the power contained in the vertical force signal was
contained in frequency components below 10 Hz, and 99% below 15 Hz. That is to say that the vast
majority of resultant forces acting on the foot at the center of pressure are mostly below 15 Hz, but the
same conclusion cannot necessarily be drawn regarding the frequency of individual muscle contractions.
That would require closer examination through electromyography (EMG) or other methods. However,
this method lends us very important information for data collection specifications and parameters. For
example, we can definitively say that force plates must have a resonant frequency well above 15 Hz so as
to avoid corrupting sampled data from walking. It also allows us to know the sampling frequency range
that must be utilized for collecting data for these activities. According to the Nyquist-Shannon sampling
theorem, signals must be sampled at a rate of at least double the maximum frequency to be detected. For
example, if we wish to detect and analyze a signal with a frequency of 15 Hz, we must take samples at
least at 30 Hz. Usually a sampling frequency of five to ten times the signal frequency is recommended to
discern the waveform of the signal, as per Antonsson & Mann (1985). However, frequencies higher than
½ the sampling frequencies can be aliased back into the sampled domain, resulting in incorrect data. For
example, if we sample a signal with frequency components of 20 Hz at a sample rate of 30 Hz, we will
detect those frequencies as being 10 Hz, as they are folded back over the ½ sample rate frequency.
Therefore, high-frequency noise that interferes with a sampled signal must be adequately filtered out precollection, or dealt with in such a way to prevent aliasing. In this thesis project, data sampling was done
with an effort to avoid aliasing.
In another study comparing the frequency components of gait in young subjects (mean age = 13
years) with scoliosis walking at a comfortable speed, Giakas et al. (1996) also found that over 95% of the
power contained in vertical ground reaction force frequencies is below 15 Hz in their control group of
healthy young girls (mean age = 13 years). In addition, they were able to draw similar conclusions
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regarding the frequency content of GRFs in the anterioposterior and mediolateral directions. For all
directions, 95% of the power spectrum was contained below 19 Hz.

2.2.3 Wavelet Analysis
The importance of Fourier analysis cannot be overstated, but it is not without its drawbacks. One
major problem associated with Fourier analysis is the inability to observe changes in the time-domain.
For example, if a signal has a frequency of 10 Hz towards the beginning, but changes to 50 Hz towards
the end of the sampled period, standard Fourier analysis will only show the relative magnitude of the
frequencies in an amplitude vs. frequency plot and all temporal information is lost. Because of this,
Fourier analysis is very useful for analysis of highly periodic, steady-state signals, but not very useful for
signals that exhibit frequency changes over time.
Wavelet analysis is a method of time-frequency analysis in which frequency components are
calculated at each instant in time. This is different from the Windowed Fourier Transform (WFT), which
uses a sliding time period scale T throughout the time domain and calculates frequency components for
each of the periods of time length T. In WFT, the Fourier transform is essentially performed on individual
portions of the signal, with the portion length being variable to have better resolution. However, this
results in an inaccurate representation of frequency components throughout time because the length of T
can cause aliasing of frequencies that fall outside the frequency range of the time window, according to
Torrence & Compo (1998). Also, the WFT requires the user to define T, which can greatly affect the
results. Therefore, a continuous scale method should be employed.
Wavelet analysis uses a wavelet function, which are usually small oscillatory functions that have
a mean value of zero that “wave” up and down. This wavelet function is then dilated or contracted in
time, and a convolution with that function and the discrete sequence (the signal being analyzed) is defined
as the wavelet transform. It is important to note that the type of wavelet chosen affects the transform,
since it is convolved with another signal. The wavelet function can be either real or complex, orthogonal
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or nonorthogonal, and of varying shapes and sizes to yield different time and frequency resolutions, as
described by Torrence & Compo (1998).
Wavelet analysis is certainly a promising tool for analysis in biomechanics, especially as a
method to determine how joints coordinate under activities performed at different speeds.
One of the more important features of wavelet analysis is the ability to determine the local areas
in time and frequency that exhibit high common power, known as the cross-wavelet transform. This is
especially useful to determine the similarity or two signals, but is different than wavelet coherence, which
uses a method somewhat similar to the method used to determine R2 correlation values. In layman’s
terms, cross-wavelet analysis calculates the power similarities in time-frequency space and can also
determine phase relationships, and wavelet coherence determines how similar the signals are in time and
frequency, according to Grinsted et al. (2004).
This method of signal analysis is proving hopeful for the field of biomechanics as a method of
determining joint and muscle relationships. In a study on the age-related differences in simple walking,
nine young (mean age = 31.7 years with a standard deviation of 5.2 years) and nineteen older (mean age =
80.5 years with a standard deviation of 6.5 years) subjects walked on a treadmill at three different speeds
with reflective markers placed on bony landmarks and motion capture data was collected by a Vicon
motion analysis system by Ihlen (2014). No ground reaction force data was collected, so only joint flexion
angles, calculated using 3D Euler angle definitions, were used in this study. An adapted wavelet analysis
method called generalized wavelet coherence analysis (GWCA) was designed and employed by the
author in order to determine the instantaneous coupling and decoupling of joint rotations within each
stride. The study mainly outlines the method of GWCA, but it also showed that the older subjects had
much worse inter-joint coordination during the pre-swing phase of gait, which is not altogether
revolutionary. The important point of this GWCA method is that it assesses relative strength and phase
relationships between an arbitrary number of joints, whereas previous methods only assessed relative
phase.
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2.3 Ankle-Foot Orthoses (AFOs)

This section presents the state-of-the-art of ankle-foot orthoses (AFOs) and some of the important
functions they serve as rehabilitative devices. Section 2.3.1 outlines passive AFOs and some notable
studies of them. Section 2.2.2 briefly describes active AFOs. Finally, section 2.3.3 presents the
customization possibilities of AFOs for individual subjects or patients.

