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Abstract
Contemporary prosthetic solutions vary widely, from purely passive devices to
microprocessor-controlled powered devices. Controlling the prosthesis requires extensive
training sessions for the user, and still relies on some manual operations by the user to
ensure proper mode transitions. The trial-and-error nature of such training is burdensome
for both the user and clinical team, thus limiting the potential of this technology to be
clinically adopted.
In this thesis, the full-body musculoskeletal model of the transfemoral amputee that
inputs subject-specific anatomy, biomechanics, and muscle electrophysiology to simulate
the human movement of the user was successfully delivered as a potential solution. The
developed model was then used to control the prosthesis by allowing a different prosthesis
control strategy that can mimic the control mechanism of the C-Leg prosthesis to be
applied. In this approach, a torque was applied to the knee prosthesis of the simulated
amputees to assess the effect of the muscle performance and the ability to develop a control
pattern to artificially produce the desired movement. The currently existing neuromuscular
model (23-degree-of-freedom, 92 muscles model) of the human upper and lower body was
adapted to include an amputee's leg with a prosthesis. The modified model was validated
by acquiring 3D motion analysis data and Electromyography (EMG) from 15 able-bodied
limbed individuals and two transfemoral amputees during a variety of locomotor activities.
The simulated joint kinematics closely tracked experimental quantities with
coordination error of less than 2 degrees for hip position and less than 1 degree for knee
position during all gait speeds. In Computed Muscle Control (CMC) results, the timing of
ii

muscle contractions predicted by CMC was similar to those exhibited by EMG signals
measured during the experiment for both able bodied and amputee participants (showed a
good agreement between the measured EMG and both muscle activity and muscle force
for both able bodied and amputee participants).
The approach of the added knee moment had a positive effect on some of the lower
body joint while no effect on others. Therefore, it is necessary to apply different scenarios
of the approach to allow for variable amounts of added knee moment and quantify how the
lower body joint and muscles respond under these variable values. Moreover, it would be
beneficial to expand the approach to include the mechanics of the prosthesis ankle joint.
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Chapter 1
Introduction
Gait is a particular way or manner of walking. In normal conditions, functions
regarding human gait are developed by the nervous system at a very early age. However,
in order to walk, besides a nervous system that coordinates and supervises gait action, a
musculoskeletal system that enables motion of the legs is indispensable. For some
individuals, use of their musculoskeletal system is limited. This is the case with a lower
limb amputee. Amputation of the leg above the knee (transfemoral amputation) has a
significant impact on a person’s mobility and quality of life.
When any part of the musculoskeletal system is damaged or missing, muscles of
the intact limb must adapt in order to compensate for the lack of muscle force and control
of the residual limb. This can make common activities of daily living more challenging for
the amputees. Previous research suggested that 1); amputees tend to increase loading on
the intact limb with decreased loading on the prosthetic limb compared to able-bodied
subjects 2); the energy cost or energy expenditure during the gait is greater for amputees
than for non-amputees due to the compensatory gait adopted by amputees (the pressure on
residual limb within the socket, walking difficulty, oxygen consumption, and risk for
falling) [1].
After transfemoral amputation, patients must learn to rely on the residual limb,
upper body, and contralateral limb, and whichever prosthetic device they will use.
Controlling the prosthesis and the training associated with it is one of the most significant
1

drawbacks of current lower extremity prosthetic technology [2]. The ability of the
prosthesis to restore safe and normal function during many locomotive activities, including
walking up stairs and slopes, running, level walking, and jumping [3-10] depends on how
well it can be controlled. Therefore, in order to develop a robust prosthetic control system
and more functional prosthesis, it is important to be able to predict and to explain the
characteristics of amputee gait and the patterns of muscle forces in the residual limb of a
transfemoral amputee during daily living activities.
Numerous studies have examined the gait of amputees. Jaegers et al. introduced a
kinematic study of transfemoral amputees’ gait; kinematic parameters and gait patterns of
the trunk, hip, and knee joints of both sound and residual limbs were determined [11].
Cappozzo et al. presented a kinematic study to analyze the rotational displacements of the
upper body during level walking of above knee unilateral amputees and normal subjects
[12]. Winter et al. investigated the sagittal plane biomechanics of hip and knee and
conducted EMG analysis of the residual limb from eight below knee amputees [13].
Mensch et al. compared the biomechanical differences between walking and running in
normal locomotion and analyzed the running modes used by transfemoral amputees [14].
Schmalz et al. compared the metabolic cost of the C-Leg® with a conventionally controlled
hydraulic single-axis knee joint (3Cl, Otto Bock) in six transfemoral amputees [15]. All of
the above studies emphasized the importance of investigating the gait for amputees; thus a
better understanding of the pattern of muscle force of the residual and contralateral limb
can be obtained. However, the ability to predict movement is particularly important
because it offers the possibility of investigating how structure impacts coordination and
function.

2

Computer simulation in gait analysis is one of the most powerful methods to
explain the relationship between the biomechanical performance and physiological
structure. The framework of such simulations is to predict the effect of the neural or the
skeletal change on performance. Bae et al. presented a study of evaluating amputee gait by
applying the dynamic analysis of the musculoskeletal system during level walking and stair
climbing [16]. The aim of the study was to predict the muscle forces and moments of above
knee amputees by applying the three-dimensional musculoskeletal dynamic model. Fang
et al. utilized a musculoskeletal computer simulation to investigate the effect of the
prosthetic alignment on the pattern of the muscle forces in the residual limb of a left transtibial amputee during walking [17]. Keeken et al. presented a study of two-dimensional
mathematical forward dynamics model based on Newton-Euler and gait termination data
to investigate how the combinations of leading limb angles and internal active ankle
moments of the sound ankle or passive stiffness of the prosthetic ankle affected the CoM
(center of mass) velocity during the single limb support phase in gait termination [18].
Dynamic simulations are not limited to evaluating amputee gait and solving the
inverse dynamic problem but can also be used to predict the load bearing associated with
the prosthesis socket interface during daily living activities. Thus in the design of the
prosthetic socket, care can be taken to minimize discomfort and possible tissue trauma.
Schwarz et al. presented a study to investigate the acting loads on the socket-interface,
applying a multi-body simulation (MBS) [19]. The main goal of the study was to validate
the MBS [20] by comparing the simulation results to a direct measurement device such as
a custom strain gauge based force-moment sensor. Van Der Linden et al. presented a pilot
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study to investigate the effects of a torque absorber (TA) and its location relative to the
knee on the kinematic and kinetic parameters of the gait of two transfemoral amputees [21].
Computer simulations can also be used to measure the effect of applying different
designs of a prosthesis or medical devices on the gait pattern and muscle function. LaPre
K. et al. presented a simulation comparison of amputee gait using a novel design of
powered ankle prosthesis, passive carbon spring prosthesis, and a powered rotational
prosthesis [22]. The OpenSim forward dynamic simulation was performed to simulate and
analyze the stance phase of gait for an able-body model and three prosthesis models [23].
Chien M.S. et al. developed a mathematical dynamic model of the Mauch Knee to quantify
the functional capacity of the prosthesis and to be used in musculoskeletal models, thus
providing a better understanding of amputee gait [24]. Suzuki Y. et al. introduced a new
dynamic optimization simulation model of a transfemoral prosthesis including a residual
limb muscle model during the swing phase to obtain the optimal prosthetic mechanical
parameters and to show how well the length of the residual limb affects muscle control of
the prosthesis [25]. The above reviews indicated that computer simulations can offer a
significant potential in improving our ability to deeply understand human movement and
central nervous system (CNS) structure. Therefore, using those simulations to assist in the
design and control of devices that patients use is indispensable.
For example, microprocessor knees (MPK) offered a microprocessor-controlled
system to improve mobility and reduce the risk of injury from falls, which leads to better
overall health and well-being for wearers. Few studies have examined the micro-processor
controlled prosthetic knees. Aeyels et al. developed a passive prosthetic system controlled
by a microcomputer [26]. In this study, a simple control algorithm to control stance-phase
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knee flexion was applied. Sup et al. presented an overview of the design and control of an
electrically powered knee and ankle prosthesis [27]. The prosthesis design included two
motor-driven ball screw units to drive the knee and ankle joints. A more recent study
compared two microprocessor-controlled variable-damping prosthetic knees (C-Leg® by
Otto Bock Duderstadt, Germany and Rheo by Ossur Reykjavik Iceland) with a noncomputerized knee (Mauch SNS®, Ossur) after a 10-hour acclimation with each knee [28].
Another study by Kastner et al. compared the C-Leg® with two other conventional knees
(models 3R45 and 3R80, Otto Bock) in 10 subjects [29]. Horn developed prosthesis with
an electrically activated knee flexion lock, and then used surface EMG from the residual
limb of a transfemoral amputee to trigger the engagement and disengagement of the lock
[30]. Aeyels et al. developed a computer-controllable passive knee prosthesis based on an
electrically modulated brake and utilized surface EMG from three sites on the residual limb
of a transfemoral amputee for gait mode recognition, which in turn was used to switch the
prosthesis into the appropriate gait mode [31-33].
Although micro-controlled devices are commercially available and have shown
improvements in walking ability of the transfemoral amputee compared to the passive and
passive assist devices, how to incorporate a control system that is able to identify user state
and intent and react by sending appropriate commands at the same time is a challenge
immediately facing any proposal to develop a powered knee prosthesis. In terms of
controlling the prosthesis, several challenges exist. For example, numerous parameters are
used to control the prosthesis motion during a particular mode and must be tuned
appropriately “on-the-fly”. This requires extensive training sessions for the user and still
relies on some manual operations by the user to ensure proper mode transitions. The trial-
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and-error nature of such training is burdensome for both the user and clinical team, thus
limiting the potential of this technology to be adopted clinically. A potential solution to
this problem was to develop a model-based platform that inputs subject-specific anatomy,
biomechanics, and muscle electrophysiology to simulate human movement and movement
transitions of the user, and then applies various prosthesis control parameters and
strategies.

1.1 Objectives and Aims
The objective of this thesis was to extend the use of computer simulations to allow
modeling of various prosthesis strategies to artificially reproduce the desired gait pattern
of amputees that is close to normal gait pattern. To accomplish this objective, the specific
aims of this thesis were as follows:
Aim 1: To develop a full-body musculoskeletal model of the transfemoral amputee. A
combination of a custom written MATLAB routines and an existing open-source software
platform called OpenSim (SimTK, Stanford University) [34] were applied. OpenSim is
driven by SimTK’s powerful array of physical simulation tools, and offers a flexible
environment for creating models of animal locomotion [see Appendix A]. The software
offers a wide range of analysis in different areas, including studies of sports performance,
simulations of surgical procedures, and animation of human and animal movement. A 3dimensional, 23-DOF, 92-muscle body model complete with two legs, pelvis and torso
[35], was adapted to enable one limb to be modeled with prosthetic components. The foot,
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shank and distal thigh bones of the model were replaced by the mechanical components of
the prosthesis.
3D motion analysis data and EMG from limbed individuals and transfemoral
amputees during a variety of locomotor activities were acquired using a Vicon Nexus
motion [36] analysis system with six Kistler force plates [37] and 16 channels wireless
EMG (Delsys) [38]. Locomotor activities such as walking at different speeds, normal,
slow, and fast, were performed. Data from transfemoral amputees were used in the model
to validate the transfemoral amputee model for particular users and their prostheses.
Comparison of measured (from EMG) and predicted (from the model) muscle activity of
the residual thigh and pelvis were used to establish the validity of the model. The
hypothesis being tested was that the model was able to faithfully predict the muscles
activation on the residual limb of the residual limb.
Aim 2: To develop a simulation tool that can be used to assist for prosthesis control. In this
approach, a torque was applied to the joint center of the knee prosthesis of the simulated
amputees to assess the effect of the muscle performance and the ability to develop a control
pattern to artificially produce the desired movement. The hypothesis being tested was that
applying a biomechanical model to simulate control of the prosthesis that can improve joint
kinematic and kinetic patterns.
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Chapter 2
Literature Review

2.1 Background
Amputation of the leg above the knee (transfemoral amputation) has a significant
impact on a person’s mobility and quality of life. Contemporary prosthetic solutions vary
widely, from purely passive devices to micro-controlled powered devices. In transfemoral
amputation, the patient has lost the knee and relies on the residual limb, upper body, and
contralateral limb to control whichever prosthetic device that patient uses to walk again.
The intent of the transfemoral prosthesis is aimed at functional and aesthetic restoration of
the amputated leg. Most conventional prostheses offer a good, relatively simple, efficient
and cosmetically appealing solution for restoring function. Various prosthesis designs
exist, but they all have some general characteristics in common. More details about the
history and development of prostheses are presented in the next section.

2.2 State-of-Art of Prosthesis
A complete prosthesis for a transfemoral amputee is composed of a socket, a knee
prosthesis, an ankle-foot prosthesis, and a link between the two. The component that has
taken the biggest effort to develop has been the knee prosthesis [1] due to the additional
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degrees of freedom that need to be controlled in order to make the knee prosthesis safe and
functional. The first designs that introduced notable features to substitute for the natural
knee, compared to the peg leg, used the constant-friction and the friction-brake designs [1].
The 3R60, 3R80, 3R92, and 3R95 prostheses commercialized by Ottobock (Figure 2.1)
were the result of scientific research that took place in Europe after the end of World War
II [39]. Afterward, during the 1950s, Hans Mauch introduced the concept of fluidcontrolled prostheses (Figure 2.1) that later received technical and clinical support [40, 41].
The introduction of fluid in actuators used in knee prostheses opened new horizons
regarding the reachable performance with these devices. By the 1970s, given the
development in electronics, scientists began to experiment with intelligent prostheses [4244] to control the motion of the knee during important gait events, such as the transition
from swing phase to heel strike. In 1978 the first attempts to implement active assist (power
generation) into intelligent prostheses were performed at the Massachusetts Institute of
Technology [45]. However, throughout the 1980s and 1990’s the passive-controlled
prosthesis dominated the market, and there were many varieties.
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Mechanical passive prosthesis

Otto Bock 3R92

Otto Bock 3R95

Otto Bock 3R80

Otto Bock 3R60

Fluid-controlled passive prostheses

Endolite Adaptive 2

Otto Bock C-Leg

Ossur Rheo-kneeTM

Össur Power-knee

Figure 2.1: Evolution of transfemoral knee prostheses [41]
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During the 1990’s, an “echo control” scheme was developed for gait control. In this
control approach, the knee trajectory from the contralateral (sound) leg was utilized as a
desired knee joint angle trajectory on the prosthesis side [46]. Borjian et al. introduced a
wireless sensory system that measured lower limb inclination angles and transferred the
data between the active prosthetic knee and a healthy leg [46]. They developed a control
mechanism that took advantage of an adaptive-network-based fuzzy interference system
(FIS) to determine knee torque as a function of the echoing angular state of the sound leg.
The FIS membership function parameters and rules defined the knowledge-base of the
system. This knowledge was based on existing experience and known facts about the
walking cycle. Recently Ossur, a leading prosthetics company in Europe, introduced the
“Power Knee” that used an approach, which like echo control, utilized sensors on the sound
leg [47] to prescribe a trajectory for the knee joint of the prosthesis (Figure 2.2). Ossur also
introduced “Proprio Foot”, a “power” ankle prosthesis (Figure 2.3) which did not
contribute net power to gait, but rather quasi-statically adjusted the ankle angle to avoid
stumbling and to better accommodate sitting [48].
Sup et al. presented an overview of the design and control of an electrically powered
knee and ankle prosthesis [27]. The prosthesis design included two motor-driven ball screw
units to drive the knee and ankle joints as shown in Figure 2.4. A spring parallel with the
ankle motor unit was introduced to increase the torque output and decrease the power
consumption for a given motor size. The device’s sensor package included a custom load
cell to measure the sagittal socket interface moment above the knee joint, commercial
potentiometers to measure the torque and joint positions, and custom sensorized foot to
measure the ground reaction force at the heel.
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Figure 2.2: Power knee prostheses [47]

Figure 2.3: “Proprio Foot,” ankle prostheses [48]
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Figure 2.4: The power tethered prototype [27]

A novel knee prosthesis incorporating a microprocessor-controlled and variabledamping mechanism was recently developed by Ottobock (Figure 2.5). Onboard sensors
are attached to the prosthesis to collect real-time data and subsequently control stance and
swing phase movements. In this technology, the swing and stance phases of gait were
normalized over a wide range of walking speeds to offer "the closest possible
13

approximation to natural gait," as stated by the manufacturer [49]. This type of prosthesis
is automatically adjusted, so the need for muscular compensation on the contralateral limb
can be reduced [50]. Positive claims from subjects wearing these prostheses have been
reported [51]. However, only a few scientific studies supported these claims.

Figure 2.5: The microprocessor C-Leg [49]
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2.3 Previous Work
Few studies have reviewed the novel microprocessor-controlled prosthetic knees.
Aeyels et al. developed a passive prosthetic system controlled by a microcomputer [26]. In
this scheme, a simple control algorithm to control stance-phase knee flexion was applied;
they reported that one subject achieved controlled knee flexion during the first 30 percent
of stance after receiving extensive gait training. This study emphasized the feasibility of
obtaining prosthetic knee flexion during stance. However, because users associate knee
flexion during stance with buckling, patient acceptance has been limited. Another study
compared two microprocessor-controlled variable-damping prosthetic knees (C-Leg by
Ottobock Duderstadt, Germany, and Rheo by Ossur Reykjavik Iceland) with a noncomputerized knee (Mauch SNS, Ossur) after a 10-hour acclimation with each knee from
eight unilateral amputee participants [28]. In this study, Johansson et al. reported that the
variable-damping knees provided; (1) a better or more natural gait pattern by a lower rootmean-square jerk derived from accelerometer data; (2) a decrease in hip work produced,
peak hip flexion moment at terminal stance, and peak hip power generation at toe-off of
the prosthetic limb. Moreover, approximately a four times increase in knee flexion angle
at terminal swing for the C-Leg group was reported. No significant differences, however,
were recorded in the intact limb gait biomechanics with the C-Leg.

Another study by Kastner et al. compared the C-Leg with two other conventional
knees (models 3R45 and 3R80, Ottobock) used ten subjects [29]. The study claimed that
the angular velocity at the knee was significantly slower for the C-Leg at the beginning of
swing phase, compared with the other knee prostheses. Also, subjects achieved the fastest
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time for a 1,000 m walk test with the C-Leg. Because of the limited acclimation period of
only 10 minutes per knee, minimum differences were reported between the three prosthetic
knees.

Schmalz et al. compared the metabolic cost of the C-Leg with a conventionally
controlled hydraulic single-axis knee joint (3Cl, Ottobock) in six transfemoral amputees.
A decrease in metabolic cost associated with walking at slow and normal walking speeds
(0.5-1.2 m/s) with the C-Leg was reported [15]. However, the biomechanical variables
associated with this decrease in metabolic cost at normal and slow walking speeds
remained unclear.

Although micro-controlled devices are commercially available and have shown
improvements in walking ability of the transfemoral amputee compared to the passive and
passive assist devices, how to incorporate a control system that is able to identify user state
and intent and react by sending appropriate commands at the same time is a challenge
immediately facing any proposal to develop a powered knee prosthesis. The ideal
prosthesis would be able to detect transitions from one task to another (from sitting to
standing, or from walking to ramp or stairs ascent/descent) or sub-modes of movement
(gait cycle, stance, heel strike, swing phase, etc.) and responding to those variations or
transitions appropriately. A significant barrier to achieve such robust control is the
difficulty of resolving user intent during arbitrary locomotor activities. Surface
electromyography-based solutions (EMG) can be applied to resolve the user intent during
locomotion activities. This approach has succeeded greatly in the field of upper-extremity
prosthesis where volitional control is most desired by the user [52, 53]. Recently,
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researchers have investigated the use of surface EMG for the control of lower limb
prostheses. Horn [20] developed a prosthesis with an electrically activated knee flexion
lock and then used surface EMG from the residual limb of a transfemoral amputee to trigger
the engagement and disengagement of the lock. Aeyels et al. developed a computercontrollable passive knee prosthesis based on an electrically modulated brake and utilized
surface EMG from three sites on the residual limb of a transfemoral amputee for gait mode
recognition, which in turn was used to switch the prosthesis into the appropriate gait mode
[31-33]. More recently, Huang et al. utilized surface EMG from multiple electrodes on
transfemoral amputees to classify movement intents while walking [54, 55]. Varol et al.
have demonstrated an ability to discriminate sit-to-stand and stand-to-sit movement by
utilizing surface EMG from residual thigh muscles [56]. However, use of such an approach
during locomotive activities, especially during gait, would be challenging due in part to the
difficulty of obtaining reliable EMG measurements “due to noise pick up and movement
artifact” [57]. Therefore, further biomechanical research is necessary to determine the
efficacy of these devices.

2.4 State-of-Art in Musculoskeletal modeling
As mentioned in Chapter 1, computer simulation in gait analysis is one of the most
powerful methods to explain the relationship between the biomechanical performance and
physiological structure. Usually, gait simulations utilize either net joint moment body
model or muscle force body model to produce movement. However, simulations using the
muscle model tend to be more robust and efficient.

17

Miller et al. compared the mechanics and energetics predicted in forward
dynamics simulations of human gait applying five different Hill-based muscle energy
models [58]. The models are MA97 presented by Minetti and Alexander [59], B04,
(Bhargava et al. [60]), H06, (Hodijk et al [61]), LW07, (Lichtwark and Wilson [62]),
and U10, (Umberger [63]). In this study, a musculoskeletal model created by
MotionGenesis Kane (Motion Genesis, Sunnyvale, CA, USA) and previously utilized
by Miller et al. was applied [64]. The experimental data were collected from 14 healthy
individuals (7 males and 7 females) walking at a self-selected speed. Motion analysis
was performed synchronously applying optical motion capture and strain gauge force
platforms. Pulmonary gas exchange was measured using a portable metabolic unit
(K4b2, Cosmed, Rome, Italy). The portable metabolic unit was used to compute the
gross mass-specific metabolic rate. A referenced lower limb electromyogram on/off
vs. the gait cycle from Knutson and Soderberg was applied for EMG measures. The
results showed a good agreement between the excitation on/off timing and the
referenced EMG data for the ten largest leg muscles, within 9.7% of the stride cycle
timing difference. The lowest metabolic cost was reported by B04 and H06 models,
while much higher metabolic cost was reported by the other three models. All five
models predicted similar step length, speed, and stance durations. The accuracy of the
predicted knee and ankle angles and the ground reaction forces varied depending on
the model applied. Finally, the results indicated that none of the models were able to
predict a realistic metabolic cost for the tracking simulation.

In most of the musculoskeletal models of computer simulations, inverse
dynamic simulations methods are commonly used to analyze human movement.
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Inverse dynamics simulations usually use the experimental motion data and ground
reaction forces to generate the kinematics and kinetics of a musculoskeletal model and
solve the inverse problem. Several studies proposed solving the inverse dynamic
problem without the use of the ground reaction forces.

Fluit et al. demonstrated a computational method to perform the inverse
dynamic simulation with the absence of force plate data [65]. The method utilized the
equation of motion, three-dimensional full-body motion, and a scaled musculoskeletal
model to predict the ground reaction forces and moments. The predicted ground
reaction forces and moments were then validated by comparing them with the
measured force plate data. In this study, the experimental data was collected from nine
healthy subjects (4 males and 5 females) with no history of musculoskeletal disorder.
Three-dimensional motion capture (six-camera digital optical Vicon motion capture
system) with synchronized two custom-built force plates’ data was used during
different level walking speeds (normal, slow, and fast). The inverse dynamic
simulation was performed, using a 28 degree-of-freedom full body model available in
the Anybody Modeling System [66]. The simulation results showed excellent
predictions for the ground reaction forces for almost all activities. There was no
significant difference (P >0.05) between the absolute mean measured GRFs and the
predicted GRFs for all activities. The presented model was able to reasonably predict
the heel strike and toe-off with an error of 28 ± 13 ms and 16 ± 7 ms, respectively. In
conclusion, the results of Fluit et al. may be useful for motion capture during treadmill
walking or to develop an ambulatory measurement system using only inertia
measurement.
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Also, Dorn et al. presented a study of evaluating the predictions of muscle
function obtained from the musculoskeletal model used a ground contact model instead
of experimental ground force [67]. The specific aim of this study was to determine the
effect of the kinematic constraints, as well as the number of the foot-ground contact
points on the muscle condition during walking and running. In this study, six different
ground-contact models were evaluated [68]. The experimental data were collected
from 14 healthy adults; each subject walked and ran at their preferred speed. Kinematic
and Kinetic gait data were acquired using a three-dimensional video motion capture
system (Vicon, Oxford Metrixs, UK) and a series of force plates. Surface
electromyography (EMG) signals were collected from six leg muscles. The results
showed similar timing of muscle contractions between the predicted and the measured
EMG signals for both walking and running. The superposition errors for the most of
the models increased as the number of degrees of freedom of the foot-ground contact
model decreased. Muscle forces in the Medio-lateral direction were most sensitive to
the foot-ground contact model. However, the predicted muscle function in the sagittal
plane was insensitive to the number of foot-contact points in the model.

The musculoskeletal model of a lower extremity has been used for simulating
abnormal gait due to stiff-knee gait from stroke and crouch gait in the subjects with CP
(cerebral palsy). Fox et al. introduced a mechanism of improved knee flexion after rectus
femoris transfer surgery [69]. In this study, the OpenSim Gait 2392-Simbody
musculoskeletal model was applied [34]. The muscle actuated dynamic simulation was
created for ten children diagnosed with cerebral palsy and stiff-knee gait. The study was to
clarify the mechanism by which the transferred muscle improves knee flexion by
20

examining three types of transfers. The simulation revealed that improved knee flexion
following rectus femoris transfer was achieved primarily by reduction of the muscle’s knee
extension moment (reduction of scarring of the rectus femoris to underlying muscles has
the potential to enhance knee flexion). Steele et al. examined how much muscle groups
could be weakened before crouch gait becomes impossible [70]. In this study, the muscledriven simulations of gait for three typically developing children and six children with
cerebral palsy who walked with varying degrees of crouch severity was created. The results
suggested that crouch gait requires greater quadriceps strength than unimpaired gait;
however, moderate crouch gait requires less hip abductor strength and mild crouch gait
requires less ankle plantar flexor strength than unimpaired gait. Another study conducted
by Marjolein et al. [71], stated that the muscles of the lower limb can be weakened even
before normal walking is affected. The study presented that normal walking is robust to
the weakness of some muscles but sensitive to the weakness of others. The results of this
study provide important insights for developing therapies to improve gait pathology.

