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Abstract
The general purpose of this study was to examine factors that may influence
acceleration characteristics of the upper body during walking, thereby clarifying the
means by which the postural system facilitates dynamic stability of the upper body
during walking. Upper body accelerations were measured during a range of straightline walking tasks. Time domain, frequency domain, signal regularity and coupling
analyses were used to 1) provide new insight into gait-related upper body
accelerations during walking in normal healthy adults, and 2) determine how the
postural system accommodates to perturbations that challenge upper body stability
during walking. The specific perturbations to the postural system that were examined
in the present study were the normal ageing process, changes in walking speed, and
fatigue of the cervical and lumbar erector spinae.

New insights into gait-related upper body accelerations.
In general, the patterns of accelerations measured at the level of the head were an
attenuated version of those at the lower trunk during normal walking. Power spectral
analysis revealed that both the head and lower trunk in the anterior-posterior (AP) and
vertical directions (VT) directions were characterised by a single peak frequency
corresponding the step frequency during normal walking. However, the most notable
of all attenuation profiles was the difference between accelerations of the head and
lower trunk in the mediolateral (ML) direction. ML trunk accelerations were
characterised by multiple low amplitude frequency peaks, which were attenuated to a
single peak at the head corresponding to stride frequency. The coupling between
acceleration directions was greater for the head than the lower trunk, suggesting that
the postural system promotes a coordination strategy which enhances global stability
of the head. Subdividing the upper body into neck and trunk segments facilitated a
more comprehensive description how the gait-related oscillations are prevented from
impacting on the motion of the head. Overall, acceleration amplitude, power content,
and regularity were predominantly regulated by the trunk segment, especially for the
AP and ML directions. This suggests that the trunk segment plays a critical role in
modulating the amplitude and structure of gait-related oscillations prior to reaching
the neck segment and thus the head.
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Challenging the postural system.
It was envisaged that examining factors that may challenge the individual (the normal
ageing process), and the walking task (changes in walking speed, and induced fatigue
of the upper body), would provide new insight into the extent to which the postural
system prioritises head stability during walking. Regardless of the challenges imposed
on the postural system due to the ageing process, upper body movement was
organised in a manner which assisted in maintaining a degree of head stability
comparable to those observed under normal walking conditions. Similarly, the
importance that the postural system places on maintaining head stability was evident
in the attenuation characteristics of the trunk and neck segments when walking speed
was manipulated, and neuromuscular fatigue induced. Manipulating walking speed
highlighted the critical role that the trunk segment has in regulating upper body
accelerations arising from gait-related events. Aside from a minor contribution from
the neck segment in the direction of travel at preferred and fast walking speeds,
regulation of accelerations occurred due to the dynamics of the trunk segment.
Inducing neuromuscular fatigue of the cervical and lumbar erector spinae groups
(CES and LES) revealed compensatory movement strategies of the upper body, with a
view of enhancing head stability. For several variables quantifying attenuation,
fatiguing one muscle group, such as the CES, resulted in changes in the dynamics of
another level of the upper body, such as the trunk segment. The trunk segment was
particularly dominant in regulating upper body accelerations under fatigued
conditions, further reinforcing the importance to control accelerations prior to
reaching the neck and head.

Conclusion.
Overall, the results of this study suggest that optimal head stability is reliant on the
trunk segment providing a stable base of support for the neck and head. By regulating
accelerations via the trunk segment, the postural system is effectively regulating the
orientation of the neck and head, and the inclusive sensory organs. It was evident that
the postural system prioritises, and in general, maintains head stability during walking
despite challenges imposed on upper body stability.
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General introduction

1
“Wisdom begins in wonder.”
Socrates
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Have you ever taken the time to just sit and watch the world go by? Perhaps you’ve
been in a shopping centre and seen a group of teenagers ambling between shops? Or
maybe you’ve been in a park and viewed a retired couple going on their morning
walk? Or possibly, the sight of a thousand people walking along Times Square on a
typical New York day is an image that is easily brought to mind? What fascinates me
about each of these situations is that an individual can locomote to a destination
without consciously thinking about their walking behaviour. How is it that each
person can fall into their own rhythm, or a state of equilibrium, considering the simple
act of walking requires a vast number of tightly regulated interactions between organs,
muscles, neurons, and the skeleton?

The physiological and mechanical processes which govern the human walking pattern
are complex, involving many systems and subsystems within the body. For example,
the process of lifting a single leg, akin to the stepping motion of walking, is a massive
undertaking for the neuromuscular system. Motor areas of supraspinal centres activate
and send a series of electrical impulses down the spinal cord, branching peripherally
throughout the whole body. Flexor muscle groups of one leg act to lift that leg, while
extensor groups of the stance leg contract to prevent the body from buckling under
gravity. Impulses arising from sensory receptors travel to the spinal cord, and then the
midbrain, for integration and determination of body orientation. Upon determining the
orientation of the body, and in an effort to remain balanced, continual fine-tuning of
lower and upper body posture occurs by altering muscle activity. Amazingly, this is a
simplistic description of how to lift one’s leg. Although the most common of all
human movements, the processes involved with generating the typical walking pattern
are even more complex due to the necessity to maintain whole body balance under
dynamically changing conditions. The challenges associated with producing
coordinated movements of the whole body are substantial, yet once developed during
the early years of life becomes seemingly effortless. Overall, the relative ease with
which humans walk requires a highly developed control system to generate and
coordinate motor output for the purpose of regulating posture.
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Similar to a conductor who is directing an orchestra, the human motor system is
responsible for organising many individual, yet complex components, to attain a
common goal. One major challenge for the motor system is to organise movement in a
manner which achieves the essential walking requirements of progression, support,
stability and adaptation. While the neuromechanics of the lower limb have been
described in several thousand gait-related investigations, much less is known about
how movement of the upper body is facilitated. The upper body is large in volume
and mass, which is reflected by the location of the centre of mass being some twothirds of body height above the ground. Ensuring such a top heavy structure remains
upright during the dynamic task of walking is an achievement in itself. However, a
remarkable and minimally studied feature of the postural system is how the movement
patterns of upper body segments are regulated, with the goal of facilitating dynamic
stability during walking.

1.1 Background
At the commencement of this study, research concerning the coordination of upper
body motion in healthy individuals during walking was limited. Published research
consisted of basic models that depicted the upper body as a single rigid segment
(MacKinnon and Winter, 1993; Winter et al., 1993; Winter et al., 1990a), or
descriptive studies which examined only a small portion of the upper body, such as
pelvic-lumbar (Callaghan et al., 1999; Taylor et al., 1999; Whittle and Levine, 1999)
or pelvis-thoracic (Sartor et al., 1999; Stokes et al., 1989; van Emmerik and
Wagenaar,

1996;

Vogt

and

Banzer,

1999)

kinematics.

Collectively,

the

aforementioned studies indicated that the upper body exhibits distinct patterns of
movement and coordination during normal walking. These studies also highlight the
importance of maintaining appropriate interactions between segments of the upper
body to facilitate progression and stability during walking.

As the typical walking pattern is the product of many coordinated movements of body
segments, determining the causal relationships between motor output and the
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mechanisms responsible for generating upper body movement is difficult (Zajac et al.,
2002). Electromyographic profiles of upper body extensors during walking reveal that
paraspinal muscles activate in a ‘top down’, sequential manner (Prince et al., 1994).
That is, paraspinal muscles of the cervical region activate prior to the thoracic region,
which activate prior to the lumbar region in each gait cycle. This pattern of activation
suggests that coordinated activity of neck and trunk muscles assist in minimising
accelerations of the head, thus enhancing head stability (Prince et al., 1994). Further
evidence of minimising gait-related oscillatory motion of the head has been
documented in studies that use accelerometers attached to the upper body. Irrespective
of whether an individual is walking on a level or a irregular surface, the amplitude of
head accelerations are lower than those observed at the pelvis (Menz et al., 2003b).
The basic pattern of head accelerations are an attenuated version of those observed at
the pelvis in the vertical and anterior-posterior directions; however accelerations in
the mediolateral direction have no discernable pattern at the pelvis but are modified to
a simple pattern at the head (Menz et al., 2003b). In light of the differences observed
in amplitude and patterns of head compared to pelvis accelerations, it appears that a
fundamental goal of the motor system is to regulate motion of the upper body so that
head stability can be achieved during walking. However, the movement strategies,
and in particular the interaction between upper body segments, that facilitate head
stability are unclear. The differing acceleration properties in the AP and VT direction,
compared to the ML direction, suggests that examining the structure and coupling of
accelerations at different level of the upper body may reveal how the motor system
organises movement to promote head stability.

Traditional data analysis techniques, such as RMS amplitude, are beneficial in
quantifying the amplitude of motion at discrete levels of the body during walking.
However, greater insight may be revealed in regards to how the motor system
organises movement by examining the time-dependent structure, and patterns within a
continuous acceleration signal. Analyses such as Approximate Entropy (ApEn) and
power spectral analysis have been useful in understanding the neurophysiological
processes underlying force control in isometric upper limb contractions (Sosnoff et
al., 2006; Vaillancourt and Newell, 2003) and brain wave patterns across a range of
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cognitive states (Abasolo et al., 2005; Acharya et al., 2005). Furthermore, insight into
the dynamics underlying the coordination of upper body segments could also be
gained by examining degree of coupling that exists between accelerations of upper
body segments. For example, coupling analyses such as cross correlation and cross
ApEn have assisted in understanding the dynamics underlying the coordination of
cyclical processes such as physiological tremor (Morrison and Newell, 1999;
Vaillancourt and Newell, 2000b) and hormone secretion (Gusenoff et al., 2001).

The specific output generated by the motor system is context dependent, determined
by the individual, the functional task, and the environment in which the task is
performed (Newell, 1986a; Shumway-Cook and Woollacott, 2000). In an effort to
understand how the motor system organises movement to facilitate stability, it is
desirable to determine the response of the postural system following perturbation
imposed from the individual, the task and/or the environment. One perspective
regarding stability is that a dynamically stable system is one which is able to resist
perturbation, as evidenced by the inability to alter a system’s trajectory from its steady
state motion (Dingwell and Marin, 2006; Li et al., 2005). Therefore, changes in the
pattern and coupling of accelerations measured from the upper body may provide
insight to the level of stability an individual is able to achieve. The focus of this study
was on factors that may challenge the individual (the normal ageing process), and the
walking task (changes in walking speed, and induced fatigue of the upper body).

As an individual ages, a decrease in the functional capacity of that individual often
arises due to declines in sensorimotor and neuromuscular function (Lexell, 1993).
Typically, age-related declines in the postural system are reflected by changes in
patterns of upper body coordination and segmental accelerations (Menz et al., 2003c;
van Emmerik et al., 2004; Winter, 1991). Compared to young individuals, it has been
reported that the elderly generally have decreased gait velocity and RMS amplitude
for head and pelvis accelerations, presumably to enhance stability (Menz et al.,
2003c). However, no study has comprehensively described the 3D attenuation
characteristics of the upper body associated with age-related changes walking
patterns. Similarly the effect of gait speed on upper body segmental dynamics have
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only been explored in regards to the amplitude and phasing between rotational motion
of the pelvis and thorax (van Emmerik et al., 2004; van Emmerik and Wagenaar,
1996). Gait speed is known to influence accelerations of the head and trunk, whereby
increased walking speeds correspond to an increase in the magnitude (Menz et al.,
2003b) and modal frequency of upper body accelerations (Hamill et al., 1995). There
is some suggestion that the preferred walking speed adopted by the individual
enhances head stability by providing optimal conditions for the motor system to
minimise acceleration variability of upper body motion (Menz et al., 2003b).
Therefore it was of interest to investigate the extent that head accelerations are
compromised by changes in gait speed, by examining how the motor system organises
segmental movement of the upper body. Further to our understanding of how
segmental movement is organised to facilitate stability, a component of this study
involved inducing neuromuscular fatigue of the upper body. The fact that upper body
fatigue has not been studied during walking is surprising, as examining how the
postural system operates under fatigued conditions can provide insight as to how the
multiple muscle systems are organised to facilitate stability. Following fatigue of
erector spinae muscle groups, which are central to the maintenance of upright posture,
it was expected that changes in motor output would reveal compensatory strategies
which assist in maintaining head stability during walking.

1.2 Statement of the problem
While some aspects of upper body accelerations during walking have been described
using RMS amplitude, and variables extracted from the power spectrum, this has not
been done in a manner which comprehensively describes the movement dynamics
underlying postural stability. It is therefore unclear exactly what the 3D attenuation
characteristics of the upper body are during normal gait. In particular it is unclear to
what extent head and trunk accelerations in each direction are coupled, and to what
extent the trunk and neck segments contribute to attenuation of gait related
accelerations prior to reaching the head.
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Few studies have used non-linear, or dynamical system analysis, to investigate the
structure of upper body accelerations and their coupling relations. This type of
analysis has the capacity to reveal information about how the head is stabilised
relative to the lower trunk during walking that may not be revealed by basic measures
of signal amplitude and frequency content.

At present little is known how the postural system meets the requirements for
maintaining head stability during gait when the constraints on motor output of the
system are manipulated. Therefore, it was of interest to examine the effect of a
number of task and individual constraints including age, and neuromuscular fatigue,
on upper body accelerations during gait. It was foreseen that such information would
provide new insight into the extent to which the postural system prioritises head
stability during walking.

1.3 General purpose of the study
The general purpose of this study was to examine factors that may influence
acceleration characteristics of the upper body during walking, thereby clarifying the
means by which the postural system organises movement to facilitate dynamic
stability of the upper body during walking.

1.4 Specific purposes of the study
The specific purposes of the experiments comprising this study were to:

1) Use 3D accelerometry to assess whether any age-related differences exist between
head and trunk accelerations and their relations during natural walking by examining
a cohort of healthy young and elderly subjects.

2) Investigate the relationship between oscillatory dynamics of the head and trunk in
each plane of motion during normal walking.
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3) Examine the effect of the normal ageing process on the pattern and coupling of
head and trunk accelerations during walking, to provide further insight into the
coordination strategy employed by the elderly to maintain head stability.

4) Determine the role of the neck and trunk segments in stabilising the head during a
range of walking speeds.

5) Examine the role of the neck and trunk segments in modulating accelerations of the
head after inducing neuromuscular fatigue of the lumbar erector spinae and cervical
erector spinae.
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2
“The hope of reaching the truth suffices
those who pursue science through all
their efforts: the contemplation of the
laws of nature has been a great and
noble source of enjoyment to those who
have discovered them.”
Etienne-Jules Marey
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2.1 Balance and posture
The ability to maintain upright balance is a fundamental requisite of all land-based,
legged animals, particularly in bipeds such as humans. The structure of the human
body provides a challenge for maintaining balance, as approximately 2/3 of our body
mass is located 2/3 of our height above the ground (Thorstensson et al., 1984; Winter,
1991; Winter et al., 1990c). To maintain balance, an individual’s centre of mass
(COM) must project within their base of support (Winter, 1991). However there are
many perturbing influences, both internal and external to the body, with the potential
to shift the COM away from the base of support, thus altering the conditions required
to maintain balance (Shumway-Cook and Woollacott, 2000). A reliable and efficient
balance system is necessary to control the motion of the top heavy human body during
both the quasi-static motion of quiet stance, and the dynamic movements associated
with walking (Winter, 1991; Winter et al., 1990a; Winter et al., 1990c).

The term posture is often used to describe the relationships of body segments relative
to other segments. Postural control refers to manipulating the body’s spatial position
for the dual purposes of balance and orientation (Shumway-Cook and Woollacott,
2001; Winter, 1995a). Appropriate interactions between individual body segments,
the whole body, and the surrounding environment is essential for the performance of
everyday motor tasks (Horak, 1997). In regards to upright standing, the task of
maintaining the body’s COM within the limits of the body’s base of support is
relatively simple. However during walking the base of support is constantly changing,
thus requiring the central nervous system (CNS) to continually determine and adjust
segmental posture to prevent the individual from becoming unbalanced (Winter,
1995b; Wu, 2001). Furthermore, as readjustment of posture is primarily facilitated
during the double support phase (approx 20% of the gait cycle (Vaughan et al.,
1992)), and during this phase the feet are never entirely on the ground (Inman et al.,
1981), there is a limited duration where balance can be substantially corrected during
walking.
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2.2 Mechanics of the upper body during locomotion
2.2.1 Overview
Compared to the lower body, relatively few studies have examined the movement
characteristics of the upper body during locomotion. Selective upper body kinematic,
kinetic and EMG data have been reported for healthy young and elderly individuals,
changes in walking surface, changes in walking speed, gaze orientation, load carriage,
caloric stimulation, and Parkinson’s disease, and cerebrovascular accident to name a
few. Examples of studies that examine the aforementioned walking conditions are
highlighted in table 2.1.

Kinematic analysis has revealed that the upper body remains relatively upright during
walking, oscillating approximately  1.5 degrees in the sagittal plane during the gait
cycle (Cappozzo, 1981; Murray, 1967; Thorstensson et al., 1984; Winter et al., 1990a;
Winter et al., 1990c). A feature of the normal walking pattern is that head motion in
the sagittal plane remains relatively consistent, possibly to improve the estimate of
head motion by reducing ambiguities in vestibular and otolith signals (Pozzo et al.,
1990). Whole body motion in the frontal plane is largely governed by step width, with
the COM shifting towards the stance leg during each step (MacKinnon and Winter,
1993; Winter et al., 1990c). Although the lower trunk can be observed to laterally
translate and rotate over the stance leg, the movement of more superior upper body
segments act to minimise motion of the head (Nadeau et al., 2003). Rotational
movement in the transverse plane assists in elongating stride length, thus minimising
the amplitude of vertical upper body motion and energy expenditure (Murray, 1967;
Saunders et al., 1953). Opposing rotations of the pelvis and upper trunk ensure that
the total angular momentum of the upper body remains constant throughout the gait
cycle, and therefore prevents potentially unbalancing events. Tightly controlled
transverse plane rotational movement of the head, thorax and pelvis assists in
minimising variations in mechanical energy during walking, thus creating a more
efficient walking pattern (Wagenaar and Beek, 1992).
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Kinetic analysis of the upper body has been primarily confined to describing how
torque about the hip joint influences acceleration of the head, arms and trunk (HAT)
segment, and vice versa (MacKinnon and Winter, 1993; Winter et al., 1990a).
However techniques based on double integration of force platform data have also
been used to describe the gait-related vertical motion on the body’s COM (Gard et al.,
2004). Using anatomically complex models, patterns of lumbar spinal loading can be
determined for different walking conditions. Heel contact events during the gait cycle
result in force transmission throughout the musculoskeletal system. The forces
observed at the lumbar spine during walking are typically lower than those associated
with common back exercises and rehabilitation programs (Callaghan et al., 1999).
Further, internal joint extensor moments transfer mechanical energy from the legs into
the trunk, whereas flexor moments have the opposite transfer effect (Siegel et al.,
2004). The ability to transfer energy between segments is suggested to be beneficial
strategy that can compensate for limbs that are unable to generate optimal levels of
mechanical energy, a feature commonly observed in elderly individuals (McGibbon
and Krebs, 2000; McGibbon et al., 2001).

Electromyography (EMG) data obtained from postural muscles has the potential to
provide information regarding neuromuscular mechanisms underlying the control of
posture and balance (Ferber et al., 2002; Seelen et al., 1997; van der Kooij et al.,
2005). It is suggested that the activity of trunk muscles can be divided into two
systems: a local system, ensuring upper body stability, and a global system, which
enables movement (Bergmark, 1989). However studies using EMG to examine upper
body postural control during walking are scarce. Descriptive studies indicate that
erector spinae muscle groups have an active role in maintaining upper body posture
during walking. Bimodal patterns of erector spinae activation during the gait cycle
suggest that the upper body resists unbalancing by activating extensor groups
immediately following foot contact (Cromwell et al., 2001a; Winter et al., 1993). The
activation timing of erector spinae throughout the upper body assists in maintaining
posture by stabilising superior levels of the spinal column prior to inferior levels,
presumably to control head motion (Prince et al., 1994).
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Table 2.1. Examples of studies which examine motion of the upper body during walking.
Study

Walking features examined

Summary of findings

Patterns of normal walking
Cromwell et al. (2001a)

Sagittal plane motion of head, neck and
trunk.

Motion of the trunk assists in creating a stable platform for the head. The neck
segment was the least stable segment of the upper body.

Crosbie et al. (1997b)

Thoracic and lumbar spinal motion.

Consistent spatiotemporal patterns exist between spinal segments in all planes of
motion.

Frigo et al. (2003)

Trunk and shoulder movements during
walking in healthy females.

During walking, the trunk was slightly bent forward compared to standing posture.
The shoulder remained stable in the frontal plane, however in the horizontal plane
the shoulders rotated contralaterally to the pelvis.

Hicheur et al. (2005)

Head motion during straight line, and
curved path walking.

Walking with a curved trajectory caused in an anticipatory head turn towards the
direction of the curve.

Kubo et al. (2005)

Axial stiffness as a function of walking
speed.

Thoracic rotation was of low amplitude regardless of walking speed. Axial trunk
stiffness increased with increasing walking speed.

Nadeau et al. (2003)

Head and trunk stabilisation during
forwards and backwards walking

Backwards walking reduced the angular dispersion of spinal segments. Increasing
the locomotor difficulty resulted in a more rigid pattern of spinal motion.

Ledebt and Wiener-Vacher
(1996)

Developmental aspects of head
movements in the sagittal plane.

Coordination of head rotations in the pitch plane continually improves in toddlers,
but does not reach the optimal level of stability during the first year of independent
walking.

Hahn and Chou (2003)

Age, mediolateral motion of the head,
trunk and pelvis.

Older individuals with balance deficits exhibited greater mediolateral displacement
and velocities of the head, trunk and pelvis.

van Emmerik et al. (2005)

Age, walking speed, range of motion and
phase relations between pelvic and
thoracic rotations.

Older individuals exhibited reduced pelvic rotations in sagittal, frontal and
transverse planes were reduced with age. Reduced compensatory movements
between pelvis and trunk were also reduced with age.

Ageing
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Table 2.1. continued.
Study

Walking features examined

Summary of findings

Incline walking
Cromwell (2003)

Head stabilisation during incline walking.

Head stability was decreased during incline walking. Alterations in head-neck, and
neck-trunk movement patterns accommodated for changes in the gravitoinertial
vector to ensure the head remained balanced over the trunk.