2.3.1 Passive AFOs
Broadly defined, an orthosis is any device that is implemented to correct a biomechanical
pathology. Orthoses are usually made of rigid plastic or metal, and attached to a subject or patient via
adjustable straps or cuffs. Many different kinds of orthoses are used, and for many different reasons.
Ankle-foot orthoses (AFOs) are usually braces made of molded plastic that help align or support the ankle
and foot. Many commercially available AFOs have a strap/cuff that wraps around the calf and tibia with a
plastic portion that runs down the posterior side of the calf, around the calcaneus, and under the plantar
side of the foot. These AFOs can provide passive rotational stiffness support about the ankle joint to aid
weak plantar flexors, as shown by Arch & Stanhope (2014), or to help reduce the metabolic cost of
walking, as shown by Collins et al. (2015). All of the AFOs used in the cited studies in this section are
known as passive-dynamic ankle-foot orthoses, or PD-AFOs. In this subchapter (chapter 2.3.1) and
subchapter 2.3.3, the terms “AFO” and “PD-AFO” will be used interchangeably.
To fully understand the ways in which PD-AFOs affect the gait of subjects with various
neuromuscular and musculoskeletal impairments, Harper et al. (2014) tested a range of additivemanufactured PD-AFOs with varying stiffness properties on thirteen active military personnel with “highenergy lower-leg trauma,” such as from motor vehicle accidents or blast injuries. Three PD-AFOs were
designed for each subject, one that was determined to be ideally stiff based on a three-point-bend
configuration, one that was 20% more stiff than the ideally stiff PD-AFO, and one that was 20% less stiff
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than the ideally stiff PD-AFO. The PD-AFOs were made of carbon fiber and Nylon 11 plastic with a
selective laser sintering (additive manufacturing) process. The subjects then walked with each PD-AFO
over ground at a self-selected velocity, and a controlled Froude velocity as a scaled option for comparison
between subjects (FR = 0.16). Surface EMG data was also collected for the soleus, medial gastrocnemius,
tibialis anterior, rectus femoris, biceps femoris long head, vastus medialis, and gluteus medius. It was
shown that altering the AFO stiffness resulted in some significant differences in individual joint flexion
angles, such as knee flexion, dorsiflexion, and plantarflexion, particularly towards the beginning of the
stride cycle for which the PD-AFO leg is in contact with the ground. Overall, 1) ankle range of motion
increased with a decreased PD-AFO stiffness, but not significant changes in overall ankle work or
moments were seen, 2) an increase in medial gastrocnemius activity compensated for decreasing PD-AFO
stiffness, and 3) no significant changes in the PD-AFOs contribution to forward propulsion was observed
across stiffness values.
Arch & Stanhope (2015) designed and conducted a similar experiment to Harper et al. (2014), but
with two young, healthy subjects (25 year-old male and 24 year-old female). This study was primarily
concerned with identifying the presence of the strength substitution provided by the AFO. Strength
substitution, or AFO stiffness substituting for muscular force during gait, was assumed to be present due
to the net ankle moment not changing across trials. That is to say, the AFO must have been contributing
to the total work done about the ankle because the net ankle moment peak remained constant or nearly
constant. However, there is also some interplay between the PD-AFO and the adaptive gait strategies that
the subjects employed, either consciously or unconsciously, that is not fully understood and requires more
investigation. One of the more recent discoveries contributing to the adaptive gait strategies is the ability
for PD-AFOs to replicate soleus function, but not gastrocnemius function in a kinematic-driven model,
according to Arch et al. (2015). This is in contrast to the conclusion drawn by Harper et al. (2014) that
medial gastrocnemius function increased with decreasing PD-AFO stiffness. Since this study was done
using the same data collected by Arch & Stanhope (2015) and the computer model has inherent
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imperfections, it is reasonable that different conclusions can be drawn between studies. However, this
highlights the need for much more research to be conducted on the role PD-AFOs play in assisting gait.
Aside from using passive AFOs to merely contribute to ankle rotational stiffness and aiding those
with limb impairments, AFOs can also be designed to optimize gait and reduce the metabolic cost of
walking, shown by Collins et al. (2015). Instead of simply using an AFO as a rigid piece to contribute to
the rotational stiffness about the ankle, an exoskeleton was designed with a ratcheting pulley attached to a
spring that contributed to ankle stiffness and varied with time through each stride. The spring was
connected to the posterior side of the exoskeleton and the subjects’ lower legs, parallel to the Achilles’
tendon. Nine healthy adults (2 females and 7 males, average age = 23 years +/- 3.7 years) were fitted for
exoskeletons and had a variety of springs with different stiffness. For their subjects, it was shown that
there was an optimal spring stiffness around 200 N*m/rad that resulted in a 7.2% reduction in metabolic
cost. The lowest stiffness spring tested, at roughly 125 N*m/rad resulted in about a 4% reduction in
metabolic cost, and the highest stiffness spring tested, at 400 N*m/rad actually increased the metabolic
cost by almost 2%. This shows that the prospect of making human gait more efficient is attainable with
dynamic mechanisms that can vary stiffness through gait.

2.3.2 Active AFOs
While passive AFOs do not require a power source to function, active AFOs require power and
are therefore subject to different design constraints. For our purposes, active AFOs are only defined as
devices that produce and dissipate power about the ankle, as well as perform the controlled release of
stored energy, usually from springs. These do not include devices that actively lock or unlock joints of an
orthosis, or are simply passive AFOs that provide a means of electrical stimulation to the subject’s
muscles to produce muscular force. This thesis will not utilize active components in the AFO being
developed due to cost and modelling simplicity, but it is necessary to understand the fundamentals, pros,
and cons, or active AFOs for the design of passive AFOs.
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Active AFOs can alter the oscillatory properties of the joint by changing its stiffness and
damping, as shown by Yoshizawa (2012). In that study, a single subject’s ankle was secured in a
somewhat standard AFO, but the heel was suspended above the ground. A platform sat below the heel
and was connected to the ankle joint, allowing the AFO to change the angle of the foot and shank relative
to the ground without moving the portion that was in contact with the ground. In other words, the heel and
foot could move independent of the ground. An electromagnetic brake was used to provide friction and
dissipate energy about the ankle. A passive spring was also employed to create an opposing moment
when the AFO was dorsiflexed, and to trigger the ankle joint brake. A force observer, rather than force or
pressure sensors, was used to track the GRF through gait cycles. No motors were used in this AFO, just
the electromagnetic brake. One of the main points of the study was to determine the optimal braking
mechanisms in AFOs that dissipate energy. It was shown in that study that the use of braking mechanisms
and energy dissipation results in a more stable gait.
The Massachusetts Institute of Technology (MIT) Media Lab, the University of Michigan, the
Arizona State University, and many others have developed single-joint active orthoses primarily for
rehabilitative purposes, rather than for strength augmentation of a healthy subject, as described by Dollar
& Herr (2008). Many of these designs are pneumatically or hydraulically actuated in order to provide
power about the joint. There are many issues with the control of these systems, as subjects’ gaits and
pathologies are very different. Interfacing EMG data with actuator or damper controls, however, seems to
be promising.
In addition to experimental studies, models must be made for the design of active prostheses and
orthoses in order to easily manipulate parameters and test ideas in a rapid way. Handford & Srinavasan
(2016) developed an optimized model with a single leg amputations below the knee. Their focus was to
optimize the human metabolic cost and prosthesis energy cost when replicating gait. One very important
conclusion made in their study was that replicating symmetric gait is more energy-intensive than having
asymmetric gait. This is because in normal, healthy human gait, the ankle does some negative work

19
immediately before the major power production associated with toe-off. In an optimized prosthetic model,
this negative work is not done, and therefore the prosthesis can do less positive work. However, they
make the point that there may be “physiological and psychological benefits” to prosthetic users if they
have a symmetrical gait. So, the human cost of a prosthesis does not always come down to the metabolic
cost, but the overall qualitative experience the user has with it as well. This is extremely important to
recognize in order to keep subjects and users happy.

2.3.3 Customization
One of the common threads throughout the fields of prosthetics, orthotics, physical therapy and
human rehabilitation, and biomechanics in general is that every human body is unique. Therefore,
biomechanical implements must have a degree of customization to best fit each patient. The current
method of constructing prostheses or orthoses relies on qualitative feedback from patients and a trial-anderror construction process, rather than quantifiable metrics. This way, the mechanical and functional
properties of these implements are not fully known and cannot be assessed or replicated easily.
Schrank et al. (2013) developed a virtual functional prototyping (VFP) process for constructing
fully customized, optimal PD-AFOs for patients. In this method, 3D coordinates of landmarks on
subjects’ feet and shanks were input into computer aided design (CAD) software that automatically scaled
in size and shape the PD-AFO model for each subject. Finite element analysis (FEA) of the CAD models
was used to predict the stresses, strains, and mechanical response of the AFOs, resulting in a fully
predictive optimization process for orthosis design. The AFOs were 3D printed using selective laser
sintering (SLS). The primary cited advantage to using SLS, aside from being able to print directly from
CAD models, is that part cost is primarily dependent on part volume rather than part complexity, allowing
for complex and unique parts to be constructed with a relatively low cost. This cost is further reduced by
eliminating numerous labor-intensive hours dedicated to constructing a customized implement for
patients by hand, by a professional prosthetist.
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The dimensional accuracy of the selective laser sintered parts was determined by Schrank &
Stanhope (2011) to be well within acceptable tolerance restrictions. Numerous landmarks on the
fabricated AFOs allowed for distance measurements to be taken from the physical parts and compared
with the CAD models (where the ideal distances between the landmarks are known) to assess dimensional
discrepancies resulting from the manufacturing process. All dimensional errors between landmarks were
under 1.5mm, with most of them being under 0.5mm. This indicates that the manufacturing process is
reliable, accurate, and precise enough for the construction of parts to fit on subjects as they are intended.
Furthermore, after subjects used their respective AFOs for over an hour, there was no reported
discomfort. Their study outlines a suitable construction method for AFOs.
Faustini et al. (2008) also used SLS to construct AFOs, primarily to test the mechanical properties
of different materials after the manufacturing process. However, they outline a very useful method for
reverse engineering AFOs that patients are already using. In their study, a carbon fiber AFO (CF-AFO)
was obtained with the consent of a 66 year-old male with Post-Polio Syndrome who had been using a
carbon fiber AFO as and assistive gait implement. Computed tomography (CT) scans of the CF-AFO
were acquired by a CT scanner to replicate the geometry and dimensions of the physical part in a CAD
model. FEA was performed on multiple CAD models representing each different material being tested
(Rilsan D80, DuraForm PA, DuraForm GF, all proprietary polymer powders by Rilsan and DuraForm)
for bending situations intended to replicate human gait to predict the response of the different AFOs. The
best material chosen by the authors was the Rilsan D80 because it dissipated the least amount of energy
through oscillation and had the mechanical characteristics closest to carbon fiber. The primary purpose of
their study was to identify the best material, but they have successfully outlined a method for digitizing
existing AFOs and a regiment of tests for identifying the best material for replication purposes, for any
AFO. This allows quantitative metrics to be gathered and assessed, and models to be built and tested for
design characteristics.
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2.4 Summary of Literature Review

