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ABSTRACT
Amputees are often prescribed prosthetic limbs with inertia properties far less
than those of the limb they replace, and as a result an inertia asymmetry between legs is
created. This inertia asymmetry has been suggested to contribute to the asymmetrical
walking patterns often exhibited by unilateral amputees. Unilateral, transtibial amputees
also typically expend 20% to 30% more metabolic energy than non-amputees walking at
the same speeds. Reasons for these higher costs are not fully understood. This
dissertation consists of four studies designed to better understand the influence of
prosthetic leg inertia on the mechanics and energetics of amputee locomotion. Studies 1
and 2 investigated the process by which individuals adjust their gait patterns to
accommodate an inertia manipulation of the lower extremity over a short term (over the
first hour) and a longer term (eight days). In both unilateral, transtibial amputees and nonamputees, temporal and joint kinetic descriptors of gait changed within five minutes of
exposure to an additional mass added distally to one leg. Over the course of the next eight
days, these measures showed no further changes. The return to baseline values was
equally rapid upon removal of the mass on the eighth day. Adjustment to the inertia
change was nearly immediate, rather than a slow and gradual adjustment process. In
study 3, the effects of multiple prosthetic leg inertia configurations on metabolic costs,
kinematic symmetry, and temporal symmetry were investigated. In general, metabolic
costs, kinematic asymmetries, and temporal asymmetries increased systematically with
increasing prosthetic inertia. The lowest metabolic cost and most symmetrical walking
patterns were observed when amputees walked without mass added to their prosthetic
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leg, (i.e., walked with their normal prosthesis). Thus, the use of a lightweight prosthesis
appeared to minimize gait asymmetries and metabolic costs during walking. Study 4
addressed the effects of multiple prosthetic leg inertia configurations on intersegmental
dynamics and lower extremity muscle excitations during walking. With respect to the
prosthetic leg, absolute angular impulses of the muscle, interaction, and gravitational
moments of the hip and knee increased systematically during swing. During stance of the
prosthetic leg, absolute angular impulses of the interaction and gravitational moments at
the hip and knee also increased systematically with increasing inertia, whereas the muscle
moments were unaffected. Intersegmental dynamics of the intact leg during the entire gait
cycle were minimally affected by increases in prosthetic leg inertia. In general, these
results suggested increases in prosthesis inertia increased demands on the musculature
during the swing phase of the prosthetic leg. EMG data did not support our finding of
increased muscle demand on the prosthetic leg during swing. Results of studies 3 and 4
provide no indication that the current practice of using of lightweight prostheses is
contraindicated or can be improved upon substantially. Unilateral, transtibial amputees
appear to gain the most benefit by using a below-knee prosthesis whose inertia properties
are far less than those of the limb it replaces. Increasing the inertia properties of belowknee prostheses is not recommended.
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Chapter 1
General Introduction
Approximately 80,000 lower limb amputations are performed each year in the US
according to the National Hospital Discharge Survey (Feinglass et al., 1999). When data
from the Veteran Health Administration (VHA) facilities are included in this estimate the
total number of lower limb amputations performed each year in the US approaches
90,000 (Mayfield et al., 2000). The primary causes for amputation in the US are diabetes,
peripheral vascular disease, and traumatic injury. For amputees afflicted with a chronic
disease, such as diabetes, exercise could potentially lead to improved health. A regular
walking program alone can reduce mortality by as much as 42 percent for individuals
with diabetes (Zarich, 2003).
The primary goal of rehabilitation after lower extremity amputation is to restore a
functional gait pattern to the amputee. For unilateral amputees, stance time symmetry
between legs is often used as an indicator of how well the amputee is progressing during
rehabilitation (Baker & Hewison, 1990). In the early part of rehabilitation unilateral
amputees may exhibit stance time asymmetries as high as 10% or greater, but prior to
discharge stance time asymmetries are often reduced to less 2% (Baker & Hewison,
1990). There are two main reasons symmetry is often of concern to the amputee. One is
an aesthetic reason, in which amputees believe that a more symmetrical gait pattern gives
them the ability to standout less in a crowd. The second reason is that asymmetrical
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walking patterns are thought to lead to early degenerative joint disease in the intact limb
and lower back pain (Hurley, McKenney, Robinson, Zadravec, & Pierrynowski, 1990).
Following unilateral lower extremity amputation, an amputee is fitted with a
“lightweight” prosthetic limb with inertia properties far less than those of the limb it
replaces. As a result, the unilateral amputee must adjust to an inertia asymmetry between
the intact and prosthetic limbs. Simulation results have suggested this inertia asymmetry
may be one reason asymmetrical walking patterns are often exhibited by unilateral,
transtibial amputees (Mena, Mansour, & Simon, 1981). This suggestion has provided the
impetus to a number of empirical studies focusing on the influence of prosthesis inertia
on walking symmetry and metabolic costs of amputee locomotion. Results from these
studies, however, have often been equivocal with regards to walking symmetry and
metabolic costs. Thus, it has been difficult to draw definitive conclusions based on the
current body of literature. Many of these empirical studies have manipulated the mass of
the prosthesis without considering the effects of prosthesis moment of inertia and center
of mass location. Investigating multiple prosthesis load configurations designed to
systematically vary moment of inertia and center of mass location of the prosthesis is
needed to more fully understand the influence of prosthesis inertia on walking symmetry
and metabolic costs of walking.
Little is currently known about the process of adjusting to altered lower extremity
inertia properties during walking. Selles and colleagues (Selles et al., 2004) have
suggested that amputees alter their muscle coordination at the hip and knee in effort to
retain swing phase kinematics following an inertia manipulation of their prosthesis.
However, Selles noted that only short term responses were quantified in his study (i.e.,
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participants were only exposed to the load for five minutes before data were collected),
and he suggested that there was a need to investigate longer term responses to inertia
manipulations. Investigating responses over a longer term, such as a week, would provide
further insights into the adjustment process of unilateral amputees when accommodating
to prostheses with different inertia properties.
Transtibial amputees also exhibit metabolic costs of walking that are 20 to 30%
higher than their non-amputees counterparts (Gailey et al., 1994; Waters & Mulroy,
1999). Thus far, the reasons for these higher metabolic costs are not fully understood.
Intuitively, one could argue that prescribing lightweight prostheses should reduce the
metabolic costs of walking due to lower muscular demands associated with accelerating a
lighter limb during the swing phase. Evidence in the literature contradicts this argument
and has shown that adding mass to the prosthesis does not necessarily increase the
metabolic costs (Czerniecki, Gitter, & Weaver, 1994; Gailey et al., 1997) and may even
decrease the metabolic cost of walking (Skinner & Mote, 1989). The metabolic costs of
walking arise from the transformation of chemical energy into mechanical energy at the
muscular level. However, empirical data related to neuromuscular responses to altered
prosthesis inertia have been limited. Investigating neuromuscular responses both from a
global perspective (e.g., inverse dynamics) and from an individual muscle perspective
(e.g., electromyography) could potentially provide insights into mechanisms associated
with higher metabolic costs of amputees during walking.
This dissertation consists of four studies. In the first two studies, short and longer
term changes in temporal and joint kinetic variables were investigated following a lower
extremity inertia manipulation. In the first study, non-amputee participants were studied
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and an inertia asymmetry between legs was created by adding mass to only one ankle
during walking. Since amputees exhibit substantial neuromuscular deficits on the
amputated side, it is important to understand how a fully intact neuromuscular system
responds to an inertia perturbation to better understand the amputee’s response. Study
two replicates study one, except that unilateral amputees were used as participants and
the inertia properties of the prosthesis were matched to the inertia properties of the intact
shank and foot. In studies 3 and 4, five different prosthesis load configurations were used
to better understand the effects of prosthesis mass, moment of inertia, and center of mass
location on the mechanics and energetics of locomotion. In study three the focus was on
temporal measures, joint kinematics, and metabolic costs associated with the different
load configurations during walking. In study four, we investigated the influence of the
same load configurations on neuromuscular responses during walking.

Chapter 2
Study 1 - Walking Patterns Change Rapidly Following Asymmetrical Lower
Extremity Loading
Lower extremity loading has been utilized to investigate effects of inertia
manipulations in both amputees (Czerniecki, Gitter, & Weaver, 1994; Donn, Porter, &
Roberts, 1989; Gitter, Czerniecki, & Meinders, 1997; Hale, 1990; Hillery & Wallace,
2000; Hillery, Wallace, McIlhagger, & Watson, 1997; Mattes, Martin, & Royer, 2000;
Skinner & Mote, 1989) and able-bodied individuals (Claremont & Hall, 1988; Martin,
1985; Martin & Cavanagh, 1990; Myers & Steudel, 1985; Skinner & Barrack, 1990)
during locomotion. The recent impetus for these studies has stemmed from the fact that
lower limb prostheses are substantially lighter than the limbs they replace. Prescribing
lightweight prostheses generally centers on the argument that a lighter prosthesis will
require less effort by the musculature, which ultimately reduces the metabolic costs
associated with locomotion. Contrary to this practice, several investigators using
computer simulations based on passive pendulum models have suggested the inertia
asymmetries between intact and prosthetic limbs may contribute substantially to gait
asymmetries (Bach, 1995; Mena, Mansour, & Simon, 1981; Tsai & Mansour, 1986). The
effects of altering mass and moment of inertia properties of the lower extremity on
locomotion are not clearly understood. Results from studies investigating these effects
are often equivocal.

This chapter has been published: Smith, J.D. & Martin, P.E. (2007). Walking patterns
change rapidly following asymmetrical lower extremity loading. Human Movement
Science, 26(3), 412-425.
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A limitation of many lower extremity loading studies is that little is known about
the process of adjusting to inertia changes during walking. Specifically, the amount of
time it takes individuals to adjust to altered inertia properties of the lower extremity is not
known (Selles, Bussmann, Wagenaar, & Stam, 1999). Many lower extremity loading
studies often do not report how much time was provided to participants to accommodate
to loads before data were collected (Donn et al., 1989; Hale, 1990; Hillery & Wallace,
2000; Martin, 1985; Martin & Cavanagh, 1990; Tashman, Hicks, & Jendrzejczyk, 1985).
When accommodation times have been reported, these times have varied from as little as
a few minutes to as long as three weeks (Czerniecki et al., 1994; Gitter et al., 1997;
Hillery et al., 1997; Huang, Chou, & Su, 2000; Mattes et al., 2000; Skinner & Barrack,
1990). Initial use of prosthetics or orthotics and changes in footwear design are examples
in which investigators would benefit from knowledge about reasonable accommodation
times. In addition, investigating adjustments to novel inertia manipulations of the lower
extremity would provide further insights into neural adjustments to altered limb inertia in
general.
Immediately following an inertia manipulation of the lower extremity the
kinematic movement patterns and/or underlying kinetics must change to meet the
demands of the new mechanical constraints. In unilateral below-knee amputees, Selles
and colleagues (Selles et al., 2004) recently reported that only 4 out of 22 investigated
kinematic variables (all were measures of thigh kinematics) were altered when prosthesis
inertia increased, whereas 13 out of 20 investigated kinetic (6 thigh; 7 knee) variables
were altered during the swing phase of walking. Thus, it appears that kinetics change in
an effort to accommodate the increased lower extremity inertia, while kinematic patterns
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remain similar to an unperturbed condition. However, it remains unclear as to whether
the kinetic patterns would remain the same over a longer term because amputees in this
study were only exposed to the inertia manipulation for approximately five minutes. In
addition, Selles and colleagues did not report changes in temporal features of the walking
pattern although others have shown that increasing lower extremity moment of inertia
increases swing time for the affected leg (Mattes et al., 2000; Skinner & Barrack, 1990).
In this study, we were specifically interested in the time course of changes in an
individual’s gait pattern produced by abrupt and asymmetrical changes in lower
extremity inertia properties produced by the addition of 1.95 kg near the ankle. This mass
approximated the difference between intact and prosthetic lower limbs previously
reported for unilateral, transtibial amputees (Mattes et al., 2000). We defined “well
accommodated” as the point at which no further statistically significant changes in
walking symmetry occurred following a change in lower extremity inertia. We focused
on symmetry measures in an effort to reduce the number of variables needed in our
statistical analysis. In addition, previous research (Skinner & Barrack, 1990) has shown
that walking symmetry is altered following an asymmetrical lower extremity inertia
perturbation, but it is unclear whether symmetry changes immediately or over a period of
time. It was our expectation that quantifiable changes in the symmetry of temporal and
kinetic gait descriptors resulting from a lower extremity inertia asymmetry would be
immediate because of the mechanical constraints of the system. More importantly, we
expected the altered state of symmetry reflected after a period of short term exposure to
the asymmetrical inertia condition (~ 5 to 10 minutes) would show no further change
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with continuing exposure over a 7-day period. Stated differently, we did not expect a
gradual, long term adjustment process to the inertia modification.

Methods

Participants
Four male and two female young healthy adults (age = 24 ± 4 years, height = 1.77
± 0.08 m, and mass = 72.9 ± 8.6 kg), free of any noticeable gait abnormalities,
participated in the study. All participants had experience either walking or running on a
treadmill prior to this study. Informed written consent was obtained from each participant
prior to participation, and approval for the protocol was obtained from the Institutional
Review Board at Pennsylvania State University.

Data Acquisition
Each participant completed an eight day experimental protocol (Figure 2.1),
which included data collection on days 1, 2, 7 and 8. Participants wore tight-fitting shorts
made of elastic material (i.e., lycra or spandex shorts) and the same footwear for all test
sessions. On each day, participants completed both overground and treadmill walking
trials at a speed of 1.57 m·s-1 (3.5 mph). The walking speed used in this study was
slightly higher than previously reported preferred walking speeds for young healthy
adults and was chosen in an effort to present a slightly more demanding task to the
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participants. During overground trials, participants walked along a 30 m walkway
containing two force plates (Kistler Instrument Corporation, Amherst, NY) integrated
into the center of the floor. During these trials, lower extremity motion (60 Hz) and
ground reaction forces (480 Hz) for two sequential foot contacts were captured
simultaneously using a seven camera Vicon 370 motion analysis system (Vicon Motion
Systems, Oxford, UK). Photocells, positioned 4.57 m apart, were used during overground
trials to monitor walking speed. Acceptable trials were those within ±3% of the target
speed and had no indication of stride adjustment to contact the force plates. During
treadmill walking, participants walked on a Gaitway instrumented treadmill (Kistler
Instrument Corporation, Amherst, NY) with two force plates positioned under the belt.
Force data during treadmill walking were sampled at 250 Hz for a period of 60 seconds
for each condition using Kistler’s software. Temporal data were measured on the
treadmill rather than overground because foot contacts could be estimated directly from
the vertical force components and data could be captured during continuous walking.
Joint kinetic data were not measured during treadmill walking because the treadmill force
plates were only capable of measuring vertical forces and shear forces are also needed for
joint kinetics analyses.
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load during this
period except
when showering
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Day 2 Protocol

Day 7 Protocol

Day 8 Protocol

Figure 2.1: Schematic of the eight day protocol. The first number in the identifier refers
to the day and the next two characters refer to the time period, where 00 through 60 refer
to minutes of a 60 minute treadmill protocol and L and U refer to loaded and unloaded,
respectively. At each time period, motion and GRF data were collected during three
overground walking trials and 60 seconds of force data were recorded while subjects
walked on an instrumented treadmill.
On day 1, participants were familiarized with the experimental protocol and were
allowed to practice walking on the instrumented treadmill for approximately 10 minutes
without any loads attached to either limb. Retro-reflective markers were then attached
bilaterally to various anatomical landmarks: greater trochanters, lateral femoral condyles,
lateral malleoli, lateral aspect of the heels, and heads of the fifth metatarsals. After all
markers were attached, the distances between markers and various anatomical landmarks
were measured using a standard anthropometric tape and recorded so that markers could
be carefully repositioned in the same locations on subsequent test days.
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Each participant then completed three overground trials and five minutes of
walking on the instrumented treadmill at the experimental walking speed. Motion and
GRF data from overground trials and GRF data from treadmill trials served as unloaded
baseline data for the first session (time 1.U, where "1" refers to the test day and "U"
refers to an unloaded condition; see Figure 2.1). Treadmill force data were collected
during the last 60 seconds of the five minute walking bout on the treadmill.
The participant was then positioned in a chair at the beginning of the overground
walkway and 1.95 kg was attached to either the right or left leg (3 participants wore the
load on the left leg and 3 wore the load on the right leg) using four packets of lead shot
with approximately equal masses. The 1.95 kg load added to the leg approximated the
difference between the intact and prosthetic lower limbs previously reported for
unilateral, transtibial amputees (Mattes et al., 2000). Packets of lead shot were equally
distributed to completely encompass the lower shank just above the medial and lateral
malleoli and were secured using an elastic bandage. This location was similar to that used
by Mattes et al. (2000) when adding mass to the prosthetic limb to match the prosthetic
and intact lower leg moments of inertia about a transverse axis through the knee. The
distance between the lateral femoral condyle marker and center of the added mass was
measured and recorded in order to replicate the position of the mass in subsequent
sessions and for use in later analyses. Participants then immediately completed three
overground walking trials without any load accommodation. All participants were
successful in completing overground trials at the targeted speed within one (~ 5 strides)
or two (~ 15 strides) trials. After completing the overground trials and while still wearing
the load, the participant immediately returned to the treadmill. Sixty seconds of force data
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(time period 1.L.00) during treadmill walking were collected as soon as the belt reached
the nominal speed.
From this point, the participant completed a 60 min treadmill/overground walking
protocol, during which treadmill walking was stopped periodically at 5, 10, 15, 30, and
60 minutes and the participant completed three more overground walking trials.
Treadmill data were recorded during the last 60 seconds of each treadmill walking bout,
which immediately preceded the three overground walking trials for that time period. At
the conclusion of the 60-minute protocol, the added mass was removed and immediately
replaced with a commercial ankle weight, which was easier for the participants to attach
and remove. The commercial and experimental masses were identical (1.95 kg).
Additionally, the dimensions of the experimental mass packets and the commercial
weight were similar. Because both were positioned similarly on the leg (distal end),
changes in center of mass location and moment of inertia about a transverse axis through
the knee joint were quite similar for the two mass systems. The commercial ankle weight
was not worn during data collection because it interfered with the malleolus marker.
Participants were asked to wear the ankle weight at all times except when showering or
sleeping.
Participants returned to the lab 24 hours after the first session for a second data
collection session. Reflective markers were repositioned over anatomical landmarks and
the commercial ankle weight was replaced with the four lead packets used during the first
session. Using the same methods employed in session one, motion and ground reaction
force data were collected for three overground trials and one five minute treadmill trial.
Once all data had been captured the lead packets were again replaced with the
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commercial ankle weight and participants were again instructed to wear ankle weights at
all times during the next six days except when showering or sleeping. On day 7, the
participant returned to laboratory to complete an experimental protocol similar to the first
session. The only difference between the protocols for days 1 and 7 was the loading
condition. On day 7, trials were initially collected with the load attached (7.L;
Figure 2.1). The load was then removed with participants seated in a chair at the
beginning of the walkway. The same 60 minute overground/treadmill walking protocol
used on day 1 was then repeated in an unloaded state. Following 24 hours of normal daily
activities without the added load, the participant returned for a final session on day 8. The
final session was similar to the second session, but in this session the participant again
walked without any added mass. During the entire eight day protocol, participants wore a
pedometer that measured how many steps were taken each day. Participants recorded
these steps in a personal activity log that was also used to monitor when subjects
removed the ankle weight throughout the day and what types of activities individuals
participated in during the eight days.

Data Analysis

Treadmill Walking Trials: Temporal Data
Treadmill force data were processed within Kistler’s Gaitway software. The
vertical force profile during each stride for each 60 second treadmill trial was used to
determine stride and stance times for each leg within Kistler’s software. These data were
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then exported to Microsoft Excel and swing time during each stride was computed as the
difference between stride time and stance time. Participants completed approximately 50
to 55 strides during each 60 second treadmill trial. Mean stance and swing times for each
leg were computed across all completed strides within each 60 second treadmill trial.
Symmetry indices (SI) were then computed using these mean stance and swing times to
quantify temporal differences between legs at each time period during the walking
protocol (see Figure 2.1). The SI was defined as:

SI =

(L − U )
* 100
0.5 * (L + U )

(2.1)

where L and U refer to data for loaded and unloaded limbs and a symmetry index of zero
represents perfect symmetry. SI for stance time and swing time served as two dependent
variables in our statistical analyses.

Overground Walking Trials: Joint Kinetic Data
Marker coordinate data from overground walking trials were filtered using a
fourth-order, zero-lag, recursive Butterworth digital filter. Cut-off frequencies (4 Hz for
hip, 5 Hz for knee, 6 Hz for ankle, and 7 Hz for foot markers) were based on residual
analysis (Winter, 1990). Each overground walking trial was analyzed using six gait
events (three events for each leg) to define one complete stride cycle for each leg, which
occurred in the following order:
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1. right foot contact on the first force plate,
2. left foot toe-off from the ground prior to the first force plate,
3. left foot contact on the second force plate,
4. right foot toe-off from the first force plate,
5. right foot contact on the ground after the second force plate, and
6. left foot toe-off from the second force plate.
Therefore, stride cycles were defined from event 1 to event 5 for the right leg and from
event 2 to event 6 for the left leg. An algorithm with a threshold based on the mean plus
one standard deviation of the vertical force for 100 samples prior to foot contact was used
to determine heel strike and toe off events when these events occurred on a force plate
(events 1, 3, 4, and 6). For events 2 and 5, which did not occur on a force plate, the
horizontal velocity of the toe marker was used to determine foot contact and toe off. The
horizontal velocity of the toe marker during the same event, when it occurred on a force
plate, was used to determine the threshold for this algorithm.
Each lower extremity was modeled as a series of three rigid bodies connected by
frictionless revolute joints. A two-dimensional inverse dynamics approach was used to
compute resultant joint moments (Winter, 1990) about the ankles, knees, and hips for
each overground trial. Segment inertia properties were estimated based on regression
equations from the literature (de Leva, 1996). During walking trials in which mass was
added to the shank, the added mass was modeled as a point mass located a known
distance inferior to the knee joint center. The affected shank’s mass, center of mass
location, and moment of inertia were adjusted to reflect the added load (Table 2.1).
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Center of pressure data were converted to a global laboratory reference frame so that
coordinate data and center of pressure data were in the same frame of reference.
Table 2.1: Shank mass, moment of inertia and center of mass changes due to addition of
1.95 kg.
Absolute Change

Relative Change (% of NL)

Increase in Shank Mass
1.95
(kg)
Increase in Iknee for shank
0.274 (0.058)
(kg·m2)
Distal Shift in Shank COM
0.073 (0.006)
relative to knee axis (m)
Note: Numbers in parentheses represent one standard deviation.

60.3 (5.9)
75.9 (9.5)
43.9 (7.2)

For each individual overground walking trial, six (3 hip and 3 knee) discrete
dependent variables for joint kinetics were identified: (1) peak knee moment near swing
initiation, (2) peak knee moment near swing termination, (3) peak hip moment near
swing initiation, (4) peak hip moment near swing termination, (5) integral of rectified
knee moment, and (6) integral of rectified hip moment. After variables had been
identified in each trial, these discrete variables were averaged across the three trials for
each condition, except for the trials immediately following load application on day 1
(1.L.00; Figure 2.1) or removal on day 7 (7.L.00; Figure 2.1). For these conditions, the
first trial in which complete contact was made with both force plates was used to
represent initial exposure. The reason for using only the first trial was that this trial would
best capture the immediate alteration in gait mechanics as a result of the change in load
condition. Symmetry indices (refer to Eq. 2.1) were then computed for each of the six
joint moment variables and were used as six dependent variables in our statistical
analyses. Hip and knee moments were the focus of this analysis because we expected the
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load to primarily affect the hip and knee since the load was attached superior to the ankle
joint (Martin & Cavanagh, 1990).

Statistical Analysis

Eight one-factor general linear-model ANOVAs (Minitab Inc., State College, PA)
with 16 repeated measures reflecting the times at which data were collected over the 8day protocol were conducted to test the null hypothesis that SI were identical across all
time periods. When the null hypothesis was rejected, follow up contrasts were conducted
using Tukey’s Wholly Significant Difference test. Statistical significance was determined
at p < 0.05. Due to the small number of subjects used in the statistical analysis, effect
sizes (ES) were computed for important pairwise comparisons according to Thomas and
Nelson (Thomas & Nelson, 1996):

ES =

(M1 − M 2 )
sp

(2.2)

where M1 is the mean at one time period and M2 is the mean at another time period.
Effects sizes greater than or equal to 0.8 were considered large, effect sizes around 0.5
were considerate moderate, and effect sizes equal to 0.2 or less were considered small.
The pooled standard deviation (sp) was computed as follows:
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2

sp =

2

( s1 + s 2 )
2

(2.3)

where s1 and s2 are the standard deviations at each time period.

Results

Subjective data from the daily activity logs confirmed that participants adhered to
the protocol of removing the ankle weight only when showering or sleeping. Pedometer
results also showed that participants took approximately 6574 (± 2904) steps per day and
took a similar number of steps on those days on which the ankle weight was worn (6651
± 1112 steps) as they did on days without the ankle weight (6383 ± 2351 steps).
Subjects initially displayed symmetrical walking patterns when first observed in
the absence of an inertia asymmetry (Figures 2.2, 2.3, and 2.4; time period 1.U). This was
true for all dependent variables being studied. Symmetry was subsequently disrupted by
the application of 1.95 kg to the distal aspect of one leg. The resulting asymmetries were
immediate for most dependent variables and showed little additional change with
continued exposure to the load over the next six days. The removal of the load on day 7
of the protocol produced equally abrupt changes back to a symmetrical walking pattern.
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Figure 2.2: Mean symmetry indices across all participants for stance and swing times.
Statistically significant (a) asymmetries appeared immediately and remained throughout
the period of seven days. No other significant differences were found throughout this
period. A positive SI indicates that the time for the loaded limb was longer than the
unloaded limb. Immediately following removal of the load, stance and swing times
became symmetrical again (b) and were consistent with symmetry levels during 1.U.
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Figure 2.3: Mean symmetry indices across all participants for peak knee extensor
moment near swing initiation, peak knee flexor moment near swing termination, and
rectified knee moment integral. A plot of average (across three trials and all subjects)
knee moments for unloaded (U) and loaded (L) limbs is provided to clarify statistical
focus for the knee. Moment data are normalized to body weight and height. A positive SI
indicates that the magnitude of the loaded limb variable was larger than the unloaded
limb variable. With application of the load, noticeable asymmetries appeared
immediately. For the peak knee extensor and knee moment integral, no further changes in
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continued to change beyond initial exposure to the load, but changes were complete
within five minutes. Immediately following load removal, all variables returned to
baseline symmetry levels (1.U) and did not change significantly over the next 24 hours.
a - indicates last time period in which significant changes occurred following load application.
b - indicates last time period in which significant changes occurred following load removal.
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Figure 2.4: Mean symmetry indices across all participants for the peak hip flexor
moment near swing initiation, peak hip extensor moment near swing termination, and hip
moment integral. Average (across three trials and all subjects) hip moment plots are
provided to clarify statistical focus for the hip. Moment data are normalized to body
weight and height. Changes in symmetry at the hip due to asymmetrical loading were
only observed in the peak hip extensor moment near swing termination. Results were
similar to the results for the peak knee flexor moment near swing termination. However,
changes occurred not only during the first five minutes following application of the load
but also during the first five minutes following removal of the load.
a - indicates last time period in which significant changes occurred following load application.
b - indicates last time period in which significant changes occurred following load removal.

More specifically, application of 1.95 kg to the distal part of the shank affected
stance (F15,75 = 27.48, p < 0.001) and swing time (F15,75 = 27.48, p < 0.001) symmetries
between legs (Figure 3.2). Statistically significant changes occurred immediately
following application of the load to the ankle on day 1 (1.U vs 1.L.00: p < 0.001; ES ≈
3.9 for both stance and swing times) and removal of the load on day 7 (7.L vs 7.U.00: p <
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0.006; ES ≈ 3.0 for both). These significant changes in stance time and swing time
symmetry can be attributed primarily to increases in swing time for the loaded limb and
stance time for the unloaded limb (Table 2.2).
Table 2.2: Mean stance and swing times across all subjects during symmetrically (no load
on either leg) and asymmetrically loaded (1.95 kg added to one leg) walking conditions.
Stance Time (ms)
loaded leg

unloaded leg

Swing Time (ms)
loaded leg

unloaded leg

Loaded (1.95 kg asym)

608 (3)

626 (4)

404 (4)

385 (3)

No load (sym)

612 (2)

610 (4)

384 (5)

386 (4)

Note. Numbers in parentheses represent one standard deviation.
Symmetry indices for peak knee extensor moment (F15,75 = 8.83, p < 0.001), peak
knee flexor moment (F15,75 = 198.21, p < 0.001), and knee moment integral (F15,75 =
24.37, p < 0.001) exhibited significant differences among time periods. Results for the
peak knee extensor moment SIs and knee moment integral SIs were identical to results
for stance and swing times with similar p-values and effect sizes. Peak knee flexor
moments changed immediately (1.U vs 1.L.00: p < 0.001, ES = 4.3). The knee flexor
moment during 1.L.00 differed significantly from all from all other loaded conditions,
except for 1.L.05 (p = 0.08; ES = 1.00) and 1.L.15 (p = 0.48; ES = 0.80). All effect sizes
for these comparisons were greater than 0.8, which suggests a meaningful difference was
present. However, 1.L.05 was not significantly different from any of the loaded time
periods that followed (1.L.10 through 7.L), which suggests that changes in this variable
were complete within the first five minutes of exposure to the new load. Immediately
following load removal, symmetry returned to levels consistent with baseline (i.e., 1.U).
In absolute terms, knee moments of the unloaded limb were not altered after the mass
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was added to the contralateral limb. Thus, changes in the symmetry indices for knee
moment variables can be attributed to increases in magnitude of the loaded limb’s knee
moment.
At the hip, significant differences were only found for the peak hip extensor
moment near swing termination (F15,75 = 7.48, p < 0.001). However, changes in
symmetry for this variable did not occur immediately after loading or unloading. Rather,
the first notable change in symmetry occurred five minutes after load application (1.L.00
vs 1.L.05: p = 0.01; ES = 0.9) and five minutes after load removal (7.L vs 7.U.05: p <
0.001; ES =1.3). In absolute terms, hip moments of the unloaded limb were not altered
after the mass was added to the contralateral limb. Thus, changes in the symmetry indices
for hip moment variables can be attributed to increases in magnitude of the loaded limb’s
hip moment.

Discussion

Our results were consistent with our hypothesis that changes in walking
symmetry, reflected by temporal and kinetic asymmetries, due to asymmetrical lower
extremity inertia conditions occur within the first 5 to 10 minutes of exposure to the load.
Asymmetries in stance and swing time symmetries were apparent from the first treadmill
assessment following application of the 1.95 kg load to one ankle, and did not change
with further exposure to the load. However, hip and knee moments exhibited further
changes between the initial exposure (1.L.00) and after five minutes of exposure (1.L.05).
No further changes occurred in the hip or knee moment after time period 1.L.05 until the
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load was removed on day seven (7.U.00). Upon removal of the load, walking symmetry
returned to baseline levels within five minutes. Thus, our data do not reflect the presence
of a long term, gradual adjustment in gait mechanics to a change in lower extremity
inertia.
The observed increases for stance time of the unloaded leg and swing time of the
loaded leg as a result of asymmetrical loading were similar to results from Skinner and
Barrack (1990) for similar loading conditions. When 1.82 kg was added to one ankle,
Skinner and Barrack observed increases of approximately 20 ms in stance time for the
unloaded leg and swing time for the loaded leg. Estimated symmetry indices for stance
and swing time were -5.0% and 6.4%, which are consistent with, although slightly greater
than our computed symmetry indices (Figure 2.2). A force-driven harmonic oscillator
(FDHO) model has been used for predicting stride times during walking (Holt, Hamill, &
Andres, 1990) and in consideration of Huygen’s law has been used for predicting stride
times following asymmetrical mass manipulations in the lower extremity (Lin-Chan,
Bilodeau, Yack, & Nielsen, 2004). Huygen’s law implies the actual stride time should be
intermediate to the predicted stride times for the loaded and unloaded legs (Lin-Chan et
al., 2004). For our subjects, the FDHO model predicted the added mass would cause the
stride time of the loaded limb to increase by approximately 57 ms when compared to the
prediction for the unloaded leg. Based on Huygen’s law, stride time for both legs was
expected to increase by approximately 32 ms. The increase in stride time we observed
was in the predicted direction, but was a more modest 16 ms (Table 2.2). The increase in
stride time for the loaded limb was limited to an increase in swing time, whereas the
increase in stride time for the unloaded limb was due to a longer stance time. These data
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illustrate the dynamically coupled nature of the lower extremities during walking. That is,
any change in the temporal pattern of one leg ultimately affects the temporal pattern of
the other leg, with the underlying constraint that stride time must remain identical for
both legs when walking in a straight line.
Neuromuscular changes, as reflected by net joint moments, were more
pronounced at the knee than the hip and were reflected by increased peak flexor and
extensor moments during swing for the loaded limb. It was not surprising that the
response at the knee was clearer than the response at the hip since hip moments are
typically more variable than knee and ankle moments (Winter, 1987). In addition,
additional mass used in this study increased the moment of inertia about a transverse axis
through the knee by approximately 76%, whereas the moment of inertia about a
transverse axis through the hip joint increased by a more modest 44%. Thus, it is possible
that the greater sensitivity of the knee moment dependent variables is due in part to the
larger relative increase in moment of inertia at the knee.
In general, increased joint moment magnitudes for the loaded limb during swing
were consistent with greater inertia of this limb. Neuromuscular changes were not
complete immediately following initial exposure to the load. Instead several joint
moment variables exhibited additional changes up to five minutes after load application.
Beyond this point all joint moment variables did not change until the load was removed.
These results are consistent with previous findings. For example, when participants were
asked to walk on a split-belt treadmill and velocity of one of the belts was slowed relative
to the other, participants adjusted lower extremity muscle excitations over approximately
20 strides to account for the differences in belt speeds (Dietz, Zijlstra, & Duysens, 1994;
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Prokop, Berger, Zijlstra, & Dietz, 1995). Participants walking with an exoskeleton
strapped to their lower extremities, which provided a velocity dependent resistance
during stepping, adjusted lower extremity muscle excitations over about 10 strides to
accommodate the additional load imposed by the exoskeleton (Lam, Anderschitz, &
Dietz, 2006). Despite differences between our perturbation and those of split-belt walking
and walking with an exoskeleton strapped to the legs, it appears that adjustment to lower
extremity loading occurs over the course of several strides. Thus, the neuromuscular
system may need time, albeit brief, to adjust to altered inertia properties of both the lower
extremities.
It is worth noting that an apparent after-effect was observed in the peak hip
extensor moment near swing termination following load removal. On an individual
participant basis, we found that three out of our six participants showed a clear aftereffect for the peak hip extensor moment following load removal and two other
participants exhibited a slight after-effect for this variable. Previous researchers (Lackner
& Dizio, 1994; Lam et al., 2006; Sainburg, Ghez, & Kalakanis, 1999; Shadmehr &
Mussa-Ivaldi, 1994) investigating load manipulations have used the existence of an aftereffect following load removal to suggest that the internal model of the task itself was
altered when adjusting to the new load. Thus, the presence of the after-effect in the hip
moment following load removal in our study potentially suggests that the process of
accommodating to the altered lower extremity inertia during walking was not purely a
mechanical response, but also involved altering the internal model. It should be noted,
however, that evidence of an after-effect was only seen for this one variable so caution
should be used when interpreting this result. To better understand whether neural
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adjustment occurs as the result of altering lower extremity inertia, electromyography of
the lower extremity muscles should also be investigated in conjunction with inverse
dynamics to provide a more direct interpretation of muscle responses following load
manipulation.
While our results indicate at first glance that temporal data adjusted more abruptly
than net joint moment data there are several methodological limitations to our study that
could have contributed to this outcome. First, this outcome may be due in part to our
experimental design, particularly the timing of overground walking, the source of our net
joint moment analyses, and treadmill walking, the source of our temporal analyses. Since
three overground walking trials were collected immediately following application of the
load to one ankle and prior to any treadmill walking, joint moment data for 1.L.00
actually reflect less exposure to the inertia change than temporal data for 1.L.00. When
temporal data were collected for 1.L.00, subjects would have already completed three
overground walking (~50-60 strides), traversed the distance between the overground
walkway and treadmill area (~10-15 strides), and walked (~20-30 strides) on the
treadmill while the treadmill belt speed increased to the experimental speed. Had we been
able to capture both temporal and kinetic data continuously following a unilateral change
in leg inertia, accommodation profiles for temporal and joint moment data may have been
more similar. Secondly, our joint moment data were averaged over 3 strides compared to
50 to 55 strides for our temporal data suggesting that our temporal data were influenced
less by a spurious stride. Given the above limitations to this study, however, the results of
this study clearly show that no further changes occurred in temporal or joint moment data
after five minutes of walking under altered inertia conditions. Future studies in this area
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should focus on the first five minutes of accommodation in an effort to gain further
insights into potential neural adjustments to the additional lower extremity loads. This
assessment would probably be accomplished more effectively during treadmill walking.
Although it may be difficult to analyze the stance phase of walking without an
instrumented treadmill capable of measuring both vertical and shear forces, swing phase
analyses which do not require ground reaction force information would be valuable since
many of the changes due to the load are reflected in swing phase dynamics.
In conclusion, walking symmetry was perturbed immediately following initial
exposure to asymmetrical loading. Temporal data reflected a rapid and stable adjustment
to the inertia change, both when load was added to the limb and when it was removed.
Both hip and knee moments exhibited further changes beyond initial exposure to the load,
but these changes were complete within five minutes. Whether temporal data reflect an
immediate adjustment to the load or the observed response is related to the timing at
which the temporal data were assessed remains unclear. From a more practical
perspective, our results clearly suggest that individuals should be given at least five
minutes of walking or other normal activity to adjust to altered inertia conditions before
gait assessment is conducted. The neuromuscular system, as reflected in our project by
joint moment profiles, appears to adjust over several minutes of exposure to altered
inertia conditions. Our recommendation of five minutes is consistent with the shortest
accommodation times reported in the literature, suggesting that data from these studies
(Czerniecki et al., 1994; Gitter et al., 1997; Hillery et al., 1997; Huang et al., 2000;
Mattes et al., 2000; Skinner & Barrack, 1990) most likely reflect a fully accommodated
response.
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Chapter 3
Study 2 - Short and longer term changes in amputee walking patterns due to
increased prosthesis inertia

In a previous study (Chapter 2), we established that non-amputees adjust to
asymmetrical lower extremity loading conditions rapidly. We asked subjects to wear 1.95
kg around one of their ankles for one week during which time we periodically assessed
their walking symmetry. Changes in walking symmetry due to asymmetrical lower
extremity loading were complete within five minutes of exposure to the load. Continuing
exposure to the load over the course of the next seven days produced no further changes
in gait mechanics. Asymmetrical lower extremity loading perturbed stance time, swing
time, and joint moment symmetry between legs. After the load was applied, swing time
of the loaded leg and stance time of the unloaded leg increased. Peak hip and knee joint
moments in the loaded limb also increased, but were unaltered in the unloaded limb.
Removal of the load on day 7 produced an equally rapid return to normal temporal and
kinetic gait parameters that were quantified prior to limb loading. Based on these results,
we recommended the use of at least a five minute accommodation period to allow
individuals to adjust to altered limb inertia properties prior to any gait assessment.
Longer term adjustment periods, however, appear to be unnecessary. Unfortunately, these
results cannot be generalized to lower extremity amputees, and it remains unclear
whether an amputee would respond to altered inertia properties of their prosthesis in a
similar manner.
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Effects of altering the inertia properties of lower limb prostheses on the
mechanics and energetic costs of amputee locomotion have been the focus of a number of
studies (Czerniecki, Gitter, & Weaver, 1994; Donn, Porter, & Roberts, 1989; Gailey et
al., 1997; Gitter, Czerniecki, & Meinders, 1997; Hale, 1990; Hillery & Wallace, 2000;
Hillery, Wallace, McIlhagger, & Watson, 1997; Mattes, Martin, & Royer, 2000; Selles,
Bussmann, Van Soest, & Stam, 2004; Selles, Bussmann, Wagenaar, & Stam, 1999;
Selles, Korteland, Van Soest, Bussmann, & Stam, 2003; Skinner & Mote, 1989;
Tashman, Hicks, & Jendrzejczyk, 1985). Lower limb prostheses are often much lighter
than the limbs they are designed to replace, which creates an inertia asymmetry between
prosthetic and intact limbs in unilateral amputees. Prescribing lightweight prostheses
generally centers on the argument that a lighter prosthesis will require less effort by the
musculature, which ultimately reduces metabolic demands during locomotion. Contrary
to this practice, several investigators using computer simulations based on passive
pendulum models have suggested the inertia asymmetries between intact and prosthetic
limbs may contribute substantially to gait asymmetries (Bach, 1995; Mena, Mansour, &
Simon, 1981; Tsai & Mansour, 1986). However, the effects of altering mass and moment
of inertia properties of the prosthesis on amputee locomotion are not clearly understood
and results from studies investigating these effects are often equivocal.
Little is known about the process by which unilateral lower extremity amputees
adjust to altered inertia properties of the prosthetic limb during walking. In a recent study
(Selles, Bussmann, Klip et al., 2004), it was shown that during the swing phase of
walking only four out of 22 kinematic variables investigated (all four were measures of
thigh kinematics) were significantly affected when inertia properties of the prosthesis
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were altered, whereas 13 out 20 kinetic variables (six hip and seven knee variables) were
significantly affected. Selles and colleagues (Selles, Bussmann, Van Soest et al., 2004;
Selles, Bussmann, Klip et al., 2004) suggested amputees adjust to altered inertia
properties of their prosthesis by altering their muscle coordination patterns at the hip and
knee in an effort to retain swing phase kinematics during walking. They referred to this as
a kinematic invariance strategy. However, only short term changes were quantified. It is
not clear whether further changes would have occurred if the amputees had been given
longer than 5 minutes to adjust to the new prosthesis inertia.
The amount of time it takes amputees to adjust to altered inertia properties of their
lower limb prosthesis is not known (Selles, Bussmann, Klip et al., 2004; Selles et al.,
1999). When prosthesis mass is experimentally increased, the amount of time given to the
amputee to adjust to the new prosthesis mass is often not reported (Donn et al., 1989;
Gailey et al., 1997; Hale, 1990; Tashman et al., 1985). When accommodation times have
been reported, these times have varied from as little as a few minutes to as long as three
weeks (Czerniecki et al., 1994; Gitter et al., 1997; Hillery & Wallace, 2000; Hillery et al.,
1997; Huang, Chou, & Su, 2000; Mattes et al., 2000). Clinicians, researchers, and
amputees would benefit from knowledge of the process and timing of adjustments to
different prosthesis mass distributions.
The purpose of this study was to quantify the time course of changes in temporal
and joint kinetic patterns of walking in a group unilateral, below-knee amputees who
were asked to walk with a prosthesis whose inertia properties had been matched to the
inertia properties of their intact limb. Specifically, we investigated alterations in gait
mechanics caused by increasing the prosthesis inertia over a short term (over the first
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hour) and a longer term (eight days). We chose to match the inertia properties of the
prosthetic limb to the intact limb for two reasons: (1) previous research (Mattes et al.,
2000; Selles, Bussmann, Van Soest et al., 2004; Selles, Bussmann, Klip et al., 2004) has
focused on this specific manipulation as a means of improving walking symmetry in this
population, and (2) it is the reverse of the manipulation we used in our previous study of
non-amputees in which we took a symmetrical system and created an inertia asymmetry
by adding 1.95 kg near one ankle. Based on results of our previous study in nonamputees, we hypothesized that walking patterns would change immediately following
the inertia manipulation and that no further changes would occur after five minutes of
exposure to the new prosthesis inertia.