Vogt and Banzer (1999)

Lumar spine motion, incline walking

Incline walking increases the amplitude of axial rotations of the spine.

Overall, increased local stability of the upper body during slower walking speeds.

Holt et al. (2005)

Local stability of the trunk, walking
speed.
Effect of load carriage on force
transmission to the head, walking
velocity.

van Emmerik and Wagenaar
(1996)

Walking velocity, phase relations
between pelvic and thoracic.

Ranges of motion for pelvis, thorax, and trunk were larger at slower walking speeds
compared to faster speeds. Relative phase analysis revealed the presence of more
than one stable coordination pattern during walking.

Grasso et al. (1998)

Head and gaze orientation when turning a
90 corner.

Head and eyes systematically deviated towards the direction of the turn
approximately one second prior to turning.

Mulavara and Bloomberg
(2002)

Coordination of the head relative to the
trunk during gaze fixation.

Angular displacement about the lateral bending axis was significantly increased
during the high impact phases of gait, while displacements about the flexionextension axis was decreased when viewing an object fixed at 2m in front of each
subject.

Changes in walking speed
Dingwell and Marin (2006)

Shock transmission ratios between the head and lower segments increased as a
function of walking speed. Changes in segmental attenuation resulted in forces at
the head remaining consistent regardless of walking condition.

Gaze orientation
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Table 2.1. continued.
Study

Walking features examined

Summary of findings

Parkinson’s disease
Murray et al. (1978)

Parkinson’s disease, preferred and fast
speed walking.

Reduced arm swing and trunk rotation, combined with a forward stooped posture
and shuffling steps.

van Emmerik et al. (1999)

Parkinson’s disease, walking velocity,
phase relations between pelvis and thorax.

Parkinson’s disease individuals had smaller changes in relative phase and lower
variability in relative phase between pelvic and thoracic transverse plane rotations.

Holt et al. (2005)

Effect of load carriage on force
transmission to the head, walking
velocity.

Shock transmission ratios between the head and lower segments increased as a
function of walking speed. Changes in segmental attenuation resulted in forces at
the head remaining consistent regardless of walking condition.

LaFiandra et al. (2002)

Effect of load carriage on transverse plane
upper and lower body torque.

Higher levels of upper and lower body torque were observed when subjects wore a
backpack compared to unloaded walking.

Bent et al. (2000)

Vestibular stimulation, walking
trajectory.

Walking trajectory tended towards the side of vestibular stimulation. The magnitude
of walking deviation was dependent on the magnitude of vestibular stimulation.

Yamamoto et al. (2002)

Vestibular stimulation, head and trunk
kinematics.

Walking trajectory tended towards the side of vestibular stimulation. Increased
amplitude of head and thorax motion due to disruption of vestibular input.

Stroke, coordination and stability of head
thorax and pelvis

Healthy individuals exhibited a directional-dependent modulation of axial stiffness
when performing rapid head turns during walking, whereas this response was
disrupted in hemiparetic individuals.

Load carriage

Caloric stimulation

Cerebrovascular accident
Lamontagne et al. (2005)
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2.2.2 Inverted pendulum model
A theoretical framework that has been widely used in the investigation of human
balance is the inverted pendulum model. This model was introduced by Winter and
colleagues (1990a; 1990c), and has been used to describe the motion of the head,
arms, and trunk (HAT) segment with respect to standing balance (Brunt et al., 1999;
Winter et al., 1990a; Winter et al., 1996) and balance during walking (Winter, 1991,
1995a; Winter et al., 1990a). The inverted pendulum represents the upper body as a
rigid two dimensional segment (figure 2.1) with the moments acting on the segment,
via the hip joint, described using a dynamic equilibrium equation (equation 2.1).

Figure 2.1. Inverted pendulum model of the HAT segment in the plane of progression
representing the linear acceleration of the COM in the horizontal, ax, and vertical, ay,
directions, the angular acceleration of the segment

, and the acceleration of the

segment due to gravity, mg . Also represented are the coordinates of the hip, ( x j and
y j ) and COM ( xo and y o ), and the net muscle moment acting on the hip joint, M j .
M j  mg ( x o  x j )  ma y ( x o  x j )  ma x ( y o  y j )  I
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where:

Mj

is the net muscle moment acting about the hip in the plane
of progression

mg ( xo  x j )

is the gravitational moment about the hip joint

ma y ( xo  x j )

is the hip joint moment due to VT acceleration of the COM

ma x ( y o  y j )

is the hip joint moment due to AP acceleration of the COM

I

is the inertial load due to angular acceleration of the COM

The gravitational moment term, mg ( xo  x j ) , is included in the dynamic equilibrium
equation as the spatial orientation of the COM is continually changing with respect to
the hip joint centre during the gait cycle. In order to establish the magnitude of
vertical and horizontal accelerations of the COM during walking, the moment couple
ma y ( x o  x j )  ma x ( y o  y j ) is derived. This acceleration couple has the potential to

complement, or be in opposition to the moment about the hip, M j . The desired
outcome of M j is to maintain HAT balance by opposing the unbalancing moment in
the horizontal direction (plane of progression). Due to the aggregate of all previously
mentioned moments, the segment will angularly accelerate resulting in the inertial
load on the hip joint, I .
With respect to the inverted pendulum model, dynamic balance of the HAT segment
is facilitated by generating balancing moments about the hip joint to oppose any
unbalancing moments that arise (Winter et al., 1990c). The almost equal and opposite
balancing/unbalancing moments result in the upper body having a small inertial load
about the hip joint, I , and a small changes in trunk angle during the gait cycle.

During normal gait, the HAT segment remains erect to approximately  1.5 degrees of
the vertical (Cappozzo, 1981; Murray, 1967; Thorstensson et al., 1984; Winter,
1995b; Winter et al., 1990a; Winter et al., 1990c), which suggests the torque about the
hip due to gravity and vertical acceleration will be small (Winter, 1991). Therefore the
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torque due to horizontal accelerations is the primary cause of upper body motion, and
unbalancing moments of the HAT during gait (Winter, 1991; Winter et al., 1990c).

Although the abovementioned inverted pendulum example was confined to the upper
body rotating about the hip in the plane of progression, this theoretical model of
balance can be applied to other planes of motion. Balance in the frontal plane can be
examined using two inverted pendulums, where muscle activity of the hip and ankle
primarily facilitate upright posture (MacKinnon and Winter, 1993). During the single
support phase of the gait cycle the HAT segment pivots about the hip joint, whilst
simultaneously the whole body pivots about the subtalar complex of the ankle
(MacKinnon and Winter, 1993; Winter et al., 1990c). Medial accelerations during
single support are principally governed by the lateral position of the foot with respect
to the body’s COG, which are dictated by events during the previous swing phase
(MacKinnon and Winter, 1993; Winter, 1995a; Winter et al., 1990c). Therefore, the
predominant maintenance of ML stability occurs via the hip abductors/adductors
which function to control step width during gait (MacKinnon and Winter, 1993;
Winter, 1995a; Winter et al., 1990c).

While the inverted pendulum model has provided insight into the general principles of
balance control, it also has a number of limitations. Firstly, the human body cannot be
accurately depicted as single or dual 2-dimensional rigid segments. Rather, the body
is comprised of many dynamic segments, especially in regards to the flexible nature
of spinal column. Secondly, inverted pendulum theory suggests that superiorly located
body segments will have greater displacements and accelerations for any horizontal
movement compared to inferior segments. This has been proven to be incorrect, as
anterior-poster accelerations of the head are reported to be severely attenuated
compared to the pelvis during walking (Menz et al., 2003b; Winter, 1991). An
investigation using EMG to examine upper body motion has identified a hierarchical
postural control strategy, with paraspinal muscle activation occurring in a top down
manner during the stance phase of walking (Prince et al., 1994). Figure 2.2 shows the
average phase advance in 10 healthy subjects relative to the L4 level of activity.
During normal walking, paraspinal muscles at the level of C7 are activated
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approximately 70 ms before L4. Overall the patterns of EMG activity reported in the
study of Prince and colleagues (1994) were interpreted to be a CNS mechanism which
facilitates head stability before each descending vertebrae is stabilised.

Figure 2.2. Average phase advance of EMG activity for 10 subjects at every second
level of the vertebral column. Muscle activation in superior vertebrae occurs before
inferior vertebrae, indicating a top down control (adapted from Winter (1995a)).

2.3 Dynamic stability
The term ‘stability’ is frequently used in human movement analysis and in many
instances is used in a somewhat ambiguous nature, primarily due to a lack of a precise
operational definition. Establishing a formal definition of dynamic stability is not a
simple task, as this term can be interpreted in numerous ways that are largely
dependent on the context that it is used. For the purpose of gait analysis, many studies
have used COM, and centre of pressure (COP) interactions to examine the whole
body stability of an individual in the frontal plane (Jian et al., 1993; MacKinnon and
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Winter, 1993; Polcyn et al., 1998; Prince et al., 1994; Winter, 1995b). Within this
mechanical context, for an individual to maintain balance and stability, their COM
must be located medial to the COP excursion of the foot during each stance phase.

2.3.1 Coordination and attenuation
In order to attain stability of the upper body during walking, specific patterns of
coordination must occur between segments of the trunk and neck. Considering that
relationships between upper body segments influence dynamic stability, it is
surprising that relatively few studies have examined intersegmental coordination
patterns of the upper body. In healthy individuals, coordinating segments so that the
trunk is slightly flexed, neck is extended and head is flexed in the sagittal plane assists
in promoting dynamic stability during normal walking (Cromwell et al., 2001a; Pozzo
et al., 1990). Further, compensatory rotations between the pelvis, trunk and shoulders
are known to prevent excessive angular motion in the transverse plane and enhance
stability (Kubo et al., 2005; McGibbon and Krebs, 2000; Murray, 1967; Stokes et al.,
1989; van Emmerik and Wagenaar, 1996). Increases in upper body segmental energy
transfer is also suggested to be beneficial to older individuals, especially at higher
walking speeds, as motion of the upper body may compensate for propulsion deficits
due to declines in lower limb function (McGibbon et al., 2001; van Emmerik et al.,
2004).

A non-invasive in vivo technique to evaluate the stability between two segments has
been demonstrated by quantifying the transmissibility of vibration across a given joint
(Feltham et al., 2006). The underlying theory was that the muscles surrounding the
joint will dictate the degree of joint stability depending on the level of muscle
contraction. Therefore if one segment is vibrated, the amount of vibration that is
transmitted to the adjacent segment will depend on the stability of the joint. In regards
to postural control, oscillation transmissibility has been used to determine how
accelerations arising from foot contact events impact on the head over a variety of
speeds during normal walking (Ratcliffe and Holt, 1997), running (Hamill et al.,
1995), and carrying a load (Holt et al., 2005). Due to both the structure and function
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of the musculoskeletal system, oscillations are attenuated from inferior to superior
locations during locomotion with a view of decreasing the amount of acceleration
imposed on the head.

2.3.2 Factors affecting dynamic stability
It is postulated that an individual selects an optimal pattern of coordination and
control for a given activity based on the level of organism, environmental, and/or task
constraint they are exposed to (Newell, 1986b). Therefore, a theoretical framework
based on constraints is a useful way to conceptualise factors that may affect stability
during walking (figure 2.3). Factors which are most relevant to this thesis are
italicised, and discussed in further detail in the following section.

Disease, injury, disability and pathology are organism constraints that may affect the
ability of an individual to maintain posture and stability. For example, neuromuscular
deficits and differences in trunk position associated with Cerebral Palsy are known to
alter muscle recruitment patterns in response to postural perturbations (Burtner et al.,
1998). Another example are individuals with Diabetic Peripheral Neuropathy, who are
reported to have an impaired ability to stabilise their upper body during walking
(Menz et al., 2004). For the purpose of this thesis ageing will be considered to be an
organism constraint.

The normal ageing process is typically associated with a general decline in one or
more postural control systems. One consequence of this decline is an overall reduction
in dynamic stability and balance. In order to compensate for diminished postural
control, older individuals often adopt a more cautious gait strategy which is
manifested by such gait characteristic changes as decreased walking velocity,
decreased stride length (Prince et al., 1997), and increased double support periods
(Murray et al., 1969; Winter et al., 1990b). With readjustment of posture primarily
facilitated during the double support period, it is expected that older individuals have
adapted postural control strategies which are reflected in both lower and upper limb
dynamics. Most notable of the kinematic and kinetic changes associated with ageing
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Organism
Disease
Injury
Pathology
Age

Task
Vibration
Speed
Fatigue
Surface
Obstacles

Constraints on
stability

Motor
Output

Environment
Gravity
Ambient temperature
Lighting
Figure 2.3. Examples of organism, environmental and tasks constraints that may
affect stability during walking (adapted from Newell (1986b)).

is the progressive decrease in ankle plantar-flexion and ankle power generation
(DeVita and Hortobagyi, 2000; Judge et al., 1996; Kerrigan et al., 1998; Winter,
1991), which has a direct effect on the previously mentioned changes in gait velocity.
Although lower limb dynamics are indicative of age-related gait changes, it is
suggested that upper body acceleration variables can provide a more direct measure of
stability during walking (Menz et al., 2003c).

Typically, age-related declines in the postural system are reflected by changes in
patterns of upper body coordination and segmental accelerations (van Emmerik et al.,
2004; Winter, 1991). Differences in young and elderly acceleration characteristics
have been described for the trunk (Auvinet et al., 2002; Yack and Berger, 1993), the
head (Hirasaki et al., 1993), and both the head and pelvis (Menz et al., 2003c). Using
RMS calculated from head and pelvis accelerations, Menz and colleagues (2003c)
reported that accelerations are attenuated from inferior to superior locations for both
young and elderly individuals when walking on a level surface. However compared to
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the young, elderly subjects generally had decreased gait velocity and RMS amplitude
for head and pelvis accelerations, presumably to enhance stability (Menz et al.,
2003c). While differences in RMS acceleration provided an indication of how upper
body accelerations were compromised with age, more may be revealed in regards to
postural control by examining the structure and patterns within the acceleration signal
(Akay et al., 2004; Sekine et al., 2004). Interestingly, Menz and colleagues (2003c)
reported no differences young and elderly acceleration signal smoothness (harmonic
ratio) for head and pelvis acceleration signals. However, other analyses of signal
structure and coupling that are yet to be explored in gait analysis settings may identify
adapted motor control strategies due to the normal ageing process.

Task constraints have the potential to influence the motor output of the individual. A
task that has only been explored in a limited capacity, but is known to alter the
dynamics of the upper body is changing gait speed. An outcome of selecting a
preferred, self-selected walking speed is a maximisation of stability (Cromwell et al.,
2001a; Shkuratova et al., 2004), and thus any changes in gait speed can be viewed as a
perturbation which decreases stability. In general, an increase in gait speed will result
in a greater relative displacement of the upper body spinal segments (Cappozzo, 1981;
Crosbie et al., 1997a), which has implications in step width and thus lateral balance
(Helbostad and Moe-Nilssen, 2003). Furthermore, since gait speed is known to
influence the characteristics of upper body accelerations (Menz et al., 2003b; MoeNilssen, 1998b), separate coordination modes may also be required with different
walking speeds. Increases in walking speed are associated with a minimisation of ML
COM displacement (Orendurff et al., 2004), increased axial stiffness (Kubo et al.,
2005; van Emmerik et al., 2004), and increased lateral flexion of the trunk coupled
with decreased lateral flexion of the head (van Emmerik et al., 2004). Therefore,
coordination of upper body segments may alter with changes in gait speed to
accommodate for the different inertial effects associated with upper body motion.

A potential source of perturbation to the coordination of movement between body
segments is neuromuscular fatigue (Basmajian and De Luca, 1985). To date, little is
known about how perturbation of the neuromuscular system influences the control of
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segmental attenuation and head stability during walking. Furthermore, no study has
examined the effect of upper body fatigue and how stability is compromised during
walking. The fact that upper body fatigue has not been studied during walking tasks is
surprising, as examining how the postural system operates under fatigued conditions
can provide insight as to how multiple muscle systems interact to facilitate stability.
As fatigue can modify the output of many physiological systems of the human body,
two broad classifications are often used for the study of human movement: fatigue
caused by central factors and fatigue caused by peripheral factors. Given that
addressing the effects of central fatigue on neuromuscular function typically involves
using combinations of twitch interpolation, transcranial magnetic stimulation, or
electromyography techniques, it is challenging to study central fatigue and walking
(for a comprehensive review of spinal and supraspinal factors which influence motor
performance, see Gandevia, 2001). However, eliciting and examining the effect of
peripheral fatigue is perhaps more appropriate to a gait analysis setting. For example,
there is greater potential to isolate and fatigue specific muscle group/s that assist in
maintaining postural stability such as the spinal flexors or spinal extensors. Central to
facilitating posture and stability, the erector spinae muscle group act to resist external
flexion moments which are greatest during walking at heel contact, and exhibit
consistent sequencing of activation during each gait cycle (Cromwell et al., 2001a;
Prince et al., 1994; Waters and Morris, 1972). Specifically fatiguing the extensor
muscle groups of the trunk is suggested to alter the timing of muscle activation during
lifting tasks, whereas widespread fatigue of the trunk had no such effect on
coordination (Gorelick et al., 2003). Similar results were reported in a study which
examined EMG and kinematic profiles of the trunk during non-resistive flexion and
extension exercises (Mathieu and Fortin, 2000). After attempting to fatigue the trunk
there was a failure to identify changes in EMG profiles compared to the unfatigued
trunk performing the same movements (Mathieu and Fortin, 2000). This finding is
significant in the context of gait analysis, as the neuromuscular system appears
resilient to fatigue whilst performing unweighted oscillatory tasks of the upper body.
If required to generate increased levels of force for prolonged periods, compensatory
strategies may be employed that avoid activation of the fatigued muscle group. In this
regards, variable load sharing has been illustrated for LES muscle to prolong the onset
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of fatigue and maintain force output (Lariviere et al., 2003; Mannion et al., 2001; van
Dieen et al., 1993). Another consequence of inducing neuromuscular fatigue may be
the cocontraction of agonist and antagonist muscle groups about a joint.
Cocontraction is often considered to increase the stiffness of a given joint, thus
potentially increase stability of that joint (Feltham et al., 2006; Thelen et al., 1995).

To examine the effects of environment on stability during walking, it is necessary to
formulate an experimental design that conducts testing in an uncontrolled setting, or
in an environment that cannot be manipulated by the investigator. For example, a field
test that is based outdoors where factors such as temperature, wind, humidity, and
terrain cannot be manipulated to affect the performance of an individual is considered
an environmental constraint. Given that the effect of the environment on walking was
not examined in the current study, this constraint will not be discussed in further
detail.

2.4 Sensorial contributions to dynamic stability
Arguably, the most recognised neural components of the CNS which guide postural
behaviour are those directly associated with the visual, vestibular and somatosensory
systems. By selectively integrating the information obtained from each sensory
system, a spatial representation of the environment can be formulated, and an
individual can control movement according to their surroundings and objectives (Bril
and Ledebt, 1998; Driver and Spence, 1998, 2000; Redfern et al., 2001). The only
sensory modality that can provide information about the size, shape, and location of
objects not in the immediate vicinity of an individual is vision. Therefore, early
identification of threats towards balance and posture, or even the body as a whole, lies
primarily with the sense of vision (Patla, 1997; te Velde et al., 2005). Obtaining
information about the surrounding environment is an essential prerequisite in
proactive planning for obstacle avoidance, changing surface gradient, and in general,
safely locomoting to a desired destination (Molton et al., 1998; Patla, 1997;
Rossignol, 1996; van Hedal and Dietz, 2004). An experimental paradigm that
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highlights the immense influence that vision has on posture and balance are the so
called ‘moving room’ studies. This experimental procedure requires a subject to stand
stationary in a room whose walls are designed to translate at a specific frequency (Lee
and Aronson, 1974; Lee and Lishman, 1975). In general, when the subjects are
exposed to the visual illusion of a moving room, they will adopt a postural sway
profile that is closer to the oscillation frequency of the room rather than the subjects
natural sway frequency (Freitas Junior and Barela, 2004; Stoffregen and Smart Jr,
1998; Wade et al., 1995). This strategy neutralises the effect of the imposed optic flow
from the moving room, and results in a more invariant flow of visual information than
would be experienced if the individual continued at their natural sway frequency.
Similarly, in the context of walking there is evidence which suggests the postural
system actively stabilises the head through mechanisms associated with stimulation of
the vestibular apparatus.

The vestibular organ can be thought of as an inertial device which senses self motion
with respect to the six degrees of freedom in space (Mergner and Rosemeier, 1998;
Wilson and Mellvil Jones, 1979). Inertial information is detected through separate
subsystems which are explicit to processing linear and angular accelerations of the
head (Mergner and Rosemeier, 1998). Specifically, angular accelerations of the head
stimulate the semicircular canal system, which consists of three orthogonal tubules
efficient at detecting rotational stimuli at frequencies greater than 1 Hz (Mergner and
Rosemeier, 1998). Detection of linear accelerations is the via the otolith organ, whose
output does not have the discriminatory capability to discern between gravitational
acceleration and head translation in space (Jaeger et al., 2002). It is the interaction
between semicircular canals and otoliths which allow the CNS to accurately estimate
a broad range of rotational and translational motions experienced by the head during
everyday activities. Without integration of other sensory inputs, the vestibular system
cannot discriminate between motion of the head, and motion of the rest of the body
(Patla, 1997).

The somatosensory system is unique for two reasons. Firstly, somatosensation is
reliant on a multitude of receptors distributed throughout the body, differing to other
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site specific organs such as the eyes, or nose (Diener et al., 1984; Kandel et al., 1995).
Secondly, the somatosensory system is capable of processing different forms of
energy from different types of stimulus (Kandel et al., 1995). Loss of somatic
sensation in the legs and feet do not result in total loss of walking ability, however
there is a 23 times increase in the chance of a fall occurring (Horak, 2001). Studies
have shown that loss in somatic sensation will result in delayed postural response,
reduced postural response magnitude, and increase postural sway during quiet stance
(Horak and Macpherson, 1996). Similarly, positional sense of the lower limb joint
angles are reported to decline with age (Skinner et al., 1984). Age-related
somatosensory investigations have reported a significant deterioration in vibration
detection threshold in elderly (Gilsing et al., 1995; Grabiner and Enoka, 1995; van
den Bosch et al., 1995) as well as decreased joint-position sense (Skinner et al., 1984).
Similar to vestibular inputs, if a 90 Hz vibrational stimulus is applied to the calcaneal
tendon, a resulting decrease in vertical postural perception will arise (Hlavacka et al.,
1995). Therefore, the combination of increased vibration and increased vibratory
threshold may lead to a decrease in postural control in the elderly.