This literature review is intended to provide the uninformed reader with cursory knowledge of
some of the methods to be used and referenced in this thesis project. One of the primary points to be
understood is that human walking can be modeled as a series of repetitive, periodic actions, shown by
Antonsson & Mann (1985). From this, analyses can be done on data collected through various means,
whether by video-based motion capture, goniometry, or others. Wavelet analysis looks promising as a
method to determine the frequency components, interactions, and coordination across time, shown by
Grinsted et al. (2004) for any two time series, and by Ihlen (2014) for biomechanical purposes.
Time and frequency analyses of human gait data is useful for qualitative analysis, but this lacks a
compelling purpose if it cannot be applied to assisting humans. Schrank et al. (2013), Harper et al. (2014),
and Faustini et al. (2008) provide the most clear path to applying biomechanical data to the end-user, or
patients with biomechanical impediments. Understanding the hard, quantitative properties of PD-AFOs
will allow us to make better implements for patients without time-consuming and expensive trial-anderror construction processes. While these methods for AFO modelling and construction may not yet be
ready for commercial implementation, they are very promising for future research.
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Chapter 3
Methods
This section outlines the methods used in this study for data collection and processing. Section
3.1 describes the protocol for collection of data from the subject. Section 3.2 defines the biomechanical
model and its relevant parameters. Section 3.3 briefly presents the preliminary data processing employed.
Finally, section 3.4 discusses the analysis methods of the data, primarily performed in MATLAB, and
section 3.5 provides a summary of the methods.

3.1 Data Collection
A 58-year-old female subject (mass = 54.3 kg, height = 1.63 m) with a severe trimalleolar
fracture (broken ankle) was recruited for this Institutional Review Board (IRB) approved study. Informed
consent was obtained from the subject. The subject had open reduction internal fixation (ORIF) surgery
and was able to walk with limited mobility, though could easily do the tasks required for data collection.
The hardware for fixation of the bones was still in the subject at the time of data collection. The IRB
protocol for the data collection procedure, as well as informed consent of the subject (names redacted)
can be found in Appendix B.
Motion data of the subject were gathered by an 8-camera Eagle Motion Analysis System and
Cortex software (Motion Analysis Corp., Mountain View, CA). The subject had reflective markers placed
on various bony landmarks of the body to track motion through the capture volume. Positions of the
markers were sampled at 150 Hz, with approximately 0.1 mm resolution. A static trial was conducted as
well in order for a model of the subject to be constructed. The list of markers and their locations can be
found in Table 3.1. The medial knee and medial ankle markers were removed prior to gait trials for the
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walking trials to prevent interference with movement. Locations of markers are based on Wu et al.
(2002).
Ground reaction force data were gathered by two Kistler 9287A force plates flush with the base
of the floor (Kistler Insturment Corp., Amherst, NY) located in the middle of a roughly 20m walkway.
For these trials using the force plates, the subject started at one end of the walkway and walked all the
way to the other end, walking over the force plates in the process. These data were sampled at 1000 Hz.
In order to ensure that the subject did not intentionally alter her stride, numerous trials were conducted.
The only trials used for analysis were those in which the subject had a full step with one foot on each of
the force plates. It did not matter if the subject lead with the left or right foot. For the trials in which the
force plates were used, one data set was collected with the subject walking at a deliberately slow pace.
Another data set was collected with the subject walking at a comfortable pace. The two are differentiated
as “slow” and “fast” in plot titles and tables. The subject was allowed as much rest as desired between
trials.
Two trials were also conducted with the subject walking on a treadmill within the capture
volume. The treadmill was not instrumented, so only kinematic data were captured. Each trial was 30
seconds in length, though the data used for analysis were trimmed as appropriate. One trial was done at a
deliberately slow pace, found to be 1.2 mph (0.54 m/s), and the other was done at a more comfortable
pace for the subject, found to be 3.0 mph (1.34 m/s). The purpose of these trials was to obtain multiple
strides in series, so that longer-term frequency correlations could be made with wavelet coherence
analysis, rather than attempting to conduct this analysis on a single stride
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Table 3-1: Names and locations of markers used for capturing kinematics of subject and
building biomechanical model.
NAME
R_SHOULDER,
L_SHOULDER

LOCATION
Superior aspects of right
and left acromia

NAME
L_KNEEMED (static
trial only)

STERNUM

Suprasternal notch on
superior aspect of sternum

BIAS

BACK

C7 vertebra

RSHANK_1,
RSHANK_2,
RSHANK_3,
RSHANK_4

SACRUM

Sacral cana on superior
portion of sacrum

LSHANK_1,
LSHANK_2,
LSHANK_3,
LSHANK_4

R_ASIS, L_ASIS

Right and left anterior
superior iliac spines of
pelvis
Greater trochanter of right
and left femurs
Four markers clustered in
a rectangle on a rigid
plastic board secured to
the lateral side of the
subject’s right thigh
Four markers clustered in
a rectangle on a rigid
plastic board secured to
the lateral side of the
subject’s left thigh
Lateral side of right knee,
between the lateral
condyles of the femur and
tibia

R_ANKLAT

R_GTROC, L_GTROC
RTHI_1, RTHI_2,
RTHI_3, RTHI_4

LTHI_1, LTHI_2,
LTHI_3, LTHI_4

R_KNEELAT

LOCATION
Medial side of left knee,
between medial condyles
of femur and tibia
A bias marker placed on
posterior side of right
thigh to help differentiate
between left and right
sides
Four markers clustered in
a rectangle on a rigid
plastic board secured to
the lateral side of the
subject’s right shank
Four markers clustered in
a rectangle on a rigid
plastic board secured to
the lateral side of the
subject’s left shank
Lateral malleolus of right
ankle

R_ANKMED (static
trial only)
L_ANKLAT

Medial malleolus of right
ankle
Lateral malleolus of left
angle

L_ANKMED (static
trail only)

Medial malleolus of left
ankle

RHEEL_1, RHEEL_2,
RHEEL_3, RHEEL_4

Four markers clustered in
a rectangle on a rigid
plastic board secured to
the posterior of the
subject’s right shoe, near
the calcaneal tuberosity
Four markers clustered in
a rectangle on a rigid
plastic board secured to
the posterior of the
subject’s left shoe, near
the calcaneal tuberosity
Dorsal side of right & left
2nd and 5th

R_KNEEMED (static
trial only)

Medial side of right knee,
between medial condyles
of femur and tibia

LHEEL_1, LHEEL_2,
LHEEL_3, LHEEL_4

L_KNEELAT

Lateral side of left knee,
between the lateral

R_MET2, R_MET5,
L_MET2, L_MET5
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condyles of the femur and
tibia

metatarsophalangeal
(MTP) joints

3.2 Biomechanical Model Building
Model building was done in Visual 3D software (C-Motion, Inc., Germantown, MD). The static
trial of the subject was used for model building, and the model was then applied to the walking trials. The
mass and height of the subject are 54 kg and 1.63 m, respectively. Eight rigid body segments were used to
create the model – trunk/abdomen, pelvis, left/right thighs, left/right shanks, and left/right feet.
Coordinate systems for all segments can be found in Table 3-2. Shapes, definitions, and inertial properties
of the segments can be found in Table 3-3. It is important to note that adding all of the segment masses
does not equal 100% body mass because the arms and head were neglected from the model. Sizes of the
markers were taken into account when model building. The centers of the markers are 1 cm from the
point of contact on the body. Joint centers for the ankles and knees were calculated as halfway between
the medial and lateral joint markers. Hip joint centers were calculated as a fixed relationship between the
left and right ASISs, and the sacrum, based on Davis et al. (1991). Static and walking trials with the
model can be seen in Figure 3-1.
Inverse kinematics, as described by Tolani et al. (2000), were used with a global optimization
method to determine model positions. With this method, as opposed to a six degree-of-freedom model,
constraints applied to the joints filter out unwanted motion or noise. With inverse kinematics, the
underlying motion of the bones is preserved. Since the motions the subject was doing were relatively slow
and predictable, this method seemed appropriate. More explosive motions that are used to examine, for
example, the dynamics of soft tissue, may require a different method.
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Figure 3-1: A) Static trial for biomechanical model, bones rendered. Gray spheres indicate
physical markers, purple spheres indicate marker-dependent virtual landmarks. B) Biomechanical
model mid-trial, segment shapes rendered. Red spheres indicate physical markers, blue markers
indicate joint centers.