Methods

Participants

Four unilateral, below-knee amputees (Table 3.1) participated in this study. All
participants wore a prosthesis with a lock and pin suspension system and a dynamic
elastic response prosthetic foot. Participant recruitment focused on amputees who were
fully ambulatory, had used a lower limb prosthesis for at least one year, and maintained
some degree of physical activity either in their vocational and/or daily activities.
Participants were asked about their recreational and vocational activities in an effort to
assess their ability to walk for prolonged periods of time. For example, participants were
asked to estimate their longest walk, in terms of both distance and time, they performed
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during a typical week without stopping. Participants who reported an ability to walk
continuously for approximately 30 minutes without stopping were identified. This helped
ensure that participants were able to perform both overground and treadmill walking for
prolonged periods without substantial fatigue or discomfort during the experimental
walking protocol. Informed written consent was obtained from each participant prior to
participation, and approval for the protocol was obtained from the Institutional Review
Board at Pennsylvania State University.

Table 3.1: Subject characteristics.
Subject

Gender

Age
(yrs)

A
B

Male
Female

44
34

Body
Mass
(kg)
104.1
97.3

C
D
Mean
± SD

Male
Male

43
51
43
±7

107.3
101.8
102.6
± 4.2

Height
(m)
1.77
1.60
1.75
1.83
1.74
± 0.10

Time since
amputation
(yrs)
3
10
5
8
6
±3

Preferred
walking
velocity (m/s)
1.09
1.29
1.30
1.08
1.19
± 0.12

Cause for
Amputation
Traumatic injury
Congenital Bone
Disease
Traumatic injury
Diabetes

Segment Inertia Properties

Each participant completed three experimental sessions. Body mass, body height,
and lower extremity segment lengths were measured prior to exercise in the first
experimental session. Since prosthesis mass was less than the mass of the limb it
replaced, body mass was adjusted to account for the lost mass prior to estimating segment
inertia properties using the following equation:
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ABM =

MBM − M pros − M residual
1− c

(3.1)

where ABM is the adjusted body mass, MBM is the measured body mass while wearing
the prosthesis, Mpros is the mass of the prosthesis, Mresidual is the mass of the residual limb
(anatomical structures below the knee that remain after amputation), and c (0.057 for
males; 0.061 for females) is percent of ABM accounted for by the intact shank and foot
(de Leva, 1996). Inertia properties of the thigh, shank and foot of the intact leg and thigh
of the prosthetic leg were estimated based on the ABM and their respective segment
lengths (de Leva, 1996). Inertia properties of the residual limb were estimated by
modeling the residual limb as the frustum of a right circular cone (Hanavan, 1964; Mattes
et al., 2000) and assuming a uniform tissue density of 1.1g·cm-3 (Mungiole & Martin,
1990). Residual limb length and two circumferences - one just distal to the knee joint and
the other near the distal aspect of the residual limb - were used as inputs into the model.
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Figure 3.1: Oscillation rack with prosthetic limb.

Inertia properties of the prosthesis were measured experimentally. Mass of the
prosthesis was measured using a standard laboratory scale (Acculab, Edgewood, NY)
with a capacity of 10 kg and sensitivity to the nearest gram. A reaction board technique
was used to measure the prosthesis center of mass and an oscillation technique was used
to estimate prosthesis moment of inertia about a series of transverse axes. The prosthesis
was secured inside an adjustable aluminum frame (mass = 1.85 kg) with the sagittal plane
of the prosthesis oriented perpendicular to the oscillation axis of the frame (see
Figure 3.1). The center of mass of the entire system (prosthesis + frame) was
subsequently estimated (Figure 3.2). The prosthesis was later removed from the frame so

38
the frame’s center of mass location could be estimated and used to predict the center of
mass location of the prosthesis. Before measuring the frame alone, the adjustable
elements of the frame were repositioned to the configuration used while the prosthesis
was secured in the frame. Thus, the effects of the frame alone could be subtracted from
the prosthesis plus frame measurements to estimate the center of mass location for the
prosthesis. The center of mass location of the prosthesis was first expressed relative to the
reference axis (Figure 3.2):

CMpros_ax = (Lrxn * (Rpros + frame – Rframe)) / mpros

(3.2)

where Lrxn represents the distance between points of support, Rpros+frame represents the
scale reading for the prosthesis and aluminum frame together, Rframe represents the scale
reading for the frame only, and mpros represent the mass of the prosthesis. The center of
mass location for the prosthesis was then expressed relative to the oscillation axis. This
was needed in subsequent computations of the moment of inertia of the prosthesis
relative to this oscillation axis. Based on the distance between oscillation and reference
axes (L_osc_ref) the center of mass location of the prosthesis was expressed relative to
the oscillation axis:

CMpros_osc = L_osc_ref - CMpros_ax.

(3.3)
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Finally, the center of mass location was expressed relative to the proximal end of the
prosthetic socket based on the distance between the oscillation axis and the top adjustable
end plate (d_plate):

CMpros_prox = CMpros_osc – d_plate

(3.4)

L_osc_ref
Adjustable
aluminum frame
CMpros_ax

CMpros_osc
Oscillation
Axis

Prosthesis
d_plate

mpros
Lrxn
Reference
Axis

ground
Rpros + frame

Figure 3.2: Schematic for reaction board system used to determine center of mass
location of the prosthesis.
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The aluminum frame and prosthesis were subsequently suspended from a low
friction, bearing mounted oscillation axis and oscillated to determine the period of
oscillation of the system (Martin, Mungiole, Marzke, & Longhill, 1989). Angular
deviations of the frame were limited to less than 5 degrees from the neutral position. The
period of oscillation of the system was determined as the mean of 30 oscillations (the first
10 oscillations for a series of 3 consecutive trials). The choice to use 10 oscillations from
three trials was based on a sensitivity analysis designed to assess the stability of the
oscillation period over many sequential oscillations (Appendix A). After removing the
prosthesis and re-establishing the configuration of the frame, the center of mass location
of the frame alone was determined using the reaction board technique described
previously. Average period of oscillation of the aluminum frame alone was also
determined, but was computed as the mean of only 10 oscillations (the first oscillation of
10 separate trials). Results of the sensitivity analysis for the frame alone trials
demonstrated that without the extra inertia of a limb the oscillation period of the frame
alone decayed systematically over the first ten oscillations within a trial and suggested
the first oscillation was the best representation of oscillation period. We then computed
the moment of inertia for each condition (frame alone and frame + prosthesis):

2

I axis

⎛ τ ⎞
=⎜
⎟ mgd
⎝ 2π ⎠

(3.5)

where Iaxis is the moment of inertia relative to the oscillation axis, τ is the average period
of one oscillation, m is the mass of the system, g is the acceleration due to gravity, and d
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is the distance between the oscillation axis and the center of mass of the system. The
moment of inertia of the prosthesis relative to the oscillation axis was computed as the
difference between Iaxis for the cage alone and Iaxis for the cage plus prosthesis. The
parallel axis theorem was then used to express the moment of inertia of the prosthesis
about its center of mass and about the knee joint.

Prosthesis Inertia Manipulation

The difference between the combined mass of the intact shank and foot and the
combined mass of the residual limb and prosthesis was quantified (Table 3.2). The added
mass was positioned distally on the prosthesis so that the moment of inertia of the
prosthetic limb about a transverse axis through the knee was matched to that of the intact
limb. This mass was distributed between two concentrated and equally sized packets of
lead shot and was affixed to the anterior and posterior aspects of the prosthesis. The mass
was affixed to the anterior and posterior portions of the limb so that the added mass
would not restrict movement during walking. The following relationship was used to
predict the location at which the mass needed to be added in order for the moments of
inertia to be matched:

d=

I int act − I pros
m

(3.6)

where d was the distance below the knee that the mass needed to be placed, Iintact and Ipros
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were the moments of inertia of the intact limb (shank + foot) and prosthetic limb (residual
limb + prosthesis) about a transverse axis through the knee joint, and m was the mass that
was added to the prosthetic limb. The calculated d value for each participant placed the
added mass just proximal to the ankle joint (Table 3.2), which was consistent with the
location predicted by Mattes et al. (2000).

Table 3.2: Inertia properties of the intact and prosthetic limbs.

Subject

Intacta
Mass
(kg)

Prosb
Mass
(kg)

A
B
C
D
Mean
± SD

6.03
6.07
6.23
6.24
6.14
± 0.11

4.27
3.39
4.22
4.11
4.00
± 0.41

Est. Mass
difference
(kg)

Ikneeintact
(kg·m2)

Ikneepros
(kg·m2)

1.76
2.68
2.01
2.13
2.15
± 0.39

0.604
0.400
0.585
0.585
0.544
± 0.096

0.325
0.196
0.287
0.262
0.268
± 0.054

Intact
COM
below
the knee
joint (m)
0.268
0.215
0.260
0.263
0.252
± 0.025

Pros
COM
below
the knee
joint (m)
0.215
0.177
0.192
0.189
0.193
± 0.016

dc
(m)
0.396
0.274
0.384
0.389
0.361
± 0.058

a

Intact refers to values for the combined intact shank and foot.
Pros refers to values for the combined prosthesis and residual limb.
c
Distance below knee joint added mass was placed in order to match Iknee between intact
and prosthetic limbs.
b

The Walking Protocol

Each participant completed an eight day experimental protocol (Figure 3.3),
which included data collection on days 1, 2, and 8. In each test session, the participants
completed a walking protocol consisting of both overground walking and treadmill
walking at their preferred velocity, which was measured prior to the experiment. Each
participant’s preferred walking velocity was determined by computing the mean velocity
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of five overground walking trials, which were collected shortly after the participant
arrived in the lab on day one. This preferred velocity was used as the target walking
velocity during both treadmill and overground walking during the experimental protocol.
Photocells, positioned 4.57 m apart, were used during overground trials to monitor
walking speed during the experiment. Acceptable trials were those within ±3% of the
preferred velocity and had no indication of stride adjustment to ensure contact with the
force plates.

Mass was added to
prosthesis.

Mass remained
attached to the
prosthesis
throughout this
entire period.

Mass was removed
from prosthesis.

1.U
1.L.00
1.L.05
1.L.10
1.L.15
1.L.30
1.L.60
2.L
8.L
8.U.00
8.U.05
8.U.10
8.U.15
8.U.30
8.U.60

Day 1 Protocol

Day 2 Protocol

Day 8 Protocol

Figure 3.3: Schematic of the eight day protocol. The first number in the identifier refers
to the day and the next two characters refer to the time period, where 00 through 60 refer
to minutes of a 60 minute treadmill protocol and L and U refer to loaded and unloaded,
respectively. At each time period, motion and GRF data were collected during three
overground walking trials and 60 seconds of foot switch data were recorded while
subjects walked on a treadmill.
On day 1, participants were familiarized with the experimental protocol and
practiced walking on the treadmill for a minimum of 10 minutes without any loads
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attached to their prosthesis prior to data collection. Previous research (Van de Putte,
Hagemeister, St-Onge, Parent, & de Guise, 2006) suggests that 10 minutes of treadmill
walking prior to data collection allows participants to habituate to walking on a treadmill.
Additionally, all participants in this study had prior experience walking on a treadmill
with their prosthesis during rehabilitation or they used a treadmill during normal exercise
routines. Three overground walking trials and five minutes of treadmill walking were
initially collected to represent a baseline unloaded walking condition (time 1.U, where
"1" refers to the test day and "U" refers to an unloaded condition; see Figure 3.3). After
these initial trials were collected, participants were seated in chair at the beginning of the
walkway. Mass, equal to the estimated difference between their prosthetic and intact
limbs, was added to the distal aspect of their prosthesis as previously described.
Participants then completed a 60 minute treadmill walking protocol during which they
were periodically stopped (at 5, 10, 15, 30, and 60 minutes) and asked to complete three
more overground walking trials. Upon completion of the walking protocol in the first
session, participants were asked to leave the mass attached to their prosthesis and to use
this prosthesis in their normal daily activities for the next 24 hours.
Participants returned to the laboratory approximately 24 hours later and
completed three more overground walking trials and a five minute treadmill walking trial
with the load still attached (2.L; see Figure 3.3). Upon completion of the walking
protocol in the second session, participants were asked to leave the mass attached to their
prosthesis and to use this prosthesis in their normal daily activities for the next six days.
On day 8, participants returned to laboratory and completed the same walking protocol
they performed on day 1, except that this time the participants completed the initial
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baseline walking trials (8.L) while still wearing the load. The load was then removed and
the participants completed the 60 minute overground and treadmill walking protocol in an
unloaded state.

Data Collection

During overground walking trials, participants walked along a 30 m walkway
containing two force plates (Kistler Instrument Corporation, Amherst, NY) integrated
into the center of the floor. Lower extremity motion was captured at 120 Hz during
overground trials with a six camera motion analysis system (Motion Analysis
Corporation, Santa Rosa, CA). Retro-reflective markers were attached bilaterally to
various anatomical landmarks: greater trochanters, lateral femoral condyles, lateral
malleoli, lateral aspect of the heels, and heads of the fifth metatarsals. Markers were
placed on the prosthetic limb by mirroring the placement of the same marker on the
sound limb. To reduce variability in marker placement between sessions, distances
between markers were measured to assist with marker placement during subsequent
sessions. Ground reaction forces for two sequential contacts were sampled at 1200 Hz
using the motion analysis system, which effectively synchronized GRF and motion
capture. During treadmill walking, participants walked on a Gaitway instrumented
treadmill (Kistler Instrument Corporation, Amherst, NY) with two force plates positioned
under the belt. Force data during treadmill walking were sampled at 250 Hz for a period
of 30 seconds.
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Data Analysis

Marker coordinate data from overground walking trials were filtered using a
fourth-order, zero-lag, recursive Butterworth digital filter. Cut-off frequencies (4 Hz for
hip, 5 Hz for knee, 6 Hz for ankle, and 7 Hz for foot markers) were based on results of a
residual analysis (Winter, 1990), and these cut-off frequencies were consistent with cutoff frequencies used in our previous study with non-amputees. Each overground walking
trial was analyzed using six gait events (three events for each leg) to define one complete
stride cycle for each leg, which occurred in the following order:
1. right foot contact on the first force plate,
2. left foot toe-off from the ground prior to the first force plate,
3. left foot contact on the second force plate,
4. right foot toe-off from the first force plate,
5. right foot contact on the ground after the second force plate, and
6. left foot toe-off from the second force plate.
Therefore, stride cycles were defined from event 1 to event 5 for the right leg and from
event 2 to event 6 for the left leg. An algorithm with a threshold based on the mean plus
one standard deviation of the vertical force for 100 samples prior to heel contact was used
to determine heel strike and toe off events when these events occurred on a force plate
(events 1, 3, 4, and 6). For events 2 and 5, which did not occur on a force plate, the
horizontal velocity of the toe marker was used to determine heel strike and toe off. The
horizontal velocity of the toe marker during the same event, when it occurred on a force
plate, was used to determine the threshold for this algorithm. Mean stride, stance, and
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swing times were determined from the 30 seconds of force plate data collected during the
treadmill walking trials.
A two-dimensional inverse dynamics approach was used to compute resultant
joint moments (Winter, 1990) about the ankles, knees, and hips for each overground trial.
Inertia properties (mass, center of mass, and moment of inertia) of the prosthesis and
residual limb were distributed between foot and shank segments for the prosthetic limb
based on the ratio of shank and foot masses for a dismantled prosthesis with similar
characteristics to the ones used by subjects in this study. Detailed steps for obtaining
separate prosthetic foot and shank segments can be found in Appendix B. During walking
trials in which mass was added to the prosthesis, the added mass was modeled as a point
mass and the inertia properties of the prosthetic shank were adjusted accordingly. Inertia
properties of the foot were not affected by the added mass. Center of pressure data were
converted to a global laboratory reference frame so that coordinate data and center of
pressure data were in the same frame of reference. Joint moments were normalized to
body weight and height to create a dimensionless expression (Hof, 1996). Ensemble
averages of the three trials for each condition were computed after data were normalized
with respect to time (101 points per stride).
Symmetry indices (SI) were computed for mean stance and swing times, peak
knee and hip moments near swing initiation and termination, and integrals of rectified hip
and knee moments. The SI was defined as:

SI =

(P − I )
* 100
0.5 * ( P + I )

(3.7)
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where P and I refer to data for prosthetic and intact limbs and a symmetry index of zero
represents perfect symmetry (Nolan et al., 2003).

Statistical Analysis

Eight one-factor general linear-model ANOVAs (SAS Institute Inc., Cary, NC)
with 15 repeated measures reflecting the times at which data were collected during the 8day protocol were conducted to test the null hypothesis that the dependent variable was
the same across all time periods. When the null hypothesis was rejected, follow up
contrasts were conducted using pairwise comparisons with an emphasis on comparisons
between sequential time points. Statistical significance was determined at p < 0.05. Due
to the small number of subjects used in the statistical analysis, effect sizes (ES) were also
computed for important pairwise comparisons (Thomas & Nelson, 1996):

ES =

(M1 − M 2 )
sp

(3.8)

where M1 is the mean at one time period and M2 is the mean at another time period.
Effect sizes around 0.2 were considered small, those near 0.5 were considered moderate,
and those equal to or greater than 0.8 were considered large effect sizes. The pooled
standard deviation (sp) was computed as follows:
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2

sp =

2

( s1 + s 2 )
2

(3.9)

where s1 and s2 are the standard deviations at each time period.

Results

Data from the daily activity logs indicated that participants wore their prosthesis
with the added mass attached to it for the majority of the day. Pedometer results showed
that on average amputees in this study took approximately 5586 (± 2076) steps per day
with the load attached to their prosthesis, which was modestly lower than the 6651 (±
1112) steps taken by non-amputees wearing a similar load around one ankle from our
previous study (Chapter 3). To put these data in perspective, it has been suggested that
taking 5000 to 7499 steps per day is indicative of normal daily activity for individuals
classified as low active, whereas those taking less than 5000 steps per day would be
classified as sedentary (Tudor-Locke & Bassett, 2004). Thus, both our amputee and nonamputee groups maintained low levels of physical activity while participating in our
studies. Amputees in this study also reported that they did not avoid any of their normal
daily activities because of the extra mass added to their prosthesis.
Notable asymmetries between legs for both temporal and joint kinetics measures
were apparent prior to increasing the inertia of the prosthesis (Figures 3.4, 3.5, 3.6; time
period 1.U). This was true for all variables being studied. Matching the inertia properties
of the prosthesis to those of the intact shank and foot increased temporal asymmetries
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(magnitude of SI increased) in the first temporal assessment (1.L.00) following
application of the load. This higher level of asymmetry continued until the load was
removed at which time the symmetry characteristics returned to baseline levels (1.U).
This pattern of change was also observed for the knee joint moment near swing
termination, except that the knee joint moment became more symmetrical following an
increase in prosthesis inertia. In general, however, joint kinetic measures were altered to
a lesser extent than those of the temporal measures.
More specifically, matching the mass and moment of inertia of the prosthetic leg
to those of the intact leg significantly altered stance time (F14,42 = 14.77, p < 0.001) and
swing time (F14,42 = 13.88, p < 0.001) symmetries. Stance time became less symmetrical
following the inertia manipulation of the prosthesis (contrast 1.U vs 1.L.00; p < 0.028, ES
= .77; see Figure 3.4) and returned to baseline symmetry levels once the load was
removed (contrast 8.L vs 8.U.00; p < 0.005, ES = 0.67; Figure 3.4). No other significant
differences were found for stance time symmetry between sequential periods. Swing time
symmetry did not change significantly in the first assessment following the inertia
manipulation (contrast 1.U vs 1.L.00; p < 0.107, ES = 0.67; Figure 3.4), although
asymmetry increased as expected when load was added to the prosthesis. None of the
loaded time periods (1.L.00 through 8.L) were significantly different from the baseline
unloaded time period (1.U). However, swing time was more symmetrical in the first
assessment after the load was removed from the prosthesis (contrast 8.L vs 8.U.00;

p < 0.008, ES = 0.51; Figure 3.4). Additionally, all but two (1.L.00 vs 8.U.60 & 1.L.05 vs
8.U.60) pairwise comparisons between loaded time periods (1.L.00 through 8.L) and
unloaded time periods immediately following load removal (8.U.00 through 8.U.60)
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showed that swing time asymmetry was significantly greater with the load attached.
Absolute swing and stance times are presented in Table 3.3 to illustrate the relative
influence of each leg on the symmetry index.
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Figure 3.4: Mean symmetry indices for stance and swing times. Error bars indicate one
standard deviation. Horizontal axis labels indicate the time period of the experimental
measurement (see Figure 4.3). Unfilled bars refer to time points when no load was
attached to the prosthesis, whereas shaded bars indicate the load was attached to the
prosthesis. In general, both stance and swing times exhibited greater asymmetries when
additional mass was attached to the prosthesis. * indicates significant difference.

Table 3.3: Mean stance and swing times for intact and prosthetic legs averaged across all
loaded (mass and moment of inertia of the prosthetic leg matched to that if the intact leg)
and unloaded walking trials.
Stance Time (ms)

Swing Time (ms)

Prosthetic leg

Intact leg

Prosthetic leg

Intact leg

Loaded

708 (56)

738 (25)

422 (34)

391 (40)

Unloaded

710 (58)

720 (32)

393 (16)

382 (28)

Notes: Numbers in parentheses indicate one standard deviation
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Symmetry indices for the peak knee moment near swing termination exhibited
significant changes during the eight day walking protocol (F14,42 = 14.74, p < 0.001). The
peak knee moment near swing termination was more symmetrical immediately after
prosthesis inertia was increased (contrast 1.U vs 1.L.00; p < 0.040; ES = 2.74; Figure 3.5)
and was less symmetrical immediately after prosthesis inertia was returned to its original
level (contrast 8.L vs 8.U.00; p < 0.029; ES = 3.17; Figure 3.5). Symmetry of the peak
knee moment near swing termination also exhibited a significant change between 30 and
60 minutes of the treadmill protocol on day 1 (contrast 1.L.30 vs 1.L.60; p < 0.01, ES =
0.25; Figure 3.5). Symmetry between legs for the peak knee moment near swing initiation
(F14,42 = 0.96, p = 0.505) and the integral of the rectified knee moment (F14,42 = 1.51, p =
0.150) did not change significantly after prosthesis inertia was altered. Altered SI at the
knee following a change in prosthesis inertia were due primarily to alterations of the
prosthetic leg knee moment because the magnitude of the intact knee moment was not
altered following a change in prosthesis inertia. Compared to the unloaded baseline
condition, the magnitude of the peak knee moment near swing termination of the
prosthetic was approximately 69% larger with the load attached, and the difference in
magnitude for this same moment in the intact leg was approximately 6%.
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Figure 3.5: Mean symmetry indices across all participants for peak knee extensor
moment near swing initiation, peak knee flexor moment near swing termination, and
rectified knee moment integral. A plot of average (across three trials and all subjects)
knee moments for the prosthetic (Pros_1.L.10) and intact (Int_1.L.10) limbs is provided
to clarify the focus of statistical analyses. Moment data are normalized to body weight
and height. A positive SI indicates that the magnitude of the prosthetic limb variable was
larger than the intact limb variable. Only the peak knee moment near swing termination
changed significantly following an inertia manipulation to the prosthesis. Immediately
after mass was added to the prosthesis the knee moment near swing termination was more
symmetrical and remained more symmetrical until the load was removed on day eight
(8.U.00). Although there was also a significant difference found between 1.L.30 and
1.L.60, it is clear that the level of symmetry for the peak knee moment near swing
termination was fairly consistent among unloaded trials and among trials in which
additional mass was added to the prosthesis.
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Symmetry indices of peak hip moments near swing initiation (F14,42 = 1.58, p =
0.125; Figure 4.6) and swing termination (F14,42 = 0.74, p = 0.720; Figure 3.6) were not
significantly altered by adding mass to the prosthesis. Symmetry indices for the integral
of the rectified hip moment changed significantly during the eight day protocol (F14,42 =
2.99, p < 0.003; Figure 3.6). However, pairwise comparisons did not reveal any
significant differences between sequential time points for this variable. Pairwise
comparisons did reveal that significant differences for this variable were due primarily to
differences between time periods immediately following load addition (time periods
1.L.00, 1.L.05, 1.L.10, and 1.L.15) and time periods immediately following load removal
(time periods 8.U.00, 8.U.05, 8.U.10, and 8.U.15). Effect sizes for these comparisons
ranged from 0.53 to 0.95.
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Figure 3.6: Mean symmetry indices for the peak hip flexor moment near swing initiation,
peak hip extensor moment near swing termination, and hip moment integral. Average
(across three trials and all subjects) hip moment plots are provided to clarify statistical
focus for the hip. Moment data are normalized to body weight and height. No significant
differences were found between any sequential time periods for any of the three
variables. However, for the hip moment integral, time periods 1.L.00 through 1.L.15
were significantly different from time periods 8.U.00 through 8.U.15.

Discussion

Changes in temporal and joint kinetic measures caused by increasing the inertia of
below-knee prostheses were investigated over a short term (over the first hour) and a
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longer term (eight days). Consistent with our hypothesis, changes in stance and swing
time symmetry indices were apparent in the first assessment following exposure to the
increased prosthesis inertia. Existing stance and swing time asymmetries were
exacerbated following addition of the mass, and did not continue to change with further
exposure to the altered prosthesis inertia. Additionally, stance and swing time symmetry
indices returned to baseline levels in the first first assessment following removal of the
mass from the prosthesis. Joint kinetic measures were less supportive of a change in
walking symmetry following an alteration in prosthesis inertia. However, changes that
occurred were indicative of the increased prosthesis inertia. The knee joint moment near
swing termination changed significantly immediately following an alteration of
prosthesis inertia, and did not continue to change with further exposure to the altered
inertia, which was consistent with our hypothesis. Symmetry indices for this variable also
returned to baseline levels immediately following removal of the additional mass.
However, of the six kinetic variables investigated, the knee joint moment near swing
termination was the only joint kinetic variable that exhibited changes in this manner.
The observed increases in stance and swing time asymmetries were consistent
with our previous findings in non-amputees who were asked to walk around with 2 kg
attached to one ankle for one week (see chapter 2). In both amputees and non-amputees,
stance time SI increased by approximately 3% and swing time SI increased by
approximately 5% after the loads were affixed to one leg. Stance time (SI = -0.2%) and
swing time (SI = 0.3%) patterns in non-amputees were reasonably symmetrical prior to
the inertia manipulation (time period 1.U) in our previous study; however, amputees in
the current study exhibited modest asymmetries for stance time (SI = -2.3%) and swing
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time (SI = 4.2%) prior to inertia manipulation. The relative increases in mass and moment
of inertia of the loaded leg were similar for both amputees and non-amputees in these
studies since approximately 2 kg was added near one ankle in both studies. For the
amputees in this study, this inertia manipulation eliminated an inertia asymmetry between
legs, but in the non-amputees the added mass created an inertia asymmetry between legs.
Increased stance time asymmetries in both studies were due primarily to increased stance
time of the unloaded leg (unloaded leg in non-amputees increased by ~16 ms; intact leg
in amputees increased by ~18 ms) and increased swing time asymmetries were due
primarily to increased swing time of the loaded leg (loaded leg in non-amputees
increased by ~20 ms; prosthetic leg in amputees increased by ~29 ms). Swing time of the
unloaded leg and stance time of the loaded leg were minimally affected by the inertia
manipulation in both studies. Therefore, regardless of whether an inertia asymmetry
between legs was created or eliminated, changes in temporal patterns of walking for
loaded and unloaded legs seem to be driven by the relative increases in mass and moment
of inertia of the loaded leg rather than the level of inertia symmetry between legs.
The observed increases in swing time for the prosthetic leg after the inertia
properties of the prosthesis were matched to those of the intact leg were larger than has
previously been reported in the literature for a similar manipulation in below-knee
amputees. Mattes, Martin, and Royer (2000) found that swing time of the prosthetic leg
increased on average by 19 ms (4.4%) after prosthesis inertia was increased, whereas we
found that swing time increased by 29 ms (7.4%). Mattes and colleagues (2000) had to
add approximately 1.70 kg to the prosthesis to match the inertia characteristics between
legs, whereas in our study we needed to add approximately 2.15 kg. The difference in
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mass magnitude added to the prosthesis likely contributed to the larger increases in swing
time observed in our study. Mattes and colleagues also reported that stance time of the
prosthetic leg decreased and that stance time of the intact leg increased after matching
inertia properties between legs, which increased the stance time symmetry index by
approximately 5% after the inertia manipulation. Consistent with findings of Mattes and
colleagues we observed increases in stance time for the intact leg (by ~18 ms) following
the inertia perturbation, but we also observed a slight increase (~9 ms) in stance time for
the prosthetic leg. Thus, in comparison to Mattes et al., we observed a slightly smaller
(~3%) increase in the stance time symmetry index following the inertia manipulation.
Although there were differences between our results and those of Mattes and colleagues,
the results of both studies clearly demonstrate that temporal characteristics of gait are
altered when prosthesis inertia properties are matched to those of the intact leg and our
results suggest that these changes occur immediately following the increase in inertia.
Further these results suggest that matching inertia properties of below-knee prostheses to
those of the intact is detrimental to a symmetrical walking pattern, which is often a goal
during rehabilitation following amputation and initial use of a prosthesis (Baker &
Hewison, 1990).
Joint moments at the hip and knee did not reflect changes in prosthesis inertia as
clearly as the temporal measures. The symmetry index of the knee joint moment near
swing termination changed significantly immediately following a change in prosthesis
inertia. The improvement (i.e., reduction) in the symmetry index for this variable after
inertia of the prosthesis was increased was due to a greater magnitude of the prosthetic
leg’s knee moment during late swing. This increase in prosthetic knee moment magnitude

59
was consistent with a greater effort required to negatively accelerate the larger limb
inertia prior to ground contact. At the hip, symmetry indices of the rectified knee moment
suggested hip moments during early exposure (1.L.00 through 1.L.15) to the increased
inertia differed significantly from hip moments initially following removal of the mass
(8.U.00 through 8.U.15). These differences at the hip were due primarily to a larger
extensor moment of the intact leg during the first half of stance after inertia was matched
between legs.
The lack of significant changes in all but two joint kinetic variables was
surprising since we previously observed in non-amputees that four of the six joint
moment variables (three knee; one hip) changed significantly within five minutes of
exposure to an increased leg inertia. Variability (i.e., standard deviations) in joint moment
symmetry indices at both the hip and knee was approximately twice as much for
amputees in this study compared to non-amputees in our previous study, which likely
contributed to the lack of significant changes in kinetic variables found for the amputees
in this study. For example, we were unable to detect statistically significant changes in
the hip moment near swing termination immediately following addition (1.U vs 1.L.00)
or removal (8.L vs 8.U.00) of the additional of the mass, although visually this variable
appeared to be more symmetrical while amputees were walking with the additional mass
(cf., Figure 3.6). The greater variability of the amputee walking patterns has been noted
previously by investigators (Sanderson & Martin, 1997; Winter & Sienko, 1988). In
addition, others (Selles, Bussmann, Van Soest et al., 2004; Selles, Bussmann, Klip et al.,
2004) have also reported that over the short term (less than five minutes) adding as much
as 1 kg distally to a below-knee prosthesis significantly increases the magnitudes of hip
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and knee joint moments of the prosthetic leg during the swing phase of walking.
Therefore, our results are consistent with those of Selles and colleagues and suggest that
although temporal asymmetries are exacerbated by distal loading, joint kinetic
asymmetries are reduced. Unfortunately, the improved joint kinetic symmetry would
likely result in an increased metabolic cost for the amputee during walking as others have
reported for a similar inertia manipulation (Mattes, Martin, & Royer, 2000).
In conclusion, matching the inertia properties of the prosthesis to those of the
intact leg altered temporal and joint kinetic symmetry between legs following the
addition of the mass to the prosthesis. Removal of the additional mass from the prosthesis
resulted in an equally rapid return to baseline levels of symmetry for both temporal and
joint kinetic measures. Matching inertia properties of the prosthesis does not appear to
benefit unilateral, transtibial amputees. We found that this inertia manipulation created a
more asymmetrical temporal walking pattern and resulted in increased joint moment
magnitudes of the prosthetic leg during the swing phase of walking. However, there was
no evidence of a gradual longer term adjustment to the increased prosthesis inertia.
Therefore, the practice of providing only a short term exposure to a lower extremity
inertia manipulation appears to be valid and data from these studies (Czerniecki et al.,
1994; Gitter et al., 1997; Hillery et al., 1997; Huang et al., 2000; Mattes et al., 2000;
Selles, Bussmann, Klip et al., 2004; Skinner & Barrack, 1990) likely reflect a fully
accommodated response. Consistent with our previous recommendations in nonamputees, we recommend that future investigators provide at least five minutes of
walking or other nominal activity for participants to adjust to alterations in leg inertia if
the research question depends on quantifying fully accommodated responses.
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Chapter 4
Study 3 - Metabolic costs and symmetry during amputee locomotion are influenced
by prosthetic mass distribution.

Below-knee prostheses are currently fabricated using lightweight materials (e.g.,
titanium), which creates prosthetic limbs that are much lighter than the limbs they
replace. Compared to an intact shank and foot, the mass of a below-knee prosthesis and
residual limb is approximately 35% less and has a center of mass located approximately
35% closer to the knee joint (S. J. Lin-Chan, Nielsen, Yack, Hsu, & Shurr, 2003; Mattes,
Martin, & Royer, 2000). The lower mass and more proximal mass distribution of the
prosthetic limb also produces a much lower (~60%) moment of inertia relative to the
knee joint for the prosthetic limb compared to that of the intact shank and foot. Although
significant structural asymmetries between prosthetic and intact legs exist, knee and hip
joint kinematics are similar for both legs. Compared to the intact leg or the leg of a nonamputee, the knee and hip of the prosthetic leg are more extended (by ~5 degrees) during
the first half of stance and the hip is more flexed during late swing (Hillery, Wallace,
McIlhagger, & Watson, 1997; Powers, Rao, & Perry, 1998; Sanderson & Martin, 1997).
Differences in angular position between the prosthetic and intact legs, however, do not
produce notable differences in angular velocity at the hip and knee (Rao et al., 1998;
Sanderson & Martin, 1997). The similarities can be explained in part by asymmetries in
temporal and distance parameters between legs. For example, when compared with the
intact leg, prosthetic leg swing time is ~10% longer, stance time is ~5% shorter, double
support time is ~20% longer, and step length is ~5% longer (Hillery et al., 1997; Isakov,
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Burger, Krajnik, Gregoric, & Marincek, 1996, 1997; Mattes et al., 2000; Nolan et al.,
2003; Sanderson & Martin, 1997).
Investigators (Bach, 1995; Mena, Mansour, & Simon, 1981; Tsai & Mansour,
1986) have concluded from computer simulations of the swing phase of walking that
increasing the mass of the prosthesis would lead to improved walking symmetry in
unilateral amputees. Empirical results, however, have often been equivocal regarding gait
asymmetries when prosthesis mass has been increased. For example, Donn, Porter, and
Roberts (1989) showed that adding as much as 200 g to the shoe of the prosthetic leg
improved swing time symmetry and that six out of the ten subjects in their study
preferred a heavier shoe mass. Mattes and colleagues (2000), on the other hand, found
that adding 50% and 100% of the estimated mass difference between intact and prosthetic
legs distally to the prosthesis exacerbated stance and swing time asymmetries. Mattes
also reported “the 50% load condition produced little negative reaction from the
subjects”, but that the amputees “clearly did not like to walk with the heavier load on
their prosthesis” (p. 566). Asymmetrical walking patterns are of concern for unilateral
amputees because an asymmetrical walking pattern draws unwanted attention to the
amputee’s disability. From a clinical perspective, asymmetrical walking patterns, such as
spending more time on the intact leg during stance, have been thought to contribute to
early degenerative joint disease of the intact leg by increasing joint loading of the intact
leg (Hurley, McKenney, Robinson, Zadravec, & Pierrynowski, 1990; Royer &
Wasilewski, 2006). Thus, it is important to understand the influence of inertia
manipulations on walking symmetry.
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Inertia properties of the prosthesis have also received considerable attention in the
literature because the rate of oxygen consumption (ml·kg-1·min-1) during walking for
unilateral amputees is generally 20% to 30% higher than for non-amputees walking at the
same speed (Gailey et al., 1997; Gailey et al., 1994; Molen, 1973; Waters & Mulroy,
1999). In general, prescribing lightweight prostheses is thought to lead to lower metabolic
costs during walking, but empirical results have not always supported this assumption.
Several investigators have shown that adding mass to the prosthesis has little effect on
metabolic costs during walking (Czerniecki, Gitter, & Weaver, 1994; Gailey et al., 1997;
Lehmann et al., 1998; S. J. Lin-Chan, Nielsen, Yack et al., 2003) and some have even
suggested that adding mass to the prosthesis may decrease metabolic costs (Selles,
Bussmann, Van Soest, & Stam, 2004; Skinner & Mote, 1989). For example, Mattes et al.
added 50% and 100% of the estimated difference in mass between intact and prosthetic
legs distally to the prosthesis. When only 50% of the estimated mass difference was
added distally to the prosthesis, metabolic costs were nearly identical to an unloaded
condition. When 100% of the estimated mass difference was added at the same location,
metabolic costs increased by approximately 7% compared to an unloaded condition. LinChan and colleagues (2003) used a slightly different manipulation in which prosthesis
mass was increased up to 60%, 80%, and 100% of that of the intact leg with added
masses positioned near the center of mass location of the prosthesis. Lin-Chan reported
the rate of oxygen consumption was the same for each loading condition during walking.
Unfortunately, they did not include an unloaded condition in their assessment, leaving
open the possibility that oxygen consumption in each of the loaded conditions was
significantly higher than an unloaded condition.
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Inertia properties of the prosthetic limb are characterized by the mass, moment of
inertia, and center of mass location of the prosthesis and each of these parameters
potentially influences amputee locomotion. Many investigators have used a number of
inertia manipulations with the intent of addressing questions related to optimal prosthesis
mass by positioning masses as close as possible to the center of mass of the prosthesis
(Czerniecki et al., 1994; Gailey et al., 1997; Gitter, Czerniecki, & Meinders, 1997; Hale,
1990; S. J. Lin-Chan, Nielsen, Shurr, & Saltzman, 2003; S. J. Lin-Chan, Nielsen, Yack et
al., 2003). Less interest has been expressed in specifically manipulating the moment of
inertia of the inertia when adding mass to the limb. The amount of added mass and the
way in which it was determined has varied widely across studies. Some have used fixed
masses (i.e., same mass added to every participant’s prosthesis) (Czerniecki et al., 1994;
Donn, Porter, & Roberts, 1989; Gailey et al., 1997; Gailey et al., 1994; Gitter et al., 1997;
Hillery & Wallace, 2000; Hillery et al., 1997; Selles, Bussmann, Klip et al., 2004;
Tashman, Hicks, & Jendrzejczyk, 1985), whereas others have used relative masses based
on the predicted mass of the intact leg (Hale, 1990; Lehmann et al., 1998; S.J. Lin-Chan,
Bilodeau, Yack, & Nielsen, 2004; S. J. Lin-Chan, Nielsen, Shurr et al., 2003; S. J. LinChan, Nielsen, Yack et al., 2003; Mattes et al., 2000). Regardless of whether a fixed mass
manipulation or relative mass manipulation was used, when these studies are considered
as a whole, they suggest there is a limit to which the mass of the prosthesis can be
increased without adversely affecting the metabolic costs of walking. Presently, it is not
possible to speculate about optimal mass and mass distribution properties of lower
extremity prostheses from the existing literature.
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Selles and colleagues (Selles, Bussmann, Klip et al., 2004) recently investigated
the effects of five prosthetic leg load configurations on swing phase kinematics and
kinetics of the prosthetic leg in unilateral, transtibial amputees. The load conditions
included: (1) no additional mass, (2) 1 kg added distally to the prosthesis, (3) 1 kg
positioned just distal to the knee, (4) 1 kg added near the combined center of mass of the
prosthesis and residual limb, and (5) 2 kg added near the combined center of mass of the
prosthesis and residual limb. Only four out of 22 kinematic variables studied changed
systematically as prosthesis inertia increased and all four were measures of thigh
kinematics. However, 13 out of 20 hip and knee joint moment changed significantly as
prosthesis inertia changed. These changes were systematic with greater moment
magnitudes at both the hip and knee when larger masses were added and when the
masses were positioned more distally on the prosthesis. These authors suggested that
amputees adjust to inertia manipulations by altering muscle coordination at the hip and
knee in an attempt to retain swing phase kinematics. They referred to this as a kinematic
invariance strategy. In a follow-up study, based on their finding of kinematic invariance,
Selles and colleagues (Selles, Bussmann, Van Soest et al., 2004) simulated the effects of
multiple prosthesis load configurations on the muscular cost of swinging the prosthetic
leg, which they defined as the sum of the absolute values of net joint moments at the hip
and knee. Simulations were based on an inverse dynamics model in which the same
kinematic patterns were used as inputs for each load condition but the inertia properties
of the prosthesis were altered to reflect the different load configurations. They found that
loads positioned near the knee had little effect on muscular costs, but loads positioned
more distally on the prosthesis increased the muscular cost of swinging the leg by as
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much as 25%. However, it should be noted that Selles’ assumption of kinematic
invariance does not account for changes in swing time even though previous research
indicates that it is affected by inertia manipulations (Mattes et al., 2000). Thus, it is
possible that the muscular costs in Selles were artificially high because of this additional
temporal constraint imposed on the model.
There is a need to extend Selles’ recent work to include an assessment of stance
phase mechanics as well as an assessment of the intact leg mechanics in order to gain
further insights into the overall effects of multiple load configurations on amputee
locomotion. In addition, a more global assessment of metabolic cost, such as measuring
the rate of oxygen consumption, would better quantify the overall metabolic demands
associated with different load configurations. As Selles and colleagues noted, their
muscular cost assessment did not provide a global assessment of the total cost associated
with muscle contraction because it was limited to the swing phase and did not account for
compensations made my muscles other than the ones responsible for producing flexion
and extension at the hip and knee of the prosthetic leg. Finally, investigating how
different prosthesis load configurations influence other walking symmetry parameters,
such as stance and swing times, is needed because restoring a symmetrical walking
pattern to the amputee is often a goal during rehabilitation. Currently, it is not clear
whether it is possible to decrease the swing time of the prosthetic leg simply by altering
the inertia configuration of the prosthesis.
Therefore, the purpose of this study was to investigate how mass, moment of
inertia, and center of mass location of the prosthetic leg influence the metabolic cost of
walking as well as joint kinematics and temporal measures of both intact and prosthetic
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legs during walking. The load configurations used in this study were similar to those
employed by Selles et al. (2004), with two exceptions. First, the added mass we used was
based on the estimated mass difference between intact and prosthetic legs. Second, we
included a proximal load location. A relative mass manipulation was used to better
control for differences in individual responses to the load configuration by eliminating
potential confounds due to differences in existing inertia asymmetries. The load
configurations used in this study were chosen based on their predicted effect on the
period of oscillation of a simple pendulum. Specifically, we included conditions in which
the period of oscillation was predicted to increase (more distally positioned loads) and
others in which the period of oscillation was predicted to decrease (more proximally
positioned loads) relative to an unloaded condition. We hypothesized that proximal load
configurations (loads positioned near the CM of the thigh) would improve walking
symmetry, whereas distal load configurations (such as loads positioned near the
prosthetic ankle joint) would exacerbate existing asymmetries. Stance and swing time
symmetries were considered to be primary measures of walking symmetry, whereas joint
and segment kinematics were viewed as secondary measures of symmetry. We further
hypothesized that the load conditions which resulted in the most symmetrical walking
patterns would result in the lowest metabolic costs during walking.
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Methods