2.5 Accelerometry
2.5.1 Mechanics of the accelerometer
An alternative approach to more commonly used gait analysis techniques involves the
application of accelerometers to the trunk for the purpose of examining balance
control and stability during walking (Auvinet et al., 2002; Moe-Nilssen, 1998a,
1998b, 1998c; Yack and Berger, 1993). The benefits of using accelerometers to assess
upper body motion include: the low cost compared to traditional gait laboratory
equipment; testing is not restricted to a laboratory environment; accelerometers are
small so that subjects are able to walk unrestricted; and direct measurement of 3D
accelerations eliminate errors associated with differentiation of displacement and
velocity data to give acceleration.
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An accelerometer is an inertial measuring device which operates under the principles
of Newtons 2nd law of motion, which states that if a mass is undergoing an
acceleration, there must be a force acting on that mass ( F  ma ) . There are several
classes of commercial accelerometers available such as strain gauge, capacitive,
reluctive, servo, magnetic, piezoresistive, and the class used in this project:
piezoelectric (Meydan, 1997). The basic components of an accelerometer are: a mass
element, a rigid cantilever which rotates in a single plane, and a piezoelectric material
(figure 2.4a). As the mass element and the attached cantilever reacts to movement, a
compression force is exerted on the piezoelectric material which elicits a surface
charge proportional to the compressive force. In order to provide meaningful data, the
voltage output from the device must be calibrated to some unit of acceleration. There
are two primary means to calibrate an accelerometer: via a static calibration, or by a
periodic calibration. Static calibration involves comparing a stationary accelerometer
to constant acceleration (e.g. gravity), when resting on a perfectly horizontal surface.
The output for the sensing axis of the accelerometer which aligns to the global vertical
must correspond to -1 g (or 9.81 m.s-2), and 1 g when inverted. The other orthogonal
axes which align with the global horizontal must equal 0 g. Using the range of -1 to 1
g with the known accelerometer voltage output, a two-point linear calibration can be
performed. This technique of static calibration is computationally and time efficient,
and can be performed on any flat surface normal to gravity. Alternatively, a periodic
calibration is more time consuming and specialised engineering equipment must be
used. A periodic calibration involves harmonic forcing of the accelerometer to
determine the forcing function and the voltage output of the accelerometer. The
accelerometer must be placed in a specialised rotating device (e.g. centrifuge) which
oscillates with a known acceleration, and the accelerometer output can be match to the
known acceleration and converted to the appropriate units.

The total number of channels of accelerometer output is dependent on the number of
sensing axes. Uniaxial accelerometers typically provide a single channel of serial data,
whereas a triaxial accelerometer typically provides three channels of continuous serial
data. As accelerometer output is a continuous time-dependent signal, acceleration data
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(a)

(b)

Figure 2.4. A schematic representing the internal mechanisms of a generic
accelerometer (a), and a Crossbow tri-axial accelerometer (b).

can be processed in both the time domain and frequency domain. Prior to collecting
human movement data, consideration must be given to the measuring bandwidth of
the accelerometer to be used. The majority of gait-related movements are dominated
by low frequencies, requiring a low frequency accelerometer to be incorporated into
the experimental design (figure 2.4b). However for motion analysis, such as
examining physiological tremor (Elble, 2005; Morrison and Newell, 1996, 1999;
Raethjen et

al., 2000; Vaillancourt

and

Newell, 2000a), or the shock

absorption/damping properties of biomaterials (Boyer and Nigg, 2004; Flynn et al.,
2004; Lafortune et al., 1996b; Pankoke et al., 2001; Wakeling and Nigg, 2001), there
may be benefits in using accelerometers capable of detecting higher frequencies.

Under dynamic conditions an accelerometer will function as an inertial measuring
device. However under static conditions, an accelerometer has the potential to be used
as an inclinometer (Moe-Nilssen, 1998a). As the orientation of the gravitational vector
is fixed, any deviation in alignment of an accelerometer’s sensing axis from the
gravitation vector will be detected. That is, accelerometer output from a vertical
sensing axis tilting away from the gravitational vector will approach 0 g. Similarly,
accelerometer output from a horizontal sensing axis tilting towards the gravitational
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vector will approach 1g. Providing the accelerometer remains stationary, applying
basic trigonometry to the measured acceleration (accelerometer output) and the
known constant acceleration (gravity), the angle of tilt can be obtained.

2.5.2 Accelerometry-based gait analysis
To the best of this authors knowledge, the first study that used accelerometers to
examine gait patterns was in 1936, where it was discovered that basic acceleration
patterns of different body segments could reveal critical information regarding
walking patterns (Liberson, 1936). It was in 1962 that Liberson and colleagues (1962)
suggested accelerographic analysis of the stance and swing phases of clinical
populations could provide information indicative of the smoothness that an individual
walks. Cavagna and colleagues (1963) and Gage (1964), furthered this accelerometry
research by applying advanced mathematical techniques to trunk acceleration data to
estimate external mechanical work, and consistency of walking patterns respectively.
Calculating the ratio of even to odd signal harmonics, an indication of walking pattern
smoothness could be determined from accelerometer data collected from the lower
trunk (Gage, 1964). Smoothness of walking was further examined in the 1970’s with
the assistance of computer technology. Trunk accelerometry was used to discriminate
between healthy individuals and several types of walking patterns such as; crutch
assisted gait, peripheral nerve injury, post-operative hip arthroplasty (Smidt et al.,
1971), and below knee amputees (Robinson et al., 1977). Not only could
accelerometry provide information regarding overall walking patterns, but collecting
inertial data from the lower limb allowed for detection of basic spatiotemporal
variables. These variables included lower limb angular and translational accelerations
and velocities, as well as foot contact events such as heel strike, foot flat, heel off and
toe off (Morris, 1973). The potential for accelerometry to be incorporated into a gaitanalysis laboratory was beginning to be realised with advances in automated, rapid
processing of acceleration data (Rao and Jones, 1975; Smidt et al., 1977).

The 1980’s saw body mounted accelerometers used to study the shock absorption
properties of the musculoskeletal system following the impact of heel strike.

30

Literature review

Specifically, accelerometers attached to the head and tibia (Light et al., 1980), or the
head and medial femoral condyle (Voloshin and Wosk, 1982), or over the T2 and L4
vertebrae (Helliwell et al., 1989) allowed for quantification of shock wave
propagation between body segments. Each of these studies reported attenuation of
accelerations from inferior to superior body segments, presumably to enhance stability
of the head during walking.

Due to advancements in micro-electromechanical systems (MEMS) technology,
accelerometer-based gait research expanded substantially in the 1990’s. Studies
examining shock transmission responses of the musculoskeletal system arising from
the impact of heel strike continued in this decade (Hamill et al., 1995; Hennig and
Lafortune, 1991; Lafortune et al., 1996b). Using inverse dynamics analysis of data
obtain from multiple accelerometers attached to the trunk, estimates of hip joint
loading patterns during walking and running could be determined (van den Bogert et
al., 1996). Most notably, a field of research began to surge in the 1990’s which
suggested accelerometry-based gait analysis techniques were invaluable to the
assessment of postural stability. Yack and Berger (1993) assessed trunk accelerations
in a cohort of subjects consisting of young subjects, and both stable and unstable
ambulating elderly. Temporal data combined with peak acceleration data, and the
ratio of even to odd signal harmonics revealed that information derived from an
accelerometer attached to the upper body was valuable in describing the underlying
dynamics of unstable gait (Yack and Berger, 1993). Moe-Nilssen further emphasised
the importance of assessing upper body control during walking by developing gait
analysis procedures based on an accelerometer attached at a point close to the body’s
COM (Moe-Nilssen, 1998a, 1998b). It was concluded that acceleration data obtained
from the lower trunk over a range of walking speeds was a valid and reliable method
of assessing balance dysfunction during walking (Moe-Nilssen, 1998b, 1998c; MoeNilssen et al., 1999). Other researchers suggested that attaching a single accelerometer
to the head provides added insight as to how the postural system maintains balance
and head stability (Hirasaki et al., 1993; Hirasaki et al., 1999).
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From 2000 to the present, a substantial body of literature has developed which
promotes the benefits of accelerometry-based gait research. A large component of this
literature describes the applications of commercially available physical activity
monitors. Although the data that activity monitors provide are valuable in measuring
modes and levels of activity, they are out of the scope of this study and will not be
discussed (for a review, refer to (Mathie et al., 2004)). Of greater interest to this
literature review is accelerometer-based spatiotemporal and postural control analysis.

Detailed procedures have been reported which suggest specific signal deflections
occurring in trunk acceleration profiles enable accurate detection of heel contact
events, thus providing an alternative to footswitch systems in providing temporal data
from long duration gait monitoring (Mansfield and Lyons, 2003; Moe-Nilssen and
Helbostad, 2004; Zijlstra, 2004; Zijlstra and Hof, 2003). Shock attenuation research
continued to be an area of interest with stride length and frequency (Mercer et al.,
2003), along with leg fatigue (Flynn et al., 2004; Mizrahi et al., 2000a; Mizrahi et al.,
2000b) and leg muscle activation patterns (Boyer and Nigg, 2004) being identified as
key variables in dictating the degree of damping that is possible by the
musculoskeletal system. Auvinet et al (2002) also identified stride frequency, stride
regularity, and other power spectral properties derived from trunk accelerations as
potential indicators of postural instability during walking.

Of particular note is the on-going postural control research of Moe-Nilssen and
colleagues, who have characterised balance dysfunction during quiet stance in
hemiparetic (Helbostad et al., 2004) and older adults (Helbostad et al., 2004; MoeNilssen and Helbostad, 2002) from data obtained from a single accelerometer attached
to the trunk. Furthermore, the same group have characterised control of lateral balance
in the elderly (Helbostad and Moe-Nilssen, 2003), children with dyslexia (MoeNilssen et al., 2003), and basic spatiotemporal variables (Henriksen et al., 2004; MoeNilssen and Helbostad, 2004; Moe-Nilssen and Helbostad, 2005) during walking.
Other postural control research which must be highlighted is the work of Menz and
colleagues, who investigated walking patterns in individuals at an increased risk of
falling, and determined physiological factors which contribute to overall walking
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stability. Attaching triaxial accelerometers to the head and pelvis walking patterns
were examined on level and irregular surfaces for healthy young individuals (Menz et
al., 2003b) healthy young and elderly (Menz et al., 2003c) elderly of different fall risk
categories (Menz et al., 2003a) healthy elderly and elderly patients with Diabetic
Peripheral Neuropathy (Menz et al., 2004) and elderly with and without hallux valgus
(Menz and Lord, 2005). A general conclusion generated from the abovementioned fall
research was that the magnitude of head and trunk accelerations may not necessarily
be a factor contributing to increased fall risk. There was, however, evidence to
suggest that decreased rhythmicity of head acceleration may contribute to an unstable
visual field and potentially lead to falling events.

2.5.3 Methodological issues
There are several issues regarding accelerometer-based motion measurement that
must be factored into an experimental design and data analysis. Firstly, the output a
dynamically moving accelerometer is comprised of a varying inertial component, and
a constant gravitational component. To obtain a true measure of the inertial
component, the sensing axes of the accelerometer must remain aligned with a global
coordinate system so that the gravitational component can be subtracted from the
acceleration signal. However, an accelerometer axis will not remain aligned with a
global coordinate system as it moves in the local coordinate system of the underlying
moving body segment. Consequently, efforts must be made to understand how the tilt
of an accelerometer during a given task will affect the accuracy of determining the
inertial component from an acceleration signal.

With the trunk remaining relatively upright during walking (Thorstensson et al., 1984;
Winter et al., 1993), the dynamic tilt of an accelerometer attached to the upper body is
dependent on the kinematics of the segment being examined, and the acceleration
signal must be transformed according to the tilt of the segment. To the best of this
author’s knowledge, there are few investigations describing procedures which account
for accelerometer tilt during gait analysis. Of the published methodologies, no
technique has completely compensated for the effects of a dynamically tilting
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accelerometer attached to the upper body during walking. Rather, techniques using the
average tilt of the device during either quiet standing (Moe-Nilssen and Helbostad,
2002; Smidt et al., 1971) or the gait cycle (Moe-Nilssen, 1998a), have been described
that partially correct for dynamic tilt. Several assumptions are made in all tilt
correction procedure reported in the literature, which results in an estimated
correction of gait data collected from accelerometers. Firstly, it is assumed that
walking velocity is constant across gait cycles and gait trials. Secondly, it is assumed
that transverse rotation of the upper body is so minimal, that errors in linear
acceleration data due to angular rotations of the upper body are negligible. Thirdly the
average tilt of the accelerometer (in either quiet standing or walking) is assumed to be
representative of all dynamic tilting of accelerometers during the walking trial.
Regardless of what technique is used to adjust for a tilting sensor during walking,
errors introduced into acceleration data due to changes in axis alignment is
proportional to the cosine of the tilt angle with respect to the global vertical or
horizontal. Therefore, if the orientation of the accelerometer is altered, by say 5, the
alignment error is approximately 0.4 % (the cosine of 5 is 0.996).
An obvious alternative to making the abovementioned assumptions is to determine the
precise orientation of the accelerometer, and transform acceleration data into a global
coordinate system. Some speculation exists that calculating position and orientation
from accelerometer data collected from multiple locations on a rigid body segment is
not a viable option in examining human movement (Giansanti et al., 2003). However
efforts have been made to derive kinematic data from body segments with reasonable
accuracy using advanced mathematical techniques and a combination of
accelerometers and rate gyroscopes (Boonstra et al., 2006; Dejnabadi et al., 2005;
Giansanti et al., 2005; Lotters et al., 1998; Luinge and Veltink, 2005; Luinge et al.,
1999; Mayagoitia et al., 2002; Scapellato et al., 2005), magnetometers (Berquer et al.,
2002; Kemp et al., 1998; Roetenberg et al., 2005), and electrogoniometers (Kerr et al.,
1997). Collectively these studies indicate excellent potential for dynamically
correcting for accelerometer tilt in a gait analysis setting, however further research is
required to validate such an application.
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As with any marker-based motion analysis system, care must be taken when attaching
accelerometers to the body to ensure accurate movement representation of a specified
landmark, whilst avoiding excessive skin and soft tissue movements in relation to
underlying bone (Karlsson and Tranberg, 1999; Kitazaki and Griffin, 1995; Manal et
al., 2000). Several studies have described methods of accelerometer attachment that
may, in part, compromise the quality of acceleration data. For example, some studies
fixed accelerometers to inflexible base-plates before attachment to the subjects trunk,
thus negating contact between the accelerometer and the body segment (Smidt et al.,
1971; Yack and Berger, 1993). Others have used semi-elastic belts wrapped around
the circumference of the trunk to ensure firm fixation to the skin (Auvinet et al., 2002;
Moe-Nilssen, 1998a), but potentially restricting axial rotation. The inertial properties
of the accelerometer also play a role in the accuracy of data collection, as markers
with large mass systematically increase signal error by producing transient low
frequency oscillations in the surrounding tissues (Karlsson and Tranberg, 1999). To
accurately collect movement data via accelerometers, it is imperative to design a
lightweight, unobtrusive apparatus which reflects the acceleration of a specified
landmark and allows the subject to walk as naturally as possible.

Arguably, the greatest limitation in the development of accelerometry-based gait
analysis systems has been the availability of data collection and storage apparatus. To
date, commercial storage devices suitable for gait analysis setting are limited, driving
research groups to develop custom designed hardware specific to their needs. The
majority of data collection systems reported in the literature still require cables linking
the subject and a PC, or attach large devices such as laptop computers to the subject
which will alter the inertial properties of the upper body. An ideal situation would be
to develop a miniaturised, fully portable system, with the capacity to store large
volumes of data. Of even greater benefit would be to develop a miniaturised wireless
system which transfers acceleration data to a stationary PC, thus facilitating
unencumbered walking patterns and utilising the storage capacity of a PC (James et
al., 2005; James et al., 2004).
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2.6 Signal processing
2.6.1 Time domain analysis
The most prevalent method of processing acceleration data reported in the literature
has been to transform raw acceleration into RMS acceleration. As upper body
accelerations oscillate about zero g’s during constant speed walking (figure 2.5), RMS
data will provide a measure of dispersion relative to zero, whereas SD data will
provide a measure of dispersion relative to the mean (Menz et al., 2003b). Decreases
in RMS accelerations of the upper body, particularly in healthy older populations
(Menz et al., 2003c) and those with a high risk of falling (Menz et al., 2003a) is
typically reflective of slower walking speeds, and a more conservative walking
strategy to assist in maintaining stability.

The magnitude of peak accelerations extracted for raw acceleration profiles have been
used to investigate age-related changes in walking stability (Yack and Berger, 1993),
and the capability of joints to absorb accelerations arising from heel strike during
walking (Mulavara and Bloomberg, 2002; Ratcliffe and Holt, 1997). A shock
acceleration ratio (SAR) was calculated by double differentiating displacement data
obtained from the ankle, knee, shoulder and head, and dividing the magnitude of the
distal segment peak acceleration by the proximal segments peak acceleration. SAR’s
calculated for a range of walking speeds identified that preferred walking speed
adopted humans prevents excessive head accelerations by maximising shock
absorption throughout the musculoskeletal system.

Cross correlation analysis quantifies common features present in two signals, by
calculating the pearson product moment correlation coefficient on two sets of time
series data (Winter and Patla, 1997). Not only can the strength of coupling be
determined from cross correlation, but so too can the phase shift between two signals
by phase shifting one of the two time series signals at specified time intervals. In the
study of Mesure et al (1999), cross correlation coefficients were determined for
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Figure 2.5. Representative trunk acceleration data for the vertical (VT), anteriorposterior (AP) and mediolateral (ML) directions during constant speed, straight line
walking.

frontal plane patterns of displacement between the head and shoulders, the shoulders
and hips, and the hips and lower limb in elderly and Parkinson’s disease patients. Due
to the significantly increased coupling between head and shoulders, it was concluded
that Parkinson’s patients adopt a rigid head on shoulder stabilisation strategy to
minimise head angular oscillations. Calculating cross correlation coefficients between
lower limb segments in infants, children, and adults have also provided insight as to
developmental stages of coordination (Cheron et al., 2001). Maturation of segmental
control occurred in an exponential manner during the first 6 months of walking, with
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adult-like coordination patterns observed more distally (foot and shank) prior to
proximal segments (thigh and shank).

2.6.2 Frequency domain analysis
Compared to time domain analyses, there have been fewer investigations of postural
control, or gait analysis, which examine movement patterns from features of the
power spectrum. The fewer number of studies that employ power spectral analysis
may possibly be due to a combination of the computationally complex nature of the
analysis, the sometimes difficult nature of data interpretation, and to some extent an
inability to demonstrate practical usage in a clinical setting. Of the locomotion
investigations that have utilised power spectral analysis, notable benefits have been
recognised in the examination of data obtained from force platforms (Giakas and
Baltzopoulos, 1997; Stergiou et al., 2002), and acceleration data quantifying heel
strike generated shock transmission through the lower limb (Folman et al., 2004;
Mercer et al., 2003). Each of these studies revealed differences in high frequency
content in kinetic and kinematic data that would have otherwise been overlooked
using standard time domain analyses. As walking is a rhythmical and repetitive
process (Inman, 1966; Murray et al., 1964), and frequency domain analysis can
provide insight into mechanisms of biomechanical control (Winter and Patla, 1997),
frequency content extracted from upper body acceleration data may assist in
understanding how the postural system modulates balance and stability. Time domain
analyses have revealed that trunk accelerations in the VT and AP directions repeat
twice in each gait cycle, and ML accelerations repeat once in each gait cycle (Menz et
al., 2003b; Moe-Nilssen, 1998b; Winter, 1995b; Winter et al., 1990c). However the
cyclical nature of the upper body during walking is yet to be studied in detail from a
frequency perspective. Pilot data collected from our lab would suggest that although
VT and AP accelerations are dominated by a modal frequency corresponding to step
frequency, ML accelerations are characterised by higher frequencies instead of a
single modal frequency (figure 2.6). This finding reinforces the merit of performing
power spectral analysis in postural control studies, as different postural challenges
may arise in different directions.
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Figure 2.6. Representative power spectra for trunk acceleration data in the vertical
(VT), anterior-posterior (AP) and mediolateral (ML) directions during constant speed,
straight line walking.

During walking, acceleration patterns of the head and/or trunk repeat within each gait
cycle (Menz et al., 2003b; Winter et al., 1990c). It has been suggested that such
repeatability can be used to evaluate the smoothness of walking, as acceleration
patterns must be completed before the next stride is commenced. If accelerations are
not completed before the next stride, there is a ‘spillover’ effect which produces out of
phase accelerations, resulting in non-rhythmical gait. A proposed method of
quantifying rhythmicity and smoothness of walking patterns is to examine the
harmonic properties of an acceleration signal.

39

Chapter 2

Harmonic analysis has been used in many areas of research including mathematics,
structural engineering, musical acoustics, and environmental sciences. However,
investigations of signal harmonics associated with measures of walking are relatively
uncommon, and the underlying theory of harmonic analysis is generally not well
described in this field. Therefore, for the purpose of this review it is warranted to
outline the procedures which calculate the harmonics of an acceleration signal.