Segment coordinate systems were computed by Visual 3D when they were created, and generally
follow global lab coordinate system when the subject is in formal anatomical position. The definition of
the global coordinate system of the lab, used in the GRF data, as well as joint segment coordinate systems
can be found in Table 3-2. Most of the data of interest are joint flexions/extensions and moments about
the z-axes of body segments, and GRFs in the y-direction. Moments of inertia of each segment were
calculated about the origin of the segment by Visual 3D using the inertial formulae for their respective
geometric solid approximations.
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Table 3-2: Segment coordinate systems definitions of biomechanical model.
Segment

Coordinate system definition

Global - laboratory

Origin: center of
+x-axis: pointing opposite direction of walk
+y-axis: normal to plane of force plate, pointing
towards ceiling/head
+z-axis: pointing to left of subject
Origin: center of inferior circle of segment
+x-axis: orthogonal to line between top and bottom
center points and line between left and right edges of
bottom of segment, pointing posteriorly
+y-axis: line between centers of top and bottom circles
of segment, pointing inferiorly
+z-axis: line between left and right edges of bottom of
segment, pointing to right of subject
Origin: midpoint between R_ASIS and L_ASIS
markers
+x-axis: normal to line between R_ASIS and L_ASIS,
pointing anteriorly
+y-axis: normal to plane created by R_ASIS, L_ASIS,
and SACRUM, point superiorly
+z-axis: line between R_ASIS and L_ASIS, pointing
to right of subject
Origin: hip joint center
+x-axis: orthogonal to line between greater trochanter
and hip joint center and line between hip joint center
and knee joint center, pointing anteriorly
+y-axis: line between hip joint center and knee joint
center, pointing superiorly
+z-axis: line between greater trochanter and hip joint
center, pointing to right of subject
Origin: knee joint center
+x-axis: orthogonal to line between medial and lateral
knee markers and line between knee joint center and
ankle joint center, pointing anteriorly
+y-axis: line between ankle joint center and knee joint
center, pointing superiorly
+z-axis: line between medial and lateral knee markers,
pointing to right of subject
Origin: ankle joint center
+x-axis: orthogonal to line between medial and lateral
ankle joint markers, and line between ankle joint center
and midpoint between 2nd and 5th met., pointing
anteriorly
+y-axis: line between ankle joint center and midpoint
between 2nd and 5th met., pointing posteriorly
+z-axis: line between medial and lateral ankle joint
markers, pointing to right of subject

Trunk/abdomen

Pelvis

R/L thigh

R/L shank

R/L foot
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Table 3-2: Segment dimensional and mechanical properties of biomechanical model.
Segment

Shape

Location/definition

Moments of
inertia (kg∙m2)

Trunk/abdomen

Truncated cone

IXX: 0.355407
IYY: 0.197912
IZZ: 0.355407

Pelvis

Cylinder

Diameter of superior end:
Left acromion to right
acromion. Diameter of
inferior end: Right ASIS
to left ASIS.
Helen Hayes definition
(Davis et al., 1991)

R/L thighs

Truncated cones

R/L shank

R/L foot

Truncated cones

Truncated cones

Length: Hip joint center to
knee joint center. Radius of
proximal end: greater
trochanter to hip joint
center. Radius of distal
end: lateral knee to knee
joint center.

Length: Knee joint center
to ankle joint center.
Radius of proximal end:
lateral knee to knee joint
center.
Radius of distal end:
lateral ankle to ankle joint
center
Length: Ankle joint center
to halfway between 2nd and
5th metatarsals. Radius of
proximal end: lateral
malleolus to ankle joint
center. Radius of distal
end: 5th MTP joint to 2nd
MTP joint

IXX: 0.0428979
IYY: 0.0643469
IZZ: 0.0428979
Right
IXX: 0.0679034
IYY: 0.0247276
IZZ: 0.0679034
Left
IXX: 0.0671198
IYY: 0.0208668
IZZ: 0.0671198
Right
IXX: 0.0298495
IYY: 0.0043987
IZZ: 0.0298495
Left
IXX: 0.0295285
IYY: 0.0044547
IZZ: 0.0295285
Right
IXX: 0.0020051
IYY: 0.0009586
IZZ: 0.0020051
Left
IXX: 0.0018373
IYY: 0.0009256
IZZ: 0.0018373

Segment mass
(% total body
mass)
35.5%

14.2%

10% (x2)

4.65% (x2)

1.45% (x2)
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Joint kinetics were calculated using inverse dynamics. Joint moments about the ankles were
determined first by using the GRFs, foot segment masses, foot segment centers of mass, foot segment
moments of inertia, and joint center locations. Known values for applied loads and moments can be
utilized to solve for the net moment about a point of rotation. From there, the joint moments for the knee
were calculated using the same process for the relevant shank segment properties, and so forth about the
hip joint.

3.3 Data Processing
Data was collected and digitized by Cortex before being exported to Visual 3D for model
building. The marker set outlined in section 3.1 was created and applied to each trial. Gaps in the raw data
were filled with a cubic spline method. Motion and force data were then exported to Visual 3D for further
processing and model application. A 3rd-order bi-directional Butterworth filter with a cutoff frequency of
10 Hz was used to filter out high-frequency noise via the Visual 3D command pipeline for both the force
plate trials and the treadmill trials. Event markers for the heel-strike and toe-off of each foot for each trial
were placed in the data so that all GRF and joint moment plots begin at foot strike and end at toe-off.
Joint angles were calculated using an X-Y-Z Cardan sequence, described in section 2.1.1. Moments were
calculated using inverse dynamics, described in section 3.2. Time in all trials (except treadmill trials) was
converted to percent stride, where the beginning of the series corresponds to foot-strike, and the end of
the series corresponds to toe-off and is based on a 0-100 scale. Data were then exported as ASCII files for
use in MATLAB (MathWorks, Inc., Natick, MA), where most of the analyses were performed.
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3.4 Data Analysis

3.4.1 Joint Angles, Frequency, and Time-Frequency Analyses
Joint angles, frequency spectra, wavelet transforms, and wavelet coherence between joint angles
were plotted in MATLAB. Frequency spectra for each joint angle profile were calculated by performing a
Fast Fourier Transform (MATLAB function fft) on each series and the relative amplitude vs. frequency
plots were made. The wavelet transform and wavelet coherence methods are described in section 2.2.3. A
Fourier series was also computed using the MATLAB function fit for each angle series for each joint,
and used to compare variance between both legs. The Fourier series, computed using a damped leastsquares fit, are estimates of the periodic angle series. These were then subtracted from the actual data
points of each angle series to determine the residuals. The standard deviations of the residuals were
calculated.
Wavelet coherence plots were produced comparing two joint angle series (ankle/knee, knee/hip,
and ankle/hip) for both the fast and slow walking treadmill trials using the MATLAB function
wcoherence and based on the methods outlined in section 2.2.3, using the Morlet wavelet. These plots
show the magnitude-squared coherence from 0-1 in both the time and frequency domains. Due to the
slight differences in segment coordinate system definitions, the x- and y-axes were compared to the yand x-axes of the ankle, respectively in order to have joints actions with respect to the whole-body
anterioposterior and longitudinal axes. This is to isolate abduction/adduction moments of the foot with
internal/external rotation moments of the knee or hip (generally, the longitudinal axis of the body), and
inversion/eversion moments of the ankle with abduction/adduction moments of the knee or hip (generally,
the anterioposterior axis of the body). In other words, ankle angles were compared to knee angles x-y
(longitudinal axis), y-x (A/P axis), and z-z (M/L axis). For knee/hip moments, angles were compared x-x,
y-y, z-z.
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3.4.2 GRFs & Joint Moments
Peak values of the GRFs were found by using the MATLAB function findpeaks for local
peaks. This identified the values and instances in stride where local peaks occurred. Loading rates for the
ankle were calculated by simply dividing the normalized peak moment by the percent stride time,
providing a normalized loading rate across all trials. Only relevant (or supposed relevant) GRF and
moment data were reported in Tables 4-1 through 4-3, though all 3 joint moments about all 3 axes of
rotation for all trials are shown in Figures 4-4 and 4-5.