Participants

Six unilateral, transtibial amputees (Table 4.1) participated in this study.
Participant recruitment focused on amputees who were fully ambulatory, had used a
lower limb prosthesis for at least one year, and maintained some degree of physical
activity either in their vocational or daily activities. Only amputees who could walk
continuously for 30 minutes without assistance were included in this study. Physical
activity requirements of this study helped ensure that participants were able to perform
both overground and treadmill walking for prolonged periods without substantial fatigue.
Informed written consent was obtained from each participant prior to participation, and
approval for the protocol was obtained from the Institutional Review Boards at The
Pennsylvania State University and Ball State University.
Table 4.1: Subject characteristics.
Subject

Gender

A

Male

B
C
D
E
F
Mean
± SD

Female
Male
Male
Male
Male

Age
(yrs)

Body
Mass
(kg)

Height
(m)

44

104.09

1.77

34
70
62
29
43
47
±16

97.27
99.09
97.73
122.73
107.27
104.70
± 9.67

1.60
1.75
1.78
1.85
1.75
1.75
± 0.08

Time since
amputation
(yrs)
3
10
30
32
2
5
14
±14

Preferred
walking
velocity
(m/s)
1.10
1.30
1.00
1.15
1.22
1.30
1.18
± 0.12

Cause for
Amputation

Traumatic injury
Congenital Bone
Disease
Traumatic injury
Traumatic injury
Traumatic injury
Traumatic injury
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Data Acquisition

Data collections occurred at two different laboratories to increase our ability to
recruit a larger number of participants. However, equipment used for data acquisition at
the two labs was similar. At both sites, participants completed two experimental sessions,
which consisted of walking either on a treadmill or overground under seven randomly
assigned loading conditions. Participants completed all trials at their preferred walking
speed in both sessions. Preferred walking speed for each subject was determined as the
mean walking velocity from five overground walking trials. During these trials,
participants were instructed to walk approximately 20 m at their normal walking speed
while a measurement zone, consisting of photocells positioned approximately 5 m apart,
was used to measure the time it took the person to walk 5 m. The measurement zone was
centered in the 20 m walk.
In the first experimental session the inertia properties of the participant’s
prosthesis were measured (see “Segment Inertia Properties” section below) and each
participant completed a series of 10-minute treadmill walking bouts under the seven load
conditions. In the second session, participants completed five overground walking trials
for each of the loading conditions. The seven load conditions varied by both load
magnitude (2 loads) and position (3 positions) and included an unloaded baseline
condition. The six conditions in which mass was added to the prosthetic leg were based
on 100% and 50% of the estimated mass difference between the intact and prosthetic legs
at each of the following load positions: a) near the prosthetic ankle, b) near the
prosthesis’ center of mass, and c) near the prosthetic leg’s thigh center of mass.
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Segment Inertia Properties

Body mass, body height, and lower extremity segment lengths were measured
prior to exercise in the first experimental session. Since prosthesis mass was less than the
mass of the limb it replaced, body mass was adjusted to account for the lost mass prior to
estimating segment inertia properties using the following equation:

ABM =

MBM − M pros − M residual
1− c

(4.1)

where ABM is the adjusted body mass, MBM is the measured body mass while wearing
the prosthesis, Mpros is the mass of the prosthesis, Mresidual is the mass of the residual limb
(anatomical structures below the knee that remain after amputation), and c (0.057 for
males; 0.061 for females) is percent of ABM accounted for by the intact shank and foot
(de Leva, 1996). Inertia properties of the thigh, shank and foot of the intact leg and thigh
of the prosthetic leg were estimated based on the ABM and their respective segment
lengths (de Leva, 1996). Inertia properties of the residual limb were estimated by
modeling the residual limb as the frustum of a right circular cone (Hanavan, 1964; Mattes
et al., 2000) and assuming a uniform tissue density of 1.1g·cm-3 (Mungiole & Martin,
1990). Residual limb length and two circumferences - one just distal to the knee joint and
the other near the distal aspect of the residual limb - were used as inputs into the model.
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Figure 4.1: Oscillation rack with prosthetic limb.
Inertia properties of the prosthesis were measured experimentally. Mass of the
prosthesis was measured using a standard laboratory scale (Acculab, Edgewood, NY)
with a capacity of 10 kg and sensitivity to the nearest gram. A reaction board technique
was used to measure the prosthesis center of mass and an oscillation technique was used
to estimate prosthesis moment of inertia about a series of transverse axes. The prosthesis
was secured inside an adjustable aluminum frame (mass = 1.85 kg) with the sagittal plane
of the prosthesis oriented perpendicular to the oscillation axis of the frame (see
Figure 4.1). The center of mass of the entire system (prosthesis + frame) was
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subsequently estimated (Figure 4.2). The prosthesis was later removed from the frame so
the frame’s center of mass location could be estimated and used to predict the center of
mass location of the prosthesis. Before measuring the frame alone, the adjustable
elements of the frame were repositioned to the configuration used while the prosthesis
was secured in the frame. Thus, the effects of the frame alone could be subtracted from
the prosthesis plus frame measurements to estimate the center of mass location for the
prosthesis. The center of mass location of the prosthesis was first expressed relative to the
reference axis (Figure 4.2):

CMpros_ax = (Lrxn * (Rpros + frame – Rframe)) / mpros

(4.2)

where Lrxn represents the distance between points of support, Rpros+frame represents the
scale reading for the prosthesis and aluminum frame together, Rframe represents the scale
reading for the frame only, and mpros represent the mass of the prosthesis. The center of
mass location for the prosthesis was then expressed relative to the oscillation axis. This
was needed in subsequent computations of the moment of inertia of the prosthesis
relative to this oscillation axis. Based on the distance between oscillation and reference
axes (L_osc_ref) the center of mass location of the prosthesis was expressed relative to
the oscillation axis:

CMpros_osc = L_osc_ref - CMpros_ax.

(4.3)
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Finally, the center of mass location was expressed relative to the proximal end of
the prosthetic socket based on the distance between the oscillation axis and the top
adjustable end plate (d_plate):

CMpros_prox = CMpros_osc – d_plate.

(4.4)

L_osc_ref
Adjustable
aluminum frame
CMpros_ax

CMpros_osc
Oscillation
Axis

Prosthesis
d_plate

mpros
Lrxn
Reference
Axis

ground
Rpros + frame

Figure 4.2: Schematic for reaction board system used to determine center of mass
location of the prosthesis.
The aluminum frame and prosthesis were subsequently suspended from a low
friction, bearing mounted oscillation axis and oscillated to determine the period of
oscillation of the system (Martin, Mungiole, Marzke, & Longhill, 1989). Angular
deviations of the frame were limited to less than 5 degrees from the neutral position. The
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period of oscillation of the system was determined as the mean of 30 oscillations (the first
10 oscillations for a series of 3 consecutive trials). The choice to use 10 oscillations from
three trials was based on a sensitivity analysis designed to assess the stability of the
oscillation period over many sequential oscillations (Appendix A). After removing the
prosthesis and re-establishing the configuration of the frame, the center of mass location
of the frame alone was determined using the reaction board technique described
previously. Average period of oscillation of the aluminum frame alone was also
determined, but was computed as the mean of only 10 oscillations (the first oscillation of
10 separate trials). Results of the sensitivity analysis for the frame alone trials
demonstrated that without the extra inertia of a limb the oscillation period of the frame
alone decayed systematically over the first ten oscillations within a trial and suggested
the first oscillation was the best representation of oscillation period. We then computed
the moment of inertia for each condition (frame alone and frame + prosthesis):

2

⎛ τ ⎞
I axis = ⎜
⎟ mgd
⎝ 2π ⎠

(4.5)

where Iaxis is the moment of inertia relative to the oscillation axis, τ is the average period
of one oscillation, m is the mass of the system, g is the acceleration due to gravity, and d
is the distance between the oscillation axis and the center of mass of the system. The
moment of inertia of the prosthesis relative to the oscillation axis was computed as the
difference between Iaxis for the cage alone and Iaxis for the cage plus prosthesis. The

77
parallel axis theorem was then used to express the moment of inertia of the prosthesis
about its center of mass and about the knee joint.

Prosthesis Inertia Manipulations

The load locations used in this study were based on predictions of a simple
pendulum model. If the prosthetic leg is modeled as a simple pendulum, then the moment
of inertia (Ihip) of the entire leg about a transverse axis through the hip joint is directly
proportional to the period of oscillation (τ) of the pendulum, but the product of the leg
weight and the distance to the center of mass of the leg relative to the hip (mgd) is
inversely related to τ (refer to Eq. 4.5 above). Thus, if Ihip increases to a greater extent
than mgd following an inertia perturbation, then τ increases; however, if mgd increases to
a greater extent than Ihip, then τ decreases. Using data for one subject from Mattes et al.
(data were obtained via personal communication with the authors) and the
aforementioned relationship, we found that adding mass to the thigh center of mass
would theoretically reduce the period of oscillation of the pendulum (i.e., swing time of
the prosthetic leg) (see Figure 4.3). For all loaded conditions, I-hip (i.e., moment of
inertia of the entire prosthetic leg about a transverse axis though the hip joint) was
predicted to be larger than in the unloaded condition. I-hip was also predicted to increase
systematically as added mass location shifted distally (Figure 4.4). CM-hip (i.e., center of
mass location of the entire prosthetic leg relative to the hip joint) shifts distally as the
added mass location shifts distally. However, adding mass to the center of mass of the
thigh predicted a more proximal CM-hip location compared to the unloaded condition.
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Thus, adding mass to the thigh center of mass was predicted to decrease the ratio of Ihip to
mgd, suggesting a decreased period of oscillation for our simple pendulum model.
Specifically, relative to the unloaded condition, the ratio (Ihip/mgd) was ~5% lower when
the mass was positioned at the CM of the thigh. Positioning the added mass at the CM of
the prosthesis did not affect the ratio. When inertia symmetry was achieved (100% mass
positioned distally on the prosthesis), the ratio increased by ~6% relative to the unloaded

Period of Oscillation (s)

condition.

1.57

1.54

1.51

1.48

NL

CM of
Thigh

CM
Pros

100%
Match

Location of Added Mass

Figure 4.3: Predicted effects on the period of oscillation of a simple pendulum model of
the prosthetic leg. Compared to an unloaded baseline condition (NL), adding the
estimated difference in mass between prosthetic and intact legs at location that also
matches the moment of inertia about a transverse axis through the knee (100% Match)
was predicted to increase the period oscillation of the simple pendulum. However, adding
the same mass to the center of mass of the prosthesis (CM Pros) had little effect on period
oscillation of the pendulum, and when the same mass was added to the thigh center of
mass (CM of Thigh) a decreased period of oscillation was predicted.
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Figure 4.4: Predictions of moment of inertia (I-hip) and center of mass location (CMhip) for the entire prosthetic leg (includes thigh, prosthesis, and residual limb) relative to
the hip joint for each 100% load condition used in this study. Mean CM-hip and I-hip
measures were estimated for the entire swing phase in an unloaded walking condition in
the one subject from Mattes et al. (2000). These mean values were used in the
predictions. Predicted effects on the ratio (Ihip/mgd) are illustrated in the figure as
percentages relative to the unloaded condition. Positive values indicate an increase in the
ratio, which theoretically increases the period of oscillation of a passive pendulum.
For conditions in which mass was added to the prosthetic leg, the amount of mass
added was equal to the estimated mass difference between the prosthetic leg (prosthesis +
residual stump) and intact leg (shank + foot). The additional mass was equally distributed
between two concentrated packets of lead shot and affixed to the anterior and posterior
aspects of the limb so as to not interfere with leg movements during walking.
In order to match the moment of inertia about a transverse axis through the knee
joint of the prosthetic leg to that of the intact leg, the location at which the mass (modeled
as a point mass) needed to be added was predicted based on the following relationship:
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d=

I int act − I pros

(4.6)

m

where d was the distance below the knee that the mass need to be placed, Iintact and Ipros
were the moments of inertia of the intact leg (shank + foot) and prosthetic leg (residual
limb + prosthesis) about a transverse axis through the knee joint, and m was the added
mass. For load conditions in which mass was added to the prosthesis center of mass, the
center of mass locations of the prosthesis and residual limb without any additional mass
were combined to estimate a combined center of mass location relative to the knee joint.
The added mass was then positioned at this location. For load conditions in which mass
was added to the intact thigh center of mass, the center of mass location of the thigh
relative to the hip joint was predicted as 40.95% (for males) and 41.51% (for females) of
the thigh length based on de Leva (1996). The added mass was then positioned at this
location (Table 4.2).

Table 4.2: Inertia properties of the intact and prosthetic limbs.

a

Subject

Intacta
Mass
(kg)

Prosb
Mass

Est. Mass
difference
(kg)

Ikneeintact
(kg·m2)

Ikneepros
(kg·m2)

A
B
C
D
E
F
Mean
± STD

6.03
6.07
5.80
5.72
7.14
6.23
6.17
± 0.51

4.27
3.39
3.12
3.17
4.65
4.22
3.80
± 0.66

1.76
2.68
2.68
2.55
2.49
2.01
2.36
± 0.38

0.604
0.400
0.575
0.559
0.742
0.585
0.578
± 0.109

0.325
0.196
0.194
0.317
0.325
0.287
0.274
± 0.063

Intact CM
below the
knee joint
(m)
0.268
0.215
0.264
0.265
0.276
0.260
0.258
± 0.022

Pros CM
below the
knee joint
(m)
0.215
0.177
0.198
0.191
0.200
0.192
0.196
± 0.013

dc
(m)
0.396
0.274
0.375
0.307
0.408
0.384
0.357
± 0.054

Intact refers to values for the combined intact shank and foot.
Pros refers to values for the combined prosthesis and residual limb.
c
Distance below knee joint added mass was placed in order to match Iknee between intact
and prosthetic limbs.
b
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Data Measurements

The rate of oxygen consumption was measured during each 10-minute treadmill
walking bout using a TrueOne® 2400 Metabolic Measurement System (Parvo Medics,
Sandy, UT) at both data collection sites. Expired gases were collected during exercise by
having participants breathe through a mouthpiece connected by a hose to a pneumotach
and gas analyzers. The pneumotach, which measured the volume of the expired air based
on flow rate, was calibrated using a 3-L syringe. The system’s gas analyzers, which
measured the oxygen and carbon dioxide content of the expired air, were calibrated prior
to each test using gases of known concentrations. Room temperature, humidity level, and
barometric pressure were measured using a desktop weather station (Davis Instruments
Corporation, Hayward, CA) and incorporated into the calibration process. Prior to
exercise, participants stood stationary on the treadmill for five minutes while breathing
through the mouthpiece to determine resting metabolic levels.
At one lab, participants (n = 2) walked on a Gaitway instrumented treadmill
(Kistler Instrument Corporation, Amherst, NY) with two force plates positioned under
the belt. Force data during treadmill walking were sampled at 250 Hz for a period of 30
seconds during the last two minutes of the 10-minute treadmill bout. At the other lab,
while participants (n = 4) walked on the treadmill signals from four insole foot switches
(one foot switch positioned under each heel and forefoot) were collected during each 10minute walking bout because a force measuring treadmill was not available. Foot switch
signals were sampled at 1250 Hz for a period of 30 seconds. All foot switch and force
data were collected during the last two minutes of the 10-minute treadmill bout. We have
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previously shown that stance and swing times are immediately altered following an
inertia perturbation (cf. Chapter 3), but that after five minutes of exposure to the inertia
perturbation stance and swing times show no further changes. Thus, foot switch and force
data were collected between the eighth and tenth minutes of treadmill walking to ensure
amputees had fully accommodated to the loading condition prior to collecting data. Foot
switch data or vertical ground reaction force data were used to determine individual
stance and swing times for each leg and load condition.
After participants completed all treadmill walking bouts under all seven load
conditions, participants were asked to complete a series of overground walking trials for
the same load conditions in a second experimental session. Retro-reflective markers were
attached bilaterally to various anatomical landmarks: greater trochanters, lateral femoral
condyles, lateral malleoli, lateral aspect of the heels, and heads of the fifth metatarsals.
Markers were placed on the prosthetic leg by mirroring the placement of the same marker
on the intact leg. During overground walking trials, lower extremity motion was captured
at 60 Hz with a six camera motion analysis system. One lab used Motion Analysis
Corporation’s motion analysis system (Motion Analysis Corporation, Santa Rosa, CA)
and the other lab used Vicon’s motion analysis system (Vicon, Los Angeles, CA).
Photocells were used during overground trials to monitor walking speed. Acceptable
trials were those within ±3% of the participant’s mean preferred walking velocity which
was measured during the first session.
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Data Analysis
& O ) and carbon dioxide production
Mean rates of oxygen consumption ( V
2
& CO ) over the last 2 minutes of each 10-minute treadmill bout were used to estimate
(V
2

each participant’s average rate of energy consumption during walking (Weir, 1949):

E& = (3.9)V&O2 + (1.1)V&CO2

(4.7)

& O and V
& CO in
where E& is the energy cost (i.e., rate of heat output) in kcal/min, and V
2
2

L/min. E& was converted to units of J/s and then normalized to body mass. The measured
body mass of the participant, which included the mass of the prosthesis but not any mass
that was added to the prosthesis, was used to normalize E& . The additional mass was
excluded from the normalization scheme in an effort to better capture the effect of the
additional mass on the metabolic costs of walking compared to an unloaded baseline
condition. Thus, it was concluded that this would better reflect the real world metabolic
consequences of altering the inertia of the prosthetic leg in the manner used for each load
condition used in this study.
During each overground walking trial, motion data for one complete stride cycle
of each leg was analyzed. Marker coordinate data were filtered using a fourth-order,
zero-lag, recursive Butterworth digital filter. Cut-off frequencies (4 Hz for hip, 5 Hz for
knee, 6 Hz for ankle, and 7 Hz for foot markers) were based on a residual analysis and
were consistent cut-off frequencies used in a previous study in which we investigated a
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similar manipulation in below-knee amputees (see Chapter 3). Discrete kinematic
variables were then identified for each trial for use in later statistical analyses.
Specifically, kinematic variables which have previously (Selles, Bussmann, Klip et al.,
2004) been shown to be affected by similar perturbations as well as several kinematic
descriptors during the stance phase of walking were investigated. Thus, the following
kinematic variables were investigated: (a) knee angle at toe-off, (b) knee and thigh angles
at foot contact, (c) maximum knee and thigh angle during swing, (d) maximum knee and
thigh angular velocity during swing, and (e) amount of knee flexion following heel
contact in response to limb loading. Given the passive nature of the prosthetic ankle and
the substantial structural differences compared to the intact ankle, ankle kinematics were
not a focus of this study.
Symmetry indices (SI) were computed for mean stance and swing times and all
discrete joint kinematic variables in order to quantify walking symmetry for each load
condition. The SI was defined as:

SI =

(P − I )
*100
0.5 * ( P + I )

(4.8)

where P and I refer to data for prosthetic and intact legs and a symmetry index of zero
represents perfect symmetry.
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Statistical Analysis

Using a single-factor MANOVA design (SAS Institute Inc., Cary, NC) nine
planned contrasts were used to statistically identify significant effects due to the different
load configurations on energy cost and walking symmetry. Although our primary
measures of walking symmetry were stance time and swing time SI, kinematic measures
were also included in the statistical design in an effort to provide a more complete
interpretation of changes in walking symmetry due to the different load configurations.
For each dependent variable, three contrasts compared unloaded baseline values to values
for each of the 100% mass conditions, three contrasts compared the 50% mass condition
to the 100% mass condition at each of the load positions, and three contrasts compared
the 100% mass condition across the three load positions (ankle, prosthesis center of mass,
and thigh center of mass). An alpha level of 0.05 was used to determine significant
effects of the load manipulations. Due to the small number of subjects used in the
statistical analysis, effect sizes (ES) were computed for important pairwise comparisons
(Thomas & Nelson, 1996):

ES =

(M1 − M 2 )
sp

(4.9)

where M1 is the mean at one time period and M2 is the mean at another time period.
Effect sizes near 0.2 were considered small, those near 0.5 were considered moderate,
and those equal to or greater than 0.8 were considered large. The pooled standard
deviation (sp) was computed as follows:
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2

sp =

2

( s1 + s 2 )
2

(4.10)

where s1 and s2 are the standard deviations at each time period.

Results

Temporal

Consistent with our hypothesis, existing temporal asymmetries were exacerbated
when loads were positioned distally on the prosthetic leg (Figure 4.5). Asymmetry also
increased modestly when load was added near the prosthesis CM, but these changes were
not statistically significant. Contrary to our hypothesis, temporal walking symmetry did
not improve when loads were positioned at the thigh CM. Positioning masses near the
thigh CM did not alter the existing temporal asymmetries.
More specifically, adding 100% of the estimated difference in mass near the ankle
of the prosthesis significantly increased swing time asymmetries (F1,5 = 30.97, p < 0.003;
ES = 1.25) and stance time asymmetries (F1,5 = 12.5, p < 0.017; ES 1.00). Adding 100%
of the estimated mass difference to the prosthesis CM (stance - F1,5 = 5.24, p < 0.071; ES
= 0.71; swing - F1,5 = 1.24, p < 0.317; ES = 0.28) or thigh CM (stance - F1,5 = 2.59, p <
0.168; ES = 0.19; swing - F1,5 = 1.1, p < 0.343; ES = 0.16) did not significantly alter
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existing temporal asymmetries. No significant differences were found between the 50%
and 100% mass conditions for any of the three load positions. To summarize, adding
mass distally to the prosthetic leg increased stance and swing time asymmetries, whereas
adding mass to the prosthesis CM or thigh CM had little or no effect on temporal
asymmetries. To illustrate the influence of each leg’s temporal response to the inertia
manipulations the absolute stance and swing times have been provided in Figure 4.6.
Although temporal symmetry did not improve under any of the load conditions,
prosthetic leg swing time did decrease slightly when the 50% mass was added to the
thigh CM. However, the symmetry index was not altered relative to the unloaded baseline
condition because swing time of the intact leg also decreased slightly.
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Figure 4.5: Mean stance and swing time symmetry indices, where a positive index
indicates the prosthetic leg value was greater. Error bars indicate one standard deviation.
Loads positioned distally on the prosthesis resulted in the greatest temporal asymmetries.
Loads positioned proximally (e.g., at the thigh CM) had little if any effect on temporal
symmetry. For stance, increased asymmetries were were consistent with the observed
increases in absolute stance times of the intact leg, whereas increased asymmetries during
swing were consistent with increases in absolute swing times of the prosthetic leg
(Figure 4.6).
Note:
a – NL vs 100% mass for individual load position
b – 50% vs 100% mass for individual load position
c – 100% ankle vs 100% pros
d – 100% pros vs 100% thigh
e – 100% thigh vs 100% ankle
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Figure 4.6: Effects of the load configuration on absolute stance and swing times of the
prosthetic leg (left panels) and intact leg (right panels). Error bars indicate one standard
deviation. Positioning mass near the ankle of the prosthesis increased stance time of the
intact leg (top right panel) and swing time of the prosthetic leg (bottom left panel).

Kinematic Symmetry

Based on visual inspection of kinematic profiles, kinematics of the thigh and knee
were reasonably similar between the seven different load configurations (Figures 4.7 and
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Figure 4.8 ). Only the thigh exhibited differences between different load conditions.
Specifically, more distally positioned loads resulted in intact leg thigh angles that were
more extended prior to toe-off (Figure 4.7), and reduced the thigh angular velocity of the
prosthetic leg during early and late swing (Figure 4.8).
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Figure 4.7: Effects of 100% mass conditions on thigh and knee angles of the prosthetic
leg (left panels) and intact leg (right panels). Knee and thigh angles were reasonably
similar across the different prosthesis inertia configurations. One notable difference in
magnitude can be seen in the intact thigh angle near the end of the stance phase (~60% of
the gait cycle). At this point in the gait cycle the intact thigh appears to be more extended
when loads were positioned more distally on the prosthetic side.
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Figure 4.8: Effect of 100% mass conditions on the mean angular velocities of the thigh
and knee of the prosthetic leg (left panels) and intact leg (right panels). The largest effects
due to the different load configurations occurred at the thigh of the prosthetic leg. Thigh
angular velocity of the prosthetic leg was reduced during early and late swing as mass
was positioned more distally on the prosthetic leg.
In addition to the relatively limited qualitative differences that we observed, only
two measures of kinematic symmetry were perturbed by the different load configurations.
Symmetry did not improve under any of the load configurations. However, consistent
with our hypothesis, asymmetry between legs for the maximum thigh angular velocity
during swing was exacerbated to a greater extent when load was positioned more distally
on the prosthetic leg (Figure 4.9). Compared to the unloaded baseline condition,
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asymmetry between legs was significantly greater when the 100% mass was added near
the ankle (F1,5 = 69.54, p < 0.001; ES = 1.75), near the prosthesis CM (F1,5 = 61.75, p <
0.001; ES = 1.54), and near the thigh CM (F1,5 = 13.11, p < 0.015; ES = 0.60). However,
positioning 100% of the estimated mass difference near the ankle (F1,5 = 23.44, p <
0.005; ES = 1.06) or near the prosthesis CM (F1,5 = 16.11, p < 0.010; ES = 0.84) resulted
in greater asymmetries between legs for the maximum thigh angular velocity compared to
positioning the same mass near the thigh CM. A difference was also found for this
variable between the 100% and 50% mass conditions when these masses were positioned
near the prosthesis CM (F1,5 = 10.43, p < 0.023; ES = 1.0).
Contrary to our hypothesis, asymmetry between legs for the maximum knee
angular velocity during swing was greater when loads were positioned more proximally
on the prosthetic leg (Figure 4.9). Specifically, positioning 100% of the estimated mass
difference at the center of mass of the thigh resulted in greater asymmetries for the
maximum knee angular velocity when compared to an unloaded baseline condition (F1,5 =
12.45, p < 0.017; ES = 1.32) and when compared to the 100% mass added near the ankle
of the prosthesis (F1,5 = 10.89, p < 0.022; ES = 1.64).
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Figure 4.9: Effect of load configuration on maximum knee and thigh angular velocities
during the swing phase. Maximum knee angular velocities during swing exhibited greater
asymmetry when loads were placed more proximally on the prosthetic leg; the
asymmetry between knee angular velocities was consistent with an increase in knee
angular velocity of the intact leg and decrease in knee angular velocity of the prosthetic
leg (see Figure 4.8). The existing asymmetry between the maximum thigh angular
velocities during swing was exacerbated as loads were positioned more distally; the
asymmetry at the thigh became more pronounced due to reduced knee angular velocity of
the prosthetic leg.
Note:
a – NL vs 100% mass for individual load position
b – 50% vs 100% mass for individual load position
c – 100% ankle vs 100% pros
d – 100% pros vs 100% thigh
e – 100% thigh vs 100% ankle

Metabolic Costs

Consistent with our hypothesis, metabolic costs were highest for those conditions
in which the greatest temporal asymmetries occurred and in the largest inertia conditions
(Figure 4.10). Adding 100% of the estimated mass difference near the ankle (F1,5 = 74.38,
p < 0.001, ES = 0.44), prosthesis CM (F1,5 = 14.34, p < 0.013; ES = 0.26), and thigh CM
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(F1,5 = 16.41, p < 0.010; ES = 0.19) significantly increased the metabolic costs of walking
compared to an unloaded baseline condition. In addition, the effect of adding mass at the
ankle was greater than adding mass at the prosthesis CM (F1,5 = 8.65, p < 0.032; ES =
0.24) or thigh CM (F1,5 = 53.42, p < 0.001; ES = 0.26). In relative terms, compared to an
unloaded baseline condition, adding 100% of the mass to the ankle of the prosthesis
increased the metabolic cost walking by approximately 8.5%, whereas adding the same
mass to the prosthesis CM or thigh CM increased metabolic costs by approximately 4.9%
and 3.5%, respectively.

Load Effect on Metabolic Cost
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Figure 4.10: Effect of load configurations on the metabolic costs of walking. With the
exception of the 50% mass position at the prosthesis CM, positioning loads more distally
on the prosthetic leg resulted in greater metabolic costs during walking.
Note:
a – NL vs 100% mass for individual load position
b – 50% vs 100% mass for individual load position
c – 100% ankle vs 100% pros
d – 100% pros vs 100% thigh
e – 100% thigh vs 100% ankle
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Discussion

We investigated the effects of seven different prosthesis inertia configurations on
temporal and kinematic measures of walking symmetry and on the metabolic costs of
walking. We found that proximally positioned masses (i.e., at the thigh CM of the
prosthetic leg) did not improve temporal or kinematic symmetry or lower metabolic costs
during walking relative to an unloaded baseline condition, which was contrary to our
hypothesis. However, asymmetries were exacerbated to the greatest extent when loads
were positioned distally on the prosthetic leg, which was consistent with our hypothesis.
Metabolic costs during walking were also lowest when the lowest temporal asymmetry
between legs was displayed, which was consistent with our hypothesis.
Our results do not agree with suggestions from earlier modeling studies (Bach,
1995; Mena et al., 1981; Tsai & Mansour, 1986) that matching the inertia properties of
the prosthesis to those of the intact leg would improve walking symmetry in unilateral
amputees. Instead our results suggest that the use of lighter weight prostheses, in
comparison to all the load conditions we investigated, result in the least asymmetrical
walking patterns. Stance and swing time asymmetries and thigh angular velocity
asymmetries were greatest when inertia symmetry between legs was achieved (i.e., 100%
mass added near prosthetic ankle). Although maximum knee angular velocity during
swing did exhibit greater symmetry when inertia symmetry was achieved, caution should
be used when interpreting this result. Only the most proximal and most massive load
configuration was found to differ significantly from the unloaded baseline condition,
whereas at the thigh all three load positions were found to differ significantly from the
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unloaded baseline condition. In addition, others (Selles, Bussmann, Klip et al., 2004)
have reported that knee angular velocity of the prosthetic leg during swing does not
change when similar mass manipulations of the prosthesis were studied. However, these
same investigators reported significant differences in thigh kinematics of the prosthetic
leg as prosthesis inertia changed, particularly for those conditions where masses were
positioned distally on the prosthesis.
The load configurations used in this study were based on predictions from a
passive pendulum model of the swing phase of walking. Specifically, we attempted to
study load manipulations that we predicted would increase (mass positioned near the
ankle), have no effect on (mass positioned near the prosthesis CM), and decrease (mass
positioned near thigh CM) the period of oscillation for the simple pendulum model. The
passive pendulum model predicted that the largest decreases in swing time of the
prosthetic leg would be achieved by positioning the 100% mass condition at the center of
mass of the thigh, but our empirical data suggest the largest decreases in swing time
occur with the 50% mass condition positioned either at the prosthesis center of mass (~11
ms) or thigh center of mass (~13 ms) (refer to Figure 4.5). These decreases were not
significant compared to the unloaded baseline condition and were of similar magnitude to
the decreases in swing time observed for the intact leg under the six load conditions in
which mass was added to the prosthetic side. Whether an actual decrease in swing time
occurred in either leg is questionable, but regardless, these results suggest that a passive
pendulum-type model of the swing phase of walking does not effectively resemble actual
behavior of the prosthetic leg as prosthesis inertia is altered.
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Amputees generally expend more metabolic energy per unit distance traveled than
do their non-amputee counterparts walking at similar speeds (Gailey et al., 1997; Gailey
et al., 1994; Molen, 1973; Waters & Mulroy, 1999). Our results indicate that increasing
the mass of the prosthetic leg regardless of mass location leads to even higher metabolic
costs during walking. These results are consistent with previous results in which
prosthesis inertia has been increased distally, but contrary to other findings for more
proximally positioned loads. Mattes, Martin, and Royer (2000) matched prosthesis inertia
to that of the intact shank and foot by adding mass near the ankle and reported similar
increases (~7% higher) in metabolic cost that we found (~8.4% higher) compared to an
unloaded baseline condition. However, in Mattes and colleagues’ study metabolic costs
were nearly identical between an unloaded baseline condition and a condition in which
only 50% of the mass difference between legs was added near the ankle. This is
inconsistent with our findings in that we observed increased metabolic costs (~3.8%)
when the 50% mass condition was added near the ankle. Lehmann et al. (1998) increased
prosthesis mass by approximately 1.0 kg and 1.5 kg by adding mass distally to the limb
such that the center of mass of the leg was shifted distally by approximately 13% of the
distance between the knee and ankle joints. They found that metabolic costs increased by
approximately 4.5% for when 1.0 kg was added and 8.6% when 1.5 kg was added.
Although Lehmann and colleagues did not report the actual locations of the added
massed, it should be noted that Lehmann and colleagues were trying to maintain the same
center of mass location between load conditions so the lighter mass would have been
positioned more distally. When Lehmann and colleagues added the same masses so that
the prosthesis center of mass was not altered from the unloaded baseline condition,
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metabolic costs were not altered by the additional mass. Gailey et al. (1997) evenly
distributed as much as 907 grams of mass on the prosthesis without observing an increase
in metabolic costs for a group of transtibial amputees. Although we did find significant
increases in metabolic costs with our proximal load locations, the effect sizes for these
differences were small. For the 100% mass condition added to the prosthesis center of
mass (es = 0.26) and thigh center of mass (es = 0.19).
Muscular costs, defined as the sum of angular impulses at the hip and knee,
associated with swinging the prosthetic leg have also been reported to increase by
approximately 25% compared to an unloaded condition when inertia symmetry between
legs was simulated (Selles, Bussmann, Van Soest et al., 2004). Although muscular costs
are not directly comparable to metabolic costs in absolute terms, both measures indicated
an increased effort on the part of the amputee as mass of the prosthesis was increased
distally. Selles and colleagues also observed that more proximally positioned loads, such
as those positioned near the knee joint of the prosthetic leg, reduced the muscular costs of
swinging the prosthetic leg by as much as 10%, which in part is why we chose to
investigate adding mass to the thigh. Our results do not support the finding of a reduced
cost for proximally positioned loads since compared to an unloaded baseline condition
metabolic cost increased by at least 2%. Selles and colleagues observation that more
distally positioned loads increase muscular costs to a greater extent than more proximally
positioned loads is consistent with our observation for changes in metabolic costs.
Compared to the unloaded condition metabolic costs of the amputees in our study
increased by 8.9% with the 100% mass positioned near the prosthesis CM, 4.9% with the
100% mass positioned near the prosthesis CM, and 3.5% with the 100% positioned near
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the thigh CM. Thus, our results and those of others clearly indicate that distally
increasing the mass of the prosthesis would result in higher metabolic costs during
walking for the amputee, whereas proximally increasing the mass of the prosthesis
minimally increases or has no effect on the metabolic costs of walking.
In conclusion, increasing the mass of the prosthetic leg by adding mass distally
should not be considered an effective means of improving walking symmetry or lowering
metabolic costs. However, the effects of increasing the mass of the prosthesis by
positioning loads near its center of mass appear to have little effect on walking symmetry
and metabolic costs. Thus, unless other benefits are gained by increasing the mass of the
prosthesis distally, this should not be considered as a possible alternative to the current
lightweight prosthesis design currently being prescribed to unilateral amputees.
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Chapter 5
Study 4 - Intersegmental dynamics of transtibial amputees are dependent on
prosthesis inertia

Following unilateral, transtibial amputation, an amputee is fitted with a
“lightweight” prosthetic limb with inertia properties far less than those of the limb it
replaces. This creates an inertia asymmetry between the intact and prosthetic legs.
Compared to the intact shank and foot, the prosthesis and residual limb combination has a
lower mass (~35% less), lower moment of inertia about a traverse axis through the knee
joint (~60% less), and more proximal center of mass location (~35% closer to the knee)
(S. J. Lin-Chan, Nielsen, Yack, Hsu, & Shurr, 2003; Mattes, Martin, & Royer, 2000).
Previous computer modeling and simulation research based on passive pendulum models
of the swing phase of walking, has suggested that this inertia asymmetry contributes to
the asymmetrical walking patterns often exhibited by unilateral, transtibial amputees
(Mena, Mansour, & Simon, 1981; Tsai & Mansour, 1986). Most notably, unilateral
amputees exhibit significant temporal asymmetries during walking, which have been
characterized by shorter stance times and longer swing times of the prosthetic leg
compared to those for the intact leg (Czerniecki, Gitter, & Weaver, 1994).
Asymmetrical walking patterns of unilateral, transtibial amputees also include
joint kinetic asymmetries. For example, knee muscle moments of the prosthetic leg are
substantially reduced and biased towards flexor moments during stance when compared
to the knee muscle moments of the intact leg and non-amputee legs (Sanderson & Martin,
1997; Winter & Sienko, 1988). During the end of swing the magnitudes of the knee
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flexor moment and hip extensor moment of the prosthetic leg are also smaller in
magnitude (~50% less) than those of non-amputees (Selles, Korteland, Van Soest,
Bussmann, & Stam, 2003). Selles and colleagues used the equations of motion of a
passive double pendulum model of the leg to simulate swing phase kinematics in
transtibial amputees and non-amputees. Inertia properties of each model’s shank and
thigh were based on the subject’s predicted inertia properties for these segments (i.e., an
amputee model had substantially reduced inertia properties compared to a non-amputee
model). The only other inputs to each model were hip trajectory and thigh and shank
angles and angular velocities at toe-off, which were derived from experimental data.
Compared to experimental data, swing phase kinematics of non-amputees were more
accurately reproduced with this passive double pendulum model than those of the
amputees. Selles et al. suggested that the reduced inertia properties of the prosthetic leg
contributed to this finding. In additional simulations, the inertia properties of the
prosthetic leg were modeled with those of a fully intact leg. With these increased inertia
properties, the passive double pendulum model reproduced swing kinematics of the
amputees with similar accuracies to those observed for non-amputees. Thus, pendular
mechanics could reasonably predict kinematic patterns of swing in amputees only when
the inertia of the prosthetic leg resembled that of a fully intact leg. However, when
muscle moments were estimated using inverse dynamics based on the experimental
kinematics and using the increased inertia properties of the prosthetic leg, Selles et al.
reported that the amputees would have had to utilize greater muscle moment magnitudes
at the hip and knee to maintain the same swing phase kinematics. Selles and colleagues
concluded that the reduced inertia properties of a lightweight prosthesis result in less
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pendulum-like behavior during swing. They suggested that a disadvantage of heavier
prostheses was that greater muscular effort was necessary to maintain swing phase
kinematics observed when walking with the lighter weight prosthesis, even though the
heavier prosthesis more closely resembled pendulum-like behavior. Increased muscular
control at the hip and knee would likely result in increased metabolic cost during
walking.
Transtibial amputees exhibit metabolic costs of walking that are 20 to 30% higher
than their non-amputee counterparts walking at the same speed (Gailey et al., 1994;
Waters & Mulroy, 1999). The reasons for these higher metabolic costs are not fully
understood. It is often assumed that lighter weight prostheses are beneficial to amputees
due to reduced muscular demands associated with swinging the limb with each step. This
assumption has received indirect support from research that has shown metabolic costs of
walking increase when mass is added distally to the prosthesis (Lehmann et al., 1998;
Mattes et al., 2000). Other investigators (Czerniecki et al., 1994; Gailey et al., 1997;
Lehmann et al., 1998; S. J. Lin-Chan, Nielsen, Yack et al., 2003), however, have shown
that the mass of the prosthesis can be increased without increasing metabolic costs when
the masses are positioned more proximally in the limb. Mattes, Martin and Royer (2000)
matched mass and moment of inertia characteristics of the combined prosthesis and
residual limb to those of the intact shank and foot by positioning approximately 1.7 kg of
lead shot near the prosthetic ankle. Compared to the unloaded baseline condition,
transtibial amputees exhibited greater gait asymmetries and approximately 7% higher
metabolic cost when inertia properties were matched between legs. However, when only
half the estimated mass difference (0.85 kg) between legs was added, metabolic costs did
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not significantly increase. Lin-Chan and colleagues (S. J. Lin-Chan, Nielsen, Yack et al.,
2003) matched the mass of the prosthetic limb to the intact limb by adding mass near the
center of mass (CM) of the prosthesis. They found no change in oxygen consumption
during walking due to the added mass. Thus, these studies suggest that prosthesis mass
can be increased without significantly increasing the metabolic costs of walking.
Intersegmental dynamics is an analytical technique that allows for quantification
of mechanisms underlying multiple-linked segment interactions and provides insight into
how the dynamics of one segment influence the motion of other segments during multijoint movements (Hollerbach & Flash, 1982; Hoy & Zernicke, 1985, 1986; Hoy,
Zernicke, & Smith, 1985; Putnam, 1991; Sainburg, Ghez, & Kalakanis, 1999; Schneider,
Zernicke, Schmidt, & Hart, 1989; Whittlesey, van Emmerik, & Hamill, 2000). More
specifically, the technique offers a means of assessing linked segment motion by
considering muscle, gravitational, external force, and motion-dependent contributions.
This approach has been used to study numerous fundamental movement patterns such as
walking (Eng, Winter, & Patla, 1997; Putnam, 1991; Whittlesey et al., 2000), running
(Hunter, Marshall, & McNair, 2004; Putnam, 1991), throwing (Hirashima, Kudo, &
Ohtsuki, 2003; Hirashima, Ohgane, Kudo, Hase, & Ohtsuki, 2003; Putnam, 1993),
kicking (Putnam, 1991), and goal-oriented reaching tasks (Bastian, Martin, Keating, &
Thach, 1996; Bastian, Zackowski, & Thach, 2000; Hollerbach & Flash, 1982; Sainburg et
al., 1999; Sainburg, Ghilardi, Poizner, & Ghez, 1995; Sainburg & Kalakanis, 2000).
These types of analyses have generally been limited to movements in which the end
segment is unconstrained, such as the swing phase of walking. Hunter et al. (2004),
however, recently incorporated ground reaction forces acting on the foot segment into the
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equations of motion for a three segment lower extremity model, providing insights into
mechanisms responsible for producing the kinematics of the stance limb during running.
Intersegmental dynamics offers a useful analytical approach for studying the
effect of prosthesis inertia changes on the mechanics of walking in amputees. Inertia
manipulations of lower limb prostheses have been used in the literature as a tool for
investigating the influence of prosthesis inertia on walking symmetry and energetic costs
of amputee locomotion (Czerniecki et al., 1994; Donn, Porter, & Roberts, 1989; Gailey et
al., 1997; Gailey et al., 1994; Gitter, Czerniecki, & Meinders, 1997; Hale, 1990; Hillery
& Wallace, 2000; Hillery, Wallace, McIlhagger, & Watson, 1997; Lehmann et al., 1998;
S.J. Lin-Chan, Bilodeau, Yack, & Nielsen, 2004; S. J. Lin-Chan, Nielsen, Shurr, &
Saltzman, 2003; S. J. Lin-Chan, Nielsen, Yack et al., 2003; Mattes et al., 2000; Selles,
Bussmann, Klip et al., 2004; Tashman, Hicks, & Jendrzejczyk, 1985). Currently, little is
known about neuromuscular responses to changes in prosthesis inertia. Selles and
colleagues (2004) believe that amputees adjust to inertia manipulations by altering their
muscle coordination patterns at the hip and knee of their prosthetic leg in an effort to
retain the same kinematic patterns during walking. They referred to this as a “kinematic
invariance strategy”. However, Selles and colleagues limited their analysis to the swing
phase of the prosthetic leg during walking. The neuromuscular responses of the prosthetic
leg during stance and of the intact leg throughout the gait cycle were not addressed.
Furthermore, human movement develops not only as the result of muscular contractions,
but also as a result of forces and moments generated from the interaction among
segments and effects due to gravity (Zernicke, Schneider, & Buford, 1991).
Understanding how amputees coordinate these different forces and moments, particularly
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under conditions in which inertia properties of the prosthesis have been altered, would
provide insights into movement strategies employed by unilateral, transtibial amputees
during walking.
An intersegmental dynamics analysis also offers the potential for elucidating
mechanisms associated with metabolic costs of amputee locomotion, particularly with
regard to the increased costs associated with heavier prostheses. Muscular effort during
the stance phase accounts for much of the metabolic energy demand during walking,
whereas the metabolic cost during the swing phase is relatively small. Recent research
attempting to partition out the cost of swinging the legs from the gross metabolic cost of
walking suggests that the cost of swinging the legs accounts for approximately 10% to
33% of the total metabolic cost during walking (Doke, Donelan, & Kuo, 2005; Ellerby &
Marsh, 2006; Gottschall & Kram, 2005; Griffin, Roberts, & Kram, 2003; Marsh &
Ellerby, 2006; Marsh, Ellerby, Carr, Henry, & Buchanan, 2004; Marsh, Ellerby, Henry,
& Rubenson, 2006). When mass has been added to the legs of humans during walking or
running, the results have generally indicated an increased muscular demand during swing
(Martin, 1985; Martin & Cavanagh, 1990; Myers & Steudel, 1985). A muscle blood flow
technique (Ellerby, Henry, Carr, Buchanan, & Marsh, 2005; Marsh et al., 2004) was
recently used to quantify changes in blood flow to leg muscles of guinea fowl walking
and running with 2.5% of total body mass attached distally to their legs. Results of these
studies (Ellerby & Marsh, 2006; Marsh et al., 2006) indicated muscular demands
increased during both stance and swing phases. Specifically, Marsh et al. (2006) reported
that 58% of the increased metabolic energy expenditure could be explained by increases
in localized energy use in muscles contributing to the swing phase. The remaining 42%
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of the higher cost was explained by higher energy use during stance. These results appear
to contradict the literature (Martin, 1985; Martin & Cavanagh, 1990; Myers & Steudel,
1985) which suggests the effects of adding mass to the leg are limited primarily to
increases in the muscular demands of the swing phase of the loaded leg.
To summarize, inertia manipulations of below-knee prostheses have been
investigated as a means of improving walking symmetry of unilateral amputees. The
impetus for many of these studies has been early modeling research based on passive
pendulum mechanics (Mena et al., 1981; Tsai & Mansour, 1986), which suggested that
the use of light weight prostheses contributes to walking asymmetries in unilateral
amputees. Unfortunately, most of the research to date has focused primarily on the swing
phase of the prosthetic leg. In light of the recent findings (Ellerby, Henry, Carr,
Buchanan, & Marsh, 2005; Marsh et al., 2004) in guinea fowl which suggests that distal
limb loading increases localized energy use during both stance and swing phases of
walking and running, there is a need to broaden the focus of amputee locomotion
research to include the entire stride cycle of both the prosthetic and intact legs.
Investigating the effects of prosthetic leg inertia manipulations on intersegmental
dynamics during walking should provide further insights into walking mechanics,
muscular demands, and energy cost. Since intersegmental dynamics partitions the net
joint moment into both passive and active components, a better understanding of the
mechanisms associated with the greater metabolic costs of walking with heavier
prostheses should be gained. In addition, studying the effects of inertia manipulations on
muscle excitations of lower extremity muscles should provide further insight into specific
muscle coordination changes as prosthetic leg inertia changes.
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Thus, the purpose of this study was to investigate the effects of multiple
prosthesis load configurations on intersegmental dynamics and lower extremity muscle
excitations of unilateral, transtibial amputees during walking. Although research
involving distal limb loading in guinea fowl during walking and running indicates that
both stance and swing phases of locomotion are affected by loading (Ellerby, Henry,
Carr, Buchanan, & Marsh, 2005; Marsh et al., 2004), these results are contrary to
research related to lower extremity loading in humans (Martin, 1985; Martin &
Cavanagh, 1990; Myers & Steudel, 1985), which suggests that distal limb loading in
humans predominantly affects the swing phase of walking. Therefore, it was our
expectation that changes in intersegmental dynamics and muscle excitations would be
limited to the swing phase of the prosthetic leg. Specifically, we hypothesized that
magnitudes of the interaction, gravitational, and muscle moments during swing of the
prosthetic leg would increase systematically as prosthetic leg inertia increases. That is,
we expected larger moment magnitudes as prosthetic leg mass was increased and as
added mass was positioned more distally on the leg. In addition, we hypothesized that
muscle excitations of the major lower extremity muscles would be consistent with
changes observed in the muscle moment components of the intersegmental dynamics
analysis. Based on these expectations, any increases in metabolic cost would be due to
increased neuromuscular responses during the swing phase of the prosthetic limb.
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Methods