The first instance of applying harmonic analysis to gait was by Gage (1964). He
reported a technique which had capabilities of providing analytical information
concerning normal and pathological gait, with particular reference to amputees. This
technique involved examining Fourier series extracted from vertical and horizontal
components of trunk accelerations during walking. From the first 20 coefficients
extracted from the Fourier series, Gage summed the even harmonics (in phase
movement), and divided them by the sum of the odd harmonics (out of phase
movement) (equation 2.2). This method of gait assessment was used to illustrate
frequency spectra differences in normal and amputee walking, and later became
known as the harmonic ratio.
Harmonic ratio 

 Even harmonics
 Odd harmonics

Equation 2.2

A Fourier series is an infinite sequence of converging sine and cosine terms that
constitute a waveform. In order to resolve amplitude and frequency content of the
constituent sine and cosine elements of a periodic waveform, a technique know as a
Fast Fourier Transformation (FFT) is used. The underlying theory of FFT dictates that
the frequencies within a periodic function begin at zero, and increases in integer
multiples of a fundamental frequency.
The standard Fourier series in the frequency domain can be represented as (Simeoni
and Mills, 2003):
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X ( n ) 

2
N

 x(t ) cos( t )  x(t ) sin( t ) 
N
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n i

n  1 N 2

Equation 2.3

where:
X ( n )
N
x(t )
ùn
fn

is the angular frequency of the n-th harmonic within a periodic function
is the number of discrete time-domain measures of x(ti )
is a time-varying waveform
is the angular frequency, defined as 2ðfn
is the frequency of the n-th harmonic

Calculation of the fundamental frequency, f0, requires knowledge of the stride period,
T. Therefore the fundamental frequency can be established from the equation:
f0 

1
T

Equation 2.4

As biological signals are rarely continuous, the Discrete Fourier Transform (DFT) is
employed to calculate the Fourier series of discretely sampled periodic functions. The
DFT of a periodic waveform in the time domain can be represented by the
trigonometric expansion (Simeoni and Mills, 2003):
X (t )  ao   a n cos( n t )  bn sin( n t ) 
N /2
n 1

Equation 2.5

The zero frequency term ao represents the dc component, or average value of the
signal X(t). ao can also be thought of as the cosine coefficient when  n = 0. There is
no corresponding sine coefficient at zero frequency, as the sine of zero is zero.

The variables in Equation 2.5 can be applied as either a continuous or discrete FFT. A
delineation between transforms is only made when X (t ) is resolved. For a continuous
FFT, an integration function extracts the coefficients ao, an, and bn. However, for the
purpose of accelerometry examples a DFT is applied, where a summation function is
used to reveal the Fourier coefficients.
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To solve X (t ) , it is necessary to determine the Fourier coefficients ao, an and bn. This
is achieved by applying the Euler formulas:
ao 

1
N

 x (t )
N

i 1

Equation 2.6

i

an 

2
N

 x(t ) cos( t )

n  1, 2, 3

Equation 2.7

bn 

2
N

 x(t ) sin( t )

n  1, 2, 3

Equation 2.8

N

i 1

i

n i

N

i 1

i

n i

an and bn are the magnitudes of the even and odd harmonics respectively. In order to
present the Fourier coefficients from equations 2.7 and 2.8 as real numbers, in
sequential harmonic order (ie. 1, 2, 3 …n), the RMS term cn is calculated:
cn 

( a n  bn ) 2
2

Equation 2.9

In general harmonics are reported as integer multiples of the fundamental frequency,
f0, which indicate that the first harmonic will correspond to the fundamental
frequency. Figure 2.7 is a typical representation of the raw acceleration data obtained
from an accelerometer attached to the head during preferred speed walking, and the
associated harmonic content and harmonic ratio for each signal.

A summary of gait-related harmonic ratio research is presented in table 2.2. Due to
the large number of conditions presented across these studies, only data for subjects
walking at preferred speed on level surfaces is reported. Overall, between-study
inconsistencies exist in the harmonic ratios of similar populations. However the
between-study magnitude of harmonic ratios in the considerable works of Menz and
colleagues followed consistent trends. This suggests that while the harmonic ratio
appears to be comparable between studies of identical methodology, the harmonic
ratio may not be comparable when the accelerometer location or the subject cohort
substantially differs.
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Figure 2.7. Representative data of vertical (VT), anterior-posterior (AP), and mediolateral (ML) accelerations of the head along with each acceleration profiles harmonic
content. Data is from a 22 year old male with no history of injury or pathology that
may affect walking patterns. Accelerations were analysed and presented over one gait
cycle (defined as right heel contact to subsequent right heel contact).
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Table 2.2. Summary of studies which examined harmonic ratios of upper body accelerations during preferred speed walking on level
surfaces.
Study

Subjects

n

Accelerometer
location

Gage (1964)

Normal adults
Amputee

6
9

Sacrum

Smidt et al. (1971)

Normal adults*
Normal boys
Differing gait defects

15
7
5

Robinson et al. (1977)

BK amputees

Yack and Berger (1993)

Harmonic Ratio
AP
---

VT
---

ML
---

Sacrum

3.38
2.90
Range: 0.96-1.89

4.46
3.16
Range: 0.86-1.40

----

19

Sacrum

1.63

1.55

--

Young
Stable elderly
Unstable elderly

19
10
10

Thoracic spine

1.89 (0.11)
2.06 (0.11)
1.42 (0.14)

3.13 (0.26)
2.76 (0.20)
2.00 (0.17)

0.46 (0.05)
0.52 (0.05)
0.57 (0.06)

Auvinet et al. (2002)

Normal **

282

Lumbar spine

--

Range:
1.94 (0.73) –
2.79 (0.60)

--

Menz et al. (2003b)

Normal

30

Head
Sacrum

2.35 (0.89)
3.36 (1.32)

3.57 (1.32)
2.93 (1.16)

2.48 (1.13)
2.05 (0.75)

Menz et al. (2003c)

Young

30

Head
Sacrum

2.35 (0.89)
3.36 (1.32)

3.57 (1.32)
2.93 (1.16)

2.48 (1.13)
2.05 (0.75)

Elderly

30

Head
Sacrum

2.16 (0.59)
3.55 (1.08)

3.62 (1.05)
3.07 (0.08)

2.73 (0.85)
2.06 (0.71)

Elderly (low risk fallers)

34

Head
Sacrum

2.09 (0.60)
3.35 (1.13)

3.62 (1.04)
3.02 (0.80)

2.79 (0.92)
2.10 (0.69)

Elderly (mod risk fallers)

33

Head
Sacrum

1.86 (0.86)
3.05 (1.38)

3.23 (1.34)
2.62 (0.94)

2.83 (0.80)
1.90 (0.73)

Elderly (high risk fallers)

33

Head
Sacrum

1.61 (0.65)
2.79 (2.79)

2.80 (1.30)
2.22 (0.79)

2.99 (0.95)
1.65 (0.49)

Menz et al. (2003a)
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Table 2.2. continued.
Study

Subjects

n

Menz et al. (2004)

Elderly

30

Head
Sacrum

AP
1.77 (0.68)
2.97 (1.24)

VT
3.34 (1.16)
2.53 (0.80)

ML
3.04 (0.90)
1.83 (0.70)

Elderly with Diabetic
Peripheral Neuropathy

30

Head
Sacrum

1.74 (0.86)
2.49 (1.08)

2.91 (1.42)
2.35 (0.99)

2.84 (0.74)
1.68 (0.51)

Elderly (none-mild hallux
valgus)

50

Head
Sacrum

2.2 (0.9)
3.6 (1.3)

4.3 (1.8)
3.5 (1.3)

1.1 (0.5)
1.4 (0.5)

Elderly (moderate-severe
hallux valgus)

21

Head
Sacrum

2.0 (0.6)
3.6 (1.6)

3.6 (1.5)
3.0 (1.0)

1.0 (0.4)
1.4 (0.6)

Menz et al. (2005)

*
**

Accelerometer
location

Harmonic Ratio

Subjects walked at a ‘moderate’ speed
Ages ranged from 20-98 years
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Figure 2.8. Mean transfer function between leg and head acceleration signals for
subjects running at -20%, -10%, +10% and +20% of their preferred stride frequency
(PSF). Sourced from Hamill et al (1995).

Another frequency-based gait analysis technique is a transfer function, which provides
a measure of oscillatory damping at each frequency (Cromwell et al., 2004a; Hamill et
al., 1995; Lafortune et al., 1995). The transfer function is calculated by dividing the
power of superiorly located accelerations at each frequency by the power of inferiorly
located accelerations at the same frequency. Figure 2.8 illustrates a transfer function
which determined the degree of oscillatory attenuation between accelerations of the
shank and head during running at different percentages of the individuals preferred
stride frequency (PSF). Acceleration power increased from inferior to superior
locations (gain) for frequencies below 6 Hz, and decreased from inferior to superior
for frequencies above 6Hz (attenuation) for all running conditions. A limitation to this
approach is the between trial and between subject comparisons of damping at
individual frequencies. As the fundamental frequency of the power spectrum is
dictated by the step frequency (Hirasaki et al., 1999), efforts can be made to normalise
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between subjects and trials. This may be possible by normalising to walking velocity,
or by examining harmonics content of the acceleration signal instead of frequency
content.

2.6.3 Non-linear dynamics
It has been suggested that traditional variability measures do not quantify the
sensitivity of the neuromuscular system to perturbation (Dingwell and Cusumano,
2000) and that a better understanding of motor control can be gained by addressing
how a biological signal fluctuates from its equilibrium state in response to a specific
task (Buzzi et al., 2003; Dingwell and Cusumano, 2000). This dynamical systems
approach typically involves assessing stability either using analytical tools which
return a single value of signal structure, such as Sample Entropy (Lake et al., 2002;
Richman and Moorman, 2000), Approximate Entropy (Pincus, 1991, 1995), Cross
Approximate Entropy (Pincus, 2001), Hurst exponent (Kurz et al.), Lyapunov
exponent (Kurz et al., 2005; Stergiou et al., 2004), and the Holder exponent (Scafetta
et al., 2003). Other analytical techniques such as examining features of potential wells
(Kelso, 1995) and attractor diagrams (Dingwell et al., 2000; Kurz et al.) are beneficial
in profiling the dynamical organisational characteristics of the system.

Traditional linear analytical techniques can mask the true structure of variability
within the human motor system (Buzzi et al., 2003). For example, Hausdorff et al
(1997) reported that for certain walking parameters such as stride interval for young
and elderly populations, means and coefficients of variation do not always describe
the true dynamics of the system (figure 2.9). In this particular study, young subjects
were observed to have an average stride interval of 1.05 sec  1.9%, whereas the

elderly were 1.05 sec  2.0%. Yet visual inspection of the raw stride interval data
suggests subtle differences exist in the dynamics of the two signals. Therefore, a more
complete picture of how the motor system facilitates movement and stability may be
formed by examining the pattern and structure of biological signals (Buzzi et al.,
2003).
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Figure 2.9. An example of stride-interval variability in a 23 year old young subject
and a 71 year old elderly subject. Group mean  CV: Young = 1.05 sec  1.9%,
elderly = 1.05 sec  2.0%. Sourced from Hausdorff et al (1997).

The non-linear properties of complex physiological signals are the result of a myriad
of interactions between subcellular, cellular, organ and systemic components of that
system. Information is continually transferred between these components to modify
the functionality of the system, giving rise to a highly adaptive physiological system
capable of responding to internal and external perturbation (Lipsitz, 2002). Therefore,
it has been suggested that examining the fluctuating output of a system provides
information regarding stability of the system. Several investigations have examined
long-range stability of walking patterns, by studying the fractal properties of stride
interval variability over long walking durations (Hausdorff et al., 1997; Hausdorff et
al., 1995b; Hausdorff et al., 1996). Over extended periods of walking, long-range selfsimilar correlations of stride-to-stride temporal patterns exist in healthy adults
(Hausdorff et al., 1995b; Hausdorff et al., 1996). In contrast, ageing and disease
decreases long-range stability (stride duration is more random) of the walking
patterns, presumably due to a degradation of central nervous system locomotor
generators (Hausdorff et al., 1997). Fractal analysis has also been applied to gaitrelated trunk accelerations, with higher fractal dimensions associated with post-stroke
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hemiplegia (Akay et al., 2004) and Parkinson’s disease (Sekine et al., 2004) compared
to healthy elderly individuals. This potentially signifies that an increase in signal
complexity is associated with decreased postural stability, and thus an inability to
respond to perturbation. Overall, the studies outlined above suggest that capturing the
varying degrees of system dynamics through non-linear analytical techniques can
provide information on how the CNS organises movement (Vaillancourt and Newell,
2002a).

Approximate Entropy (ApEn) is a measure of signal regularity that has been used to
examine the dynamics of tremor (Morrison and Newell, 2000; Vaillancourt and
Newell, 2000b), cardiac events (Caswell Schuckers, 1998; Sapoznikov et al., 1995),
and electroencephalographic potentials (Abasolo et al., 2005; Diambra et al., 1999).
Although ApEn has not been used to examine kinematic data obtained during
locomotor tasks, there is evidence to suggest that there may be distinct benefits in
examining the pattern and structure of gait-related accelerations. ApEn was developed
after researchers applied Kolmogorov-Sinai (K-S) entropy measures to data sets
collected in clinical settings with the goal of quantifying time series randomness. It
became apparent that K-S entropy produced unpredictable results when low
magnitude noise was present in the data being analysed (Pincus, 1991, 1995). With
continual advances in mathematics and computer processing technology, ApEn was
developed as a new method of quantifying regularity in serial data which has several
benefits compared to other techniques. Such benefits of ApEn include:








The ability to examine dominant and subordinant patterns in serial signals.
Is scale invariant and model independent.
Discriminates series where clear feature recognition is problematic.
Only requires a serial signal of moderate length (minimum of 50 data points).
Can be applied to data sets with a large degree of noise.
Is complimentary to spectral and autocorrelation analyses.
Is relatively unaffected by the presence of non-stationaries in a signal.
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Quantifying the irregularity between two signals is possible by Cross ApEn analysis
(Pincus, 2000; Pincus et al., 1996). This technique is quite similar to ApEn
thematically and algorithmically, with the primary difference being the requirement of
two independent serial signals of equal length as inputs. Cross ApEn analysis results
in a single value representative of the extent of asynchrony between interconnected
signals. This technique is particularly useful when examining control aspects of
systems where cross correlation and cross spectral analysis may not account for the
myriad of changing features within and between data sets. An additional benefit of
Cross ApEn is the capability to directly assess complicated networks, without the
need to model the underlying system, a useful feature in examining feedback and
control of a system.

Interpretation of ApEn and Cross ApEn outputs are similar, as both analyses return a
scalar value quantifying the regularity of serial signals. Values approaching zero
indicate greater occurrence of recognisable features within or between serial signals,
for ApEn and Cross ApEn respectively. In contrast, larger values indicate a higher
degree of random pattern features or decoupling, for ApEn and Cross ApEn
respectively. For a detailed overview of ApEn, Cross ApEn, and the relevant
applications to the analysis of biological signals, refer to the review articles by Pincus
(Pincus, 2000, 2001).

For the purpose of this literature review and to clarify how ApEn differs between
serial signals, a white noise time series signal was analysed using ApEn analysis and
presented in table 2.3. One Hz, two Hz and four Hz sine and square waves of differing
frequencies were also generated and examined (table 2.2). Representative data of
vertical (VT), anterior-posterior (AP), and mediolateral (ML) accelerations of the
head and trunk is also subjected to ApEn analysis. Data is from a 22 year old male
with no history of injury or pathology that may affect walking patterns, walking in a
straight line at a preferred cadence. Accelerations are analysed and presented over a
single gait cycle, defined as right heel contact to subsequent right heel contact. The
greatest ApEn value (least regular) was obtained from analysis of white noise,
whereas the lowest ApEn (most regular) was identified in the analysis of a one Hz
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square wave. Examination of real data revealed increased ApEn values in all
accelerations of the trunk when compared to the head, with the greatest difference in
ApEn identified between the head and trunk in the ML direction (0.0978 compared to
0.4429).

Table 2.3. ApEn values of generated serial waveforms and representative head and
trunk acceleration data from a healthy young subject during preferred speed walking.
Description of serial signal

ApEn value

White noise

1.8211

1 Hz sine wave
2 Hz sine wave
4 Hz sine wave
1 Hz square wave
2 Hz square wave
4 Hz square wave

0.0156
0.0321
0.0693
0.0144
0.0261
0.0466

Head acceleration in VT direction
Head acceleration in AP direction
Head acceleration in ML direction
Trunk acceleration in VT direction
Trunk acceleration in AP direction
Trunk acceleration in ML direction

0.1108
0.1255
0.0978
0.2525
0.3934
0.4429

n.b. sine and square wave ApEn values remained the same with changes
in signal amplitude

The Cross ApEn algorithm was applied to two independent signals of the same length
(waveform 1 and waveform 2). Two white noise based waveforms were analysed, in
addition to a single white noise signal being examined with a one Hz sine wave (table
2.4). Predictable signals in the structure of sine and square waves of differing
frequencies were subjected to Cross ApEn analysis (table 2.4). Accelerations similar
to those outlined in table 2.3 were assessed as head and trunk pairs in three directions
(table 2.5).
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Table 2.4. Cross ApEn values of generated serial waveforms.
Waveform 1

Waveform 2

Cross ApEn value

White noise
White noise

White noise
1 Hz sine

2.2068
5.7715

1 Hz sine
2 Hz sine
1 Hz sine
1 Hz sine

1 Hz sine
2 Hz sine
2 Hz sine
3 Hz sine

0.0154
0.0309
0.0282
0.0423

1 Hz square
2 Hz square
1 Hz square
1 Hz square

1 Hz square
2 Hz square
2 Hz square
3 Hz square

0.0144
0.0261
0.0150
0.0162

n.b. sine and square wave ApEn values remained the same with changes in signal
amplitude

Table 2.5. Cross ApEn values of representative head and trunk acceleration data from
a healthy young subject during preferred speed walking.
Waveform 1

Waveform 2

Head acceleration
Head acceleration
Head acceleration

Trunk acceleration
Trunk acceleration
Trunk acceleration

Direction Cross ApEn value
VT
AP
ML

0.7439
0.6654
0.6967

The greatest Cross ApEn value (lowest synchrony) was obtained from analysis of the
white noise waveform and the one Hz sine wave. Examining paired one Hz square
waves revealed the lowest Cross ApEn value (greatest synchrony). Examination of
paired head and trunk accelerations identified the lowest Cross ApEn value in the AP
direction, followed by the ML direction, and then the VT direction.

To perform ApEn analysis, 3 inputs are required. Firstly, a data set (n) of greater than
50 data points must be specified. Fixed parameters of the window length of data to be
analysed (m) is needed, as is the tolerance width where the likelihood that data points
will occur within is estimated (r).
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The initial step in calculating ApEn is to identify a serial data set defined by the data
points u(1), u(2),… u(n), or simply u(i). Vector sequences, x(1) to x(n- m+1), are then
formed from u(i), which is defined by the calculation:
x(i)  [u (i ), , u (i  m  1)]

Equation 2.10

The vectors outlined in equation 1 represent m consecutive u values commencing at
the ith value. The distance d[x(i), x(j)] is defined, which represents the maximum
difference in scalar components between vectors x(i) and x(j). For each (i  n - m + 1)
the previously mentioned vector sequence, x(1) to x(n- m+1) is used to construct:
C im (r ) 

[no of x ( j ) such that d [ x (i ), x ( j )]  r
(n  m  1)

Equation 2.11

The C im (r ) values measure within a tolerance window r, usually 20% of the SD, the
regularity or frequency of patterns which are similar to patterns of window length, m.
The term  m (r ) , or the average value of the natural log of C im (r ) is established:

 m (r )  (n  m  1) 1

 ln C

n  m 1
i 1

m
r

(r )

Equation 2.12

And finally approximate entropy is defined as:
ApEn(m, r , n)   m (r )   m 1 (r )

Equation 2.13

Similar to ApEn, Cross ApEn is a two parameter family of statistics which requires
the fixed inputs of m and r (same application as for ApEn). However, the output of
Cross ApEn is a value representative of the asynchrony between paired serial signals.
This occurs by establishing the regularity, or frequency of pattern similarity between
signals within the tolerance window (r) over a window length (m).
To perform Cross ApEn, two paired data sets (length – n) are identified as u = [u(1),

u(2),…u(n)] and v = [v(1), v(2), …v(n)]. In order to have good reproducibility
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properties of Cross ApEn values, it is useful to standardise the data sets u and v. This,
as well as fixing m and r, can be achieved with the algorithms:
u (i ) 

[u (i )  mean(u )]
and
SD of u

v (i ) 

[v (i )  mean(v)]
SD of v

Equation 2.14

Vector sequences are formed from u and v and defined as x(i) = [u(i), u(i+1),
…u(i+m-1)] and y(j) = [v(j), v(j+1), …v(j+m-1)]. Similar to ApEn, the maximum
difference in scalar components of x(i) and y(j) are established where:
d [ x (i ), y ( j )]  max k 1, 2 ,...m [| u (i  k  1)  v ( j  k  1) |]

Equation 2.15

For each (i  n - m + 1), C im ( r )(v || u ) is calculated to measure the regularity, or
frequency of patterns within u are similar to patterns in v within window length m:
C im (r )(v || u ) 

[no of j  n  m  1 such that d [ x(i), y ( j )]  r
(n  m  1)

Equation 2.16

The natural log of C im ( r )(v || u ) is averaged to give  m (r )(v || u ) , which is
subsequently used to define Cross ApEn as:
Cross ApEn(m, r , n)(v || u )   m (r )(v || u )   m1 (r )(v || u )
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2.6 Summary


Maintaining upper body stability during walking requires a highly developed
control system to generate and coordinate motor output.



An inverted pendulum model has been used to investigate how upper body
gait-related balance is facilitated, however this theoretical framework does not
reflect that fact that head motion is minimised relative to the trunk during
walking.



Coordinated movement of body segments ensure that gait-related oscillations
originating at the lower limb are decreased at the level of the head, presumably
to provide optimal conditions for the visual and vestibular apparatus to
operate.



A paradigm to investigate factors which influence dynamic stability involves
examining constraints on the organism, the task being performed and the
environment that the task is performed in.



Little is known about how the normal ageing process or changes in walking
speed affects the ability to coordinate upper body motion to facilitate head
stability.



Nothing is known about how postural fatigue affects the ability to coordinate
upper body motion to facilitate head stability.



Accelerometry has been identified as a valid technique for quantifying
dynamic stability.



A combination of time domain, frequency domain, and non-linear dynamical
analyses may reveal the underlying dynamics of how the postural system
organises upper body movement to enhance stability.
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3.1 Introduction
The requirement to maintain balance during walking challenges the human postural
control system because two-thirds of body weight is located two-thirds of body height
above the ground (Winter, 1995b). Furthermore there is a restricted period where
balance recovery can take place since the double support period accounts for only
20% of the gait cycle (Winter, 1995b). During stance phase there is the need to
provide a support moment to prevent the stance leg from collapsing (Winter, 1980).
The mass of the upper body is therefore able to rotate over the support leg in the
manner of an inverted pendulum, reaching a maximum height during midstance. The
second half of the stance phase may therefore be considered as a process of controlled
falling, which is followed by recovery in the first half of the subsequent step.

