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Abstract.

The aim of the thesis is to investigate asymmetries in selected gait characteristics in
above- and below-knee amputee gait, and to investigate the effects of walking speed on
these gait characteristics and asymmetries. The characteristics investigated included limb
loading, stance, step and swing times, impact shock, shock attenuation, hip, knee and ankle
joint angles, joint moments and power output and EMG signals from the hamstrings,
quadriceps and triceps surae.

With regard to asymmetries, the amputees were seen to exhibit reduced vertical
ground reaction force (vVGRF) loading on their prosthetic limb, spent longer stepping onto
their prosthetic limb, had a reduced joint angle ROM, reduced net joint moments, power
outputs and exhibited lower muscle activity on their residual/ prosthetic limb compared to
their intact limb. The above-knee amputees were more asymmetrical than the below-knee
amputees who were more asymmetrical than the able-bodied subjects. Although it was not
possible to measure EMG activity in the residual limb of above-knee amputees, for the
below-knee amputees, the results of the cross-correlations show that the intact limb
functions more like that of an able-bodied person than the amputees’ residual limb. Thus, -
the residual limb 1s atfected by the limitations of the prosthesis. .

‘With regard to walking speed, the vGRF, joint moments, joint power outputs and
muscle activity all increased with walking speed on both the intact and prosthetic limb of
the amputees, whilst all the temporal variables decreased with walking speed. For most
- variables, the increase was greater on the intact limb than prosthetic limb. Thus, amputee
gait asymmetry was found to increase with walking speed for many variables. However,
few of these variables were found to significantly increase possibly because of the low
subject numbers in the studies (n=4 or n=5). Temporal asymmetry was the only variable
found to decrease with increasing walking speed. This may be the mechanism in which the
amputees attempt to achieve dynamic balance and co-ordination in order to attain the faster
walking speeds. It appears that temporal gait asymmetry is reduced at the expense of |
increased loading asymmetry.

The asymmetry retlects the compensations that amputees make for their prosthesis,
and this puts a greater load on the intact limb. Pain and/ or joint degeneration in the intact
limb is a common problem for lower imb unilateral amputees. It has previously been
suggested in the literature that joint pain and/ or joint degeneration is due to repeated cyclic
loading. Thus increased loading on the 1ntact limb has led amputees to report intact limb
pain, and in these participants there was evidence of reduced shock attenuation capacity.
This provides evidence of intact imb degeneration, the result of which is reduced capacity
- for locomotor activity.

The research has led to a better knowledge and understanding of how amputees
cope with their prosthetic limb with regard to demanding physical activity. It is agreed that
this knowledge will enable prostheses to be designed which minimise gait asymmetry
which in turn will reduce the loading on the intact limb and delay the onset of joint
degeneration. In this way amputees may expect an improved quality of life.
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Lives of great men all remind us
We can make our lives sublime,
And, departing, leave behind us
Footprints in the sands of time;

Footprints, that perhaps another,

Sailing o’er life’s solemn main,

A forlorn and shipwrecked brother,
Seeing, shall take heart again.

Let us, then, be up and doing,
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1. Introduction.

The use of prostheses for lower limb amputees has been found to date back to at
least 300 B.C. and the prostheses were most commonly used for congenital lower limb
deficiencies (Troup and Wood, 1982). Prostheses with artificial joints were first
developed in the 17th Century as the need for artificial limbs grew due to surgical
amputations performed as a result of trauma injuries on otherwise healthy individuals. In
the 20" Century, the two World Wars resulted in many individuals surviving trauma as

lower imb amputees. Consequently, new amputation techniques were developed and

research 1nto prosthetic design was increased.

Each year in the U.K., there are 4500 new amputees, 70% as a result of vascular
problems, 10% from other illnesses, 17% trauma and 3% from congenital deficiencies
(Troup and Wood, 1982). The 20% of amputees from trauma or congenital deficiencies
are usually young, previously fit and healthy. They are encouraged to exercise and take
up sport as part of their rehabilitation (Guttman, 1976) as the decreased use of the
involved extremity following amputation leads to significant muscle atrophy and

weakness (Renstrom et al., 1983) leading to more severe gait problems.

In earlier times, the perceived limit to performance of lower limb amputees has
proved to be inaccurate as they are now able to compete 1n sport at a high level. In the
last Paralympic Games in Atlanta, 1996, there were over 3500 competitors including
several in amputee events. It is estimated that 20,000 amputees currently participate

actively in various sports worldwide, with more than 5000 in organised competition



(Michael et al., 1990). With so many lower limb amputees involved in sport and exercise,

demands for a prosthesis that will allow as ‘near normal’ a gait as possible are high. The

—r
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-

nature of amputee locomotion needs to be fully understood to aid advances in prosthetic

design for sport and exercise as it has for everyday activities. If difficulties are
experienced with the prosthesis during walking, lower limb amputees may be less
inclined or unable to take part 1n sport or exercise and this may lead to muscle weakness
and further impair gait. Thus, assessing amputee gait during walking as walking speéd
increases may indicate the potential difficulties lower limb amputees experience as they

undertake more vigorous exercise.