Participants

Six unilateral, transtibial amputees (Table 5.1) participated in this study.
Participant recruitment focused on amputees who were fully ambulatory, had used a
lower limb prosthesis for at least one year, and maintained some degree of physical
activity either in their vocational or daily activities. Only amputees who could walk
continuously for 30 minutes without assistance were included in this study. These
requirements helped ensure participants were able to perform both overground and
treadmill walking for prolonged periods without substantial fatigue. In addition,
participants were recruited from two different geographical locations (central
Pennsylvania and central Indiana). Thus, two research laboratories were used to collect
data. However, the equipment used for data collection at each lab was similar and
differed only by manufacturer. All experimental protocols were identical at both labs
with the same researcher collecting the data at both labs. Informed written consent was
obtained from each participant prior to participation, and approval for the protocol was
obtained from the Institutional Review Boards at The Pennsylvania State University and
Ball State University.
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Table 5.1: Subject characteristics.
Subject

Gender

A

Male

B
C
D
E
F
Mean
± SD

Female
Male
Male
Male
Male

Age
(yrs)

Body
Mass
(kg)

Height
(m)

Time since
amputation
(yrs)

44

104.1

1.77

3

Preferred
walking
velocity
(m/s)
1.10

34
70
62
29
43
47
±16

97.3
99.1
97.7
122.7
107.3
104.7
±9.7

1.60
1.75
1.78
1.85
1.75
1.75
± 0.08

10
30
32
2
5
14
±14

1.30
1.00
1.15
1.22
1.30
1.18
± 0.12

Cause for
Amputation

Traumatic injury
Congenital
Bone Disease
Traumatic injury
Traumatic injury
Traumatic injury
Traumatic injury

Experimental Sessions

Participants completed two experimental sessions. The first session was used to
provide an orientation to the gait lab, data collection area, and experimental protocol;
determine each participant’s preferred walking speed; practice treadmill walking at the
preferred speed for at least ten minutes; measure inertia properties of the lower
extremities and compute the experimental load conditions; and collect lower extremity
electromyography data during treadmill walking for each of seven load conditions. The
second experimental session was devoted to overground walking assessments under the
same seven load conditions. These overground trials formed the basis of the
intersegmental dynamics analyses. The seven load conditions varied by both load
magnitude (2 loads) and position (3 positions) and included an unloaded baseline
condition. For the six conditions in which mass was added to the prosthetic leg, either
100% or 50% of the estimated mass difference between the intact and prosthetic legs was
added at each of the following locations: a) near the prosthetic ankle, b) near the
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prosthesis center of mass, and c) near the prosthetic leg’s thigh center of mass. In both
sessions, load conditions were randomly ordered for each participant.
To determine preferred walking velocity, participants were asked to walk along a
20 m walkway using a comfortable walking velocity. Participants were told to walk at a
speed that they would use to walk from their car to the entrance of a store. A photocellbased timing system was used to quantify the time required to traverse approximately a 5
m section in the middle of the walkway. Preferred walking speed was quantified as the
mean of five walking trials. Each subject’s preferred speed was then used as the target
speed during all experimental walking trials, both treadmill and overground.

Segment Inertia Property Determination

Body mass, body height, and lower extremity segment lengths were measured
prior to exercise in the first experimental session. Since prosthesis mass was less than the
mass of the limb it replaced, the following equation was used to adjust body mass to
account for the lost mass prior to estimating segment inertia properties:

ABM =

MBM − M pros − M residual
1− c

(5.1)

where ABM is the adjusted body mass, MBM is the measured body mass while wearing
the prosthesis, Mpros is the mass of the prosthesis, Mresidual is the mass of the residual limb
(anatomical structures below the knee that remain after amputation), and c (0.057 for
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males; 0.061 for females) is the percentage of ABM accounted for by the intact shank and
foot (de Leva, 1996). Inertia properties of the thigh, shank and foot of the intact leg and
thigh of the prosthetic leg were estimated based on the ABM and their respective segment
lengths (de Leva, 1996). Inertia properties of the residual limb were estimated by
modeling the residual limb as the frustum of a right circular cone (Hanavan, 1964; Mattes
et al., 2000) and assuming a uniform tissue density of 1.1g·cm-3 (Mungiole & Martin,
1990). Residual limb length and two circumferences - one just distal to the knee joint and
the other near the distal aspect of the residual limb - were used as inputs to the model.

Oscillation
axis

Adjustable end
plate

Aluminum
Frame
Infrared sensor
used to measure
period of
oscillation.

Figure 5.1: Oscillation rack with prosthetic limb.

Adjustable end
plate
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Inertia properties of the prosthesis were measured experimentally. Mass of the
prosthesis was measured using a standard laboratory scale (Acculab, Edgewood, NY)
with a capacity of 10 kg and sensitivity to the nearest gram. A reaction board technique
was used to measure the prosthesis center of mass, and an oscillation technique was used
to estimate prosthesis moment of inertia about a series of transverse axes. The prosthesis
was secured inside an adjustable aluminum frame (mass = 1.85 kg) with the sagittal plane
of the prosthesis oriented perpendicular to the oscillation axis of the frame (see
Figure 5.1). The center of mass of the entire system (prosthesis + frame) was
subsequently estimated (Figure 5.2). The prosthesis was later removed from the frame so
the frame’s center of mass location could be estimated and used to predict the center of
mass location of the prosthesis. Before measuring the frame alone, the adjustable
elements of the frame were repositioned to the configuration used while the prosthesis
was secured in the frame. Thus, the effects of the frame alone could be subtracted from
the prosthesis plus frame measurements to estimate the center of mass location for the
prosthesis. The center of mass location of the prosthesis was first expressed relative to the
reference axis (Figure 5.2):

CMpros_ax = (Lrxn * (Rpros + frame – Rframe)) / mpros

(5.2)

where Lrxn represents the distance between points of support, Rpros+frame represents the
scale reading for the prosthesis and aluminum frame together, Rframe represents the scale
reading for the frame only, and mpros represents the mass of the prosthesis. The center of
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mass location for the prosthesis was then expressed relative to the oscillation axis
(Figures 5.1 and 5.2). This was needed in subsequent computations of the moment of
inertia of the prosthesis relative to this oscillation axis. Based on the distance between
oscillation and reference axes (L_osc_ref), the center of mass location of the prosthesis
was expressed relative to the oscillation axis:

CMpros_osc = L_osc_ref - CMpros_ax.

(5.3)

Finally, the center of mass location was expressed relative to the proximal end of the
prosthetic socket based on the distance between the oscillation axis and the top adjustable
end plate (d_plate):

CMpros_prox = CMpros_osc – d_plate.

(5.4)
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L_osc_ref
Adjustable
aluminum frame
CMpros_ax

CMpros_osc
Oscillation
Axis

Prosthesis
d_plate

mpros
Lrxn
Reference
Axis

ground
Rpros + frame

Figure 5.2: Schematic for reaction board system used to determine center of mass
location of the prosthesis.
The aluminum frame and prosthesis were subsequently suspended from a low
friction, bearing mounted oscillation axis (Figure 5.1) and oscillated to determine the
period of oscillation of the system (Martin, Mungiole, Marzke, & Longhill, 1989).
Angular deviations of the frame were limited to less than 5 degrees from the neutral
position. The period of oscillation of the system was determined as the mean of 30
oscillations (the first 10 oscillations for a series of three trials). The choice to use 10
oscillations from three trials was based on a sensitivity analysis designed to assess the
stability of the oscillation period over many sequential oscillations (Appendix A). After
removing the prosthesis and re-establishing the configuration of the frame, the center of
mass location of the frame alone was determined using the reaction board technique
described previously. Average period of oscillation of the aluminum frame alone was
also determined, but was computed as the mean of only 10 oscillations (the first
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oscillation of 10 separate trials). Results of the sensitivity analysis for the frame alone
trials demonstrated that without the extra inertia of a limb the oscillation period of the
frame alone decayed systematically over the first ten oscillations within a trial and
suggested the first oscillation was the best representation of oscillation period. We then
computed the moment of inertia for each condition (frame alone and frame + prosthesis):

2

I axis

⎛ τ ⎞
=⎜
⎟ mgd
⎝ 2π ⎠

(5.5)

where Iaxis is the moment of inertia relative to the oscillation axis, τ is the average period
of one oscillation, m is the mass of the system, g is the acceleration due to gravity, and d
is the distance between the oscillation axis and the center of mass of the system. The
moment of inertia of the prosthesis relative to the oscillation axis was computed as the
difference between Iaxis for the cage alone and Iaxis for the cage plus prosthesis. The
parallel axis theorem was then used to express the moment of inertia of the prosthesis
about a transverse axis through its center of mass and about a transverse axis through the
knee joint. This latter expression was used to estimate differences in moments of inertia
between legs about the same axis (i.e., transverse axes through each knee).

Prosthesis Inertia Manipulations

The load locations used in this study were based on predictions of a simple
pendulum model. If the prosthetic leg is modeled as a simple pendulum, the squared
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period of oscillation (τ) of the pendulum is directly proportional to the moment of inertia
of the entire leg about a transverse axis through the hip joint (Ihip). However, τ2 is
inversely related to the product of leg weight and the distance to the center of mass of the
leg relative to the hip (mgd) (refer to Eq. 5.5 above). Thus, if Ihip increases to a greater
extent than mgd following an inertia perturbation, then τ increases; if mgd increases to a
greater extent than Ihip, then τ decreases. Using data for one subject from Mattes et al.
(data were obtained via personal communication with the authors) and the
aforementioned relationship, we found that adding mass near the thigh center of mass
theoretically would reduce the period of oscillation of the pendulum (i.e., swing time of
the prosthetic leg) (see Figure 5.3). For all loaded conditions, Ihip (i.e., moment of inertia
of the entire prosthetic leg about a transverse axis though the hip joint) was predicted to
be larger than in the unloaded condition. Ihip was also predicted to increase systematically
as added mass location shifted distally (Figure 5.4). CMhip (i.e., center of mass location of
the entire prosthetic leg relative to the hip joint) shifts distally as the added mass location
shifts distally. However, adding mass near the center of mass of the thigh resulted in a
more proximal CMhip location compared to the unloaded condition. Thus, adding mass
near the thigh center of mass was predicted to decrease the ratio of Ihip to mgd, suggesting
a decreased period of oscillation for our simple pendulum model. Specifically, relative to
the unloaded condition, the ratio (Ihip/mgd) was approximately 5% lower when the mass
was positioned at the CM of the thigh. Positioning the added mass at the CM of the
prosthesis had no effect on this ratio. When inertia symmetry was achieved (100% mass
positioned distally on the prosthesis), this ratio increased by approximately 6% relative to
the unloaded condition.

Period of Oscillation (s)
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1.57

1.54

1.51

1.48

NL

CM of
Thigh

CM
Pros

100%
Match

Location of Added Mass

Figure 5.3: Predicted effects on the period of oscillation of a simple pendulum model of
the prosthetic leg. Compared to an unloaded baseline condition (NL), adding the
estimated difference in mass between prosthetic and intact legs at a location that also
matches the moment of inertia about a transverse axis through the knee (100% Match
which required the load to be positioned just proximal to the ankle joint) was predicted to
increase the period oscillation of the simple pendulum. However, adding the same mass
to the center of mass of the prosthesis (CM Pros) had little effect on period oscillation of
the pendulum, and when the same mass was added to the thigh center of mass (CM of
Thigh) a decreased period of oscillation was predicted.
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0.24
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Figure 5.4: Predictions of moment of inertia (I-hip) and center of mass location (CMhip) for the entire prosthetic leg (includes thigh, prosthesis, and residual limb) relative to
the hip joint for each 100% load condition used in this study. Mean CM-hip and I-hip
measures were estimated for the entire swing phase in an unloaded walking condition in
the one subject from Mattes et al. (2000). These mean values were used in the
predictions. Predicted effects on the ratio (Ihip/mgd) are illustrated in the figure as
percentages relative to the unloaded condition. Positive values indicate an increase in the
ratio, which theoretically increases the period of oscillation of a passive pendulum.
For conditions in which mass was added to the prosthetic leg, the amount of mass
added was equal to the estimated mass difference between the prosthetic leg (prosthesis +
residual stump) and intact leg (shank + foot). The additional mass was equally distributed
between two concentrated packets of lead shot and affixed to the anterior and posterior
aspects of the limb so as to not interfere with leg movements during walking.
In order to match the moment of inertia about a transverse axis through the knee
joint of the prosthetic leg to that of the intact leg, the location at which the mass (modeled
as a point mass) needed to be added was predicted based on the following relationship:
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d=

I int act − I pros

(5.6)

m

where d was the distance below the knee that the mass need to be placed, Iintact and Ipros
were the moments of inertia of the intact leg (shank + foot) and prosthetic leg (residual
limb + prosthesis) about a transverse axis through the knee joint, and m was the added
mass. For load conditions in which mass was added near the prosthesis center of mass,
the center of mass locations of the prosthesis and residual limb without any additional
mass were combined to estimate a combined center of mass location relative to the knee
joint. The added mass was then positioned at this location. For load conditions in which
mass was added to the intact thigh center of mass, the center of mass location of the thigh
relative to the hip joint was predicted as 40.95% (for males) and 41.51% (for females) of
the thigh length based on de Leva (1996). The added mass was then positioned at this
location (Table 5.2).

Table 5.2: Inertia properties of the intact and prosthetic limbs.

a

Subject

Intacta
Mass
(kg)

Prosb
Mass

A
B
C
D
E
F
Mean
± STD

6.03
6.07
5.80
5.72
7.14
6.23
6.17
± 0.51

4.27
3.39
3.12
3.17
4.65
4.22
3.80
± 0.66

Est. Mass
difference
(kg)

Ikneeintact
(kg·m2)

Ikneepros
(kg·m2)

1.76
2.68
2.68
2.55
2.49
2.01
2.36
± 0.38

0.604
0.400
0.575
0.559
0.742
0.585
0.578
± 0.109

0.325
0.196
0.194
0.317
0.325
0.287
0.274
± 0.063

Intact CM
below the
knee joint
(m)
0.268
0.215
0.264
0.265
0.276
0.260
0.258
± 0.022

Pros CM
below the
knee joint
(m)
0.215
0.177
0.198
0.191
0.200
0.192
0.196
± 0.013

dc
(m)
0.396
0.274
0.375
0.307
0.408
0.384
0.357
±0.054

Intact refers to values for the combined intact shank and foot.
Pros refers to values for the combined prosthesis and residual limb.
c
Distance below knee joint added mass was placed in order to match Iknee between intact
and prosthetic limbs.
b
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Data Collection

Treadmill Walking Bouts – Electromyography and Temporal Data

EMG data from five muscles in the prosthetic leg and eight muscles in the intact
leg during treadmill walking were measured during the last two minutes of each ten
minute treadmill walking bout. At one lab, a 16-channel Bagnoli system was used
(Delsys Inc., Boston, MA) and at the other lab an AMT-16 system (Bortec Biomedical
Ltd., Calgary, Alberta) was used. Muscles measured were the medial gastrocnemius
(intact leg only), soleus (intact leg only), tibialis anterior (intact leg only), vastus medialis
(bilaterally), rectus femoris (bilaterally), medial hamstring (bilaterally), gluteus maximus
(bilaterally), and gluteus medius (bilaterally). These muscles were chosen because they
were all superficial muscles and exhibit significant excitation levels during walking.
Bipolar surface electrodes (Ag/AgCl, 1 cm inter-electrode distance) were positioned over
each muscle with special attention paid towards aligning electrode surfaces parallel to the
muscle fibers and according to published recommendations (Cram, Kasman, & Holtz,
1998). The skin at each electrode site was shaved, lightly abraded, and cleansed with
isopropyl alcohol prior to electrode application. All EMG signals were pre-amplified at
the recording site prior to being sent to one of two patient units worn by the participant.
EMG signals were then transmitted from each patient unit to the main amplifiers via a
single cable. Each differential amplifier had an input impedance greater than or equal to
10 GΩ, a common mode rejection ratio greater than or equal 92 dB at 60 Hz, and a
frequency response between 20 to 450 Hz.
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At one lab, participants (n = 2) walked on a Gaitway instrumented treadmill
(Kistler Instrument Corporation, Amherst, NY) with two force plates positioned under
the belt. Force data during treadmill walking were sampled at 250 Hz for a period of 30
seconds during the last two minutes of the 10-minute treadmill bout. At the other lab,
signals from four insole foot switches (one foot switch positioned under each heel and
forefoot for four participants) were collected during each 10-minute treadmill walking
bout because a force measuring treadmill was not available. Foot switch signals were
sampled at 1250 Hz for a period of 30 seconds. All foot switch and force data were
collected during the last two minutes of the 10-minute treadmill bout. We have
previously shown that stance and swing times are immediately altered following an
inertia perturbation (cf. Chapter 3) and showed no further changes after five minutes of
exposure to the inertia perturbation. Thus, foot switch and force data were collected
between the eighth and tenth minutes of treadmill walking to ensure amputees had fully
accommodated to the loading condition prior to collecting data. Foot switch data or
vertical ground reaction force data were used to determine individual stance and swing
times for each leg and load condition.

Overground Walking Trials – Motion Analysis and GRFs

In the second experimental session, which occurred within 48 hours of the first
session, participants were asked to complete a series of overground walking trials for the
same seven load conditions used during treadmill trials. Retro-reflective markers were
attached bilaterally to various anatomical landmarks: greater trochanters, lateral femoral
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condyles, lateral malleoli, lateral aspect of the heels, and heads of the fifth metatarsals.
Markers were placed on the prosthetic limb by mirroring the placement of the same
marker on the intact limb. During overground walking trials, participants walked along a
20 m walkway containing two force plates (Kistler Instrument Corporation, Amherst, NY
at one lab; Advanced Mechanical Technology, Inc., Watertown, MA at the other lab)
integrated into the center of the floor. Lower extremity motion was captured at 60 Hz
during overground trials with a six camera motion analysis system (Motion Analysis
Corporation, Santa Rosa, CA at one lab; Vicon, Englewood, CO at the other lab). Ground
reaction forces for two sequential contacts were sampled at 480 Hz using the motion
analysis system, which effectively synchronized GRF and motion capture. Photocells,
positioned approximately 5 m apart, were used during overground trials to monitor
walking speed. Acceptable trials were those within ±3% of the participant’s preferred
speed.

Data Analysis

Motion Analysis and GRFs

Marker coordinate data from overground walking trials were low-pass filtered
using a fourth-order, zero-lag, recursive Butterworth digital filter. Cut-off frequencies (4
Hz for hip, 5 Hz for knee, 6 Hz for ankle, and 7 Hz for foot markers) were identical to
our previous study (Chapter 4) and were based on a residual analysis of each marker
coordinate (Winter, 1990). GRF data were low-pass filtered using a fourth-order,
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zero-lag, recursive Butterworth digital filter with a cut-off frequency of 20 Hz. Each
overground walking trial was analyzed using six gait events (three events for each leg) to
define one complete stride cycle for each leg, which occurred in the following order:
1. right foot contact on the first force plate,
2. left foot toe-off from the ground prior to the first force plate,
3. left foot contact on the second force plate,
4. right foot toe-off from the first force plate,
5. right foot contact on the ground after the second force plate, and
6. left foot toe-off from the second force plate.
Therefore, stride cycles were defined from event 1 to event 5 for the right leg and from
event 2 to event 6 for the left leg. An algorithm with a threshold based on the mean plus
one standard deviation of the vertical force for 100 samples prior to heel contact was used
to determine heel strike and toe off events when these events occurred on a force plate
(events 1, 3, 4, and 6). For events 2 and 5, which did not occur on a force plate, the
horizontal velocity of the toe marker was used to determine heel strike and toe off. The
horizontal velocity of the toe marker during the same event, when it occurred on a force
plate, was used to determine the threshold for this algorithm.

Intersegmental Dynamics

Each lower extremity was modeled two-dimensionally as three interconnected
rigid bodies (thigh, shank, and foot) with three frictionless revolute joints (hip, knee, and
ankle). The combined inertia properties of the prosthesis and residual limb were
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distributed between foot and shank segments based on an assumption that inertia
properties of the prosthetic foot can be reasonably estimated using regression equations
for an intact foot. The inertia properties of the prosthetic shank were then determined by
subtracting the inertia properties of the prosthetic foot from the inertia properties of the
combined prosthesis and residual limb. A detailed description of the method used to
distribute inertia properties of the prosthesis and residual limb between foot and shank
segments can be found in Appendix B. Inertia properties of all other segments (foot,
shank, and thigh of the intact limb and thigh of the prosthetic limb) were estimated based
on regression equations from de Leva (1996).
Linear and angular velocities and accelerations were computed using second order
finite difference approximations. Equations of motion for the ankles, knees, and hips
were similar to those described by Schneider and colleagues (1989). The only difference
was that we incorporated the ground reaction force acting on the foot during stance as
Hunter and colleagues (2004) had done for running. However, unlike Hunter and
colleagues we chose not to keep the distal muscle moment as a separate term, but instead
distributed the distal muscle moment among like terms as our derivations proceeded to
the more proximal joints as Schneider and colleagues had proposed. The impact of this
on our partitioning scheme, which we describe below, was that the active contribution of
the distal muscle moment was ultimately distributed into the interaction moment acting at
the proximal joint. The resulting equations were as follows:
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Equation of motion for the foot:
I cmf α f = RJM a
+ B3 sin(φf )a Xh − B3 cos(φf )a Yh
− B1 sin(φf − φt )ω 2t − B1 cos(φf − φ t )α t
− B 2 sin(φf − φs )ω s2 − B 2 cos(φf − φs )α s

(5.7)

− Ω1 α f + B3 cos(φf ) g
− GRFX (d Yank + d Ycop ) + GRFY (d Xank + d Xcop )
Equation of motion for the shank:
I cms α s = RJM k
+ [(B7 sin(φs ) + B3 sin(φf )]a Xh − [B7 cos(φs ) + B3 cos(φf )]a Yh
− [(B4 + B5 )cos(φs − φt ) + B1 cos(φf − φt )] α t
− [(B4 + B5 )sin(φs − φt ) + B1 sin(φf − φt )] ω 2t
− [(B6 + Ω 2 + B2 cos(φf − φs )] α s − B2 sin(φf − φs ) ωs2

(5.8)

− [I cmf + Ω1 + B2 cos(φs − φf )]α f − B2 sin(φs − φf ) ωf2
+ [B7 cos(φs ) − B3 cos(φs )] g
− l s sin(φs ) GRFX + l s cos(φs ) GRFY − GRFX (d Yank + d Ycop ) + GRFY (d Xank + d Xcop )

Equation of motion for the thigh:
I cmt α t = RJM h
+ [B10 sin(φ t ) + B7 sin(φs ) + B3 sin(φf )]a Xh − [B10 cos(φt ) + B7 cos(φs ) + B3 cos(φf )]a Yh
− [B8 + B9 + Ω 3 + B1cos(φf − φt ) + (B4 + B5 ) cos(φs − φ t )] α t
− [B1sin(φf − φ t ) + (B 4 + B5 ) sin(φs − φt )] ω 2t
− [I cms + Ω 2 + B6 + B 2 cos(φf − φs ) + (B 4 + B5 ) cos(φth − φs )] α s
− [B 2sin(φf − φs ) + (B 4 + B5 ) sin(φ th − φs )] ω s2
− [I cmf + Ω1 + B 2 cos(φs − φf ) + B1 cos(φth − φf )] α f
− [B 2sin(φs − φf ) + B1 sin(φth − φf )] ω f2
+ [B11 cos(φt ) + B7 cos(φs ) − B3 cos(φs )] g
− l t sin(φ t )GRFX + l t cos(φt )GRFY − l s sin(φs ) GRFX + l s cos(φs ) GRFY
− GRFX (d Yank + d Ycop ) + GRFY (d Xank + d Xcop ).

(5.9)
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Nomenclature for equations 5.7, 5.8, and 5.9:
mf, ms, mt
= mass of the foot (f), shank (s), and thigh (t)
Icmf, Icms, Icmt = moment of inertia about the center of mass of the foot, shank, and
thigh
Φf, Φs, Φt
= segment angles for the foot, shank, and thigh (Refer to Figure 5.5
for angle definitions)
ωf , ωs , ωt
= angular velocities of the foot, shank, and thigh
αf, αs, αt
= angular accelerations of the foot, shank, and thigh
rf, rs, rt
= distances from the proximal joint to the center of mass of the foot,
shank, and thigh
ℓs, ℓt
= lengths of the shank and thigh segments
GRFX, GRFY = horizontal and vertical components of the ground reaction force
aXh, aYh
= horizontal and vertical components of the linear acceleration of the
hip
dXcop, dYcop
= horizontal and vertical distances from the center of mass of the foot
to the center of pressure (i.e., Xcop–Xcmf and Ycop–Ycmf,
respectively, where Xcop and Ycop are the horizontal and vertical
coordinates of the center of pressure, and Xcmf and Ycmf are the
horizontal and vertical coordinates of the center of mass of the foot)
dXank, dYank
= horizontal and vertical distances from the center of mass of the foot
to the ankle joint (i.e., Xank–Xcmf and Yank–Ycmf, respectively, where
Xank and Yank are the horizontal and vertical coordinates of the
ankle, and Xcmf and Ycmf are the horizontal and vertical coordinates
of the center of mass of the foot)
g
= gravitational constant (-9.8 m·s-2)
RJMa, RJMk, = muscle moments acting at the ankle (a), knee (k), and hip (h)
RJMh
Auxillary Variables: These definitions are consistent with those of Schneider et al.
(1989).
B1 = mf rf ℓt
B8 = ms ℓt2
B2 = mf rf ℓs
B9 = mf ℓt2
B3 = mf rf
B10 = mt rt + ms ℓt + mf ℓt
B4 = mf ℓs ℓt
B11 = ms ℓt + mf ℓt + mt rt
B5 = ms rs ℓt
Ω1 = mf rf2
2
B6 = mf ℓs
Ω2 = ms rs2
B7 = mf ℓs + ms rs
Ω3 = mt rt2
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Figure 5.5: Segment angle definitions. Negative segment angles were defined as
clockwise rotations from a right horizontal axis positioned at the proximal joint of the
segment.
Each stride cycle was separated into stance and swing phases and the equations of
motion were partitioned into five terms:
(1) Net moment – the left hand side of equations Eq. 5.7, 5.8, and 5.9. This term is
a compilation of all terms that influence the angular acceleration of the segment of
interest.
(2) Interaction moment – sum of all motion-dependent terms arising from angular
accelerations and squared angular velocities of other segments (e.g., if deriving the
equation of motion for the ankle, this term would consist of angular accelerations and
squared angular velocities of the shank and thigh, as well as linear acceleration of the
hip). This term has also been referred to as the inertia moment (Hoy & Zernicke, 1985;
Hoy et al., 1985). It is important to note that our definition of the interaction moment
depends on segment angular velocities and accelerations produced in part through
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muscular contractions at other joints. Because of this we do not label this term as being
purely passive as others have suggested (Eng et al., 1997; Patla & Prentice, 1995;
Schneider et al., 1989), but instead consider this moment to arise from both active
(muscle contraction) and passive (gravitational forces) mechanisms. Whittlesey, van
Emmerik, and Hamill (2000) modeled the passive and active contributions to the
interaction moment based on the kinematics of swing and suggested that two-thirds of the
interaction moment was due to active muscular contraction. During stance, however, the
proportion of active to passive contribution is not known, but intuitively one could argue
that the active contribution would be greater due to increased lower extremity muscle
excitations during stance.
(3) Gravitational moment – compilation of terms in the equation of motion that
depend on the acceleration due to gravity. In other words, the moment produced about a
given joint due to the weight of all segments distal to that given joint. This is the only
joint moment component that is truly passive in nature (Whittlesey et al., 2000).
(4) Muscle moment - often referred to as the residual moment or unknown term in
the equation of motion that represents the difference between the net moment and all
other known terms (RJMaf, RJMks, and RJMht). This term reflects moments produced via
muscular contractions, soft tissue (e.g., ligaments) deformations, and bony contacts and is
typically the moment that is reported in a traditional inverse dynamics analysis. Muscle
moments are considered active contribution to the net moment during walking since
passive contributions develop only near the limits of the joint’s range of motion.
Whittlesey et al (2000) modeled the passive moment at the hip and knee using a double
exponential based on joint kinematics during walking (Yoon & Mansour, 1982) and
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reported that the passive moment was negligible at both the hip and knee. Empirical data
for the hip joint moment support Whittlesey’s findings and suggest that passive
contributions account for less than 10% of the resultant moment at hip during walking
(Vrahas, Brand, Brown, & Andrews, 1990).
(5) Ground reaction force (GRF) moment – sum of all terms that depend on the
ground reaction force vector. During swing, this moment will always equal zero since
GRFs are zero.
Absolute angular impulses (AI) were computed for interaction, gravitational,
muscle, and GRF moments for each leg during both stance and swing:

t

AI

ij

=

∫

M

ij

dt

(5.10)

0

where t represents total time spent in either stance or swing, M represents the moment, i
represents the joint (hip, knee, or ankle), and j represents individual moment component
(interaction, gravitational, muscle, or GRF). An average absolute angular impulse was
computed from the five acceptable trials for each leg and for each load condition. These
average absolute angular impulses were then used to define a total absolute angular
impulse at each joint. Since the sum of the absolute angular impulses of the interaction,
gravitational, muscle, and GRF moments at a given joint does not equal the absolute
angular impulse of the net moment, a total absolute angular impulse (TAI) at each joint
was computed as:
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4

TAI i = ∑ AI ij

(5.11)

j=1

where i and j refer to the individual joints and moment components (excluding the net
moment), respectively.

EMG Data

Raw EMG data for each muscle were demeaned prior to being full wave rectified.
Foot contact events were determined from foot switch or ground reaction force data. Foot
contact events were used to identify 10 stride cycles in the raw EMG data during each
treadmill walking bout and to further delineate each stride cycle into individual stance
and swing phases. EMG data for each muscle during each stance and swing phase were
then integrated:

t

iEMG =

∫ EMG

dt

(5.12)

0

where t represents the duration of each phase. For statistical testing, a mean iEMG for
each muscle during the 10 stride cycles for each load condition was determined. This was
done for both stance and swing phases for each limb. iEMGs were not normalized with
respect to time in an effort to reveal any differences in muscles excitation that were due
to differences in phase duration. For example, if iEMGs were found to differ significantly
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across loading conditions, then the raw data could be used to determine whether the
differences were due to increased amplitude and/or duration.

Statistical Analysis

Using a single-factor MANOVA design (SAS Institute Inc., Cary, NC) nine
planned contrasts were used to statistically identify significant effects due to the different
load configurations during both stance and swing phases of walking. Dependent variables
were analyzed separately during both the stance and swing phase and specific measures
included iEMGS for each of the muscles studied and absolute angular impulses of each of
the moment components at each joint. Note that during swing only three moments
contributed to the total absolute angular impulse at the joint (interaction, gravitational,
and muscle moments), whereas during stance four moments contributed to the total
absolute angular impulse at the joint (interaction, gravitational, GRF, and muscle
moments). For each dependent variable, three contrasts compared unloaded baseline
values to values for each of the 100% mass conditions, three contrasts compared the 50%
mass condition to the 100% mass condition at each of the load positions, and three
contrasts compared the 100% mass condition across the three load positions (ankle,
prosthesis center of mass, and thigh center of mass). An alpha level of 0.05 was used to
determine significant effects of the load manipulations. Due to the small number of
subjects used in the statistical analysis, effect sizes (ES) were also computed and reported
(Thomas & Nelson, 1996):
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ES =

(M1 − M 2 )
sp

(5.13)

where M1 is the mean at one time period and M2 is the mean at another time period.
Effect sizes near 0.2 were considered small, those near 0.5 were considered moderate,
and those equal to or greater than 0.8 were considered large. The pooled standard
deviation (sp) was computed as follows:

2

sp =

2

( s1 + s 2 )
2

(5.14)

where s1 and s2 are the standard deviations at each time period.

Results

Intersegmental Dynamics

In general, adding mass to the prosthetic leg altered the intersegmental dynamics
of the prosthetic leg (Figures 5.6 and 5.7), but had little or no effect on the intersegmental
dynamics of the intact leg (Figures 5.8 and 5.9). For the prosthetic leg, both mass
magnitude and mass position effects were observed. Specifically, adding mass more
distally to the prosthetic leg and/or adding larger masses resulted in greater absolute
angular impulses for each of the moment components. These systematic effects on the
prosthetic leg were exhibited by all three moment components at the hip and knee during
the swing phase (Figure 5.6) and by the gravitational and interaction moments of the hip
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and knee during stance (Figure 5.7). Statistically significant differences were also found
in moment components for the prosthetic ankle during swing (Figure 5.6). The very
small magnitude of these differences (less than 0.01 Nm·s), however, indicate they were
of questionable importance, particularly in light of the much larger loading influences
observed at the hip and knee.
The results of this study clearly demonstrate adding the 100% mass near the ankle
of the prosthesis produced the largest changes in intersegmental dynamics during walking
and that these changes occurred primarily at the knee and hip of the prosthetic leg (cf.
Figures 5.6 through 5.9). The ankle moments of the prosthetic leg were not substantially
altered compared to an unloaded baseline condition (Figure 5.10). Because
intersegmental dynamics of all three joints of the intact leg and the ankle joint of the
prosthetic leg were only minimally affected by the inertia manipulations, the remainder
of the results presentation will focus on loading effects on the intersegmental dynamics of
the knee and hip joints of the prosthetic leg. However, all statistical contrasts for the
intersegmental dynamics analysis have been included in tables C.3 through C.8 of
Appendix C.
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Figure 5.6: Absolute angular impulses of the interaction, gravitational, and muscle moments at the ankle,
knee and hip joints during swing of the prosthetic leg. During swing, absolute angular impulses at the ankle
were small in comparison to absolute angular impulses at the knee and hip. Although significant
differences were found at the ankle, the differences were of such small magnitude that they likely did not
reflect physiologically important changes. Additionally, when comparing data across joints (i.e., one row of
panels) more proximal joints exhibited greater absolute angular impulses for each moment component (note
the differences in vertical scales). Finally, positioning loads more distally on the prosthetic leg and adding
larger masses resulted in greater absolute angular impulses at the knee and hip during swing for each of the
moment components. Contrasts were considered significant at p < 0.05.
Note:
a – NL vs 100% mass for individual load position
b – 50% vs 100% mass for individual load position
c – 100% ankle vs 100% pros
d – 100% pros vs 100% thigh
e – 100% thigh vs 100% ankle
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Figure 5.7: Figure caption is presented on the following page.
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Figure 5.7: Absolute angular impulses of the interaction, gravitational, GRF, and muscle
moments at the ankle, knee and hip joints during stance of the prosthetic leg. Absolute
angular impulses of the interaction and gravitational moment were small in comparison
to those for the GRF and muscle moments during stance at all three joints. Additionally,
when comparing data across joints (i.e., one row of panels) more proximal joints
exhibited higher absolute angular impulses for each moment component, with the
exception of the GRF moment which was largest at the ankle. Positioning loads more
distally on the prosthetic leg and adding larger masses produced higher absolute angular
impulses of the interaction and gravitational moments at the knee and hip, but did not
significantly alter absolute angular impulses of the GRF or muscle moments at the hip or
knee or any moment components at the ankle. Contrasts were considered significant at p
< 0.05.
Note:
a – NL vs 100% mass for individual load position
b – 50% vs 100% mass for individual load position
c – 100% ankle vs 100% pros
d – 100% pros vs 100% thigh
e – 100% thigh vs 100% ankle

140
8

3

2

1

Angular Impulse (Nm*s)

100%
7

6

5

4

NL

thigh

pros

Load Position

thigh

pros

ankle

NL

Angular Impulse (Nm*s)

3

2

1

0
thigh

pros

4
b
3

2

1

ankle

Load Position

thigh

pros

Angular Impulse (Nm*s)

4

3

2

1

pros

Load Position

4

3

NL

ankle

thigh

pros

ankle

Load Position
10

Knee Muscle

Hip Muscle

5

4

3

2

1

0
thigh

5

ankle

Angular Impulse (Nm*s)

6

d
a

Load Position

Ankle Muscle

NL

b

6

2
NL

5

ankle

Hip Gravitational

0
NL

pros

7

Knee Gravitational

4

thigh

Load Position

5

Ankle Gravitational
Angular Impulse (Nm*s)

11

Load Position

5

Angular Impulse (Nm*s)

12

10
NL

ankle

100%

13

3

0

50%

Hip Interaction
14

Angular Impulse (Nm*s)

Angular Impulse (Nm*s)

100%
4

15
50%

Knee Interaction

50%

Ankle Interaction

Angular Impulse (Nm*s)

5

9

8

7

6

5
NL

thigh

pros

Load Position

ankle

NL

thigh

pros

ankle

Load Position

Figure 5.8: Absolute angular impulses of the interaction, gravitational, and muscle moments at
the ankle, knee and hip joints during swing of the intact leg. Altering the mass of the prosthetic
leg had little to no effect on the absolute angular impulses of the intact leg during swing.
Although four statistically significant differences (angular impulses of the gravitational moments
at the hip and knee) were observed, these differences were small in comparison to those observed
in the prosthetic leg during swing. For example, the largest change relative to the unloaded
condition occurred in the hip gravitational impulse when the 100% mass was positioned at the
thigh center of mass (ES = 0.52). This represented a 7% decrease compared to the unloaded
condition, whereas the magnitude of this same variable increased by 29% when the 100% mass
was positioned at the ankle during the swing phase of the prosthetic leg (ES = 3.56). Contrasts
were considered significant at p < 0.05.
Note:
a – NL vs 100% mass for individual load position
b – 50% vs 100% mass for individual load position
c – 100% ankle vs 100% pros
d – 100% pros vs 100% thigh
e – 100% thigh vs 100% ankle
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Figure 5.9: Absolute angular impulses of the interaction, gravitational, GRF, and muscle
moments at the ankle, knee and hip joints during stance of the intact leg. Altering the
mass of the prosthetic leg had little to no effect on the absolute angular impulses of the
intact leg during stance. Although a number of statistically significant differences (seven
at the ankle, one at the knee, three at the hip) were found, these differences were small in
comparison to the differences observed for the prosthetic leg during stance. The largest
significant change relative to the unloaded condition occurred in the hip gravitational
impulse when the 100% mass was positioned near the ankle of the prosthesis (ES = 0.42).
This represented a 4.4% increase compared to the unloaded condition, whereas the
magnitude of this same variable increased by 39% when the 100% mass was positioned
at the ankle during the stance phase of the prosthetic leg (ES = 2.02). Contrasts were
considered significant at p < 0.05.
Note:
a – NL vs 100% mass for individual load position
b – 50% vs 100% mass for individual load position
c – 100% ankle vs 100% pros
d – 100% pros vs 100% thigh
e – 100% thigh vs 100% ankle
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Figure 5.10: Mean intersegmental dynamics of the ankle joint across subjects during the
unloaded baseline condition (left panels) and when the 100% mass was positioned near
the ankle of the prosthesis (right panels). Comparing moments within each leg between
the two load conditions illustrates the minimal effect of loading on the intersegmental
dynamics of the ankle. During stance, it can also be seen that the magnitudes of the
interaction, gravitational, and net moments were negligible in comparison to the
magnitudes of the GRF and muscle moments at the ankle for both legs. During swing, the
magnitudes of each of the moment components were similar with the muscle and
interaction moment magnitudes being slightly larger than the magnitudes of the net and
gravitational moments. Comparing the intact ankle moments to those of the prosthetic
ankle during both stance and swing indicates that overall the magnitudes of the moments
at the ankle of the prosthetic leg were reduced in comparison to those of the intact ankle.