By representing the trunk as an inverted pendulum that pivots about the hip in the
sagittal and frontal plane it has been possible to gain insight into the way in which the
postural systems controls upper body balance. In general, it has been shown that trunk
motion in the AP direction is controlled by hip muscle moments developed in
response to moments generated by accelerations of the trunk (Winter, 1995b). Since
these opposing moments are similar in magnitude, the trunk experiences relatively
small angular accelerations, and hence angular displacements of just 1-2 degrees in
the sagittal plane (Cappozzo, 1981; Crosbie et al., 1997b; Thorstensson et al., 1984;
Waters et al., 1973). A similar analysis applied to the frontal plane has revealed
balance during single stance is fine-tuned by a synergy between subtalar and hip joint
muscles of the stance leg (MacKinnon and Winter, 1993).

Rather than acting as a static passenger unit, empirical evidence suggests that the
trunk plays an important dynamic role in attenuating accelerations experienced during
gait so as to ensure the head, and hence the visual platform, remains stable (Menz et
al., 2003b; Prince et al., 1994; Winter, 1995b). This is achieved either through passive
mechanical damping or active control of paraspinal muscles. With regard to muscle
activity, it has been shown that stabilising muscles of the spine are recruited in a topdown order during walking (Prince et al., 1994). This is believed to be an anticipatory,
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or feedforward, mechanism since there is insufficient time for reflex control of head
movement to occur in response to accelerations detected by the vestibular apparatus
(Prince et al., 1994; Winter, 1995b).

As individuals age there is a decline in the functional capacity of the neuromuscular
system (Prince et al., 1997). This has serious implications for the performance of
many everyday activities, especially those involving the control of posture and
balance. For example elderly individuals have been reported to use a gait strategy that
prioritises the maintenance of dynamic balance by reducing gait speed, taking shorter
steps and increasing double support time (Prince et al., 1997). However, at present
there is a limited understanding of how ageing affects trunk mechanics during gait.
Winter (1991) computed AP head and trunk accelerations from double differentiation
of displacement data obtained via video-based motion analysis. Results revealed that
elderly subjects had significantly lower hip accelerations and higher head
accelerations during gait than young subjects. Furthermore, the elderly subjects were
less able to attenuate AP head accelerations compared to the young group. On the
basis of these results, it was suggested that either the elderly have diminished trunk
balance control, or that the gain of the vestibular system in the older individual may
be reduced. The impact of this diminished gain is that the vestibular system would
only sense head motion when larger accelerations occur.

An alternative approach to the abovementioned video based analysis involves the
application of accelerometers to the trunk for the purpose of examining balance
control during walking (Auvinet et al., 2002; Moe-Nilssen, 1998a, 1998b, 1998c;
Yack and Berger, 1993). Using this approach, Yack and Berger (1993) were able to
discriminate between elderly subjects with and without a history of walking instability
on the basis of the ratio of odd to even harmonics. This measure, known as an index
of smoothness, was applied by Menz et al. (2003c) to examine differences in head and
pelvis accelerations between young and elderly groups walking over different
surfaces. Although no significant differences were found in index of smoothness
calculations, elderly subjects exhibited significantly reduced walking velocity and
step length, a finding which is consistent with the view that the elderly use a more
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cautious, or conservative, gait pattern to reduce trunk accelerations and maintain
balance (Woollacott and Tang, 1997).

While there has been a reasonable body of work examining accelerations at the trunk,
and to a lesser extent the head, there have been no studies performed to date which
have examined the relations between head and trunk accelerations during walking.
Thus, the purpose of the present study was to use 3D accelerometry to assess whether
any age-related differences exist between head and trunk accelerations and their
relations during natural walking.

3.2 Methods
3.2.1 Subjects and experimental conditions
Eight young subjects (Age: 234 yrs, Mass: 7811 kg, Height: 1.800.06 m, Body
Mass Index: 23.92.8 kg.m-2) and eight elderly subjects (Age: 743 yrs, Mass: 7812
kg, Height: 1.750.07 m, Body Mass Index: 25.43.7 kg.m-2) volunteered to
participate in the study. All subjects were community living, free from neurological
dysfunction, musculoskeletal pathology or injury, and had normal or corrected to
normal vision at the time of testing. Following provision of written informed consent,
3D head and trunk accelerations were measured while each subject performed 5
straight-line walking trials along a 20 m walkway at their preferred walking speed.
When walking, subjects were instructed to focus on a target placed at eye level at the
end of the walkway.

3.2.2 Data collection
Two triaxial accelerometers (Crossbow CXL02LF3, range  2g) were used to
measure vertical (VT), anterior-posterior (AP), and mediolateral (ML) accelerations
of the head and trunk during walking. One accelerometer was fixed to the most
posterior aspect of the head using an elastic headband. The second accelerometer was
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attached over the L3 spinous process with sports tape. Sign conventions for
acceleration measurements are displayed in figure 3.1. Prior to each testing session,
each accelerometer axis was statically calibrated using a horizontal reference surface
to ensure the vertical axis output was -1 g and the horizontal axes outputs were 0 g.

A footswitch system similar to that described by Hausdorff, Ladin and Wei (1995a)
was used to determine heel contact and toe-off events from which stride, stance and
swing durations, step length, and cadence were computed. The footswitches consisted
of two 44 mm2 Interlink Force Sensing Resistors placed in each subject’s right shoe.
Sensors were attached to subject specific custom innersoles underneath the tarsals to
measure toe-off events, and underneath the calcaneus to measure heel contact events.

Figure 3.1. Instrument placement and acceleration sign convention.
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Accelerometer and footswitch data were sampled at 512 Hz using a portable data
logger (Valitec AD2000 Ready DAQ) which was attached to a waist belt worn by the
subject. Walking speed was measured across the middle 10 m of the walking trial
using three pairs of photoelectric light gates (Omron E3JK-R4M2). By comparing
walking speeds between adjacent sets of light gates it was possible to check the
assumption that subjects were walking at constant velocity.

3.2.3 Data analysis
Analog data were downloaded from the data logger onto an IBM compatible PC using
Valitec configuration and analysis software (Version 2.5) and analysed using custom
Matlab software (MathWorks, Version 6.0).

Cadence was computed from the time taken to perform 10 strides and expressed in
steps per minute (ie 120 / average stride duration). Stride length was calculated from
average walking speed multiplied by the average stride duration calculated over 10
strides. Step length was assumed to be half stride length.

Small errors are introduced into acceleration measurements if the vertical axis of the
accelerometer is not aligned with global vertical (ie. gravity vector). To compensate
for this error, accelerometer outputs were recorded from a static calibration trial with
the subject standing in anatomical position. Under static conditions the accelerometer
outputs reflect the degree of tilt of the device in the sagittal and frontal planes, which
was subsequently accounted for in further analysis using a correction factor
determined from basic trigonometry. Dynamic changes in the alignment of the
accelerometer axes were assumed to be negligible due to the very small angular
displacements of the trunk during gait. Given that the angular displacement of the
trunk during gait is probably no greater than about 2 in the sagittal plane
(Cappozzo, 1981; Crosbie et al., 1997b; Thorstensson et al., 1984; Waters et al.,
1973), and that the error introduced by the change in axis alignment is proportional to
the cosine of the tilt angle with respect to vertical, the axis alignment error is
approximately 0.1% (the cosine of 2 is 0.999).
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Acceleration signals were low pass filtered using a dual pass zero lag Butterworth
filter with a cut-off frequency set at 30 Hz prior to further analysis. Heel contact and
toe-off events were obtained from footswitch data by determining when each
footswitch signal exceeded a voltage threshold. Subsequent analysis consisted of
identifying the amplitude of head and trunk accelerations as well as the degree of
coupling between head and trunk accelerations in the VT, AP and ML directions. All
analysis was performed on the middle ten strides of each walking trial.

The amplitude of head and trunk accelerations during each trial was assessed using
RMS amplitude computed over individual strides. The extent to which accelerations
were attenuated from trunk to head was assessed using the ratio of RMS head to trunk
acceleration according to Winter (1991). Peak positive (forward) and negative
(backward) accelerations along each axis during each gait cycle were also computed.
Cross-correlation analysis was performed to determine coupling relations between
head and trunk accelerations along each axis. From the cross-correlation analysis the
peak correlation coefficient, and the phase difference associated with this peak
correlation coefficient were used as a measure of the degree of coupling between the
head and the trunk accelerations along the VT, AP and ML axes.

3.2.4 Statistical analysis
Analysis of Variance (ANOVA) with Bonferroni corrections were used to determine
the effect of age (young versus elderly) on the dependent measures. The dependent
measures were classified as subject anthropometric characteristics (height, mass and
body mass index), basic gait variables (gait velocity, stride duration, cadence, step
length, stance duration, swing duration), acceleration amplitudes (RMS acceleration,
ratio of RMS head to trunk acceleration, and peak positive and negative head and
trunk accelerations in the VT, AP and ML directions), and coupling relations between
head and trunk accelerations (peak correlation coefficients, phase differences in the
VT, AP and ML directions). With the exception of subject anthropometric
characteristics all dependent measures were normalised for walking speed prior to
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statistical analysis. Statistical analysis was performed using SAS for Windows
(Release 8.0) with a significance level set at 0.05.

3.3 Results
Although no significant age-related differences were detected for any basic gait
variables, elderly subjects had a lower mean gait speed, cadence, and step length than
did the young subjects (Table 3.1).
Table 3.1. Basic gait data for young and elderly subjects (Mean  SD).
Variable
Gait velocity (m.s-1)
Stride duration (s)
Cadence (steps.min-1)
Step length (cm)
Stance duration (% gait cycle)
Swing duration (% gait cycle)

Young

Elderly

1.28 (0.15)
1.14 (0.06)
116.0 (10.5)
72.3 (4.2)
57.6 (2.2)
42.4 (2.2)

1.23 (0.15)
1.14 (0.10)
111.4 (13.7)
69.8 (3.8)
61.1 (1.6)
38.9 (1.6)

For all subjects, irrespective of age, the VT and AP head and trunk accelerations
during a full gait cycle were observed to follow a highly repeatable bi-phasic pattern.
By contrast head and trunk accelerations in the ML direction were characterised by a
mono-phasic pattern. The general profile of head and trunk accelerations in the ML
direction were also quite repeatable, especially for the head. For each axis, head
accelerations were observed to be an attenuated and smoother version of trunk
accelerations, indicating that the trunk acts as a low pass filter. This was especially
evident in the ML direction. Raw head and trunk accelerations in the VT, AP and ML
directions for 4 strides taken by a young subject are displayed in figure 3.2.
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Figure 3.2. Typical raw head and trunk accelerations in the VT, AP and ML directions
for 4 strides taken by a young subject. Vertical lines delineate gait cycles.
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Figure 3.3. Ensemble averages of young and elderly, head and trunk accelerations in
the VT, AP and ML directions for full gait cycle. Note that an alternate vertical axis
scale is used for ML accelerations.

Ensemble averages of head and trunk accelerations in the VT, AP and ML directions
for young and elderly subjects are displayed in figure 3.3. No significant differences
were detected for the effect of age on RMS accelerations (Table 3.2). However age
was observed to have a significant effect on peak positive (F(1, 14) = 9.11, p = 0.01)
and negative (F(1, 14) = 11.34, p < 0.01) AP acceleration of the trunk as well as the
peak negative (F(1, 14) = 5.26, p = 0.04) AP acceleration of the head (Table 3.2,
figure 3.4a,b,c).
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Table 3.2. RMS, peak positive, and peak negative head and trunk accelerations of
young and elderly subjects during constant speed gait (Mean  SD).
Variable
RMS
Acceleration (g)

Head

Trunk

Peak positive
Acceleration (g)

Head

Trunk

Peak negative
Acceleration (g)

VT
AP
ML
VT
AP
ML

Young
0.17 (0.11)
0.10 (0.07)
0.08 (0.05)
0.18 (0.12)
0.15 (0.10)
0.11 (0.08)

Elderly
0.17 (0.11)
0.11 (0.08)
0.10 (0.07)
0.18 (0.11)
0.14 (0.10)
0.11 (0.07)

VT
AP
ML
VT
AP
ML

0.47 (0.18)
0.22 (0.10)
0.18 (0.07)
0.51 (0.18)
0.40 (0.13)
0.25 (0.14)

0.45 (0.08)
0.12 (0.13)
0.24 (0.08)
0.54 (0.13)
0.26 (0.07) *
0.32 (0.12)

Head

VT
-0.26 (0.08)
-0.27 (0.09)
AP
-0.09 (0.09)
-0.20 (0.12) *
ML
-0.17 (0.05)
-0.19 (0.07)
Trunk VT
-0.28 (0.09)
-0.26 (0.08)
AP
-0.31 (0.08)
-0.43 (0.15) *
ML
-0.33 (0.22)
-0.31 (0.15)
* denotes significant difference between young and elderly groups (p<0.05).

The ratio of RMS head to trunk accelerations in the VT, AP and ML directions were
0.9610, 0.6615, and 0.7420 for young subjects and 0.967, 0.7936, and 0.9024
for elderly subjects respectively. Although mean values for this ratio were 13-16 %
higher for the elderly than young in the AP and ML directions, no significant agerelated differences were detected.
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Figure 3.4. Summary plots of individual subject means for statistically significant
variables. (a) Trunk AP peak positive acceleration, (b) head AP peak negative
acceleration, (c) trunk AP peak negative acceleration, and (d) AP phasing.

Ensemble averages for the cross-correlations between head and trunk accelerations in
the VT, AP and ML directions for young and elderly subjects are displayed in figure
3.5. Peak correlation coefficients were highest for VT, followed by AP, then ML
directions (Table 3.3, figure 3.5). While no age-related differences were detected for
peak correlation coefficients, the phase difference in the AP direction between head
and trunk accelerations was significantly greater (F(1, 14) = 4.90, p = 0.04) for the
young compared to the elderly subjects (Table 3.3, figure 3.4d). The negative phase
difference obtained for young and elderly subjects indicates that the acceleration of
the head lagged behind the acceleration of the trunk.
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Table 3.3. Peak correlation coefficients and phase differences between head and trunk
accelerations for young and elderly subjects (Mean  SD).
Variable
Peak correlation coefficient

Young
0.90 (0.04)
0.54 (0.07)
0.32 (0.09)

VT
AP
ML

Elderly
0.91 (0.04)
0.52 (0.10)
0.34 (0.10)

Phase difference (ms)

VT
0.3 (4.7)
-1.4 (5.4)
AP
-96.7 (50.4)
-31.3 (49.8) *
ML
70.4 (92.8)
35.0 (112.2)
* denotes significant difference between young and elderly groups (p<0.05).
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Figure 3.5. Ensemble averages of correlation coefficients between head and trunk
accelerations in the VT, AP and ML directions calculated over a full gait cycle.
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3.4 Discussion
The purpose of the present study was to use 3D accelerometry to assess whether any
age-related differences exist in relations between head and trunk accelerations during
natural walking. A group of healthy young and elderly subjects were recruited to
minimise the extraneous influence of neurological and musculoskeletal pathologies.
Acceleration measurements were made during walking using a pair of tri-axial
accelerometers attached to the head and lower trunk.

The general profiles of the measured head and trunk accelerations were similar across
all subjects, and highly consistent within subjects. The accelerometer placed on the
lower trunk produced an acceleration profile comparable to that associated with
ground reaction forces typically seen during gait. This is because the trunk
accelerometer was positioned close to the centre of gravity of the body, on the third
lumbar vertebrae. Positive (upward) vertical trunk accelerations were evident at the
beginning and end of the stance phase with a negative (downward) acceleration
during midstance. In the AP direction there was a brief forward acceleration of the
lower trunk immediately following heel contact due to the push-off of the contralateral (left) leg which was followed by a deceleration through to mid-stance. In
terminal stance the AP acceleration again became positive due to push-off on the right
leg. Trunk accelerations in the ML direction were in general smaller and less
consistent than for the VT and ML directions but a repeating pattern was still
discernible.

Results of the present study indicate that head accelerations along each principal axis
were an attenuated version of the corresponding trunk accelerations. It is therefore
apparent that the flexible trunk and neck segments partially dampen accelerations
from the lower trunk to head, although the extent of the attenuation between trunk and
head differed between axes. Consistent with the results of Winter (1991), head
accelerations in the AP direction were attenuated to a greater extent than for the VT
direction in young and elderly groups. Although no significant age-related differences
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in trunk to head accelerations were detected in the present study, mean values for AP
and ML head to trunk acceleration ratios were 13-16% higher in the elderly, a trend
similar to that reported previously (Winter, 1991). It was also evident from the results
of present study that vertical accelerations between the trunk and head were more
tightly coupled than AP and ML accelerations. This was reflected in the relatively
high peak correlation coefficients and low phase differences determined from crosscorrelation analysis. In general these results indicate that the trunk does not play a
major role as a shock absorber in the vertical direction, but instead seems to be more
important for stabilising the head in the AP direction during walking gait. Such
stabilisation in the AP direction may be attributed to passive structures of the spinal
column, or sequential activation of spinal musculature which has been described as a
top down control mechanism (Prince et al., 1994). It has therefore been hypothesised
that AP attenuation of trunk to head accelerations helps to provide a more stable
visual platform (Prince et al., 1994; Winter, 1995b).

The majority of accelerometry based gait studies have quantified the amplitude of
head and trunk accelerations using RMS measures. While RMS calculated over a full
gait cycle is a useful global measure of signal amplitude, it may not be sensitive to
differences in local signal features as indicated by the results of the present study. No
significant differences due to age were detected for RMS 3D head and trunk
accelerations. However peak positive AP trunk accelerations were significantly higher
for young subjects while peak negative AP head and trunk accelerations were
significantly greater for elderly subjects. Since the peak positive AP acceleration is
associated with the push-off phase of terminal stance, and the peak negative AP
acceleration is associated with braking forward motion prior to mid stance, these
results indicate that elderly subjects accelerate less during late stance and brake more
during early stance than their younger counterparts. Reduced elderly AP trunk
accelerations have been previously reported and may be due to decreased ankle power
generation during push-off in the elderly (Winter, 1991). Taken together these results
appear to indicate that the elderly use a more cautious gait strategy, perhaps with the
goal of improving dynamic balance during the most unstable part of the gait cycle
when only one foot is in contact with the ground.
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From the cross correlation analysis performed in the current study it was found that
the AP trunk accelerations preceded AP head accelerations in time for fourteen out of
the sixteen subjects. It was also found that the lag between the accelerations
experienced by the trunk relative to those experienced by the head was significantly
longer for the young compared to the elderly group. The presence of stronger
coupling between head and trunk accelerations may indicate that the elderly spine
behaves more like a rigid segment than for the younger subjects, with more
simultaneous head and trunk accelerations observed in the elderly group. This may
reflect a more conservative gait strategy in the elderly by providing a perception of
enhanced gait stability. The observation that older adults often assume a more rigid
and guarded posture than young adults has also previously been made by Woollacott
and Tang (1997). Although previous studies have reported that elderly subjects are
known to use a shorter step length than their younger counterparts (Crosbie et al.,
1997a; Prince et al., 1997), no such differences were detected in the present study.
The present findings therefore suggest that age-related differences in head and trunk
accelerations are an intrinsic characteristic of ageing rather than a secondary effect of
differences in step length. However caution must be taken when generalising these
findings to previous studies, as age-related differences in step length become more
obvious at faster gait velocities (Crosbie et al. 1997a), a feature that was not explored
in the present study.

3.5 Conclusion
Overall, results of the present study have revealed new insights into the coordination
of the trunk during normal walking and highlighted key differences in trunk
coordination between healthy young and elderly subjects. Specifically it has been
demonstrated that the trunk segment plays an important role in stabilising the anteriorposterior motion of the head during walking but plays only a minor role in attenuating
trunk to head accelerations in the vertical direction. The statistically significant
differences in head and trunk accelerations between young and elderly subjects were
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restricted to the anterior-posterior direction. These differences are probably motivated
by the need maximise dynamic stability in critical parts of the gait cycle.
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4.1 Introduction
During the seemingly automatic task of walking, the postural system is confronted
with the problem of ensuring mobility while at the same time maintaining whole body
stability. This act of ensuring stability under dynamic conditions is by no means a
trivial undertaking, as the postural system must contend with many intrinsic and
extrinsic factors which can compromise posture (Newell, 1986a; Newell, 1985). The
structure of the human body is in fact inherently unstable by design with the largest
body segment (ie. the trunk) being located relatively distant from the ground. The
trunk does however serve a number of beneficial control functions during locomotion.
For example it plays an important role in steering (Patla et al., 1999), functions to
minimise the angular displacement of the upper body relative to vertical (Cromwell et
al., 2001a; Thorstensson et al., 1984), and acts to attenuate gait related oscillations
from impacting on head motion during gait (Cappozzo, 1981; Ratcliffe and Holt,
1997). These examples highlight the multifaceted role the trunk plays in controlling
upright posture during walking and reinforces the general view that the upper body
should not simply be portrayed as a passive passenger unit during gait (Winter et al.,
1993; Winter et al., 1990c).

Arguably one of the most critical features of trunk control relates to its role in
minimising the impact of gait related oscillations on head motion.

The act of

stabilising the head, as evidenced by the low amplitude accelerations at the head
compared to lower trunk during walking (Kavanagh et al., 2004; Menz et al., 2003b),
ensures the effect of gait related oscillations on visual and vestibular inputs is
minimised (Holt et al., 1999; Pozzo et al., 1990). The associated reflexes from
vestibular, proprioceptive, and ocular sources, combined with the inherent neuromechanical dynamics of the trunk appear to play complimenting roles in achieving
head control. Previous research has shown that upper body accelerations in the plane
of travel are gradually attenuated from inferior to superior, a process that may be
associated with the top-down recruitment of paraspinal muscles during walking
(Prince et al., 1994). This finding supports the suggestion that the coordinated motion
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of the upper body may result in the trunk operating as a low pass filter for the
attenuation of gait related harmonics (Kavanagh et al., 2004). While there is a
developing body of literature which has shown that gait related oscillations at the head
are an attenuated version of what is observed in other, more inferior body segments
(Kavanagh et al., 2004; Menz et al., 2003b; Winter et al., 1990c), little is still known
about the nature of the oscillations experienced by each body segment in each plane
of motion and the relationship between them.