2.5 Summary
The main goal of this chapter was to introduce a literature review of prosthesis
developments and prosthesis controls as well as musculoskeletal models of computer
simulations to support and emphasize the need for the present work. Numerous studies of
the previous work in prosthesis developments and prosthesis controls were introduced.
Also studies that utilized computer simulation of full-body musculoskeletal in gait analysis
were presented in this chapter as well.
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As mentioned in Chapter 1, developing and validating a full-body musculoskeletal
model of the transfemoral amputee was one of the objectives of the present work. The next
chapter introduce the 3D motion analysis data and EMG from limbed individuals and
transfemoral amputees during a variety of locomotor activities as well as the method of
developing the musculoskeletal model of the transfemoral amputee.

22

Chapter 3
Methods
3.1 Introduction
As mentioned in Chapter 1, the objective of this thesis was to extend the use of
computer simulations to allow modeling of various prosthesis control parameters and
strategies to artificially reproduce the desired gait pattern of amputees that is close to
normal gait pattern. In order to achieve such an objective, a 3D motion analysis data from
normally limbed individuals and transfemoral amputee individuals during a variety of
locomotor activities was acquired. The main purpose of this chapter was to present the
entire process of acquiring the motion capture data and the methodology applied to process
those data.

3.2 Subjects
3.2.1 Able-bodied participants
Fifteen able-bodied individuals with no known musculoskeletal or neurological
deficits were recruited in this study; eight females (mean +/-1 std.: weight = 60.33 kg +/7.37; height = 163.18 cm +/- 5.39; age = 25 years +/- 3.8) and seven males (mean +/-1 std.:
weight = 80.32 kg +/- 9.9; height = 178.4cm +/- 4.3; age = 34 years +/- 7.8). Participants
were recruited from the local community using UNB e-Daily notices and posters on
campus [see Appendix C]. All participants gave their informed consent prior to
participation in the study [see Appendix E] and passed the clinical screening questionnaire
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[see Appendix D]. The study was approved by the University Research Ethics Board (REB
#2011-107).

3.2.2 Amputee participants
Two male traumatic amputee individuals participated in the study (amputee #1,
weight 75 kg, height 178 cm, age 31 years, amputee #2, weight 65 kg, height 180 cm, age
34 years). The traumatic amputation participants were recruited from Eastern Prosthetic
Clinic located in Moncton, New Brunswick. Both participants sustained traumatic injuries
that resulted in amputations through their knees. The first participant (amputee #1) was
injured by an IED (an improvised explosive device) during military service in July 2010
and the second participant (amputee #2) was involved in a motor vehicle accident in
September 1997. Participants used their currently fitted prosthesis. The X2 microprocessor
knee and Axiton foot from Ottobock were used by the first participant and the hydraulic
Mauch knee and XC foot from Ossur were used by the second participant. The two
participants used liners in their sockets and had subischial trim lines with distal end weight
bearing. Both participants had all posterior and anterior thigh muscles intact with no
surgical intervention save attachment of hamstring and quad tendons distally. Both had
their knee-caps preserved in the quad tendon which was distracted distally (Figure 3.1).
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Figure 3.1: A radiograph image of the knee caps preserved from the individual with
transfemoral amputation [72]

3.3 Measurements Setup and Process
Experimental trial data were collected at Andrew and Marjorie McCain Human
Performance Laboratory (HPL) located in the Richard J. CURRIE CENTER (recreation
and research facility). Kinematic and kinetic parameters were obtained using Vicon Nexus
1.7.1 with 12 sixteen mega-pixel T-Series cameras with capture speed of 100 Hz [see
Appendix F] and six Kistler force plates [see Appendix G]. The 12 Vicon cameras were
mounted on the wall around the perimeter of the laboratory, which measured 14.6 x 8.1
meters. The Kistler force plates Model 9281EA were set near to the center of the room to
collect the ground reaction forces at 1000 Hz as shown in Figure 3.2. Each force plate
contains four tri-axial piezoelectric force transducers inset near the corner of each plate.
These sensors recorded ground reaction forces in the vertical, anterior-posterior, and
25

medial-lateral directions being exerted on the plates. Centre of force and moments was
calculated by summing the moments on the plate from each of the individual X-Y-Z
channels. The 12 T-Series cameras, as well as the six Kistler force plates were connected
to an MX Host PC by an MX Giganet [36]. MX Giganet supplied communication,
synchronization, and interfacing to third-party devices (EMG, accelerometer, goniometer
...etc.). The data were then transferred to the workstation computer where the system was
controlled. The raw data were output in CSV and C3D format. For able-bodied participants,
EMG signals were collected from 16 leg muscles while for amputee participants, signals
were collected only from 12 leg muscle using TrignoTM Lab wireless EMG system
DELSYS Inc., as mentioned in Section 3.1. EMG setup was discussed in detail in Section
3.3.3.
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Cameras

Force plates

Figure 3.2: Vicon cameras and force places in HPL

3.3.1 Lab Reliability and Accuracy
Because the HPL is located in the Currie recreation center, a study of the effect of
the vibration due to the fitness activities on Vicon system was essential. The accuracy and
reliability of the Vicon system were analyzed through the test of a known length (arbitrary).
The known length test was completed by securely placing two markers at a known distance
(131.5 mm) on a wooden box. The test was performed during the facility’s normal hours
and after the facility shut down at night for five consecutive days. Approximately 227
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samples per trial were included in the reliability testing. This is equivalent to 2.27 seconds
at the sampling frequency of 100 Hz. Results are summarized in Table 3.1. Although no
statistical tests were applied to show that the data were not statistically significant between
days, it is clear that the variance was stable regardless of test time or test day.

Table 3.1: Statistical results of the reliability test of 131.5 mm known length
Day1

Day 2

Day 3

Day 4

Day 5

day

night

day

night

day

night

day

night

day

night

Mean

131.69

131.65

131.64

131.60

131.60

131.59

131.59

131.64

131.56

131.40

S/D

0.0086

0.0072

0.0083

0.0068

0.0130

0.0088

0.0088

0.0085

0.0081

0.0080

3.3.2 Marker Set
The presented model was built from 39 body-fixed markers according to the
OpenSim model as indicated in Table 3.2 and Figure 3.3. For the amputee participants, the
markers were placed on the prosthesis matching the marker location of the intact limb. For
example, the knee and ankle joint markers were placed on the prosthesis, matching the
sound leg marker sites (because the prosthesis knee center was not aligned with the intact
knee center, a correction algorithm was applied to find the joint center of the prosthesis
during data processing). Able-bodied subjects performed the experiment with bare feet
while amputee participants performed the experiment with shoes on for both legs. As with
knee and ankle markers, the feet markers on the prosthesis side matched those on the intact
limb (following the marker system presented in Table 3.2). No other marker adjustments
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were made for amputees. Participants wore shorts and a sports top for all trials. Multiple
tasks such as various gait speeds were tested.

Table 3.2: Giat 2392_simbody marker Name and attachment site
Vicon Labels
Description
Placement Notes
HEAD MARKERS
FHead
Forehead
All three head markers are fed through a
common strap with 5 empty holes between each
marker
RHead
Right temple
FHead: placed on midline of anterior-most
aspect of frontal bone
LHead
Left temple
RHead/LHead: placed on the lateral surface of
each
temporal bone, superoanterior to ear
TORSO
MARKERS
RAC
Right acromion
Placed on superior aspect of right acromion
(above dorsal-most point of acromio-clavicular
joint)
LAC
Left acromion
Placed on superior aspect of left acromion
(above dorsal-most point of acromio-clavicular
joint)
Strn
Upper sternum
Placed on midline of anterior manubrium
(inferior to suprasternal notch)
PELVIS MARKERS
MSacral
Mid-Sacrum
Cluster: Sacral markers (3) attached to a rigid
plate to form a upward-pointing isosceles
triangle (4” x 2”)
RSacral
Right Sacrum
MSacral: placed on midline of sacrum in a
horizontal plane with RASIS/LASIS (marker
LSacral
Left Sacrum
fed through belt hole to affix sacral cluster to
body)
LSacral/RSacral: placed on sacrum
inferolateral to MSacral (one marker on either
side)
RASIS
Right ASIS
Placed directly anterior to right anterior
superior iliac spine in a horizontal plane with
LASIS (marker fed through belt hole)
LASIS
Left ASIS
Placed directly anterior to left anterior superior
iliac spine in a horizontal plane with RASIS
(marker is fed through belt hole)
THIGH MARKERS
RThighUpp
Right upper
Placed on anterior midline of right femur at a
anterior femur
position ~⅓ down the femur
RThighLow
Right lower
Placed on anterior midline of right femur at a
anterior femur
position ~¾ down the femur
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RThighLat

Right lateral femur

RMFE

Right medial knee

RLFE

Right lateral knee

LThighUpp

Left upper anterior
femur

LThighLow

Left lower anterior
femur
Left lateral femur

LThighLat

LMFE
LLFE

RShankUpp
RShankLow
RShankLat

LShankUpp
LShankLow
LShankLat

Placed on posterolateral right femur roughly in
a horizontal plane with RThighUpp so that
right thigh (3) markers form a right-angle
triangle
RMFE: Placed on medial epicondyle of right
femur
RLFE: Placed on lateral epicondyle of right
femur
All knee markers (4) are placed in a horizontal
plane and align to approximate tibiofemoral
joints
Placed on anterior midline of left femur at a
position ~⅓ down the femur

Placed on anterior midline of left femur at a
position ~¾ down the femur
Placed on posterolateral left femur at a height
midway between LThighUpp and LThighLow
so that left thigh markers (3) form an isosceles
triangle
Left medial knee
LMFE: Placed on medial epicondyle of left
femur
LMFE: Placed on lateral epicondyle of left
Left lateral knee
femur
All knee markers (4) are placed in a horizontal
plane and align to approximate tibiofemoral
joints
SHANK MARKERS
Right upper
Placed on anterior midline of right tibia at a
anterior tibia
position ~⅓ down the tibia
Right lower
Placed on anterior midline of right tibia at a
anterior tibia
position ~¾ down the tibia
Right lateral tibia
Placed on posterolateral right tibia roughly in a
horizontal plane with RShankUpp so that right
shank (3) markers form a right-angle triangle
Left upper anterior Placed on anterior midline of left tibia at a
tibia
position ~⅓ down the tibia
Left lower anterior Placed on anterior midline of left tibia at a
tibia
position ~¾ down the tibia
Left lateral tibia
Placed on posterolateral left tibia at a height
midway between LShankUpp and
LShankLow so that left shank (3) markers
form an isosceles triangle
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RMM
RLM

RFMH
RVMH
RPM
RCA

LMM
LLM

FOOT MARKERS
Right medial ankle RMM: Placed on medial malleolus of right
tibia
Right lateral ankle RLM: Placed on lateral malleolus of right
fibula
All ankle markers (4) are placed in a horizontal
plane
Right medial mtp
Placed on head of right first metatarsal, dorsomedial aspect of first metatarso-phalangeal joint
Right lateral mtp
Placed on head of right fifth metatarsal, dorsolateral aspect of fifth metatarso-phalangeal joint
Right hallux
Placed on most distal and dorsal aspect of head
of proximal phalanx of right hallux
Right calcaneus
Placed on upper central ridge of right calcaneus
posterior surface, i.e. Achilles’ tendon
attachment
Left medial ankle
LMM: Placed on medial malleolus of right
tibia
Left lateral ankle
LLM: Placed on lateral malleolus of right
fibula
All ankle markers (4) are placed in a horizontal
plane

LFMH

Left medial mtp

LVMH

Left lateral mtp

LPM

Left hallux

LCA

Left calcaneus

Placed on head of left first metatarsal, dorsomedial aspect of first metatarso-phalangeal joint
Placed on head of left fifth metatarsal, dorsolateral aspect of fifth metatarso-phalangeal joint
Placed on most distal and dorsal aspect of head
of proximal phalanx of left hallux
Placed on upper central ridge of left calcaneus
posterior surface, i.e. Achilles’ tendon
attachment
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Figure 3.3: Gait 2392_simbody model marker system

3. 3. 3 Electromyography (EMG)

For able-bodied participants, the electromyography (EMG) signals were collected
for both left and right legs from Rectus Femoris, Vastus Lateralis, Vastus Medialis,
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Semitendinosis, Biceps Femoris, Adductor Magnus, Gluteus Medius, and Gastrocnemius
as shown in Figure 3.4. For those individuals with the transfemoral amputation, EMG
signals for the sound leg were collected from the same muscles as with the able-bodied
subjects while EMG signals for the amputated leg were collected from Rectus Femoris,
Biceps Femoris, Adductor Magnus, and Gluteus Medius muscles. The presented muscles
for EMG data were chosen carefully for gait activity based on the SENIAM guidelines
[73]. The skin preparation and electrode placement were performed according to the
SENIAM guidelines [73]. Prior to affixing the EMG sensor on the surface of the skin, the
sensor was properly cleaned to remove dry dermis and any skin oils. The area of interest
on the subjects’ legs was shaved and cleaned at the time of the test (allowing the skin to
dry completely before applying the electrodes) to reduce signal noise. Muscle sites were
localized based on a combination of normal anatomical locations and palpation and
confirmed by viewing electromyography (EMG) signals on the EMG system screen while
applying test contractions and comparing the signal with the regular EMG signals of
healthy subjects prior to data collection sessions (anatomical site of the muscle was
obtained by moving the EMG electrodes until a good volume EMG signal was received).

.
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Gluteus Medius
Adductor Magnus

Biceps Femoris
Rectus Femoris

Vastus Lateralis

Semitendinosis

Vastus Medialis

Gastrocnemius

Figure 3.4: Electrode locations [73]

The surface electromyography signals were collected using the TrignoTM Lab
wireless system, DELSYS, Inc. [38] on each of the desired muscle bellies. The EMG
system was capable of streaming data to EMGworks Acquisition and EMGworks Analysis
software and generating 16 EMG and 48 accelerometer analog channels for integration
with motion capture and other 3rd party data acquisition systems. The Trigno EMG system
has a built in high pass filter with cutoff frequency of 20 Hz and filter order of 3 as well as
a notch filter to remove 60 Hz.
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Trigno EMG Sensors are fitted with 4-silver bar contacts for detecting the EMG
signal at the skin surface (Figure 3.5). The orientation of these bars is perpendicular to the
muscle fibers for maximum signal detection. The top of the sensor is marked by an arrow
to aid in the determination of this orientation as indicated in Figure 3.6. The arrow should
be placed parallel to the muscle fibers underneath the sensor. The sensor should also be
placed in the center of the muscle belly away from tendons and the edge of the muscle. The
sensor is easily attached to the skin using the Delsys Adhesive Sensor Interface.

Figure 3.5: Trigno wireless 4-channel sensor [38]

Figure 3.6: EMG sensor placement [38]
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Due to the lack of room inside the socket of the prosthesis, Concentric Detection
EMG Electrodes by OT Bioelettronica Research & Development in Electronic Field were
used to measure the activity of the muscle that was located inside the socket as shown in
Figure 3.7 [74]. A Concentric Detection Electrode was connected to the Biosignal sensor
Interface (BioSI) as shown in Figure 3.8. BioSI enabled the synchronized capture of analog
data from the sensor via a software interface (designed and fabricated by the Institute of
Biomedical Engineering, University of New Brunswick). The BioSI was then connected to
the Vicon workstation analog channels and the data were collected at 1000 Hz
simultaneously with the Vicon system to ensure that the data were synchronized. A lowpass filter with cutoff frequency of 10 Hz and filter order of 4 and band-pass filters at 20400 Hz were applied to all EMG collected data (EMG data collected by both TrignoTM Lab
wireless system and Concentric EMG system).

Figure 3.7: Concentric Detection Electrodes by OT Bioelettronica [74]
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Figure 3.8: BioSI Sensor Interface

3. 3. 4 Experiment protocol
The experiment protocol included static trials and different gait speeds (free, fast,
and slow) trials to investigate the effect of different speeds on the kinematic and kinetic as
well as muscle forces of able-bodied and amputees subjects. Subjects performed three
acclimation trials in each session of this protocol. A five minute break between each session
was used, to explain the next session protocol. All participants received the same protocol
instructions and performed the same protocol during the experiment as follows:


Static trial

Subjects were asked to stand perfectly still, arms at sides, with eyes opened and looking
straight ahead and feet shoulder width apart. This trial was required for both Vicon and
OpenSim data processing.
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Gait free speed trial

From a standing position at the start of the walkway (approximately 8 meters from the edge
of the viewing volume), the subject initiated gait and walked at their preferred comfortable
pace until reaching the opposite end of the walkway (three acclimation trials was
performed).


Gait fast speed trial

From the same starting position, subjects were asked to initiate gait and walk “as fast as
you can without breaking into a jog” (three acclimation trials was performed).


Gait slow speed trial

From the same starting position, subjects were in a slowly moving line up that never
stopped (three acclimation trials was performed).


Sit-to-stand trial

This trial was required for calculating the knee joint center applying a symmetrical axis of
rotation approach (SARA) that determines a unique axis of rotation that can consider the
movement of two dynamic body segments simultaneously [75]. Participants were seated
upon the chair with their greater trochanters approximately 4cm from the edge of the seat and
were instructed to rise from the chair on the cue "one, two, ready, go" (three acclimation trials
was performed).

As mentioned before in Chapter 1, one of the goals of this work was to develop a fullbody musculoskeletal model of the transfemoral amputee. The next section details how the
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existing limbed-body model was modified to generate the transfemoral amputee
musculoskeletal.

3.4 Musculoskeletal Model for Transfemoral Amputee
The primary objective of this thesis was to develop a full-body musculoskeletal
model of the transfemoral amputee. The developed model was able to utilize inputs such
as subject-specific anatomy, biomechanics, and muscle electrophysiology to simulate
human movement. The OpenSim model file is made up of components corresponding to
parts of the physical system. These parts are bodies, joints, forces, markers, constraints,
contact geometry, and controllers. In the OpenSim simulation, the bones are modeled as a
rigid segment, while the joints are modeled in the form of hinge and ball-and-socket joints.
The muscles and tendons are modeled together as muscle tendon models.
The OpenSim model is specified with several input files such as bone or body file,
joint file, and muscle file [see Appendix A]. Those files define the properties of each part
of the musculoskeletal model. Figure 3.9 shows an example of the right Femur bone in the
OpenSim Gait 2392 (92 muscle and 23 DoF) model [Appendix A]. Properties such as mass,
center of mass, and inertia were defined in this file.
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Figure 3.9: Example XML code from Gait 2392 model represent a body [76]

In addition to defining the set of rigid bodies (bones) through the bone file, the
relationship between those bodies (i.e., joints) must also be defined.

For example, the

right Femur contains the joint of the right hip. Figure 3.10 shows an example of defining
the right hip joint. Properties such as location, orientation, coordinate, and type of motion
were defined.
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Figure 3.10: Example XML code from Gait 2392 model represent a joint [76]

As with bone and joint files, Figure 3.11 shows an example of the Gait 2392 model
defining the right Gluteus Medius muscle. Muscle properties such as maximum isometric
force, optimal fiber length, tendon slack length, pennation angle, activation time constant
and deactivation time constant were defined.
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Figure 3.11: Example XML code from Gait 2392 model represent a muscle [76]

All of the above files are XML format (editing and changing can be made),
therefore; it was obvious that the properties of the body parts such as bone, joint, and
muscle can be replaced by the properties of the prosthesis’s mechanical parts. In other
words, an adaptation that accommodates a prosthetic limb was feasible and successfully
applied to the OpenSim software. A full-body musculoskeletal model of the transfemoral
amputee was generated by modifying the existing Gait 2392_simbody musculoskeletal
model and shared some of the geometry files from a prosthesis model developed by
42

Christian A. Silva [77]. The shank and foot were removed from one of the model’s intact
legs as well as 15 residual leg muscles [shaded muscles in Appendix B] crossing both the
knee and the ankle joints as shown in Figure 3.12. Inside the OpenSim GUI, the residual
thigh muscles’ insertion point and path (muscle line of action) were then physically moved
and all attached to the kneecaps in the quad tendon at the end of femur-amputee as shown
in Figure 3.12. The prosthesis knee was simply modeled as a hinge joint with singledegree-of-freedom.

Figure 3.12: Gait 2392_simbody model with some bones and muscles removed

The properties such as mass, center of mass, and inertia which define the prosthesis
parts were edited to the XML simbody file. Some of those properties were obtained from
the amputee participants’ prosthetist and literature [77] and others were estimated in our
prosthetic shop. In our prosthetic shop, the mass of the prostheses was determined (by
weighing the prosthesis). The center of mass was approximately estimated by using the
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balance technique (simply by hanging the prosthesis at different points using a string, the
point at which the object was balanced is the center of mass). The moment of inertia of the
socket was determined by applying the compound pendulum method, which simply
computed the period of the duration of the oscillation (the average over multiple periods
was applied) and applied it to Equation 3.1 to determine the moment of inertia.

𝑰=

𝒎𝒈𝒔𝒕

(3.1)

𝟒𝝅𝟐

where 𝑚 is the mass of the socket, 𝑠 the distance from the pivot or the hanging point to the
center of mass, 𝑔 is gravity acceleration, and 𝑡 is the period (duration) of oscillation. The
moment of inertia of the residual femur/socket was determined by applying the parallel
axis theorem (Equation 3.2).

𝐼𝑅𝑃 = 𝐼𝑅 + 𝑀𝑃 𝑅2

(3.2)

where 𝐼𝑅𝑃 is the moment of inertia of the femur/socket, 𝐼𝑅 is the moment of inertia of the
residual femur, 𝑀𝑃 is the mass of the prosthesis, and 𝑅 is the perpendicular distance
between the residual femur and the prosthesis axes.
The geometry file of the socket (Figure 3.13) was implemented in the Gait
2392_simbody XML file. This file is the STL file generated by Meshlab software [78].
MeshLab is an open source, portable, and extensible system for the processing and editing
of unstructured 3D triangular meshes. The system is heavily based on the Visual
Computing Graphic developed at the Visual Computing Lab [78].
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Figure 3.13: The socket geometry STL file created by MeshLap [77]

The shank and foot of the Gait 2392_simbody model were replaced by the
prosthesis’s tibia and foot [77]. Also, the properties that define those rigid parts (mass,
dimensions, and inertia properties) had been edited to the XML files. As with the
prosthesis’s socket, the STL geometry files for the foot and tibia had been generated by
MeshLab open source program (Figures 3.14 and 3.15). The STL files then were
implemented into the OpenSim XML files (Figure 3.16).
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Figure 3.14: The tibia geometry STL file created by MeshLap [77]

Figure 3.15: The foot geometry STL file created by MeshLap [77]
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Figure 3.16: The femur-amputee, tibia, foot, and leg-socket are attached

The experimental data collected from the transfemoral amputee participants (Figures
3.17 and 3.18) were processed, applying the modified Gait 2392_simbody shown in Figure
3.16. The gait simulation was successfully run by applying the modified or the prosthesis
model. By visualizing both the real time or live gait of the transfemoral amputees (from a
recorded video) and the simulated gait from the inverse kinematic tool during the first run of
the simulation, a good match was verified. More details about the modified model validation
as well as the results of the kinematic, kinetic, muscles activity and force are presented in the
next chapter.
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Figure 3.17: Transfemoral amputee participant during the experiment
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Figure 3.18: Transfemoral amputee participant during the experiment

3.5 Data Analysis
As mentioned earlier in the experiment protocol, all participants performed three
acclimation trials in each session. Only the trials with no missing markers throughout the gait
cycle, and where each foot strike was clearly on one force plate at a time (no cross-overs, etc.)
were selected. After the trials were selected for all subjects, the Vicon .c3d files were
converted to OpenSim format using a MATLAB batch processing routine originally written
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by Drs. Scott Brandon and Chris McGibbon and modified by the author. Functions such as
gap filling and knee joint center adjustment were applied in the data patching program. For
gap filling, a function utilizing the cubic spline interpolation method was applied [79].
However, for the knee joint center, a symmetrical axis of rotation approach (SARA) to
determine a unique axis of rotation was applied [75]. Virtual markers for the medial and
lateral epicondyle of the knee was generated using a set of range of motion trials such as chair
rise trials. The OpenSim files were then applied to MATLAB scripts and GUI scripts to
perform inverse kinematic and inverse dynamic patch processing by calling the OpenSim
API (e.g. Analyze, IK) [80]. The processed data and the OpenSim output files were analyzed
as follows:

3.5.1 Kinematic and Kinetic Analysis
The Inverse Kinematics (IK) Tool in OpenSim finds the values for the generalized
coordinates (joint angles and positions) and reports the spatial kinematics of specified
bodies for the duration of the analysis. The output of the Inverse Kinematic simulation is a
motion file containing the trajectories (joint angles and/or translations) computed by IK.
The Inverse Dynamic Tool (ID) finds the net forces and moments at each generalized
coordinate (i.e., joint) using the experimental motion data and ground reaction forces. All
static and dynamic trials for able-bodied and amputee participants were processed using
the OpenSim API (patch) via MATLAB code, written by Dr. Brandon and modified by the
author to perform the inverse kinematic (IK) and inverse dynamic (ID) process. The patch
processing code started by scaling the model where files such as scale setup and marker
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setup as well as static trial and OpenSim gait model were applied. The scaled model was
used in the IK and ID algorithms (part of the patch processing code). As with scale process,
inverse kinetic and dynamic setup files, motion trials, and ground force files were applied
to run the IK and ID Tool in the MATLAB patch processing program.
The IK and ID results for all three gait speeds for each participant (able-bodied and
amputees) were cycled and normalized (from 0 to 100) using Cubic spline function, so all
participants had the same length of gait cycle data. Then, the results from fast, normal, and
slow gait for each participant were averaged; thus, one result file of each gait speed for
each participant was obtained. In other words, each participant ended with three IK results
and three ID results for the three gait speeds respectively (one for each gait speed).
In order to compare the results of able-bodied to the amputee subjects, The IK and
ID results of all 15 able-bodied participants (for one gait cycle) were averaged once more
throughout the three gait speeds (all able-bodied represented one curve). Then, a mean
curve of the hip, knee, and ankle angle data from all able-bodied with 95% confidence
(applying single T_Test) as indicated in Equation 3.3 (standard error of the mean) versus
the hip, knee, and ankle angle of both amputee participants were provided for all different
gait speeds (normal, fast, and slow gait). The same curves for hip, knee, and ankle
normalized moment (normalized by subjects’ weight) were generated. Also, the gait cycle
was normalized (from zero to one) to overlay the able-bodied and amputee curves and
allow a quantitative comparison throughout the entire gait cycle.

̅ + 1.96 𝜎 ,
Upper 95% CL = 𝑋
√𝑛

̅ − 1.96 𝜎
Lower 95% CL= 𝑋

√𝑛

Where 𝑋̅ is the mean, 𝜎 is the standard deviation, and 𝑛 is the size of data.
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(3.3)

3.5.2 Residual Reduction Algorithm (RRA)
Prior to the Computed Muscle Control Analysis [Appendix A], the Residual
Reduction Algorithm (that utilizes the static optimization tools) was applied to minimize
the residual force and moment and increase dynamic consistency between the ground
reaction forces, and model kinematics to correct for experimental error and modeling
assumptions [Appendix A]. The Residual Reduction Algorithm (RRA) alters the mass and
center of mass of all segments of a subject-specific model and reports the residual force
and moment. The altered subject-specific model is then saved in the RRA results folder to
apply it in the Computed Muscles Control CMC analysis.