Intersegmental Dynamics – Prosthetic Leg Knee Joint

During the swing phase of walking, interaction, gravitational, and muscle
moments of the prosthetic leg’s knee joint were altered as prosthesis inertia changed
(Figure 5.6). Specifically, the absolute angular impulses of all three components were
significantly higher than the unloaded baseline condition when the 100% mass was
positioned near the ankle (for all comparisons: F1,5 > 8.90, p < 0.031; mean ES = 2.18).
When the 100% load was carried near the prosthesis CM, the angular impulses of the
interaction and gravitational moments at the knee increased relative to the unloaded
condition (for all comparisons: F1,5 > 40.69, p < 0.002; mean ES = 1.74), whereas the
angular impulse of the muscle moment was not significantly altered (F1,5 = 3.92, p =
0.105; ES = 0.43). Absolute angular impulses of the interaction, gravitational, and
muscle moments were not significantly different from the baseline condition when the
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100% mass was positioned at the thigh CM (for all comparisons: F1,5 < 3.35, p > 0.127;
mean ES = 0.09).
Contrasting the 100% load condition across the three loading locations
demonstrated the larger effect produced by more distal positioning of the loads on the
knee’s absolute angular impulses during the swing phase. That is, the absolute angular
impulses of all three moment components at the knee were greatest when the 100% load
was carried near the ankle joint (for all comparisons: F1,5 > 7.40, p < 0.042; mean ES =
1.68). The angular impulses of the knee gravitational and interaction moments were also
greater when the 100% mass was positioned near the prosthesis CM compared to the
thigh CM position (F1,5 > 29.80, p < 0.003; mean ES = 1.68). When contrasting the 50%
and 100% load conditions, the 100% mass conditions resulted in greater absolute angular
impulses of the knee gravitational and interaction moments at all three load locations (F1,5
> 7.82, p < 0.0382; mean ES = 0.72).
During the stance phase, absolute angular impulses of the GRF and muscle
moments (Figure 5.7) of the prosthetic leg’s knee joint were not altered by any of the
load configurations (for all comparisons: F1,5 < 4.63, p > 0.084; mean ES = 0.26). The
impulses of the interaction and gravitational moments, however, increased systematically
as loads were positioned more distally on the prosthetic leg and larger masses were
added. Specifically, compared to an unloaded baseline condition, absolute angular
impulses of the gravitational and interaction moments were significantly greater when the
100% mass was positioned at the prosthesis CM and near the prosthetic ankle joint (for
all comparisons: F1,5 > 75.03, p < 0.001; mean ES = 2.94). In addition the angular
impulses of both components were higher for ankle loading compared to prosthesis CM
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loading (for all comparisons: F1,5 > 70.79, p < 0.001; mean ES = 2.94) and higher for
prosthesis CM loading compared to thigh loading (for all comparisons: F1,5 > 33.22, p <
0.002; mean ES = 1.35). Absolute angular impulses of the interaction and gravitational
moments of the knee during stance were also larger for the 100% mass conditions
compared to the 50% mass conditions when the masses were positioned at the prosthesis
CM and near the ankle of the prosthesis (for all comparisons: F1,5 > 63.36, p < 0.001;
mean ES = 1.39).
To summarize, both mass magnitude and position effects were found at the knee
of the prosthetic leg during stance and swing phases of walking. These effects were
systematic since larger masses and more distally positioned masses generally resulted in
greater absolute angular impulses at the knee. During the swing phase of the prosthetic
leg, systematic loading effects were found in all three moment components (Figure 5.6).
The largest effects occurred when the 100% mass was positioned at the ankle of the
prosthesis. During the stance phase, these systematic effects were limited to the
gravitational and interaction moments; the GRF and muscle moments were not affected
(Figure 5.7). Side by side comparisons of the unloaded baseline condition and the
condition in which the 100% mass was positioned at the ankle of the prosthesis have been
provided to illustrate the most dramatic effects on the moment profiles at knee due to
loading (Figure 5.11).
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Figure 5.11: Mean intersegmental dynamics of the knee joint during the unloaded
baseline condition (left panels) and when the 100% mass was positioned near the ankle of
the prosthesis (right panels). Comparing moments for the two load conditions within each
leg (left panels vs right panels) illustrates the effect of loading on the intersegmental
dynamics of the knee. Intact knee moment components were greater than prosthetic knee
moment components during both stance and swing phases for both the unloaded and
100% ankle load conditions. Moment magnitudes of the intact leg are similar for the
unloaded and 100% load conditions during both stance and swing. During stance of the
prosthetic leg, the muscle and GRF moments do not exhibit substantial differences in
magnitude between these two conditions. The interaction and gravitational moments
during stance were modestly higher for the 100% load condition which can be seen by
focusing on the early and late parts of stance. These increases resulted in significant
increases in angular impulses for these moments during stance (Figure 5.7). During swing
of the prosthetic leg, the magnitudes of each of the moment components were
systematically higher for the 100% load. These increases resulted in significant increases
in absolute angular impulse for each of these moments relative to the unloaded baseline
condition (Figure 5.6).

Intersegmental Dynamics – Prosthetic Leg Hip Joint

During the swing phase, interaction, gravitational, and muscle moments of the
prosthetic leg’s hip joint were significantly altered by alterations in the prosthetic leg
inertia properties (Figure 5.6). Relative to the baseline condition, absolute angular
impulses of all three moments were significantly greater when the 100% mass was
positioned at the prosthesis CM and near the ankle of the prosthesis (for all comparisons:
F1,5 > 12.35, p < 0.017; mean ES = 1.19). In addition, the angular impulse of the hip
gravitational moment increased significantly compared to the unloaded baseline
condition when the 100% mass was added near the thigh CM (F1,5 = 18.15, p < 0.008; ES
= 0.37). For contrasts between the 50% and 100% load conditions at each loading
location, absolute angular impulses of the all three moments were significantly greater for
the 100% condition when the load was near the ankle (for all comparisons: F1,5 > 17.81, p
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< 0.008; mean ES = 0.66). Absolute angular impulse of the interaction moment was also
significantly greater for 100% mass when the masses were positioned at the prosthesis
CM and thigh CM (for all comparisons: F1,5 > 6.98, p < 0.046; mean ES =0.33). With
regard to load position effects for the 100% load condition, positioning the load near the
ankle resulted in significantly greater absolute angular impulses of all three moment
components compared to prosthesis CM and thigh CM locations (for all comparisons: F1,5
> 6.70, p < 0.049; mean ES = 0.92). In addition, absolute angular impulses of the
interaction and gravitational moments were higher for prosthesis CM loading versus
thigh CM loading (for all comparisons: F1,5 > 16.99, p < 0.009; mean ES = 0.93). In sum,
absolute angular impulses of the interaction, gravitational, and muscle moments were
largest with the 100% load positioned near the ankle of the prosthesis during the swing
phase of walking.
During the stance phase of walking, absolute angular impulses of the GRF and
muscle moments (Figure 5.7) of the prosthetic leg’s hip joint were not significantly
altered by any of the load configurations (for all comparisons: F1,5 < 0.77, p > 0.421;
mean ES = 0.18). Absolute angular impulses of the interaction and gravitational moments
of the prosthetic leg’s hip joint, however, increased when mass was added to the
prosthetic leg. Specifically, angular impulses of the gravitational and interaction moments
were significantly greater than those for the baseline condition at all three load locations
(for all comparisons: F1,5 > 18.80, p < 0.008; mean ES = 1.35). In addition, absolute
angular impulses of the interaction moment were greater for the 100% mass compared to
the 50% mass at all load positions (for all comparisons: F1,5 > 10.80, p < 0.022; mean ES
= 0.66). Absolute angular impulses of the gravitational moment were also larger for
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100% mass compared to the 50% mass when the load was positioned at the prosthesis
CM or near the ankle of the prosthesis (for all comparisons: F1,5 > 89.58, p < 0.001; mean
ES = 0.97). A load position effect was also observed. Angular impulses of the interaction
and gravitational moments at the hip were greater when the 100% mass was positioned at
the prosthesis CM or near the ankle of the prosthesis compared to the 100% mass
positioned at the thigh CM (for all comparisons: F1,5 > 36.71, p < 0.002; mean ES =
1.53).
In summary, both mass magnitude and position effects were found at the hip of
the prosthetic leg during stance and swing phases of walking. Larger masses and more
distally positioned masses resulted in greater absolute angular impulses at the hip for
individual moment components. During the stance phase, these effects were limited to the
gravitational and interaction moments (Figure 5.7). During swing of the prosthetic leg,
systematic effects were found in the interaction, gravitational, and muscle moments as
prosthetic mass increased and the added mass was positioned more distally on the leg
(Figure 5.6). It was also apparent that the largest effects due to loading at the hip occurred
when the 100% mass was positioned at the ankle of the prosthesis. Therefore, side by
side comparisons of the unloaded baseline condition and the condition in which the 100%
mass was positioned at the ankle of the prosthesis have been provided to illustrate the
most dramatic effects at hip due to loading (Figure 5.12).
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Figure 5.12: Mean intersegmental dynamics of the hip joint for the unloaded baseline
condition (left panels) and when the 100% mass was positioned near the ankle of the
prosthesis (right panels). Comparing moments for the two load conditions within each leg
(left panels vs right panels) illustrates the effect of loading on the intersegmental
dynamics of the hip. Moment magnitudes of the intact leg were similar for the unloaded
and 100% conditions during both and stance and swing. During the first half of stance for
the prosthetic leg, the muscle and GRF moments of the hip were larger in magnitude with
the 100% mass was positioned near the ankle of the prosthesis. However, during the last
half of stance for the prosthetic leg, the magnitudes of the GRF and muscle moments
were smaller after the 100% mass was positioned at the ankle of the prosthesis. The
increase in early stance and decrease in late stance resulted in no significant change in
absolute angular impulse for the entire stance phase for both the GRF and muscle
moments. Interaction and gravitational moment magnitudes of the prosthetic leg’s hip
joint increased during stance of the prosthetic leg, which can be observed by focusing on
the early and late parts of stance. These increases resulted in significant increases in
absolute angular impulse for these moments during stance (Figure 5.7). During swing of
the prosthetic leg, the magnitudes of each of the moment components increased when the
100% mass was added near the ankle. These increases resulted in significant increases in
absolute angular impulse for each moment component relative to the unloaded baseline
condition (Figure 5.6).

Muscle Excitations

In general, there were few statistically significant contrasts indicating altered
inertia conditions had limited detectable effect on excitations of individual lower
extremity muscles (Figures 5.13, 5.14, 5.15, and 5.16). Tables C.9 through C.13 of
Appendix C present all of the statistical contrasts for the electromyography analyses.
iEMGs of prosthetic leg muscles during swing did not change significantly as leg inertia
was altered (Figure 5.13). However, some of these muscles did exhibit a trend that was
consistent with our expected outcome. For example, iEMGs of vastus lateralis and medial
hamstrings appeared to be greater for larger masses and when masses were positioned
more distally on the leg. As figure 5.13 illustrates, trends for both vastus lateralis and
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medial hamstrings were consistent with a systematic load effect, but these effects were
not large enough to achieve statistical significance. iEMGs of prosthetic leg muscles
during stance and those of the intact leg muscles during swing were also not affected by
loading (Figures 5.14 and 5.15). Vastus lateralis, gluteus medius, and gluteus maximus of
the intact leg during stance exhibited significant effects due to loading (Figure 5.16), but
these effects were small and did not appear to be systematic.
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Figure 5.13: Load effects on iEMGs of prosthetic leg muscles during swing. No
significant systematic load effects for any muscle were found. However, iEMGs of vastus
lateralis and medial hamstrings exhibited systematic trends that were consistent with
expected load effects. Both muscles were generally smaller in magnitude for the 50%
mass condition compared to 100% mass condition. In addition, as masses were positioned
more distally, iEMGs of both muscles generally increased. iEMG of the vastus lateralis
was significantly greater (indicated by “b” in figure) when the 100% mass was positioned
at the ankle compared to the 50% mass positioned at the ankle (F1,4 = 10.17, p < 0.033;
ES = 0.25). iEMG of gluteus maximus was significantly greater (indicated by “e” in
figure) when 100% mass was positioned near the ankle compared to the 100% mass
positioned at the thigh CM (F1,5 = 7.42, p < 0.042; ES = 0.31).
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Figure 5.14: Load effects on iEMGs of prosthetic leg muscles during stance. No
significant systematic load effects for any muscle were found. There also no systematic
trends observed for any muscle. iEMG of gluteus medius was significantly greater
(indicated by “b” in figure) when the 100% mass was positioned near the prosthesis CM
compared to the 50% mass positioned near the prosthesis CM (F1,4 = 17.79, p < 0.024; ES
= 0.11).
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Figure 5.15: Load effects on iEMGs of intact leg muscles during swing. No significant
systematic load effects or trends were found for any muscle.
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Figure 5.16: Load effects on iEMGs of intact leg muscles during stance. iEMGs of vastus
lateralis, gluteus medius, and gluteus maximus exhibited significant changes due to
loading. Compared to NL, iEMG of vastus lateralis was greater (indicated by “a”) when
the 100% mass was positioned at the thigh CM (F1,4 = 12.19, p < 0.025; ES = 0.55) or
near the ankle of the prosthesis(F1,4 = 17.34, p < 0.014; ES = 0.44). In addition, iEMG of
vastus lateralis was greater (indicated by “b”) for the 100% mass than 50% mass when
the masses were positioned at the thigh CM (F1,4 = 14.76, p < 0.018; ES = 0.28). iEMG of
gluteus medius was greater (indicated by “e”) when the 100% was positioned near the
ankle of the prosthesis compared to the thigh CM (F1,5 = 8.98, p < 0.030; ES = 0.34).
iEMG of gluteus maximus was greater when 100% mass was positioned near the ankle of
prosthesis compared to positioned at the prosthesis CM (F1,5 = 10.05, p < 0.025; ES <
0.01; indicated by “c”) of thigh CM(F1,5 = 25.97, p < 0.004; ES = 0.11; indicated by “e”).

To examine muscular response more globally, iEMGs for all muscles within each
leg were summed for both stance and swing phases (Figure 5.17). No systematic load
effects were apparent for the stance phase of either the prosthetic or intact legs. During
the swing phase of the prosthetic limb there was evidence that iEMG was higher for the
100% load conditions relative to the 50% conditions and higher for more distal
positioning of the loads. The intact leg tended to show an opposite trend for load position
during swing. That is, summed iEMG tended to decrease with more distal loading.
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Figure 5.17: Summed iEMG for each leg during stance and swing phases of walking.
These summed iEMGs were estimated by summing the mean iEMG across subjects for
each muscle. During stance of both legs, systematic load effects were not apparent. There
was a trend for the summed iEMG of the prosthetic leg during swing to increase as loads
were placed more distally on the prosthetic leg and as the mass increased from 50% to
100%. During swing of the intact summed iEMG appeared to decrease as masses were
positioned more distally on the prosthetic leg.

Discussion

The effects of seven prosthetic leg inertia configurations on intersegmental
dynamics and lower extremity muscle excitations in unilateral, transtibial amputees
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during walking were investigated. Consistent with our hypothesis, we found that
intersegmental dynamics of the hip and knee joints of the prosthetic leg depended on both
the mass magnitude and location of the added mass, whereas the intersegmental
dynamics of the intact leg were unaffected by prosthetic leg inertia changes. During
swing, absolute angular impulses of the interaction, gravitational, and muscle moments of
the hip and knee of the prosthetic leg increased systematically as larger masses were
added to the limb and the added mass was positioned more distally. During stance of the
prosthetic leg, absolute angular impulses of the interaction and gravitational moments of
the hip and knee were also altered, which was contrary to our hypothesis. Finally,
contrary to our hypothesis, muscle excitations of the major lower extremity muscles were
not appreciably altered regardless of prosthetic leg inertia. Thus, results of muscle
excitations were not consistent with our findings of increased knee and hip muscle
moment magnitudes during swing of the prosthetic leg as mass magnitude increased and
mass was positioned more distally on the prosthetic leg.
There are limited data with which to compare our results in the literature, since to
our knowledge this was the first study to use an intersegmental dynamics analysis to
study transtibial amputee locomotion. However, our results are consistent with those
studies in the literature that have investigated intersegmental dynamics of walking by
non-amputees (Eng et al., 1997; Putnam, 1991; Whittlesey et al., 2000; Zernicke et al.,
1991). In general, the magnitudes and timing of each moment component during the
swing phase of the intact leg were similar to results from the literature (Eng et al., 1997;
Putnam, 1991; Whittlesey et al., 2000; Zernicke et al., 1991). The muscle moment has
often been described as correcting or compensating for the interaction moments that arise
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at each joint during free-swinging motions (Hirashima, Kudo et al., 2003; Hirashima,
Ohgane et al., 2003; Hoy & Zernicke, 1985, 1986; Hoy et al., 1985; Patla & Prentice,
1995; Phillips, Roberts, & Huang, 1983; Schneider et al., 1989; Whittlesey et al., 2000;
Zernicke et al., 1991). This was also observed in our data because at all three joints for
the majority of swing the interaction and muscle moments opposed each other (i.e., one
was flexor while the other was extensor). However, our comparisons to the
intersegmental dynamics literature are limited to the swing phase, since there are no
published studies that have incorporated the stance phase of walking. Hunter et al.
(2004) is the only study to have included the stance phase in their intersegmental
dynamics analysis of running. Nevertheless, the muscle moment computed in
intersegmental dynamics analyses can be compared directly to the resultant joint moment
computed in more traditional inverse dynamics analyses (Sanderson & Martin, 1997;
Torburn, Perry, Ayyappa, & Shanfield, 1990; Winter & Sienko, 1988).
Muscle moment magnitudes in our study were consistent with magnitudes of
resultant joint moments reported in the literature for unilateral, transtibial amputees
during walking. At the ankle, resultant joint moments of the prosthetic leg are reduced in
magnitude in comparison to the intact ankle due to the passive nature of the prosthesis
(Sanderson & Martin, 1997; Torburn et al., 1990; Winter & Sienko, 1988). and Sienko
(1988) also found that the resultant ankle joint moment remained dorsiflexor for a larger
portion of early stance (up to ~20% of the stride cycle). In comparison to the intact ankle,
amputees in our study exhibited reduced magnitudes of the prosthetic ankle muscle
moment throughout the gait cycle. In addition, the ankle muscle moment remained
dorsiflexor for a longer period in early stance (cf., Figure 5.10). In our study the
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prosthetic ankle was modeled as hinge by creating a pseudo ankle joint that matched the
location of the intact ankle. Prince and colleagues (1994) commented on the limitations
of modeling the prosthetic ankle in this fashion by suggesting: a) the rigid body
assumption does not apply to prosthetic feet that have a flexible keel because there is no
rotation at the ankle, and b) energy loss and recovery through prosthetic foot deformation
is not accounted for with the traditional model. We chose to model the prosthetic ankle
the way others (Sanderson & Martin, 1997; Torburn et al., 1990; Winter & Sienko, 1988)
have done. We anticipated load effects would primarily be exhibited at the hip and knee
of the prosthetic leg. To test the influence of the our ankle model on the knee and hip
moments, in pilot work we modeled the prosthetic foot as rotating about a point more
proximally located in the prosthetic shank as suggested by Prince et al. and about a point
that was similar to the location of the intact ankle. Results suggested that the point at
which ankle moments were summed had little to no influence on the knee and hip
moments. Thus, we felt that a more traditional ankle model would serve our purpose and
allow for more direct comparisons to the literature.
Another commonly reported feature of unilateral, transtibial amputee gait is a
significant asymmetry in the resultant knee joint moments. The prosthetic leg’s knee
moment tends to be biased towards a flexor function during stance in comparison with
the profile of the intact leg (Gitter, Czerniecki, & DeGroot, 1991; Sanderson & Martin,
1997; Torburn et al., 1990; Winter & Sienko, 1988). Near the end of swing as knee
extension velocity is reduced, the magnitude of the knee flexor moment of the prosthetic
leg is smaller in magnitude than that of non-amputees (Selles et al., 2003). Amputees in
our study showed these same trends during unloaded walking (cf. Figure 5.11).
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Previous researchers (Sanderson & Martin, 1997; Selles et al., 2003; Torburn et
al., 1990; Winter & Sienko, 1988) have also observed that the resultant hip joint moments
are less asymmetrical than knee joint moments in unilateral, transtibial amputees. Winter
and Sienko (1998) also showed that the hip’s resultant joint moment during the first half
of stance for the prosthetic leg exhibits greater extensor function than that of the intact
leg (i.e., the magnitude of the extensor moment at the hip is greater on the prosthetic
side). In addition, the resultant hip joint moment throughout swing is typically reduced in
magnitude in comparison to that of the intact leg (Selles et al., 2003; Winter & Sienko,
1988). Our results are consistent with these previous findings for the resultant hip joint
moments of unilateral, transtibial amputees during unloaded walking (cf. Figure 5.12).

Muscular Responses to Inertia Manipulations

Based upon results of the intersegmental dynamics analysis, increasing the inertia
of the prosthetic leg increased muscular demands at the hip and knee of the prosthetic leg
during swing, but had little effect on the muscular demands of the prosthetic leg during
stance and intact leg during the entire gait cycle. Angular impulses of the hip and knee
muscle moments of the prosthetic leg during swing increased systematically as mass
magnitude increased and as masses were positioned more distally on the leg. Selles,
Bussmann, Klip et al. (2004) have also reported increased moment magnitudes of the
prosthetic leg during swing with increased prosthesis inertia. They reported that knee
moment magnitudes increased by approximately 7% when 1 kg was added near the
combined center of mass of the prosthesis and residual limb and increased by
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approximately 14% when 2 kg was added to the same location. Compared to the no load
condition, absolute angular impulses of the knee muscle moment of the amputees in our
study increased by 6% and 11% when the 50% (1.18 kg) and 100% (2.36 kg) masses
were added to the prosthesis CM, respectively. Selles, Bussmann, Klip et al. also reported
that hip moment magnitudes increased by approximately 11% when 1 kg was added to
the combined center of mass of the prosthesis and residual limb and by approximately
18% when 2 kg was added to the same location. Absolute angular impulses of the hip
muscle moment of the amputees in our study increased by 13% and 17% when the 50%
(1.18 kg) and 100% (2.36 kg) masses were added to the prosthesis CM, respectively.
Thus, our results were consistent with previous results (Selles, Bussmann, Van Soest, &
Stam, 2004; Selles, Bussmann, Klip et al., 2004) and suggest an increased muscular
demand at the knee and hip associated with swinging an increased inertia of the
prosthetic leg.
Our interpretation of changes in muscular demand based on changes in muscle
moments is limited to net representations of muscular control during movement. That is,
our intersegmental dynamics analysis did not provide specific insights into individual
muscle responses to the inertia manipulations. Therefore, we also investigated lower
extremity muscle contributions using electromyography with an expectation that these
results would compliment our intersegmental dynamics analysis and provide greater
insights into neuromuscular responses to the load manipulations. Unfortunately, EMG
data did not support our intersegmental analysis. Although we observed several trends
that were consistent with changes in muscle moment magnitudes, these trends were not
statistically significant.
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Other investigators (Browning, Modica, Kram, & Goswami, 2007; Royer &
Martin, 2005) have also had difficulty detecting statistically significant effects of lower
extremity inertia changes on muscle excitations in non-amputees during walking.
Browning et al. (2007) added 2 kg to each foot of non-amputees while they walked on a
treadmill at 1.25 m⋅s-1. Compared to an unloaded baseline walking condition, EMG
amplitudes of the rectus femoris, semitendinosus, tibialis anterior, and soleus did not
significantly increase when walking with 2 kg attached to each foot. The medial
gastrocnemius was the only muscle that exhibited a significant increase in EMG
amplitude relative to the unloaded condition.
In another recent study, Royer and Martin (2005) measured EMG of eight lower
extremity muscles (gluteus maximus, rectus femoris, vastus lateralis, biceps femoris,
tibialis anterior, gastrocnemius, and soleus) in non-amputees during four loading
conditions. All of the additional mass (5.64 kg) was carried at the waist in one condition,
and in the other three the 5.64 kg was distributed between the waist and shanks of each
lower leg in an effort to influence leg mass and leg moment of inertia relative to the hip
independently. In one condition, all of the additional mass was added to the shanks (i.e.,
2.82 kg was added to each shank). Royer and Martin found that only the vastus lateralis
and soleus exhibited significant effects due to loading, although qualitatively EMG
amplitudes of gastrocnemius, biceps femoris, and tibialis anterior appeared to increase
systematically when the leg’s moment of inertia and mass increased. Royer and Martin
did not report whether each of the leg load conditions differed significantly from the
condition in which all of the mass was concentrated at the waist. However, they did
report that peak muscle excitations were generally 10% higher in the leg load conditions
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compared to the waist condition. iEMGs of vastus lateralis and medial hamstrings in our
study increased by approximately 12% and 10%, respectively, when the 100% mass was
positioned near the ankle of the prosthesis.
In light of the observations made by Browning et al. (2007) and Royer and Martin
(2005), our inability to detect significant and systematic changes in muscle excitations of
transtibial amputees was unexpected but consistent with the limited changes observed by
other researchers, suggesting the possibility surface electromyography lacks sufficient
sensitivity to detect these inertia effects. It’s also worth noting that different
quantification methods were used in the three studies. We chose to integrate EMGs
during both stance and swing without any form of amplitude normalization. Browning
and colleagues (2007) normalized EMG to small periods of the stride during an unloaded
condition, and Royer and Martin chose to normalize peak EMG amplitude during the
entire stride to the peak amplitude of the condition in which all the mass was added to the
waist. The similarity of outcomes across the three studies suggests it is unlikely that our
insignificant findings were due to our choice of data analysis. Our results, particularly
those of the vastus lateralis and medial hamstrings, suggest that muscular demand during
the swing phase of the prosthetic leg was increased with increased inertia, although these
differences were not significant.
Our EMG analysis proved to be the most challenging component of our
experiment for multiple reasons. EMG responses tend to be more variable than kinematic
and kinetic variables (Kadaba et al., 1989), which likely contributed to our inability to
detect statistically significant changes in muscles excitations due to loading. In addition,
subjects in this study had substantial levels of subcutaneous fat that likely attenuated
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EMG signals. The mean body mass index of our subjects was approximately 34 kg·m-2,
well above the 30 kg·m-2 that separates overweight from obese.

Inertia Influences on Intersegmental Dynamics

Bernstein (1967) suggested that muscle forces are often utilized to counteract the
interaction forces which arise from linked segment motion. Intersegmental dynamics
analyses have often supported Bernstein’s suggestion of a compensatory role by muscle.
In activities such as walking (Eng et al., 1997; Putnam, 1991; Whittlesey et al., 2000;
Zernicke et al., 1991), running (Hunter et al., 2004; Putnam, 1991; Zernicke et al., 1991),
throwing (Hirashima, Kudo et al., 2003; Hirashima, Ohgane et al., 2003; Putnam, 1993),
kicking (Putnam, 1991), and goal-oriented reaching tasks (Bastian et al., 1996; Bastian et
al., 2000; Hollerbach & Flash, 1982; Sainburg et al., 1999; Sainburg et al., 1995;
Sainburg & Kalakanis, 2000), muscle moments usually oppose the actions of the
interaction moments, suggesting the muscle moments counteract the effects of the
interaction moments.
Our results were generally consistent with the notion of compensatory actions of
muscle during walking. At all three joints during swing, muscle moments were generally
out of phase with interaction moments. At the hip and knee during swing, gravitational
moments were in phase with the muscle moments and complimented the actions of
muscle at these joints (i.e., when the interaction moment was flexor, gravitational and
muscle moments were extensor). Contrary to the hip and knee during swing, ankle
muscle moments were out of phase with gravitational moments. Thus, muscle moments
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at the ankle during swing counteracted the effects of both gravitational and interaction
moments. Clearly during the swing phase of walking our results suggest that muscle was
utilized to counteract the interactions arising from linked segment motion as suggested by
Bernstein (1967). Our results, however, extend Bernstein’s notion of compensatory
action of muscle to the stance phase of walking as well. Muscle moments during stance
generally opposed the interaction moments at each joint, but muscle moments also
counteracted the large ground reaction force (GRF) moments that were not present during
swing. Because muscle moments during stance also had to counteract the large GRF
moments generated from the interaction with the ground, muscle moment magnitudes
were much larger during stance. Thus, during stance, muscle moment counteracted not
only for the interactions arising from linked segment motion, but also for the interactions
with the environment.
As prosthetic leg inertia increased, gravitational and interaction moments of the
prosthetic leg increased systematically during both stance and swing phases of walking
(Figure 5.7). However, muscle moment magnitudes increased systematically only during
the swing phase of the prosthetic leg. The gravitational and interaction moments were
approximately 180 degrees out of phase during stance (cf. Figures 5.11 and 5.12) and
increases in the interaction moment effectively offset increases in the gravitational
moment. Thus, there was no increased demand on the muscles during stance to
counteract the larger interaction moments. During the swing phase, muscle and
gravitational moments were mostly in phase with one another (i.e., both were flexor or
both were extensor for similar periods of swing), but were out of phase with the
interaction moment (i.e., when interaction moment was flexor, gravitational and muscle
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moments were usually extensor) (cf., Figure 5.11 and 5.12). Thus, the increased muscular
demands during swing of the prosthetic leg were attributable to increases in interaction
moments that were not offset by increases in the gravitational moment at each joint.
Therefore, there was an increased need for the muscle to counteract the actions of the
interaction moments during swing as prosthetic leg inertia increased.
Selles and colleagues (2003) recently concluded that increasing prosthesis inertia
“leads to a more normal pendular swing phase but increases the effort necessary to
perform the swing phase” (p. 576). Their conclusion was based on the inability of a
passive double pendulum model to accurately predict the kinematics of swing unless the
prosthetic leg’s inertia was increased to match that of an intact leg. In addition, inverse
dynamics assessments with the simulated greater inertia indicated an increased muscular
effort would have been needed to retain those pendular kinematics. Muscular effort in
their study was defined as the sum of the absolute angular impulses of the hip and knee
moments. Our intersegmental dynamics analysis provides further insights into swing
phase dynamics and offers an additional perspective on the pendular nature of swing
when the effects of prosthetic leg inertia are considered in relative terms. Similar to
Whittlesey et al. (2000), we defined relative contributions of each moment component as
the percentage of the total absolute angular impulse generated about each joint. The
gravitational moment at the knee increased to a greater extent than muscle and interaction
moments as prosthesis inertia increased (Figure 5.18). At the ankle and hip the changes in
relative contributions were minimal across all load conditions. Thus, swing motions of
the prosthetic leg could be described as more pendular in nature based on the greater
dependence on gravitational moments at the knee as inertia increased. This was
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particularly true when mass and moment of inertia of the prosthetic leg were matched to
those of the intact shank and foot. Nevertheless, the results for the muscle moment clearly
suggest the demands on the musculature increased when the prosthesis inertia increased.
This was consistent with the higher aerobic demands measured during walking with
higher inertia loads. Consequently, despite what has been characterized as a more
pendular swing phase under the matched lower extremity inertia condition, the energy
cost of walking was elevated.
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Figure 5.18: Relative contributions (RC) of the interaction, gravitational, and muscle
moments of the prosthetic leg during the swing phase of walking for each of the load
configurations. Relative contributions were determined by summing the absolute angular
impulses of the interaction, gravitational, and muscle moments to determine a total
absolute angular impulse for each load condition at each joint. Then each moment’s
angular impulse was divided by the total at that joint to express its contribution to the
total absolute angular impulse as a percentage. Relative contributions of each of the
moments at the ankle were not systematically altered by changes in load configuration.
At the knee, relative contributions of the gravitational moment increased as prosthetic leg
inertia increased suggesting its influence on swing motions was larger as leg mass
increased and the added masses were positioned more distally on the leg. This increased
relative contribution of the gravitational moment at the knee was offset by decreased
contributions of the interaction and muscle moments. At the hip, changes in relative
contributions were more subtle as prosthetic leg inertia increased, and the magnitudes of
these changes at the hip were minimal in comparison to those at the knee.
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Implications of Muscular Responses on Metabolic Cost

Unilateral, transtibial amputees expend 20% to 30% more metabolic energy than
non-amputees walking at the same speeds (Gailey et al., 1994; Waters & Mulroy, 1999).
In general, one could argue that prescribing lightweight prostheses should reduce the
metabolic costs of walking due to lower muscular demands associated with accelerating
and decelerating the limb during the swing phase. This assumes that there is a metabolic
cost associated with swinging the legs. During human walking, many have modeled the
leg during swing based on passive pendulum mechanics (Mcgeer, 1990; Mochon &
McMahon, 1980a, 1980b) with great success in predicting the kinematic patterns of
swing. The implication of these results has been that little to no muscular effort is
required to control the leg during swing when it swings at a frequency that is at or near
the natural frequency of a pendulum with similar inertia characteristics to those of a
human leg. Recent experimental efforts (Doke, Donelan, & Kuo, 2005; Gottschall &
Kram, 2005; Griffin, Roberts, & Kram, 2003) aimed at partitioning out the cost of
swinging the legs during walking, however, suggest that the cost of swinging the legs
may account for 10 to 33% of the total metabolic cost during walking. These results
suggest that the cost of swinging the legs during walking is not negligible and that the use
of a lightweight prosthesis should indeed require less muscular effort during swing.
In a previous study (Chapter 4) we investigated the effects of these same
prosthetic leg inertia configurations on metabolic costs of walking in the same group of
amputees. We found that relative to an unloaded baseline condition the metabolic cost of
walking increased as mass magnitude increased and masses were positioned more distally
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on the prosthetic leg. Our current analysis suggests that the higher metabolic costs were
most likely due to increased muscular demands during the swing phase of the prosthetic
leg. Muscle moments generally reflect active muscular contributions to the motion during
activities in which joint ranges of motion do not approach anatomical limitations (Vrahas
et al., 1990; Whittlesey et al., 2000; Yoon & Mansour, 1982). Increases in prosthetic leg
inertia produced systematic increases in that leg’s hip and knee muscle moment angular
impulses. These increases were limited to the swing phase of the prosthetic leg,
suggesting an increased muscular demand during the swing phase of the prosthetic leg.
During stance of the prosthetic leg, absolute angular impulses of the hip and knee
gravitational and interaction moments also increased systematically as prosthesis inertia
increased. The gravitational moment is considered to be passive, thus increases in this
moment component should not directly contribute to changes in metabolic cost.
However, the interaction moment depends both on the inertia properties of the segments
and the motion of the segments. Changes in the inertia properties could be considered
passive contributions, but changes in motion could arise from both passive and active
mechanisms since contraction of muscle influences the motion of the segments.
Whittlesey et al. (2000) suggested that during swing approximately two-thirds of the
interaction moment consists of active contribution and only one-third represents passive
contributions. The distribution of passive versus active contribution to the interaction
moment during stance is unclear, but it could be argued that a greater proportion would
be active given the greater level of muscle excitation during stance (cf., Figure 5.17).
Since interaction moments of the prosthetic leg during stance increased systematically
with increasing inertia, at least some portion of the higher metabolic cost might be
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attributable to this moment component during stance. We would argue, however, that this
influence on cost would likely be small. Because the increases in the interaction moments
were not coupled with increases in muscle moments during stance, it is more likely that
these increases were the result of greater passive contributions rather than active
contributions. In addition, in a previous study (cf. Chapter 4) we found that segment
motions were only minimally altered by loading and that most changes occurred during
swing. Therefore, this suggests that the increases in the interaction moment during stance
were most likely due to the increased inertia properties of the limb itself. Thus, these
interaction moment increases were due mostly to passive mechanisms, which would not
result in an increased metabolic cost during stance as prosthetic leg inertia increased.
Our finding of an increased cost during the swing phase of the prosthetic leg as
limb inertia increased is consistent with findings of a number of other investigators
(Browning, Modica, Kram, & Goswami, 2007; Martin, 1985; Martin & Cavanagh, 1990;
Royer & Martin, 2005; Selles, Bussmann, Klip et al., 2004; Selles et al., 2003). For
example, in non-amputees adding 2 kg to each foot during walking resulted in
significantly greater magnitudes of hip, knee, and ankle muscle moments during swing,
but not during stance (Browning et al., 2007). These increases during swing were
consistent with observed increases in net metabolic rates following the inertia
manipulation. Others have also reported that increases in lower extremity mechanical
work during the swing phases of walking (Royer & Martin, 2005) and running (Martin,
1985) parallel the increases observed in metabolic cost following an inertia perturbation
of the lower extremities. Thus, kinetic measures of swing have consistently indicated that
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adding mass to the lower extremity increases the muscular demands of swinging the leg
during walking.
Contrary to our results, some investigators have suggested that metabolic cost
implications of inertia loading extend beyond the swing phase. For example, when guinea
fowl walked or ran with an extra 2.5% of the total body mass attached distally to their
legs, localized muscle energy use of both stance and swing phase muscles increased
(Ellerby & Marsh, 2006; Marsh et al., 2006). Given the anatomical differences and
motion pattern differences between humans and guinea, it is difficult to speculate as to
what contributed to these differences. However, in non-amputees, Browning and
colleagues (2007) reported that muscle moments did not increase during stance following
the addition of 2 kg to each foot, but they did find that EMG activity of the medial
gastrocnemius significantly increased during midstance (32-52% of the gait cycle)
suggesting an increased metabolic cost during stance. However, they also reported that
EMG activity of soleus, anterior tibialis , vastus medialis, rectus femoris, and
semitendinosis did not change significantly following the addition of 2 kg to each foot.
Given that the focus in the human literature has often been only on swing phase
mechanics there is a need for further research in this area with more attention given to the
entire gait cycle. In addition, a segmental energy approach similar to that utilized by
Marsh et al. (2006) in guinea fowl may provide further insights into mechanisms
associated with increased metabolic costs as limb inertia increases.
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Inertia Influences on Symmetry

Unilateral, transtibial amputees often exhibit asymmetrical gait patterns. These
asymmetrical patterns are usually described using temporal or kinematic descriptors of
gait. For example, unilateral amputees typically spend more time on the intact limb
during stance than the prosthetic limb. Further, the asymmetries are generally assumed to
increase the demands on the intact leg during walking (Bateni & Olney, 2002; Royer &
Wasilewski, 2006; Sanderson & Martin, 1997). From a clinical perspective, an increased
demand on the intact leg is thought to contribute to a higher incidence of early
degenerative joint disease in the hip and knee of the intact leg (Royer & Wasilewski,
2006). By adding mass to the thigh COM of the prosthetic leg, we anticipated a reduction
in temporal and kinematic asymmetries. However, results from our previous analysis (cf.,
Chapter 4), showed that temporal and kinematic asymmetries were not improved under
any of the load configurations we studied, and existing asymmetries were significantly
exacerbated with distal loading.
Walking asymmetry, however, can also be considered in terms of joint kinetics,
which would have more direct implications for increased demands at the joint level than
temporal or kinematic asymmetries. During stance, muscle moments of the prosthetic
intact and intact legs did not change significantly as inertia increased. Thus, inertia
manipulations had little effect on kinetic symmetry during stance. In contrast, hip and
knee muscle moments of prosthetic leg during swing increased systematically as
prosthetic leg inertia increased, which improved joint kinetic symmetry during this phase
of the gait cycle. The most symmetrical joint kinetic patterns occurred when prosthetic
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leg inertia matched that of the intact leg. Increases in muscle moment magnitudes during
swing likely have limited impact on overall joint loading during walking since the
loading is substantially lower during swing. Selles and colleagues (2003) also observed
improved joint kinetic symmetry during swing as prosthesis inertia increased and
suggested that this may be beneficial to amputees from a control perspective. Selles et al.
suggested heavier prostheses “may need a less complex neural input”, which “may
impose a lower cognitive load on the person” (p.576).
Selles and colleagues also believed that an inertia asymmetry between legs “may
be subjectively perceived by the wearer as unnatural” (p. 576). Upon completing our
protocol, we asked our participants which of the seven inertia configurations, including
the unloaded baseline condition, felt most comfortable during walking. Interestingly, four
of the six amputees said they preferred walking with additional mass attached to their
prosthesis. Three of these four preferred the condition in which the 50% mass was
positioned at the prosthesis CM and one preferred the 50% mass positioned near the
ankle. The general reasons provided by the amputees for their preference was that they
“felt more balanced” or “felt more natural,” despite the fact that temporal and kinematic
asymmetry was higher under these conditions.
The subjective preference for a heavier prosthesis of four amputees in our study is
not unique. Donn, Porter, and Roberts (1989) also reported that six out of ten amputees in
their study preferred a shoe with a mass that was 200 g greater than that prescribed by
their prosthetist. Donn and colleagues also studied the effects on swing time symmetry
and maximum flexion to heel strike time symmetry. They found that amputees preferred
a shoe mass that also resulted in the least asymmetrical walking patterns. Hale (1990)
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also reported that four out of six unilateral, above-knee amputees preferred walking with
a prosthesis whose shank mass was approximately 75% that of the intact shank mass. To
achieve this condition an average of 1.4 kg had to be added to the prosthesis. Based on an
inverse dynamics analysis, Hale also reported that hip muscular effort increased as
prosthesis mass increased. Despite the increases in muscular effort at the hip, amputees in
Hale’s study still preferred walking with a heavier prosthesis. Thus, our subjective results
and those of others (Donn et al., 1989; Hale, 1990) suggest that the lightest weight
prosthesis may not be preferred by many amputees. More research related to subjective
preferences of amputees with regards to limb inertia should be done to better understand
why some amputees prefer a heavier limb.