Understanding the relationships between the oscillatory properties of the head and
trunk becomes more relevant when one considers that during walking, the
acceleration pattern exhibited for the upper body is cyclical in nature, with VT and AP
acceleration patterns repeating twice in every stride and ML accelerations repeating
once (Auvinet et al., 2002; Smidt et al., 1971; Yack and Berger, 1993). Thus, not
only does the postural system attenuate gait related oscillations between the trunk and
head, it also compensates for the fact that oscillations in different planes are
characterised by different modal frequencies, and may be coordinated by independent
control systems. For example, postural sway in the AP direction is controlled largely
by the ankle muscles, with the ML direction being controlled primarily by the hip
muscles (Winter et al., 1996). The question therefore becomes, how is the postural
system able to ensure stability of the whole body under dynamic conditions? In order
to gain a better insight as to the nature of the coordinative strategy employed by the
postural system during walking, a more detailed examination of the characteristics of
the head and trunk oscillatory dynamics, and their relations, is required.

A commonly employed technique for examining upper body control during walking
involves directly measuring accelerations experienced by the head and trunk
(Kavanagh et al., 2004; Menz et al., 2003a; Menz et al., 2003b, 2003c). The majority
of these studies have employed either conventional time domain analysis methods
(i.e., RMS amplitude, peak amplitude) or methods based on frequency analysis (i.e.,
harmonic ratio) to examine upper body acceleration patterns. Surprisingly, there have
been few reported studies that have utilised other analysis methods such as
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conventional power spectral analysis or measures of signal regularity to compliment
the current understanding of gait related oscillations.

Examining both the frequency and regularity nature of gait related oscillations may be
particularly beneficial for expanding our understanding of trunk control, and upper
body coordination strategies employed during gait. For example, measures such as
Approximate Entropy (ApEn) and Cross ApEn, which provide information regarding
the degree of irregularity of a given time series signal (Pincus, 1991, 2000, 2001;
Pincus and Singer, 1996), have provided further insight to the dynamics underlying
the coordination of cyclical processes such as physiological tremor (Morrison and
Newell, 1999; Vaillancourt and Newell, 2000b) and hormone secretion (Gusenoff et
al., 2001; Veldhuis et al., 2001).

These measures also have potential to assist

understanding of how the postural control system facilitates dynamic stability during
walking.

The purpose of this study was to investigate the relationship between oscillatory
dynamics of the head and trunk in each plane of motion during gait. It was
hypothesised that gait-related accelerations of the head would be minimised relative to
the trunk in each plane. Furthermore, it was hypothesised that differences in the
coupling between the accelerative output for the trunk and head in each direction
would be observed. Closer examination of the relative differences in accelerative
dynamics and coupling may provide further insight into both the attenuation process
and the coordination strategy employed by the postural system in order to maintain
stability during gait.

4.2 Methods
4.2.1 Subjects and experimental design
Ten healthy subjects (age: 23  4 years) free from neurological dysfunction and
musculoskeletal pathology volunteered to participate in the study. Informed consent
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was received from each subject prior to participating. All testing protocols were in
accordance with Griffith University’s ethics requirements. Each subject was
instructed to perform five walking trials at their preferred cadence along a level 20 m
walkway (average walking speed: 1.30  0.15 m.s-1). Subjects were required to walk
in a straight line at a constant speed whilst focussing on a target set at eye level which
was located at the end of the walkway.

4.2.2 Data collection
Tri-axial accelerometers (Crossbow CXL02LF3, range  2g) were attached to the
head (posterior pole of the occipital bone) and trunk (L3 spinous process) to measure
accelerations in the vertical (VT), anterior-posterior (AP), and mediolateral (ML)
directions during each walking trial. Each accelerometer was statically calibrated on a
flat horizontal surface prior to each testing session. A trigonometric correction was
used to account for the small tilt angle between the vertical axis of the accelerometer
when it was attached to the subject and global vertical (gravity vector). As each
accelerometer provided a measure of linear acceleration, it was not possible to
account for the dynamic changes in tilt angle due to gait-related head and trunk
angular rotations. Heel contact and toe off events were identified using a footswitch
system that consisted of a pair of force sensing resistors embedded in each subjects
right shoe. Accelerometer and footswitch data were sampled at 512 Hz using a
portable datalogger (Valitec AD2000 Ready DAQ), which was attached to a waist belt
worn by the subject. Walking speed was assessed using an Omron E3JK-R4M2 light
gait system.

4.2.3 Data analysis
All acceleration data were subjected to power spectral analysis, harmonic analysis and
measures of signal regularity using software developed in Matlab (Mathworks
Release 12, version 6.0). A second-order, zero-lag, low pass Butterworth filter with a
cutoff frequency of 30 Hz was applied to the raw acceleration data prior to further
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analysis. Power spectral analysis was performed on head and trunk accelerations
collected during the middle 10 strides of each walking trial. The dependent measures
attained from the frequency analysis were the total power from 0-15 Hz (g2), the peak
power (calculated from the dominant frequency peak, g2), the frequency (Hz) of the
peak power (termed peak frequency), and the frequency at 25, 50, and 75 % of
cumulative power (CP) of each walking trial.

Harmonic ratios were calculated for each subject’s head and trunk accelerations in the
VT, AP, and ML directions. Harmonic coefficients were extracted for acceleration
waveforms via Fourier Transformation, where stride duration determined the
fundamental frequency. For VT and AP directions, the first 20 even harmonics (in
phase movement) were summed and divided by the sum of the first 20 odd harmonics
(out of phase movement) to give the harmonic ratio. Odd harmonics were divided by
even harmonics to generate harmonic ratios for the ML direction (Menz et al., 2003b).
Higher harmonic ratio values were representative of increased smoothness in the
walking pattern.

The degree of structure, or regularity, of individual acceleration signals was assessed
using Approximate Entropy (ApEn) (Pincus, 1991). ApEn returns a single value
indicating the degree of repeatable pattern features (approaches zero with increased
regularity) or process randomness (approaches two with increased irregularity). ApEn
was calculated by establishing the logarithmic likelihood that a sample of data will
remain within a tolerance window defined as 20% of the standard deviation (r = 0.2)
in subsequent data increments of one data point (m = 1) within a serial signal (Pincus,
1991). For a thorough review of ApEn and the conditions for appropriate use, refer to
Chapter 2, section 2.6.3 Non-linear dynamics.

The degree of coupling between directions for the head and trunk was calculated by
applying Cross ApEn to paired accelerations (r = 0.2, m = 1), whereby the degree of
synchrony, or frequency similarity, between standardised serial signals was examined
(Pincus, 2000; Pincus and Singer, 1996). Cross ApEn was applied between the VTAP, VT-ML, and AP-ML directions in order to give a measure of the directional
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coupling within the head and within the trunk.

A higher Cross ApEn value is

indicative of weaker coupling between paired acceleration signals, whilst a value that
approaches zero indicates a stronger degree of signal congruence and coupling.

4.2.4 Statistical analysis
A within-subject full factorial Analysis of Variance (ANOVA) with repeated
measures was used to determine the effects of location (head vs trunk) and direction
of accelerations (VT, AP, and ML) on the dependent variables (ie. power spectral,
harmonic and regularity measures). A-priori contrasts were used to locate specific
differences between directions. All data were normalised to gait velocity prior to
statistical analysis. All statistical analysis was performed using SAS for Windows
(Release 8.0), with the level of significance set at 0.05.

4.3 Results
4.3.1 Power spectral analysis
Representative 3D acceleration data and corresponding power spectrums are
presented in figure 4.1. Overall, frequency profiles of head and trunk accelerations
were similar for the VT and AP directions. In contrast, frequency profiles of
accelerations in the ML direction reveal different characteristics to the VT and AP
direction. Head accelerations in the ML direction were characterised by a peak
frequency corresponding to half of the peak frequency for the VT and AP directions.
Trunk accelerations in the ML direction showed no consistent peak frequency.

Summary data for total power, peak power and peak frequency are displayed in figure
4.2. Significant main effects for location (Head: 50.5  36.1 g2, Trunk: 76.1  33.0 g2,
F(1, 9) = 15.26, p < 0.01) and direction (VT: 112.3  33.3 g2, AP: 46.7  21.5 g2,

ML: 30.9  14.2 g2, F(2, 18) = 60.05, p < 0.01) were detected for total power between
0 and 15 Hz. Examination of contrasts revealed significant differences in total power
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Figure 4.1. Representative acceleration profiles, and power spectrums for the head
and trunk in the vertical, anterior-posterior, and mediolateral directions. Note
differences in vertical axis scales for spectral plots.

between the VT and AP (F(1, 18) = 69.74, p< 0.01), and VT and ML (F(1, 18) =
106.71, p < 0.01) directions. A significant location by direction interaction was also
identified (F(2, 18) = 4.55, p = 0.04), with the greatest decrease in total power from
trunk to head occurring in the AP direction. Direction had a significant main effect on
peak power (VT: 51.2  3.9 g2, AP: 17.1  1.1 g2, ML: 6.6  0.8 g2, F(2, 18) = 64.21,
p < 0.01), with contrasts revealing significant differences between all three directions
(VT-ML: F(1, 18) = 117.52, p < 0.01, ML-AP: F(1, 18) = 6.57, p = 0.02, VT-AP:
F(1, 18) = 68.53, p < 0.01). A significant location by direction interaction was also
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Figure 4.2. Significant two-way interaction effects between location and direction for
(a) the total power, (b) peak power, and (c) the frequency of the peak power of head
and trunk accelerations during preferred speed walking. Error bars represent one
standard error of the mean.

identified (F(2, 18) = 4.03, p = 0.03), with peak power increasing from the trunk to
the head in the VT and ML directions but decreasing from the trunk to the head for
the AP direction. The peak frequency in the VT and ML directions was in the range of
1.62-1.98 Hz for all subjects. Significant main effects for location (Head: 1.53  0.06
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Hz, Trunk: 2.66  0.27 Hz, F(1, 18) = 14.86, p < 0.01) and direction (VT: 1.73  0.03

Hz, AP: 1.73  0.03, ML: 2.82  0.43 Hz, F(2, 18) = 5.50, p = 0.01) were detected for
peak frequency, with contrasts indicating significant differences between the ML and
VT (F(1, 18) = 8.27, p = 0.01), and ML and AP (F(1, 18) = 8.24, p = 0.01) directions.
A significant location by direction interaction effect was also observed (F(2, 18) =
14.92, p < 0.01), with the differences in peak frequency between the head and trunk
greatest in the ML direction.

Cumulative power (CP) plots for VT and AP head and trunk accelerations followed
similar trends, with CP increasing rapidly at the step frequency of approximately 2 Hz
(figure 4.3). A rapid increase in CP at the stride frequency of approximately 1 Hz was
observed for ML head accelerations, however this was less evident for the ML trunk
accelerations where a greater relative power content was present at higher
frequencies. Location had a significant main effect on frequency at 25% (F(1, 9) =
14.86, p < 0.01), 50% (F(1, 9) = 7.06, p = 0.03) and 75% CP (F(1, 9) = 136.69, p <
0.01). Mean values for location were lower for the head (25%CP: 1.38  0.05 Hz,

50%CP: 1.61  0.10 Hz, 75%CP: 2.30  0.11 Hz) compared to the trunk (25%CP:
2.13  0.13 Hz 50%CP: 3.48  0.32 Hz, 75%CP: 6.46  0.38 Hz). Direction had a
significant main effect on frequency at 50% (F(2, 18) = 77.20, p < 0.01) and 75% CP
(F(2, 18) = 17.83, p < 0.01), with mean values for direction being lower at 50% CP
(VT: 1.82  0.07 Hz, AP: 4.27  0.42 Hz, ML: 3.83  0.50 Hz) compared to
corresponding values for 75% CP (VT: 2.99  0.28 Hz, AP: 4.51  0.46 Hz, ML: 5.65

 0.62 Hz). Examination of contrasts identified significant differences between the
ML and VT, and ML and AP directions for both 50% (ML-VT: F(1, 18) = 91.84, p <
0.01, ML-AP: F(1, 18) = 135.57, p < 0.01) and 75% CP (ML-VT: F(1, 18) = 35.35, p
< 0.01, ML-AP: F(1, 18) = 6.09, p = 0.02). Significant location by direction
interactions were also observed for the frequency at 25% (F(2, 18) = 14.92, p < 0.01),
50% (F(2, 18) = 275.10, p < 0.01), and 75% of CP (F(2, 18) = 14.40, p < 0.01). In
general, the difference in frequency between the trunk and the head at 25%, 50%, and
75% was greatest in the ML direction.
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Figure 4.3. Ensemble averages of cumulative power for head and trunk accelerations
in the vertical, anterior-posterior, and mediolateral directions.
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4.3.2 Harmonic analysis
Significant main effects for location (Head: 1.44  0.30, Trunk: 1.34  0.19, F(1, 9) =
8.46, p < 0.01) and direction (VT: 1.41  0.31, AP: 1.33  0.22, ML 1.45  0.24, F(2,
18) = 8.87, p < 0.01) were detected for the harmonic ratio, with contrasts revealing
significant differences between the AP and ML (F(1, 18) = 16.73, p < 0.01), and VT
and ML (F(1, 18) = 8.84, p < 0.01) directions (figure 4). A significant location by
direction interaction effect was also observed (F(2, 18) = 5.43, p = 0.01). The greatest
difference between the head and trunk was in the ML direction, with the harmonic
ratio of the head being greater and hence smoother than for the trunk.
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Figure 4.4. Significant two-way interaction effect between location and direction for
(a) Harmonic Ratio and (b) Approximate Entropy (ApEn). A greater Harmonic Ratio
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indicates increased signal smoothness. A greater ApEn value indicates decreased
signal regularity. Error bars represent one standard error of the mean.

4.3.3 Regularity analysis
Significant main effects for location (Head: 0.28  0.09, Trunk: 0.38  0.09, F(1, 9) =
24.07, p < 0.01) and direction (VT: 0.26  0.07, AP: 0.35  0.07, ML: 0.39  0.12,

F(2, 18) = 13.39, p < 0.01) were detected for ApEn. A-priori contrasts indicated
significant differences between the ML and VT (F(1, 18) = 25.25, p < 0.01), and VT
and AP (F(1, 18) = 12.84, p < 0.01) directions. A significant location by direction
interaction was also observed (F(2, 18) = 3.88, p = 0.04), with ApEn decreasing
markedly from trunk to head in the VT and ML directions, but not for the AP
direction (figure 4.4). The most regular signal (lowest ApEn) was the VT head
acceleration, with the least regular (highest ApEn) being the ML trunk acceleration.
The greatest difference in ApEn between the head and trunk was in the ML direction.

When Cross ApEn was performed across 3 direction couples (VT-AP, VT-ML, and
AP-ML), significant main effects were detected for location (Head: 0.24  0.03,
Trunk: 0.36  0.01, F(1, 9) = 649.83, p < 0.01) and directional couple (VT-AP: 0.28 
0.02, VT-ML: 0.28  0.03, and AP-ML: 0.33  0.03, F(2, 18) = 58.30, p < 0.01). A-

priori contrasts revealed significant differences between the VT-AP and AP-ML
combination (F(1, 18) = 94.82, p < 0.01), and the VT-ML and AP-ML combination
(F(1, 18) = 79.39, p < 0.01). A location by direction couple interaction was also
detected (F(2, 18) = 10.61, p < 0.01) with lower Cross ApEn values for the head
compared to the trunk across all directional couples. Mean Cross ApEn values for
each direction couple are displayed in figure 4.5.
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Figure 4.5. Significant two-way interaction effect between location and direction
couple for Cross ApEn. A greater Cross ApEn value indicates less synchrony between
acceleration signals. Error bars represent one standard error of the mean.

4.4 Discussion
This study investigated the relationship between oscillatory dynamics of the head and
trunk in each plane of motion during gait, with the goal of further understanding the
coordination strategy employed by the postural system to maintain stability during
locomotion. From a control perspective it was of particular interest to know how the
oscillatory properties of the upper body differed according to location (head vs trunk)
and direction (VT, AP and ML). This study has built upon previous research
concerned with dynamic stability during gait by examining the relationship between
gait-related head and trunk accelerations by means of power spectral, harmonic, and
regularity analyses.
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4.4.1 Head-trunk acceleration patterns during gait
The results of the present study indicate that accelerations at the head are an
attenuated version of the accelerations experienced by the lower trunk, a finding
which is consistent with that of previous investigations (Menz et al., 2003b; Winter,
1991; Winter et al., 1990c). As hypothesised, the results of the power spectral analysis
revealed that total signal power was reduced for the head compared to the trunk in
each direction, and that peak power and peak frequency were reduced for the AP and
ML directions respectively. Similarly, the frequency at 25%, 50% and 75% of
cumulative power were also lower for the head compared to the trunk. The overall
consequence of this damping capacity of the upper body is that oscillations of the
head were minimised during gait. This result is consistent with the finding that head
accelerations were overall more regular (lower ApEn) in each direction, and more
smooth (higher harmonic ratio) for the AP and ML directions than accelerations of the
lower trunk, and that tighter coupling (synchrony) was observed between the
accelerations in the different planes for the head compared to the trunk (lower Cross
ApEn for the head than the trunk).

4.4.2 Directional acceleration patterns during gait
The majority of variables assessed in this study were observed to differ as a function
of direction, indicating differing postural control requirements for each plane of
motion. Frequency analysis revealed that whilst power spectra for VT and AP head
and trunk accelerations were similar in shape, there was a notable difference in the
magnitude of power. Both VT and AP accelerations were characterised by a peak
frequency at approximately 2 Hz, which is known to coincide with step frequency
(Hirasaki et al., 1999), and accounted for the majority of the total signal power
(>50%) in each direction. However, the total power and peak power in the VT
direction was on average more than double that for the AP direction.
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In contrast to the AP and VT directions, a different frequency pattern was evident for
ML accelerations, especially at the trunk. ML accelerations were associated with the
lowest amplitude of all directions, with no single dominant peak observed for ML
accelerations at the trunk. Instead, the frequency profile for ML trunk accelerations
were characterised by multiple low amplitude peaks between 1-11 Hz., with only 13%
of the total ML power for the trunk located below 2 Hz. The observation of a more
broadband, higher frequency signal for the trunk ML acceleration has been reported
previously (Moe-Nilssen, 1998b), however there has been little speculation as to the
origin or significance of such components. One suggestion could be that this higher
frequency component arises from intrinsic involuntary oscillations within the body
which may be either mechanical and/or neuromuscular in nature (Freund and Hefter,
1993; Zedka and Prochazka, 1997). It may also be argued that the postural system
places a low priority on regulating ML trunk accelerations during gait because they
are characterised by relatively low signal power compared to the signals associated
with the plane of progression. Interestingly, high frequency signal components
observed at the trunk were not reflected in the pattern of ML accelerations at the head.
At the head, the power spectral profile was characterised by a single frequency peak
observed at approximately 1 Hz, which coincides with the stride frequency. This 1 Hz
dominant frequency in the ML direction was observed only at the head providing
further evidence that head stability is paramount during gait.

During walking, compensatory head rotations have been observed to occur in an
attempt to offset translational and rotational motion of the head (Hirasaki et al., 1999;
Imai et al., 2000; Pozzo et al., 1990). It has been suggested that when the upper body
is subjected to angular motion at frequencies less than 1 Hz, such as ML accelerations
in the present study, the head can be successfully stabilised by voluntary control
mechanisms (Keshner and Peterson, 1995a). However as the peak frequency of the
head in the present study was generally between 1.5 and 2 Hz for VT and AP
accelerations, vestibulocollic and cervico-collic reflexes may be responsible for
compensatory rotations of the head (Hirasaki et al., 1999; Keshner and Peterson,
1995a). Additionally, such rotations are likely to be an active, rather than a passive
process, as the inertia of the head can be considered negligible below 3 Hz (Keshner
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et al., 1995a; Pozzo et al., 1990). As each subject was required to focus on a target
located 5m past the end of the walkway, angular vestibulo-ocular reflexes may have
activated rotational eye movements opposite to direction of head displacement to
assist with maintaining gaze fixation (Moore et al., 1999). The significance of
potentially activating several reflex loops during walking is that maintaining head
control cannot be solely attributed to the neuro-mechanical attenuation of gait-related
oscillations throughout the trunk. Although by minimising accelerations prior to the
head, the postural system is effectively regulating the orientation of the head and the
inclusive sensory organs.

The fundamental frequency at the head for acceleration in the ML direction was half
the fundamental frequency for the VT and AP directions. This finding was expected,
as more superior spinal segments should approximately follow the progression of the
COG. Interestingly however, there was little crosstalk between the VT/AP and ML
directions of the head. That is, the dominant power seen at 2 Hz for the VT and AP
head accelerations were not particularly evident in the frequency profile of the ML
head acceleration. Similarly, the 1 Hz peak in the ML direction was not discernible in
the VT and AP directions.

The lack of interaction between AP/VT and ML

accelerations was further reinforced by the results of the Cross ApEn analysis. This
analysis, which examined the degree of coupling between two signals, revealed
weaker relations between accelerations in the AP and ML directions compared to the
other directional couples. Specifically, the frequency profile for the AP and ML
accelerations were the least similar, which underlies the lack of coupling (synchrony)
between these two signals. Obvious parallels can be drawn between the results of this
study which have demonstrated a lack of similarity between accelerations in the ML
and AP directions during gait and those reported for the control of quiet stance
(Winter et al., 1996). The lack of any significant ML-AP coupling was taken by
Winter and colleagues (1996) as evidence for independent postural control of sway in
the ML and AP direction during quiet stance.
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4.5 Conclusion
This study was designed to examine the dynamics of gait-related accelerations of the
head and trunk in each plane of motion during walking on a level surface. Power
spectral analysis revealed that total signal power decreased from trunk to head in each
direction, primarily through the attenuation of relatively high frequency signal
components (harmonics). Head accelerations were also found to be more regular than
for the trunk in each direction, with a greater degree of coupling between directions
also evident at the head. Furthermore, the weakest coupling at the head and trunk was
between the AP and ML directions. This result probably reflects the different modal
frequency and bandwidth of the ML accelerations compared to the AP direction, as
well as differences in the neuromuscular control strategies responsible for stabilising
the postural system in the ML direction during gait.