3.4.3 PD-AFO Model & FEA
The PD-AFO model was constructed in SolidWorks (Dassault Systèmes, Vélizy-Villacoublay,
France). The overall shape and design are largely based on the design of Arch et al. (2015), with a footplate on the plantar surface of the foot, a heel stabilizing cup, a strut along the posterior side of the shank,
and a thick cuff meant to wrap around the shank, roughly midway up the lower leg. The dimensions of the
cuff and posterior strut were based on the segment dimensions for the right shank of the biomechanical
model. The height of the rear strut was designed to run halfway up the right shank segment, plus the
thickness of the foot, or the proximal circle diameter of the right foot segment. The length and width of
the bottom foot plate correspond to the length and proximal diameter (larger diameter) of the right foot
segment. Fillets were designed on the rear corner of the AFO to help facilitate a smooth heel-to-midfoot
transition. A second flat portion on the bottom of the foot plate roughly anterior of the
metatarsophalangeal joint with an incline of 4 degrees was designed in order to facilitate a smooth
midfoot-to-toe-off transition during locomotion. The AFO model can be seen in Figures 3-2 and 3-3.
The part was discretized into points and meshed into 8,763 tetrahedral finite elements with an
average edge length of 0.163 in (4.13 mm) for finite element analysis (FEA) in SolidWorks. The material
chosen for the AFO was given a stiffness of 1400 MPA and tensile strength of 45 MPa based on the
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material chosen by Faustini et al. (2008). A load of 45 N was applied to the cuff in the anterior direction
in order to represent the additional moment produced by the healthy ankle. This loading force was
calculated by determining the non-normalized difference in average peak moments about the z-axis of
each ankle segment, and multiplying by the length of the AFO strut.
The foot plate was held fixed in two different positions while the load was applied – 1) with the
rear-to-midfoot flat portion of the bottom of the plate held fixed and 2) with the inclined forefoot portion
of the bottom of the footplate held fixed. This was done to approximate the stresses and strains
experienced by the AFO throughout a full stride. The peak moment produced about the ankle only
corresponds with one instant of foot strike, so this loading condition is meant to estimate a “most
extreme” scenario.

Figure 3-2: SolidWorks model of PD-AFO. The image on the right shows the slightly angled
forefoot section.
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3.5 Summary of Methods
Motion capture of the subject was useful in building a biomechanical model of the subject and
calculating kinematics such as joint angles. Ground reaction forces allowed kinematic data to be used
with inertial properties of the model segments to compute joint moments. Angles and moments about the
z-axes of segments are perhaps of most interest, since that is the rotation axis for most of the motion and
power. Fourier analysis methods were used to calculate the frequencies of joint angle changes between
the left and right legs and fast and slow walking trials. Wavelet coherence analysis was employed to
determine how strongly the frequency components of joint angle profiles coordinated with each other.
Finally, CAD modeling was used to create a model of an AFO customized to the subject, and FEA was
used to calculate stresses and strains for certain loading and boundary conditions.
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Chapter 4
Results
The following sections contain the results of this study. First, the joint kinematics of the uninjured
and injured legs are presented for the slow and fast walking treadmill trials in section 4.1, followed by the
GRFs and joint moments for all force plate trials in section 4.2. Frequency and wavelet coherence results
of the kinematics of the gait are presented in section 4.3. Finally, the results of the FEA are contained in
section 4.4.

4.1 Joint Kinematics
Qualitatively, asymmetric gait was immediately recognizable in the kinematic plot profiles for
both slow and fast walking trials conducted on the treadmill. Most notably, the employed range of ankle
flexion/extension was much lower in the injured ankle than in the uninjured ankle, and the employed
range of mediolateral motion for the injured knee is greater than in the uninjured knee. Joint angles for
each of the ankle, knee, and hip of both legs for both slow and fast treadmill walking trials can be found
in Figures 4-1 and 4-2.
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Figure 4-1: Ankle, knee, and hip angles for fast (~3.0 miles per hour) treadmill walking trial.
Data were sampled at 150 Hz.
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Figure 4-2: Ankle, knee, and hip angles for slow (~1.2 miles per hour) treadmill walking
trial. Data were sampled at 150 Hz.

A Fourier series was fit to each joint angle profile then represented as a series of discrete values.
These values were calculated using a damped least-squares fit algorithm, and then subtracted from the
actual data values in order to obtain the residuals of the signal. This examined the variation in ankle, knee,
and hip angles over several strides. Overall, there were few major differences in the standard deviations of
the residuals between legs. The most notable differences were that 1) the standard deviations of the
injured ankle angle residuals about the mediolateral-axis were less than the uninjured angle ankle
residuals for both the fast and slow walking trials, and 2) standard deviations of residuals of all joint
angles about the mediolateral-axes were greater in the slow walking trials than the fast walking trials. A
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large standard deviation of the residual values would indicate that the angle series did not follow the fit
Fourier series function very well and was perhaps less consistent stride-to-stride. It also may be an
indication of instability or a lack of joint control for the subject. All these values can be found in Table 41, and an example plot of the residuals can be seen in Figure 4-3.

Figure 4-3: Residuals of fit Fourier series for the slow walking trial. The red line represents
the fit function subtracted from itself, the blue points indicate the fit function subtracted from the
actual data values.
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Table 4-1: Standard deviations of joint angle residuals of Fourier series fit.

1.54

Ankle
Long.
axis
2.88

2.05

3.01

4.70

1.93

4.41

5.70

2.31

3.18

2.65

1.99

2.41

4.65

2.15

2.29

8.46

2.43

3.10

5.08

2.73

3.13

6.21

1.82

3.25

7.92

2.46

2.31

4.54

A/P axis
Injured,
fast
Uninjured,
fast
Injured,
slow
Uninjured,
slow

M/L axis

A/P axis

3.39

2.85

Knee
Long.
axis
2.43

M/L axis

A/P axis

4.64

2.60

Hip
Long.
axis
2.64

M/L axis
2.50

**All values reported in degrees

4.2 GRFs & Joint Kinetics
Overall, shapes of the GRF profiles were similar between the injured and uninjured foot-ground
contact for all trials. The average peak GRFs of both the first peak and second peak were much greater for
the uninjured leg in the fast walking trials, but not for the slow walking trials. Also, loading rates for the
first GRF peak were greater for the uninjured leg for the fast walking trials, but were nearly the same as
the uninjured leg for the slow walking trials. Instances of both peak GRFs in normalized time (percent
stride) occurred slightly later in the right leg for the fast walking trials than the left leg, but were mixed
for the slow walking trials. All GRF profiles can be seen in Figure 4-4. Average peak GRF values,
average percent stride of peak GRF, and average loading rates to the first peak are given in Table 4-1.
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Figure 4-4: Vertical ground reaction forces of foot contact for single step. Each GRF curve
corresponds to a different trial. Forces are reported in Newtons. Time is normalized to percent
stride from initial foot contact to toe-off.
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Table 4-2: Average ground reaction force peaks, loading rates, and standard deviations
from initial foot contact to toe-off.
Average force of
1st peak
(Newtons)

Average
percent of
stride of 1st
peak
25.0 (1.41)

Average force
of 2nd peak
(Newtons)