Conclusions

In conclusion, altering the inertia properties of the prosthetic leg altered
intersegmental dynamics of the prosthetic leg during walking, but had little to no effect
on the intact leg. Changes in intersegmental dynamics of the prosthetic leg occurred
primarily during the swing phase of walking and were systematic in nature, which was
consistent with our hypothesis. Muscle moment magnitudes during swing of the
prosthetic leg increased with increasing inertia, which supported our findings of higher
metabolic costs in a previous study (cf. Chapter 4). Thus, it appeared that the increased
costs were most likely due to increased muscular demand during the swing phase of the
prosthetic leg. EMG data, however, did not support the increased muscle moment
magnitudes at the hip and knee of the prosthetic leg during swing. Matching the inertia
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between the intact and prosthetic legs resulted in the greatest metabolic costs (cf. Chapter
4), muscular demands (the current study), and kinematic and temporal asymmetries (cf.
Chapter 4) during walking for the amputees. Although matching inertia between legs
resulted in the most symmetrical joint kinetic patterns during swing, this improved
kinetic symmetry was at the expense of an increased metabolic cost and muscular
demand. Thus, matching inertia between legs would not be beneficial to the amputee due
to the higher aerobic and muscular demands, which was consistent with the findings of
others (Mattes, Martin, & Royer 2000; Selles, Bussmann, Klip, et al. 2004).
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Chapter 6
General Summary and Conclusions

The impetus for this dissertation was the unique lower extremity limb structure of
unilateral, transtibial amputees and a need to better understand how the inertia properties
of the prosthetic leg influence walking asymmetries and metabolic costs of amputee
locomotion. Amputees are often prescribed prosthetic limbs with inertia properties far
less than those of the limb it replaces, and as a result an inertia asymmetry between legs
is created. Computer modeling and simulation research, based on passive pendulum
mechanics, suggests the inertia asymmetry between legs contributes to the asymmetrical
walking patterns exhibited by unilateral amputees. However, empirical data at times have
been equivocal with regard to the effects of increased prosthesis inertia on walking
asymmetries. For example, Donn, Porter, and Roberts (1989) showed that adding as
much as 200 g to the shoe of the prosthetic leg improved swing time symmetry and that
six out of the ten subjects in their study preferred a heavier shoe mass. Mattes and
colleagues (2000), on the other hand, found that adding 50% (~0.85 kg) and 100%
(~1.7kg) of the estimated mass difference between intact and prosthetic legs distally to
the prosthesis exacerbated stance and swing time asymmetries. Mattes also reported “the
50% load condition produced little negative reaction from the subjects”, but that the
amputees “clearly did not like to walk with the heavier load on their prosthesis” (p. 566).
One limitation of the current research literature related to lower extremity loading
is that little is known about the process of adjusting to inertia changes during walking.
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Specifically, the amount of time it takes individuals to adjust their gait mechanics to
accommodate altered inertia properties of the lower extremity is not known (Selles,
Bussmann, Wagenaar, & Stam, 1999). In the literature the time that has been provided to
subjects to adjust to additional leg loads has varied from as little as a few minutes to as
long as three weeks (Czerniecki, Gitter, & Weaver, 1994; Gitter, Czerniecki, & Meinders,
1997; Hillery, Wallace, McIlhagger, & Watson, 1997; Huang, Chou, & Su, 2000; Mattes,
Martin, & Royer, 2000; Skinner & Barrack, 1990). Others have not reported the
accommodation times provided to subjects (Donn, Porter, & Roberts, 1989; Hale, 1990;
Hillery & Wallace, 2000; Martin, 1985; Martin & Cavanagh, 1990; Tashman, Hicks, &
Jendrzejczyk, 1985).
Therefore, the purpose of studies 1 and 2 was to better understand the process by
which individuals adjust their gait patterns to accommodate an inertia manipulation of the
lower extremity. Specifically, we were interested in the amount of time necessary for key
kinetic and temporal descriptors of gait to stabilize after limb inertia has been altered.
Changes in temporal and joint kinetic measures caused by adding mass distally to one leg
were investigated over a short term (over the first hour) and a longer term (eight days).
There were three differences between studies 1 and 2. The first difference was the subject
population; study 1 investigated responses of non-amputees and study 2 investigated
responses of unilateral, transtibial amputees. The second difference was that with nonamputees an additional assessment was included 24 hours after the load was removed
from the leg. This additional assessment was not included in our study of amputees based
on our results for non-amputees (cf., Chapter 2) that demonstrated alterations in gait
mechanics occurred within five minutes of load removal. The third difference was the
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type of inertia manipulation used to elicit changes in gait mechanics. Because nonamputees generally exhibit symmetrical inertia properties between legs, 1.95 kg were
added near the ankle of one leg to produce an inertia asymmetry for non-amputees in
study 1. This mass magnitude was consistent with reported differences in mass between
the intact and prosthetic legs of unilateral, transtibial amputees (Mattes et al., 2000) and
produced an inertia asymmetry that was similar to that exhibited by unilateral, transtibial
amputees. In the unilateral, transtibial amputees, an inertia asymmetry already exists
between legs due to use of a lightweight prosthesis. Thus, the inertia of the prosthetic leg
was matched to that of intact leg to achieve an inertia symmetry between legs of
unilateral, transtibial amputees. This was done by first estimating the difference in mass
between the two legs, and then predicting where this estimated difference in mass needed
to be positioned on the prosthetic leg in order to match the moments of inertia of the
structures below the knee relative to a transverse axis through the knee joint. On average
2.15 kg needed to be positioned approximately 0.36 m below the knee joint of the
prosthetic leg, which was just superior to the ankle joint in all amputees, to achieve
symmetrical inertia between legs. Thus, similar mass magnitudes and mass positions
were used in both populations, but an inertia asymmetry was produced in non-amputees
and an inertia symmetry was produced in the amputees.
It was hypothesized in studies 1 and 2 that walking patterns would change
immediately following the inertia manipulation and that no further changes would occur
after five minutes of exposure to the new leg inertia in either population. The results of
both studies supported this hypothesis. Both populations exhibited increased swing and
stance time asymmetries between legs immediately following the addition of load to one
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leg. For both groups, the increased swing time asymmetry was due primarily to increases
in swing time of the loaded leg, whereas the increased stance time asymmetry was due
primarily to increases in stance time of the unloaded leg. Hip and knee joint moments of
the loaded leg in both groups also generally increased during the swing phase walking
following the inertia manipulation. In non-amputees, the increased joint moments of the
loaded leg produced an asymmetry in joint kinetics between legs. In the amputees, the
increased joint moment magnitudes of the prosthetic leg resulted in a more symmetrical
joint kinetic pattern during swing since the magnitude of the joint moments of the
prosthetic leg were significantly lower than those of the intact leg when walking with a
lightweight prosthesis. Thus, the effect of adding mass increased muscular demands
primarily during the swing phase of the loaded leg, even though temporal patterns of both
legs were altered. Upon load removal, all temporal and joint kinetic measures returned to
baseline levels within five minutes. In both studies, it was concluded that individuals
adjusted to alterations in leg inertia within five minutes. These results indicated the
adjustment to inertia changes was nearly immediate, rather than a slow and gradual
adjustment process. Therefore, it was recommended that individuals be given at least five
minutes of walking or other normal activity to adjust to altered leg inertia, particularly if
the research question depends on quantifying fully accommodated responses.
In the lower extremity loading literature the amount of mass added to the leg and
the location at which the mass has been added has differed substantially across studies. In
addition, the effects of only one or two inertia manipulations have been investigated
within a single study making it difficult to synthesize the collective effect of the different
inertia manipulations on the mechanics and energetics of locomotion. These
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inconsistencies and the limited focus of many of the studies have left a need for a broader
and more systematic approach to investigating the influence of leg inertia properties on
the mechanics and energetics of locomotion.
Thus, studies 3 and 4 were designed to gain a broader understanding of the effects
of different prosthetic leg inertia configurations on the mechanics and energetics of
amputee locomotion. The experimental protocols of studies 3 and 4 were similar. Study 3
addressed the effects of multiple prosthetic leg inertia configurations on metabolic costs,
kinematic symmetry, and temporal symmetry. Study 4 examined the effects of the same
inertia configurations on intersegmental dynamics and muscle excitations profiles. Both
studies incorporated seven prosthetic leg inertia configurations which varied by both load
magnitude (2 loads) and position (3 positions). An unloaded baseline condition was also
included. The six conditions in which mass was added to the prosthetic leg were based on
100% and 50% of the estimated mass difference between the intact and prosthetic legs at
each of the following load positions: a) near the prosthetic ankle, b) near the prosthesis’
center of mass, and c) near the prosthetic leg’s thigh center of mass.
In study 3, it was hypothesized that proximal load configurations, specifically
loads positioned near the thigh CM, would improve walking symmetry, whereas distal
load configurations, particularly loads positioned near the prosthetic ankle joint, would
exacerbate existing asymmetries. We further hypothesized that the load conditions which
resulted in the most symmetrical walking patterns would result in the lowest metabolic
costs during walking. Adding mass to the thigh CM of the prosthetic leg did not improve
walking symmetry, which was contrary to our hypothesis. This loading configuration did
not significantly alter stance and swing time symmetries, but increased asymmetries for
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maximum knee and thigh angular velocities during swing. Adding mass near the ankle of
the prosthesis (the most distal load position) exacerbated gait asymmetries to the greatest
extent, which was consistent with our hypothesis. Metabolic costs and gait asymmetries
were generally greater with the 100% mass added to the prosthesis compared to the 50%
mass condition regardless of load position. In addition, positioning masses more distally
on the prosthetic leg generally resulted in greater metabolic costs and gait asymmetries
than proximal loading. The most symmetrical gait pattern and lowest metabolic cost
occurred when amputees walked with their prescribed prosthesis without additional mass.
Based on these results, adding mass to the prosthetic leg, regardless of location, would
not benefit the amputee in terms of improving gait asymmetries or lowering metabolic
costs. Thus, the use of a lightweight prosthesis appears to minimize gait asymmetries and
metabolic costs during walking. It was concluded that adding mass distally to the
prosthesis is not an effective means of improving gait asymmetries or lowering metabolic
costs of amputee walking.
In study 4, it was hypothesized that changes in intersegmental dynamics due to
changes in prosthetic leg inertia would be limited to the swing phase of the prosthetic leg.
Specifically, we hypothesized that magnitudes of the interaction, gravitational, and
muscle moments during swing of the prosthetic leg would increase systematically as
prosthetic leg inertia increases. Results were generally consistent with our hypothesis.
Intersegmental dynamics of the intact leg during the entire gait cycle were minimally
affected by increases in prosthetic leg inertia. With respect to the prosthetic leg, absolute
angular impulses of the muscle, interaction, and gravitational moments of the hip and
knee increased systematically during swing (i.e., greater magnitudes for larger masses
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and more distally positioned masses). During stance of the prosthetic leg, absolute
angular impulses of the interaction and gravitational moments at the hip and knee also
increased systematically with increasing inertia, whereas the muscle moments were
unaffected. Because the increases in gravitational and interaction moments during stance
of the prosthetic leg were not coupled with changes in angular impulses of the muscle
moments, these increases were attributed to passive mechanisms. In general, these results
suggested increases in prosthesis inertia resulted in higher muscular demands. These
heightened demands on the musculature, however, were limited primarily to the swing
phase of the prosthetic leg.
It was also hypothesized in study 4 that changes in prosthetic leg inertia would
result in increased muscle excitations of prosthetic leg muscles during swing. However,
contrary to our hypothesis, EMG amplitudes during swing of the prosthetic leg did not
increase significantly. Thus, EMG data did not support our finding of increased muscle
demand based on increased angular impulses of the hip and knee moments of the
prosthetic leg during swing. Our inability to detect significant and systematic changes in
muscle excitations of transtibial amputees was unexpected but consistent with the limited
changes observed by other researchers (Browning, Modica, Kram, & Goswami, 2007;
Royer & Martin, 2005), suggesting the possibility surface electromyography lacks
sufficient sensitivity to detect these inertia effects. Another contributing factor to our
inability to detect significant changes in EMG signals was the fact that our subjects had
substantial levels of subcutaneous fat that likely attenuated EMG signals. The mean body
mass index of our subjects was approximately 34 kg·m-2, well above the 30 kg·m-2 that
separates overweight from obese.
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A major goal of studies 3 and 4 was to determine whether altering the inertia
properties of the prosthetic leg mass could lead to reductions in walking asymmetries and
metabolic costs in unilateral, transtibial amputees. Although our intersegmental dynamics
analysis showed that joint kinetic asymmetries at the hip and knee were reduced with
increased prosthetic leg inertia, temporal and kinematic asymmetries were exacerbated.
Thus, from a kinetic perspective asymmetry was reduced, but from a kinematic
perspective asymmetries increased. The improved joint kinetic symmetry was at the
expense of an increased muscular demand during swing of the prosthetic leg which
resulted in an increased metabolic cost during walking as prosthetic leg inertia increased.
The improved kinetic symmetry was not viewed as beneficial to the amputee since more
effort was required to swing the greater inertia of the prosthetic leg. Therefore, we were
not able to identify an inertia configuration that was more beneficial to the amputee than
their current lightweight prosthesis.
In studies 1 and 2 we learned that both amputees and non-amputees adjust their
gait patterns to accommodate additional mass of the lower extremity within five minutes.
Our results indicate that a long term accommodation process is not necessary for research
investigating the effects of inertia manipulation of the lower extremity on gait mechanics
and energetics. Thus, future researchers investigating the effects lower extremity inertia
on the walking mechanics only need to allow subjects five minutes of walking or other
activity to adjust to any alterations in leg inertia. In studies 3 and 4 we learned that both
proximal and distal inertia manipulations of the prosthetic leg exacerbate existing
temporal and kinematic asymmetries and increase metabolic energy expenditure during
walking. Thus, these results provide no indication that the current practice of using of
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lightweight prostheses is contraindicated or can be improved upon substantially. As
prosthetic leg inertia increased, the increased metabolic costs were associated with
increased muscular demands associated with accelerating and decelerating the greater
inertia of the prosthetic leg during swing. Although adding mass proximally to the
prosthesis had little to no effect on metabolic costs, temporal asymmetries, and kinematic
asymmetries, these inertia configurations did not reduce metabolic costs or temporal and
kinematic asymmetries. Therefore, our results support the general assumption among
prosthetists that lighter weight prostheses help minimize the metabolic cost of walking.
Unilateral, transtibial amputees appear to gain the most benefit by using a below-knee
prosthesis whose inertia properties are far less than those of the limb it replaces.
Increasing the inertia properties of below-knee prostheses is not recommended.

Sample Size Limitations

A limitation of this dissertation was the small number of subjects that participated
in each study (Study 1, n = 6; Study 2, n = 4; Study 3, n = 6; Study 4, n = 6). Small
sample sizes typically reduce statistical power, which limits the ability to detect
statistically significant differences. In an effort to understand the influence of our sample
sizes on our statistical outcomes, a post hoc power analysis was performed based on
various effect sizes observed in our studies. Figure 6.1 illustrates the influence of effect
size and sample size on power. Based on Figure 6.1, with an alpha level of 0.05, power
was greater than or equal to 0.8 for sample sizes of 4, 5, and 6 when the effect sizes of the
contrast were greater than or equal to 2.0, 1.75, and 1.50, respectively. These data suggest
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that power was reduced in many of the statistical contrasts we performed given that many
of the effect sizes for these contrasts were much less than that needed to maintain a power
level of 0.8. Although there were a number of instances in which statistical power was
reduced, we were still able to detect statistically significant effects produced by alteration
in limb inertia.
There were variables, however, for which we anticipated significant effects due to
loading, but the observed changes were not significant. For example, in study (Chapter 2)
we observed that swing time symmetry indices of non-amputees increased significantly
in the first assessment following the inertia manipulation (1.U vs 1.L.00: p < 0.001; ES =
3.9; Figure 2.2). In study 2 (Chapter 3), we anticipated a similar change in unilateral,
transtibial amputees. Swing time symmetry of the amputees, however, did not change
significantly in the first assessment following the inertia manipulation (contrast 1.U vs
1.L.00; p < 0.107, ES = 0.67; Figure 3.4), even though asymmetry increased as expected
when load was added to the prosthesis. Based on a power level of 0.8 and the observed
effect size of 0.67, 19 subjects would have been needed in order to detect a significant
difference for this contrast in amputees. Another example is the symmetry index for the
knee moment integral in studies 1 and 2. In the non-amputees, this SI increased
significantly in the first assessment following the addition of 1.95 kg to one ankle (1.U vs
1.L.00: p < 0.003, ES = 1.4; Figure 2.3). This variable did not significantly change
following the the inertia manipulation in amputees (1.U vs 1.L.00: p < 0.501, ES = 0.35;
Figure 3.5). Based on an effect size of 0.35 for this contrast in the amputees, our post-hoc
power analysis suggests that approximately 80 amputees were needed to maintain power
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at 0.8 for this contrast. These data suggest that a much larger sample size than what we
studied was needed to detect a significant change in these variables.
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Figure 6.1: Statistical power as a function of sample size. ES in the legend refers to effect
size and each curve in the figure illustrates the how power is influenced by the number of
subjects for a given ES. All curves were produced assuming an alpha level of 0.5. To
illustrate how to use this figure, consider the following examples. If the effect size of the
statistical contrast was 0.4, then the red curve above suggests that approximately 50
subjects would be needed to maintain a power level of 0.8. However, if the effect size of
the contrast was 1.75, then the magenta curve above suggest that approximately 5 subjects
would be needed to maintain a power level of 0.8.
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Future Directions

Studies 1 and 2 of this dissertation demonstrated that gait adjustments following a
lower extremity inertia manipulation were complete within five minutes of exposure to
altered leg inertia. Although these data are useful and provide meaningful
recommendations for future researchers in this area, these data do not provide a complete
picture of the accommodation process itself. The experimental design of these studies,
particularly the times at which assessments occurred (0, 5, 10, 15, 30, and 60 minutes),
limited our ability to more fully understand how the neuromuscular system compensated
for the altered leg inertia during the first five minutes of exposure to the altered inertia
conditions. To more fully quantify and understand the process by which individuals
accommodate to altered leg inertia a more continuous data acquisition should be used.
This assessment would probably be accomplished more effectively during treadmill
walking. It may be difficult to analyze the stance phase of walking without an
instrumented treadmill capable of measuring both vertical and shear forces, but swing
phase analyses which do not require ground reaction force information could be
performed. Results of this dissertation indicate that many of the gait changes due to
altered leg inertia occurred during the swing phase of walking suggesting swing phase
analyses would be valuable. A better understanding of how the neuromuscular system
compensates for changes in leg inertia could be gained through an intersegmental
dynamics analysis during the swing phase. Since an intersegmental dynamics analysis
partitions joints moments into passive and active components this type of analysis may
shed light on the mechanisms involved in the accommodation to altered limb inertia.
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Further research related to the effects of lower extremity inertia manipulations on
three-dimensional mechanics is also needed. A limitation of this dissertation and many
other studies in the literature is that only sagittal plane mechanics were investigated.
When mass has been added to one leg only, stance time of the unloaded leg increases
even though there is no direct alteration in the structure of that leg. Based on sagittal
plane analyses, joint mechanics of the unloaded leg do not appear to be affected by the
increased inertia. Why is it that the stance time increases for the unloaded leg? Currently,
we explain this increase as a means of offsetting the increased swing time of the loaded
limb. In other words, we have considered this to be a purely passive response.
Investigating other planes of motion, however, may offer other possible explanations and
provide insights into other compensatory strategies used to adjust to alterations in leg
inertia. For example, lateral stabilization during walking has been reported to involve
active control by the central nervous system (Bauby & Kuo, 2000; Donelan, Kram, &
Kuo, 2001; Donelan, Shipman, Kram, & Kuo, 2004; Kuo, 1999). It is possible that lateral
stabilization is affected by lower extremity loading, which potentially contributes to the
higher metabolic costs seen with increased leg inertia given the active control involved in
this stabilization. In this dissertation, sagittal plane mechanics suggested the increased
cost occurred primarily during the swing phase of the loaded leg. In addition, the reasons
for higher metabolic costs of amputee locomotion compared to non-amputees walking at
the same speeds still remains unclear. Investigating other planes of motion, specifically
frontal plane motion, may provide insights into these higher costs. For example, the hip
abductors of the stance leg are generally active to maintain the posture of the pelvis.
Potentially there could be a greater demand on the hip abductors of the intact leg during
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swing of the prosthetic leg, particularly as the inertia of the prosthesis increases. These
studies may provide further insights into the higher cost associated with greater limb
inertia and amputee locomotion in general.
Finally, a future research direction will focus on including computer modeling
and simulation in our efforts to better understand the effects of inertia manipulations.
Similar to other studies in the literature, this dissertation was limited to studying the
effects of increasing the inertia properties of the lower extremities. Computer modeling
and simulation, however, provides a more flexible approach to studying the effects of
inertia manipulations because not only can mass be added to the limbs to increase limb
inertia but mass can also be removed to decrease limb inertia. An advantage of computer
modeling and simulation is that the researcher has complete control over the environment
and can study models that may not be possible in the real world but may provide a more
complete understanding of the mechanisms underlying movement. Previous modeling
and simulation efforts involving amputee locomotion have been based primarily on
passive pendulum models. Although these models provide qualitatively similar
interpretations of the mechanics of walking compared with experimental results,
incorporating active contributions into the model by integrating muscle models provides
information about individual muscle force production throughout the gait cycle (Piazza &
Delp, 1996; Selles, Bussmann, Wagenaar, & Stam, 2001; Whittlesey, van Emmerik, &
Hamill, 2000). In the case of amputee locomotion, incorporating muscle models would
provide further insight into how the muscular system responds to inertia manipulations.
Incorporating a muscle model that is capable of accurately predicting the metabolic costs
associated with producing muscle force would potentially shed light on mechanisms

199
related to the higher metabolic costs of amputee locomotion. Thus, future work in this
area will focus on incorporating computer simulation and modeling in combination with
experimental studies to better understand the influence of lower extremity inertia on the
energetics and mechanics of locomotion.
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Appendix A
Reliability and Validity of Moment of Inertia and Center of Mass Predictions

To assess reliability and validity of our experimental measurements of prosthesis
moment of inertia and center of mass location, two simple experiments were performed.
In the first experiment, moments of inertia and center of mass locations of four objects
were experimentally estimated in three separate trials. The four objects were: 1) 9 x 9 x
61 cm block of treated lumber (mass = 2.8 kg), 2) 9 x 9 x 64 cm block of untreated
lumber (mass = 2.5 kg), 3) 7 x 9 x 65 cm block of untreated lumber (mass = 1.8 kg), and
4) 61 cm long piece of PVC pipe with and inside diameter of 8 cm and an outside
diameter of 9 cm (mass = 0.8 kg). An oscillation technique (Martin, Mungiole, Marzke,
& Longhill, 1989) was used to estimate each object’s moment of inertia about a
transverse axis through its center mass. When an object oscillates about a fixed axis, the
period of oscillation (τ) of the object is proportional to the object’s moment of inertia
about that fixed axis. If the oscillation amplitude is less than 5 degrees relative to a
neutral position, the moment of inertia of the object can be estimated based on the motion
of a simple pendulum:

τ=

I axis
mgd

(A.1)

210
where Iaxis is the moment of inertia relative to the oscillation axis, m is the mass of the
system, g is the acceleration due to gravity, and d is the distance between the oscillation
axis and the center of mass of the system.
A reaction board technique was used to estimate each object’s center of mass
location (see methods in study 2 for more details). Static equilibrium was assumed
(ΣMoments = 0) and the moments produced by the weight of the object, weight of the
frame, and reaction force were summed about a fixed reference axis. The moment of
inertia and center of mass location of each object were also predicted based on simple
geometric equations. Our experimental measures were compared to these geometric
predictions to assess validity. Reliability of our estimates for center of mass location and
moment of inertia was assessed using two (one for COM prediction and one for MOI
prediction), single factor general linear model ANOVAs, with 3 repeated measures
reflecting the three trials. Intraclass correlation coefficients (ICCs) were also computed to
determine the repeatability of our predictions.
In a second experiment, we assessed the reliability of our period of oscillation (τ)
measurement. τ was measured for 10 consecutive trials with only the aluminum frame
suspended from the oscillation axis and 10 consecutive trials with a wooden block (mass
= 2.8 kg, dimensions = 9 x 9 x 61 cm) secured in the aluminum frame and both
suspended from the oscillation axis. During each trial, τ was measured for 10 consecutive
oscillations using a photocell whose output voltage varied based on the reflected light
intensity. Reliability of our measurement for τ was assessed using four, single factor
general linear model ANOVAs, with 10 repeated measures. Two (one for frame only
trials and one for frame + block trials) ANOVAs were used to determine whether τ
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differed between consecutive oscillations (i.e., the data matrix was setup so that the factor
was consecutive periods of oscillation within a give trial). Then the data matrices were
rotated by 90 degrees so that the factor was consecutive trials and two more ANOVAs
were used to determine whether τ differed across consecutive trials. Intraclass correlation
coefficients (ICCs) were also computed to determine the repeatability of our
measurements.
Results of Experiment 1 – The Four Objects
Each object’s moment of inertia about a transverse axis through its center of mass
(I_obj_cm) was consistently overestimated (by ~ 5% for wooden blocks and by ~ 12%
for PVC pipe) compared to the predictions based on each object’s mass and geometry (Iz)
(Table A.1). Our predictions, however, were extremely reliable. There was no difference
in the mean moment of inertia (F2,6 = 0.154; p = 0.861) for the four objects across the
three trials. In addition, ICCs revealed that across trials our moment of inertia prediction
was highly repeatable (ICC = 1.00). Thus, although our prediction tended to overestimate
the object’s moment of inertia compared to the geometric estimate our predictions were
reliable.
Our center of mass location prediction using a reaction board technique was
consistent with predictions based on assuming uniform density and a geometric model.
Differences were less than 1%. There was no difference in the mean center of mass
location (F2,6 = 1.126; p = 0.384) for the four objects across the three trials. In addition,
ICCs revealed that across trials our center of mass prediction was highly repeatable (ICC
> 0.99). Thus, our center of mass predictions were valid and reliable.
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Table A.1: Our experimental predictions of moments of inertia and center of mass locations for the four objects compared to
predictions based on the mass and geometry of each object.
61 cm long PVC Pipe

mframe (g)
mobject (g)
t_frame (s)
t_object (s)
I_Frame_osc (kg-m-m)
I_Frame_obj_osc (kg-m-m)
I_obj_osc (kg-m-m)
I_obj_cm (kg-m-m)
Iz (kg-m-m)
I_obj_cm and Iz difference (%)
Measured CM Location (m)
Geometric CM Location (m)
Geom. and Meas. CM diff. (%)

9x9x61 cm block of Wood

9x9x64 cm block of Wood

7x9x61 cm block of Wood

Trial 1

Trial 2

Trial 3

Trial 1

Trial 2

Trial 3

Trial 1

Trial 2

Trial 3

Trial 1

Trial 2

Trial 3

1842.00
833.67
1.5622
1.5313
0.4052
0.6158
0.2106
0.0294
0.0266
10.5475
0.3067
0.3050
0.5415

1842.67
833.67
1.5619
1.5314
0.4043
0.6153
0.2110
0.0296
0.0266
11.4266
0.3071
0.3050
0.6873

1843.00
833.00
1.5628
1.5319
0.4055
0.6153
0.2098
0.0300
0.0265
12.9746
0.3049
0.3050
-0.0318

1842.33
2798.00
1.5631
1.5020
0.4038
1.1031
0.6993
0.0916
0.0886
3.3391
0.3073
0.3050
0.7408

1842.33
2797.00
1.5628
1.5025
0.4045
1.1048
0.7003
0.0933
0.0886
5.3468
0.3071
0.3050
0.6811

1842.67
2796.33
1.5626
1.5020
0.4047
1.1043
0.6997
0.0925
0.0886
4.4983
0.3073
0.3050
0.7621

1842.67
2461.67
1.5676
1.5024
0.4011
0.9920
0.5908
0.0890
0.0842
5.6311
0.3170
0.3175
-0.1670

1843.00
2455.00
1.5686
1.5026
0.4015
0.9895
0.5880
0.0887
0.0840
5.6542
0.3167
0.3175
-0.2452

1843.67
2452.67
1.5689
1.5028
0.4020
0.9894
0.5873
0.0889
0.0839
5.9372
0.3166
0.3175
-0.2750

1842.67
716.67
1.5726
1.5360
0.3981
0.5662
0.1681
0.0270
0.0256
5.5197
0.3258
0.3255
0.1020

1843.00
716.00
1.5731
1.5357
0.3983
0.5660
0.1678
0.0264
0.0256
3.1809
0.3271
0.3255
0.4801

1843.33
716.33
1.5738
1.5366
0.3988
0.5667
0.1679
0.0268
0.0256
4.7917
0.3263
0.3255
0.2531

Variable definitions:
mframe
= mass of the aluminum frame
mobject
= mass of the object
t_frame
= period of oscillation of the frame only; period of oscillation was determined as the mean of 10 consecutive
oscillations and across three consecutive trials.
t_object
= period of oscillation of frame and object together; determined the same as t_frame
I_Frame_osc
= I of the frame relative to the oscillation axis
I_Frame_obj_osc = I of the frame plus object relative to the oscillation axis
I_obj_osc
= I of the object relative to the oscillation axis
I_obj_cm
= I of the object about an axis through the object’s center of mass
Iz
= Theoretical prediction of I about the object’s CM using the following geometric prediction equations:
mobject
PVC: Iz =
* (3R 2 + 3r 2 + h 2 ) ; where R was outer radius, r was inner radius, and h was length
12
mobject
Wood: Iz =
* (a 2 + b 2 ) ; where a is length and b is width
12
Geometric CM location was predicted as 50% of the object length.

213
Results of Experiment 2 – Period of Oscillation (τ) Assessment

When the aluminum frame alone was suspended from the oscillation axis and swung, τ
consistently and systematically decreased (F9,81 = 123.25; p < 0.001) over the first 10 oscillations
by approximately 6 ms in all 10 oscillation trials (Figure A.1; left panel). Across trials, the mean
period of oscillation was also found to differ significantly (F9,81 = 13.97; p < 0.001) when only
the frame was oscillated. However, ICCs revealed that within a given trial the systematic
decrease in τ over the first 10 oscillations was repeatable (ICC = 0.99). When the frame and
wooden block (m = 2797 g) were swung together, τ did not change over the first 10 oscillations
(F9,81 = 3.031; p = 0.116) and the mean τ across 10 consecutive trials did not significantly differ
(F9,81 = 3.533; p = 0.093) (Figure A.1; right panel). ICCs for the frame plus object trials suggest
that within a given trial τ is not repeatable from oscillation to oscillation (ICC = 0.17). These
data suggest that for the frame only trials τ is better predicted as a mean of the first oscillation
across a series of trials and that when an object with characteristics similar to those of a belowknee prosthesis is oscillated, τ is better predicted as the mean across consecutive oscillations and
across a number of trials.
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Figure A.1: Period of oscillation measured for (a) aluminum frame only and (b) frame and
wooden block (block mass = 2.8 kg, block dimensions = 9 x 9 x 61 cm). Each panel shows 10
separate trials with the first 10 oscillations of each trial displayed. With only the frame
suspended from the oscillation axis (left panel), τ systematically decreased over the first 10
oscillations. However, when a wooden block was added to the frame, τ did not systematically
vary across the first 10 oscillations (right panel).
Sensitivity of Moment of Inertia to Period of Oscillation

Because results from experiment 1 suggest our predictions of an object’s moment of
inertia are consistently overestimated and results from experiment 2 suggest that τ of the frame
decreases over the first 10 oscillations, we performed a sensitivity analysis to determine the best
method for quantifying τ for frame only trials and frame plus object trials (Table A.2). τ is
directly proportional to the moment of inertia of an object:

τ=

I axis
mgd

(A.2)

where Iaxis is the moment of inertia relative to the oscillation axis, m is the mass of the system, g
is the acceleration due to gravity, and d is the distance between the oscillation axis and the center
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of mass of the system. Therefore, if τ decreases, then so does Iaxis because m, g, and d are
constants within a given trial. Since we predict the moment of inertia of an object as:

I obj = I obj+ frame − I frame

(A.3)

underestimating the moment of inertia of the frame (Iframe) will produce a larger moment of
inertia estimate for the object (Iobj), which is consistent with our predictions in experiment 1.
Figure A.2 displays τ from experiment 1 for both the frame only trials and frame plus object
trials for the lightest object and heaviest object. This figure illustrates that for heavier objects
(e.g., below knee prosthesis) there is no evident decrease in τ over the first 10 oscillations, but
for lighter objects there is a slight systematic decrease in τ.
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Table A.2: Comparison of four different methods for determining period of oscillation. The object used in this analysis was the
9x9x61 cm block of treated lumber. Condition C produced the best estimate of the object’s moment of inertia when compared to an
alternative theoretical prediction based on the object’s mass and geometry.
Condition A

mframe (g)
mobject (g)
t_frame (s)
t_object (s)
I_Frame_osc (kg-m-m)
I_Frame_obj_osc (kg-m-m)
I_obj_osc (kg-m-m)
I_obj_cm (kg-m-m)
Iz (kg-m-m)
I_obj_cm and Iz difference (%)

Condition B

Condition C

Condition D

Test 1

Test 2

Test 3

Test 1

Test 2

Test 3

Test 1

Test 2

Test 3

Trial 1

Trial 2

Trial 3

1842.33
2798.00
1.5631
1.5020
0.4038
1.1031
0.6993
0.0916
0.0886
3.3391

1842.33
2797.00
1.5628
1.5025
0.4045
1.1048
0.7003
0.0933
0.0886
5.3468

1842.67
2796.33
1.5626
1.5020
0.4047
1.1043
0.6997
0.0925
0.0886
4.4983

1842.33
2798.00
1.5644
1.5024
0.4045
1.1038
0.6993
0.0915
0.0886
3.2951

1842.33
2797.00
1.5646
1.5030
0.4050
1.1044
0.6993
0.0923
0.0886
4.2086

1842.67
2796.33
1.5643
1.5027
0.4051
1.1043
0.6991
0.0920
0.0886
3.8946

1842.33
2798.00
1.5644
1.5020
0.4045
1.1031
0.6987
0.0909
0.0886
2.5910

1842.33
2797.00
1.5646
1.5025
0.4050
1.1037
0.6987
0.0916
0.0886
3.4726

1842.67
2796.33
1.5643
1.5020
0.4051
1.1032
0.6981
0.0910
0.0886
2.7109

1842.33
2798.00
1.5631
1.5024
0.4038
1.1038
0.7000
0.0922
0.0886
4.0432

1842.33
2797.00
1.5628
1.5030
0.4041
1.1044
0.7003
0.0932
0.0886
5.2768

1842.67
2796.33
1.5626
1.5027
0.4043
1.1043
0.7000
0.0929
0.0886
4.8765

Notes. Variable definitions are the same as Table A.1.
Condition A: t_frame and t_object were computed as the mean period of oscillation of 10 consecutive oscillations across 3 trials
Condition B: t_frame and t_object were computed as the mean of the first period of oscillation across 3 separate trials
Condition C: t_frame was determined as in Condition B; t_object was determined as in Condition A
Condition D: t_frame was determined as in Condition A; t_object was determined as in Condition B
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Figure A.2: Periods of oscillation for the heaviest and lightest objects. The left panels
display the first 10 periods of oscillation of three trials for the frame only, and the right
panels display the same for the frame plus object trials. As in experiment 2, there is a
systematic decrease in τ over the first 10 oscillations when only the frame is oscillated.
When the heavy object was oscillated (m = 2.797 kg), there was no systematic decrease
in τ. However, a slight decrease in τ was observed when the light object (m = 0.716 kg)
was oscillated. Typical below-knee prosthesis mass has been reported to range from 1.2
to 2.1 kg (Lin-Chan, Nielsen, Yack, Hsu, & Shurr, 2003; Mattes, Martin, & Royer, 2000).
Thus, even for the lightest weight prostheses, τ should not exhibit a substantial decrease
over the first 10 oscillations.
Conclusion

When the aluminum frame alone is oscillated, the period of oscillation will be
determined as the mean of the first oscillation from 10 oscillation trials. When the
aluminum frame and prosthesis are oscillated, the period of oscillation will be determined
as the mean of 30 oscillations (3 trials, 10 consecutive oscillations within each trial).

Appendix B
Distributing Prosthesis Inertia into Foot and Shank Segments

In order to use a three-segment inverse dynamics model of the lower extremity
(applied in studies 2 and 4) to investigate the influence of loading configurations on gait
response, it was necessary to distribute the inertia properties of the prosthesis into foot
and shank segments. Miller (1987) demonstrated, based on a sensitivity analysis, that the
inertia properties of the prosthesis could be reasonably estimated based on regression
equations for an intact shank and foot. Resultant joint moments at the knee were derived
using: a) direct measurements of the prosthesis inertia properties, and b) using prosthesis
inertia properties estimated from regressions equations for an intact shank and foot. The
average difference between knee moment profiles for the two different methods and for
two subjects was approximately 3 Nm. This average difference in magnitude amounted to
less than 2% of the peak knee moment during stance. Czerniecki, Gitter, and Munro
(1991) have also shown that the center of mass (COM) location of the prosthetic foot is
reasonably approximated by regression equations typically used to determine an intact
foot’s COM location. They dismantled multiple below-knee prostheses and balanced the
prosthetic foot on a knife edge to determine its COM location. When they compared
these results to estimates based on regression equations for an intact foot, they found that
there was little difference between the two estimates.
The first step in our process was to determine how much of the total prosthesis
mass (this did not include the residual limb mass) should be apportioned to the prosthetic
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foot and how much should be apportioned to the rest of the prosthesis (for simplification
purposes “rest of the prosthesis” will be referred to as the prosthetic socket in the
remainder of this appendix). Based on measurements we made on a dismantled belowknee prosthesis we found that 66% of the mass was contained in the prosthetic socket and
34% was contained in the prosthetic foot (the foot cover was included as part of the foot).
Then, based on Miller’s and Czerniecki’s results we estimated the COM location and
moment of inertia of the prosthetic foot using its predicted mass and measured foot length
as inputs into regression equations for an intact foot (de Leva, 1996). Once inertia
properties of the foot were obtained, they were used in combination with our
experimental measurements of the entire prosthetic limb to separate out the inertia
properties of the prosthetic socket. Any mass added to the below knee prosthesis during
walking was always positioned on the socket portion of the prosthesis during the
experiments. Therefore, the added mass was modeled as a point mass located on the
socket portion of the prosthesis and the inertia properties of the socket were adjusted
accordingly. Finally, inertia properties of residual limb and prosthetic socket were
combined to estimate the inertia properties of prosthetic shank.
There are two distinct differences between the methods we used to distribute the
inertia properties of the prosthesis into foot and shank segments and those of Miller
(1987) and Czerniecki et al. (1991). First, we distributed the mass of the prosthesis into
foot and shank segments based on a ratio we determined from experimental measures
rather than regression equations for an intact foot and shank. We performed a sensitivity
analysis to determine what effect this had on the predicted moment of inertia of the
prosthesis about the knee joint. This analysis was based on experimental measurements
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of the inertia properties of six below knee prostheses from Mattes, Martin, and Royer
(2000) (data were obtained via personal communication with the authors). When the
prosthetic shank and foot masses were determined based on de Leva (foot = 24%; shank
= 76% of total prosthesis mass), the total moment of inertia of the prosthesis about the
knee joint was underestimated by approximately 5% compared to the actual experimental
value estimated using an oscillation technique. Using our percentages for foot (34%) and
shank (66%) masses, the total moment of inertia about the knee joint was overestimated
by approximately 2% compared to the experimental measure. Thus, we concluded that
our percentages did not produce greater errors and most likely better reflected that actual
distribution of mass in the prosthesis. The second difference is that we wanted to ensure
that the total moment of inertia about the knee joint remained unaltered after we
distributed the inertia properties of the prosthesis into foot and shank segments. Since we
were able to accurately measure the moment of inertia of the prosthesis about a transverse
axis through the knee joint (see appendix A), once we estimated the inertia characteristics
of the foot based on regression equations for an intact foot, we subtracted the foot’s
inertia characteristics from our experimental estimates of the entire prosthesis ensuring
that the remainder when combined back with the foot would sum to equal our
experimental measure. Below is the detailed, step by step method we employed to
distribute the prosthesis inertia into foot and shank segments. Nomenclature for variables
used in the each of steps can be found at the end of this appendix.
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Steps for obtaining separate foot and shank segments

1. Prosthesis mass was distributed between prosthetic foot and socket segments based
on measurements of a dismantled prosthetic limb. The total mass of the dismantled
prosthetic limb was 2.126 kg, with a socket mass of 1.406 kg and a foot mass of 0.72
kg. Thus, in our experiments 66% of total prosthesis mass was apportioned to the
prosthetic socket and 34% was apportioned to the foot.
2. COM location of the prosthetic foot was determined based on regression equations
for an intact foot (de Leva, 1996).
3. MOI of the prosthetic foot about a transverse axis though its COM was determined
using de Leva’s regressions for an intact foot and was also expressed relative to the
knee joint using the parallel axis theorem.

Icm_FT = mpros_ft * (.245 * Lfoot) 2
Iknee_FT = Icm_FT + (mpros_ft * CMpros_ft 2 )

4. COM location of the prosthetic socket (CMpros_sock) was determined by combining
an estimate of the COM position for the entire prosthesis limb (CMpros_limb),
obtained with a reaction board technique, and the assigned COM location of the
prosthetic foot relative to the knee joint (CMpros_ft) from step 2. The CMpros_sock
was constrained to lie on a straight line between the knee and ankle and was
determined as:
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CMpros_sock =

(CMpros_limb * mpros) - (CMpros_ft * mpros_ft)
mpros_sock

5. MOI of the prosthetic foot about an axis though the knee joint was subtracted from
the experimental measurement for MOI of the entire prosthetic limb about the knee
joint (Iknee_limb) to determine MOI of only the prosthetic socket about the knee
joint (Iknee_sock). The parallel axis theorem was then applied to express MOI of the
prosthetic socket about an axis through its COM (Icm_sock).