The approach described in this experiment to quantify the oscillatory dynamics of
upper body motion has the potential to provide insight into the coordination strategies
employed by special populations to achieve postural stability during walking. While
the present study provided baseline normative data, in future it will be of interest to
examine oscillatory dynamics of the upper body in populations such as the healthy
and frail elderly, and the obese, where maintaining stability is a topic of concern. In
other pathophysiologic groups the approach may be useful for quantifying the degree
of impairment, and to monitor the effect of medical, therapeutic and pharmacological
interventions (eg. individuals with Parkinson’s Disease). The ease with which data
can be collected and analysed makes this approach particularly applicable to the
clinical setting.
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5.1 Introduction
A general decline in sensorimotor and neuromuscular function is often cited as a
reason for the decreased functional capacity of the elderly individual (Lexell, 1993).
These declines occur at many levels of the motor system and have been shown to
manifest during gait as; decreased walking velocity, stride length, and ankle joint
power during push-off, along with an increased duration spent in double support
(Prince et al., 1997; Winter, 1991; Woollacott and Tang, 1997). Together these agerelated changes in gait dynamics reflect a more cautious walking strategy that
contributes to maintaining balance and stability (Winter, 1991).

Studies of upper body motion during gait have revealed that the trunk plays an
important role in minimising the motion of the head by attenuating gait-related
oscillations, presumably to regulate input to the visual and vestibular apparatus
(Kavanagh et al., 2005b; Prince et al., 1994; Winter, 1991). However the underlying
coordination strategies which result in the dynamic control of head motion during gait,
particularly in the older individual, are still not clear. Although only a small number of
studies have examined age-related changes in upper body dynamics during gait, there
is evidence that ageing is associated with changes in the pattern of upper body
accelerations. For example, in comparison to young individuals, the elderly tend to
exhibit lower RMS accelerations (Menz et al., 2003c), and differences in amplitude
and timing of peak accelerations of the head and trunk during critical parts of the gait
cycle (Kavanagh et al., 2004). While these studies illustrate that the ageing process
results in specific postural adaptations (by examining differences in discrete spatialtemporal variables), they do not examine the time-dependent structure of the
biological signal, which may assist in better understanding dynamic stability during
walking (Buzzi et al., 2003; Dingwell et al., 2000).

One means by which to examine neuromuscular adaptations due to ageing has been to
quantify changes in the pattern, or the time-dependent structure, of the motor output
(Yates, 1987, 1988). Previous investigations have revealed that, for measures such as
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heart rate variability (Goldberger et al., 2002a), cardiovascular dynamics (Kaplan et
al., 1991), and stride-to-stride variation (Hausdorff et al., 1997), differences between
young and elderly can be identified in the structure of the signal output. These findings
prompted the view that the normal ageing process is generally reflected by a decrease
in signal complexity (Goldberger et al., 2002b). The significance of a decrease in
signal regularity is that it may provide an indication of impaired functional capacity.
While it has also been argued that the aging process can be associated with increases
in the complexity of motor output (Vaillancourt and Newell, 2002a, 2002b; Yates,
2002), a lack of any change in signal output may provide insight as to the ability of the
aging motor system to preserve control over that specific element of that system. This
lack of change in signal output may reflect a fundamental goal of the system to
prioritise control over the output at one level of the system in preference to another.
Such a preferential control strategy would be most evident under conditions where the
signal output at one level of the system is shown to alter as a function of ageing, while
another level of the system exhibits no discernable change. For instance, if there is a
fundamental requirement of the postural system to prioritise the control of head
motion over the motion of other more inferior segments, then the subsequent motor
output for the head may not differ in terms of signal complexity with age. One
potential consequence of this is that, for the ageing system, endeavouring to maintain
head control may be at the expense of coordinating movement of other body segments,
such as the trunk, which may exhibit significant changes in complexity with age.

Examining the relative differences in accelerative dynamics and coupling between the
head and trunk may provide further insight into the coordination strategy employed by
the elderly in order to maintain stability during gait. Therefore, the purpose of this
study was to examine the effect of normal ageing on the pattern and structure of head
and trunk accelerations during walking. It was hypothesised that the young and
healthy elderly groups would exhibit similar patterns of head accelerations, reflecting
the essential need to maintain head control during walking. However, it was
anticipated that age-related differences in the time-dependent structure of trunk
accelerations would be observed, as the ageing process is generally associated with
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changes in lower limb gait dynamics that may impact on the dynamics of the lower
trunk.

5.2 Methods
5.2.1 Subjects and experimental condition
Eight young (23  4 years) and eight elderly males (74  3 years) volunteered to
participate in the study. All participants were community living and free from
neurological dysfunction and musculoskeletal pathology. Each participant performed
five straight line walking trials at their preferred cadence along a level 20 m walkway,
whilst focussing on a target set at eye level which was located at the end of the
walkway. All testing protocols were in accordance with Griffith University’s ethics
requirements.

5.2.2 Data collection
Two triaxial accelerometers (Crossbow CXL02LF3, range  2 g) were used to
measure head and trunk accelerations in the vertical (VT), anterior-posterior (AP), and
mediolateral (ML) directions during each walking trial. Accelerometers were attached
over the occipital pole of the participants head via a firm fitting elastic headband, and
over the L3 spinous process using rigid sports tape. Prior to data collection each
accelerometer was statically calibrated on a flat horizontal surface, so that the output
of the stationary accelerometer corresponded to -1g for the vertical axis, and 0g for
the horizontal axes. A trigonometric correction was applied to acceleration signals in
order to remove the effect of accelerometer tilt associated with quiet stance
(Kavanagh et al., 2004). A footswitch system similar to Hausdorff et al. (1995a) was
used to identify foot contact events. Accelerometer and footswitch data were sampled
at 512 Hz using a portable datalogger (Valitec AD2000 Ready DAQ), which was
worn on a belt around the participant’s waist. Walking velocity was calculated from
three pairs of Omron photoelectric light gates (E3JK-R4M2) positioned along the
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walkway. Stride duration was calculated from the middle 10 strides of the walking
trial. Cadence was computed from the time taken to perform 10 strides and expressed
in steps per minute (ie. 120 / average stride duration).

5.2.3 Data analysis
Frequency analysis, harmonic analysis and measures of signal regularity were applied
to all acceleration data using custom software developed in Matlab version 6.0
(Mathworks R12). A low pass Butterworth filter (second-order, zero-lagged) with a
cutoff frequency of 30 Hz was applied to the raw acceleration data prior to analysis.
Power spectral analysis was performed on head and trunk accelerations collected
during the middle 10 strides of each walking trial. From the power spectral analysis,
the cumulative power (CP) of head and trunk accelerations in the VT, AP and ML
directions was calculated. CP is a measure of relative power content of a signal,
whereby the amplitude of power is cumulatively summed at each frequency and
expressed as a percentage of the total power of the signal (Kavanagh et al., 2005b).
CP was examined at 1 Hz intervals until a bifurcation, or a relative increase in the
difference between two CP profiles was identified, indicating that a difference in the
distribution of power content originated at that particular frequency. If bifurcation
occurs between two CP profiles, the signal with the lower CP at a given frequency
will contain a greater proportion of power at higher frequencies.

Signal smoothness and rhythmicity of walking patterns were assessed using the
harmonic ratio for each participant’s head and trunk accelerations (Smidt et al., 1971).
Harmonic coefficients were extracted from acceleration signals via Fourier
Transformation, with the fundamental frequency determined from stride duration. For
VT and AP directions, the first 20 even harmonics (in phase movement) were
summed and divided by the sum of the first 20 odd harmonics (out of phase
movement) to give the harmonic ratio (Smidt et al., 1971). Odd harmonics were
divided by even harmonics to generate a harmonic ratio for the ML direction (Menz et
al., 2003b). Higher harmonic ratios were therefore indicative of greater smoothness in
the walking pattern.
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Signal structure was assessed using Approximate Entropy (ApEn), which is a measure
of likelihood of predicting future behaviour of a time series based on past values of
the signal (Pincus, 1995). ApEn analysis provides a single value between 0 and 2
which represents the degree of signal regularity (approaches zero), or irregularity
(approaches two) (Pincus, 1991). For example, a signal that has future time series
values that are independent of past values, such as white Gaussian noise, would
behave in an unpredictable manner and return an ApEn value close to two.

The degree of coupling between the head and trunk was calculated by applying Cross
ApEn to paired head and trunk acceleration signals in each direction (ie. VT, AP and
ML) (Pincus, 2000; Pincus and Singer, 1996). Cross ApEn quantifies the degree of
signal regularity between standardised serial signals, with Cross ApEn values
approaching zero indicating an increased degree of network coupling. Coupling of
VT, AP and ML accelerations within the head and within the trunk was also examined
(ie. Directional coupling: VT-AP, VT-ML, and AP-ML).

5.2.4 Statistical analysis
A repeated measures Analysis of Variance (ANOVA) with planned contrasts was
used to determine the between subject effect of age, and the within subject effects of
location and direction on the dependent variables (ie. frequency, harmonic, regularity
measures). As gait speed is known to influence the amplitude and frequency
characteristics of upper body accelerations in each direction (Menz et al., 2003b;
Yack and Berger, 1993), all data were normalised to gait velocity prior to statistical
analysis. All statistical analysis was performed using SAS for Windows (Release 8.0),
with the level of significance set at 0.05. Only age-related main and interaction effects
were explored in the present study.
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5.3 Results
5.3.1 Anthropometric and basic gait data
No significant differences were detected between young and elderly groups in height
(young: 1.80  0.06 m, elderly: 1.75  0.07 m) or mass (young: 78  11 kg, elderly:

78  12 kg). Similarly, no significant age-related differences were detected for

walking velocity (young: 1.28  0.15 m.s-1, elderly: 1.23  0.15 ms-1), stride duration
(young: 1.14  0.06 s, elderly: 1.14  0.10 s) or cadence (young: 116.0  10.5
steps.min-1, elderly: 111.4  13.7 steps.min-1).

5.3.2 Power spectral analysis
Representative acceleration data and corresponding power spectrums for an elderly
individual are presented in figure 5.1. In general, patterns of accelerations and spectral
profiles were similar between the head and trunk in the VT and AP directions.
Accelerations in the ML direction exhibited monophasic characteristics compared to
the biphasic VT and AP directions.

Cumulative power (CP) plots for VT and AP head and trunk accelerations followed
similar trends for the young and elderly groups, with CP increasing rapidly at the step
frequency of approximately 2 Hz (figure 5.2). A similar increase in CP at the stride
frequency of approximately 1 Hz was observed for ML head accelerations for young
and elderly participants, however this was less evident for the ML trunk accelerations.
No significant age-related differences in CP were evident at 1, 2, 3, 4, or 5 Hz.
However a significant age by location effect was detected at 6 Hz, (F(1, 14) = 6.91,
p= 0.02), indicating that differences in the distribution of power content arose at 6 Hz.
Analysis of contrasts for the age by location interaction revealed that the CP at 6 Hz
was similar for the head (young: 92%  9%, elderly: 92%  10%), but significantly
lower for the trunk in the elderly (63%  19%) than the young (69%  15%, F(1, 14)
= 7.35, p = 0.01). This result indicated that compared to the young, the elderly had a
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greater proportion of power in the trunk above 6 Hz, as illustrated by the bifurcation
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Figure 5.1. Representative acceleration profiles, and power spectrums for the head
and trunk in the vertical, anterior-posterior, and mediolateral directions. Data is for a
healthy elderly participant walking at 1.25m.s-1. Note scaling differences for the
vertical axes of the power spectral plots.
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Figure 5.2. Ensemble averages of cumulative power for head and trunk accelerations
of young and elderly participants in the vertical (VT), anterior-posterior (AP), and
mediolateral (ML) directions.
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5.3.3 Harmonic analysis
While no significant main effect for age was found for the harmonic ratio, significant
interaction effects for age by location (F(1, 14) = 6.45, p= 0.03), and age by direction
(F(1, 14) = 9.63, p= 0.01), were observed (figure 5.3). Contrast analysis for the age by
location interaction revealed a significantly greater harmonic ratio for the young head
compared to the young trunk (F(1, 14) = 6.93, p = 0.01). Planned contrasts for the age
by direction interaction revealed that for the young, the harmonic ratio for the ML
direction was significantly greater than the AP direction (F(1, 29) = 17.04, p < 0.01).
For the elderly, the harmonic ratio for the VT direction was greater than both the ML
(F(1, 29) = 4.29, p = 0.04) and AP directions (F(1, 29) = 6.14, p = 0.02). The greatest
difference between age groups was in the ML direction, where the young had a
significantly greater harmonic ratio than the elderly (F(1, 29) = 8.94, p < 0.01).

5.3.4 Signal regularity and coupling
No significant age-related differences were identified for ApEn (figure 5.4). However
it was of interest to note that the trends for the ApEn analysis were consistent with
those for harmonic ratio, with young head accelerations being more smooth and
regular than for the elderly, and elderly trunk accelerations more smooth and regular
for the young. There were also no significant age-related differences in Cross ApEn
calculated for paired trunk and head accelerations (figure 5.5). Cross ApEn values
between the head and trunk were lowest in the AP direction for the young group, and
highest in the AP direction for the elderly, indicating the greatest age-related
differences was in the direction of travel. The lowest of all Cross ApEn values for the
elderly was in the ML direction, indicating the greatest coupling between head and
trunk acceleration signals.
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Figure 5.3. Significant interaction effects between (a) age and location, and (b) age
and direction for the Harmonic ratio. A greater harmonic ratio indicates increased
signal smoothness. Error bars represent one standard error of the mean.
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Figure 5.4. Approximate Entropy (ApEn) values for head and trunk accelerations of
young and elderly participants. A greater ApEn value indicates decreased signal
regularity. Error bars represent one standard error of the mean.
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less coupling between head and trunk acceleration signals. Error bars represent one
standard error of the mean.
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When Cross ApEn was performed within the head and trunk, across 3 direction
couples (VT-AP, VT-ML, and AP-ML), a significant age by location (F(1, 14) = 8.96,
p= < 0.01) interaction was detected (figure 5.6). Planned contrasts revealed that in the
elderly, Cross ApEn values for the trunk were significantly greater than head (F(1, 14)
= 7.59, p = 0.01), indicating a greater degree of network coupling between directions
for accelerations of the head compared to the trunk.
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Figure 5.6. Cross ApEn values for young and elderly groups describing the degree of
directional coupling (VT-AP, VT-ML, and AP-ML) within the head and trunk.
Greater Cross ApEn values indicate less coupling between directions at the head and
trunk.

5.4 Discussion
This study examined the effect of the normal ageing process on head and trunk
accelerations during walking on a level surface. The general aim was to gain further
insight into how young and elderly individuals coordinate gait-related oscillations of
the upper body. In particular it was of interest to determine whether the pattern and
structure of head accelerations declines with age, and to what extent the trunk
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segment is involved in stabilising the head for young and elderly individuals.
Differences in upper body oscillations due to age were assessed using power spectral,
harmonic ratio, and regularity analyses applied to 3D acceleration data obtained from
accelerometers attached to the head and lower trunk of young and elderly participants.

Gait speed is known to influence accelerations of the head and trunk, whereby
increased walking speeds correspond to an increase in the magnitude (Menz et al.,
2003b) and modal frequency of upper body accelerations (Hamill et al., 1995). This
velocity dependence is problematic when investigating the effects of aging on gaitrelated accelerations, as it is difficult to determine whether differences in acceleration
patterns are due to gait velocity, or the ageing process. Although the general view is
that walking speed declines with age (Himann et al., 1988; Imms and Edholm, 1981;
Murray et al., 1969), gait velocity was not significantly different between the young
and elderly in the present study. It is likely that the similarities observed in gait speed
can be attributed to the recruitment of healthy elderly individuals, rather than the frail
elderly, to participate in this study. The fact that both age groups had similar walking
speeds, combined with the normalisation of acceleration data to gait velocity, suggest
that age-related differences in head and trunk accelerations were not velocity
dependent in the present study.

The most notable age-related finding in the present study was for the power spectral
analysis, with a greater proportion of total power observed at higher frequencies in the
trunk accelerations of the elderly compared to the young. The presence of increased
power at higher frequencies in the trunk ( 6 Hz) raises the question as to the potential
origin of these signal components in the accelerative profile of the elderly. One
possibility is that these oscillations may be derived from the mechanics of the impact
of heel strike which is transmitted throughout the body (Hamill et al., 1995; Lafortune
and Henning, 1992; Light et al., 1980; Ratcliffe and Holt, 1997). Alternatively, they
may represent an intrinsic, involuntary component of the human motor system;
similar in nature to other oscillatory outputs which exhibit high frequency
characteristics such as physiological tremor (Elble and Koller, 1990; Freund and
Hefter, 1993). Irrespective of the origin of these higher frequency components, their
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presence within the acceleration profile for the lower trunk in elderly participants
indicates that the older individual is confronted with a different and more challenging
set of postural conditions in which to maintain dynamic stability than the young. The
fact that there was no age-related difference in cumulative power for head
accelerations indicated that the elderly were generally able to meet the challenge of
accommodating multiple frequency components at the trunk.

Further evidence of the differing age-related challenges during gait were observed in
the results of the harmonic ratio analysis, where the greatest difference between age
groups was in the smoothness of accelerations in the ML direction. The young had
greatest signal smoothness in the ML direction, whereas the elderly had the lowest
smoothness in the ML direction, compared to accelerations in the plane of travel. This
finding, together with the general view that the decline in balance control during quiet
stance in the elderly is most prevalent in the ML direction (Maki et al., 1994;
McClenaghan et al., 1995; Mitchell et al., 1995), indicates that lateral stability is
inherently challenging to the ageing postural system during both walking and standing
tasks. The results of the Cross ApEn analysis between head and trunk accelerations
may provide some insight as to the means by which the elderly system attempted to
meet the challenge of stabilising the upper body in the ML direction. While there were
no significant differences between age groups, the greatest coupling between head and
trunk accelerations for the older individuals was in the ML direction, whereas the
greatest coupling for the young was in the AP direction. Overall, differences in the
trunk ML accelerations experienced by the older individual present a more daunting
challenge to postural stability. Nonetheless, the elderly are able to compensate for
these accelerations through subtly altering the coordination patterns, as revealed by
differences in the coupling relations, between the trunk and head.

Age-related differences in the control of motor output were also evident from the
younger participant’s greater ability to smooth accelerations from the trunk to the
head compared to the elderly. One means by which the elderly compensated for this
inability to smooth accelerations of the head was by altering the coordination
strategies between segments of the upper body. Irrespective of the smaller relative
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difference between head and trunk acceleration smoothness in the elderly, the elderly
had a significantly greater degree of coupling between directions for the head
compared to the trunk. This coordination strategy results in a stable reference frame
for the head, and suggests that the healthy elderly places a greater importance on
regulating the global motion of the head rather than independently regulating
accelerations according to direction. Although this coordination strategy is beneficial
in terms of stabilising the head during level straight line walking, it may pose a
problem under more challenging conditions. If there is less flexibility, or variability,
in the elderly individual’s postural system, there may also be an inability to
accommodate for perturbations which compromise upright stability (Holt et al., 1995).

In line with the original hypothesis of this study, the results of the power spectral
analysis, ApEn, harmonic ratio and Cross ApEn showed no difference between the
young and elderly with regards to the signal pattern and coupling relations within the
head. This demonstrates that both the young and elderly were able to maintain similar
head control during gait. Further, these results reinforce the view that decreased
complexity with ageing is not always the norm (Vaillancourt and Newell, 2002a).
Instead, an absence of age-related differences in complexity may be indicative of the
ageing motor systems priority to maintain optimal head control during gait regardless
of changes in signal output seen at other levels. The lack of any single age-related
main effect for measures of signal structure or coupling appears to contrast those of
other gait studies. However, it is important to note that the reported increases in signal
complexity were all observed for lower limb events such as stride interval variability
(Hausdorff et al., 1997) and lower limb joint kinematics (Buzzi et al., 2003; Kurz and
Stergiou, 2003). In the present study, age-related differences were observed at the
more inferior segment, the trunk, with no differences detected in motor output at the
head. These findings clearly illustrate that the lack of any signal pattern change at one
level of the system, coupled with specific directional changes at another, is an
important and unique addition to our understanding of what signal complexity
changes mean in the context of ageing. For gait, it may be argued that a specific goal
of the postural control system is to tightly control head accelerations, and that this is
achieved despite differences in the trunk accelerations and lower limb dynamics.
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Additionally, changes in the pattern of the signal output probably depend on the
control variable under analysis as well as organism, task and environment constraints
(Newell, 1986a; Vaillancourt and Newell, 2002a, 2003).

5.5 Conclusion
Results of the present study demonstrated that there was no difference in the head
acceleration profiles between age groups, while the pattern and structure of
accelerations for the trunk were different between age groups. Notable differences in
trunk accelerations, coupled with the lack of differences in head acceleration patterns,
demonstrate that the ageing postural system may differentially prioritise head control
during gait. The manner in which head stability was preserved by the elderly was by
an upper body coordination strategy which places a greater importance on regulating
the global motion of the head rather than independently regulating accelerations
according to direction. Thus, despite the different postural challenges faced by the
elderly control system, the normal ageing process did not affect the extent to which
head stabilisation was achieved during walking. The findings of this study also
suggest that an absence of age-related differences in complexity at one level of a
system, combined with differences at another level, may provide information about
the way in which the motor system prioritises postural control during gait.
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6
The role of the neck and trunk in
facilitating head stability during
walking.
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6.1 Introduction
An apparent goal of the human postural system is to regulate motion of the upper
body in order to stabilise the head during walking. Despite the presence of relatively
high amplitude or high frequency motion of inferiorly located body segments, healthy
individuals can maintain a high degree of head control during normal walking
(Cromwell et al., 2004a; Cromwell et al., 2001b; Pozzo et al., 1990). The means by
which the sensorimotor system attenuates gait-related oscillations from lower
segments of the body is due to a combination of passive and active mechanisms. At
the level of the upper body, passive attenuation can arise from the damping properties
of spinal structures such as intervertebral discs and ligaments. In addition, active
attenuation arises from the contractile properties of skeletal muscle, which may in turn
influence the passive tissue response to mechanical loading.