The adaptation to the partial loss of a lower limb consists of a compensation
produced by the remaining musculature. This compensation leads to an asymmetrical gait
pattern and is reflected in joint kinematics, joint kinetics and muscle activation patterns.
Problems are experienced by lower limb amputees on both the prosthetic and intact limb.
Studies have reported that lower limb unilateral amputees spend only a short time on their
prosthetic limb compared to their intact limb as though they suffer discomfort or do not
‘trust’ the prosthetic limb (Bre-akey, 1976; Murray et al., 1983). This could partly be due
to the type of prosthetic socket worn. Previously, leather corset-type sockets were used
but with no close fit between residual limb and socket, allowing movement of the socket,
atfecting gait. Currently, moulded plastic suction-type sockets are made from casts of the

residual limb, overcoming excessive movement between residual limb and socket.

However, problems with these type of sockets can also arise from an inexact fit, causing

abrasions and discomfort over bony prominences, also possibly affecting gait. Often,



problems with the residual part of the limb include soft tissue not suitable for load
bearing (Silver-Thorn et al., 1996), osteoporosis (Burke et al., 1978), loss of musculature
and atrophy of the residual limb and bone (Torres-Moreno et al., 1997) and inertial
properties and weight of the prosthesis differing to the intact limb. The intact limb of
unilateral amputees 1s reported to experience hypertrophy of musculature and bone
(Torres-Moreno et al., 1997), limb pain, joint degeneration and osteoarthritis (Hungerford
and Cockin, 1975; Burke et al., 1978). Lower back pain in unilateral amputees has also

been reported (Burke et al., 1978).

These problems can prevent amputees from involvement in sport, exercise and
‘performing everyday tasks, leading to a reduction in their quality of life. The causes of

- these problems are not yet well established, but are thought to be linked to asymmetrical
' loading on the lower 1imb$ (Burke et al., 1978). It 1s not known whether these
asymmetries contribute to problems experienced in amputee gait or vice versa (Dingwell
et al., 1994). When greater demands are made on the amputee, such as in sport or
exercise or through increased walking speed, limb loading, muscle activity, joint
moments and power outputs may all increase. If there is a difference between the limbs
for these selected gait variables and the prosthetic limb does not behave 1n the same way
as the intact limb, this may result in increased asymmetry. Increased asymmetry may
cause further problems in amputee gait leading to pain or discomfort possibly 1n the intact
limb. This has implications not only for those involved in sport, but also for younger
amputees in their later life who may suffer from the problems noted above. No study has

been found which has investigated the effects that greater demands, such as increased



walking speed, make on various aspects of gait asymmetry. By increasing walking speed,
amputees will demonstrate how they respond to the faster speeds, increasing or reducing

gait asymmetry in order to cope with the higher demands placed on them.

Research is needed to investigate aspects of asymmetry in amputee gait and how
this 1s affected by increasing locomotor demands. A better understanding of amputee gait
is required to inform the de\}eltopment of prostheses that may lead to a reduction in
asymmetry and reduce the occurrence and magnitude of problems such as lower back and
intact limb pain or joint degeneration. In so doing, the amputee may hope for improved

gait, a greater prospect for involvement in sport and exercise and a better quality of life.



- 2.0 Aims and Objectives.



2. Aims and Objectives.
This thesis is concerned with the measurement of aspects of asymmetry in
amputee gait in comparison to able-bodied persons, and the effect of increased walking

speed on these variables. The aim of this thesis is therefore:

To 1nvestigate the etfects of walking speed on selected gait characteristics and

asymmetries in above- and below-knee amputee gait.

Fulfilment of this aim will enhance the understanding of the mechanisms by which

above- and below-knee amputees compensate for the partial loss of a limb under natural

and increased walking demands.
To satisty this aim, the following objectives need to be met:

1. To assess the effects of increased walking speed on the vertical ground reaction force
on both the intact and prosthetic limbs of above- and below-knee amputees in

comparison to able-bodied persons.

2. To examine impact shock and shock attenuation on both the intact and prosthetic
limbs of above- and below-knee amputees during walking and to assess the effects of
increased walking speed on impact shock and shock attenuation on both limbs of

above- and below-knee amputees in comparison to able-bodied persons.

3. To examine joint moments and power output on the intact and prosthetic limbs of
above- and below-knee amputees during walking to establish the compensation

mechanisms used by the intact limb and to assess the effects of increased walking speed

S



on joint moments and power output on both the intact and prosthetic limbs of above-

and below-knee amputees in comparison to able-bodied persons.

4. To examine muscle activity in the intact and residual limbs of below-knee amputees
and the intact limb of above-knee amputees during walking to establish the
compensation mechanisms used by the intact limb, and to assess the effects of increased

walking speed on muscle activity on both the intact and residual limbs of below-knee
amputees and the intact imb of above-knee amputees in comparison to able-bodied

persons.