3.5.3 Computed Muscles Control (CMC) Analysis
The Computed Muscle Control (CMC) simulation reports all muscles fiber lengths
and velocity, normalized fiber length, pennation angle, active-fiber force, passive-fiber
force, tendon force, and more. The muscle forces and reserve/residual forces and torques,
as well as muscle states or muscle activations of the simulated motion, are output files from
the CMC simulation. The data for all able-bodied and amputee participants were
successfully processed in the CMC simulation. Modification to the CMC setup files (such
as actuators and tasks files) was applied by the author to adjust them to the transfemoral
amputee model. The output of the CMC simulation conceded files containing the muscle
force and muscle activation. Those files were then converted to Excel format and entered
in a custom MATLAB code (written by the author) to plot them. For recorded EMG data,
a low-pass filter with cutoff frequency of 10 Hz and filter order of 4 was applied to all
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recorded EMG data as mentioned before. The amplitude of the EMG signals was obtained
by utilizing the mean absolute value of the recorded EMG data. The mean absolute value
was obtained from the MATLAB data patch processing code (length of the EMG window is
50). Plots of muscle force and muscle activations of the OpenSim model obtained from
CMC tools versus the mean absolute value of the collected EMG determined by the
MATLAB code for all able-bodied and amputee participants were presented to validate the
model. In those plots, the muscle force, muscle activation, and EMG mean absolute value
were normalized to their maximum values to compare between the pattern of muscle
coordination of the model prediction and the recorded EMG. Also, the timing of muscle
contractions predicted by CMC were compared to those exhibited by EMG signals measured
during the experiment.
In order to demonstrate the accuracy of the model in predicting the muscle
excitation, the time difference or the time lag between the peak of the muscle activation
obtained by the CMC algorithm and the peak of the EMG collected during the experiment
was determined by applying a custom MATLAB routine [see Appendix I]. For the recorded
EMG (raw data), the time when the peak EMG occurred was determined for all muscles
for able-bodied and amputee subjects at different gait speeds. Respectively, for the
predicted muscle activation obtained from CMC, the time where the peak activation
occurred was determined for all muscles for able-bodied and amputee subjects at different
gait speeds as well. Then, the time difference between the peak of the recorded EMG and
the peak of the predicted muscle activation of the model were computed. Tables showing
the average time difference of all participants in milliseconds during the three different gait
speeds are presented in the results chapter.
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3.5.4 Knee Torque Approach
The second objective of this work was to apply a prosthesis control strategy that can
mimic the stiffness control mechanism of the C-Leg prosthesis. In this approach, an
additional torque (assumed to be a torque received from external motor source) was applied
to the knee prosthesis of the simulated amputees to assess the effect on the muscle
performance and the ability to develop control pattern to artificially produce the desired
movement. The approach was applied to the amputee participant with the C-Leg. A
MATLAB routine was developed (by the author) to add a column of the additional knee
moment value to the OpenSim motion file containing the ground force and moment [see
Appendix H]. This additional knee moment was obtained from the ID results of the control
subject that match (by weight and height) the amputee participant. The knee moment was
applied to the joint center (axis of rotation) of the knee prosthesis. Three motion files
containing the additional knee torque for all different gait speeds (normal, fast, and slow
gait) were created. Those files were then utilized in Residual Reduction (RRA) to assess
the effect of the additional knee torque on hip, knee, and ankle movement. Plots of the hip,
knee, and ankle angle and moment from all able-bodied with 95% confidence versus the
hip, knee, and ankle angle and moment of the amputee participant with no additional knee
torque applied and with the additional knee torque applied, are presented in the next
chapter.
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Chapter 4
Results

4.1 Introduction

As discussed in Chapter 3, the data analysis procedure uses a MATLAB batch
processing routine to process the raw Vicon files data and format the marker trajectory and
force plate data to be compatible with OpenSim. Static and dynamic motion capture data
obtained from Vicon and force plates were utilized for modeling and kinematic and kinetic
analysis. Then, the processed and converted motion data files were input into the patch
processing OpenSim API for processing. The generalized coordinates (position and joint
angles) for the model that best match the experimental kinematics recorded are obtained
by scaling and inverse kinematics [Appendix A]. Figure 4.1 shows examples for one of the
able-bodied participants.
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Inverse Kinematic Pose

Static Pose

Figure 4.1: Snapshot during OpenSim scaling (right) and kinematic (left) processing
for able-bodied subject

4.2 Kinematic Results
OpenSim simulation was able to verify the hip, knee, and ankle angles for both
able-bodied and transfemoral amputee participants. Table 4.1 shows the kinematic
parameters of interest (PoI) such as local maxima and minima flexion and adduction angle
for hip, knee, and ankle during different phases of the gait cycle. PoI was then compared
between able-bodied and amputee participants at different gait speeds and gait phases.
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Table 4.1. Parameters of interest (PoI) in kinematic variables during the gait cycle.
Parameters of interest (PoI)
Hip Flexion Angle (early stance)
Hip Flexion Angle (med-end stance)
Hip Flexion Angle (med-end swing)
Hip Adduction Angle (early-med stance)
Hip Adduction Angle (early swing)
Knee Flexion Angle (early stance)
Knee Flexion Angle (med-end stance)
Knee Flexion Angle (early-med swing)
Ankle Flexion Angle (early stance)
Ankle Flexion Angle (med-end stance)
Ankle Flexion Angle (early swing)

Normal
NHAY1
NHAY2
NHAY3
NHAX1
NHAX2
NKAY1
NKAY2
NKAY3
NAAY1
NAAY2
NAAY3

slow
SHAY1
SHAY2
SHAY3
SHAX1
SHAX2
SKAY1
SKAY2
SKAY3
SAAY1
SAAY2
SAAY3

fast
FHAY1
FHAY2
FHAY3
FHAX1
FHAX2
FKAY1
FKAY2
FKAY3
FAAY1
FAAY2
FAAY3

Figure 4.2 shows the mean hip flexion/extension angles with 95% confidence
interval for all able-bodied subjects versus hip flexion angle angles of the amputees’ intact
and prosthetic limbs during different gait speeds. No substantial difference in hip flexion
angle was detected in early stance between able-bodied subjects and both amputees’ intact
limb (by less than 2 deg, Table 4.2) for both normal and slow gait, while in fast gait, a
higher hip flexion angle was observed for both amputees’ intact limbs compared to ablebodied participants (by 7 deg, Table 4.2). For all gait speeds, lower hip extension angle
was observed for the intact limb of the C-leg participant in late stance compared to ablebodied participants (by 7- 9 deg). For the prosthesis side, lower hip flexion angle was
recorded from the Mauch amputee in early stance (by 3- 6 deg), while higher hip extension
angle was recorded in late stance for all gait speeds compared to able-bodied participants
and the C-Leg amputee (by 14-19 deg). For the C-Leg user’s prosthesis side, no significant
difference was observed in the stance phase compared to able-bodied participants (Table
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4.2), although higher hip flexion angle was reported at the end of the swing phase (by 7-9
deg).

Normal

Angle (deg)

Intact

Prosthesis

50

50

0

0

-50

-50

Slow

Angle (deg)

0

0.5

1

50

50

0

0

-50

Angle (deg)

0.5

1

0

0.5

1

0.5

1

-50
0

Fast

0

0.5

1

50

50

0

0

-50

-50
0

0.5

1

Gait (%)

0

Gait (%)

Figure 4.2: Mean hip flexion angle (deg) for all able-bodied subjects (black solid line)
and upper and lower 95% confidence (grey shaded area) vs hip flexion angle of intact
and prosthesis limbs of C-leg amputee (heavy black solid line) and Mauch amputee
(black dashed line) during normal, slow and fast gait of gait cycle.
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Table 4.2: Comparison of hip flexion angle (deg) at the peaks of interest (PoI) between ablebodied subjects and amputees during different gait speed.

PoI
NHAY1
NHAY2
NHAY3
SHAY1
SHAY2
SHAY3
FHAY1
FHAY2
FHAY3

Able-bodied subjects
95% Cl
Mean
Lower Upper
23.257
15.92
30.59
-21.14
-6.47
-13.81
17.36
32.03
24.69

20.82
-13.58
20.45
26.37
-15.09
27.66
PoI= parameter of interest.

13.65
-20.7
13.29

27.99
-6.41
27.62

Amputee subjects
C-leg User
Mauch User
Intact leg Pro. leg Intact leg Pro. leg
25.23
28.51 23.58
20.69
-4.25*
-16.94 -7.58
-31.15*
27.46
32.95* 27.24
23.19
18.83
-6.11
26.08

22.72 22.27
-18.91 -8.52
26.99 28.18*

14.41
-27.37*
18.01

17.51
35.22
32.24
33.64 33.20
23.47
-6.70
-15.17
-14.02
-34.61*
-23.95 -6.24
32.07
36.30
30.23
21.19
18.79
36.51
* Values that fall outside 95% Cl for able-bodied subjects.

Figure 4.3 shows the average hip adduction angles with 95% confidence interval
for all able-bodied subjects versus hip adduction angle angles of the amputees’ intact and
prosthesis limbs during different gait speeds. For the Mauch prosthesis participant, a
significant reduction was observed for the intact limb in early-mid stance for all gait speeds
(by 12-16 deg, Table 4.3), while no substantial difference was observed for the prosthetic
limb in early-mid stance at all gait speeds compared to able-bodied subjects (by 2-3 deg).
As with the Mauch amputee participant, a lower angle was found for the intact limb in
early-mid stance for all gait speeds (by 7-8 degree) for the C-Leg prosthesis participant,
while no substantial difference was observed for the prosthetic limb in early-mid stance for
all gait speeds (by ~1 deg, Table 4.3) compared to able-bodied participants.
For the swing phase, higher hip adduction angle was recorded (by 6-9 deg) for the
intact limb of the C-Leg participant compared to the Mauch prosthesis and able-bodied
participants for all gait speeds. Higher hip adduction angle was also recorded (by 13-19
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deg) for the prosthetic limb of the Mauch prosthesis user compared to C-Leg prosthesis
user and able-bodied participants for all gait speeds.
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Figure 4.3: Mean hip adduction angle (deg) for all able-bodied subjects (black solid
line) and upper and lower 95% confidence (grey shaded area) vs hip adduction angle
of intact and prosthesis limbs of C-leg amputee (heavy black solid line) and Mauch
amputee (black dashed line) during normal, slow and fast gait of gait cycle.
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Table 4.3: Comparison of hip adduction angle (deg) at the peaks of interest (PoI) between
able- bodied subjects and amputees during different gait speed.

PoI
NHAX1
NHAX2

Able-bodied subjects
95% Cl
Mean
Lower Upper
8.66
5.31
11.99
-8.55
-11.89 -5.213

SHAX1
8.64
SHAX1
-8.32
FHAX1
9.178
FHAX1
-8.025
PoI= parameter of interest.

Amputee subjects
C-leg User
Mauch User
Intact leg Pro. leg Intact leg Pro. leg
1.29*
9.46
-8.09*
10.88
-16.46*
-2.66* -10.68
9.17*

5.075
12.206 -0.407*
8.295 -4.578*
10.497
5.772
11.893 -4.762 -14.82* -3.961* -8.220*
5.517
12.84 1.32*
9.97 -6.297*
11.089
-3.45* -11.647
7.995*
-11.68 -4.364 -17.13*
* Values that fall outside 95% Cl for able-bodied subjects.

Figure 4.4 shows the average knee flexion/extension angles with 95% confidence
interval for all able-bodied subjects versus knee flexion angle angles of the amputee’s intact
and prosthetic limbs during different gait speeds. No substantial difference in knee angle
were detected in early stance between able-bodied and both amputees’ intact limb (Table
4.4) during normal and slow gait, while at fast gait, higher knee angle was observed for the
Mauch amputee’s intact limb compared to C-Leg user and able-bodied participants (by ~
10 deg, Table 4.4). No significant difference in swing phase knee angle was detected
between able-bodied and either amputees’ intact limb. However, lower knee angle was
detected from the prosthesis side of the Mauch prosthesis participant compared to ablebodied subjects and C-Leg amputee during stance phase for all three gait speeds.
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Figure 4.4: Mean knee flexion angle (deg) or all able-bodied subjects (black solid line)
and upper and lower 95% confidence (grey shaded area) vs knee flexion angle of
intact and prosthesis limbs of C-leg amputee (heavy black solid line) and Mauch
amputee (black dashed line) during normal, slow and fast gait of gait cycle.
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Table 4.4: Comparison of knee flexion angle (deg) at the peaks of interest (PoI) between ablebodied subjects and amputees during different gait speed.

PoI
NKAY1
NKAY2
NKAY3
SKAY1
SKAY2
SKAY3
FKAY1
FKAY2
FKAY3

Able-bodied subjects
95% Cl
Mean
Lower Upper
16.14
5.904
26.38
6.66
27.14
16.89
53.78
74.26
64.02

9.74
10.93
56.35
21.22
19.23
64.2
PoI= parameter of interest.

-0.488
-0.697
46.12

19.98
21.16
66.58

Amputee subjects
C-leg User
Mauch User
Intact leg Pro. leg Intact leg Pro. leg
22.14
20.68
21.29
-0.983*
15.86
20.46
14.49
-5.149*
69.22
73.71
65.73
63.89
13.15
7.990
64.36

21.18*
12.31
60.91

13.30
9.606
62.48

-2.399*
-5.254*
52.60

10.22
32.21
21.82
18.54 31.42
-4.23*
12.90
20.82
17.96
-5.64*
8.23
30.22
67.55
73.80 67.03
74.03
53.3
75.29
* Values that fall outside 95% Cl for able-bodied subjects.

Figure 4.5 shows the average ankle dorsal/plantar flexion angles with 95%
confidence interval for all able-bodied subjects versus ankle flexion angle angles of the
amputees’ intact and prosthetic limbs at different gait speeds. No significant difference in
ankle dorsal flexion angle was detected in early stance (initial contact) phase between ablebodied and C-leg amputee’s intact limb (Table 4.5) for any gait speeds (by 3-6 deg).
However, higher ankle dorsal flexion angle was detected from the Mauch amputee’s intact
limb in early stance phase compared to able-bodied subjects for all gait speeds (by 6-11
deg). A significant increase (by 11-22 deg) in ankle plantar flexion angle was observed for
both amputees’ intact limb in swing phase compared to able-bodied subjects for all gait
speeds (Table 4.5). Also, a significant reduction in ankle plantar flexion angle (by 10-21
deg) was observed for both amputees’ prosthetic limb in swing phase compared to the ablebodied participant for all gait speeds (Table 4.5).
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Figure 4.5: Mean ankle flexion angle (deg) for all able-bodied subjects (black solid
line) and upper and lower 95% confidence (grey shaded area) vs ankle flexion angle
of intact and prosthesis limbs of C-leg amputee (heavy black solid line) and Mauch
amputee (black dashed line) during normal, slow and fast gait of gait cycle.
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Table 4.5: Comparison of ankle flexion angle (deg) at the peaks of interest (PoI) between ablebodied subjects and amputees during different gait speed.

PoI
NAAY1
NAAY2
NAAY3

Able-bodied subjects
95% Cl
Mean
Lower Upper
-9.414
-7.66
-5.985
7.24
14.10
10.67
-17.58 -10.72
-14.15

SAAY1
SAAY2
SAAY3
FAAY1
FAAY2
FAAY3

-11.20
9.265
-12.03
-6.384
8.751
-12.46
PoI= parameter of interest.

-14.81
5.652
-15.65

-7.587
12.88
-8.419

Amputee subjects
C-leg User
Mauch User
Intact leg Pro. leg Intact leg Pro. leg
-12.88*
-2.011 2.85
-1.29
4.58
7.035
16.37
9.670
-28.52
2.815 -25.89
5.627
-14.53
5.885
-34.10

-1.742
5.473
2.259

-4.129
15.50
-26.46

-1.042
8.440
5.821

-9.504 -3.265 -12.37
-3.07 7.02
-1.962
3.212
7.144
12.26
10.57
5.632
11.87
6.294 -28.61
9.025
-15.58 -9.345 -28.20
* Values that fall outside 95% Cl for able-bodied subjects.

4.3 Kinetic Results
Table 4.6 presented the kinetic variables such as flexion and adduction moment for
hip, knee, and ankle during different phases of the gait cycle. The parameters of interest
are presented in Table 4.6, then applied in the following Tables that compared the peak of
those parameters between able-bodied and amputees during different gait speed and gait
phases.
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Table 4.6. Parameters of interest in kinetic variables during the gait cycle of walking.
Parameters of interest (PoI)

Normal

Hip Flexion Moment (early stance)
NHMY1
Hip Flexion Moment (med-end stance)
NHMY2
Hip Flexion Moment (med-end swing)
NHMY3
Hip Adduction Moment (early stance)
NHMX1
Hip Adduction Moment (med-end stance)
NHMX2
Hip Adduction Moment (early-med swing)
NHMX3
Knee Flexion Moment (early stance)
NKMY1
Knee Flexion Moment (med stance)
NKMY2
Knee Flexion Moment (end stance-early swing) NKMY3
Knee Flexion Moment (med-end swing)
NKMY4
Ankle Flexion Moment (early stance)
NAMY1
Ankle Flexion Moment (med-end stance)
NAMY2
Ankle Flexion Moment (swing)
NAMY3

slow

fast

SHMY1
SHMY2
SHMY3
SHMX1
SHMX2
SHMX3
SKMY1
SKMY2
SKMY3
SKMY4
SAMY1
SAMY2
SAMY3

FHMY1
FHMY2
FHMY3
FHMX1
FHMX2
FHMX3
FKMY1
FKMY2
FKMY3
FKMY4
FAMY1
FAMY2
FAMY3

Figure 4.6 shows the average hip flexion/extension moments with 95% confidence
interval for all able-bodied subjects versus hip flexion moment of the amputees’ intact and
prosthetic limbs at different gait speeds. Higher hip moment was detected in early stance
from both amputees’ intact limb (by 0.2-0.6 N.m/kg, Table 4.7) compared to able-bodied
subjects at all gait speeds. A significant increase in the hip moment was detected in the
prosthesis side of both amputees (by 0.5-0.9 N.m/kg, Table 4.7) in mid-end stance phase
at all gait speeds compared to able-bodied participants.
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Figure 4.6: Mean hip flexion moment (N.m/kg) for all able-bodied subjects (black
solid line) and upper and lower 95% confidence (grey shaded area) vs hip flexion
moment of intact and prosthesis limbs of C-leg amputee (heavy black solid line) and
Mauch amputee (black dashed line) during normal, slow and fast gait of gait cycle.

67

Table 4.7: Comparison of hip flexion moment (N.m/kg) at the peaks of interest (PoI) between
able- bodied subjects and amputees during different gait speed.

PoI
NHMY1
NHMY2
NHMY3
SHMY1
SHMY2
SHMY3
FHMY1
FHMY2
FHMY3

Able-bodied subjects
95% Cl
Mean
Lower Upper
0.772
0.918
0.626
-0.474
-0.756
-0.619
-0.036 -0.328
-0.182

0.263
-0.462
-0.138
0.997
-1.034
-0.241
PoI= parameter of interest.

Amputee subjects
C-leg User
Mauch User
Intact leg Pro. leg Intact leg Pro. leg
0.942*
0.734 1.036*
0.449
-0.824* -1.293* -0.702
-1.475*
-0.352*
-0.053 -0.396*
-0.118

0.374
0.151
0.653*
0.389* 0.853*
0.419*
-0.350 -0.574 -0.500
-0.978* -0.506
-1.034*
-0.045 -0.421*
-0.229
-0.026 -0.249 -0.274*
0.731
1.263
1.035
0.831 1.233
0.721
-1.148
-1.671*
-1.025
-1.913*
-0.768 -1.300
-0.049 -0.551*
0.051*
0.025
-0.507 -0.435
* Values that fall outside 95% Cl for able-bodied subjects.

Figure 4.7 shows the average hip adduction moment with 95% confidence interval
for all able-bodied subjects versus hip adduction moment of the amputees’ intact and
prosthetic limbs at different gait speeds. No substantial difference in the hip moment was
detected during swing phase between able-bodied subjects and amputees’ intact or
prosthesis side during different gait speeds. However, higher hip moment was detected in
mid stance for both amputees’ intact limbs (by 0.3-0.6 N.m/kg, Table 4.8), and prosthetic
limb (by ~ 0.2 N.m/kg, Table 4.8) compared to able-bodied subjects at all gait speeds.
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Figure 4.7: Mean hip adduction moment (N.m/kg) for all able-bodied subjects (black
solid line) and upper and lower 95% confidence (grey shaded area) vs hip adduction
moment of intact and prosthesis limbs of C-leg amputee (heavy black solid line) and
Mauch amputee (black dashed line) during normal, slow and fast gait of gait cycle.
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Table 4.8: Comparison of hip adduction moment (N.m/kg) at the peaks of interest (PoI)
between able- bodied subjects and amputees during different gait speed.

PoI
NHMX1
NHMX2
NHMX3
SHMX1
SHMX2
SHMX3
FHMX1
FHMX2
FHMX3

Able-bodied subjects
95% Cl
Mean
Lower Upper
-1.013
-1.233 -0.794
-1.082 -0.643
-0.862
-0.297
0.142
-0.078

-0.933
-0.859
-0.131
-1.168
-0.902
-0.096
PoI= parameter of interest.

Amputee subjects
C-leg User
Mauch User
Intact leg Pro. leg Intact leg Pro. leg
-0.678* -0.680* -0.656*
-0.853
-0.925
-0.662 -0.825
-0.633*
0.032
-0.011 -0.076
-0.018

-1.151 -0.715 -0.549*
-0.721 -0.597*
-0.745
-1.076 -0.641 -0.867
-0.606* -0.971
- 0.633*
-0.077
-0.026 -0.078
0.101*
-0.348 0.087
-1.418 -0.918 -0.736* -0.807* -0.744*
-0.833*
-1.048
-0.651
-0.946
-0.526*
-1.153 -0.651
-0.029 -0.142
-0.029
-0.346 0.154 -0.104
* Values that fall outside 95% Cl for able-bodied subjects.

Figure 4.8 shows the average knee flexion/extension moment with 95% confidence
interval for all able-bodied subjects versus knee flexion moment of the amputees’ intact
and prosthetic limbs at different gait speeds. Higher knee moment was detected in earlymid stance phase for C-Leg amputee’s intact limb (by ~0.3N.m/kg, Table 4.9) compared
to able-bodied subjects and Mauch user’s intact limb for normal gait. However, for slow
and fast gait, higher knee moments were detected for both amputees’ intact limbs (Table
4.8) compared to able-bodied subjects. There was a good match in knee moment pattern in
swing phase between both amputees and able-bodied participants during normal and fast
gait, while considerable differences were detected for slow gait. No knee moment was
developed by the C-Leg amputee on the prosthesis side, while negative knee moment (by
-0.641, -0.669, and -0.647 N.m/kg) was observed for the Mauch user’s prosthesis side
during stance phase at all gait speeds (Table 4.9).
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Figure 4.8: Mean knee flexion moment (N.m/kg) for all able-bodied subjects (black
solid line) and upper and lower 95% confidence (grey shaded area) vs knee flexion
moment of intact and prosthesis limbs of C-leg amputee (heavy black solid line) and
Mauch amputee (black dashed line) during normal, slow and fast gait of gait cycle.
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Table 4.9: Comparison of knee flexion moment (N.m/kg) at the peaks of interest (PoI) between
able- bodied subjects and amputees during different gait speed.
Able-bodied subjects
Amputee subjects
95% Cl
C-leg User
Mauch User
PoI
Mean
Lower Upper Intact leg Pro. leg Intact leg Pro. leg
NKMY1
0.586
0.470
0.702 0.933*
0.078* 0.609
-0.133*
NKMY2
-0.293 -0.062 0.249* -0.228
0.200*
-0.641*
-0.178
NKMY3
0.035
0.266
0.391*
-0.053*
0.310*
-0.242*
0.151
NKMY4
-0.299
0.162*
-0.363 -0.132 -0.372* -0.036
-0. 247
SKMY1
0.262
0.187
0.338
0.430*
0.034
0.365
-0.186*
-0.252 -0.101 0.217*
-0.125
0.167*
-0.669*
SKMY2
-0.177
0.218*
0.026
0.337*
-0.463*
-0.023
0.127
SKMY3
0.052
-0.246*
-0.029*
-0.253*
-0.563*
0.101
0.252
SKMY4
0.176
FKMY1
0.942
0.754 1.131
1.110
0.116* 1.296*
-0.216*
FHMY2
0.826*
-0.277*
0.925*
-0.647*
-0.229
-0.418 -0.042
FKMY3
0.433*
-0.069* 0.281
0.188
0.226
0.038
0.414
FKMY4
0.159
-0.046*
-0.937*
-0.288*
0.335
0.147
0.523
PoI= parameter of interest. * Values that fall outside 95% Cl for able-bodied subjects.

Figure 4.9 shows the average ankle doris/plantar flexion moment with 95%
confidence interval for all able-bodied subjects versus ankle flexion moment of the
amputees’ intact and prosthetic limbs at different gait speeds.
A noticeable difference in ankle moment during mid-end stance phase was
observed for the intact limb of both amputees compared to able-bodied subjects for all gait
speeds, while there was no substantial difference in ankle moment during swing phase
(Table 4.10). There was a good match of ankle moment on the prosthesis side during swing
phase between both amputees and able-bodied subjects for all gait speeds. While in early
stance phase, lower ankle moment (by ~0.5 N.m/kg, Table 4.10) was observed for the
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prosthesis side of the C-Leg user compared to able-bodied subjects and the Mauch user at
different gait speeds.
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Figure 4.9: Mean ankle flexion moment (N.m/kg) for all able-bodied subjects (black
solid line) and upper and lower 95% confidence (grey shaded area) vs ankle flexion
moment of intact and prosthesis limbs of C-leg amputee (heavy black solid line) and
Mauch amputee (black dashed line) during normal, slow and fast gait of gait cycle.
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Table 4.10: Comparison of ankle flexion moment (N.m/kg) at the peaks of interest (PoI)
between able- bodied subjects and amputees during different gait speed.

PoI
NAMY1
NAMY2
NAMY3
SAMY1
SAMY2
SAMY3
FAMY1
FAMY2
FAMY3

Able-bodied subjects
95% Cl
Mean
Lower Upper
0.353
0.108
0.598
-1.528
-1.038
-1.283
-0.224
0.265
0.021

0.253
-1.118
-0.054
0.481
-1.406
0.034
PoI= parameter of interest.