Iknee_sock = Iknee_limb - Iknee_FT
Icm_sock = Iknee_sock - (mpros_sock * CMpros_sock 2 )

6. Since any mass added to the prosthesis was positioned on the socket of the prosthesis,
these masses were modeled as point masses positioned on the socket, and the COM
location, MOI, and mass of the prosthetic socket were adjusted accordingly.

mpros_sock_madd = mpros _ sock + madd
CMpros_sock_madd =

(CMpros_sock * mpros_sock) + (CMmadd * madd)
mpros_sock_madd

Iknee_sock_madd = Iknee_sock + (madd * CMmadd 2 )
I_cm_sock_madd = Iknee_sock_madd - ((mpros_sock _ madd) * CMpros_sock_madd 2 )
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7. The inertia properties of the residual limb (anatomical structures remaining below the
knee after amputation) were combined with the inertia properties of the prosthesis
shank, which were used as the inertia properties of the shank segment on the
prosthetic side in the inverse dynamics model.

mpros_shank = mpros _ sock _ madd + mresidual
CMpros_shank =

(CMpros_sock_madd * mpros_sock_madd) + (CMres * mresidual)
mpros_shank

Iknee _ shank = Iknee _ sock _ madd + Iknee _ residual
Icm_shank = Iknee_shank − (mpros_shank * CMpros_shank 2 )
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Nomenclature

Parameters measured directly from each amputee’s prosthesis

mpros

= Mass of the amputee’s prosthesis, which was measured using a standard
laboratory scale with a sensitivity to the nearest gram.

CMpros_limb = COM of the amputee’s prosthesis relative to the knee joint, which was
determined using a reaction board technique.
Iknee_limb

= MOI of the amputee’s prosthesis relative to the knee joint, which was
measured using and oscillation technique.

Lfoot

= Length of the prosthetic foot, which was measured from the lateral
aspect of the heel to the approximate location of the fifth metatarsal
head of the intact foot.

Parameters that were predicted for each amputee’s prosthesis

CMpros_sock

= Center of mass location of the prosthetic socket relative to the
knee joint center of rotation.

CMpros_ft

= COM of the prosthetic foot relative to the knee joint center of
rotation.

mpros_ft

= Mass of the prosthetic foot, which was estimated as 34% of
mpros.

mpros_sock

= Mass of the prosthetic socket, which was estimated as 66% of
mpros.

Icm_FT

= MOI of the prosthetic foot about a transverse axis through the
foot’s COM, which was estimated using Lfoot, mpros_ft, and de
Leva’s radius of gyration.

Iknee_FT

= MOI of the prosthetic foot about a transverse axis through the
knee joint.

Iknee_sock

= MOI of the prosthetic socket about a transverse axis through the
knee joint.
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Icm_sock

= MOI of the prosthetic socket about a transverse axis though the
COM of the socket.

madd

= Magnitude of the added mass.

CMmadd

= Distance below the knee joint at which the added mass was
positioned.

mpros_sock_madd

= Mass of the prosthetic socket plus the magnitude of the added
mass.

CMpros_sock_madd = COM location of the prosthetic socket after incorporating the
added mass into the segment.
Iknee_sock_madd

= MOI of the combined prosthetic socket and added mass about a
transverse axis through the knee joint.

I_cm_sock_madd

= MOI of the combined prosthetic socket and added mass about a
transverse axis through their combined COM location
(CMpros_sock_madd).

mresidual

= Mass of the residual limb.

mpros_shank

= Mass of the prosthetic shank after accounting for any added
masses.

CMres

= COM of the residual limb.

CMpros_shank

= COM location of the prosthetic shank after accounting for any
added masses and the mass and COM location of the residual
limb.

Iknee_shank

= MOI of the prosthetic shank about a transverse axis through the
knee joint. This shank now is combination of the residual limb,
prosthetic socket, and any added mass.

Iknee_residual

= MOI of the residual limb about a transverse axis through the
knee joint.

Icm_shank

= MOI of the prosthetic shank about a transverse axis through its
COM location.

Appendix C
Expanded Statistical Outcomes of Dependent Variables from Studies 3 and 4

To provide a more complete presentation of the statistical outcomes from the
analyses in Chapters 4 and 5, this appendix contains all of the statistical results related to
changes in each dependent variable as prosthetic leg inertia changed. Dependent variables
in Chapter 4 included metabolic costs of walking, stance and swing time asymmetries,
and kinematic asymmetries (a total 8 discrete kinematic variables were tested).
Dependent variables in Chapter 5 included absolute angular impulses of moment
components from the intersegmental dynamics analysis and iEMGs of lower extremity
muscles. Results from Chapter 4 are presented first followed by results from Chapter 5.
For each dependent variable, three contrasts compared unloaded baseline values to values
for each of the 100% mass conditions, three contrasts compared the 50% mass condition
to the 100% mass condition at each of the load positions, and three contrasts compared
the 100% mass condition across the three load positions (ankle, prosthesis center of mass,
and thigh center of mass). In the tables that follow, the F-value, p-value, and effect size
for each contrast are presented. To help easily distinguish the significant findings from
the non-significant findings, a color scheme has been adopted. Specifically, in the tables
that follow contrasts with p-values < 0.05 have been highlighted in yellow, contrasts with
p-values > 0.05 but < 0.10 have been highlighted in blue, and contrasts with p-values >
0.1 have no highlighting applied. For the planned contrast column the following
abbreviations were used to make a cleaner presentation: NL reflects the unloaded
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baseline condition, Ankle refers to the condition in which mass was added near the ankle,
Pros CM reflects that the mass was positioned at the prosthesis center of mass, Thigh
CM reflects that the mass was positioned at the thigh center of mass, and 50% and 100%

indicate the magnitude of the mass that was added to the prosthetic limb, i.e., either 50%
or 100% of the mass difference between intact and prosthetic limbs was added to the
prosthetic limb.
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Table C.1: Statistical outcomes for stance time symmetry, swing time symmetry, and metabolic
costs of walking from Chapter 4.
Planned Contrast
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Stance Time
Pros CM 50% vs 100%
Symmetry
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Swing Time
Pros CM 50% vs 100%
Symmetry
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Metabolic
Pros CM 50% vs 100%
Costs
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh

F-value
p-value
effect size
12.5
0.0166
1.00
5.24
0.0707
0.71
2.59
0.1682
0.19
1.27
0.3113
0.42
3.67
0.1124
0.44
0.71
0.4386
0.21
1.84
0.2333
0.44
4.35
0.0915
0.51
8.77
0.0315
0.87
30.97
0.0026
1.25
1.24
0.317
0.28
1.1
0.3426
0.16
2.05
0.2119
0.47
0.52
0.5031
0.08
1.88
0.2284
0.21
8.54
0.0329
0.50
0.2
0.67
0.11
44.32
0.0012
1.14
74.38
0.0003
0.44
14.34
0.0128
0.26
16.41
0.0098
0.19
16.82
0.0093
0.23
1.93
0.2234
0.16
1.25
0.3139
0.07
8.65
0.0322
0.24
2.18
0.2001
0.07
53.42
0.0008
0.26
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Table C.2: Statistical outcomes for symmetry indices of knee joint angle at toe off and heel contact, maximum knee joint angle and
angular velocity during swing, maximum knee flexion following heel contact, thigh angular velocity at toe-off, and maximum thigh
angle and angular velocity during swing from Chapter 4.

Knee Joint
Angle at
Toe-Off

Knee Joint
Angle at
Heel
Contact

Maximum
Knee Joint
Angle
During
Swing

Maximum
Knee
Angular
Velocity
During
Swing

Planned Contrast
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Pros CM 50% vs 100%
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Pros CM 50% vs 100%
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Pros CM 50% vs 100%
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Pros CM 50% vs 100%
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh

F-value
p-value
effect size
0.69
0.4445
0.27
0.91
0.3834
0.21
1.25
0.3147
0.26
0.00
0.9498
0.02
1.09
0.3447
0.16
1.05
0.3532
0.23
0.19
0.6834
0.02
0.26
0.6322
0.06
0.00
0.9685
0.01
0.30
0.6080
0.26
3.33
0.1276
0.73
1.69
0.2506
0.65
0.08
0.7852
0.08
1.90
0.2264
0.24
0.00
0.9955
0.00
0.86
0.3954
0.09
0.09
0.7796
0.06
0.30
0.6102
0.24
0.14
0.7281
0.18
5.28
0.0700
0.83
2.86
0.1514
0.33
0.97
0.3694
0.21
103.43
0.0002
0.92
1.58
0.2639
0.25
7.12
0.0444
0.23
4.69
0.0825
0.59
0.14
0.7278
0.16
0.23
0.6493
0.27
2.61
0.1673
0.57
12.45
0.0168
1.32
0.55
0.4918
0.39
0.13
0.7353
0.09
3.20
0.1337
0.33
2.50
0.1748
0.39
4.30
0.0927
0.51
10.89
0.0215
1.64

Maximum
Knee
Flexion
Following
Heel
Contact

Thigh
Angular
Velocity at
Toe-Off

Maximum
Thigh Angle
during
Swing

Maximum
Thigh
Angular
Velocity
During
Swing

Planned Contrast
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Pros CM 50% vs 100%
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Pros CM 50% vs 100%
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Pros CM 50% vs 100%
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Pros CM 50% vs 100%
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh

F-value
p-value
effect size
1.24
0.3169
0.25
3.58
0.1169
0.27
2.39
0.1826
0.33
0.03
0.8750
0.02
0.00
0.9600
0.00
0.01
0.9160
0.01
0.00
0.9669
0.02
0.16
0.7062
0.05
0.07
0.8006
0.05
0.58
0.4804
0.24
2.09
0.2078
0.36
1.53
0.2710
0.34
0.67
0.4519
0.13
0.12
0.7458
0.02
0.61
0.4691
0.11
0.38
0.5656
0.13
0.02
0.8829
0.02
0.08
0.7833
0.08
0.38
0.5639
0.14
0.47
0.5222
0.14
0.43
0.5407
0.13
1.39
0.2917
0.14
2.74
0.1587
0.30
0.16
0.7091
0.05
0.00
0.9917
0.15
11.26
0.0202
0.30
2.63
0.1657
0.32
69.54
0.0004
1.75
61.75
0.0005
1.54
13.11
0.0152
0.60
3.78
0.1096
0.43
10.43
0.0232
1.00
2.85
0.1520
0.30
1.09
0.3451
0.51
16.11
0.0102
0.84
23.44
0.0047
1.06
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Table C.3: Statistical outcomes for absolute angular impulses of the prosthetic ankle moments (left table) intact ankle moments (right
table) during stance from Chapter 5.
Planned Contrast
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Interaction
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Gravitational
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
GRF
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Muscle
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh

F-value
p-value
effect size
0.72
0.4338
0.06
3.22
0.1328
0.09
0.00
0.9818
0.00
0.03
0.8773
0.01
1.33
0.3002
0.08
3.00
0.1440
0.10
1.54
0.2691
0.03
0.96
0.3720
0.09
0.32
0.5962
0.06
1.81
0.2366
0.06
0.20
0.6699
0.02
0.85
0.3995
0.05
0.04
0.8494
0.01
0.16
0.7021
0.02
3.09
0.1391
0.09
2.29
0.1905
0.08
1.14
0.3342
0.07
0.15
0.7174
0.01
4.35
0.0913
0.25
4.10
0.0987
0.24
4.06
0.0999
0.17
4.79
0.0801
0.09
1.05
0.3532
0.04
0.33
0.5916
0.06
0.07
0.8041
0.01
0.25
0.6384
0.06
0.38
0.5668
0.07
4.35
0.0915
0.25
4.11
0.0984
0.24
4.07
0.0997
0.17
4.76
0.0810
0.09
1.06
0.3503
0.04
0.33
0.5913
0.06
0.06
0.8142
0.01
0.25
0.6387
0.06
0.37
0.5695
0.07

Planned Contrast
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Interaction
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Gravitational
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
GRF
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Muscle
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh

F-value
p-value
effect size
8.05
0.0364
0.22
0.63
0.4633
0.05
0.40
0.5536
0.04
2.32
0.1886
0.10
1.30
0.3057
0.08
1.95
0.2212
0.07
6.38
0.0528
0.16
0.01
0.9290
0.01
19.90
0.0066
0.17
11.61
0.0191
0.21
19.29
0.0071
0.15
1.06
0.3510
0.06
1.55
0.2679
0.07
1.41
0.2883
0.08
0.12
0.7442
0.02
0.81
0.4090
0.06
2.50
0.1746
0.09
7.06
0.0450
0.16
3.37
0.1258
0.64
1.12
0.3384
0.23
2.22
0.1965
0.18
3.66
0.1138
0.46
0.12
0.7400
0.07
0.11
0.7538
0.06
6.71
0.0488
0.42
0.09
0.7804
0.04
2.28
0.1916
0.44
3.37
0.1260
0.64
1.12
0.3388
0.23
2.24
0.1949
0.18
3.64
0.1145
0.46
0.12
0.7428
0.07
0.11
0.7539
0.06
6.68
0.0492
0.42
0.08
0.7862
0.04
2.27
0.1923
0.44
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Table C.4: Statistical outcomes for absolute angular impulses of the prosthetic (left table) and intact (right table) knee moments during
stance from Chapter 5.
Planned Contrast
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Interaction
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Gravitational
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
GRF
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Muscle
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh

F-value
107.50
75.03
0.03
102.86
63.36
0.05
151.72
70.79
104.35
76.62
162.00
1.37
98.50
227.75
0.15
33.22
193.01
84.47
1.26
3.57
1.99
0.25
0.14
0.13
0.01
0.58
0.26
1.02
4.63
2.14
0.67
0.20
0.10
0.07
0.81
0.12

p-value
effect size
0.0001
4.30
0.0003
2.90
0.8732
0.01
0.0002
1.99
0.0005
1.49
0.8247
0.01
<.0001
1.64
0.0004
2.97
0.0002
4.38
0.0003
2.62
<.0001
1.94
0.2942
0.08
0.0002
1.17
<.0001
0.90
0.7180
0.02
0.0022
1.06
<.0001
1.85
0.0003
2.56
0.3135
0.55
0.1173
0.45
0.2178
0.22
0.6409
0.22
0.7234
0.09
0.7288
0.08
0.9240
0.05
0.4804
0.19
0.6305
0.25
0.3580
0.54
0.0841
0.55
0.2036
0.25
0.4503
0.40
0.6752
0.12
0.7628
0.08
0.8074
0.14
0.4096
0.25
0.7424
0.19

Planned Contrast
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Interaction
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Gravitational
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
GRF
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Muscle
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh

F-value
p-value
effect size
4.47
0.0880
0.20
0.43
0.5402
0.05
2.31
0.1891
0.10
3.21
0.1332
0.11
4.09
0.0990
0.15
2.38
0.1837
0.13
2.59
0.1687
0.15
0.30
0.6057
0.05
1.44
0.2835
0.11
34.75
0.0020
0.18
4.12
0.0982
0.10
0.85
0.3996
0.04
3.40
0.1247
0.06
1.58
0.2638
0.07
0.18
0.6852
0.02
2.62
0.1664
0.08
0.89
0.3893
0.06
5.65
0.0635
0.14
0.92
0.3810
0.46
2.74
0.1589
0.32
0.49
0.5164
0.11
0.34
0.5830
0.25
0.80
0.5647
0.16
0.29
0.6147
0.21
0.19
0.6783
0.14
0.48
0.5198
0.19
0.36
0.5755
0.33
0.70
0.4410
0.42
2.49
0.1752
0.36
0.53
0.4991
0.11
0.18
0.6900
0.18
0.35
0.5777
0.16
0.33
0.5896
0.24
0.02
0.9044
0.04
0.58
0.4815
0.23
0.25
0.6373
0.28
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Table C.5: Statistical outcomes for absolute angular impulses of the prosthetic (left table) and intact (right table) hip moments during
stance from Chapter 5.
Planned Contrast
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Interaction
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Gravitational
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
GRF
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Muscle
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh

F-value
61.45
87.38
18.80
72.64
26.80
10.80
0.37
69.03
36.71
128.10
362.33
24.86
89.58
348.19
0.77
4.11
106.34
92.81
0.27
0.37
0.07
0.58
0.23
0.29
0.12
0.46
0.27
0.38
0.48
0.11
0.53
0.03
0.08
0.21
0.77
0.39

p-value
effect size
0.0005
1.77
0.0002
1.69
0.0075
0.25
0.0004
0.98
0.0035
0.85
0.0218
0.16
0.5689
0.10
0.0004
1.46
0.0018
1.54
<0.0001
2.02
<0.0001
1.86
0.0042
0.53
0.0002
1.00
<0.0001
0.94
0.4200
0.06
0.0985
0.21
0.0001
1.46
0.0002
1.64
0.6245
0.32
0.5706
0.28
0.8088
0.05
0.4815
0.29
0.6508
0.12
0.6115
0.16
0.7442
0.12
0.5295
0.27
0.6271
0.31
0.5652
0.27
0.5196
0.18
0.7548
0.05
0.4996
0.24
0.8616
0.03
0.7858
0.05
0.6673
0.13
0.4214
0.14
0.5608
0.26

Planned Contrast
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Interaction
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Gravitational
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
GRF
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Muscle
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh

F-value
p-value
effect size
5.27
0.0702
0.19
0.83
0.4032
0.04
2.67
0.1632
0.11
3.81
0.1083
0.12
10.14
0.0244
0.12
2.44
0.1789
0.16
3.08
0.1396
0.14
0.50
0.5103
0.07
1.12
0.3376
0.08
11.76
0.0186
0.29
2.80
0.1552
0.15
0.22
0.6579
0.03
2.67
0.1634
0.16
1.23
0.3182
0.12
0.67
0.4516
0.07
1.53
0.2716
0.15
1.81
0.2359
0.13
10.53
0.0228
0.27
0.02
0.8819
0.05
0.54
0.4939
0.24
0.18
0.6883
0.13
1.89
0.2281
0.22
1.25
0.3150
0.13
0.35
0.5800
0.12
0.93
0.3800
0.24
0.25
0.6412
0.14
1.54
0.2696
0.10
0.00
0.9970
0.00
0.57
0.4851
0.27
0.18
0.6852
0.12
1.20
0.3240
0.25
1.02
0.3591
0.15
0.77
0.4197
0.21
1.28
0.3094
0.35
0.26
0.6291
0.19
1.23
0.3177
0.16
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Table C.6: Statistical outcomes for absolute angular impulses of the prosthetic (left table) and intact (right table) ankle moments during
swing from Chapter 5.
Planned Contrast
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Interaction
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Gravitational
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Muscle
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh

F-value
p-value
effect size
7.75
0.0387
0.39
0.09
0.7782
0.03
2.51
0.1739
0.17
1.06
0.3503
0.15
0.13
0.7317
0.04
4.53
0.0867
0.17
16.64
0.0095
0.36
8.98
0.0302
0.20
16.79
0.0094
0.55
14.52
0.0125
0.31
3.40
0.1427
0.17
0.44
0.5362
0.03
2.15
0.2023
0.11
0.75
0.4263
0.08
1.48
0.2775
0.10
15.20
0.0114
0.14
4.75
0.0812
0.20
16.62
0.0096
0.34
0.38
0.5649
0.08
0.43
0.5404
0.13
0.05
0.8242
0.05
0.01
0.9353
0.01
0.06
0.8231
0.06
0.83
0.4048
0.36
2.02
0.2141
0.21
0.24
0.6450
0.09
0.69
0.4430
0.13

Planned Contrast
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Interaction
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Gravitational
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Muscle
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh

F-value
p-value
effect size
0.03
0.8632
0.03
1.06
0.3495
0.12
0.01
0.9313
0.01
0.00
0.9814
0.00
0.03
0.8795
0.02
0.04
0.8582
0.02
0.68
0.4458
0.11
1.29
0.3069
0.12
0.03
0.8790
0.02
0.59
0.4758
0.13
0.65
0.4572
0.05
3.86
0.1065
0.23
0.78
0.4173
0.14
0.42
0.5433
0.04
4.96
0.0764
0.18
0.72
0.4351
0.18
4.07
0.0998
0.19
2.02
0.2141
0.36
0.53
0.4989
0.08
1.12
0.3377
0.11
0.05
0.8308
0.03
0.15
0.7131
0.05
0.44
0.5345
0.10
0.02
0.9035
0.02
1.78
0.2400
0.19
0.78
0.4168
0.09
0.46
0.5269
0.12
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Table C.7: Statistical outcomes for absolute angular impulses of the prosthetic (left table) and intact (right table) knee moments during
swing from Chapter 5.
Planned Contrast
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Interaction
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Gravitational
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Muscle
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh

F-value
23.75
40.69
3.35
19.11
8.27
10.55
15.45
29.80
22.73
94.57
128.05
1.94
89.41
118.04
7.82
56.44
127.76
97.67
8.90
3.92
2.47
3.46
2.04
9.61
10.82
2.23
7.40

p-value
effect size
0.0046
1.75
0.0014
0.99
0.1269
0.15
0.0072
0.84
0.0347
0.41
0.0227
0.15
0.0111
1.02
0.0028
0.84
0.0050
1.64
0.0002
3.56
<.0001
2.48
0.2222
0.05
0.0002
1.60
<.0001
1.17
0.0382
0.17
0.0007
1.76
<.0001
2.52
0.0002
3.59
0.0307
1.22
0.1047
0.43
0.1767
0.08
0.1219
0.44
0.2124
0.17
0.0269
0.14
0.0217
0.91
0.1960
0.36
0.0418
1.18

Planned Contrast
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Interaction
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Gravitational
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Muscle
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh

F-value
p-value
effect size
0.29
0.6148
0.06
3.80
0.1087
0.11
0.03
0.8751
0.02
0.19
0.6846
0.04
0.12
0.7434
0.03
0.23
0.6509
0.04
0.69
0.4435
0.07
2.50
0.1748
0.14
0.55
0.4905
0.09
0.08
0.7848
0.04
0.08
0.7928
0.04
4.97
0.0762
0.19
0.04
0.8545
0.02
0.02
0.9027
0.01
18.65
0.0076
0.32
0.51
0.5068
0.08
3.65
0.1142
0.16
4.00
0.1021
0.24
0.36
0.5766
0.05
0.08
0.7846
0.01
0.60
0.4732
0.08
0.98
0.3671
0.07
2.96
0.1458
0.13
3.33
0.1275
0.12
0.52
0.5022
0.06
1.17
0.3295
0.09
0.05
0.8396
0.03
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Table C.8: Statistical outcomes for absolute angular impulses of the prosthetic (left table) and intact (right table) hip moments during
swing from Chapter 5.
Planned Contrast
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Interaction
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Gravitational
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Muscle
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh

F-value
p-value
effect size
42.83
0.0012
1.68
50.76
0.0008
1.10
3.40
0.1244
0.23
36.46
0.0018
0.76
9.81
0.0259
0.48
6.98
0.0458
0.19
16.49
0.0097
0.72
20.56
0.0062
0.97
32.77
0.0023
1.59
22.65
0.0051
1.44
20.64
0.0062
1.27
18.15
0.0080
0.37
49.68
0.0009
0.67
6.39
0.0527
0.31
0.05
0.8273
0.03
6.70
0.0489
0.28
16.99
0.0092
0.89
18.43
0.0078
1.08
22.60
0.0051
1.19
12.35
0.0170
0.45
1.47
0.2798
0.16
17.52
0.0086
0.56
0.40
0.5528
0.13
0.29
0.6126
0.06
17.81
0.0083
0.73
2.61
0.1673
0.34
19.12
0.0072
1.14

Planned Contrast
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Interaction
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Gravitational
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Ankle 50% vs 100%
Muscle
Pros CM 50% vs 100%
Moment
Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh

F-value
p-value
effect size
0.01
0.9218
0.02
0.24
0.6481
0.06
0.06
0.8171
0.05
0.00
0.9856
0.00
1.01
0.3600
0.09
0.04
0.8529
0.03
0.60
0.4726
0.10
0.66
0.4527
0.12
0.01
0.9112
0.03
0.00
0.9502
0.02
2.22
0.1966
0.14
12.59
0.0164
0.52
0.73
0.4312
0.19
2.53
0.1723
0.17
31.05
0.0026
0.39
0.25
0.6402
0.16
8.56
0.0328
0.39
1.80
0.2379
0.55
0.03
0.8643
0.03
0.49
0.5169
0.06
0.46
0.5276
0.14
0.02
0.8974
0.02
0.00
0.9679
0.00
1.08
0.3457
0.15
0.68
0.4465
0.10
1.74
0.2444
0.20
0.33
0.5897
0.12
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Table C.9: Statistical outcomes for iEMGs of the PROSTHETIC leg muscles during SWING
from Chapter 5. VL = Vastus Lateralis, RF = Rectus Femoris, MH = Medial Hamstrings, and
GMED = Gluteus Medius, GMAX = Gluteus Maximus. The df column refers to degrees of
freedom in the statistical contrast. The first number is 1 for all muscles, and the second indicates
the number of muscles that were included in the test if you add 1.
Planned Contrast
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Pros-VL Ankle 50% vs 100%
during Pros CM 50% vs 100%
swing Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Pros-RF Ankle 50% vs 100%
during Pros CM 50% vs 100%
swing Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Pros-MH Ankle 50% vs 100%
during Pros CM 50% vs 100%
swing Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
ProsAnkle 50% vs 100%
GMED
Pros CM 50% vs 100%
during
Thigh CM 50% vs 100%
swing
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
ProsAnkle 50% vs 100%
GMAX
Pros CM 50% vs 100%
during
Thigh CM 50% vs 100%
swing
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh

F-value
p-value
Effect size df
2.75
0.1725
0.29 1,4
0.49
0.5214
0.13
1.49
0.2892
0.35
10.17
0.0332
0.25
3.56
0.1324
0.22
0.09
0.7785
0.07
1.80
0.2513
0.26
1.69
0.2631
0.49
2.33
0.2015
0.63
4.36
0.1279
0.91 1,3
1.01
0.3885
0.56
0.29
0.6279
0.35
5.97
0.0921
0.67
1.86
0.2663
0.65
0.00
0.9901
0.01
1.26
0.3442
0.76
0.09
0.7862
0.28
1.10
0.3715
0.75
0.38
0.5707
0.18 1,4
0.64
0.4682
0.21
0.00
0.9493
0.03
1.33
0.3136
0.11
3.72
0.1259
0.35
0.61
0.4785
0.21
0.13
0.7338
0.10
1.42
0.2987
0.27
0.79
0.4230
0.24
0.07
0.8125
0.17 1,3
0.00
0.9799
0.02
0.02
0.9082
0.09
2.83
0.1914
0.75
6.92
0.0782
0.81
5.09
0.1093
1.18
0.15
0.7277
0.64
0.09
0.7858
0.12
0.24
0.6554
0.46
5.51
0.0658
0.51 1,5
0.78
0.4170
0.13
1.52
0.2722
0.19
2.00
0.2167
0.40
1.83
0.2339
0.34
0.11
0.7499
0.03
4.03
0.1010
0.43
1.44
0.2839
0.31
7.42
0.0416
0.31
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Table C.10: Statistical outcomes for iEMGs of the PROSTHETIC leg muscles during
STANCE from Chapter 5. VL = Vastus Lateralis, RF = Rectus Femoris, MH = Medial
Hamstrings, and GMED = Gluteus Medius, GMAX = Gluteus Maximus. The df column refers to
degrees of freedom in the statistical contrast. The first number is 1 for all muscles, and the
second indicates the number of muscles that were included in the test if you add 1.
Planned Contrast
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Pros-VL Ankle 50% vs 100%
during Pros CM 50% vs 100%
stance Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Pros-RF Ankle 50% vs 100%
during Pros CM 50% vs 100%
stance Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Pros-MH Ankle 50% vs 100%
during Pros CM 50% vs 100%
stance Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
ProsAnkle 50% vs 100%
GMED
Pros CM 50% vs 100%
during
Thigh CM 50% vs 100%
stance
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
ProsAnkle 50% vs 100%
GMAX
Pros CM 50% vs 100%
during
Thigh CM 50% vs 100%
stance
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh

F-value
p-value
Effect size df
1.16
0.3419
0.12 1,4
0.62
0.4766
0.06
1.32
0.3139
0.26
7.53
0.0517
0.09
0.41
0.5583
0.02
4.05
0.1144
0.30
1.42
0.2991
0.09
1.20
0.3344
0.30
1.44
0.2966
0.37
0.00
0.9805
0.01 1,3
0.52
0.5239
0.11
0.18
0.6996
0.11
0.24
0.6548
0.07
1.77
0.2750
0.21
0.11
0.7601
0.07
0.39
0.5779
0.07
3.51
0.1578
0.22
0.25
0.6491
0.12
0.72
0.4428
0.15 1,4
0.83
0.4128
0.24
1.50
0.2878
0.42
1.06
0.3606
0.24
1.24
0.3281
0.33
3.35
0.1411
0.26
0.41
0.5577
0.17
2.11
0.2199
0.19
1.88
0.2424
0.29
1.74
0.2786
0.11 1,3
2.09
0.2439
0.17
2.07
0.2456
0.33
0.65
0.4805
0.09
17.79
0.0244
0.11
0.55
0.5125
0.16
2.19
0.2352
0.08
1.19
0.3555
0.18
2.46
0.2146
0.42
1.43
0.2859
0.39 1,5
0.05
0.8278
0.03
1.93
0.2230
0.31
0.64
0.4605
0.08
1.50
0.2747
0.36
0.77
0.4205
0.11
1.32
0.3029
0.09
1.89
0.2277
0.32
0.70
0.4396
0.12
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Table C.11: Statistical outcomes for iEMGs of the INTACT leg muscles during SWING from
Chapter 5. VL = Vastus Lateralis, RF = Rectus Femoris, MH = Medial Hamstrings, and GMED
= Gluteus Medius, GMAX = Gluteus Maximus. The df column refers to degrees of freedom in
the statistical contrast. The first number is 1 for all muscles, and the second indicates the number
of muscles that were included in the test if you add 1.
Planned Contrast
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Intact-VL Ankle 50% vs 100%
during Pros CM 50% vs 100%
swing Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Intact-RF Ankle 50% vs 100%
during Pros CM 50% vs 100%
swing Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Intact-MH Ankle 50% vs 100%
during Pros CM 50% vs 100%
swing Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
IntactAnkle 50% vs 100%
GMED
Pros CM 50% vs 100%
during
Thigh CM 50% vs 100%
swing
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
IntactAnkle 50% vs 100%
GMAX
Pros CM 50% vs 100%
during
Thigh CM 50% vs 100%
swing
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh

F-value
p-value
Effect Size df
0.21
0.6702
0.08 1,4
0.20
0.6759
0.08
1.87
0.2436
0.10
0.15
0.7181
0.09
0.05
0.8337
0.03
1.69
0.2633
0.17
0.64
0.4678
0.10
0.06
0.8142
0.03
2.02
0.2286
0.19
1.55
0.3019
0.13 1,3
2.68
0.2003
0.27
0.00
0.9712
0.00
0.75
0.4498
0.15
2.51
0.2114
0.20
1.14
0.3645
0.13
3.71
0.1498
0.15
2.03
0.2496
0.27
1.40
0.3220
0.13
0.55
0.4929
0.09 1,5
0.77
0.4217
0.04
4.99
0.0758
0.17
1.90
0.2267
0.15
0.22
0.6611
0.06
2.71
0.1606
0.13
0.94
0.3776
0.15
4.62
0.0843
0.13
5.56
0.0650
0.26
0.50
0.5103
0.18 1,5
0.40
0.5568
0.06
1.00
0.3626
0.10
2.09
0.2076
0.31
0.12
0.7479
0.05
1.43
0.2861
0.20
0.84
0.4024
0.31
0.53
0.5000
0.05
1.32
0.3023
0.27
1.05
0.3519
0.06 1,5
1.21
0.3219
0.13
0.36
0.5746
0.03
0.80
0.4125
0.03
2.01
0.2152
0.09
1.90
0.2265
0.04
0.57
0.4831
0.03
1.15
0.3334
0.16
2.19
0.1990
0.09
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Table C.12: Statistical outcomes for iEMGs of the INTACT leg muscles during STANCE from
Chapter 5. VL = Vastus Lateralis, RF = Rectus Femoris, MH = Medial Hamstrings, and GMED
= Gluteus Medius, GMAX = Gluteus Maximus. The df column refers to degrees of freedom in
the statistical contrast. The first number is 1 for all muscles, and the second indicates the number
of muscles that were included in the test if you add 1.
Planned Contrast
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Intact-VL Ankle 50% vs 100%
during Pros CM 50% vs 100%
stance Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Intact-RF Ankle 50% vs 100%
during Pros CM 50% vs 100%
stance Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Intact-MH Ankle 50% vs 100%
during Pros CM 50% vs 100%
stance Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
IntactAnkle 50% vs 100%
GMED
Pros CM 50% vs 100%
during
Thigh CM 50% vs 100%
stance
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
IntactAnkle 50% vs 100%
GMAX
Pros CM 50% vs 100%
during
Thigh CM 50% vs 100%
stance
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh

F-value
p-value
Effect Size df
17.34
0.0141
0.44 1,4
1.28
0.3209
0.24
12.19
0.0251
0.55
14.76
0.0184
0.28
0.06
0.8178
0.02
1.29
0.3200
0.45
2.93
0.1621
0.28
2.14
0.2171
0.34
0.95
0.3840
0.14
1.15
0.3625
0.93 1,3
1.18
0.3569
0.12
0.37
0.5836
0.08
1.14
0.3636
0.91
1.02
0.3865
0.85
1.01
0.3884
0.07
1.14
0.3635
0.90
0.03
0.8827
0.04
1.02
0.3877
0.91
1.45
0.2818
0.17 1,5
1.60
0.2619
0.11
0.84
0.4002
0.06
2.45
0.1786
0.27
1.01
0.3601
0.18
4.95
0.0767
0.22
1.97
0.2191
0.25
0.20
0.6749
0.06
4.13
0.0978
0.24
6.44
0.0521
0.32 1,5
0.16
0.7059
0.03
0.02
0.8934
0.01
2.69
0.1617
0.21
0.21
0.6661
0.09
1.80
0.2379
0.11
5.70
0.0627
0.21
0.48
0.5186
0.04
8.98
0.0302
0.34
1.75
0.2430
0.13 1,5
0.09
0.7820
0.03
0.04
0.8406
0.02
0.00
0.9596
0.00
0.02
0.8957
0.01
6.09
0.0567
0.07
10.05
0.0248
0.00
0.08
0.7826
0.01
25.97
0.0038
0.11

Table C.13: Statistical outcomes for iEMGs of three lower leg INTACT leg muscles from Chapter 5. Each of these muscles were
missing on the prosthetic side due to amputation. Thus, these muscles were only measured on the intact side. Results during swing
(left side of table) and stance (right side of table) are presented below. VL = Vastus Lateralis, RF = Rectus Femoris, MH = Medial
Hamstrings, and GMED = Gluteus Medius, GMAX = Gluteus Maximus. The df column refers to degrees of freedom in the
statistical contrast. The first number is 1 for all muscles, and the second indicates the number of muscles included in the test if you
add 1.
Planned Contrast
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
IntactAnkle 50% vs 100%
GAST
Pros CM 50% vs 100%
during
Thigh CM 50% vs 100%
swing
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
IntactAnkle 50% vs 100%
SOL
Pros CM 50% vs 100%
during
Thigh CM 50% vs 100%
swing
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Intact-TA Ankle 50% vs 100%
during Pros CM 50% vs 100%
swing Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh

F-value
p-value
Effect size df
3.71
0.1119
0.20 1,5
0.07
0.8035
0.04
0.31
0.5992
0.09
0.99
0.3665
0.23
5.27
0.0701
0.22
0.58
0.4805
0.18
1.26
0.3127
0.25
0.11
0.7487
0.06
2.98
0.1448
0.31
0.38
0.5720
0.25 1,4
0.65
0.4649
0.31
1.16
0.3416
0.33
1.65
0.2678
0.13
4.82
0.0932
0.15
2.03
0.2271
0.19
0.08
0.7894
0.13
0.01
0.9271
0.01
0.01
0.9327
0.01
0.86
0.4060
0.14 1,4
0.12
0.7484
0.13
1.70
0.2617
0.23
0.02
0.8978
0.02
0.59
0.4841
0.21
0.72
0.4453
0.16
0.03
0.8784
0.02
1.23
0.3300
0.44
3.89
0.1199
0.41

Planned Contrast
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
IntactAnkle 50% vs 100%
GAST
Pros CM 50% vs 100%
during
Thigh CM 50% vs 100%
stance
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
IntactAnkle 50% vs 100%
SOL
Pros CM 50% vs 100%
during
Thigh CM 50% vs 100%
stance
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh
NL vs 100% Ankle
NL vs 100% Pros CM
NL vs 100% Thigh CM
Intact-TA Ankle 50% vs 100%
during Pros CM 50% vs 100%
stance Thigh CM 50% vs 100%
100% Ankle vs 100% Pros
100% Pros vs 100% Thigh
100% Ankle vs 100% Thigh

F-value
0.91
0.00
0.02
0.02
6.02
0.53
0.27
0.01
0.16
0.61
0.22
2.27
6.12
0.17
1.18
4.69
3.56
0.04
0.95
0.47
0.47
0.22
1.23
0.14
0.21
0.39
0.02

p-value Effect Size df
0.3830
0.08 1,5
0.9716
0.00
0.8903
0.01
0.8886
0.03
0.0577
0.28
0.5008
0.08
0.6248
0.03
0.9271
0.01
0.7058
0.07
0.4769
0.35 1,4
0.6654
0.21
0.2063
0.42
0.0687
0.71
0.7010
0.08
0.3378
0.57
0.0962
0.81
0.1324
0.74
0.8552
0.07
0.3858
0.23 1,4
0.5314
0.10
0.5314
0.23
0.6640
0.07
0.3297
0.26
0.7246
0.03
0.6672
0.07
0.5658
0.14
0.8849
0.04

Appendix D
Review of Literature

Following a below-knee amputation, the amputee is often fitted with a prosthetic
limb that is designed to replace both the structure and function of the limb that was
amputated. Prosthetic limbs have become increasing lighter due to the development of
lighter weight materials with which these limbs are fabricated from. In unilateral,
transtibial amputees the use of lightweight prostheses creates an inertia asymmetry
between legs that has been suggested as a contributing factor to the asymmetrical walking
patterns often exhibited by this population (Mena, Mansour, & Simon, 1981; Tsai &
Mansour, 1986). However, unilateral, transtibial amputees typically expend 20% to 30%
more metabolic energy during walking than able-bodied individuals walking at the same
speeds (Gailey et al., 1994; S. J. Lin-Chan, Nielsen, Shurr, & Saltzman, 2003; Molen,
1973; Waters & Mulroy, 1999). Prosthetists and researchers have often assumed that
lightweight prostheses help minimize energy expenditure during walking in amputees
because lighter weight prostheses are thought to require less muscular effort to swing
during walking. Unfortunately, the research has at times been equivocal with regard to
the effects increased prosthesis mass has on walking asymmetries and metabolic costs of
walking. The purpose of this chapter is to review the research literature related to
amputee locomotion with a specific emphasis on unilateral, transtibial amputees.
Research literature related to kinematic and kinetic walking patterns, metabolic
costs, and inertia manipulations in unilateral, transtibial amputees was the focus of this
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literature review. Included in this review are data related to able-bodied gait in an effort
to help illustrate the effects of lower extremity amputation on the mechanics and
energetics of amputee locomotion.

Kinematic Walking Patterns of Transtibial Amputees

Walking velocities of unilateral transtibial amputees are significantly slower than
those for non-amputees. Typical walking velocities reported for transtibial amputees
range from 1.0 to 1.3 m·s-1, whereas walking velocities of non-amputees typically range
from 1.3 to 1.5 m·s-1 (Boonstra, Fidler, & Eisma, 1993; Donker & Beek, 2002; Goble,
Marino, & Potvin, 2003; Isakov, Burger, Krajnik, Gregoric, & Marincek, 1997; Nolan et
al., 2003; Powers, Rao, & Perry, 1998; Tashman, Hicks, & Jendrzejczyk, 1985). Because
walking velocity influences the magnitudes of most mechanical variables (Martin &
Morgan, 1992) and since most of the studies in the amputee literature have collected data
while amputees walked at their preferred velocity, comparisons between amputees and
non-amputees are often limited due to the differences in preferred walking velocities.
Walking patterns of unilateral, transtibial amputees are often described as
asymmetrical, particularly with respect to time and distance parameters. When compared
to the intact limb, the prosthetic limb has a longer swing time, longer double-limb support
time, shorter stance time, and longer step length (Hillery, Wallace, McIlhagger, &
Watson, 1997; Isakov, Burger, Krajnik, Gregoric, & Marincek, 1996; Isakov et al., 1997;
Mattes, Martin, & Royer, 2000; Nolan et al., 2003; Sanderson & Martin, 1997). Many of
these authors have suggested that the stance time asymmetry in particular reflects the
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unilateral amputee’s attempt to reduce loading of the residual limb during stance, since
considerably less time is spent on the prosthetic leg compared to the intact leg during
stance. Temporal asymmetries have been reported to improve with increased walking
speed for both unilateral amputees (Isakov, Burger, Krajnik et al., 1996; Nolan et al.,
2003) and non-amputees (Goble et al., 2003). However, as walking velocity increased for
unilateral amputees relatively larger increases in ground reaction forces were observed
for the intact leg than the prosthetic leg (Nolan et al., 2003). Thus, improving temporal
asymmetries simply by increasing walking speed may lead to even greater loading
asymmetries between legs, which may result in even greater risks of early degenerative
joint disease in the intact leg joints (Nolan et al., 2003).
Although significant temporal asymmetries exist during amputee locomotion,
Sanderson and Martin (1997) noted that the motion pattern of a unilateral, transtibial
amputee was nearly indistinguishable from that of a non-amputee with the naked eye
because the joint kinematic patterns of the prosthetic leg are only slightly different than
those of the intact leg or the leg of a non-amputee. The most notable differences occurred
at the ankle where less plantarflexion occurred during stance and less dorsiflexion
occurred during swing for the prosthetic leg. This resulted in significantly lower angular
velocities at the prosthetic ankle during walking compared to that of the intact ankle (Rao
et al., 1998; Sanderson & Martin, 1997). At the knee, the prosthetic leg is more extended
at heel contact and less flexed during the early part of stance in response to initial limb
loading (Donn, Porter, & Roberts, 1989; Hillery et al., 1997; Isakov et al., 1997; Powers
et al., 1998; Sanderson & Martin, 1997). However, angular velocity of the prosthetic
leg’s knee is only minimally affected by these angular position differences (Rao et al.,
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1998; Sanderson & Martin, 1997). At the hip, the prosthetic leg is also more extended at
heel contact and throughout stance (Hillery et al., 1997; Sanderson & Martin, 1997), but
again angular velocity is not significantly different from that of the intact leg (Rao et al.,
1998; Sanderson & Martin, 1997). It has been suggested that the more upright posture of
the prosthetic limb during stance could be due in part to instability at the knee and that a
more vertically oriented leg reduces the demands on the musculature crossing the knee
because smaller moments of force would be needed to keep the knee from collapsing
during stance (Sanderson & Martin, 1997; Winter & Sienko, 1988). Selles et al. (2003)
focused on swing phase kinematics and compared the kinematics exhibited by unilateral,
transtibial amputees to those of matched (age, height, body mass, and gender) controls.
Only two out of 18 discrete kinematic variables of the shank and thigh differed
significantly between transtibial amputees and matched controls during the swing phase
of walking. The thigh angle at initial toe-off and the maximum thigh angle were
significantly different between groups (~4 degrees of greater thigh flexion in both
instances for the non-amputees) (Selles, Korteland, Van Soest, Bussmann, & Stam,
2003).