Hence, the project is concerned with the measurement of kinematic and kinetic aspects
of amputee gait during different walking speeds. The data will be used to evaluate the

effects of walking speed on selected aspects of amputee gait asymmetry.

Approval was granted by the Liverpool John Moores University Ethics Committee for

all of the experimental work 1n this study.



2.1 Definition of terms.

Residual limb — the remaining section of the limb following amputation.
Prosthetic limb — the residual limb and prosthesis together.

Intact limb — the non-amputated limb.

Contralateral limb — opposite limb.

Established amputees — those amputees who have been walking without aids for one

year or more and are deemed “good to excellent” walkers by

the consultant at the limb fitting centre they attend.

Highly active amputees — those amputees who regularly take part in sport or exercise

either recreationally or competitively. -

Asymmetry — the percentage difference between the left (L) and right (R) limbs for the
variable measured, usiﬁg the equation for absolute asymmetry index
(ASI):

ASI= L-R *100
0.5 (L +R)

vGRF — the vertical component of the ground reaction force.

Limb loading — the general effect of the vGRF on the limb.

Heel strike peak — the 1nitial vGRF peak corresponding to heel strike.
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Fz1 — the initial loading peak (after the heel strike peak) of the VGRF corresponding to

weight-acceptance.

Fz2 - the second loading peak (after the heel strike peak) of the vGRF corresponding to

push-off.

Heel strike transient — the derivative of the vGRF curve from the first instance of

ground contact to the heel strike peak (also termed the Fz load

rate).

Impact shock — the peak acceleration in each of the anterior-posterior, medio-lateral and

axial directions occurring at heel strike.

Shock attenuation — the percentage difference between the axial impact shock at heel

strike and the next axial bite bar peak corresponding to that impact.
Step — from heel strike on one foot to heel strike on the contralateral foot.

Stride - from heel strike on one foot to the next heel strike on the same foot.

Stance — the time the foot 1s in contact with the ground 1.e. from heel strike to toe-off on

the same foot.

Swing - the time the foot 1s not in contact with the ground i.e. from toe-oft to heel strike

on the same foot.
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3. Review of Literature.
3.1 Introduction.

In this review of literature, previously established important aspects of able-
bodied gait will be 1dentified. Further, an attempt is made to identify the areas in which
amputee gait differs from able-bodied ggit both for the prosthetic and intact limb.
Reference 1s made to the underlying biomechanical principles of movement. The review

of muscle mechanics is not intended to be comprehensive but is concentrated upon the

relevance of the muscle activation patterns to gait.

The project 1s concerned with not only identifying aspects of amputee gait
asymmetry but also the effects increased demands, such as increasing walking speed,
have on gait asymmetry. This section will cover aspects relating to the asymmetry of
amputee gait during walking. The merits of various methodoldgies used to determine
loading, impact shock, shock attenuation, net joint moments, power output and muscle
activity will be assessed and inferences drawn as to the most appropriate means of _

measuring these aspects of amputee gait asymmetry.



3.2 Limb loading and loading asymmetry.

3.2.1 Able-bodied gait.

3.2.1.1 Typical ground reaction forces.

R

Methods of measuring components of the ground reaction force (vertical,
anterior-posterior shear and medio-lateral shear) have been improving since the early
20th century (Johanson, 1994). Consequently, the force platform has enabled recent
studies of locomotion to produce repeatable data for able-bodied gait. This has led not
only to an understanding of the basic locomotor mechanisms, but also ground reaction

force analysis has been used as a diagnostic tool to evaluate pathological gait (Nilsson

and Thorstensson, 1989).

Fz1 Fz2

Force (% N/BW) ;

€ -2 M e
Gait Cycla (%)

Figure 3.1 - Vertical, anterior-posterior and medio-lateral forces during able-bodied

walking. The shading represents variability (Meglan and Todd, 1994, pp76).

The ground reaction force (GRF) 1s made up of vertical (v) and shear (anterior-

posterior AP, and medio-lateral ML) components, each showing a distinctive and

repeatable trace (Figure 3.1). The majority of research in walking has concentrated on

the vGRF component which 1s characterised by a sharp 1nitial heel-strike peak not
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shown on Figure 3.1), an initial impact peak during weight-acceptance (Fz1), mid-
stance trough and a peak at push-oft (Fz2). The shape of the Fz1 peak is influenced by
the intensity and timing at footstrike, walking speed and knee flexion (Claeys et al.,
1583). The shear reaction force components, AP and ML are needed to initiate and bring
to an end periods of locomotion as well as changing speed and direction of walking.
Bipedal locomotion requires shear forces to maintain body balance (Meglan and Todd,
1994). The supporting limb transmits the GRF to the ground, but the GRF is a reflection
of the acceleration of the total body. Thus the motion of the segments and their
individual accelerations contribute to the overall GRF. The linear acceleration of the
centre of gravity of the head and trunk segment accounts for slightly more than half the
total acceleration, the upper extremities 5% each and the lower extremities 18% each
(Miller, 1990). Thus, as the GRF is equal to the total body mass * total body
acceleration (Newton’s Second Law), any acceleration or deceleration of individual
segments will result in an increase or decrease in GRF. This is illustrated by the vGRF

- during walking. During midstance, the supporting limb flexes at the knee during the
‘cushioning’ phase resulting in a downward acceleration, or deceleration of the centre of
gravity. This deceleration of the centre of gravity results in a vGRF of less than one
body weight (Figure 3.1). During weight-acceptance (Fz1) and push-oft (Fz2), the body
1s accelerating, and this a vGRF of greater than one body weight i1s observed. This 1s

also seen in the Fx and Fy directions, and accounts for the positive and negative GRF

magnitudes.