Amputee subjects
C-leg User
Mauch User
Intact leg Pro. leg Intact leg Pro. leg
0.520
-0.363* 0.319
0.316
-1.067
-1.542* -1.168
-1.504
-1.067*
0.015
0.027
0.015

0.015
0.492
0.340
-0.333* 0.415
0.217
-1.356 -0.879 -0.864* -1.359* -0.931
-1.356
0.013
0.044
0.031
-0.293 0.184 0.059
0.189 0.773
0.721
-0.268* 0.650
0.289
-1.236
-1.567
-1.285
-1.616
-1.698 -1.114
0.018
0.050
0.018
-0.258 0.326 0.047
* Values that fall outside 95% Cl for able-bodied subjects.

4.4 Effect of Added Knee Moment
The second objective of this work was to apply a prosthesis control strategy that
can mimic the stiffness control mechanism of the C-Leg prosthesis. A moment was applied
to the joint center (axis of rotation) of the knee prosthesis of the simulated amputees to
assess the effect of the muscle performance and the ability to develop a control pattern to
artificially produce the desired movement. The approach applied only to the amputee
participant with C-Leg. This knee moment was obtained from the ID results of the control
subject that matched (by weight and height) the amputee participant. Figure 4.10 shows
the average hip flexion/extension angle with 95% confidence interval for all able-bodied
subjects versus hip flexion/extension angle of the amputees’ intact and prosthetic limbs
with the effect of the added knee moment at different gait speeds. For all gait speeds, the
effect of the added knee moment resulted in a lower hip angle for the intact limb (by ~2.310.3 deg) compared to able-bodied subjects and no moment added during the stance phase.
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For the prosthesis side no significant reduction was observed during stance (Table 4.11).
No noticeable differences were observed for hip angle due to the effect of the added knee
moment on the intact side at mid-late swing for all gait speeds. However, in normal gait,
lower hip angle was observed for the prosthesis side (due to the effect of the added knee
moment) at late swing compared to able-bodied subjects and no moment added (by ~7
deg).
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Figure 4.10: Mean hip flexion angle (deg) for all able-bodied subjects (black solid line)
and upper and lower 95% confidence (grey shaded area) vs hip flexion angle of intact
and prosthesis limbs of C-leg amputee (heavy black solid line) and hip flexion angle
of intact and prosthesis limbs of C-leg amputee with knee moment added (black
dashed line) during normal, slow and fast gait of gait cycle.
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Table 4.11: Effect of knee moment added on hip flexion angle (deg) at the peaks of interest
(PoI) between able-bodied subjects and amputees during different gait speed.

PoI
NHAY1
NHAY2
NHAY3
SHAY1
SHAY2
SHAY3
FHAY1
FHAY2
FHAY3

Able-bodied subjects
95% Cl
Mean
Lower Upper
23.257
15.92
30.59
-21.14
-6.47
-13.81
17.36
32.03
24.69

20.82
-13.58
20.45
26.37
-15.09
27.66
PoI= parameter of interest.

Amputee subjects
C-leg User
Motor Effect
Intact leg Pro. leg Intact leg Pro. leg
25.23
27.51
16.53
19.81
-4.25*
-16.94
-19.27
-24.43*
27.46
32.95* 30.78
15.71*

13.65
27.99
18.83
22.72
16.54
24.67
-20.75 -6.41
-5.89*
-18.91
-16.95
-13.06
22.48
26.99
26.06
22.17
13.29 27.62
17.51 35.22
32.24
33.64
21.94*
31.50
-6.70
-14.84
-13.90
-5.670*
-23.95 -6.24
30.07
35.30
25.01
30.45
18.79 36.51
* Values that fall outside 95% Cl for able-bodied subjects.

Figure 4.11 shows the average knee flexion angles with 95% confidence interval
for all able-bodied subjects versus knee flexion angle of the amputees’ intact and prosthetic
limbs with the effect of added knee moment at different gait speeds. A slight difference or
increase in knee angle (by ~ 3 degrees) was observed for the intact side throughout the gait
cycle for all gait speeds (due to the effect of the added knee moment) compared to ablebodied and the amputee with no added knee moment. No effect was detected in the
prosthesis side throughout gait cycle in all gait speeds (Table 4.12).
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Figure 4.11: Mean knee flexion angle (deg) for all able-bodied subjects (black solid
line) and upper and lower 95% confidence (grey shaded area) vs knee flexion angle
of intact and prosthesis limbs of C-leg amputee (heavy black solid line) and knee
flexion angle of intact and prosthesis limbs of C-leg amputee with knee moment added
(black dashed line) during normal, slow and fast gait of gait cycle.
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Table 4.12: Effect of knee moment added on knee flexion angle (deg) at the peaks of interest
(PoI) between able-bodied subjects and amputees during different gait speed.

PoI
NKAY1
NKAY2
NKAY3
SKAY1
SKAY2
SKAY3
FKAY1
FKAY2
FKAY3

Able-bodied subjects
95% Cl
Mean
Lower Upper
16.14
5.904
26.38
6.66
27.14
16.89
53.78
74.26
64.02

9.74
10.93
56.35
21.22
19.23
64.29
PoI= parameter of interest.

Amputee subjects
C-leg User
Motor Effect
Intact leg Pro. leg Intact leg Pro. leg
22.14
20.68
23.67
20.19
15.86
20.46
16.64
17.86
69.22
73.71
72.57
74.19

-0.488
19.98 13.15
21.18* 10.38
20.88*
-0.697 21.16
7.990
12.31
11.93
12.37
64.36
60.91
66.42
60.91
46.12 66.58
10.22 32.21
21.82
18.54
23.24
19.11
12.90
20.82
19.66
27.99
8.23
30.22
67.55
73.80
69.88
74.13
53.30 75.29
* Values that fall outside 95% Cl for able-bodied subjects.

Figure 4.12 shows the average ankle dorsal/plantar flexion angles with 95%
confidence interval for all able-bodied subjects versus ankle dorsal/plantar flexion angle of
the amputee’s intact and prosthesis limbs with the effect of added knee moment during
different gait speeds. As with knee angle, a slight difference (by ~7 degrees) in ankle angle
was observed for the intact side throughout gait cycle at all gait speeds compared to ablebodied and amputee with no added knee moment. While no effect was detected (Table
4.13) on the prosthesis side throughout gait cycle at all gait speeds before and after the
added knee moment to the prosthesis knee.
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Figure 4.12: Mean ankle flexion angle (deg) for all able-bodied subjects (black solid
line) and upper and lower 95% confidence (grey shaded area) vs ankle flexion angle
of intact and prosthesis limbs of C-leg amputee (heavy black solid line) and ankle
flexion angle of intact and prosthesis limbs of C-leg amputee with knee moment added
(black dashed line) during normal, slow and fast gait of gait cycle.
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Table 4.13: Effect of knee moment added on ankle flexion angle (deg) at the peaks of interest
(PoI) between able-bodied subjects and amputees during different gait speed.

PoI
NAAY1
NAAY2
NAAY3
SAAY1
SAAY2
SAAY3
FAAY1
FAAY2
FAAY3

Able-bodied subjects
95% Cl
Mean
Lower Upper
-9.414
-7.66
-5.985
7.24
14.10
10.67
3.43
-10.72
-14.15

-11.20
9.265
-12.03
-6.384
8.751
-12.46
PoI= parameter of interest.

Amputee subjects
C-leg User
Motor Effect
Intact leg Pro. leg Intact leg Pro. leg
-12.88* -2.011
-13.84*
-2.090*
3.564
7.035
-0.037*
6.971*
-28.52*
2.815* -23.88*
2.859

-14.81 -7.587 -14.53
-1.742*
-8.009
2.563*
5.652
12.88
5.885
5.473*
5.086*
5.265*
2.259* -26.46*
1.947*
-15.65 -8.419 -34.10*
-9.504 -3.265 -12.37* -3.07*
-10.15*
-2.915*
3.212*
7.144
2.276*
3.024*
5.632 11.87
6.294* -30.57*
3.047*
-15.58 -9.345 -28.20*
* Values that fall outside 95% Cl for able-bodied subjects.

Figure 4.13 shows the average hip flexion moment with 95% confidence interval
for all able-bodied subjects versus hip flexion moment of the amputee’s intact and
prosthetic limbs with the effect of added knee moment at different gait speeds. The added
knee moment lowered the hip moment (by ~0.6 N.m/kg) at the intact side to match the
able-bodied in early stance phase for all gait speeds, while no significant difference was
observed in the hip moment for the rest of gait cycle. For the prosthesis side, lower hip
moment was observed (Table 4.14) in stance phase due to the effect of the added knee
moment during normal and slow gait compared to able-bodied and amputee with no added
knee moment, while no effect was observed (by ~ 0.02 N.m/kg) in the swing phase for all
gait speeds.
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Figure 4.13: Mean hip flexion moment (N.m/kg) for all able-bodied subjects (black
solid line) and upper and lower 95% confidence (grey shaded area) vs hip flexion
moment of intact and prosthesis limbs of C-leg amputee (heavy black solid line) and
hip flexion moment of intact and prosthesis limbs of C-leg amputee with knee moment
added (black dashed line) during normal, slow and fast gait of gait cycle.

81

Table 4.14: Effect of knee moment added on hip flexion moment (N.m/kg) at the peaks of
interest (PoI) between able- bodied subjects and amputees during different gait speed.

PoI
NHMY1
NHMY2
NAAY3
SHMY1
SHMY2
SHMY3
FHMY1
FHMY2
FHMY3

Able-bodied subjects
95% Cl
Mean
Lower Upper
0.772
0.918
0.626
-0.474
-0.756
-0.619
-0.036 -0.328
-0.182

0.263
-0.462
-0.138
0.997
-1.034
-0.241
PoI= parameter of interest.

Amputee subjects
C-leg User
Motor Effect
Intact leg Pro. leg Intact leg Pro. leg
0.942*
0.734
0.312*
-0.459*
-0.824* -1.293* -1.426*
-1.705*
-0.352*
-0.053 0.162*
0.072*

0.374 0.151
0.653
0.389
0.135
-0.510
-0.350 -0.574 -0.500
-0.978 -0.539
-1.131
-0.045 0.149
-0.030
-0.026 -0.249 -0.274
0.731
1.263 1.035
0.831
0.358
0.117
-1.148
-1.671
-1.492
-0.854
-0.768 -1.300
-0.049 -0.332
0.072
0.025
-0.507 -0.435
* Values that fall outside 95% Cl for able-bodied subjects.

Figure 4.14 shows the average knee flexion moment with 95% confidence interval
for all able-bodied subjects versus knee flexion moment of the amputee’s intact and
prosthetic limbs with the effect of added knee moment at different gait speeds. No
substantial difference in knee moment was observed for the amputee’s intact side
throughout the gait cycle for all gait speeds (Table 4.15). The added knee moment was
observed for the prosthesis side during gait cycle for all gait speeds.
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Figure 4.14: Mean knee flexion moment (N.m/kg) for all able-bodied subjects (black
solid line) and upper and lower 95% confidence (grey shaded area) vs knee flexion
moment of intact and prosthesis limbs of C-leg amputee (heavy black solid line) and
knee flexion moment of intact and prosthesis limbs of C-leg amputee with knee
moment added (black dashed line) during normal, slow and fast gait of gait cycle.
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Table 4.15: Effect of knee moment added on knee flexion moment (N.m/kg) at the peaks of
interest (PoI) between able-bodied subjects and amputees during different gait speed.

PoI
NKMY1
NKMY2
NKMY3
NKMY4
SKMY1
SKMY2
SKMY3
SKMY4
FKMY1
FHMY2
FKMY3
FKMY4

Able-bodied subjects
95% Cl
Mean
Lower Upper
0.586
0.470
0.702
-0.293
-0.062
-0.178
0.035
0.266
0.151
-0.363
-0.132
-0. 247

0.262
-0.177
0.052
0.176
0.942
-0.229
0.226
0.335
PoI= parameter of interest.

Amputee subjects
C-leg User
Motor Effect
Intact leg Pro. leg Intact leg Pro. leg
0.933*
0.078* 0.963*
0.641
0.249*
-0.228
0.248*
-0.404*
0.391*
-0.053* 0.361*
0.157
-0.372
-0.036
-0.082
-0.248

0.187
0.338
0.430*
0.034* 0.328
0.331
-0.252 -0.101 0.217*
-0.125
0.177*
-0.228
0.218*
0.026
0.165*
0.146*
-0.023 0.127
-0.246* -0.029* -0.048*
0.222
0.101
0.252
0.754 1.131
1.110
0.116* -0.968*
1.036
-0.277
-0.416
-0.488*
-0.418 -0.042 0.826*
0.433*
-0.069
-0.656*
0.226
0.038
0.414
0.159
-0.046*
0.493
-0.351*
0.147
0.523
* Values that fall outside 95% Cl for able-bodied subjects.

Figure 4.15 shows the average ankle flexion moment with 95% confidence interval
for all able-bodied subjects versus ankle flexion moment of the amputee’s intact and
prosthesis limbs with the effect of added knee moment at different gait speeds. By
comparing the ankle moment before and after the added knee moment, no significant
difference was observed in both intact and prosthesis side (by ~ 0.3 N.m/kg) during gait
cycle in normal and slow gait. However, a noticeable difference was observed for both
intact and prosthesis side in fast gait during stance phase (Table 4.16) compared to C-Leg
amputee with no added knee moment.
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Figure 4.15: Mean ankle flexion moment (N.m/kg) for all able-bodied subjects (black
solid line) and upper and lower 95% confidence (grey shaded area) vs ankle flexion
moment of intact and prosthesis limbs of C-leg amputee (heavy black solid line) and
ankle flexion moment of intact and prosthesis limbs of C-leg amputee with knee
moment added (black dashed line) during normal, slow and fast gait of gait cycle.
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Table 4.16: Effect of knee moment added on ankle flexion moment (N.m/kg) at the peaks of
interest (PoI) between able- bodied subjects and amputees during different gait speed.

PoI
NAMY1
NAMY2
NAMY3
SAMY1
SAMY2
SAMY3
FAMY1
FAMY2
FAMY3

Able-bodied subjects
95% Cl
Mean
Lower Upper
0.353
0.108
0.598
-1.528
-1.038
-1.283
-0.224
0.265
0.021

0.253
-1.118
-0.054
0.481
-1.406
0.034
PoI= parameter of interest.

Amputee subjects
C-leg User
Motor Effect
Intact leg Pro. leg Intact leg Pro. leg
0.520
-0.363* 0.493
-0.232*
-1.067
-1.542* -1.141
-1.358
0.023
0.015
0.045
0.017

0.015
0.492
0.340
-0.333* -0.023*
-0.289*
-1.356 -0.879 -0.864* -1.359
-0.954
-1.302
0.013
0.256*
0.023
-0.293 0.184 0.059
0.189 0.773
0.721
-0.268* -0.408*
-1.136*
-1.236
-1.567
1.054*
0.909*
-1.698 -1.114
0.018 -0.049
0.018
-0.258 0.326 0.047
* Values that fall outside 95% Cl for able-bodied subjects.

4.5 Computed Muscle Control Results
The inverse kinematics and inverse dynamics generate a set of desired kinematic
trajectories that were dynamically consistent with the ground reaction (see Appendix A).
However, due to the measurement error in the motion capture data and the inaccuracies of
the musculoskeletal model, those kinematic trajectories and the ground reaction force do
not match (Equation A.5 and A.6). In order to increase dynamic consistency between the
ground reaction forces and model kinematics to correct for experimental error and
modeling assumptions, the Residual Reduction Algorithm (RRA) (part of the OpenSim
data processing mentioned in Appendix A) was applied. RRA adjusts the mass and position
of the center of mass for all body segments as well as joint moments. Table 4.17 below
shows an example of threshold values used to evaluate RRA results for full-body
simulations of walking and running.
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Table 4.17: Threshold values used to evaluate Residual Reduction Algorithm results
[76].

The Residual Reduction Algorithm was capable of fairly quickly converging to a
solution that minimally altered the experimental kinematics and kinetics. The adjusted joint
moments and residuals are then applied to the segment to model the ground interaction.
The importance of applying the RRA step is to ensure that the muscles account for all the
movement and to have confidence in muscle contribution.
In order to evaluate the results of RRA, Table 4.18, Table 4.19, and Table 4.20
present the average residual force and moment at different gait speeds for both able-bodied
and transfemoral amputee participants generated by RRA. From all three tables, lower
residual force and moment were recorded from all participants during different gait speed.
Based on the threshold values (Table 4.17), good results were obtained from RRA for all
participants at all gait speeds. During normal gait (Table 4.18), the maximum residual force
was obtained from the C-leg participant in Medio-lateral direction, while the maximum
residual moment was obtained from the Mauch prosthesis participant in the anteriorposterior direction.
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Table 4.18 Average residual force and moment for able-bodied and amputee
subjects (normal gait).
residual

FX (N)

FY (N)

FZ (N)

MX (N.m) MY (N.m) MZ (N.m)

Control

0.7590

3.8298

-0.5247

-2.4167

1.0555

4.1178

C-leg

-2.44201

4.3851

0.711782

1.08771

-5.54439

-2.66882

Mauch

-2.69089

-3.91395

-2.72658

6.5142

2.48407

-2.09906

As with normal gait, the maximum residual force was obtained from the Mauch
prosthesis participant in Medio-lateral direction and maximum moment was obtained from
the C-leg participant in Medio-lateral direction during fast gait (Table 4.19). In the slow
gait, the maximum residual force and moment was obtained from control participants in
both Medio-lateral and vertical directions (Table 4.20).

Table 4.19 Average residual force and moment for able-bodied and amputee
subjects (fast gait).
residual

FX (N)

FY (N)

FZ (N)

MX

MY

(N.m)

(N.m)

MZ (N.m)

Control

-0.5658

4.9639

1.4035

1.1484

2.8227

6.5639

C-leg

-0.613012

-6.01037

-0.33037

1.36537

8.53908

-2.83133

Mauch

-0.663091

7.72481

0.791625

4.9868

-2.57819

-0.066388
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Table 4.20 Average residual force and moment for able-bodied and amputee
subjects (slow gait).
residual

FX (N)

FY (N)

FZ (N)

MX (N.m) MY (N.m) MZ (N.m)

Control

0.7767

-4.6780

0.4497

3.5950

-0.0524

8.3254

C-leg

-2.75496

1.22311

-1.72

1.32986

6.10979

-0.721175

Mauch

-2.30732

-1.13861

-3.75244

1.68463

-0.348352

-1.29788

Having a set of desired kinematic trajectories that were dynamically consistent with
the ground reaction by applying RRA is essential for the Computed Muscle Control
algorithm (CMC). As mentioned before, CMC is applied to determine muscle excitation
that drives a forward dynamic simulation to track the desired kinematics. Therefore, a good
match between the model’s kinematics and the experimental kinematics is important.
Generating simulations for normal gait from experimental data using this approach
required about 20-30 min (5-10 min for RRA and 15-20 min for CMC) [86], which are
orders of magnitude faster than conventional dynamic optimization approaches. Moreover,
these computational benefits were not gained at the expense of tracking accuracy.
The CMC algorithm was able to track the experimental trajectories accurately for
each subject with only small deviations from the experimental kinematics and ground
reaction forces as shown in Table 4.21, Table 4.22, and Table 4.23. Small changes in both
hip and knee trajectories at all gait different speeds. The average RMS error of the ablebodied participants was less than 1 degree for hip and knee position at all gait speeds. This
RMS error is less than the results obtained by anatomical methods presented by Pedersen
et al [81, 82] and even less than the error recorded by applying the functional method
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presented by Piazza et al. [83]. A as with able-bodied participants, the average RMS error
of the transfemoral amputee participants is less than 2 degrees for hip position and less than
1 degree for knee position at all gait speeds.

Table 4.21 CMC RMS error position (deg) for able-bodied and amputee subjects (normal gait).
RMS (deg)

R_Hip_F

R_Hip_A

R_Hip_R

R_Knee

L_Hip_F

L_Hip_A

L_Hip_R

L_Knee

CMC (AB)

0.21

0.26

0.17

0.68

0.13

0.26

0.14

0.07

CMC (TFA)

0.29

0.39

0.23

0.71

0.27

0.28

0.54

0.11

(AB) – Able-bodied participants, (TFA) - Transfemoral amputee participants

Table 4.22 CMC RMS error position (deg) for able-bodied and amputee subjects (fast gait).
RMS (deg)

R_Hip_F

R_Hip_A

R_Hip_R

R_Knee

L_Hip_F

L_Hip_A

L_Hip_R

L_Knee

CMC (AB)

0.23

0.28

0.37

0.32

0.28

0.22

0.46

0.38

CMC (TFA)

0.97

1.1

0.78

0.15

0.33

0..25

0.40

0.60

(AB) – Able-bodied participants, (TFA) - Transfemoral amputee participants

Table 4.23 CMC RMS error position (deg) for able-bodied and amputee subjects (slow
gait).
RMS (deg)

R_Hip_F

R_Hip_A

R_Hip_R

R_Knee

L_Hip_F

L_Hip_A

L_Hip_R

L_Knee

CMC (AB)

0.32

0.4

0.32

0.29

0.27

0.37

0.19

0.21

CMC (TFA)

0.39

0.46

0.45

0.24

0.44

0.46

0.32

0.54

(AB) – Able-bodied participants, (TFA) - Transfemoral amputee participants

In order to validate the CMC results, a comparison between the computed muscle
excitation patterns and measured electro-myographical measurements should be applied.
Figures 4.16 to 4.18 show a comparison of the normalized mean absolute value of the
collected EMG versus the normalized muscle activity and normalized muscles forces with
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95% confidence interval of the OpenSim model prediction generated by CMC algorithm
for able-bodied and amputee subjects for different gait speeds. The collected EMG, muscle
activity, and muscle forces were normalized to their maximum values (individual value),
so they range from 0 to 1. In all plots, a good prediction of the peak muscle activity and
the peak muscle force during the gait cycle was achieved (the peak muscle activity, the
peak muscle force, and peak collected EMG happened coincided). Also, based on visual
analysis a good match between the pattern of muscle coordination of the model prediction
and the recorded EMG was observed (the timing of muscle contractions predicted by CMC
was similar to those exhibited by EMG signals measured during the experiment). More plots
of all the muscles for both able-bodied and amputee participants for all gait speed are
presented in Appendix J.
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Figure 4.16: The average of Mean absolute value of measured EMG (black) vs
simulation predicted activity (red) and simulation predicted muscle force (blue) with
upper and lower 95% confidence (gray shaded area) of Adductor Magnus for all ablebodied subjects during normal gait cycle.

Figure 4.17: The average of Mean absolute value of measured EMG (black) vs
simulation predicted activity (red) and simulation predicted muscle force (blue) with
upper and lower 95% confidence (gray shaded area) of Biceps Femoris for all ablebodied subjects during slow gait cycle.
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Figure 4.18: The average of Mean absolute value of measured EMG (black) vs
simulation predicted activity (red) and simulation predicted muscle force (blue) with
upper and lower 95% confidence (gray shaded area) of Adductor Magnus for all ablebodied subjects during fast gait cycle.

As mentioned before in Section 3.5.4, the time difference or the time lag between
the peak of the muscle activation obtained by the CMC algorithm and the peak of the EMG
collected during the experiment was determined by applying custom MATLAB routine
[see Appendix I]. Tables 4.24 to 4.26 show the mean delay or the time difference in
milliseconds from the peak activation obtained by the CMC algorithm and the peak of the
average raw EMG collected during the experiment for all able-bodied and amputee subjects
at different gait speeds. Table 4.24 shows the time difference of eight muscles of the ablebodied participants at different gait speeds; a low time delay for almost all muscles was
recorded. A maximum delay of 58 ms was obtained from the right Gluteus Medius during
slow gait.
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Table 4.24: Difference of mean time delay from the peak activation obtained by the

CMC algorithm and the peak of the average raw EMG collected during the
experiment for all able-bodied subjects during different gait speeds.
Muscle
Normal gait
Fast gait
Slow gait
Adductor Magnus

9.3 ms

30 ms

20.5 ms

Biceps Femoris

54.8 ms

16.3 ms

16.4 ms

Gluteus Medius

23.8 ms

53.7 ms

58.6 ms

Rectus Femoris

53.5 ms

40 ms

42 ms

Semitendinosis

38.3 ms

5 ms

50 ms

Gastrocnemius

37.4 ms

10.8 ms

9 ms

Vastus Lateralis

27.3 ms

45 ms

4.7 ms

Vastus Medialis

56.3 ms

55 ms

38 ms

As with able-bodied participants Tables 4.25 and 4.26 show low time delay for all
the muscles (electromechanical delay vary from30-100ms) [Hicks et al]. A maximum delay
of 55 ms was obtained from the Adductor Magnus of the intact limb at slow gait. A maximum
delay of 65 ms was obtained from the Biceps Femoris of the residual limb at fast gait.
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Table 4.25: Difference of mean time delay from the peak activation obtained by the

CMC algorithm and the peak of the average raw EMG collected during the
experiment for amputee intact limb during different gait speeds.
Muscle
Normal gait
Fast gait
Slow gait
Adductor Magnus

46.7 ms

27 ms

55.5 ms

Biceps Femoris

32.4 ms

36.3 ms

14.4 ms

Gluteus Medius

25 ms

11.5 ms

8.6 ms

Rectus Femoris

4 ms

15 ms

9 ms

Semitendinosis

10 ms

16 ms

22 ms

Gastrocnemius

17 ms

19.8 ms

45 ms

Vastus Lateralis

6 ms

13 ms

55 ms

Vastus Medialis

5 ms

8.5 ms

38 ms
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Table 4.26: Difference of mean time delay from the peak activation obtained by the

CMC algorithm and the peak of the average raw EMG collected during the
experiment for amputee residual limb during different gait speeds.
Muscle
Normal gait
Fast gait
Slow gait
Adductor Magnus

31.7ms

22 ms

39 ms

Biceps Femoris

60 ms

65 ms

42 ms

Gluteus Medius

9 ms

53.7 ms

31 ms

Rectus Femoris

17 ms

16 ms

12 ms

Figures from 4.19 to 4.23 show samples of raw EMG data (mV) of different
muscles for able-bodied and amputee participants at normal gait.
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Figure 4.19: Raw EMG of right gastrocnemius muscle of able-bodied (normal gait).
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Figure 4.20: Raw EMG of left gastrocnemius muscle of able-bodied (normal gait).
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Figure 4.21: Raw EMG of Vastus Medialis muscle of prostheses limb of C-leg
amputee (normal gait).
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Figure 4.22: Raw EMG of Biceps Femoris med muscle of intact limb of C-leg
amputee (normal gait).
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Figure 4.23: Raw EMG of Vastus Medialis muscle of intact limb of Mauch
prosthesis amputee (normal gait).