625.23 (1.71)
575.07 (8.01)
Injured
foot, fast
walk
662.34 (14.37)
21.6 (0.90)
648.08 (13.65)
Uninjured
foot, fast
walk
552.07 (17.25)
27.5 (1.29)
544.21 (7.47)
Injured
foot, slow
walk
27.3 (1.53)
578.61 (12.71)
Uninjured 539.89 (9.98)
foot, slow
walk
** Values in parentheses represent standard deviations

Average
percent of
stride of 2nd
peak
78.0 (0.00)

Average loading
rate of 1st peak
(Newtons/percent
stride)
25.05 (1.49)

76.4 (1.14)

30.72 (1.69)

72.0 (1.83)

20.12 (1.48)

73.3 (1.15)

19.79 (0.98)

Joint moments had many notable differences between the injured and uninjured legs as well. As
expected, the peak ankle moment produced by the uninjured ankle was greater than the injured ankle for
both fast and slow walking trials. The loading rate to the peak moment about the mediolateral axis of the
uninjured ankle was greater for the fast walking trials. However, loading rates were very similar between
both ankles for the slow walking trials. Peak moments about the mediolateral-axis of the uninjured leg’s
knee were greater in both slow and fast walking trials. There were also much greater moments
experienced about the anterioposterior axis of the injured leg’s knee in the slow walking trials, but not the
fast walking trials. Absolute peak moments about the mediolateral axis of the hip were greater for the left
leg during the fast walking trials, but were similar to the right leg during the slow walking trials. Joint
moment profiles about each axis for each trial for fast and slow walking trails can be found in Figures 4-4
and 4-5. Relevant average peak moments, loading rates, and instances can be found in Tables 4-2 and 4-3.
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Figure 4-5: Joint moments about injured and uninjured ankle, knee, and hip during one
foot contact for fast walking trials. Each group of three curves (Long., M/L, and A/P axes)
correspond to a different trial. Moments are normalized to body mass and reported as N·m·kg-1.
Time is normalized to percent stride from initial foot contact to toe-off.
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Figure 4-6: Joint moments about injured and uninjured ankle, knee, and hip during one
foot contact for slow walking trials. Each group of three curves (Long., M/L, and A/P axes)
correspond to a different trial. Moments are normalized to body mass and reported as N·m·kg-1.
Time is normalized to percent stride from initial foot contact to toe-off.
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Table 4-3: Ankle joint moment peaks, percent stride, and standard deviations about
mediolateral axis during foot contact. Moments are normalized to body mass and reported as
N·m·kg-1. Time is normalized to percent stride from initial foot contact to toe-off.
Average peak ankle
Percent stride of peak
-1
moment (N·m·kg )
1.36 (0.006)
78.0 (0.00)
Right, fast walk
1.58 (0.040)
76.0 (1.22)
Left, fast walk
1.23 (0.003)
73.3 (1.71)
Right, slow walk
1.35 (0.055)
74.7 (0.57)
Left, slow walk
** Values in parentheses represent standard deviations

Rate of loading to peak
moment (N·m·kg-1)
0.017 (7.66E-5)
0.021 (6.79E-4)
0.017 (4.04E-4)
0.018 (6.41E-4)

Table 4-4: Ankle joint moment peaks, percent stride, and standard deviations about
longitudinal axis (abduction/adduction) during foot contact. Moments are normalized to body mass
and reported as N·m·kg-1. Time is normalized to percent stride from initial foot contact to toe-off.
Average peak ankle moment
(normalized) (N·m·kg-1)
0.46 (0.022)
Right, fast walk
0.26 (0.029)
Left, fast walk
0.41 (0.016)
Right, slow walk
0.23 (0.005)
Left, slow walk
** Values in parentheses represent standard deviations

Percent stride of
peak
79.0 (0.00)
77.8 (1.30)
78.0 (0.82)
78.0 (1.73)

4.3 Frequency & Time-Frequency Properties
Frequency spectra for each treadmill trial were computed. For the fast and slow walking trials, the
main frequency components are located at roughly 1.67n Hz and 1.00n Hz, respectively with n
corresponding to the harmonic number. The frequency spectra power was near zero at 15 Hz and 10 Hz
for the fast and slow trials, respectively. The spectrum peaks for angle frequency components about the
mediolateral axis generally follow an exponential decay pattern as frequency increases, with the peak for
next harmonic being lower than the previous. However, this was not the case for spectrum peaks for joint
angles about the anterioposterior and longitudinal axis. For example, for the injured leg’s knee angles
about the longitudinal axis for both the fast and slow walking trials, the second harmonic peak is larger
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than the first. There was one minor difference between the injured and uninjured legs in the slow walking
trial – the first harmonic (~1 Hz) component for angles about the longitudinal axis of the injured knee was
almost nonexistent whereas it was the largest harmonic peak in the uninjured leg. Other than that, there
are no major differences in frequency content across the right and left legs.

Figure 4-7: Frequency spectra of ankle knee, and hip angles, fast treadmill walking trial. Significant
frequency components occur at roughly 1.67n Hz, where n is the harmonic number.
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Figure 4-8: Frequency spectra of ankle knee, and hip angles, slow treadmill walking trial.
Significant frequency components occur at roughly 1.00n Hz, where n is the harmonic number.

Wavelet coherence results were similar to the frequency spectrum results in that there were no
major differences between the injured and uninjured legs. Figures 4-9 and 4-10 show the magnitudesquared coherence between ankle and knee joint moments for the fast and slow walking trials,
respectively. There were very few minor differences between legs for the hip/knee and ankle/hip
coherence plots for both fast and slow walking trials, and as such, were left out. The dashed white line
represents the “cone of influence,” where there was 99% confidence that the coherence values were
correct. Low-frequency components cannot be calculated with the same level of accuracy as higherfrequency components because there were less cycles that occur during the length of the signal. High
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frequency components (in this case, frequencies above ~16 Hz) were convoluted with noise and there was
less accuracy in the coherence in time and frequency. If entire regions are much more red in some plots
than others, higher-frequency components can generally be concluded as having high coherence, such as
in the high frequency field of the injured ankle/knee joint angles about the anterioposterior axis for the
fast walking trial (Figure 4-9). But highly localized red spots, such as in the high frequency field of the
injured ankle/knee joint angles about the longitudinal axis (Figure 4-9), cannot be said to be highly
coherent due to noise.
There were clear bands of high coherence at roughly 4 Hz for joint angles about the longitudinal
and mediolateral axes for the right leg during the fast walking trial that are lacking in the left leg.
However, the opposite was true when comparing the two legs about the anterioposterior axis for the same

47
trial. For the slow walking trial, there were not too many differences between legs, but the overall
coherence was less about every axis than for the fast walking trials.

Figure 4-9: Wavelet coherence between ankle and knee joint angles, fast walking trial. Plots
indicate the magnitude-squared coherence from 0-1 between the two series. Red portions indicate
times and frequencies of high coherence (~1), while blue portions indicate times and frequencies of
low coherence (~0).

48

Figure 4-10: Wavelet coherence between ankle and knee joint angles, slow walking trial. Plots
indicate the magnitude-squared coherence from 0-1 between the two series. Red portions indicate
times and frequencies of high coherence (~1), while blue portions indicate times and frequencies of
low coherence (~0).
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4.4 AFO Model
With a thorough understanding of the gait mechanics of the subject, we can now attempt to
prescribe an assistive device. An AFO model was developed for the subject in order to provide additional
rotational stiffness about the injured ankle. Using the ankle joint angles and ankle joint moments as
reference, the design of the AFO will allow the subject to employ a force at the anterior side of the shank,
and return an additional torque about the ankle.
The AFO model performed well for the modelled application. The 45 N load was meant to
produce roughly a 12 N·m moment about the mediolateral axis of the ankle, which corresponds to the
difference in normalized moments between the injured and uninjured ankles. The moment arm of the PDAFO was 10 inches from the center of the cuff to the top of the foot plate. The added block of material on
the anterior side of the cuff was simply for the loads in the finite element scenarios to be applied easily,
and would be removed for actual construction. The angular deformations of the strut were both within
10% of the average injured ankle flexion angle for both loading scenarios.
The first loading scenario, depicted in Figures 4-11 and 4-12, had the mid/rear foot section of the
foot plate held in place in order to replicate the possible forces on the PD-AFO during mid-stance. The
peak von Mises stress was 5.803 MPa (1 MPa = 106 N/m2), and was located on the anterior and posterior
sides of the posterior strut, roughly 3 inches from the foot plate, or one-third of the length of the strut.
This stress was much less than the tensile strength of the material, which was 45 MPa. Stress
concentrations can also be seen at anterior side of the strut-cuff interface, indicating that smoother
transitions from the strut to the cuff may be necessary.
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Figure 4-11: Finite element model of AFO under loading conditions, rear/midfoot section
fixed in place.
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Figure 4-12: Lateral and rear views of finite element model of AFO with load applied. Refer
to Figure 4-11 for values of stress for colored regions.