For able-bodied individuals walking at a fixed normal cadence, the vGRF peaks
at about 110% body weight (BW) (Sutherland et al., 1988; Winter, 1990) and differs
depending on footwear (Lafortune and Hennig, 1992) and walking speed (Nilsson and

Thorstensson, 1989). Changes in cadence can also affect the magnitude and duration of
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the vGRF which reflects the rate of limb loading (Mann and Hagy, 1980; Skinner,
1981). Changes in the vertical force pattern have previously been reported to be a result
of pain, clinical pathology or weakness (Harris et al., 1994). However, the vGRF has
been found to be unreliable as a clinical measure due to the action-reaction of arm lifting
which can diminish the peak component to less than body weight (BW) (Charnley and
Pusso, 1968). Thus, whilst changes in vGRF can indicate pathology, the exact nature of

the pathology cannot be indicated from ground reaction forces alone.

3.2.1.2. Effects of speed, stride length and stride frequency on ground reaction forces.
The speed of walking significantly affects GRF characteristics (Andnacchi et al.,
1977 Nilsson and Thorstensson, 1989; Martin and Marsh, 1992; Keller et al., 1996).
Keller et al. (1996) reported increases in peak vGRF from 1.15 BW to 2.11 BW during
walking from 1.5 to 3 m.s”'. By increasing walking speed from 1 to 3 m.s™, Nilsson and
Thorstensson (1989) found peak vGREF to increase from 1 to 1.5 BW, and the anterior-
posterior and medio-lateral peak to peak to double. Whilst the magnitude of peak vGRF
at a certain walking speed has been reported to differ slightly between studies, all
studies have reported increases in magnitude with walking speed for both vertical and

shear force components.

Although the effect of speed on GRF has been established, the etfects of stride
length (SL) and stride frequency (SF) on GRF have been little documented. Meglan and
Todd (1994) suggested that an increase in walking speed, which usually increases stride
length, results in an increase in lateral force peaks. Martin and Marsh (1992) found
contact time, AP braking force (Fy1), AP propulsive force (Fy2) and vertical impulse
per step systematically increased as stride length increased. Peak vGRF, however,

showed little change with increasing stride length when walking speed was controlled.
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Thus, it may be the combination of SL and SF that results in increases in vGRF, and not
just increases in SL. Laish et al. (1988) reported aged adults exhibited shorter stride
lengths and decreased vertical and AP GRF peaks when compared to young adults.
These results may have been due to the aged adults selecting a gait pattern (by altering
SL and SF) 1n order to reduce GRF magnitude and therefore decreased stress on the

musculoskeletal system. When interpreting trends for all three components of the GRF,

It 1S necessary to take into account differences in stride length and frequency during

walking, either due to disability or age.

3.2.1.3 Vanation and asymmetry.

Variation.

The amount of step-to-step variation is dependent on the degree of control
during gait. During walking, corrections for change in position, velocity and forces for -
each step 1s done using proprioceptive f_eedback (Zahedi et al., 1987). Tpe analysis of a

human motor skill involves not only the assessment of how one subject performs
relative to a population norm, but also the repeatability of that subject’s performance
(Smith, 1993). Given the inherent vaniability of gait data (Smith, 1993), 1t would be
usetul to obtain the average over a number of tnals. However, the number ot trials
needed to produce data representative of an average stride has differed from study to
study. The number of trials needed to give a stable mean value for GRFs has previously
been reported. One study reported the average of three trials (Simon et al., 1981) with

the majority of studies using the mean of ten trials (Hamill et al., 1983; Herzog et al.,

1989; Hamill and McNiven, 1990; Grabiner et al., 1995). Grabiner et al. (1995) reported

a coefficient of variation over the ten trials for a multiple step approach of £ 6.07% tor

the vertical, + 41.55% for the AP and * 84.24% for the ML GRF components. Thus,
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whilst able-bodied subjects exhibit little GRF vanability in the vertical direction, the AP

and particularly the ML peak force during walking is extremely variable.