Computed Muscle Control (CMC) computes or determines a set of muscle
excitations that drive a dynamic musculoskeletal model to track a set of desired kinematics
such as joint angles, velocity, and acceleration as mentioned before. One of the output files
of CMC is muscle force results are predicted by the simulation. Figures 4.24 to 4.33 show
a comparison of the normalized (by subject weight) mean absolute value of muscle force
with 95% confidence interval for the able-bodied participants versus the normalized muscle
force of the amputee participants during gait cycle generated by CMC algorithm. As shown
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in the figures below, the muscles in amputees do not seem to be active for much longer
compared to able-bodied subjects. At the mid-end stance phase, a period of activity was
seen in most of the upper leg muscles, starting around the beginning of the second double
support phase. This may be the mechanism by amputees to prepare for lifting off the
prosthesis in the swing phase [84]. Figure 4.24 and Figure 2.25 show the normalized
muscle force of the rectus femoris of both amputees versus normalized mean absolute value
with 95% confidence interval of the able-bodied participants for intact and residual limbs.
At early stance, higher muscle force was observed for both amputees at the intact limb,
while lower muscle force was observed on the prosthetic side. This, however, coincides
with the kinetic results, which showed higher hip moment on the intact limb compared to
the prosthetic limb. Also, higher muscle force was observed for the intact side compared
to the prosthesis side and able-bodied subjects as well (amputees depend more on their
intact limb).
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Figure 4.24: The average of simulation muscle force of able-bodied (blue) with upper
and lower 95% confidence (gray shaded area) vs simulation muscle force of the intact
limb of Mauch prosthesis (black) and simulation muscle force of the intact limb of CLeg (red) of Rectus Femoris.

Figure 4.25: The average of simulation muscle force of able-bodied (blue) with upper
and lower 95% confidence (gray shaded area) vs simulation muscle force of the
prosthesis limb of Mauch prosthesis (black) and simulation muscle force of the
prosthesis limb of C-Leg (red) of Rectus Femoris.
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The biceps femoris muscle showed also greater muscle force contributed by the
intact side (Figure 4.26) compared to the prosthetic side (Figure 4.27) and able-bodied
subjects.

Figure 4.26: The average of simulation muscle force of able-bodied (blue) with upper
and lower 95% confidence (gray shaded area) vs simulation muscle force of the intact
limb of Mauch prosthesis (black) and simulation muscle force of the intact limb of CLeg (red) of Biceps Femoris.
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Figure 4.27: The average of simulation muscle force of able-bodied (blue) with upper
and lower 95% confidence (gray shaded area) vs simulation muscle force of the
prosthesis limb of Mauch prosthesis (black) and simulation muscle force of the
prosthesis limb of C-Leg (red) of Biceps Femoris.

Figure 4.28 and Figure 2.29 show the normalized muscle force of the Adductor
Magnus of both amputees versus normalized mean absolute value with 95% confidence
interval of the able-bodied participants for intact and residual limb. Higher muscle force of
the Adductor Magnus of amputee #2 (Mauch prosthesis) was reported from the intact side
compared to the prosthesis side and able-bodied subjects. While almost same peak muscle
force was observed for both able-bodied subjects and C-Leg amputee. One of the
manufacturer's proposed advantages of the C-Leg is reducing the reliance on the intact limb
through improved prosthetic knee function.
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Figure 4.28: The average of simulation muscle force of able-bodied (blue) with upper
and lower 95% confidence (gray shaded area) vs simulation muscle force of the intact
limb of Mauch prosthesis (black) and simulation muscle force of the intact limb of CLeg (red) of Adductor Magnus.

Figure 4.29: The average of simulation muscle force of able-bodied (blue) with upper
and lower 95% confidence (gray shaded area) vs simulation muscle force of the
prosthesis limb of Mauch prosthesis (black) and simulation muscle force of the
prosthesis limb of C-Leg (red) of Adductor Magnus.
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As with biceps and rectus femoris muscles, a greater muscle force of
semitendinosus muscle was detected during swing phase at the intact limb of both amputee
subjects compared to able-bodied participants (Figure 4.30).
Due to the disturbed anatomy by the amputation and the adaptation to their new
prosthetic situation, transfemoral amputees may show a different muscle force and
activation pattern in some phases of the gait cycle. A different pattern of muscle force of
vastus lateral, and vastus medialis muscles was obtained from amputees compared to ablebodied subjects during gait cycle (Figures 4.31 and 4.32). Also, Figures 4.31 and 4.32 show
much higher muscle force of vastus lateral, and vastus medialis muscles for the intact limb
of both amputee subjects compared to able-bodied participants.

Figure 4.30: The average of simulation muscle force of able-bodied (blue) with upper
and lower 95% confidence (gray shaded area) vs simulation muscle force of the intact
limb of Mauch prosthesis (black) and simulation muscle force of the intact limb of CLeg (red) of Semitendinosus.
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Figure 4.31: The average of simulation muscle force of able-bodied (blue) with upper
and lower 95% confidence (gray shaded area) vs simulation muscle force of the intact
limb of Mauch prosthesis (black) and simulation muscle force of the intact limb of CLeg (red) of Vastus Lateral.

Figure 4.32: The average of simulation muscle force of able-bodied (blue) with upper
and lower 95% confidence (gray shaded area) vs simulation muscle force of the intact
limb of Mauch prosthesis (black) and simulation muscle force of the intact limb of CLeg (red) of Vastus Medialis.
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Figure 4.33 shows the normalized muscle force of the soleus muscle for both
amputees versus normalized mean absolute value with 95% confidence interval bound of
the able-bodied participants at the intact limb. Higher muscle force of the soleus was
reported on the intact limb of both amputees compared to the prosthesis side and ablebodied subjects.

Figure 4.33: The average of simulation muscle force of able-bodied (blue) with upper
and lower 95% confidence (gray shaded area) vs simulation muscle force of the intact
limb of Mauch prosthesis (black) and simulation muscle force of the intact limb of CLeg (red) of Solues.
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Chapter 5
Discussion

Computer simulations can be used to measure the effect of applying different
designs of prostheses or medical devices on the gait pattern and function of the muscle.
The first aim of the study was to develop a full-body musculoskeletal model of the
transfemoral amputee. To achieve this aim, a three-dimensional, 23-DOF, 92-muscle body
model computer simulation complete with two legs, pelvis, and torso was modified to
enable one limb to be modeled with prosthetic components. The foot, shank, and distal
thigh bones of the model were replaced by the mechanical components of the prosthesis.
Three-dimensional motion analysis data and EMG from limbed individuals and
transfemoral amputees during a variety of locomotor activities were acquired using a Vicon
Nexus motion analysis system with six Kistler force plates and 16 channel wireless EMG
(Delsys). Additionally, a simulation tool for exploring different prosthesis control
strategies was developed. In this approach, a torque was applied to the knee prosthesis of
the simulated amputee to assess the effect of the muscle performance and the ability to
develop control patterns to artificially produce the desired movement.

The simulated joint kinematics closely tracked experimental quantities with general
coordinate error of less than 2 degrees for hip position and less than 1 degree for knee
position during all gait speeds (Tables 4.21 to 4.23), which resembled the results obtained
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by Neptune et al., Anderson, and Pandy [84, 85] and agreed with the results obtained by
Thelen et al. [86].
The CMC algorithm was able to track the experimental trajectories accurately for
each subject with only small deviations from the experimental kinematics and ground
reaction forces. Based on visual analysis, CMC results showed a good agreement between
the measured EMG and both muscle activity and muscle force for both able bodied and
amputee participants (Figures 4.16 to 4.18 and Tables 4.24 to 4.26).

5.1 Kinematic and Kinetic Analysis of Amputee Gait
Based on the visual observation as well as statistical analysis (Tables 4.2- 4.5), a
good match in gait pattern between the amputee participants and able-bodied participants
was observed in the hip, knee, and ankle flexion angle plots (Figure 4.2 to Figure 4.5).
This, however, was observed during the live experiment (amputee #1-C-Leg performed a
gait pattern very close to the one which was performed by able-bodied participants). For
amputees, the hip joints became one of the major sources of work to compensate for the
limited power generation across the affected knee. In Figure 4.2, a noticeable reduction in
the peak hip flexion angle of the C-Leg prosthetic limb during swing phase compared to
the peak hip flexion angle of the Mauch prosthetic limb was recorded during gait cycle at
all gait speeds. Some studies reported similar findings, associating the reduction of the peak
knee flexion angle with the higher damping of the C-Leg prosthesis [19]. On the other
hand, no significant differences in the peak hip flexion angle of the C-Leg prosthetic limb
compared to able-bodied subjects were observed. This, however, can indicate that C-Leg
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improves amputee gait and may supports both the manufacturer’s claims and empirical
observation.
In Figure 4.4, the knee angle of the intact limb of the amputee and the able-bodied
participants was quite similar during the gait cycle. The amputees stood a little longer on
their intact leg than on their prosthetic leg; this result was reported in previous studies [87,
88, and 92]. For the prosthesis side of amputee #2 (Mauch prosthesis), the knee was
extended at heel strike and remained in an extended position during the entire stance phase
as the knee was locked in extension. A significant increase (Figure 4.5) in ankle angle was
obtained from both amputees’ intact limb in swing phase compared to able-bodied subjects
at all gait speeds. This could either compensate for decreased prosthetic ankle push-off or
provide some support to the prosthetic limb in the early stance of the gait cycle. Murray et
al. reported that transfemoral amputees tended to exhibit greater intact limb plantar flexion
angles compared to able-bodied subjects to compensate for the loss of ankle joint mobility
in the prosthetic limb [88]. The amputees increased their effective intact limb length in
order to clear the prosthetic limb during swing [88]. In our study, both amputees’ prosthetic
limbs exhibited less ankle motion in all phases of the gait cycle, but most notably at ankle
push-off. The reduction of the prosthetic ankle push-off reflects the stiffness and the limited
ankle movement and the limited range of motion of the prosthetic limb [88].
In Figure 4.6, the results showed higher peak hip moment contributed by the intact
limb during heel strike or early stance phases compared to able-bodied participants. This
is likely a strategy that amputees use to compensate for the decrease in prosthetic ankle
push-off power, and may also provide body support for the amputees during walking,
which resembles the results presented by Songa et al. [87]. According to Grumiller et al.
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and Silverman et al., the intact legs have greater hip moments and do more work in early
stance relative to non-amputees [89]. In the present study, higher peak hip moment was
generated by both the C-Leg and the Mauch prosthetic limbs during pre-swing phase to
compensate for the lack of the prosthesis control and to provide body support during
walking.
Higher knee moment was detected on the intact limb of amputees in early stance
at the different gait speeds (Figure 4.8). This increase of knee moment may be needed
in order to control for the increased knee moment in swing phase compared to that of
able-bodied participants. This, however, agreed with the findings of Lemaire et al. [90],
who stated that the large knee extensor moment on the intact limb exhibited by the
amputees is required to control the rate of knee flexion at toe-off (the mass of the
prosthesis is greater than their intact leg, so the swing moment is greater due to
increased inertia). Moreover, the amputees depended more on their intact limb to
compensate for the functional loss of one or more joints of the prosthetic limb by
increasing the range of motion of the ankle producing greater knee moment. On the
prosthetic limb a significant reduction of knee moment was observed compared to the
intact limb due to the mechanism of the prosthetic knee (no active moment generated
by the prosthetic knee) [88].
Higher ankle moments were detected on the intact limb of amputees in stance phase
compared to able-bodied subjects for all gait speeds (Figure 4.9). While on the prosthetic
side, no significant difference of ankle moment was observed on the Mauch prosthesis and
lower ankle moment was observed on the C-Leg during the stance phase compared to ablebodied subjects at all gait speeds (Figure 4.9). The increase of the ankle moment on the
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intact limb may be compensating for the decreased prosthetic limb push-off or providing a
support moment for the prosthetic limb in early stance. These results agreed with the study
by Yang et al. [91], on prosthetic ankles which showed decreased ankle moment on the
prosthetic side and increased ankle moment on the intact side compared to normal subjects.
The study also reported that the amputee subjects’ intact ankle push-off work is about 33%
more than that for normal ankle push-off (the presented study is about 32%).

5.2 Exploratory Analysis of Simulating an Active Prosthetic Knee
As mentioned above, one of the objectives of this work was to apply a tool that can
assist for prosthesis control strategy and improve the control mechanism of the C-Leg
prosthesis. A knee moment obtained from the ID results of the control subject that matches
(by weight and height) the C-leg amputee participant was applied to the joint center (axis
of rotation) of the knee prosthesis of the simulated C-leg amputees to assess the effect of
the muscle performance and the ability to test alternate control patterns to produce a desired
kinematic result. The result of interest was to attempt to simulate reduced effort of the hip
by artificially controlling the knee moment. The results showed a noticeable reduction of
hip angle on the intact limbs during stance phase for all gait speeds compared to the ablebodied control (Figure 4.10). Additionally, a lower hip moment was observed on the intact
limb of the amputee at the early stance of the gait cycle, which brought the amputee closer
to the able-bodied band (Figure 4.13). Thus, the reduction of the hip moment of the intact
limb can consequently reduce the muscle force and improve the compensation mechanisms
and gait pattern. No substantial effect of the added knee moment on the knee angle and
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knee moment was detected on the intact limb of the amputee (Figures 4.11 and 4.14).
Similar to the knee, no noticeable effect of the added knee moment was observed on the
ankle angle on both intact and prosthetic sides of the amputee (Figure 4.12) for all gait
speeds. Also, on normal and slow gait, no substantial effect was detected on ankle moment
(Figure 4.15). However, during fast gait, the added knee moment improved the ankle
moment of the intact leg and almost matched the ankle moment of the able-bodied control
subject.
As presented above, the added knee moment had positive effects on some of the
lower body joint kinematics and kinetics(hip joint), while having no potential effects on
others (knee and ankle joints). Additionally, no obvious pattern was found between the
added knee moment and gait speed. Therefore, it is necessary to apply different scenarios
of the approach to allow for variable amounts of added knee moment and quantify how the
lower body joint and muscles respond under these variable values. Moreover, it would be
beneficial to expand the approach to include the mechanics of the prosthesis ankle joint.
Although it was beyond the scope of this study to add more than one artificial
moment, it is clearly plausible to apply artificial ankle joint control strategies in addition
to the knee component. This may be useful for transfemoral amputees to take advantage
of powered ankles that are currently under development by researchers [92].
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5.3 Validation of the Model
5.3.1 Muscle activation
As discussed above, the objective of this aim was to validate the developed
musculoskeletal model of the transfemoral amputee. The muscle models utilized in
OpenSim are based on a Hill-type muscle model (Appendix A). The model represents
muscle properties by an active contractile element (CE) in parallel with a passive elastic
element (PE). The model can be defined by five muscle constants; pennation angle, tendon
slack length, optimal fiber length, maximal fiber velocity, and maximal muscle force as
well as tendon-force-length curve, active and passive force-length-curve, and force–
velocity curve. Those curves are defined for each muscle by control points that are
interpolated by cubic splines. The muscle force is the sum of the active and passive muscle
forces.
The muscle forces and muscle activation predicted by the model were validated
against EMG measurements of muscle activity. As mentioned in Chapter 4, a measure of
the variation between muscle excitations computed by CMC and measured EMG was
applied to validate the CMC results. Figures 4.16 to 4.18 compare the normalized mean
absolute value of the collected EMG, the normalized muscle activity, and the normalized
muscles forces generated by the CMC algorithm for able-bodied and amputee subjects at
different gait speeds. The collected EMG, muscle activity, and muscle forces were
normalized to maximum during the gait cycle. In all three plots, the timing of muscle
contractions predicted by CMC was similar to those exhibited by EMG signals measured
during the experiment. Muscle force and muscle excitation patterns predicted by CMC were
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consistent with the sequence and timing of EMG measured for the able-bodied and amputee
subjects.
Another way to demonstrate the accuracy of the model in predicting the muscle
excitation was determining the time delay or the time lag between the peak of the muscle
activation obtained by the CMC algorithm and the peak of the EMG collected during the
experiment. First, for the recorded EMG (raw data), the time where the peak EMG occurred
was determined for each muscle for all able-bodied and amputee subjects at each gait
speed. Second, for the muscle activation obtained from CMC, the time where the peak
activation occurred was determined for each muscle that was measured for all able-bodied
and amputee subjects at different gait speeds (CMC muscles force not measured with EMG
obviously could not be compared and thus were not included in the analysis).
Then, the time delay or the difference in time between the peak of the EMG and
the peak activation of the model was computed. For able-bodied subjects, a low time delay
for almost all muscles was recorded, a maximum delay of 58 ms was obtained from the
right Gluteus Medius during slow gait (Tables 4.24). As with able-bodied participants, low
time delay was observed from all muscles of amputee participants. A maximum delay of
50 ms was obtained from the left Adductor Magnus of the intact limb during slow gait
(Table 4.25), while a maximum delay of 65 ms was obtained from the biceps femoris of
the residual limb during fast gait (Table 4.26).
5.3.2 Muscle force
According to previous studies [93], the differences in muscle activity between
prosthetic users and controls are mainly presented in the pre-swing phase. At the end of the
stance phase, a period of activity is seen in most of the upper leg muscles (both able-bodied
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and amputee subjects), starting around the beginning of the second double support phase.
In Figure 4.24, the rectus femoris showed higher muscle force in the intact limb during the
swing phase to prepare for the initial contact compared to the controls, which may be
explained by the walking strategy of amputees. According to Jaegers, the force exerted by
the rectus femoris in transfemoral amputees is larger in comparison to able-bodied
participants [93]. Also Neptune et al. presented that the rectus femoris is a significant
contributor to forward progression in late stance [94]. Modulation of the function of the
residual leg’s rectus femoris during amputee walking is an important mechanism to transfer
increased mechanical power from the leg to the trunk for propulsion [95].
Some of the upper leg muscles of the intact limb of the amputees, such as biceps
femoris, vastus lateral, and vastus medius, exerted higher force (Figures 4.26, ,4.31, and
4.32) relative to able-bodied or control subjects and remained active for most of the swing
phase.
As with the rectus femoris, in Figure 4.30, the semitendinosis of the intact limb
showed higher muscle force during the swing phase to prepare for the initial contact
compared to the controls, which again may be explained by the walking strategy of
amputees. According to Prinsen et al., the semitendinosis of the amputees become active
in the second half of the swing phase, whereas in controls it becomes active at the end of
the swing phase [96].
In Figure 4.33 the soleus muscle of the intact limb showed higher muscle force
during mid-end stance relative to able-bodied group. Due to the lack of push-off on the
prosthesis side, the intact limb increased the push-off to compensate and drive the body
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forward which explained this higher muscle force of the soleus muscle and resembled the
results presented by Jaegers et al. [93]. According to Zajac et al. [97], soleus and
gastrocnemius were found to contribute to trunk forward progression from mid stance
through pre-swing.
The transfemoral amputee participants showed a different activation pattern in
some phases of the gait cycle, which was likely explained by the adaptations they would
have made as they accommodated to their prosthetic limb, just as muscle activity patterns
can be changed due to the amputation and the use of the prosthesis. Pre-training may allow
the transfemoral amputee to learn new walking patterns which may require adaptations in
the muscle activity patterns to control the prosthesis [98]. The tool developed in this thesis
could allow the prosthetic clinical to design patient-specific interventions aimed at
improving neuromuscular patterning.
Finally, quantitative comparisons of the model predictions with patterns of body
segmental displacements, ground-reaction force, and muscle activation obtained from
experiment show that the simulation reproduces the features of human movement in a
realistic way.

5.4 Presented Study Limitations
One of the limitations of this study was the limited number of the amputee
participants. Initially, one of the goals of this work was collecting data from age, gender,
and height/weight matched limbed participants to use in the model with a simulated
amputation (that is, one of their legs would be modeled with the residual limb and
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transfemoral prosthesis of a matching amputee participant). This should allow modeling of
various prosthesis control parameters and strategies that represent an ideal prosthesis.
Unfortunately, the inability to recruit the number of transfemoral amputees that match the
able-bodied participants prevented us from achieving that goal. Therefore, it would be
beneficial to conduct an extended study that includes a large number of transfemoral
amputee participants. On the other hand, the two amputee participants with the two
different prostheses did not prevent us from achieving our main goals and also allowed us
to understand the differences in kinematic and kinetic parameters as well as in the muscle
force and activity between amputee and able-bodied participants in gait activity.
The accuracy of the simulation depends heavily on the mathematical model of the
neuromusculoskeletal system as well as the assumptions that have been made in the
development of musculoskeletal models. Some of these assumptions are based on
experimental data such as marker data and ground reaction forces. The marker set plays a
significant role due to the errors associated with marker placement on living subjects with
variable amounts of overlying soft tissues. Thus, placing each marker directly over the
location of particular landmarks can reduce this marker error. Moreover, for amputee
participants, the markers were placed on the prosthesis matching the marker locations of
the sound leg (since no anatomical landmarks exist). This uncertain prosthesis marker
placement can affect the accuracy of the simulation by increasing the error, causing the
simulation to fail. In the present study, a functional method such as the symmetrical axis
of rotation approach (SARS) to determine a unique axis of rotation of the knee was applied
[75]. Furthermore, a combination of a markers placement protocol of similar studies and
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Opensim marker placement protocol for gait was applied to improve the accuracy of the
simulation and keep the marker errors to a minimum.
Part of the simulation is a scaling step where the anthropometry of a generic model
is altered to match a particular subject as closely as possible based on the marker positions
from the static trials. In this process, the dimensions of each segment of a particular subject
are calculated from marker positions. The scaling error due to marker misplacement can
be avoided by applying manual scaling where the dimensions of each segment are
measured manually during the experiment. A pre-scaled model for the anthropometry of
each subject was created using the modified OpenSim API (patch) via MATLAB code
[80]. The pre-scaled model played a big role in decreasing the scaling error, and
significantly reduced the scaling processing time.
As mentioned above, in the approach of prosthesis control strategy, an additional
torque was applied to the knee prosthesis of the simulated amputees. However, in this
approach, we assumed that the ground reaction force (GRF) would be the same while the
knee torque is changed. The assumption was based on the change in the ground force being
negligible. However, in future work, a modification can be made to the OpenSim
simulation to treat the knee torque as an input or a known parameter; thus GRF can be
determined. Then, the computed GRF can be compared to the original GRF to validate the
assumption.
The present study has some further limitations. The first additional limitation was
the lack of information obtained from the amputee participants’ prosthetist regarding the
amputation surgery and how the residual thigh muscles were attached to the residual femur

120

for both amputee participants. However, an assumption that all residual thigh muscles’
insertion point and path were attached to the end of the residual femur was made. To
overcome this limitation, a Magnetic Resonance Imaging (MRI) image of the anatomy of
the residual limb of amputee participants showing how the residual thigh muscles were
attached to the residual femur should be considered.
The second additional limitation is the connection between the residual femur and
the socket, which is assumed to be rigid, so the relative motion between the residual femur
and socket can be eliminated and rotation motion can be limited. The residual femur and
socket are connected by a pin joint and its motion is limited (rotational limited to zero).
Furthermore, the knee prosthesis or the connection between the residual femur and the
prosthesis tibia is assumed to be clamped. The residual femur and the tibia are connected
by a custom joint (pin joint). The motion of the custom joint is limited to a certain range to
avoid buckling. Thus, in the extended study, an increased degree of freedom between the
residual femur and the socket can be added to the developed model. Then, how this degree
of freedom affects the results and the accuracy of the model can be evaluated.
Finally, due to the amputation surgical intervention, the original anatomical site of
the reinnervated muscles of the residual limb can be changed compared to normal limb.
The electrodes placement and EMG measurements were performed according to the
SENIAM standards, which are based on normal anatomy. In the present study, a
combination of palpation and contraction test in which the anatomical site of the muscle
was obtained by moving the EMG electrodes until a good volume EMG signal is received,
was applied as discussed in the method Chapter.
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Chapter 6
Conclusion
The goal of this work was to extend the use of computer simulations to allow
modeling of various prosthesis control parameters and strategies to artificially reproduce
the desired gait pattern of amputees that is close to normal gait pattern. The full-body
musculoskeletal model of the transfemoral amputee was successfully delivered. The
existing OpenSim full-body musculoskeletal model was modified to include an amputee's
leg with a prosthesis. A full set of 3D motion analysis data and EMG from 15 able-bodied
individuals and two transfemoral amputees during a variety of locomotor activities were
introduced using a Vicon Nexus motion analysis system with six Kistler force plates and
16 channels of Trigino Delsys wireless EMG. The motion data and EMG were processed
using a combination of different custom written MATLAB routines and OpenSim
software. Moreover, a different prosthesis control strategy that can mimic the control
mechanism of the C-Leg prosthesis was applied. In this approach, a torque was applied to
the knee prosthesis of the simulated amputees to assess the effect of the muscle
performance and the ability to develop a control pattern to artificially produce the desired
movement. The approach of the added knee moment had a positive effect on some of the
lower body joint while no effect on others. Therefore, it is necessary to apply different
scenarios of the approach to allow for variable amounts of added knee moment and
quantify how the lower body joint and muscles respond under these variable values.
Moreover, it may be helpful to try adding torque or moment to the model of the prosthesis
ankle joint similar to the added knee moment.
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Finally, the ability to predict movement is particularly important because it offers
the possibility of investigating how physical structure impacts coordination and function.
Also, the potential to use subject-specific simulations to provide a better understanding of
the movement deviations of amputees may lead to better prosthesis control. Future studies
including many subjects with amputations are needed to determine if general principles for
treatment planning can be explained from the insights gained by analyzing simulations.
Future applications include using Computed Muscles Control to generate a subject-specific
simulation of gait for individuals with movement disorders. Such simulations may prove
to be a valuable aid in identifying the underlying causes of a movement disorder and in
planning treatment. There is such significant potential for improving the computational
algorithms that it is only a matter of time before this functional analysis will become a
valuable clinical and engineering tool. This, however, envisions a future in which
simulations maximize treatment efficacy, limit undesired consequences and reduce costs.

6.1 Contributions


A full-body musculoskeletal model of the transfemoral amputee that utilize
inputs such as subject-specific anatomy, biomechanics, and muscle
electrophysiology to simulate human movement was successfully developed by
modifying the existing OpenSim 2392-simbody gait model.



A full set of 3D motion analysis data and EMG from 15 able-bodied and 2
amputee individuals during a variety of locomotor activities were performed
as well as experiment design and experiment protocol.
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All data processing and data analysis were performed applying OpenSim
simulation and various Matlab routines.



Modified the Matlab batch processing routine originally written by Drs. Scott
Brandon and Chris McGibbon as well as OpenSim API via MATLAB code.