The second loading scenario, depicted in Figures 4-13 and 4-14, had the forefoot section of the
foot plate held in place in order to replicate the possible forces on the PD-AFO during toe-off. The peak
von Mises stress was 4.482 MPa, and was located at the transition point between the rear strut and the top
of the foot plate, though other areas of relatively high stress (~4 MPa) were located on the anterior and
posterior sides of the strut, in the same section that experienced peak stresses in the first loading scenario.
This stress concentration at the base of the strut indicates that this interaction should have more material
added to it, and be smoothed to allow for lower stresses. The peak stress was 1.318 MPa lower than that
of the first loading scenario, but the mid/rear section of the foot plate experienced roughly 2-3 MPa more
of stress. This redistribution of stress through the foot plate brought peak stresses down, but may lead to
issues with the plate itself, especially at the joint.
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Figure 4-13: Finite element of AFO under loading conditions, forefoot plate fixed in place.
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Figure 4-14: Lateral and rear views of finite element model of AFO with load applied. Refer
to Figure 4-13 for values of stress for colored regions.
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Chapter 5
Discussion

5.1 Findings
This study found several differences in the gait mechanics of the injured and uninjured legs.
Major findings include 1) a decreased range of motion for the injured ankle about the mediolateral axis, 2)
decreased moment produced at the injured ankle about the mediolateral axis, 3) lower peak GRFs when
the injured foot is in contact with the ground, 4) increased standard deviations for the residuals of a
Fourier series fit to the joint kinematics during the slow walking trials, 5) lower overall magnitudesquared coherence between the ankle and knee joints during the slow walking trials, and 6) the PD-AFO,
as designed, should be sufficient to make up for the difference in ankle moment produced about the
mediolateral axis of the injured ankle.
The decreased range of motion of the injured ankle can be attributed to the fixation hardware
(pins and screws) in the subject. Decreased moment production at the injured ankle is likely due to
muscular atrophy of the subject’s plantarflexors. These findings were expected.
Expectations that were less clear at the beginning of this study were the decrease in standard
deviations of the residuals of the Fourier fit and the increase in wavelet coherence for the fast walking
trials. This indicates that there may be a slow speed at which a subject’s gait mechanics become less
stable. Walking at a speed faster than this may be beneficial.

55

5.2 Limitations
One of the primary limitations of this study is that only one subject participated, although that
was by design. With only one subject, statistical analyses with are common in many studies were not
feasible. It would have been problematic to recruit multiple subjects with the same injury due to the
nature of the injury. In addition, the numerous manners and mechanisms of injuries for ankle fractures
may not lead to the same prescription for different people. Therefore, it is crucial to understand the
mechanics, kinematics, and joint loadings of subjects on an individual basis.

5.3 Future Research
This project collected data on one subject and, based on that data, an AFO was designed. An
immediate future study would be to collect data on the subject walking while wearing a physical
prototype of the AFO. Therefore, it could be discerned how much of the normal function has or has not
been restored by the AFO. However, time and resource constraints made that impossible. There is still
much work to do on optimizing the construction of AFOs not for just research purposes, but for clinical
and practical purposes as well. For example, one limitation of Schrank et al. (2013) was that the AFO
could only be used if the subject was not wearing a shoe. Therefore, an AFO constructed this way is
nearly useless as a long-term, every day tool for patients. More practical, durable, and robust AFOs must
be constructed for purposes other than research.
Another interesting concept for future research is instrumented AFOs for data feedback to the
user. For example, force sensors in the foot plate could be used to give users an indication of how much
weight they are putting on that leg. This would be particularly useful for rehabilitative purposes, when a
doctor or clinician prescribes putting, say, half of their weight on the leg they are rehabilitating. Currently,
there is no quantitative way for a patient to do that and therefore must rely on self-estimates. Another
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possibility of instrumentation are testing physical prototypes with strain gages to verify model estimates
and real-life strains.

5.4 Summary of Discussion & Overall Conclusion
This project was intended to analyze the gait mechanics of a person recovering from a severe
ankle injury, and design and test, through a finite element method, an AFO that would help restore
functional gait. Significant differences in ankle moments and joint coherence between the injured and
uninjured legs provided a basis for the mechanical design of the AFO. In order to fully test the
characteristics of the AFO and a subject’s interaction with it, physical models must be built, tested, and
have gait mechanics compared. This offers a clear path forward in the development of AFOs as assistive
devices.
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Appendix A
Selected MATLAB Code

A.1 Frequency spectra calculations and plotting example

Fs = 150; %sampling frequency
L = 1500; %length of joint angle vectors
for i = 2:4
RAAF(:,i) = RAAF(:,i) - sum(RAAF(:,i))/size(RAAF,1); %RAAF – right
(injured) ankle angles, fast walk (contains angles about M/L, A/P, and
long. axes)
fft_RAAF = fft(RAAF(:,i));
P2 = abs(fft_RAAF/L);
P1 = P2(1:L/2+1);
P1(2:end-1) = 2*P1(2:end-1);
f = Fs*(0:(L/2))./L;
p1(:,i-1) = P1;
end
f = transpose(f);
figure(6) %plotting Fourier spectra
subplot(2,3,1)
plot(f,p1(:,1),'r',f,p1(:,2),'b',f,p1(:,3),'g')
title('Injured Leg - Ankle Angles, fast walk')
ylabel('Amplitude')
xlabel('Frequency (Hz)')
legend('Long. axis','A/P axis','M/L axis')
axis([0 20 0 25])

NOTE: This same script was run for each joint about each axis
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A.2 Fourier fit and residuals calculations and plotting example
fourier_RAAS1 = fit(RAAS(:,1),RAAS(:,2),'fourier2'); %fit Fourier series to
joint angle series (RAAS - right (injured) ankle angles, slow walk)
fourier_RAAS2 = fit(RAAS(:,1),RAAS(:,3),'fourier2');
fourier_RAAS3 = fit(RAAS(:,1),RAAS(:,4),'fourier2');
fourier_LAAS1 = fit(LAAS(:,1),LAAS(:,2),'fourier2'); %LAAS - left (uninjured)
ankle angles, slow walk
fourier_LAAS2 = fit(LAAS(:,1),LAAS(:,3),'fourier2');
fourier_LAAS3 = fit(LAAS(:,1),LAAS(:,4),'fourier2');
figure(4)
subplot(3,2,1)
plot(fourier_RAAS1,RAAS(:,1),RAAS(:,2),'Residuals') %plot residuals of series
compared to Fourier fit
title('Injured Leg - Ankle Angle Residuals, Long. axis, slow walk')
xlabel('Frames')
ylabel('Residual, degrees')
axis([0 2252 -20 20])

NOTE: This same script was run for each joint about each axis for plotting purposes
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A.3 Wavelet coherence calculations and plotting example
figure(8)
subplot(2,3,1)
wcoherence(RAAF(:,2),RKAF(:,3),150,'PhaseDisplayThreshold',1) %neglect phase
angle display - not concerned with it
title({'Injured Leg - Ankle/Knee Angle Coherence'; 'Long. axis, fast walk'})
colormap jet
colorbar off

NOTE: This same script was run for each set of two joints about each axis for plotting purposes
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Appendix B
IRB Protocol and Informed Consent of Subject
NOTE: Document scanned and digitally reformatted – formatting issues may be apparent.