The problem 1n reproducing GRF data (obtained by the force platform) is the
large number of trials needed. Stride adjustments occur when approaching a target (Lee
et al., 1982; Hay, 1988; Hay and Koh, 1988; McGinas and Abendroth-Smith, 1989).
Such stride adjustments on approaching the force platform may affect the GRF
measurements (Abendroth-Smith, 1996). By manipulating step length or frequency,
differences have been seen in support time, peak vGRF, average vGRF and AP GRF
(Holt et al., 1987; Martin and Marsh, 1992). Abendroth-Smith (1996), on investigating
the approach to the torce plattorm, found that for running, significant stride alterations
do occur at force plattorm contact. However, Grabiner et al. (1995) on looking at
walking, found that variability of GRFs altered by targeting or not targeting the force
platform were not significant (coefticient of variation of Fz1 targeting the force platform
+ 6.07%, not targeting + 6.27%). What did increase the variability in GRF was the
number of strides taken to approach the force plattorm. Regardless of whether the
platform was targeted or not, single steps produced a greater variability than multiple

steps in the AP force (Grabiner et al., 1995).

Asymmetry.

Able-bodied gait has been previously shown to be slightly asymmetrical. By

using an asymmetry index (ASI) (Herzog et al.,1989) where

ASI = (L-R)/ 0.5 (L+R) *100 1
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illustrated a difference of less than +4% between left and right limbs during normal
walking for 34 gait variables. Hamll et al. (1983) reported no significant asymmetry
between the able-bodied left and nnght imbs during walking and running, but Fz1, Fy]
and Fy2 values were slightly greater on the dominant compared to the non-dominant
limb. Jarnett et al. (1980), on using a different symmetry index where 100% was perfect
symmetry, reported able-bodied gait to be well above 90%. Therefore, able-bodied gait
has previously been reported to be symmetrical with a less than 10% difference between

left and right limbs, regardless of the symmetry index used.

3.2.1.4 Alternative methods of vertical ground reaction force and asymmet
measurements.

It is difficult to measure the three GRF components over continuous strides with
current technology. A system of force plates will measure the GRF of 1-2 strides but
two plates are expensive and do not give information of a step-to-step nature and
therefore the ability to measure GRF asymmetry easily. When calculating asymmetry
from selected gait variables, one has to be wary of expressing asymmetry between non-
consecutive steps (Vagenas, 1989). Walking is a continuous motor skill that requires the
maintenance of body balance through compensatory segmental movements.
Compensatory forces and moments in the joints of the body act to counterbalance
reduced or increased displacements of other body segments. Thus, expressing
asymmetry between mean scores on the left and right sides of the body may mask actual
bilateral dominance trends (Vagenas, 1989). Taking this into account, it would be usetul

if GRFs measured to express asymmetry could be obtained for consecutive right and left

steps.
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- Within the past two decades, developments have enabled the measurement of
force over continuous strides through small force transducers placed on pre-selected
areas of the sole of the foot or shoe insole (Klajajic and Kranjnik, 1987). These currently
or;ly measure the vertical component of the GRF. Some systems have been developed
further to measure pressure distribution, but as this thesis does not aim to investigate
pressure distribution, these will not be reported here. Studies comparing the vertical
force magnitude and pattern of data obtained by force shoes to force plates have

reported little difference between wearing the shoes and walking over the force plate
barefoot. This percentage difference was reported to be less than the difference between
barefoot and shod force plate values, but was not quantified (Klajajic and Krajnik,
1987). Another study reported a difference ‘far below 10%’ between the vertical force
curve magnitude for wearing force shoes compared to walking over force plates for

many different types of gait (Krajnik et al., 1981).

The number of force transducers on each shoe sole has ranged from five (Ranu,

1987) to nine (Klajajic and Krajnik, 1987). The main disadvantage of this system 1s that
not all of the area of the foot is coveredpby SENSors and thus the vGRF measured may be
slightly less than measured by a force plate. An eight-sensor system (CDG , Infotronic
Systems, NL) has been used in a number of clinical studies to give instant feedback and
look at step-to-step variation and gait asymmetry. These studies (Krajnik et al., 1981;
Hermens et al., 1986; Klajajic and Krajnik, 1987; Zilvold and Baumgartner, 1988) have
mainly reported on the instrumentation or a qualitative assessment of case studies.

Hermens et al. (1986) showed gait asymmetry in several pathological case studies, but 1t

was not quantified. By using the CDG shoes, the level of weight bearing during

stance, level of loading at heel strike, the path of force throughout stance and the

magnitude of the push-off peaks can be determined to analyse clinical gait. This
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equipment was used in a case study to compare the vertical force components during

walking of two different below-knee prostheses (Hermens et al., 1986). The CDG

system showed ‘slight differences’ although these were not quantified.

Although the force shoes only measure the vertical co;nponent of the GREF, all
the studies reported above concluded that they were advantageous in obtaining data
from several continuous strides and looking at the loading under specific parts of the
foot. From this amount of data, gait asymmetry in terms of the vGRF can easily be
calculated 1n order to assess continuous step-to-step variation, and also to look at the

degree of asymmetry during continuous striding in able-bodied as well as clinical gait.