Developed a tool that can applied to prosthesis control to assess the effect of
the muscle performance and the ability to develop a control pattern to
artificially produce the desired movement.
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Appendix A
OpenSim Neuromuscular Model
A.1 OpenSim Simulation
Recently computer models of the musculoskeletal system have become widely used
to create dynamic movement simulations and simulate the effects of musculoskeletal
surgeries [31]. OpenSIM is a freely available software system that allows users to develop
models of musculoskeletal structures and to create dynamic simulations of movement [76].
The OpenSim project provides a platform for creating and sharing different models of the
musculoskeletal system. The OpenSim model characterizes the dynamics of a system
including rigid bodies and joints which are acted upon by forces to produce motion. The
model file consists of different components representing the physical system, such as
bodies, joints, forces, constraints, and controllers [76] as shown in Figure A.1. The bodies
define the geometry and inertial properties of the body segments. While the articulations
at the pelvis, hip, knee, and ankle joints can be specified by the joints file or joints
components. The constraint could be used, for example, to couple the motion between two
bodies. The forces file contains muscle forces, ligament forces, and ground reaction forces.
The model’s controller determines the muscles’ activation.
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Figure A.1: A conceptual representation of an OpenSim model and its components
[76]

The OpenSim library includes several models of the lower and upper extremities.
The software is written in C++, and the graphical user interface (GUI) is written in Java
[76]. OpenSim includes a wide variety of features, the most useful features include:


Scaling the size of a musculoskeletal model.



Performing inverse kinematics analyses to calculate joint angles from marker
positions.



Performing inverse dynamics analyses to calculate joint moments from joint
angles and external forces.
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Determining muscle activity and muscle force (static optimization)



Generating forward dynamics simulations of movement.



Analyzing dynamic simulations.



Presenting the interface between OpenSim and MATLAB/Simulink.



Recording the motion in terms of pictures and animated movies.



Plotting results of your analysis
A MATLAB code is required to create the OpenSIM input files. This code mainly

converts Vicon motion capture files format (.c3d) to OpenSim input files format (.trc, .mot
and .emgmot). The MATLAB code was originally written by A. Seth at Stanford [99].
The MATLAB code is designed to obtain three OpenSIM input files from a specific Vicon
trial as shown in Figure A.2. The first OpenSIM input file is a subject static trial which
provides the subject’s measurements including joint centers and segment lengths. This file
is a trace file (.trc) that is used to create the OpenSIM scaling file. The second two files
are specified as a dynamic trial. One is a motion file (.mot) that contains all the kinetic
information for a specific trial including forces, center of pressure and moment (no
trajectories data included). The other is an EMG motion file (.emgmot) which contains all
of the recorded electromyography data captured for the trial (the EMG data is rectified and
normalized based on the highest recorded signal for the trial).
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Vicon Files

MATLAB

(.c3d)

Code

OpenSim Input Files
(.trc)

(.mot)

(.emgmot)

Figure A.2: Schematic MATLAB code required to create the OpenSim input files

Those OpenSim input files are then implemented in the OpenSim musculoskeletal
simulation to process. The following section discusses the OpenSim data processing in
detail.

A.2 OpenSim Model Data Processing
The purpose of this section is to demonstrate how OpenSim simulation solves an
inverse dynamics and forward dynamic problems as well as muscle force. OpenSim models
simulate movement through the integration of dynamic equations of motion [100]. The
model represents the dynamics of a system including rigid bodies and joints which are
acted upon by forces to produce motion. The program begins by scaling a model based on
the relative difference between markers defined for each segment as follow:
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A.2.1 scaling the model
Scaling tools modify the anthropometry, or physical dimensions, of the generic
model to match the anthropometry of a particular subject [101]. Scaling is an essential step
in solving inverse kinematics and inverse dynamics problems (their solutions are sensitive
to the accuracy of the scaling step). The markers of the virtual model are placed in the same
anatomical locations as the experimental markers as shown in Figure A.3. Scaling is a
combination of measured distances between x-y-z marker positions and computing the
scale factors for each body segment as indicated in Equation A.1. The marker positions are
obtained from the motion capture equipment. The dimensions of each segment in the model
are scaled to match the dimensions of each segment in a particular subject. Moreover, the
scale tool can also be used to adjust the locations of virtual markers to match the
experimental data more accurately, so the virtual markers coincide with the experimental
marker locations. Both the mass properties (mass and inertia tensor) and the dimensions of
the body segments are scaled by this tool.
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Figure A.3: Experimental and virtual markers [76]

𝑆𝑖 =

𝑒𝑖
𝑚𝑖

(A.1)

Where 𝑒𝑖 is the distance between experimental markers and 𝑚𝑖 is the distances between
corresponding virtual markers.
In the OpenSim GUI, the scaling process starts by implementing input files such
as experimental static trial (in .trc format) obtained from MATLAB as well as the OpenSim
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setup file (in .xml format). The output file is an OpenSim musculoskeletal model scaled to
the dimensions of the subject as indicated in Figure A.4.

Opensim_Scale_MarkerSet.xml

Experimental_static_trial.trc

Scaling Process

Scaled_simbody.osim

Figure A.4: Input and output files of the scale tools

The output file from the scaling process (scaled_simbody.osim file) then inputs into the
inverse kinematics which is the second step in OpenSim data processing as an input file.

A.2.2. Inverse kinematics
Kinematics is the branch of classic mechanics that describes motions of
coordinates, bodies, and systems of bodies without attention to the causal forces [102]. The
purpose of the inverse kinematic (IK) step is to find the set of joint angles and positions for
the model that best match the experimental kinematics recorded for a particular subject
(Figure A.5).
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Figure A.5: Inverse kinematic (IK) tools overview [76]

The IK tool goes through each time step (frame) of motion and computes
generalized coordinate (position and joint angles) values that position the model in a pose
that best matches experimental marker and coordinate values for that time interval.
Mathematically, the best match corresponds to a weighted least squares problem, whose
solution aims to minimize both marker and coordinate errors (marker error is the distance
between an experimental marker and the model marker, and coordinate error is the
difference between an experimental coordinate value and the coordinate value computed
by IK) as indicated in Equation (A.2) [76]:

#𝑚𝑎𝑟𝑘𝑒𝑟𝑠

𝑅2 =

∑

𝑠𝑢𝑏𝑗
𝒲𝑖 (𝒳𝑖

2

#𝑐𝑜𝑜𝑟𝑑𝑖𝑛𝑎𝑡𝑒𝑠

− 𝒳𝑖𝑚𝑜𝑑𝑒𝑙 ) +

∑

𝑖=1

𝑗=1

143

𝑠𝑢𝑏𝑗

𝒲𝑗 (𝜗𝑗

− 𝜗𝑗𝑚𝑜𝑑𝑒𝑙 )

2

(A. 2)

𝑠𝑢𝑏𝑗

Where 𝒳𝑖

, 𝒳𝑖𝑚𝑜𝑑𝑒𝑙 are the 3-D position of the 𝑖 𝑡ℎ marker for the subject and model
𝑠𝑢𝑏𝑗

respectively, 𝜗𝑗

, 𝜗𝑗𝑚𝑜𝑑𝑒𝑙 are the 3-D position of the j joint center for the subject and
th

model, and 𝑤𝑖 , 𝑤𝑗 are weighting factors. As with the scaling process, required input files
need to be inserted into the OpenSim. The three inputs files are the experimental specific
dynamic trial (in .trc and .mot format) obtained from MATLAB (Appendix K), OpenSim
IK setup file (in .xml format) and scaled file obtained from scaling process (Figure A.6).
The output file is the inverse kinematic of the experimental specific dynamic trial (in .mot
format).

Opensim_IKsetup_file.xml

Experim_dynamic_trial.trc/.mot

IK Process

Experim_dynamic_trial IK.mot

Scaled_ simbody.osim

Figure A.6: Input and output files of the inverse kinematic tools

After determining the position and joint angles for the model that best match the
experimental kinematics recorded for a particular subject, the next step is to determine the
forces and torques at each joint by applying inverse dynamic tools.
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A.2.3 Inverse dynamics
Kinetics describes the branch of classical mechanics which is concerned with the
relationship between motions of bodies and their causes, generally forces and torques.
Common kinetic measures include ground reaction forces (GRF), net muscle moments
(NMM) and joint reaction forces (from inverse dynamics), and joint work and power.
Inverse Dynamics tools (OpenSim tool) use the experimental motion data and ground
reaction forces to generate the kinematics and kinetics of a musculoskeletal model and
solves the inverse problem (Figure A.7). In this process, the experimentally measured
marker trajectories and force plate data was utilized to calculate the net forces and moments
at each joint. Those net forces and moments then, used to estimate the muscle forces
generated that motion (iteration process).

Muscle

Figure A.7: Inverse dynamic (ID) tools overview [76]

Inverse Dynamics solves the equations of motion by applying the external forces
(e.g., ground reaction forces) and accelerations given (estimated by differentiating angles
and positions) to determine the net forces and torques that cause the motion [103]. The
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equations of motion are formulated by applying the kinematic and mass properties of a
musculoskeletal model in OpenSim. In this processing, the input files are the inverse
kinematics previously obtained from the Inverse Kinematic process (in .mot format), the
experimental specific dynamic trial ground force, OpenSim inverse dynamic setup file (in
.xml format) and scaled file obtained from the scaling process (Figure A.8). The output file
is the experimental inverse dynamic file containing the net forces and torques at each joint.

Opensim_inverse dynamic setup_file.xml

Experimental_grf.mot
Scaled_file_simbody.osim

Inverse Dynamic Process

Exp_InverseDynamic_Force.sto

Dynamic_trial IK.mot

Figure A.8: Input and output files of the inverse dynamic tools

In classical mechanics, mathematically the relationship between the massdependent, force, and acceleration can be expressed as:
𝐹 = 𝑚𝑎

(A. 3)

Equation (A.3) can be rewritten in the motion capture system sense as [76]:

𝑠𝑒𝑔𝑚𝑒𝑛𝑡𝑠
𝐹⃑𝑒𝑥𝑡𝑒𝑟𝑛𝑎𝑙 = ∑𝑖=1
𝑚𝑖 𝑎⃑𝑖

(A.4)
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Where F external is the measured ground reaction force minus the body weight vector, a i is
the translational acceleration of the COM of the

i

th

body segment, m i is the mass of the

i

th

body segment [104]. The inverse dynamics tool solves these equations to yield the net
forces and torques at each joint which produce the movement. However, due to
measurement error in the motion capture data and the inaccuracies of the musculoskeletal
model, the F external does not match 𝑚𝑖 𝑎⃑𝑖 .Then Equation (A.4) can be written as [105]:

𝑠𝑒𝑔𝑚𝑒𝑛𝑡𝑠

𝐹⃑𝑒𝑥𝑡𝑒𝑟𝑛𝑎𝑙 =

∑

𝑚𝑖 𝑎⃑𝑖 − 𝐹⃑𝑟𝑒𝑠𝑖𝑑𝑢𝑎𝑙

(A. 5)

𝑖=1



Where F residual

is the residual force. The OpenSim Residual Reduction Algorithm (RRA),

that utilizes the static optimization tools [76], is then used to minimize the residual force
and increase dynamic consistency between the ground reaction forces, and model
kinematics to correct for experimental error and modeling assumptions. The residual force
would be zero in an ideal experiment and model, and the mass changes are performed to
reduce the residual force over the movement. All of the degrees of freedom are then entered
into a proportional derivative controller. The adjusted joint moments and residuals are then
applied to body segment joints to model the ground interaction. The performance criterion
used to determine the error is Equation (A.6) [76].

𝑗𝑜𝑖𝑛𝑡𝑠
2

𝑒𝑟𝑟𝑜𝑟 = ∑ Ωj (q̈ desired
− q̈ model
)
j
j
2

𝑗=1
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(A. 6)

Where Ω𝑗 the weighting factor (joint importance), 𝑞̈ 𝑗𝑑𝑒𝑠𝑖𝑟𝑒𝑑 is the desired acceleration of
the j degree of freedom given by controller, and 𝑞̈ 𝑗𝑚𝑜𝑑𝑒𝑙 is the model acceleration of the
th

j

th

degree of freedom.
As mentioned above, the inverse dynamics tool determines the net forces and

torques at each joint responsible for a given movement. However the force obtained by
individual muscles must be determined as well. Different methods such as static
optimization, dynamic optimization, forward dynamic and computed muscle control can
be used to calculate those muscles force or muscles control. In OpenSim simulation,
Computed Muscle Control (CMC) that utilizes both static optimization and forward
dynamics are applied. More details about this process are presented in the next section.

A.2.4 Computed Muscle Control
Computed Muscle Control (CMC) computes or determines a set of muscle
excitations that drive a dynamic musculoskeletal model to track a set of desired kinematics
such as joint angles, velocity and acceleration. The cause and the effect of the relationships
between muscle forces, neuromuscular excitation patterns, external reaction forces, and
motions of the body that are observed in the lab can be evaluated by applying the
simulation. The CMC algorithm starts by computing a set of desired accelerations,
𝑞⃑̈𝑗𝑑𝑒𝑠𝑖𝑟𝑒𝑑 , that drive the model coordinates, 𝑞⃑𝑗 , toward the experimentally-derived
coordinates, 𝑞⃑𝑗𝑒𝑥𝑝 . The desired accelerations are computed using the following PD control
law [76]:
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𝑒𝑥𝑝
⃑⃑𝑣 [𝑞⃑̇ 𝑒𝑥𝑝 (𝑡) − 𝑞⃑̇𝑗 (𝑡)] + 𝑘
⃑⃑𝑝 [𝑞⃑ 𝑒𝑥𝑝 (𝑡) − 𝑞⃑𝑗 (𝑡)]
⃑⃑⃑
𝑞̈ 𝑗𝑑𝑒𝑠𝑖𝑟𝑒𝑑 (𝑡 + 𝑇) = 𝑞⃑̈𝑗 (𝑡 + 𝑇) + 𝑘
𝑗
𝑗

(A.7)

⃑⃑𝑣 and 𝑘
⃑⃑𝑝 are the feedback gains on the velocity and position errors, respectively
where 𝑘




(kv and kp are feedback gains that weight the current velocity and position errors). q j , q j
 exp  exp
are the model states, q j , q j are the experimental states, and 𝑞⃑̈𝑗𝑑𝑒𝑠𝑖𝑟𝑒𝑑 is the desired joint

acceleration to match the experimental states. Since muscle forces cannot change
instantaneously, the desired accelerations are computed for some small time 𝑇 in the future
(typically chosen to be about 0.010 seconds for musculoskeletal models) [76]. If these
desired accelerations are obtained, the error between the model coordinates and
experimentally-derived coordinates will be driven to zero. In order to drive these errors to
zero, the velocity gains can be chosen using the following relation [76];
⃑⃑𝑣 = 2√𝑘
⃑⃑𝑝
𝑘

(A.8)

OpenSim recommended that musculoskeletal models worked well if the error gains are
⃑⃑𝑣 = 20 and 𝑘
⃑⃑𝑝 = 100 will
chosen to drive any errors to zero slowly [76]. The error gains 𝑘
cut down tracking errors [76]. The second step in CMC routine is computing the actuator
controls, x, which will achieve the desired accelerations, 𝑞⃑̈𝑗𝑑𝑒𝑠𝑖𝑟𝑒𝑑 (𝑡 + 𝑇) . In this step, a
combination of feed-forward-feed-back control loop is applied to track the experimental
kinematics using the model state equations (Figure A.9). The muscle activities or muscle
excitations are then determined to track the generalized coordinates corresponding to


anatomical joints ( q j ). In the CMC simulation, Static Optimization applies to distribute
the load across synergistic actuators. In CMC Two formulations of the static optimization
problem can be applied. The first one is the slow target, that consists of a performance
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criterion ( J ) that is a weighted sum of squared actuator controls 𝑥𝑖 plus the sum of desired
acceleration errors [76] as follow;

⃐ 𝑑𝑒𝑠 − 𝑞̈⃐ 𝑗 )
𝐽 = ∑𝑛𝑖=1 𝑥𝑖2 + ∑𝑚
𝑗=1 𝑤𝑗 (𝑞̈ 𝑗

(A.9)

Where n is the number of actuator controls and m is the number of accelerations. The first
summation of Equation A.9 minimizes and distributes loads across actuators and the
second summation drives the model accelerations (𝑞̈⃐ 𝑗 ) toward the desired accelerations
(𝑞̈⃐ 𝑗𝑑𝑒𝑠 ). The second formulation is the fast target, where the sum of squared controls
improved by a set of equality constraints (𝐶𝑗 = 0 ) that requires the desired accelerations
to be achieved within the tolerance set for the optimizer:

2
𝐽 = ∑𝑛𝑥
𝑖=1 𝑥𝑖 ,

𝐶𝑗 = 𝑞̈⃐ 𝑗𝑑𝑒𝑠 − 𝑞̈⃐ 𝑗 ,

𝑓𝑜𝑟 𝑎𝑙𝑙 𝑗

(A.10)

The fast target is faster and provides better tracking. However, if the constraints cannot be
met, the CMC will fail and exit with an error message. These steps which compute the
desired accelerations, static optimization, and forward dynamic simulation are repeated
until the simulated movement meet the observed movement as shown in Figure A.9.
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Figure A.9: Schematic of the Computed Muscle Control Algorithm [76]
The controller shown in Figure 2.9 [49] operates by tracking the errors and computing the
joint angular accelerations that will match the simulated to experimental states in a short
time interval.

Figure A.10 shows the input and output files needed to run the CMC tool.
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Figure A.10: Input and output files of the Computed Muscle Control tools

In order to validate the CMC results, a comparison between the computed muscle
excitation patterns and prototypical or measured electromyographical measurements
should be applied.

A.2.5 Forward Dynamics
Applying the muscle excitation computed by Computed Muscle Control (CMC),
the Forward Dynamics Tool can drive a forward dynamic simulation. The Forward
Dynamics simulation reproduces the same motion tracked by CMC using the same model
and actuator set used in CMC as illustrated in Figure A.11 [76]. Starting forward with the
exact same conditions as CMC, and applying the exact controls computed by CMC, the
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same trajectory computed during CMC should be reproduced [76]. However, very small
differences in values (due to truncation or round-off) can cause the forward simulation to
diverge from the expected trajectory. This divergence can cause the simulation to become
completely unstable [104]. The divergence problem between the Forward Dynamics Tool
and CMC can be reduced in a number of ways [76];


Setting the output precision to 20 (number of decimal places should be used when
writing results) to ensure that the values read in and used by the Forward
Dynamics Tool match the values from CMC with a high precision.



Setting the model‘s initial state to the CMC state values corresponding to the
Forward Dynamics Tool‘s initial time.



Using the same integration time steps as were used in CMC.
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Figure A.11: Schematic of the Forward Dynamic Algorithm [76]

Figure A.12 shows the input and output files needed to run the forward dynamic tool which
are the same as the Computed Muscle Control.

Figure A.12: Input and output files of the Forward Dynamics tools
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A flow chart summarizing the OpenSim data processing steps described above is shown in
Figure A.13.

Dynamic Musculoskeletal Model

Experimental Kinematics

#1: Scale
Scaled
Model

#2: Inverse Kinematics
Experimental GRF
#3: Residual Reduction Algorithm

#4: Computed Muscle Control

Dynamically Consistent
Kinematics

Forward Dynamic Simulation

Figure A.13: OpenSim data processing flow Chart [76]
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Various projects have been created in OpenSIM to provide useful starting models
for those interested in different parts of the body. In this thesis, Gait2392_Simbody Model
which is the lower limb model developed by Delp S.L. et al. [100] combined with the upper
limb (arms were not included in the model) model developed by Holzbaur K.R. et al. [105]
are applied in order to create an almost full body model. More details about the presented
model are given below.

A.3 Gait 2392_Simbody Model
OpenSim’s skeletal model is characterized by rigid bodies interconnected by joints.
The motion of a body with respect to its parent body can be defined by the joints. Except
for the ground, all bodies have a parent and are connected to its parent via a joint (Figure
2.14A). In order to limit the motion of bodies, constraints have to be applied. The muscle
is modeled based on Hill-Type muscle model [106], as a force element acting at the muscle
attachment point and connected to the rigid body (Figure 2.14B). The muscle force depends
on the muscle fiber and tendon lengths, the rate of change of the fiber lengths, and the level
of muscle activation. In addition to muscle forces, other forces such as ground reaction
forces, passive spring-dampers (e.g., ligaments), and controlled linear and torsional
actuators are included in OpenSim. Within the model all bodies are contained in a Body
Set. The Constraint Set contains all the kinematic constraints that act on bodies (and/or
their coordinates) in the model. User forces acting on the model are all included in a Force
Set.
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B
Child
body B

P
Po

Bo

Parent
body P

Ground
Figure A.14A: A joint (in red) defines the kinematic relationship between two frames
(B and P) each affixed to a rigid-body (the parent, Po, and the body being added, Bo)
parameterized by joint coordinates (A body is a moving reference frame (Bo) in which
its center-of-mass and inertia are defined, and the location of a joint frame (B) fixed
to the body can be specified. Similarly, the point frame (P) in the parent body frame
(Po) can also be specified. Flexibility in specifying the joint is achieved by permitting
joint frames that are not coincident with the body frame [76].

~
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Figure A.14B: A schematic of muscles modeled in OpenSim [76].
As mentioned before, Gait 2392_simbody is a combination of a lower extremity
and an upper extremity model. Gait 2392_simbody model is implemented within a general
software system (OpenSim) to analyze musculoskeletal structure. The model is specified
with several input files. The “bone” file contains lists of polygons representing the bone
surface [76]. The “joint” file defines the kinematics of the joints which are specified by six
functions, one for each possible degree of freedom (three translations and three rotations)
[76]. Finally, the “muscle” file describes each muscle’s line of action and the parameters
needed to compute muscle forces [76].
The Gait 2392_simbody defines the musculoskeletal geometry for 92
musculotendon actuators to represent muscles in the lower extremities and torso and 23
degrees of freedom [99] as shown in Figure A.15.
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Figure A.15: Joints and degrees of freedom of Gait2392_Simbody model [76].

The pelvis is described as a 6 DOF ball-and-socket joint defined by translations and
rotations relative to the ground [107]. The low back joint and hip are 3 DOF ball and socket
joints defined by rotations about the X-Y-Z axis [108]. The hip’s kinematic motion is
described by transformations between the pelvic and femoral reference frames, and this is
accomplished by successive rotations of the femoral frame about three orthogonal axis
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fixed in the femoral head [109]. The knee presents a challenge for the determination of the
moment arm of the quadriceps muscles because of its three-bone and multi-ligamented
structure. The knee is characterized as a simplified single-degree-of-freedom model
developed by Yamaguchi et al. [110]. The model accounts for the kinematics of both the
tibia-femoral joint and the patella-femoral joint in the sagittal plane. The model then has
been adapted by Delp et al. [111] to specify the transformations between the femoral, tibial,
and patellar reference frames as functions of the knee angle. In the Delp model, the femoral
condyles are represented as ellipses, and the tibial plateau is represented as a line segment.
The ankle, subtalar, and metatarsophalangeal joints are modeled as frictionless revolute
joints as seen below in Figure A.16.

Figure A.16: Ankle, subtalar, and metatarphalangeal joints with axes oriented [111]
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The default, un-scaled version of Gait2392_Simbody model represents a subject
that is about 1.8 m tall and has a mass of 75.16 kg. There are seven rigid-body segments,
with reference frames fixed in each segment. Those segments are the torso, pelvis, femur,
a combined tibia-fibula, talus, calcanus (including the calcanus, navicular, cuboid,
cuniforms and metatarsals), and the phalanges [100]. The location of each segment
reference frame is presented in Figure A.17.

Figure A.17: Location of the body-segmental reference frames [111]



The pelvic reference frame is fixed at the midpoint of the line connecting the two
anterior superior iliac spines
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The femoral frame is fixed at the center of the femoral head



The tibial frame is located at the midpoint of the line between the medial and
lateral femoral epicondyles



The patellar frame is located at the most distal point of the patella



The talar frame is located at the midpoint of the line between the apices of the
medical and lateral malleoli



The calcaneal frame is located at the most interior, lateral point on the posterior
surface of the calcanus



The toe frame is located at the base of the second metatarsal

A.3.1 Inertial properties of the existing OpenSim-Gait 2392_Simbody model
The inertial parameters for the body segments in the existing OpenSim-Gait
2392_Simbody model (created by OpenSim) are based on anthropometric regreations data
and regreations equations described by McConville et al. (Stereophotomnetric and
anthropometric techniques were combined to record the data). In this method, a series of multistep
regression equations which use weight and other segmental anthropometric variables to predict a
given segment volume and moment of inertia. Table 2.1 summarizes the mass and moments of

inertia for each body segment in the Gait 2392 Model.
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Table A.1: Inertial parameters for the body segments of OpenSim-Gait 2392 [111]
Body
segment

Mass
(kg)

Center of mass (m)

Moments of inertia (kg.m2)

x

y

z

xx

yy

zz

Torso

34.2366

-0.03

0.32

0

1.4745

0.7555

1.4314

Pelvis

11.777

-0.0707

0

0

0.1028

0.0871

0.0579

Right
femur

9.3014

0

-.0.17

0

0.1339

0.0351

0.1412

Right tibia

3.7075

0

-0.18

0

0.0504

0.0051

0.0511

Right
patella

0.0862

0.

-0.1867

0

0.00000287

0.00001311

0.00001311

Right
talus

0.1000

0

0

0

0.0010

0.0010

0.0010

Right
calcaneus

1.250

0.1

0.03

0

0.0014

0.0039

0.0041

Right toe

0.2166

0.0346

0.006

-0.0175

0.0001

0.0002

0.0010

Left femur

9.3014

0

-.0.17

0

0.1339

0.0351

0.1412

Left tibia

3.7075

0

-0.18

0

0.0504

0.0051

0.0511

Left
patella

0.0862

0.

-0.1867

0

0.00000287

0.00001311

0.00001311

Left talus

0.1000

0

0

0

0.0010

0.0010

0.0010

Left
calcaneus

1.250

0.1

0.03

0

0.0014

0.0039

0.0041

Left toe

0.2166

0.0346

0.006

-0.0175

0.0001

0.0002

0.0010
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A.4 Gait 2392_Simbody Musculotendon Model
Muscle simulations are widely used for studying movement dynamics.
Musculotendon models are an essential component in such simulations. There are two
classes of musculotendon models: cross-bridge models [112 – 114] and Hill-type models
[115 – 117]. In OpenSim simulation, Hill-Type model is applied for modeling the muscles
and tendons. The Hill-type model is widely used in muscle-driven simulations to define
the muscle-tendon contraction dynamics because of its computational simplicity.
Moreover, the model is easy to calibrate using experimentally measurable variables. The
model tends to provide accurate estimation results, however in limited ranges of function.
In Hill-type muscle model, muscle force is influenced by the values of the mechanical and
architectural properties of the muscle–tendon unit, including the peak isometric force and
corresponding fiber length of the muscle and the slack length of the tendon [115], all of
which depend on the size, gender, age and neuromuscular condition of the subject [118].
Muscle moment arms are also person-specific [117] and can affect muscle recruitment and
hence, muscle forces and joint moments. Due to the complexity of biological muscle, many
simplifications have to be made in order to develop musculotendon models;


Musculotendon actuators are assumed to be massless and frictionless.