Kinetic Walking Patterns of Transtibial Amputees

Transtibial amputation results in the functional loss of a forceful push-off at the
ground through active muscular contraction of the ankle plantarflexors, and amputees
must compensate for this loss by altering their motor control patterns at other joints
(Winter & Sienko, 1988). Evidence of these altered motor control strategies are often
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presented in the form of joint moments, joint moment powers, and muscle excitations of
various lower extremity muscles. Advances in prosthetic foot design have been driven in
part by the functional loss of an active push-off and dynamic elastic response prosthetic
feet are capable of storing elastic energy, which can later be recovered during the pushoff. However, even the amount of energy recovered from a dynamic elastic response foot
falls short of the amount energy that is generated by active contraction of the triceps
surae muscle group in a non-amputated leg (Winter & Sienko, 1988).
Force production at the ground by the lower extremities differs in unilateral
amputees compared to non-amputees. Specifically, larger ground reaction force
magnitudes have been reported for the intact leg in comparison to those produced by the
legs of a non-amputee walking at a similar speed (Engsberg, Lee, Tedford, & Harder,
1993; Nolan et al., 2003). However, this finding has not always been consistently been
reported in the literature. For example, Sanderson and Martin (1997) found that ground
reaction forces produced by the intact leg and the legs of non-amputees walking at similar
speeds were not significantly different in timing or magnitude. Ground reaction force
magnitudes produced by the prosthetic leg, however, have consistently been reported as
reduced in comparison to those produced by the intact leg during walking (Engsberg et
al., 1993; Hillery et al., 1997; Isakov, Mizrahi, Susak, & Onna, 1992; Nolan et al., 2003;
Sanderson & Martin, 1997). This suggests asymmetrical loading of the prosthetic and
intact legs with the intact leg typically experiencing larger loads during walking than the
prosthetic leg. Peak braking and propulsive forces (anterior-posterior component of
ground reaction force) are smaller in magnitude for the prosthetic leg compared to those
for the intact leg (Hillery et al., 1997; Sanderson & Martin, 1997). The first peak of the
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vertical force component is similar for the prosthetic and intact legs, but the second peak
of the vertical force is significantly reduced in the prosthetic leg compared to the intact
leg (Hillery et al., 1997; Nolan et al., 2003; Sanderson & Martin, 1997). In general,
ground reaction force profiles of unilateral, transtibial amputees suggest that the
prosthetic leg generates less propulsive force prior to toe-off compared to the intact leg,
and that the prosthetic leg maintains forward momentum of the body to a greater extent
following foot contact than does the intact leg.
Given existing differences in ground reaction force production between amputees
and non-amputees it is not surprising that joint kinetics also differ significantly between
amputees and non-amputees and between the intact and prosthetic legs within the
unilateral amputee. In early stance (~ first 10%) ankle moments of non-amputees and
unilateral transtibial amputees are typically dorsiflexor (Sanderson & Martin, 1997;
Winter & Sienko, 1988). Winter and Sienko (1998) reported that the prosthetic ankle
moment remains dorsiflexor for a significantly longer period of stance for the prosthetic
ankle. Throughout the majority of the stance phase the ankle moments for both the
prosthetic leg and intact leg are plantarflexor, but the plantarflexor moment at the
prosthetic ankle is significantly reduced in comparison to that of a non-amputee’s ankle
or that of the intact leg’s ankle (Sanderson & Martin, 1997; Winter & Sienko, 1988).
Further, the amount of energy generated at the ankle prior to toe-off (Winter refers to this
as the A2 power burst) is small in comparison to the energy generated at the ankle of
non-amputees (Winter & Sienko, 1988). Winter and Sienko (1988) suggested that the
amputee must compensate for the lack of power generation at the ankle by altering their
motor control strategies at the knee and hip joints.
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At the knee, joint moments of the prosthetic leg are substantially reduced and
biased towards flexor moments when compared to the knee joint moments of the intact
leg and non-amputee legs (Sanderson & Martin, 1997; Winter & Sienko, 1988).
Immediately following heel contact the knee moment is flexor for amputees and nonamputees, but shortly after heel-contact in non-amputees the knee moment becomes
extensor as the leg accepts the full body weight (Sanderson & Martin, 1997; Winter &
Sienko, 1988). In amputees, the knee moment may not exhibit extensor function during
stance and even when it does the magnitude of the extensor moment is small in
comparison to magnitudes observed for the extensor moments generated by the intact
knee or knee of a non-amputee (Gitter, Czerniecki, & DeGroot, 1991; Powers et al.,
1998; Sanderson & Martin, 1997; Torburn, Perry, Ayyappa, & Shanfield, 1990; Winter &
Sienko, 1988). During the end of swing as knee extension velocity is reduced, the
magnitude of the knee flexor moment of the prosthetic leg is smaller in magnitude than
that of non-amputees (Selles et al., 2003), which Selles and colleagues (2003) attributed
to the reduced inertia properties of the prosthesis. Power generation and absorption at the
knee of the prosthetic leg during the stance phase of walking is significantly reduced
compared to that observed at the knee of non-amputees or that of the intact knee (Gitter et
al., 1991; Sadeghi, Allard, & Duhaime, 2001; Winter & Sienko, 1988). Specifically, only
the K3 and K4 power bursts, which represent power absorption of the knee extensors
during push-off and power absorption during terminal swing, respectively, were of
significant magnitudes and of similar magnitudes to that observed for non-amputees. The
K1 and K2 power bursts are non-existent or minimal in comparison to that of non-
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amputees or that of the intact knee (Gitter et al., 1991; Sadeghi et al., 2001; Winter &
Sienko, 1988).
Hip moments of unilateral, transtibial amputees have been reported to be highly
variable and much more variable than those of non-amputees during walking (Winter &
Sienko, 1988). Even in non-amputees the hip moment typically is more variable than the
ankle or knee moments (Winter, 1987). During the first half of stance, Winter and Sienko
(1988) found that the hip of the prosthetic leg exhibited a larger extensor moment than
that observed for non-amputees, but Sanderson and Martin (1997) found no significant
difference between the prosthetic leg hip moment and that of non-amputees. However,
Sanderson and Martin (1997) found that during the first half of stance the hip of the intact
leg exhibited a smaller extensor moment than that exhibited by the hip of the prosthetic
leg and hip of a non-amputee. However, the hip moment of the prosthetic leg did not
differ significantly from that of a non-amputee (Sanderson & Martin, 1997). During the
last half of swing, compared to the hip moment of a non-amputee the hip moment of the
prosthetic leg is smaller in magnitude (i.e., less extensor) as thigh flexion velocity is
reduced in preparation for foot contact with the ground (Selles et al., 2003; Winter &
Sienko, 1988). Again, Selles and colleagues (2003) attributed this difference to the
reduced inertia properties of the prosthesis.
Energy storage and return (ESAR) prosthetic feet were developed in the early
1980s in an effort to improve gait performance of amputees by increasing the amount of
energy returned to the prosthesis during the push-off phase of walking (Hafner, Sanders,
Czerniecki, & Fergason, 2002). However, only a limited amount of biomechanical
evidence suggests any benefit from the use of these types of prosthetic feet compared to a
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conventional prosthetic foot (e.g., SACH – solid ankle cushioned heel) (Hafner et al.,
2002). Several studies have found increased power generation at the ankle during the last
part of stance with the use ESAR prosthetic feet, but the amount of power generated was
still significantly less than that seen in the intact ankle of ankle of a non-amputee. For
example, Gitter and collegues (1991) found that energy efficiency at the ankle (ratio of
stored energy to returned energy at push-off) was considerably less when amputees wore
a SACH foot (39%) compared to when amputees wore one of two ESAR prosthetic feet
(Seattle foot = 71% and Flex foot = 89%). However, the energy efficiency at the
prosthetic ankle of transtibial amputees, even with the use of ESAR prosthetic feet, is
substantially smaller in comparison to that of non-amputees (~264%) (Gitter et al., 1991).
In a recent computer modeling and simulation study (Zmitrewicz, Neptune, &
Sasaki, 2007) it was reported that ESAR prosthetic feet returned less than half of the
energy returned by plantarfexor muscles of a fully intact ankle (ESAR foot returned 12.0
J, whereas soleus and gastrocnemius together returned 28.3 J). To create the amputee
model, Zmitrewicz et al. (2007) modified their existing non-amputee model by replacing
the musculature of one ankle with a viscoelastic torsional spring with stiffness
characteristics based on previous empirical measurements of similar prosthetic feet
(Klute, Kallfelz, & Czerniecki, 2001; Lehmann et al., 1993). Zmitrewicz and colleagues
(2007) found that the ESAR prosthesis functioned similarly to the soleus muscle
throughout stance, but that it did not provide for all the functions of gastrocnemius during
the stance phase of walking. Specifically, the prosthesis stored energy and provided trunk
support during early to mid stance (~10-40% of stance), transferred energy from the leg
to the trunk during mid to late stance (50-85% of stance), and provided both trunk
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support and forward propulsion during the last part of stance (85-100% of stance).
However, the primary function of gastrocnemius during late stance is to assist in swing
initiation by accelerating the leg forward (Neptune, Kautz, & Zajac, 2001), which was
not replicated by the ESAR prosthesis. The ESAR prosthesis actually decelerated the leg
during much of the second half of stance, and it only delivered a small amount of energy
to the leg during the final 15% of stance. Thus, the functional loss of the ankle
plantarflexor muscles has a very dramatic effect on the amount of energy generated
during the stance phase of walking, which potentially increases the burden on the
remaining musculature at the other joints during walking.
The hamstrings and quadriceps muscles in the prosthetic leg exhibit increased
levels of excitation compared to the intact leg during walking and are active for a greater
percentage of the gait cycle (Blumentritt, Schmalz, Jarasch, & Schneider, 1999; Culham,
Peat, & Newell, 1986; Isakov, Burger, Krajnik, Gregoric, & Marincek, 2001; Isakov,
Keren, & Benjuya, 2000; Powers et al., 1998; Schmalz, Blumentritt, & Reimers, 2001;
Winter & Sienko, 1988). The hamstrings of the prosthetic leg exhibit increased levels of
excitation throughout the entire stance phase, but the quadriceps tend to exhibit increased
excitation levels only during the second half of stance. The only quadriceps muscle that
has exhibited increased excitations during the entire stance phase is the rectus femoris
muscle (Winter & Sienko, 1988). Winter and Sienko (1988) also found that the gluteus
maximus muscle is more active during the stance phase in the prosthetic limb when
compared to the intact limb. During the swing phase of walking, muscle excitations of the
prosthetic limb are not substantially different than those of the intact limb (Blumentritt et
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al., 1999; Culham et al., 1986; Isakov et al., 2001; Isakov et al., 2000; Powers et al.,
1998; Schmalz et al., 2001; Winter & Sienko, 1988).
Excitation patterns of the quadriceps and hamstrings have also been compared
between active and limited walking transtibial amputees (Pinzur, Asselmeier, & Smith,
1991). Subjects were classified as active or limited walkers based on the Ranchos Los
Amigos Functional Ambulation Scale. It was found that the quadriceps and hamstrings in
the prosthetic limb of active walkers remained active for a longer duration of the gait
cycle compared to limited walkers. Pinzur et al. (1991) concluded that limited walkers
did not compensate for the loss of the ankle musculature by increasing drive to the
remaining muscles and as a result did not walk as well as active walkers.
At the knee, atrophy of the residual limb quadriceps contributes to a 50%
reduction in knee extensor strength (Backlund, Lemperg, & Ottosson, 1968; Isakov,
Burger, Gregoric, & Marincek, 1996a, 1996b; Moirenfeld, Ayalon, Ben-Sira, & Isakov,
2000; Pedrinelli, Saito, Coelho, Fontes, & Guarniero, 2002; Renstrom, Grimby, &
Larsson, 1983). It is unclear whether hip flexion and extension strength are weaker in the
residual limb. The only study (Backlund et al., 1968) that assessed muscular strength at
the hip in the sagittal plane concluded that hip flexion and extension was weaker in the
residual limb, but also noted that this result may have been due to the poor fixation of the
residual hip during the strength tests. However, it has been shown that on average the hip
abductor strength of the residual limb is not significantly weaker than the abductor
strength of the intact limb (Nadollek, Brauer, & Isles, 2002). Nadollek and colleagues
(2002) found that performance outcome, such as increased weight-bearing on the
prosthetic side during quiet standing, was related to hip abductor strength in a group of 22
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unilateral, transtibial amputees. Many of the above authors have cited the decreased
strength of the residual limb musculature as a contributing factor in the increased
excitation levels of the hip and knee musculature during walking.
Joint kinetics and EMG results, when considered together, illustrate that
neuromuscular control of the leg is altered following an amputation of the lower
extremity. In general, excitations of the hamstrings and quadriceps suggest that cocontraction is used to a greater extent at both the hip and the knee. At the knee, increased
muscle excitations of the hamstrings provide insights into the bias towards a knee flexor
moment of the prosthetic leg during the stance phase of walking for the amputee. At the
hip, increased muscle excitations of the hamstrings and gluteus maximus provide insights
into the greater extensor moment at the prosthetic leg. Winter and Sienko (1988) also
found that amputees who used non-rigid prosthetic feet generated more power at the hip
and knee during push-off with the prosthetic leg. Therefore, one way amputees
compensate for the loss of muscular control at the ankle is by relying more on the
remaining musculature to produce movements, particularly at the hip. This is
accomplished not only by increasing the level of excitation of the remaining muscles, but
also by increasing the duration in which these muscles are active during the gait cycle
(Breakey, 1976; Powers et al., 1998). However, this compensation occurs primarily
during the stance phase of walking and only small differences are seen during the swing
phase (Isakov, Burger et al., 1996a). Finally, amputees appear to adopt more of a hip
control strategy on their prosthetic side during walking and rely mainly on to knee
musculature for stabilizing the knee joint rather than producing flexion or extension of
the knee during walking (Sanderson & Martin, 1997; Winter & Sienko, 1988).

253
Traditional three segment models have been used in the research literature for
both prosthetic and intact limbs when estimating joint muscle moments and joint reaction
forces during amputee locomotion. An implicit assumption in this approach is that the
ankle of the prosthetic limb articulates at a point that is similar to the location of the
intact ankle (Prince, Winter, Sjonnensen, & Wheeldon, 1994). Prince and colleagues
(1994) discussed two limitations with this approach: (a) the rigid body assumption does
not apply to prosthetic feet that have a flexible keel because there is no rotation at the
ankle and (b) energy loss and recovery through prosthetic foot deformation is not
accounted for with the traditional model. Prince et al. (1994) proposed that a point on the
distal part of the shank (i.e., superior to the ankle) should be used as the point to sum the
forces and moments acting on the foot instead of a point that reflects the intact ankle
location. Prince and colleagues used their model to investigate the mechanical properties
of several different prosthetic feet. Since their model better accounted for prosthetic foot
deformation they were able to illustrate potential advantages of dynamic elastic response
feet. Unfortunately, they did not investigate the effects of their ankle model on the knee
or hip joint moment profiles. Therefore, it is not clear whether Prince and colleagues’
method for deriving the ankle moment would influence conclusions drawn from knee and
hip joint moment profiles. To my knowledge, there are no data in the literature that have
addressed this limitation.
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Metabolic Cost of Walking

Metabolic energy expenditure (expressed in ml·kg-1·min-1) during walking
increases systematically as walking speed increases (Pearce et al., 1983; Ralston, 1958;
Zarrugh, Todd, & Ralston, 1974). Ralston (1958) found that the relationship between
energy expenditure and walking speed could be expressed as a quadratic relationship,
which has consistently been supported by other researchers (Cotes & Meade, 1960;
Pearce et al., 1983; van der Walt & Wyndham, 1973; Zarrugh & Radcliffe, 1978). When
energy expenditure per unit distance traveled (expressed in ml·kg-1·m-1) is considered
during walking, a characteristic U-shaped relationship between speed and energy
emerges, suggesting that there is a most economical speed of walking (Cotes & Meade,
1960; Pearce et al., 1983; Ralston, 1958; van der Walt & Wyndham, 1973; Zarrugh &
Radcliffe, 1978). Empirical data suggest that individuals typically choose to walk at
speeds that are at or near this most economical speed, which for young and middle-aged
adults is approximately 1.3 m·s-1 (Martin & Morgan, 1992; Martin, Rothstein, & Larish,
1992; Pearce et al., 1983; Ralston, 1958; Zarrugh et al., 1974). The most economical
walking speed can also be theoretically predicted based on Ralston’s quadratic
relationship between speed and rate of energy expenditure. By differentiating Ralston’s
equation with respect to velocity and setting the resulting relationship equal to zero, the
minimum energy cost can be estimated. The result of this differentiation predicts that the
minimum energy expenditure per unit distance traveled occurs at a speed of
approximately 1.3 m·s-1 (Inman, Ralston, & Todd, 1994), which is consistent with
empirical findings for freely chosen walking speeds in able-bodied adults.
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In addition to the energy-speed relationship of walking, energy cost is also related
to stride rate and stride length (Holt, Hamill, & Andres, 1991; Martin & Morgan, 1992;
Martin et al., 1992; Minetti, Capelli, Zamparo, di Prampero, & Saibene, 1995; Pearce et
al., 1983; Ralston, 1958; Zarrugh et al., 1974). This is not surprising since walking speed
can be expressed as the product of stride rate (strides·min-1) and stride length (m·stride-1).
The characteristic U-relationship also describes the relationships between energy cost and
stride length and between energy cost and stride rate. If walking speed is held constant
while stride rate is experimentally increased (e.g., subjects walk to a beat of a faster
metronome which controls stride rate), then stride length must decrease to meet the speed
demands. Greater amounts of energy are expended per unit distance traveled as stride rate
either increases or decreases relative to the stride rate freely chosen by the individual for
a given walking speed. The characteristic relationships between energy cost and walking
speed, cadence, and stride length indicate that able-bodied individuals freely choose
walking speeds and stride rate and stride length combinations that minimize energy
expenditure per unit distance traveled.
In individuals with disabilities, measures of metabolic energy expenditure can be
used to assess the energetic penalty associated with the disability during walking (Waters
& Mulroy, 1999). Unilateral, transtibial amputees typically expend 20% to 30% more
metabolic energy during walking than able-bodied individuals walking at the same
speeds (Gailey et al., 1994; S. J. Lin-Chan, Nielsen, Shurr et al., 2003; Molen, 1973;
Waters & Mulroy, 1999). For amputees, the higher the level of amputation, typically the
higher the energy cost is during walking; a transfemoral amputee expends ~0.24 ml·kg1

·m-1, a through-knee amputee expends ~0.20 ml·kg-1·m-1, and a transtibial amputee
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expends ~0.18 ml·kg-1·m-1 walking at their preferred speeds (Pinzur, Gold, Schwartz, &
Gross, 1992; Waters & Mulroy, 1999; Waters, Perry, Antonelli, & Hislop, 1976).
However, the walking speed freely chosen by amputees also appears to be dependent on
the level of amputation, with higher level amputees typically choosing slower walking
speeds (Nowroozi, Salvanelli, & Gerber, 1983; Waters & Mulroy, 1999; Waters et al.,
1976).
The relationships between walking speed and energy expenditure during walking
in amputees are similar to those of non-amputees (Waters & Mulroy, 1999). In amputees,
the rate of oxygen consumption increases quadratically with increases in walking speed,
but at any given speed the rate of oxygen uptake in the amputee is greater than that of a
non-amputee (Waters & Mulroy, 1999). The characteristic U-relationship between energy
cost and walking speed exhibited by non-amputees is also exhibited by transtibial
amputees, but with a higher cost for the amputee at any given speed. Interestingly, the
most economical walking speeds of transtibial amputees and non-amputees are not
significantly different (~1.3 m·s-1 for both), but transtibial amputees typically choose to
walk at slower speeds than their most economical speed unlike non-amputees who
typically choose to walk at speeds at or near their most economical speed (Huang et al.,
1979; Lehmann et al., 1993; S. J. Lin-Chan, Nielsen, Shurr et al., 2003; Molen, 1973).
The discrepancy between the most economical and preferred walking speeds of amputees
was used by Waters and Mulroy (1999) to suggest that preferred walking speeds of
amputees are not driven by minimization of energy cost criteria, but instead as a way of
maintaining a lower rate of oxygen uptake during walking. This suggestion was
supported by data illustrating that the rates of oxygen uptake in amputees are similar to
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those of non-amputees when these rates were compared based on each group’s preferred
walking speed rather than at an absolute speed. The reasons for the higher metabolic
costs of amputees at any given speed, however, are not fully understood.

Lower Extremity Inertia Manipulations

Modern lower limb prostheses are fabricated using lightweight materials resulting
in prosthetic limbs that are often much lighter than the limbs they replace. One
consequence of this fabrication practice is that an inertia asymmetry between the
prosthetic limb and intact limb is created. Compared to an intact shank and foot, the mass
of a below-knee prosthesis and residual limb is approximately 35% less and has a center
of mass located approximately 35% closer to the knee joint (S. J. Lin-Chan, Nielsen,
Yack, Hsu, & Shurr, 2003; Mattes et al., 2000). The lower mass and more proximal mass
distribution of the prosthetic limb also produces a much lower (~60%) moment of inertia
relative to the knee joint for the prosthetic limb compared to that of the intact shank and
foot. It has been suggested that this inertia asymmetry contributes to the asymmetrical
gait patterns often exhibited by unilateral amputees (Mena et al., 1981; Tsai & Mansour,
1986). Intuitively one might argue that minimizing the mass of the prosthetic limb should
reduce metabolic energy expenditures during amputee locomotion because there would
be less demand on the musculature when accelerating the prosthetic limb. Inertia
manipulations of the lower extremity in non-amputees (Browning, Modica, Kram, &
Goswami, 2007; Claremont & Hall, 1988; Holt, Hamill, & Andres, 1990; Martin, 1985;
Martin & Cavanagh, 1990; Myers & Steudel, 1985; Royer & Martin, 2005; Skinner &
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Barrack, 1990) and amputees (Czerniecki, Gitter, & Weaver, 1994; Donn et al., 1989;
Gailey et al., 1997; Gitter, Czerniecki, & Meinders, 1997; Hillery & Wallace, 2000;
Hillery et al., 1997; Lehmann et al., 1998; S. J. Lin-Chan, Nielsen, Yack et al., 2003;
Mattes et al., 2000; Selles, Bussmann, Klip et al., 2004; Selles et al., 2003; Skinner &
Mote, 1989; Tashman et al., 1985) have been used in the research literature as a tool for
assessing the influence of inertia properties on gait asymmetries and metabolic costs
during locomotion.

Inertia Manipulations in Non-Amputees

In non-amputees, the effects of lower extremity inertia manipulations have been
studied during walking (Browning et al., 2007; Holt et al., 1990; Royer & Martin, 2005;
Skinner & Barrack, 1990) and running (Claremont & Hall, 1988; Martin, 1985; Martin &
Cavanagh, 1990; Myers & Steudel, 1985). Consistently these studies have shown that
distal loads (e.g., attached to the foot) increase the aerobic demands of exercise more than
proximal loads (e.g., attached to the thigh). During walking, Browning et al. (2007)
reported that compared to walking with 8 kg attached to the waist net metabolic rates
increased by 14% and 48% when 4 kg were attached to each thigh or foot, respectively.
Royer and Martin (2005) found that when 0.52 kg of added mass was shifted from a
proximal shank location to a distal shank location, metabolic cost of walking increased by
approximately 3.4%. Compared to unloaded running, Martin (1985) found that adding
0.50 kg to each thigh increased the rate of oxygen consumption by 3.5%. However,
applying the same loads to the ankles (Claremont & Hall, 1988) or feet (Martin, 1985)
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increased the rate of oxygen consumption by approximately 4.5% and 7.5%, respectively.
Myers and Steudel (1985) also found that compared to unloaded running, adding 3.6 kg
to the waist, or 1.8 kg to each upper thigh, upper shank, or ankle, increased the rate of
oxygen consumption by 4%, 9%, 12% and 24%, respectively. These data clearly suggest
that positioning mass more distally on the leg results in a higher metabolic cost during
locomotion.
Mechanically, artificially increasing the mass of the lower extremities of nonamputees minimally alters locomotion patterns. During running, Martin (1985) reported
that adding 0.5 kg to the thighs of non-amputees during running did not significantly alter
step length, single leg support time, swing time, flight time, peak height of the ankle
above the ground, peak velocity of the ankle joint, or vertical displacement of the hip
joint. When 0.5 kg were applied to each foot, however, four of the seven kinematic
measures were altered. Stride length increased by 1.4 cm, swing time increased by 9 ms,
flight time increased by 6 ms, and peak velocity of the ankle decreased by 0.23m·s-1.
Claremont and Hall (1988) reported that adding 0.5 kg to each ankle during running did
not significantly alter stride length, single leg support time, or swing time. Myers and
Steudel (1985) also found that stride frequency was not significantly altered by adding
1.8 kg to each thigh, shank, or foot. Royer and Martin (2005) reported that compared to
unloaded walking, swing time increased by 9 ms and stride time increased by 10 ms
when 2 kg was positioned on the shank, but stance time and stride frequency did not
change. Browning et al. (2007) reported that compared to an unloaded walking condition
positioning 2 kg or 4 kg on each foot increased swing time (by 40 ms and 70 ms,
respectively), increased stride length (by 8 cm and 16 cm, respectively), and decreased
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stride rate (0.04 Hz and 0.08 Hz, respectively). Browning and colleagues also added these
same loads to the waist, shanks, or thighs, but these measures were not significantly
altered from the unloaded baseline values. Martin and Cavanagh (1990) reported a 3%
mean difference in peak shank angular velocity after 0.5 kg was added to each to each
foot during running. The above data suggest that kinematic and spatial-temporal
measures of gait are minimally altered by lower extremity loading in non-amputees.
Martin and Cavanagh (1990) based on observing only minimal changes in
kinematic data suggested “that the neuromuscular system responded to the modifications
in lower extremity inertia characteristics by increasing muscular output wile maintaining
swing phase kinematics” (p. 534). During running, adding approximately 0.5 kg to the
ankles or feet significantly increased joint moment magnitudes and the amount of work
done at each joint during the swing phase of locomotion (Martin, 1985; Martin &
Cavanagh, 1990). Martin and Cavanagh (1990) also noted that only those joints that were
proximal to the added mass location were affected by the additional load. They suggested
that the increased work at the affected joints was consistent with increases in metabolic
energy expenditure as lower extremity mass increased. Thus, they attributed the increases
in aerobic demand to the increased muscular demands at the joints which compensated
for the heavier limb during swing. Browning and colleagues (2007) reported similar
increases in joints moment magnitudes when up to 4 kg was added to each foot during
walking, but hip and knee moments did not significantly increase when similar masses
were added to each shank or thigh.
Investigators (Browning, Modica, Kram, & Goswami, 2007; Royer & Martin,
2005) have also studied the effects of leg loading on lower extremity muscle excitations.
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Browning and colleagues (2007) found that compared to an unloaded baseline walking
condition, EMG amplitudes of the rectus femoris, semitendinosus, tibialis anterior, and
soleus did not significantly change when walking with 2 kg attached to each foot. The
medial gastrocnemius was the only muscle that exhibited a significant increase in EMG
amplitude relative to the unloaded condition with 2 kg attached to each foot. When 4 kg
were attached to each foot, EMG amplitudes of soleus, medial gastrocnemius, rectus
femoris, and tibialis anterior increased significantly relative to the unloaded condition.
Royer and Martin (2005) measured EMG of eight lower extremity muscles (gluteus
maximus, rectus femoris, vastus lateralis, biceps femoris, tibialis anterior, gastrocnemius,
and soleus) in non-amputees during four loading conditions. All of the additional mass
(5.64 kg) was carried at the waist in one condition, and in the other three the 5.64 kg was
distributed between the waist and shanks of each lower leg in an effort to influence leg
mass and leg moment of inertia relative to the hip independently. In one condition, all of
the additional mass was added to the shanks (i.e., 2.82 kg was added to each shank).
Royer and Martin found that only the vastus lateralis and soleus exhibited significant
effects due to loading, although qualitatively EMG amplitudes of gastrocnemius, biceps
femoris, and tibialis anterior appeared to increase systematically when the leg’s moment
of inertia and mass increased. Royer and Martin did not report whether each of the leg
load conditions differed significantly from the condition in which all of the mass was
concentrated at the waist, but reported that in general the peak muscle excitations were
generally 10% higher in the leg load conditions compared to the waist condition.
The studies discussed above considered only the influences of symmetrical inertia
manipulations. Skinner and Barrack (1990), on the other hand, also investigated
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asymmetrical loading conditions. They asked non-amputees to walk under three loading
conditions: (a) no load attached to either ankle, (b) 1.82 kg attached to only one ankle,
and (c) 1.82 kg attached to each ankle. Both asymmetrical and symmetrical loading
conditions resulted in significantly greater metabolic costs during walking. However,
neither asymmetrical nor symmetrical loading significantly altered velocity, stride length,
stride time, or cadence. Asymmetrical loading did result in significant swing time and
stance time asymmetries between loaded and unloaded legs. In the loaded limb, swing
time increased and stance time decreased, whereas in the unloaded limb swing time
decreased and stance time increased. One limitation of Skinner and Barrack’s design was
that the mass added during symmetrical loading was larger than the mass added during
asymmetrical loading; thus, the independent effect of symmetrical loading versus
asymmetrical loading on temporal responses could not be clearly identified. This
limitation was addressed in a preliminary study (Royer, Martin, & Mattes, 1997), and the
results suggested that swing and stance time changes were load specific. For example,
increases in swing time of the loaded leg when 1.0 kg was added to only one ankle was
consistent with the increases in swing times for both legs when 1.0 kg was added to each
ankle.
Research regarding lower extremity loading in non-amputees appears to support
the use of lightweight lower limb prostheses in amputees. Artificially increasing the mass
of the legs in non-amputees resulted in significantly greater aerobic demands during
locomotion. Additionally, the relative increase in aerobic demand was dependent on the
location at which additional masses are positioned on the limb. That is, more proximally
positioned masses were less costly compared to more distally positioned loads. However,
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under conditions in which inertia asymmetries between legs were created artificially in
non-amputees, gait asymmetries also emerged during walking, particularly temporal
asymmetries. Thus, empirical data in non-amputees suggest that an inertia asymmetry
between legs may contribute to asymmetrical walking patterns.

Inertia Manipulations in Amputees

Much of the impetus for studies investigating inertia manipulations in lower
extremity amputees has been early computer modeling and simulation research (Mena et
al., 1981; Tsai & Mansour, 1986). This early modeling work suggested that the inertia
asymmetry created by the use of a lightweight prosthesis contributes to asymmetrical
walking patterns in unilateral amputees. Mena, Mansour, and Simon (1981) modeled a
fully intact leg during the swing phase of walking and simulated the effects of altering the
segment masses and moments of inertia. When inertia properties of the thigh and shank
were decreased by 10% and 20% angular deviations of the segments compared to the
normal prosthesis were less than 5 degrees throughout the swing phase of walking. When
the segment inertia properties were increased by 10% and 20% from their original values,
segment trajectories remained similar to the unaltered inertia condition. Mena and
colleagues reported that “leg motions were less sensitive to increases in segment inertia
properties than to decreases” (p. 831). They suggested that an implication of their results
was that a “lightweight prosthesis would be less desirable than a heavy prosthesis, while
a prosthesis that had the same inertia properties of the removed limb may be most
desirable” (p. 831).
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Tsai and Mansour (1986) used a computer model of an above-knee prosthesis to
model the effects of five different prosthetic shank inertia configurations. The load
configurations were: a) “normal” with inertia characteristics typical of a fully intact leg,
b) lightweight prosthesis whose shank mass was reduced by approximately 2 kg
compared to the normal prosthesis c) heavy prosthesis with 1.5 kg added to the normal
prosthesis at the center of mass of the shank, d) heavy prosthesis with 1.5 kg added to the
normal prosthesis at 7 cm above the center of mass of the shank, and e) heavy prosthesis
with 1.5 kg added to the normal prosthesis 7 cm below the center of mass of the shank.
They found that gait patterns of the model deviated least from experimental gait data of
non-amputees when the prosthesis with 1.5 kg added 7 cm above the shank center of
mass was used. They concluded that the use of heavier prosthesis would improve gait
patterns in amputees. Results of these early modeling studies (Mena et al., 1981; Tsai &
Mansour, 1986) suggest that increasing the inertia properties of the prosthesis could be
beneficial to unilateral amputees by reducing gait asymmetries.
Previous empirical results in the literature also seem to support the conclusions
from these early modeling studies that heavier prosthesis may be beneficial in terms of
improving walking symmetry. Donn, Porter, and Roberts (1989) studied the effects of
footwear mass on gait symmetry in ten unilateral, transtibial amputees. A correlation
coefficient (with 1.0 indicating perfect symmetry) was used to quantify swing time
symmetry and maximum flexion to heel strike time symmetry. Donn and colleagues
reported that every amputee preferred to walk with a shoe mass that achieved the most
symmetrical walking pattern. In addition, it was reported that six out of ten amputees in
their study preferred to walk with a shoe mass that was approximately 200 g heavier than
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the shoe they were currently using. Hale (1990) also reported that four out of six
unilateral, above-knee amputees preferred walking with a prosthesis whose shank mass
was approximately 75% that of the intact shank mass. To achieve this condition an
average of 1.4 kg had to be added to the prosthesis. Based on an inverse dynamics
analysis, Hale also reported that hip muscular effort increased as prosthesis mass
increased. Despite the increases in muscular effort at the hip, amputees in Hale’s study
still preferred walking with a heavier prosthesis.
Tashman, Hicks, and Jendrzejczyk (1985) investigated the effects of varying mass
distribution in the shank of an above knee prosthesis. The goal of their study was to
determine a mass distribution that produced the most symmetrical swing times between
the intact and prosthetic legs. An experimental above-knee prosthesis was constructed
with an effort towards minimizing the distal mass of the limb, with excess materials
being ground away whenever possible. A metal rod was attached to the prosthetic shank
so that additional lead mass could be added to the prosthesis and positioned anywhere
along the prosthetic shank. The amount of mass added to the prosthetic shank was the
estimated mass difference between the prosthetic and intact legs from the knee down.
Cadence, stride length, and preferred walking speeds were the same regardless of the
position of the additional mass. With the additional lead mass positioned proximally (~19
cm below the knee) on the limb, swing time decreased by 8% compared to when the
additional mass was positioned distally on the limb (~32 cm below the knee) an unloaded
condition. As a result the swing time asymmetry (defined as the difference in values
between legs dived by the average value for both legs) between legs was reduced from
20% to 9% with the added mass positioned proximally compared to the distally
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positioned mass. It was concluded that adding mass to the prosthesis such that the center
mass of the prosthesis shifts proximally reduces the natural swing period of the prosthetic
leg. Because the swing period of the prosthetic leg is typically longer than that of the
intact leg this also potentially improves walking symmetry. Although the mass of the
prosthesis was matched to that of the intact leg, the moments of inertia were not similar
with the additional mass positioned proximally on the shank. Thus, their conclusion was
contrary to the suggestion of Mena, Mansour, and Simon (1981) that the most
symmetrical walking would be achieved in unilateral amputees with the use of a
prosthesis whose inertia properties matched those of the intact leg.
Mattes, Martin, and Royer (2000) also investigated the effects of matching the
inertia properties of a below-knee prosthesis to those of the intact shank and foot in
unilateral, transtibial amputees. The difference in mass between the prosthesis and intact
shank and foot was estimated. In order to also match the moments of inertia about
transverse axes through each knee, the location at which the estimated mass difference
needed to be positioned was predicted using a reaction board and oscillation technique.
For all amputees, this location was near the prosthetic ankle. When inertia symmetry
between legs was achieved, swing time of the prosthetic limb increased by 4%, whereas
swing time of the intact remained unaltered. Stance time of the intact leg, however,
increased by 3% and stance time of the prosthetic limb decreased by 3%. Thus,matching
the inertia properties of the prosthesis to those of the intact leg significantly exacerbated
existing temporal asymmetries. Mattes et al. (2000) concluded, similar to Tashman et al.
(1985) that matching the inertia properties between legs would not improve walking
symmetry.
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Recently, Selles and colleagues (Selles, Bussmann, Klip et al., 2004) investigated
the effects of five different prosthetic limb load configurations on swing phase kinematics
and kinetics of unilateral transtibial amputees. The five load conditions were: (1) no
additional mass, (2) 1 kg added distally to the prosthesis, (3) 1 kg positioned just distal to
the knee, (4) 1 kg added near the center of mass of the prosthetic limb, and (5) 2 kg added
near the limb center of mass. Only 4 out of 22 investigated kinematic variables (all were
measures of thigh kinematics) were altered when prosthesis inertia increased, whereas 13
out of 20 investigated kinetic (6 thigh; 7 knee) variables were altered during the swing
phase of walking. Selles et al. suggested amputees adjust to inertia manipulations by
altering muscle coordination at the hip and knee in an attempt to retain swing phase
kinematics. They referred to this as a “kinematic invariance strategy”. There are a
number of limitations to Selles’ study: (1) a fixed amount of mass was added to each
participant’s prosthesis, which potentially influences individual responses (e.g., a less
massive person would be affected more than a more massive person); (2) only the swing
phase was investigated, which neglects any potential effects during the stance phase; (3)
only the mechanics of the prosthetic limb were investigated, which neglects any
compensations made by the intact limb; and (4) the effects on stance and swing time were
not investigated, although previous research (Mattes et al., 2000; Tashman et al., 1985)
has shown that these variables are significantly affected by different lower extremity load
configurations.
Selles and colleagues used their finding of kinematic invariance to subsequently
propose a new mathematical model of the swing phase of transtibial amputee locomotion.
This new model (Selles, Bussmann, Van Soest, & Stam, 2004) was driven with
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experimental kinematic patterns from trials in which the inertia of the prosthesis was
unperturbed. The model was used to investigate the effects of prosthesis inertia on
muscular cost associated with the swing phase of walking. Muscular cost was defined as
the sum of absolute angular impulses at the hip and knee. Using identical kinematic
patterns for all trials, they simulated the effects of 132 prosthesis inertia perturbations. In
their model, 12 different masses, ranging from minus 2.5 kg (mass was removed from the
prosthesis) to an additional 2.5 kg (mass was added to the prosthesis) in increments of 0.5
kg, were positioned in 11 locations on the shank, which varied in 10% increments
between the ankle and the knee. When inertia symmetry between legs was simulated
(approximately 2 kg was added distally to the prosthesis) muscular demands increased by
approximately 25%. However, they found that as much as 2.5 kg could be added
proximally to the prosthesis without significantly increasing the muscular demands
associated with swinging the prosthetic leg and suggested that positioning mass near the
knee joint potentially reduced the muscular demands during swing.
It is commonly assumed that the use of lightweight prostheses reduce the aerobic
demands associated with accelerating and decelerating the limb during the swing phase of
walking. Empirical data, however, have not always supported this assumption.
Czerniecki, Gitter, and Weaver reported that adding as much as 1.34 kg to the shank
center of mass of an above-knee prosthesis did not significantly increase the metabolic
cost of walking at three different walking speeds (0.6, 1.0, and 1.5 m•s-1). Gailey et al.
(1997) found that evenly distributing as much as 907 g of additional mass along the
length of the shank of a below-knee prosthesis did not increase metabolic costs of
walking. Lehmann et al. (1998) showed that the mass of a below-knee prosthesis could be
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increased from 2.02 kg to 3.5 kg if the additional mass was added proximally to the
prosthesis so that the center of mass location relative to the knee joint did not change. If
the center of mass of the prosthesis shifted distally, the metabolic cost of walking
increased. Mattes, Martin, and Royer added 50% and 100% of the estimated difference in
mass between intact and prosthetic legs distally to the prosthesis. When only 50% of the
estimated mass difference was added distally to the prosthesis, metabolic costs were
nearly identical to an unloaded condition. When 100% of the estimated mass difference
was added at the same location, metabolic costs increased by approximately 7%
compared to an unloaded condition. Lin-Chan and colleagues (2003) reported that
metabolic costs were not significantly different when transtibial amputees walked at five
different speeds (0.9, 1.1, 1.3, 1.6, and 1.8 m•s-1) with a below-knee prosthesis whose
mass was 60%, 80%, or 100% that of the intact leg. Lin-Chan and colleagues increased
the mass of the prosthesis by positioning additional mass at the center of mass of the
prosthetic shank. Unfortunately, an unloaded condition was not included in their
assessment, leaving open the possibility that oxygen consumption in each of the loaded
conditions was significantly higher than an unloaded condition. Collectively, results from
these studies suggest that prosthesis mass can be increased without increasing metabolic
costs of walking, particularly when the additional mass is positioned at or above the
prosthesis’ center of mass location.
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Summary

Inertia properties of the prosthetic limb are characterized by the mass, moment of
inertia, and center of mass location of the limb and each of these parameters potentially
influences amputee locomotion. As illustrated above, a number of inertia manipulations
have been used by investigators to better understand the influence of prosthesis inertia on
the mechanics and energetics of amputee locomotion. Many have attempted to investigate
only the effect of mass by positioning additional masses as close as possible to the center
of mass of the prosthesis in an effort to minimize effects on prosthesis center of mass
location with little regard to the effects on moment of inertia (Czerniecki et al., 1994;
Gailey et al., 1997; Gitter et al., 1997; Hale, 1990; S. J. Lin-Chan, Nielsen, Shurr et al.,
2003; S. J. Lin-Chan, Nielsen, Yack et al., 2003). The amount of mass and the way in
which it was determined varied widely across studies. Some used fixed masses (i.e., same
mass added to each participant’s prosthesis) (Czerniecki et al., 1994; Donn et al., 1989;
Gailey et al., 1997; Gailey et al., 1994; Gitter et al., 1997; Hillery & Wallace, 2000;
Hillery et al., 1997; Selles, Bussmann, Van Soest et al., 2004; Tashman et al., 1985),
whereas others have used relative masses based on the predicted mass of the intact limb
(Hale, 1990; Lehmann et al., 1998; S.J. Lin-Chan, Bilodeau, Yack, & Nielsen, 2004; S. J.
Lin-Chan, Nielsen, Shurr et al., 2003; S. J. Lin-Chan, Nielsen, Yack et al., 2003; Mattes
et al., 2000). In both cases, the magnitude of the added mass varied across studies.
Regardless of whether a fixed mass manipulation or relative mass manipulation was used,
when these studies are considered as a whole, they suggest that there is a limit to which
the mass of the prosthesis can be increased without adversely affecting walking patterns
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and the metabolic costs of walking. However, due to methodological differences (e.g.,
added mass location) among these studies suggesting an optimal mass for the prosthesis
based on the results of these studies is not possible. Further research in this area involving
a systematic and broader approach to manipulating inertia of the prosthetic leg is needed.
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