3.2.1.5 Summary of able-bodied limb loading.

Limb loading and loading asymmetry have been previously well documented in
able-bodied gait. Vertical GRF peaks have been shown to increase from just over 1 BW
to just over 2 BW with increasing walking speed. Increases in stride length and stride
frequency have also been shown to affect vertical impulse, vertical and shear forces
during walking. The methodology of determining GRFs has also been discussed. Using
force plates, as most studies do, alterations in GRF from targeting the force platform
were not found to be significant. It multiple steps rather than single steps were taken to
approach the force platform, trial-to-trial variability was found to be low. There have
been comments, however, on the use of force plates to calculate loading asymmetry. As
only one step per trial can be recorded by the torce platform, loading from consecutive
steps cannot be measured and thqs the investigator needs to consider errors in
calculating asymmetry. Using a system of force plates, or shoes with in-built force

transducers can overcome this problem of expressing asymmetry from consecutive

footfalls.
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3.2.2 Loading and loading asymmetry in amputee gait.

Amputee gait 1s asymmetrical due to the nature of both the residual limb and the
prosthesis. In order to reduce the high energy cost of walking in amputees compared to
able-bodied subjects (Waters et al., 1976), the prosthetic limb is made lighter than the
corresponding intact limb. This results in differences between the prosthetic and intact
limbs for segment mass, centre of mass and moment of inertia properties. In addition to -
these differences, the prosthetic joints do not allow movement in the same way as the
intact joints. Thus, as the prosthesis does not function in the same way as an intact limb,
amputees are not expected to walk in the same way as able-bodied persons. Their
remaining musculature, both in the residual and intact limb, will also contribute to
differences 1n their walking patterns when compared to able-bodied subjects. Their

established walking pattern, although differing from able-bodied gait, may be their most

efficient method of walking.

3.2.2.1 Lower limb amputee ground reaction forces.

Studies have reported that amputees load their prosthetic limb less during
locomotion than able-bodied persons load their limbs (Engsberg et al., 1991; Engsberg
et al., 1993; Stefanyshyn et al., 1994). The soft tissues of the residual part of the limb
are not well suited for load bearing (Silver-Thorn et al., 1996) and the load tolerance
depends on the biological and physiological structure of these tissues. Thus, the

amputees may be trying to protect their residual limb by loading 1t less.
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Figure 3.2 - Vertical GRF of the intact and prosthetic limb ot a below-knee amputee and

an able-bodied person walking (Engsberg et al., 1991, pp 659).

Other reasons may be that the prosthesis 1s lighter than the intact limb, or that the
centre of pressure (COP) lies more towards the intact limb than the prosthetic limb
during stance (Clark and Zernicke, 1981) resulting in the amputee placing more of their
body weight towards the intact limb whilst walking. This is implied by studies which
have reported a greater load on the intact limb than for the prosthetic limb (Suzukai,
1972; Engsberg et al., 1991; Engsberg et al., 1993). The amputee’s intact limb has been
shown to be loaded more than the limbs of able-bodied persons (Suzuki, 1972;
Engsberg et al., 1993). Engsberg et al. (1993) reported the intact limb of below-knee
amputee children was loaded by an extra 23% BW compared to able-bodied children.
Impulse, illustrating the overall vertical loading characteristics of the limb in terms of
force magnitude and time, was also greater on the intact limb (0.51 BW/ ratio total
support time) compared to the prosthetic limb (0.46) and to able-bodied subjects (0.45).
This study concluded that the below-knee amputee children had adapted to the

prosthesis and that they should be taught to walk in a way that would reduce the loading

differences between the limbs.
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Stefanyshyn et al. (1994) reported that the average vGRF peaks for the intact leg

were higher than able-bodied subjects whilst the maximum forces for the prosthetic leg

il

were lower than able-bodied subjects, agreeing with Engsberg et al. (1993). Similarly,
the peak AP force for the intact limb was higher than or equal to able-bodied subjects
whilst the prosthetic limb peak was lower. Such higher forces acting on the intact limb
could possibly lead to problems which are associated with joint pain and or joint

degeneration 1n later life due to repeated cyclic loading (Voloshin, 1988).

In contrast, Nissan (1991) reported prosthetic limb vGRF values of 95 to 109%
BW compared to the intact limb of 93-105% BW for below-knee and above-knee
amputees. This could have been due to the subjects (whether active or sedentary was not
reported) or the type of prosthesis used as Nissan (1991) reported that the knee, ankle
and foot mechanisms and prosthesis alignments varied considerably. Another
explanation could be that as the majority of amputees feel discomfort or do not “trust”
their prosthetic limb (Murray et al., 1983), they do not place all their body weight over
that limb. For those amputees who are confident to load their prosthetic limb and feel no

residual limb discomfort, they may load both their limbs 1n a similar manner.