CONSENT FOR RESEARCH
The Pennsylvania State University

Title of Project: Effects of an additive-manufactured ankle-foot orthosis on a patient with a severe
trimalleolar fracture — a case study
Principal Investigator: Luke Nigro

Address: 525 W Foster Ave., State College, PA 16801
Telephone Number: 302-367-3338

Advisor: Dr. John H. Challis Ph.D., Department of
Kinesiology
Advisor Telephone Number: 814-863-3675
Subject's Printed Name:
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We are asking you to be in a research study. This form gives you information about the research.
Whether or not you take part is up to you. You can choose not to take part. You can agree to take part and
later change your mind. Your decision will not be held against you.
Please ask questions about anything that is unclear to you and take your time to make your choice.

1. Why is this research study being done?
This research is being done in order to better understand and design passive-dynamic
ankle-foot orthoses (PD-AFO) for people with injuries. Your unique condition makes you an
excellent candidate for this study, and it is intended to positively affect others in similar
conditions.

2. What will happen in this research study?
You will have two separate visits to the Gait Laboratory.
During your first visit to the Gait Laboratory, we will have you do the following:
The subject will enter the Department of Kinesiology's Gait Laboratory and be asked to roll up
his or her aforementioned tight clothing as much as he or she desires. It is best for the reflective
markers to be attached directly to the skin, though not altogether necessary.
A set of reflective markers with double-sided tape will be attached to the subject's feet, lower
body, lower part of the abdomen, and lower back. On parts of the body where the subject's skin
is exposed, the markers will be attached directly to the skin with double-sided tape (hence the
request to shave his or her legs). On parts of the body still covered by tight clothing, the markers
will be attached to the clothing.
The subject's height and mass will be taken, and a 3D capture of the affected ankle will be taken.
The 3D motion-capture cameras surrounding the treadmill in the Gait Laboratory will be
prepared for recording.
The subject will be recorded walking on a treadmill at a speed of 1 m/s for 30 seconds or until
the subject chooses to stop if he or she cannot walk for the full 30 seconds.
The subject will rest for as long as he or she desires, up to 10 minutes.
The subject will be recorded walking on a treadmill at a speed of 2 m/s for 30 seconds or until
the subject chooses to stop if he or she cannot walk for the full 30 seconds.
The subject will rest for as long as he or she desires, up to 10 minutes.
The subject will be recorded walking on a treadmill at his or her own preferred speed for 30
seconds or until the subject chooses to stop if he or she cannot walk for the full 30 seconds.
The subject will rest for as long as he or she desires, up to 10 minutes.
The 3D motion-capture cameras surrounding the force plate in the Gait Laboratory will be
prepared for recording.
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The subject will walk at a slow speed, as close to 1 m/s as reasonably possible, across the force
plate 10 times, or as many times as he or she is able, with as much rest as he or she desires in
between each trial.
The subject will walk at a faster speed, as close to 2 m/s as reasonably possible, across the force
plate 10 times, or as many times as he or she is able, with as much rest as he or she desires in
between each trial.
The subject will walk at a preferred speed across the force plate 10 times, or as many times as
he or she is able, with as much rest as he or she desires in between each trial.
The subject will be finished with data collection and have the markers removed.
During your second visit to the Gait Laboratory, we will have you perform the same
procedure as above, but with the PD-AFO on your affected leg.
During your final visit, we will give you all results being processed in hard copy (paper) and
give you the PD-AFO to keep and use as you wish.

3. What are the risks and possible discomforts from being in this research study?
Minor discomfort is the only reasonably foreseeable risk to you, as you will only be using the
device (PD-AFO) for a period of up to 2 hours at a time. During the two periods of data collection,
you may experience some discomfort due to walking on a previously broken ankle. In order to
mitigate this possible risk, you are allowed to take up to 10 minutes of rest between tests and trials.
Wearing of the PD-AFO may also result in minor discomfort due to rubbing or chafing. Again, you
are allowed to take significant amounts of rest between trials and tests in order to minimize this
discomfort.
Finally, there is a risk of loss of confidentiality if your information or your identity is
obtained by someone other than the investigators, but precautions will be taken to prevent this from
happening. The confidentiality of your electronic data created by you or by the researchers will be
maintained to the degree permitted by the technology used. Absolute confidentiality cannot be
guaranteed.

4. What are the possible from being in this research study?
4a. What are the possible benefits to you?
The possible benefits to you will be having a thorough gait analysis conducted, as well as
having a custom-built PD-AFO. We hope that the PD-AFO will increase your comfort and ability
in walking.
4b. What are the possible benefits to others?
The possible benefits to other and society will be advances in the development of
passive orthoses. Making passive orthoses and prosthetics more effective has the potential to
bring inexpensive, low maintenance medical devices to those in need of them.

5. What other options are available instead of being in this research study?
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You may decide not to participate in this research, either now or at any point during the
research study. This will not be held against you in any way, as it is your right to withdraw from the
study if you desire. If you choose not to participate in this research study, there are other options
available for treatment such as physical therapy.

6. How long will you take part in this research study?
This study will only require two periods of up to two hours in length each for data
collection. In addition, your final briefing on the results will only take up to one hour. No other
time commitment is required of you.

7. How will your privacy and confidentiality be protected if you decide to take part in this research
study?
Efforts will be made to limit the use and sharing of your personal research information to
people who have a need to review this information. Your research records will be labeled with
your code number and will be kept on a secure server owned by the Pennsylvania State
University. It is a password protected network in the College of Health and Human Development.
Only the study team members will have access to it.
In the event of any publication or presentation resulting from the research, no personally
identifiable information will be shared.
We will do our best to keep your participation in this research study confidential to the extent
permitted by law. However, it is possible that other people may find out about your participation in
this research study. For example, the following people/groups may check and copy records about
this research.

•

The Office for Human Research Protections in the U. S. Department of Health and Human
Services

•

The Institutional Review Board (a committee that reviews and approves research studies)
and

•
•

The Office for Research Protections
The Food and Drug Administration

Some of these records could contain information that personally identifies you.
Reasonable efforts will be made to keep the personal information in your research record private.
However, absolute confidentiality cannot be guaranteed.
8. What are the costs of taking part in this research study?
8a. What happens if you are injured as a result of taking part in this research study? In the
unlikely event you become injured as a result of your participation in this study,
medical care is available. It is the policy of this institution to provide neither financial
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compensation nor free medical treatment for research-related injury. By signing this
document, you are not waiving any rights that you have against The Pennsylvania
State University for injury resulting from negligence of the University or its
investigators.

9. Will you be paid or receive credit to take part in this research study?
You will not receive monetary compensation for this study, but you will be allowed to
keep the PDAFO that is built for you after any and all presentations of this research are
completed.

11. What are your rights if you take part in this research study? Taking part in this
research study is voluntary.
You do not have to be in this research.
If you choose to be in this research, you have the right to stop at any time.
If you decide not to be in this research or if you decide to stop at a later date, there will be no
penalty or loss of benefits to which you are entitled.
12. If you have questions or concerns about this research study, whom should you
call?
Please call the head of the research study (principal investigator), Luke Nigro at 302-367-3338 if
you:
Have questions, complaints or concerns about the research.
• Believe you may have been harmed by being in the research study.
You may also contact the Office for Research Protections at (814) 865-1775,
ORProtections@psu.edu

•
•
•

Have questions regarding your rights as a person in a research study.
Have concerns or general questions about the research.
You may also call this number if you cannot reach the research team or wish to offer input
or to talk to someone else about any concerns related to the research.
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INFORMED CONSENT TO TAKE PART IN RESEARCH

Signature of Person Obtaining Informed Consent
Your signature below means that you have explained the research to the subject or subject
representative and have answered any questions he/she has about the research.

(Only approved investigators for this research may explain the research and obtain informed
consent.)

Signature of Person Giving Informed Consent

Before making the decision about being in this research you should have:
Discussed this research study with an investigator,
' Read the information in this form, and
Had the opportunity to ask any questions you may have.
Your signature below means that you have received this information, have asked the questions
you currently have about the research and those questions have been answered. You will receive a
copy of the signed and dated form to keep for future reference.
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Signature of Subject

By signing this consent form, you indicate that you voluntarily choose to be in this research
and agree to allow your information to be used and shared as described above.

Printed Name
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