Extensible strings are attached to, and wrap around bones and other structures.



The fiber geometry is simplified [112] by assuming that all muscle fibers are
straight, parallel, of equal length, and coplanar as shown in Figure A.18 [112].
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Figure A.18: Simplified geometric representation of muscle fibers and tendon for
musculotendon modeling. Muscle fibers are assumed to be straight, parallel, of equal
length, coplanar, and attached to tendon at a pennation angle (α). As the muscle
shortens, the distance h remains constant and the pennation angle increases. Adapted
from Zajac [112].

Biological muscle maintains a constant volume [119]; thus, the height and area of
the fiber geometry (shaded gray in Figure A.18) are assumed to be constant. The pennation
angle (the angle that fiber makes with the tendon) is varied to ensure constant height h.
moreover, two assumptions are made to simplify the modeling of force generation; First,
the tensile force generated by a muscle is assumed to be a scaled version of the force
generated by a single representative fiber. This assumption allows a wide range of
architectures of musculotendon actuators (e.g., fiber lengths, pennation angles, and
maximum isometric forces) with a single dimensionless model [112, 120]. Second
assumption, the force developed by a fiber is a function of its activation, length, and
velocity, each of which is assumed to control force independently. Based on this
assumption, the activation resulting from neural excitation (activation dynamics) can be
determined and then used to compute the muscle force (contraction dynamics), as
illustrated in Figure A.19 [112].
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Figure A.19: Muscle-driven simulations use a model of musculotendon contraction
dynamics to determine muscle lengths (𝒍𝑴 ), velocities (𝒗𝑴 ), and forces (𝒇𝑴 ) from
neural excitations (u), generalized coordinates (q), and generalized speeds (𝒒̇ ). A
model of activation dynamics determines muscle activations (a) from neural
excitations (u). A musculoskeletal model determines musculotendon lengths and
velocities (𝒍𝑴𝑻 and 𝒗𝑴𝑻 ) from the generalized coordinates and speeds (q and 𝒒̇ ). The
model of musculotendon contraction dynamics uses the results of the activation
dynamics and the musculoskeletal model to produce a forward simulation of muscle
length (𝒍𝑴 ), velocity (𝒗𝑴 ), and force (𝒇𝑴 ) [112].

Applying the motion (generalized coordinates (q), and generalized speeds (𝑞̇ )) as an input,
the activation level, excitation level and muscle force can be computed. Therefore, the
equation of motion is extended and in more detail 𝜏 can be written as:

𝝉 = 𝑹(𝒒). 𝒇𝑴 + 𝑬(𝒒, 𝒒̇ )

(A.11)

𝑅 is a matrix of muscle moment arms, 𝑓 𝑀 is a vector of muscle forces, and 𝐸 is a vector of
generalized forces that characterizes the interactions with the environment. The term
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excitation defines the amplitude of the control signal going to the muscle. It is similar to
the firing level of the motor neurons that innervate the muscle. The term activation refers
to the activity level of the muscle fibers themselves [120]. Excitation and activation levels
are allowed to vary continuously between zero (no excitation and activation) and one (full
excitation and activation). The correlation between activation and excitation is modeled by
a first-order equation relating the time rate of change of muscle activation 𝑎̇ to muscle
activation 𝑎 and excitation 𝑢 as follow;

𝒂̇ =

̂
𝒖−𝒂

(A.12)

𝝉

̂)
𝝉𝑨 (𝟎. 𝟓 + 𝟏. 𝟓𝒂
𝝉𝑫
𝝉={
̂
𝟎.𝟓+𝟏.𝟓𝒂

̂
𝒊𝒇 𝒖 > 𝒂
𝒐𝒕𝒉𝒆𝒓𝒘𝒊𝒔𝒆

(A.13)

where 𝜏𝐴 and 𝜏𝐷 are, respectively, the activation and deactivation time constants, which
are set to 10 ms and 40 ms by default [118].
The correlation between activation level and muscle force finally is given by:

𝒇𝑴 = (𝒂. 𝒇𝒍𝒗 (𝒍𝑴 𝒍̇𝑴 ) + 𝒇𝒑𝒂𝒔𝒔 (𝒍𝑴 )) . 𝒄𝒐𝒔(𝜶)

(A.14)

where 𝑓 𝑀 (vector) is the combination of the individual muscle forces 𝑓 𝑀 , 𝑓𝑙𝑣 is the active
force_length_velocities, and 𝑓𝑝𝑎𝑠𝑠 is the passive force.
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A.4.1 Muscle-tendon actuator
In Gait 2392_Simbody musculotendon model, muscle tendon actuators can behave like a
spring, or dashpot. The actuators consist of an active contractile element (CE), a passive
elastic element (PE), and an elastic tendon based on Hill-Type model. The model can be
defined by five muscle constants; pennation angle (α), tendon slack length (𝐿𝑇𝑆 ), optimal
𝑀
𝑀
fiber length (𝐿𝑀
0 ), maximal fiber velocity (𝑉𝑚𝑎𝑥 ) and maximal muscle force (𝐹0 ) and four

curves as shown in Figure A.20-A [112]. The curves are defined for each muscle by listed
control points which are interpolated by cubic splines. The pennation angle (α) is the angle
between the muscle fibers and the tendon. The forces in muscle and tendon are normalized
by the peak isometric muscle force (𝑓0𝑀 ). Muscle fiber length (𝑙 𝑀 ) and tendon length (𝑙 𝑇 )
are normalized by optimal muscle fiber length (𝑙0𝑀 ). Tendon slack length (𝑙𝑆𝑇 ) is the length
at which tendons begin to transmit force when stretched. Velocities are normalized by the
𝑀
maximum contraction velocity of muscle (𝑣𝑚𝑎𝑥
). In OpenSim, the muscle forces compute

by applying an iterative method. In this iteration process, the inputs are muscle-tendon
length (𝑙 𝑀𝑇 ) and muscle velocity (𝑣 𝑀𝑇 ). Muscle velocity and muscle-tendon length can be
computed from the generalized coordinates given by an inverse kinematic analysis from
the motion capturing data for each time frame. Due to the relation between the muscle and
muscle tendon ( 𝑓 𝑇 = 𝑓 𝑀 𝑐𝑜𝑠𝛼), an iterative method can be used to calculate the individual
muscle force without solving the optimization problem. The iterative muscle force method
can be described as follow


𝑴𝑻
Choosing initial values for 𝒍𝑻 , 𝒍𝑴 , based on 𝒍𝑴
𝟎 and 𝒍



Compute the muscle force;
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The muscle force 𝑓 𝑀 is the sum of the active muscle force (excited by the nervous system)
and the passive muscle force (independent of excitation). 𝑓 𝑀 depends on muscle fiber
𝑀
length and velocity. The active muscle force 𝑓𝑎𝑐𝑡

𝑀
and passive muscle 𝑓𝑝𝑎𝑠𝑠
can be

calculated from active and passive force–length curves (Figure A.20-C) with 𝑙 𝑀 as input.
This value has then to be scaled by activation effects and modified by force-velocity effects
𝑀
𝑀
(Figure A.20-D). The summation of 𝑓𝑎𝑐𝑡
act and 𝑓𝑝𝑎𝑠𝑠
results in 𝑓 𝑀 .



Compute 𝒇𝑻 ;

As shown in Figure 2.20-A, the muscle is in series with the tendon, which is represented
by a nonlinear elastic element. With 𝑙 𝑇 as input, 𝑓 𝑇 can be calculated from the tendonforce–length curve (Figure A.20-B).


Check the convergence criterion

The convergence criterion 𝑓 𝑇 = 𝑓 𝑀 𝑐𝑜𝑠𝛼 can be checked. Usually the required accuracy is
reached in less than five iterations.


Start the next iteration pass

Before starting the next iteration pass, 𝑙 𝑀 , 𝑙 𝑇 are adjusted based on the slope in the tendonforce–length and force–length curves curves respectively.
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Figure A.20: Schematic of the equilibrium musculotendon model (A), tendon-force–
length curve (B), active and passive force–length curves (C), and force–velocity curve
(D). Experimental data for the tendon-force–length curve in panel (B) are illustrated
as 95% confidence intervals [121, 122]. Data points in panels (C) and (D) denote
experimental data for the force–length [122, 123] and force–velocity [123, 124] curves.
The default curves used in the musculotendon models are shown in comparison to
these experimental data. Note that 𝒇𝑴 and 𝒇𝑻 represent, respectively, muscle force
and tendon force normalized by𝒇𝑴
𝒐 [112].
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The maximum active force that can be generated by the muscle varies nonlinearly
with its length which represented by the active-force–length curve 𝑓 𝐿 (𝑙̃𝑀 ), (Figure A.20C), peaking at a force of 𝑓𝑜𝑀 at a length of 𝑙𝑜𝑀 (the forces, velocities, muscle lengths, and
𝑀
tendon lengths are normalized by 𝑓𝑜𝑀 , 𝑣𝑚𝑎𝑥
, 𝑙𝑜𝑀 , and 𝑙𝑠𝑇 , respectively). During non-

isometric contractions, the force generated by the muscle varies nonlinearly with its rate of
lengthening, which is represented by the force–velocity curve 𝑓 𝑉 (𝑣̃ 𝑀 ) (Fig. A.20-D).
When the muscle stretches beyond a threshold length, force is also developed, regardless
of whether the muscle is activated, which is represented by the passive-force–length curve
𝑓 𝑃𝐸 (𝑙̃𝑀 ) (Fig. A.20-C). Muscle force (𝑓 𝑀 ) is computed using these curves as follows:

𝑳 ̃ 𝑴 𝑽 ̃𝑴 )
𝒇𝑴 = 𝒇𝑴
+ 𝒇𝑷𝑬 (𝒍̃𝑴 ))
𝒐 (𝒂𝒇 (𝒍 )𝒇 (𝒗

𝒇

𝑷𝑬

=

𝒆

(A.15)

𝒌𝑷𝑬 (𝒍̃𝑴 −𝟏)/𝜺𝑴
𝟎−𝟏
𝑷𝑬

𝒆𝒌

̃𝑴 −𝟏)𝟐

𝒇𝑳 = 𝒆−(𝒍

−𝟏

/𝜸

(A.16)

(A.17)

𝒇𝑻 (𝒍̃𝑻 )

𝑴

̃ =
𝒗

−𝒇𝑷𝑬 (𝒍̃𝑴 )
𝑽
𝒄𝒐𝒔𝜶
𝒇𝒊𝒏𝒗 (
)
𝒂𝒇𝑳 (𝒍̃𝑴 )

(A.18)

where a is the muscle activation, 𝑙̃𝑀 is the normalized muscle fiber length, 𝑣̃ 𝑀 is the
normalized muscle velocity, 𝑓 𝑃𝐸 is the passive force length, 𝑓 𝐿 is the active force length,

𝑘 𝑃𝐸 is the shape factor representative of passive muscle, 𝜀0𝑀 is the passive muscle strain
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due to maximum isometric force, 𝛾 is the shape factor of the force length relationship of
𝑉
the individual sacromeres, 𝑓 𝑇 is the normalized tendon force, 𝑓𝑖𝑛𝑣
is the inverse of the

force–velocity curve.

Muscle attaches to bone through tendon. The tendon is modeled as a nonlinear
elastic element developing force according to the tendon-force–length curve 𝑓 𝑇 (𝑙̃𝑇 )
(Figure A.20-B). Muscle fibers attach to tendon at a pennation angle (α). If the tendon is
assumed to be elastic and the mass of the muscle is assumed to be negligible, then the
muscle and tendon forces must be in equilibrium (i.e., 𝑓 𝑀 𝑐𝑜𝑠𝛼 − 𝑓 𝑇 = 0):

𝑳 ̃𝑴 𝑽 ̃𝑴 )
𝑻 ̃𝑻
𝒇𝑴
+ 𝒇𝑷𝑬 (𝒍̃𝑴 )) 𝒄𝒐𝒔𝜶 − 𝒇𝑴
𝒐 (𝒂𝒇 (𝒍 )𝒇 (𝒗
𝒐 𝒇 (𝒍 ) = 𝟎

(A.19)

The tendon-force-length curve (Figure A.20-B) starts with a non-linear region and
then a linear region. The normalized tendon force 𝑓 𝑇 can be modeled as;

𝑻

𝒇 ={

𝒇𝑻
𝒏𝒐𝒍

𝒆𝒌𝒏𝒐𝒍 −𝟏
𝑻

(𝒆𝒌𝒏𝒐𝒍 𝜺𝑻 ); 𝜺𝑻 ≤ 𝜺𝑻𝒏𝒐𝒍

𝒌𝒍𝒊𝒏 (𝜺 −

𝜺𝑻𝒏𝒐𝒍 ) +

𝒇𝑻𝒏𝒐𝒍 ;
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𝑻

𝜺 >

𝜺𝑻𝒏𝒐𝒍

(A.20)

𝑇
Where 𝑓𝑛𝑜𝑙
is the normalized tendon force of the non-linear region, 𝜀 𝑇 tendon
𝑇
strain, 𝑘𝑛𝑜𝑙 shape factor, 𝑘𝑙𝑖𝑛 linear scale factor, 𝜀𝑛𝑜𝑙
maximum tendon strain within the

non-linear region. In order to preserve continuity at the transition from exponential to linear
region;

𝜺𝑻𝒏𝒐𝒍 = 𝟎. 𝟔𝟎𝟗𝜺𝑻𝒐

&

𝒌𝒍𝒊𝒏 = 𝟏. 𝟕𝟏𝟐/𝜺𝑻𝒏𝒐𝒍

Where 𝜀𝑜𝑇 is the passive tendon strain due to maximum isometric force.

A.6 Model Output
By combining the musculoskeletal geometric data, joint models, and
musculotendon models, the OpenSIM is able to compute the force and joint moment that
each muscle can develop for any body’s position. At the end of a simulation, the model
outputs joint kinematics, a set of excitations that will produce the coordinated movement,
and muscle forces. The muscle actuators are organized in group sets that coordinate to
move a joint in a desired motion. The hip motions are abduction, flexion, extension,
adduction, internal, and external rotation [125]. The knee and hip motions are flexion and
extension. The ankle can be dorsiflexed, plantarflexed, everted and inverted [111]. The
back joint motions are extension, flexion, side bends, and left and right rotation. OpenSim
has an Analyze Tool that estimates the muscle fiber and tendon lengths during the motion.
The tool analyzes the model or the simulation based on a number of inputs such as time
histories of model states, controls, and external loads applied to the model (Figure A.21).
Such analyses are;
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Body Kinematics

Outputs the spatial kinematics such as position, angular and linear velocity and acceleration
of specified bodies for the duration of the analysis.



Muscle Analysis

Outputs all attributes of all muscles such as fiber length and velocity, normalized fiber
length, pennation angle, active-fiber force, passive-fiber force, tendon force, muscle force,
and muscle activity.


Joint Reactions

Outputs joint reaction forces that enforce the motion of the joint.


Induced Acceleration

Computes accelerations caused or “induced” by individual forces acting on a model, for
example, the contribution of individual muscle forces to the mass center acceleration.


Force Reporter

Outputs all force and moment acting at the center of mass of the body. The tension along
the path for ligaments and muscles is reported, and the scalar force or torque for ideal
actuators is reported as well.
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Figure A.21: Window for analyze tool [76]

The model has been validated by comparing the computed moment arms with those
measured from cadavers [112]. The model has also been shown to produce the salient
features of gait when modeling a healthy young population [113].
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Appendix B
Model Muscles and Groups

Muscles included in the model and corresponding muscle group. Shaded muscles
were not included in the residual limb of amputee model.
Muscle
Gluteus medius (anterior compartment)

Groups
Hip Abduction, Flexion & Internal
Rotation

Gluteus medius (middle compartment)

Hip Abduction

Gluteus medius (posterior compartment)

Hip External Rotation, Extension &
Abduction

Gluteus minimus (anterior compartment)

Hip Abduction, Flexion & Internal
Rotation

Gluteus minimus (middle compartment)

Hip Abduction

Gluteus minimus (posterior compartment)

Hip Abduction, External Rotation &
Extension

Semimembranosus

Hip Extension, Adduction & Knee
Flexion

Semitendinosus

Hip Extension Adduction & Knee
Flexion

Biceps femoris (long head)

Hip Extension, Adduction & Knee
Flexion

Biceps femoris (short head)

Knee Flexion

Sartorius

Hip Flexion, Abduction & Knee
Flexion

Adductor longus

Hip Adduction, Flexion & Extension

Adductor brevis

Hip Adduction & Flexion

Adductor magnus (superior component)

Hip Extension & Adduction

Adductor magnus (middle component)

Hip Extension & Adduction

Adductor magnus (inferior component)

Hip Extension & Adduction

Pectineus

Hip Flexion & Adduction

Gluteus maximus (superior component)

Hip Extension & Abduction

Gluteus maximus (middle component)

Hip Extension

Gluteus maximus (inferior component)

Hip Extension
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Iliacus

Hip Flexion & Internal Rotation

Psoas

Hip Flexion & Internal Rotation

Quadatus femoris

Hip External Rotation

Gemelli

Hip External Rotation

Periformis

Hip External Rotation & Abduction

Rectus femoris

Hip Flexion & Knee Extension

Vastus medialis

Knee Extension

Vastus intermedius

Knee Extension

Vastus lateralis

Knee Extension

Gastrocnemius (medial head)

Knee Flexion & Ankle Plantarflexion

Gastrocnemius (lateral head)
Muscle

Knee Flexion & Ankle Plantarflexion
Groups

Soleus

Ankle Plantarflexion

Tibialis posterior

Ankle Plantarflexion & Inversion

Flexor digitorus longus

Ankle Plantarflexion & Inversion

Flexor hallucis longus

Ankle Plantarflexion & Inversion

Tibialis anterior

Ankle Dorsiflexion & Eversion

Peroneus brevis

Ankle Plantarflexion & Eversion

Peroneus longus

Ankle Plantarflexion & Eversion

Peroneus tertius

Ankle Dorsiflexion & Eversion

Extensor digitorum longus

Ankle Dorsiflexion & Eversion

Extensor hallucis longus

Ankle Dorsiflexion & Inversion

Erector spinae

Back Extension,Side Bend, Internal
Rotation

Internal oblique

Back Extension, External Rotation

External oblique

Back Extension, External Rotation,
Side Bend

177

Appendix C
Subject Recruitment
INSTITUTE OF
BIOMEDICAL
ENGINEERING

UNIVERSITY OF
NEW BRUNSWICK

RECRUITING SUBJECTS FOR A STUDY ON
THE ABOVE KNEE PROSTHEIS MOTION
ANALYSIS
Researchers at the University of New Brunswick are looking for individuals to participate in a study
for developing a model of transfemoral amputation during a variety of physical activities to enhance
prostheses control.
WHO:
We are looking for volunteers in good general health with no diagnosed muscle or joint
conditions (arthritis, injury, etc.) that are between the ages of 20-50 years of age. We are also
looking for tranfemoral amputated volunteers in good general health that are between the ages
of 20-50. Reimbursement (for gas and millage) can be applied for those amputated subjects
from outside Fredericton (Saint John and Moncton).
WHERE:

Andrew and Marjorie McCain Human Performance Laboratory (HPL) located in the
Richard J. CURRIE CENTER (recreation and research facility).
WHAT:
This is a non-invasive study to develop a model of transfemoral amputation during physical
activities. Reflected markers will place to the skin according to OpenSim full body marker set.
Several electrodes will place to the skin over specific lower body muscles for EMG measuring.
Volunteers will be asked to perform a variety of daily living activities (gait, chair rise, etc.).
Volunteers will perform three acclimation trials for each task. The experiment will take
approximately 2 hours.
WHEN:
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July 1 to September 31 - individuals are invited to contact Abeer Mohamed at the University of
New Brunswick to find out more information or to make an appointment
PURPOSE OF STUDY:

To acquire 3D motion analysis data and EMG from limbed individuals and transfemoral
amputee during a variety of locomotor activities to develop a transfemoral amputation
model.
BENEFITS OF STUDY:
We hope that information from this study will lead to new and more effective technologies for
helping transfemoral amputated population.
CONTACT INFORMATION: Abeer Mohamed, PhD student, 458-7098, f28lm@unb.ca

179

Appendix D
PARTICIPANT SCREENING QUESIONAIRE
__________

Date: ___________ Time:
Assessor:

________________________
This questionnaire is to be administered when potential participants make first contact
with you by telephone. The purpose of the questionnaire is to determine eligibility to
participate in the study. You do not need to make a determination of eligibility while
speaking with the potential participant. This form can be reviewed by study staff prior to
making such determination if you are unsure. When contacted, please be sure to inform
the potential participant that in order to determine eligibility you will need to ask a few
questions about their medical history. PLEASE NOTE THIS FORM IS
CONFIDENTIAL AND IS THE ONLY PAPER FORM CONTAINING THE
PARTICPANT’S NAME.

Participant Information for Eligibility Determination
Ask potential participant for (use N/A for amputation info in non-amputees):
Date of Birth: ___________________________
__________

Gender:

Amputation type:_________________________
amputation:___________

Date of

Ask potential participant: Do you have a history of one or more of the following?

Heart attack or major rhythm disturbance
_____________

Yes

No

Comment:

Renal failure requiring dialysis
Yes
_____________ Recent (<2 yr) cancer with ongoing

No

Comment:

chemotherapy/radiation therapy
_____________

Yes

No

Comment:

Uncontrolled hypertension
_____________

Yes

No

Comment:
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Uncontrolled diabetes
_____________

Yes

No

Comment:

Uncontrolled seizures
_____________

Yes

No

Comment:

Recent (<2 yr) foot ulcerations
_____________

Yes

No

Comment:

Recent (<2 yr) lower limb fracture
_____________

Yes

No

Comment:

Recent (<2 yr) stroke affecting lower limbs
_____________

Yes

No

Comment:

arthroscopic surgery
_____________

Yes

No

Comment:

Legal blindness
_____________

Yes

No

Comment:

walker or seeing eye dog to get around
_____________

Yes

No

Comment:

Parkinson’s disease
_____________

Yes

No

Comment:

Alzheimer’s disease
_____________

Yes

No

Comment:

ALS (Lou Gehrig’s disease)
_____________

Yes

No

Comment:

Other diseases/conditions

Yes

No

Recent (<1 yr) hip or knee replacement or

Not ambulatory or regularly uses wheelchair,

If yes,
list:__________________________________________________________________

TO BE COMPLETED BY STUDY STAFF AFTER ASSESSMENT IS REVIEWED
Eligible to enter study?
_____________

Yes

If yes, please complete below (if no do not complete):
Participant Name: ___________________________
Participant #: ______
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No

Comment:

Appendix E
Research Consent Form
University of New Brunswick
Institute of Biomedical Engineering
Fredericton NB
Project Title: Neurobiomechanical factors in the design of transfemoral prostheses
Principle Investigators: Abeer Mohamed, PhD student; Dr. Chris A. McGibbon,
Professor

PURPOSE
We are asking for your permission to enroll you as a participant in a research study.
The purpose of the study is to better understand how people with above-knee
(transfemoral) amputation use their prosthesis while walking and other common
movement tasks. This research will ultimately be used to develop better above-knee
prostheses for transfemoral amputees. People without limb amputation will also be
asked to participate for comparative purposes. Your participation is completely
voluntary.
STUDY CONTACTS
You may contact PhD student Abeer Mohamed at the Institute of Biomedical
Engineering (IBME) by phone at (506) 458-7098, or by email at f28lm@unb.ca, if you
have any questions. You can reach Abeer by telephone between 9am-5pm, Monday
through Friday. The project leader is Dr. Chris McGibbon from the Faculty of
Kinesiology and IBME. He can be reached at (506) 458-7098 or by email at
cmcgibb@unb.ca. If you wish to speak with someone not involved in the study, you
may contact Dr. Steven Turner, Chair of the UNB Research Ethics Board. Dr. Turner
can be reached at (506) 458-7433 or by email at ethics@unb.ca.
PROCEDURES
Your participation will require you to attend at least one testing session (and a
maximum of two) at the Human Performance Lab (HPL) at the Richard J Currie Centre
on the UNB campus. The HPL is a highly sophisticated “motion analysis” laboratory
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capable of measuring detailed human movements. To measure your movements, we
will attach 39 small reflective “markers” to your limbs and torso. The markers are
attached either with double-sided tape directly on the skin, or using neoprene and
Velcro cuffs.. Measurement of leg muscle activity will also be required. Up to 16 small
electrodes will be placed on the skin over specific muscles. The electrodes are selfadhesive and may require skin preparation, which consists of alcohol wipe to remove
skin oils at the electrode attachment site, but may also require shaving a small (2x2cm)
section of skin to ensure proper electrode attachment. You will be asked to perform the
following activities: normal walking, fast walking, and slow walking. For gait trials,
you will initiate gait and walk at 1) your preferred comfortable pace, 2) as fast as you
can without breaking into jog, or 3) a slowly moving line up that never stopped until
reaching the opposite end of the walkway. You will be asked to perform each activity
three-to-five times. The test session will take approximately 2 hours. Although the motion
capture cameras only track infrared light (and therefore do not capture your image),
standard video capture may also be required.
COSTS
There is no cost to you for participating in the study. Reimbursement (for gas and
millage) may be applied for those amputee participants from outside the immediate
Fredericton area.
RISKS AND DISCOMFORTS
There should be no risk or discomfort with these studies beyond those normally
experienced when performing common everyday activities. Although very rare, minor
skin irritation can occur in some people due to the double-sided tape required to attach
reflective markers. Participants with excessive body hair will be required to shave a
small patch of skin for EMG electrode attachment. To reduce risks of injury, in such
cases, participants will be asked to shave themselves privately with a disposable razor
that we will provide. You can rest at any time during the tests, and the tests can be
stopped at any time. Your participation is strictly voluntary, and you may withdraw
from participating at any time before or during your visit.
BENEFITS
You will not directly benefit from participating in this study. We hope that information
from this study will lead to new and more effective technologies for improving the
quality of life of people with transfemoral amputation.
.PRIVACY AND CONFIDENTIALITY
All personal information gathered for this study that identifies participants will be kept
secure to protect their privacy. Data collected during the study and shared with others will
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identify participants only by a coded number. The “master list” linking personal
information to the coded number will not be shared, and will be kept in a separate, locked
cabinet at the IBME. Information gathered from participants will be used and shared with
others for research purposes only. These “others” could include researchers at UNB
(faculty and graduate students), and other research collaborators at universities and
hospitals in Canada and the U.S.. Participant identities will always remain confidential.
Statement of privacy rights:
You have the right to withdraw your permission for the researchers to use or share your
protected health information. We will not be able to withdraw all of the information that
already has been used or shared with others. Your personal information will never be
shared at any time with any person or entity. If you withdraw your permission, you cannot
participate further in the research. If you want to withdraw your permission, you must do
so by informing the Study Contact.
 You do not have to sign this form. If you decide not to sign, you cannot participate in
this research study. Refusing to sign will not affect your present or future health care.
Refusing to sign will not cause any penalty or loss of benefits to which you are
otherwise entitled.
You can request access to your protected health information, which is used or shared
during this research, but you can access this information only after the study is
completed. To request this information, please contact the researcher listed under
Study Contacts on this consent form.
 You have the right to disallow use of your data in future studies, related or unrelated to
this project. After the study is fully completed your data will no longer be shared. If we
wish to use this data in future studies, we will contact you to request your consent and
will disclose the purpose of the new study at that time. If you or a representative (family
member/ next of kin) are unable to provide consent at that time your data will not be
used. You will be offered an opportunity to have your data withdrawn from use in any
future studies.
PUBLICATION OF RESULTS OR USE FOR TEACHING PURPOSES
The results of this study may be published in a medical book or journal or used for teaching
purposes. Your name or other identifiers will not be used in any publication or teaching
materials without your specific permission.
This research study is expected to take approximately 2 years to complete. You may request
a copy of any material made publicly available from the study you participated in. This
material may take the form of published journal papers, conference abstracts or magazine
articles, and internet media. To request this information please contact the researcher listed
under Study Contacts on this consent form.