3.2.2.2 The effect of walking speed on ground reaction forces.

As a method of trying to reduce the high amount of loading on the intact limb,
Lewallen et al. (1985) suggested that below-knee amputees walk with a slower gait than
normal. Hermodsson et al. (1994) reported a below-knee amputee natural cadence speed
of 0.99 m.s™ compared to 1.42 m.s™ for able—Bodied subjects. Walking speed 1s reduced

in lower limb amputees compared with healthy able-bodied subjects (Levine, 1984;

Saleh and Murdock, 1984; Craik et al., 1985; Engsberg et al., 1991) and 1s significantly
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reduced with increased amputation level (Skinner and Effeney, 1985). Therefore, if
natural walking cadence 1s reported for amputees and able-bodied subjects, the

differences in chosen speeds may influence the GRF values. Snyder et al. (1995)

reported that amputees walked more slowly than able-bodied subjects, but still had a
greater 1ntact imb vertical GRF than able-bodied subjects. Zernicke et al. (1985)
reported that speed can alter vGRF for above-knee amputee children. Increased walking
speed showed an increase from 1.26 BW to 1.41 BW on their prosthetic limb and 1.39
BW to 2.09 BW on their intact imb. Thus, even though vGREF increases with walking
speed for both the prosthetic and intact limb, increases on the intact limb were greater. If
this 1s true, then loading asymmetry may increase at higher walking speeds. The greater
loading of the intact.limb compared to the prosthetic limb at faster walking speeds has

further implications for susceptibility to joint degeneration in the intact limb in later life.

Amputees have been shown to walk at a naturally slower speed than able-bodied

subjects. By increasing walking speed, it follows that there will be greater loading on the

“1ntact limb and thus greater force asymmetry following the results of Zernicke et al.
(1985). However, no study has been found which has looked at the effects of increasing

walking speed on the vGRFs of unilateral amputees, and no study has been found which

has reported the amount of asymmetry.

3.2.2.3 The effects of prosthetic alignment on ground reaction forces.

Sound prosthetic alignment has historically been stressed to improve residual
limb comfort and maximise walking capabilities in lower limb amputees (Pinzur et al.,
1995). Previous studies have shown that unilateral amputees transfer load to their intact
limb to a relatively greater degree than to their prosthetic limb (Breakey, 1976; Hurley et
al., 1990; Pinzur et al., 1991), and exhibit asymmetrical gait patterns and an altered

biomechanical load when compared to able-bodied subjects. It has been suggested that
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there is a single optimum alignment of a prosthesis for the best gait performance

(Zahed et al., 1986), but an amputee can be satisfied by more than one alignment fitting

(Zahed: et al., 1986).

One study (Pinzur et al., 1995) looked at GRFs when -the prosthetic socket
alignment was altered from neutral to a) 10° varus, b) 10° valgus, ¢) 10° flexion and d)
10° extension No significant effects of these alignment changes were found although
- when the prosthetic limb ‘was in neutral, the intact limb exhibited a greater stance phase
time (0.877 s compared to 0.824 s for the prosthetic limb), peak Fz1 (865.4 N compared
to 792.8 N for the prosthetic limb) and vertical impulse (583.6 N.s compared to 468.9
N.s for the prosthetic limb). When the socket was malaligned by 10°, for the prosthetic

limb, Fz1 increased by between 3 and 16 N for all conditions. Vertical impulse
increased by between 2 and 18 N.s for all conditions. Stance phase time increased for all

malalignments (by 0.01 to 0.04 s for all conditions), but no results were significant. The

effects of these malalignments on the intact limb were not quantified. This study showed
prosthetic alignment had some etfect on GRF, impulse and stance time of the prosthetic
limb, but none were significant. The authors concluded that the subjects in the study
were sufficiently good walkers that they were able to compensate for the malalignment
of their prostheses over a short period of time, but this could ditfer over a prolonged
period. However, the study did not report the effect malalignment had on the intact limb

and whether the intact limb is compensating to allow for slight differences 1n alignment,

as this may be an influencing factor when interpreting the results.

Another study (Yang et al., 1991) reported prosthetic toot alignment changes for
two above-knee amputees of 6° dorsi flexion to 6° plantar flexion in 3° increments, and

socket alignment extended by 6° and 3° and then flexed by 3° and 6. The results showed
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that the AP GRF was sensitive to alignment changes at push off. However, vGRF was
not assessed. Thus, from these two studies it can be concluded that whilst prosthetic

alignment affects the shear components of GRF, it has not been shown to affect vertical

GRF or impulse significantly.

3.2.2.4 The eftects of different prostheses on ground reaction forces.

Differences in GRFs from amputees across studies may be accounted for by the
different prostheses used. On the prosthetic limb, the Fz1 peak was significantly greater
for the SACH foot compared to the Quantum foot with no difference in the timing of the
peak (Powers et al., 1994). Winter and Sienko (1988) reported greater GRFs on the
intact limb using the SACH foot compared to the FLEX foot, but this was not

quantified. Menard et al. (1992) and Powers et al. (1994) reported that for the intact

limb, the FLEX foot produced the lowest Fzl values (Table 3.1). These studies

supported the findings of Lewallen et al. (1985) and Hurley et al. (1990) that the FLEX

foot does not develop increased joint forces in the intact limb. Snyder et al. (1994)
suggested that this may be due to its large arc of dorsi flexion motion. The other
prosthetic foot mechanisms, however, did increase joint forces on the intact limb.
Therefore, previous studies have shown that the type of prosthetic foot mechanism has
an effect on the loading characteristics of the intact limb in below-knee amputees. No
studies have looked at the effect of different prosthetic foot mechanisms on above-knee

amputee gait.
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Table 3.1 - Vertical GRF values for a range of different feet mechanisms from different

studies reporting below-knee amputees walking at a natural cadence.

Powers et al. (1994) Menard et al. (1992)  Schneider et al. (1993)*

Foot Fz prosthetic Fz intact Fz prosthetic Fz intact Fz prosthetic Fz intact
mechanism  limb (% BW) limb (% BW) limb (% BW) limb (% BW) limb (% BW) limb (%BW)
SACH 109.7 124.3 - - 109.0 129.0
FLEX 118.9 1109 119.9 1199 122.0 135.0
CCl 106.1 116.3 - - - -
Seattle 106.7 123.2 120.6 1355 - -
Quantum 104.9 131.6 i : i i
Able-bodied 111.0 111.0 119.9 . 1216 - -
subjects.

* denotes study using children.

3.2.2.5 Vanation angl asymmetry 1n amputee gait.
Asymmetry.

Whilst 1t has been widely reported that amputees have an asymmetrical gait,
none of the studies reviewed have quantified this asymmetry. It 1s as yet unknown

whether or not these asymmetries cause, contribute to or aggravate the physical

complications associated with prosthetic use or vice versa (Dingwell et al., 1994).

Varnation.

The amount of step-to-step variation 1s dependent of the degree ot control during
the gait. For amputees, the degree of control of the musculo-skeletal structure and thus
proprioceptive feedback is reduced due to the partial loss of a limb. The greater amount
of limb lost, the less the degree of control. Therefore, whilst 1t has been sometimes
difficult to detect variability in active below-knee amputees, there 1s more variation in
above-knee amputees and even more in hip disarticulation amputees (Zahed: et al.,

1987). In amputee walking, due to variability, step 7 of 15 has been found to be the most
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representative of a stride, and the first and last 3 steps differ from the rest (Zahedi et al.,

1987).

—

After years of prosthetic use, below-knee amputees appear to learn to co-ordinate
the timing of their prosthetic limb to resemble more closely that of their natural limb
(Dingwell et al., 1994). Theretore, the length of time an individual has been an amputee

could also affect intra-subject variability.

3.2.2.6 Summary of amputee limb loading.

Amputee gait, by the nature of the prosthesis, is asymmetrical. Studies have
reported that generally, amputees load their intact limb more and their prosthetic limb
less than able-bodied persons. One study has reported that vGRF increased with an
increase 1n walking speed for both the prosthetic and intact limb of above-knee
amputees, but the increase was greater on the intact limb. No other study has been foﬁnd
reporting the effect of walking speed on vertical GREF in unilateral amputees. If this
stud){ illustrates the loading trends of lower limb amputees, loading asymmetry 1s
expected to increase with walking speed. This has implications for susceptibility to joint

degeneration on the intact limb from increased repetitive cyclic loading.

Whilst prosthetic alignment has not been shown to aftect vertical GRF variables
significantly, the type of prosthesis worn has. No study has previously quantified
loading asymmetry in lower limb amputees due to problems in calculating an asymmetry
index from non-consecutive footfalls when using the force platform. Very little GRF
data have been reported for above-knee amputees and no study has looked at the etfects
of increased demands, such as increasing walking speed, on amputee loading

asyminetry.
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3.2.3 Summary of limb loading and loading asymmetry.

Vertical ground reaction torce patterns and magnitudes have been used to
e#valuate pathological gait. In able-bodied walking, vGRFs have been reported to be
around 110% body weight, lower tor shod than barefoot walking. An increase in

walking speed will increase the vGREF to just over two times body weight. Able-bodied
variation 1n GRFs has been well documented, the vertical Fz component being the least
variable (c.v.=* 6%) and the ML component the most (c.v.= + 84%) over ten trials.
Walking asymmetry 1n able-bodied subjects has been reported to be between 4 and 10%,
with the ML and AP force components being slightly greater on the dominant limb. The
development of shoe¢s containing 1n-built force transducers has allowed vertical GRFs
over continuous strides to be measured (the results being underestimated less than 10%
that measured on a force platform) which is useful in looking at th¢ degree of

asymmetry during continuous striding 1n gait.

Amputees, by the nature of the prosthetic limb, are asymmetrical 1n their gait.
Studies have shown that they load their prQsthetic_ limb less (approximately 95% body
weight) and their intact limb more (an extra 23% body weight) than able-bodied subjects
during walking. Whilst the effect of different prostheses and prosthetic alignment on
asymmetry and GRFs has previously been studied, only one study has reported the
effects of increasing walking speed on a<ns1:XMLFault xmlns:ns1="http://cxf.apache.org/bindings/xformat"><ns1:faultstring xmlns:ns1="http://cxf.apache.org/bindings/xformat">java.lang.OutOfMemoryError: Java heap space</ns1:faultstring></ns1:XMLFault>