REQUEST FOR MORE INFORMATION
You may ask more questions about the study at any time. The researcher(s) will provide
their telephone number so that they are available to answer your questions or concerns
about the study. A copy of this consent form will be given to you to keep.
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If you want to speak with someone not directly involved in the study about your rights as
a research subject, your participation in the study, any concerns you may have about the
study, or a research-related injury, contact the UNB Research Ethics Board at (506) 4535189. You can also contact them if you feel under any pressure to enroll or continue to
participate in this study.
REFUSAL OR WITHDRAWAL OF PARTICIPATION
Participation in this study is voluntary. You can refuse to participate or drop out of the
study at any time without penalty or loss of benefits. Refusing to participate or dropping
out of the study will not affect your present or future care by the doctors or the participating
hospitals. The investigator in charge of this study may decide to end your participation in
this study at any time if it is in your best medical interests and will explain the reasons for
doing so.
INJURY STATEMENT
All injuries should be reported no matter how minor. The following procedures will be
followed in the event you are injured during the course of the study and as a direct result
of this study:
1. If an injury occurs during data collection in the presence of study staff the data
collection will cease immediately and a trained staff member will seek medical
assistance if required.
2. If an injury relating to the study occurs not in the presence of study staff (eg.
delayed onset of muscle soreness, skin irritation, etc.) contact the Principle
Investigator at the number provided under the Study Contacts section in this form.
An injury report can be made available to the appropriate authority if required. All reported
injuries will be reviewed by the project staff, and used to revise data collection procedures
or to modify equipment to prevent future injury.

CONSENT TO PARTICIPATE IN RESEARCH AND AUTHORIZATION TO USE
OR RELEASE INDIVIDUAL HEALTH INFORMATION FOR RESEARCH
I confirm that the purpose of the research, the study procedures, the possible risks and
discomforts and potential benefits that I may experience have been explained to me. All
my questions have been answered. I have read this consent form. My signature below
indicates my willingness to participate in this research study and my authorization to use
and share with the specified others my “protected health information” as described in the
preceding paragraphs.

NAME (Please print):
SIGNATURE:
___________________________
___________________________
________________
Subject
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Date/Time

Subject’s preferred contact information during course of study:

I have explained the purpose of the research, the study procedures, identifying those that
are investigational, the possible risks and discomforts and potential benefits. I have
answered any questions regarding the research study to the best of my ability.
______________________________________________________
________________
Investigator/Individual Obtaining Consent
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Date/Time

Appendix F
Vicon Nexus1.7.1

Vicon Nexus is a motion capture platform designed for Life Sciences applications.
The system consists of MX T-Series cameras with high-performance resolutions (up to 16
megapixels), a MX host PC, and a MX Giganet that connect the cameras to the MX host
PC. The MX Giganet supplies communications, synchronization, and power to the TSeries cameras as well as time-code, and interfacing to third-party devices (Figure B.1).
Vicon system measures 3D position of Retero_Reflection markers in the space. The camera
spots the markers and fits circles to the markers image. The x and y coordinates of those
circles center are then sent upstream by the cameras to MX host PC for processing. Once
the circle coordinates from multiple cameras are obtained, the 3D information can be built.

Figure F.1: MX Giganet
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There are a numbers of certain steps need to be applied in order to identify and
process the motion of subject. The first step is the system calibration. In this process, the
error received by each camera is determined by software (the software algorithm is applied
to minimize the cameras error). Second step is a marker set design to create the model
template. The template describes the generic relationship between physical markers
attached to a subject and the skeletal structure to which the markers are attached. This
processing starts with attaching the designed markers set to the subject and capturing a
static trial. The markers are then connected to the underlying segments. This created
template is a one-time task, so the same template can be used for multiple subjects. Once
segments are created and jointed and all markers are labeled, the dynamic capture can be
performed. During the dynamic trials, Vicon system tracks all the markers in the space and
kinematic data can be obtained (Figure B.2).

Figure F.2: Nexus 1.7.1 3D prospective capture volume screen
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Appendix G
Kistler Force Plates

Force plates measure the ground reaction forces generated by a body standing on
or moving across them, to quantify balance, gait and other biomechanics parameters. The
simplest force plates measure only the vertical component of the force in the geometric
center of the platform. More advanced models measure the three-dimensional components
of the single equivalent force applied to the surface and its point of application, usually
called the center of pressure, as well as the vertical moment of force. The Kistler Force
Plates use triaxial piezoelectic force transducers mounted at the corners of each plate to
measure the three components of the ground reaction force vector (vertical, anteriorposteror, and medio-lateral) throughout the stance phase of gait (Figure C.1). Kistler force
plates output eight channels of force data; four Fz, two Fx and two Fy.
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Fz

Fy, COP Y

Fx, COP X

Force Plate

Mx

My

Height of top plate

Force Plate (end view)

Dz
Height of transducer

Transducer

Figure G.1: Force plate axes for force and moment measurement and Dz value

Moments and sums of forces are calculated from these channels before determine
the center of pressure COP. The center of pressure of forces acting on a force plate is
calculated using the following formulas (measures shown graphically in Figure 1):

𝐶𝑂𝑃𝑥 =
𝐶𝑂𝑃𝑦 =

−𝑀𝑦+(𝐹𝑥∗𝐷𝑧)
𝐹𝑧
−𝑀𝑥+(𝐹𝑦∗𝐷𝑧)
𝐹𝑧
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(1)

(2)

where COPx is the location of the center of pressure in the x-axis (m), COPy is the location
of the center of pressure in the y-axis (m), Mx is the moment about the force plate x-axis
(Nm), My is the moment about the force plate y-axis (Nm), Fx is the force in x-axis (N),
Fy is the force in y-axis (N), Fz is the force in z-axis (N), and Dz is the height of top of
plate above the measurement (XY) plane (m).
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Appendix H
Adding Knee Torque

%Define force names.
forceLabs =
{'1_ground','2_ground','3_ground','4_ground','5_ground','6_ground','Mot
or','rMotor'};
numF = size(forceLabs,2); %number of forces applied to model

%Define units vector.
baseUnits = {'N','N','N','m','m','m','Nm','Nm','Nm'}; %assume same
format for each force
units = {'sec'}; %column 1 = time in seconds.
for i=1:numF
units = [units,baseUnits];
end
% Define rotation from HPL to OpenSim Frame of reference
%OpenSim uses: +x = fwd, +y = up, +z = right
%UNB uses: +x = fwd, +y = left, +z = up
% R = [1 0 0;...
%
0 1 0;...
%
0 0 1];
R_HPL = eye(3,3); %starting from existing .mot file, therefore
already in OpenSim frame.
%% Example = reading in an existing GRF.mot file.
% you could use this function to load your existing data.
existingMOTfile = 'mark_fred_normalgait2_grf.mot';
[header,matData] = OSIMstorage2mat([cd,filesep,existingMOTfile]);
%% Example = reading in an existing ID.sto file.
% you could use this function to load your existing data.
existingIDfile = 'inverse_dynamics.sto';
[idHeader,idData] = OSIMstorage2mat([cd,filesep,existingIDfile]);
%%%%create a function%%%%%%
T1=idData(:,1);
T2=matData(:,1);
kneMom=idData(:,11);
%kneMom_mod=spline(T1,kneMom,T2);
%%%%%%%%%%
time_old=1:1:68;
time_new=1:(68/2750):68;
kneMom_mod=spline(time_old,kneMom,time_new);
% X=timeseries(kneMom,time_old);
% X_new=resample(X,time_new);
%% Create some data
numFrames = size(matData,1);
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hs1 = 1082;
hs2 = 2198;
motorTorque = zeros(numFrames,1);
%motorTorque(hs1:hs2) = 1000*sin(matData(hs1:hs2,1));
%motorTorque=kneMom_mod/1000;
motorTorque=kneMom_mod/5;
newForces = zeros(numFrames,18);
newForces(:,9) = motorTorque;
newForces(:,18) = -motorTorque;
data = [matData,newForces];

%% Create a grf.mot file
outFileName = 'abeer_grf.mot';
writeForceToMOT(data,forceLabs,units,outFileName,R_HPL)
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Appendix I
Time Delay MATALAB Code
% read in the data sets
[act_dat,~] = xlsread('vas_lat_r_activ.xlsx');
[for_dat,~] = xlsread('vas_lat_r_force.xlsx');
[emg_dat,~] = xlsread('vas_lat_r_emg.xlsx');
% get start and end time from OpenSim output
stim = act_dat(1,1); ftim = act_dat(end,1);
% get OpenSim time and data values
act_time = act_dat(:,1); act_vals = act_dat(:,2);
for_time = for_dat(:,1); for_vals = for_dat(:,2);
% trim the EMG data to correspond to the time window of OpenSim data
emg_time = emg_dat(:,1);
indx = find(emg_time>=(stim-.1) & emg_time<=(ftim+.1));
emg_vals = emg_dat(indx,2); emg_time = emg_dat(indx,1);
% scale the data to range between 0-1
emg_vals = emg_vals/max(emg_vals);
act_vals = act_vals/max(act_vals);
for_vals = for_vals/max(for_vals);
plot(act_time,act_vals,'b',for_time,for_vals,'r',emg_time,emg_vals,'g')
;
[mxv,mxi] = max(act_vals); tim_act = act_time(mxi);
[mxv,mxi] = max(for_vals); tim_for = for_time(mxi);
[mxv,mxi] = max(emg_vals); tim_emg = emg_time(mxi);
display(['Delay from peak
',num2str(1000*(tim_act display(['Delay from peak
',num2str(1000*(tim_act -

activation to peak force:
tim_for)),'ms']);
activation to peak EMG:
tim_emg)),'ms']);
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Appendix J
EMG and Muscle Activity Plots

Figure J.1: The average of Mean absolute value of measured EMG (black) vs
simulation predicted muscle force (blue) with upper and lower 95% confidence (grey
shaded area) and activity (red) of Solues for all healthy subjects during normal cycle.
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Figure J.2: The average of Mean absolute value of measured EMG (black) vs
simulation predicted muscle force (blue) with upper and lower 95% confidence (grey
shaded area) and activity (red) of Vastus Lateral for all healthy subjects during fast
gait cycle.

Figure J.3: The average of Mean absolute value of measured EMG (black) vs
simulation predicted muscle force (blue) with upper and lower 95% confidence (grey
shaded area) and activity (red) of Semitendinosus for all healthy subjects during fast
gait cycle.
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Figure J.4: The average of Mean absolute value of measured EMG (black) vs
simulation predicted muscle force (blue) with upper and lower 95% confidence (grey
shaded area) and activity (red) of Adductor Magnus for all healthy subjects during
slow gait cycle.

Figure J.5: The average of Mean absolute value of measured EMG (black) vs
simulation predicted muscle force (blue) with upper and lower 95% confidence (grey
shaded area) and activity (red) of Semitendinosus for all healthy subjects during
normal gait cycle.
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Figure J.6: The average of Mean absolute value of measured EMG (black) vs
simulation predicted muscle force (blue) with upper and lower 95% confidence (grey
shaded area) and activity (red) of Vastus Lateral for all healthy subjects during slow
gait cycle.

Figure J.7: The average of Mean absolute value of measured EMG (black) vs
simulation predicted muscle force (blue) with upper and lower 95% confidence (grey
shaded area) and activity (red) of Solues for all healthy subjects during slow gait cycle.
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Figure J.8: The average of Mean absolute value of measured EMG (black) vs
simulation predicted muscle force (blue) with upper and lower 95% confidence (grey
shaded area) and activity (red) of Solues for all healthy subjects during fast gait cycle.

Figure J.9: The average of Mean absolute value of measured EMG (black) vs
simulation predicted muscle force (blue) with upper and lower 95% confidence (grey
shaded area) and activity (red) of Biceps Femoris for all healthy subjects during fast
gait cycle.
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Figure J.10: The average of Mean absolute value of measured EMG (black) vs
simulation predicted muscle force (blue) with upper and lower 95% confidence (grey
shaded area) and activity (red) of Rectus Femoris for all healthy subjects during
normal gait cycle.

Figure J.11: The average of Mean absolute value of measured EMG (black) vs
simulation predicted muscle force (blue) with upper and lower 95% confidence (grey
shaded area) and activity (red) of Vastus Medialis for all healthy subjects during fast
gait cycle.
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Figure J.12: The average of Mean absolute value of measured EMG (black) vs
simulation predicted muscle force (blue) with upper and lower 95% confidence (grey
shaded area) and activity (red) of Rectus Femoris for all healthy subjects during fast
gait cycle.

Figure J.13: The average of Mean absolute value of measured EMG (black) vs
simulation predicted muscle force (blue) with upper and lower 95% confidence (grey
shaded area) and activity (red) of Rectus Femoris for all healthy subjects during slow
gait cycle.
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Figure J.14: The average of Mean absolute value of measured EMG (black) vs
simulation predicted muscle force (blue) with upper and lower 95% confidence (grey
shaded area) and activity (red) of Vastus Lateral for all healthy subjects during
normal gait cycle.

Figure J:15 The average of Mean absolute value of measured EMG (black) vs
simulation predicted muscle force (blue) with upper and lower 95% confidence (grey
shaded area) and activity (red) of Semitendinosus for all healthy subjects during slow
gait cycle.
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Figure J:16 The average of Mean absolute value of measured EMG (black) vs
simulation predicted muscle force (blue) with upper and lower 95% confidence (grey
shaded area) and activity (red) of Vastus Medialis for all healthy subjects during slow
gait cycle.

Figure J:17 The average of Mean absolute value of measured EMG (black) vs
simulation predicted muscle force (blue) with upper and lower 95% confidence (grey
shaded area) and activity (red) of Vastus Medialis for all healthy subjects during
normal gait cycle.
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Figure J:18 The average of Mean absolute value of measured EMG (black) vs
simulation predicted muscle force (blue) with upper and lower 95% confidence (grey
shaded area) and activity (red) of Gluteus Medius for all healthy subjects during fast
gait cycle.

Figure J:19 The average of Mean absolute value of measured EMG (black) vs
simulation predicted muscle force (blue) with upper and lower 95% confidence (grey
shaded area) and activity (red) of Biceps Femoris for all healthy subjects during
normal gait cycle.
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Figure J:20 The average of Mean absolute value of measured EMG (black) vs
simulation predicted muscle force (blue) with upper and lower 95% confidence (grey
shaded area) and activity (red) of Gluteus Medius for all healthy subjects during
normal gait cycle.

Figure J:21 The average of Mean absolute value of measured EMG (black) vs
simulation predicted muscle force (blue) with upper and lower 95% confidence (grey
shaded area) and activity (red) of Gluteus Medius for all healthy subjects during slow
gait cycle.
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Figure J.22: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Rectus Femoris of
intact limb of C-Leg amputee subject during normal gait cycle.
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Figure J.23: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Gluteus Medius of
intact limb of C-Leg amputee subject during normal gait cycle.
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Figure J.24: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Vastus Medialis of
intact limb of C-Leg amputee subject during normal gait cycle.
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Figure J.25: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Vastus Lateralis of
intact limb of C-Leg amputee subject during normal gait cycle.
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Figure J.26: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Gastrocnemius of
intact limb of C-Leg amputee subject during normal gait cycle.
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Figure J.27: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Adductor Magnus of
intact limb of C-Leg amputee subject during normal gait cycle.
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Figure J.28: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Rectus Femoris of
prosthesis limb of C-Leg amputee subject during normal gait cycle.
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Figure J.29: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Gluteus Medius of
prosthesis limb of C-Leg amputee subject during normal gait cycle.
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Figure J.30: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Biceps Femoris of
prosthesis limb of C-Leg amputee subject during normal gait cycle.
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Figure J.31: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Rectus Femoris of
intact limb of C-Leg amputee subject during fast gait cycle.

215

Figure J.32: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Gluteus Medius of
intact limb of C-Leg amputee subject during fast gait cycle.
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Figure J.33: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Vastus Medialis of
intact limb of C-Leg amputee subject during fast gait cycle.
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Figure J.34: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Vastus Lateralis of
intact limb of C-Leg amputee subject during fast gait cycle.
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Figure J.35: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Gastrocnemius of
intact limb of C-Leg amputee subject during fast gait cycle.
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Figure J.36: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Semitendinosus of
intact limb of C-Leg amputee subject during fast gait cycle.
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Figure J.37: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Biceps Femoris of
intact limb of C-Leg amputee subject during fast gait cycle.
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Figure J.38: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Adductor Magnus of
intact limb of C-Leg amputee subject during fast gait cycle.
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Figure J.39: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Rectus Femoris of
prosthesis limb of C-Leg amputee subject during fast gait cycle.
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Figure J.40: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Biceps Femoris of
prosthesis limb of C-Leg amputee subject during fast gait cycle.
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Figure J.41: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Adductor Magnus of
prosthesis limb of C-Leg amputee subject during fast gait cycle.
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Figure J.42: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Rectus Femoris of
intact limb of C-Leg amputee subject during slow gait cycle.
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Figure J.43: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Gluteus Medius of
intact limb of C-Leg amputee subject during slow gait cycle.
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Figure J.44: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Vastus Medialis of
intact limb of C-Leg amputee subject during slow gait cycle.
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Figure J.45: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Vastus Lateralis of
intact limb of C-Leg amputee subject during slow gait cycle.
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Figure J.46: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Gastrocnemius of
intact limb of C-Leg amputee subject during slow gait cycle.
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Figure J.47: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Semitendinosus of
intact limb of C-Leg amputee subject during slow gait cycle.

231

Figure J.48: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Biceps Femoris of
intact limb of C-Leg amputee subject during slow gait cycle.
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Figure J.49: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Adductor Magnus of
intact limb of C-Leg amputee subject during slow gait cycle.

233

Figure J.50: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Rectus Femoris of
prosthesis limb of C-Leg amputee subject during slow gait cycle.
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Figure J.51: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Gluteus Medius of
prosthesis limb of C-Leg amputee subject during slow gait cycle.
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Figure J.52: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Biceps Femoris of
prosthesis limb of C-Leg amputee subject during slow gait cycle.
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Figure J.53: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Adductor Magnus of
prosthesis limb of C-Leg amputee subject during slow gait cycle.
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Figure J.54: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Rectus Femoris of
intact limb of passive amputee subject during normal gait cycle.
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Figure J.55: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Gluteus Medius of
intact limb of passive amputee subject during normal gait cycle.
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Figure J.56: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Vastus Medialis of
intact limb of passive amputee subject during normal gait cycle.
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Figure J.57: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Vastus Lateralis of
intact limb of passive amputee subject during normal gait cycle.
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Figure J.58: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Gastrocnemius of
intact limb of passive amputee subject during normal gait cycle.
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Figure J.59: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Semitendinosus of
intact limb of passive amputee subject during normal gait cycle.
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Figure J.60: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Biceps Femoris of
intact limb of passive amputee subject during normal gait cycle.

244

Figure J.61: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Adductor Magnus of
intact limb of passive amputee subject during normal gait cycle.
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Figure J.62: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Rectus Femoris of
prosthesis limb of passive amputee subject during normal gait cycle.

246

Figure J.63: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Gluteus Medius of
prosthesis limb of passive amputee subject during normal gait cycle.
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Figure J.64: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Biceps Femoris of
prosthesis limb of passive amputee subject during normal gait cycle.
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Figure J.65: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Adductor Magnus of
prosthesis limb of passive amputee subject during normal gait cycle.
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Figure J.66: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Rectus Femoris of
intact limb of passive amputee subject during fast gait cycle.
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Figure J.67: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Gluteus Medius of
intact limb of passive amputee subject during fast gait cycle.
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Figure J.68: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Vastus Medialis of
intact limb of passive amputee subject during fast gait cycle.
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Figure J.69: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Vastus Lateralis of
intact limb of passive amputee subject during fast gait cycle.
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Figure J.70: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Soleus of intact limb
of passive amputee subject during fast gait cycle.
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Figure J.71: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Semitendinosus of
intact limb of passive amputee subject during fast gait cycle.
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Figure J.72: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Biceps Femoris of
intact limb of passive amputee subject during fast gait cycle.
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Figure J.73: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Adductor Magnus of
intact limb of passive amputee subject during fast gait cycle.
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Figure J.74: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Rectus Femoris of
prosthesis limb of passive amputee subject during fast gait cycle.
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Figure J.75: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Gluteus Medius of
prosthesis limb of passive amputee subject during fast gait cycle.

259

Figure J.76: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Biceps Femoris of
prosthesis limb of passive amputee subject during fast gait cycle.
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Figure J.77: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Adductor Magnus of
prosthesis limb of passive amputee subject during fast gait cycle.
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Figure J.78: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Rectus Femoris of
intact limb of passive amputee subject during slow gait cycle.
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Figure J.79: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Gluteus Medius of
intact limb of passive amputee subject during slow gait cycle.
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Figure J.80: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Vastus Medialis of
intact limb of passive amputee subject during slow gait cycle.
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Figure J.81: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Vastus Lateralis of
intact limb of passive amputee subject during slow gait cycle.
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Figure J.82: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Soleus of intact limb
of passive amputee subject during slow gait cycle.
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Figure J.83: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Semitendinosus of
intact limb of passive amputee subject during slow gait cycle.
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Figure J.84: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Biceps Femoris of
intact limb of passive amputee subject during slow gait cycle.
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Figure J.85: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Adductor Magnus of
intact limb of passive amputee subject during slow gait cycle.
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Figure J.86: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Rectus Femoris of
prosthesis limb of passive amputee subject during slow gait cycle.
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Figure J.87: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Biceps Femoris of
prosthesis limb of passive amputee subject during slow gait cycle.
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Figure J.88: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Adductor Magnus of
prosthesis limb of passive amputee subject during slow gait cycle.
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Figure J.89: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Bicep Femoris of
intact limb of C_Leg amputee subject during normal gait cycle.
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Figure J.90: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Adductor Femoris of
prosthesis limb of C_Leg amputee subject during normal gait cycle.
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Figure J.91: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Gluteus Medius of
prosthesis limb of C_Leg amputee subject during fast gait cycle.
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Figure J.92: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Gluteus Medius of
prosthesis limb of passive amputee subject during slow gait cycle.
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Figure J.93: The average of Mean absolute value of measured EMG (red) vs
simulation predicted muscle force (black) and activity (blue) of Semitendinosus of
intact limb of C_Leg amputee subject during normal gait cycle.
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Appendix K
Raw EMG Plots
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Figure K.1: Raw EMG (mv) of right semitendinosus muscle of able-bodied (normal
gait).
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Figure K.2: Raw EMG (mv) of left vastus lateral muscle of able-bodied (normal
gait).
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Figure K.3: Raw EMG (mv) of left semitendinosus muscle of able-bodied (normal
gait).
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Figure K.4: Raw EMG (mv) of left semitendinosus muscle of able-bodied (fast gait).
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Figure K.5: Raw EMG (mv) of right semitendinosus muscle of able-bodied (fast
gait).
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Figure K.6: Raw EMG (mv) of right gastrocnemius muscle of able-bodied (fast gait).
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Figure K.7: Raw EMG (mv) of left gastrocnemius muscle of able-bodied (fast gait).

284

0.25

0.2

0.15

0.1

0.05

0

-0.05

-0.1

-0.15

-0.2
0

500

1000

1500

2000

2500

Figure K.8: Raw EMG (mv) of right vastus medialis muscle of able-bodied (fast
gait).
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Figure K.9: Raw EMG (mv) of left vastus medialis muscle of able-bodied (fast gait).
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Figure K.10: Raw EMG (mv) of right gastrocnemius muscle of able-bodied (slow
gait).
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Figure K.11: Raw EMG (mv) of right semitendinosus muscle of able-bodied (slow
gait).
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Figure K.12: Raw EMG (mv) of left gastrocnemius muscle of able-bodied (slow
gait).
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Figure K.13: Raw EMG (mv) of left semitendinosus muscle of able-bodied (slow
gait).
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Figure K.14: Raw EMG (mv) of right gastrocnemius muscle of C_Leg (normal gait).
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Figure K.15: Raw EMG (mv) of left vastus medialis muscle of passive prosthesis
(normal gait).
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Figure K.16: Raw EMG (mv) of right adductor magnus muscle of able-bodied
(normal gait).
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Figure K.17: Raw EMG (mv) of right biceps femoris muscle of able-bodied (normal
gait).
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Figure K.18: Raw EMG (mv) of left vastus medialis muscle of able-bodied (fast
gait).
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Figure K.19: Raw EMG (mv) of left gastrocnemius muscle of able-bodied (fast gait).
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Figure K.20: Raw EMG (mv) of left biceps femoris muscle of able-bodied (fast gait).
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Figure K.21: Raw EMG (mv) of left semitendinosus muscle of able-bodied (fast
gait).
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Figure K.22: Raw EMG (mv) of right gluteus medius muscle of able-bodied (slow
gait).
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Figure K.23: Raw EMG (mv) of left gastrocnemius muscle of able-bodied (slow
gait).
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Figure K.24: Raw EMG (mv) of left biceps femoris muscle of able-bodied (slow
gait).
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Figure K.25: Raw EMG (mv) of right semitendinosus muscle of C-Leg (normal
gait).
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Figure K.26: Raw EMG (mv) of right biceps femoris muscle of C-leg (fast gait).
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Figure K.27: Raw EMG (mv) of right vastus medialis muscle of C-Leg (fast gait).
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Figure K.28: Raw EMG (mv) of left biceps femoris muscle of C-Leg (slow gait).
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Figure K.29: Raw EMG (mv) of right gastrocnemius muscle of C-Leg (slow gait).
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Figure K.30: Raw EMG (mv) of right biceps femoris muscle of C-Leg (slow gait).
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