The cyclic acceleration patterns that typify upper body motion during walking may
provide some insight into how the postural system functions to attenuate gait-related
oscillations prior to reaching the head. During self-selected preferred speed walking,
accelerations are markedly attenuated from lower trunk to head in the anteriorposterior direction, but not in the vertical direction (Kavanagh et al., 2004).
Additionally, relatively high frequency signal components present at the lower trunk
in the mediolateral direction, are not present at the head (Kavanagh et al., 2005b). A
number of studies have also demonstrated age-related differences in upper body
acceleration patterns during gait. In general, the elderly exhibit lower head and pelvis
accelerations than the young (Menz et al., 2003c), and a greater proportion of signal
power at higher frequencies in the lower trunk compared to the young (Kavanagh et
al., 2005a). Not only are the basic patterns of upper body accelerations influenced by
gait speed (Cappozzo, 1982; Menz et al., 2003b; Moe-Nilssen, 1998b), but so is the
relative contribution of components of the musculoskeletal system to damping of gaitrelated oscillations. For example, during preferred walking speeds, acceleration
damping occurs predominantly at the lower extremity joints, whereas damping at
faster speeds increases at more superior segments (Ratcliffe and Holt, 1997).
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Early studies describing gait-related movement patterns considered the upper body as
a single rigid segment (Khoo et al., 1995; MacKinnon and Winter, 1993; Winter et al.,
1993). However, given that the upper body has many degrees of freedom, it is of
benefit to consider the upper body as consisting of separate component segments
(Crosbie et al., 1997b; Frigo et al., 2003; Syczewska et al., 1999) Due to the dissimilar
structural, muscular and inertial properties of the upper body components, a simple
subdivision is to represent the upper body as trunk and neck segments. This
subdivision is also supported by the organisation of motor pathways that contribute to
controlling posture during locomotion. Although many descending pathways intercommunicate and share similar target neurons (Canedo, 1997), certain distinctions can
be made between pathways that radiate the length of the spinal cord, and those that
project no lower than the cervical region (Markham, 1987; Shinoda et al., 1989).
Studies of trunk-neck segmental interactions have revealed that direction of gaze and
head stability is achieved in part by compensatory rotations of the head with respect to
gait-generated translational motion of the trunk in healthy individuals (Cromwell et
al., 2004a; Hirasaki et al., 1999; Mulavara et al., 2002; Pozzo et al., 1990).
Additionally, sagittal plane analysis of neck-trunk interactions have identified tightly
controlled movement strategies that enhance head stability during walking (Cromwell
et al., 2001a; Cromwell et al., 2004b). However, a profile of oscillatory attenuation
throughout the upper body, and the contributions of neck and trunk segments in the
VT, AP and ML directions have not yet been described.

The purpose of this study was to determine the role of the neck and trunk segments in
stabilising the head during walking. Lower trunk, upper trunk and head accelerations
were measured in the VT, AP, and ML directions to reveal how the neck and trunk
segments differentially influence head accelerations over a range of gait speeds. It was
hypothesised that the trunk has greater potential for attenuation via active and passive
mechanisms than the neck segment.
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6.2 Methods
6.2.1 Subjects
Eight healthy male subjects (age: 23  4 years, height: 1.81  0.09 m, mass: 77  12
kg) with no history of musculoskeletal pathology or injury were recruited from the
university community. Written informed consent was obtained from each subject prior
to testing. All experimental procedures complied with the guidelines of Griffith
University Ethics Committee.

6.2.2 Protocol
Subjects were required to perform 5 straight-line walking trials along a 30 m level
walkway at self selected slow, preferred, and fast walking speeds. The sequence in
which walking speeds were performed was counter-balanced by randomly allocating
each subject with a walking sequence; e.g. fast followed by slow followed by
preferred speed walking trials. Gait velocity was monitored using 3 pairs of Omron
(E3JK-R4M2) photoelectric light gates spaced at 5 m intervals along the middle of the
walkway.

6.2.3 Instrumentation and data collection
Four custom designed, lightweight triaxial accelerometers (range  2g, mass 6 grams)
were attached to each subject to measure anterior-posterior (AP), mediolateral (ML),
and vertical (VT) accelerations during walking (Kavanagh et al., 2006b).
Accelerometers were attached over the occipital pole (head) with a firm fitting elastic
headband, as well as the C7 spinous process (upper trunk), the L3 spinous process
(lower trunk), and 3 cm proximal to the lateral malleolus of the right leg (shank) with
Leuko Sportstape Premium Plus (figure 6.1). The C7 spinous process was selected to
represent the upper geometrical limit of the trunk (Erdmann (1997). Using three
accelerometers to measure head, upper trunk, and lower trunk accelerations allowed
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for two upper body segments to be defined. For the purpose of this study, the segment
between the lower and upper trunk will be referred to as the trunk segment; and the
segment between the upper trunk and the head will be referred to as the neck segment.

Figure 6.1. Custom designed triaxial accelerometers were attached to the head, C7
spinous process, L3 spinous process, and 3 cm proximal to the lateral malleolus.

Each accelerometer was connected to a lightweight processing box (mass 110 grams)
fixed to the subject’s waist. The processor box transmitted binary data at 250 Hz via a
Bluetooth Personal Area Network device (Cambridge) to a remote PC. Custom
designed software developed in Visual Basic 6.0 (Microsoft Corporation)
synchronised, and displayed all acceleration data transmitted to the PC in real time.
The working range of the telemetered accelerometers to the remote PC was
approximately 100 m with direct line of sight. The reliability of accelerations
measured from multiple body locations for a range of walking speeds was quantified
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using the coefficient of multiple determination (CMD). A high degree of waveform
repeatability was achieved for inter-examiner (CMD: 0.86), intra-examiner (CMD:
0.87), and within subject (CMD: 0.86) measures (Kavanagh et al., 2006b).
Furthermore, the reliability of gait velocity for subjects walking at self-selected slow,
preferred, and fast speeds was high, with intra-class correlation coefficients ranging
from 0.84 to 0.93.

6.2.4 Data analysis
Prior to data analysis, all acceleration data were low pass filtered using a dual pass
zero lag Butterworth filter with a cut-off frequency set at 20 Hz. A tilt correction was
also applied to acceleration data prior to analysis, in order to account for deviations in
accelerometer axes from the global vertical and horizontal planes whilst attached to
the subject’s body. Under static conditions, the output of each accelerometer reflects
the degree of tilt in the device, which can be determined and corrected for, using basic
trigonometry. (Kavanagh et al. 2004). As rotation and tilt angles of the upper body are
relatively small during walking, and the error introduced into acceleration data is
proportional to the cosine of the axis misalignment, dynamic changes in
accelerometer orientation during the walking tasks will have minimal effects on the
accelerometer output. The degree of accelerometer tilt was computed from
accelerometer data collected prior to each walking trial, whilst the subject was in quiet
stance. The filtering and tilt correction procedure, and all subsequent analyses were
performed using custom software developed in Matlab (MathWorks, Release 12,
version 6.0).
Walking trials were accepted for inclusion if gait velocity was with  5% for each 5 m
interval recorded using the light gate system. Five valid trials were collected for each
subject. All data analysis was performed on data collected from the middle 15 strides
of each walking trial. Stride duration was determined from heel contact events, which
were calculated from the zero crossing following the peak negative acceleration for
the shank in the AP direction. Stride length was calculated from the gait velocity for
each trial multiplied by the subjects average stride duration for that trial. Step length
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was assumed to be half of the stride length. Cadence was computed from the time
taken to perform 15 strides, and expressed in steps per minute (i.e. 120/average stride
duration).

The amplitude of head, upper trunk, and lower trunk accelerations in the VT, ML and
AP directions were derived from stride-to-stride RMS acceleration, and averaged
across all strides. Power spectral analysis was performed on all acceleration data, with
the total power from 0-15 Hz (g2), the power from the dominant frequency peak (peak
power, g2), and frequency at which the peak power occurred (peak frequency, Hz)
were calculated for each walking trial.

The degree of acceleration signal regularity was determined using Approximate
Entropy (ApEn). ApEn is a probability statistic based on the logarithmic likelihood
that a sample of data will remain within a tolerance window defined as 20% of the
standard deviation (r = 0.2) in subsequent data increments of one data point (m = 1)
within a serial signal (Pincus, 1991; Pincus and Singer, 1996). ApEn analysis returns
a scalar value, which approaches zero with increased signal regularity, and approaches
two with decreased signal regularity. Increased regularity in a signal, or a signal
containing a large degree of repeatable patterns features such as a pure low frequency
sine wave, will return a low ApEn value. In contrast an irregular signal where time
series events are unrelated to previous event (such as white noise) will return a high
ApEn value.

Signal smoothness was determined from the harmonic ratio calculated for each
acceleration signal. Using Fourier Transformation, harmonic coefficients were
extracted from each acceleration signal, where the fundamental frequency was
determined from stride duration (Gage, 1964; Smidt et al., 1971). For the VT and AP
directions, the sum of the first 20 even harmonics was divided by the sum of the first
20 odd harmonics to give the harmonic ratio. Odd harmonics were divided by even
harmonics to calculate the harmonic ratio for the ML direction, so that in all directions
higher harmonic ratios reflected increased signal smoothness.
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6.2.5 Statistical analysis
One-way Analysis of Variance (ANOVA) with planned contrasts were used to
determine whether the location of accelerations (head, upper trunk, lower trunk) had
an effect on RMS acceleration, total power, peak power, peak frequency, ApEn or the
harmonic ratio. Separate ANOVA’s were used for the VT, AP, and ML directions for
each walking speed condition. Repeated contrasts were used to examine relations
between adjacent segments from the same walking speed condition in each direction.
For example, at the preferred walking speed condition, comparisons were made
between head VT and upper trunk VT accelerations, as well as between upper trunk
VT and lower trunk VT accelerations. All statistical analysis were performed using
SAS for Windows (Release 8.0), with the level of significance set at 0.01.

6.3 Results
6.3.1 Basic gait parameters
Data for gait velocity, stride duration, cadence and step length for each walking speed
condition are presented in table 6.1.

Table 6.1. Basic gait parameters for slow, preferred, and fast speed walking
conditions (mean  SD).
-1

Gait velocity (m.s )
Stride duration (s)
Cadence (steps.min-1)
Step length (m)

Slow
1.01  0.14
1.28  0.09
93.7  6.4
0.64  0.07

Preferred
1.35  0.12
1.11  0.04
107.6  3.7
0.75  0.07

Fast
1.86  0.28
0.98  0.03
121.5  4.21
0.92  0.12

6.3.2 Raw data
Representative raw acceleration data for the head, upper trunk, lower trunk, and
shank, in the VT, ML, and AP directions are presented in figure 6.2. Head, upper
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trunk and lower trunk accelerations in the VT and AP directions exhibited a biphasic
pattern, whereas corresponding accelerations in the ML direction exhibited a
monophasic pattern during each stride cycle. The raw output from the accelerometer
attached to the right shank demonstrated monophasic characteristics in each direction

Head
Acceleration (g)

0.5
0.4
0.3
0.2
0.1
0.0
-0.1
-0.2
-0.3
-0.4
-0.5

Upper trunk
Acceleration (g)

0.5
0.4
0.3
0.2
0.1
0.0
-0.1
-0.2
-0.3
-0.4
-0.5

Lower trunk
Acceleration (g)

0.5
0.4
0.3
0.2
0.1
0.0
-0.1
-0.2
-0.3
-0.4
-0.5

Shank
Acceleration (g)

for each stride cycle.

2.0
1.5
1.0
0.5
0.0
-0.5
-1.0
-1.5
-2.0

Vertical

Mediolateral

Anterior-posterior

Gait Cycles

Gait cycles

Gait Cycles

Figure 6.2. Raw acceleration data obtained from the head, upper trunk, lower trunk,
and shank of a subject walking at 1.30 m.s-1. Data is presented for the vertical,
anterior-posterior and mediolateral directions. Dotted lines indicate heel contact
events.
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6.3.3 Mediolateral accelerations
The location of accelerations had a significant effect on total power in the ML
direction during the fast (F(2, 14) = 8.61, p = 0.004) walking speed condition. A
significant main effect of location was observed for peak power in the ML direction
during the slow (F(2, 14) = 10.08, p = 0.002) walking speed condition. A significant
main effect for the location of accelerations was detected for peak frequency in the
ML direction during the preferred (F(2, 14) = 24.79, p < 0.001), and fast (F(2, 14) =
117.88, p < 0.001) walking speed conditions. The location of accelerations had a
significant effect on ApEn in the ML direction during the slow (F(2, 14) = 132.75, p <
0.001), preferred (F(2, 14) = 126.90, p < 0.001), and fast (F(2, 14) = 82.63, p < 0.001)
walking speed conditions. A significant main effect was identified for the location of
acceleration on harmonic ratio in the ML direction during the preferred (F(2, 14) =
12.23, p < 0.001) walking speed condition. Summary plots for each dependent
variable in the ML direction, during each walking speed condition are displayed in
figures 6.3-6.5. Contrasts revealing the specific location of significant differences
identified in the ML direction are presented in table 6.2.

6.3.4 Anterior-posterior accelerations
A main effect for the location of accelerations was detected for RMS accelerations in
the AP direction during the slow (F(2, 14) = 33.51, p < 0.001), preferred (F(2, 14) =
11.18, p = 0.001), and fast (F(2, 14) = 8.40, p = 0.004) walking speeds. The location
of accelerations had a significant effect on total power in the AP direction during slow
(F(2, 14) = 35.67, p < 0.001), preferred (F(2, 14) = 10.27, p = 0.001) and fast (F(2,
14) = 9.17, p = 0.002) walking speed conditions. A main effect for the location of
accelerations was identified for peak power in the AP direction during the slow (F(2,
14) = 28.75, p < 0.001), preferred (F(2, 14) = 8.74, p = 0.004), and fast (F(2, 14) =
7.62, p = 0.005) walking speed conditions. A main effect for location of accelerations
was also observed for ApEn in the AP direction for the preferred (F(2, 14) = 127.28, p
< 0.001) and fast (F(2, 14) = 82.63, p = 0.004) walking speeds. Summary plots for
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each dependent variable in the AP direction, during each walking speed condition are
displayed in figures 6.3-6.5. Contrasts revealing the location of significant differences
identified in the AP direction are presented in table 6.3.

RMS acceleration (g)

0.35
Slow
Preferred
Fast

0.30
0.25
0.20
0.15
0.10
0.05
0.00

80

2

Total power (g )

100

60
40
20
0
Lower Upper Head
trunk trunk

Lower Upper Head
trunk trunk

Lower Upper Head
trunk trunk

Vertical

Anterior-posterior

Mediolateral

Figure 6.3. RMS acceleration (top) and total power (bottom) for head, upper trunk and
lower trunk accelerations during slow, preferred, and fast walking speed conditions.
Data are presented for the vertical, anterior-posterior, and mediolateral directions.
Error bars represent one standard error of the mean.
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60
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Vertical
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Figure 6.4. Peak power (top) and peak frequency (bottom) for head, upper trunk and
lower trunk accelerations during slow, preferred, and fast walking speed conditions.
Data are presented for the vertical, anterior-posterior, and mediolateral directions.
Error bars represent one standard error of the mean.
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0.6
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Fast
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0.5
0.4
0.3
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0.1
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Figure 6.5. ApEn (top) and harmonic ratios (bottom) for head, upper trunk and lower
trunk accelerations during slow, preferred, and fast walking speed conditions. Data
are presented for the vertical, anterior-posterior, and mediolateral directions. Error
bars represent one standard error of the mean.
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Table 6.2. Contrast analysis for significant main effects for location of accelerations
in the mediolateral direction.
Location of difference
Upper trunk < lower
trunk

Variable

Speed

F (1, 14)

p value

Total power

Fast

9.19

0.009

Peak Frequency

Preferred
Fast

37.19
190.26

< 0.001
< 0.001

ApEn

Slow
Preferred
Fast

191.12
179.43
109.14

< 0.001
< 0.001
< 0.001

Peak power

Slow

27.13

0.002

Harmonic ratio

Preferred

9.32

0.008

Upper trunk > lower
trunk

Table 6.3. Contrast analysis for significant main effects for location of accelerations
in the anterior-posterior direction.
Location of difference
Head < upper trunk

Variable

Speed

F(1, 14)

p value

RMS

Preferred
Fast

13.33
12.70

0.002
0.003

Total power

Preferred
Fast

9.44
13.10

0.008
0.003

Peak Power

Preferred
Fast

11.84
14.69

0.004
0.002

RMS

Slow

35.25

< 0.001

Total power

Slow

43.77

< 0.001

Peak power

Slow

27.13

< 0.001

ApEn

Preferred
Fast

179.43
109.14

< 0.001
0.002

Upper trunk < lower
trunk
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6.3.5 Vertical accelerations
The location of accelerations had a significant effect on ApEn in the VT direction
during the slow (F(2, 14) = 10.41, p = 0.001), preferred (F(2, 14) = 14.89, p < 0.001),
and fast (F(2, 14) = 17.03, p < 0.001) walking speed conditions. Summary plots for
each dependent variable in the VT direction, during each walking speed condition are
displayed in figures 6.3-6.5. Contrasts revealing the location of significant differences
identified in the VT direction are presented in table 6.4.

Table 6.4. Contrast analysis for significant main effects for location of accelerations
in the vertical direction.
Location of difference
Upper trunk < lower
trunk

Variable

Speed

F (1, 14)

p value

ApEn

Slow
Preferred
Fast

14.05
14.06
17.14

0.002
0.002
0.001

6.4 Discussion
The purpose of this study was to determine the role that the trunk and neck segments
play in stabilising the head during walking. It was of particular interest to determine
how the postural system maintains head stability in each direction, by examining the
attenuation of gait-related oscillations from the lower trunk to the head at a range of
walking speeds. Although it has been reported that gait-related oscillations in the
horizontal directions are attenuated from inferiorly located segments to the head
(Kavanagh et al., 2004; Kavanagh et al., 2005b; Menz et al., 2003b, 2003c; Ratcliffe
and Holt, 1997; Waters et al., 1973; Winter et al., 1990c), it is unclear how individual
segments of the upper body contribute to such attenuation.
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6.4.1 Mediolateral accelerations
Across all walking speeds, a distinct upper body segmental attenuation profile was
evident for accelerations in the ML direction. The nature of accelerations was
observed to be different from the lower trunk to the upper trunk across several
variables and speed conditions, indicating that the trunk segment played a prominent
role in modulating gait-related oscillations. Specifically, the results of peak frequency,
ApEn, and harmonic ratio analysis confirm that the structure of upper trunk
accelerations were in general more regular and smooth compared to lower trunk
accelerations. This finding supports the previous view that the trunk segment acts as a
low pass filter during walking (Kavanagh et al., 2004). With regards to accelerations
of the upper trunk and head, no differences were identified for any condition,
suggesting that the neck segment had a minimal role in attenuating gait-related
oscillations of the head in the ML direction. The finding that ML accelerations of the
lower trunk were generally characterised by a greater peak frequency, and lower
signal regularity, compared to the head is in agreement with previous research
(Kavanagh et al., 2005b).

It is generally accepted that selective sensory-motor coordinative processes such as
voluntary movement (Keshner, 2000), as well as vestibular, ocular, and spindle
related reflexes (Mergner and Rosemeier, 1998; Schweigart et al., 1997; Wilson et al.,
1995) contribute to stabilising the head. The trunk segment also appears to play an
important role in maintaining head stability by providing a stable support base for the
neck segment (Cromwell et al., 2001a; Grossman et al., 1988; Winter et al., 1990c).
As no differences were detected between head and upper trunk ML accelerations, the
postural control system was effective at decreasing high frequency/high amplitude
oscillations, prior to reaching the neck. It is likely that this process of regulating
oscillations inferior to the neck assists in modulating sensory input to receptors
located within the head (Ratcliffe and Holt, 1997). This may have advantages in
controlling posture, as involuntary stability and orientation mechanisms are
compromised when the head is perturbed by high frequency oscillations (Keshner et
al., 1995b; Keshner and Peterson, 1995b). A unique finding was that during the slow
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walking speed condition, ML peak power increased from the lower trunk to upper
trunk accelerations, resulting in peak power at the upper trunk comparable to the
preferred and fast speeds. This augmentation of signal power suggests that sensory
organs of the head not only have a maximum gain below which to operate, but may
also require a minimum gain to function optimally. Overall, the results of this study
for the ML direction point to the possibility that the trunk segment plays a dominant
role in regulating high frequency, high amplitude oscillations in order to contribute to
ML head stability during normal gait.

6.4.2 Anterior-posterior accelerations
Unlike the upper body attenuation profile observed in the ML direction, selective
differences in neck and trunk attenuation profiles were detected in the AP direction
with respect to walking speed. During the preferred and fast walking speed
conditions, both the neck and the trunk segments contributed to attenuating gaitrelated oscillations prior to reaching the head. RMS, total power, and peak power
decreased only from upper trunk to head accelerations, whereas ApEn decreased only
from lower trunk to upper trunk accelerations. However during the slow walking
speed condition segmental attenuation reversed, as RMS, total power, and peak power
decreased from the lower trunk to the upper trunk, while no differences were observed
between the upper trunk and the head. As an increase in walking speed is known to
correspond with an increase in the amplitude of upper body accelerations (Cappozzo,
1982; Menz et al., 2003b), trunk-neck segmental interactions in the present study
imply that AP accelerations are influenced by the amplitude of oscillations originating
at inferiorly located segments. This finding supports the notion that the degree of
acceleration transfer throughout the body varies in response to changes in stride
frequency in order preserve head stability (Hamill et al., 1995; Ratcliffe and Holt,
1997). The results of this study and others describing velocity dependent changes in
the upper body segmental coordination (van Emmerik et al., 2004; van Emmerik and
Wagenaar, 1996; Wagenaar and Beek, 1992) and trunk muscle activity (Saunders et
al., 2004; Saunders et al., 2005) suggest gait velocity is an important control
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parameter in regulating segmental interactions to facilitate stability during walking
(van Emmerik and Wagenaar, 1996).

6.4.3 Vertical accelerations
With the upper body remaining relatively upright during walking (Thorstensson et al.,
1984; Winter et al., 1993), acceleration attenuation in the VT direction is primarily
dependent on the shock absorption properties of the spine and associated soft tissues.
Studies examining shock transmission throughout the body suggest that the
musculoskeletal system is more efficient at attenuating high frequency, compared to
low frequency, oscillations prior to reaching the head (Helliwell et al., 1989;
Lafortune et al., 1996a; Smeathers, 1989). Considering VT movement of the upper
body is dominated by low frequencies due to the periodic rising and falling of the
COM during the gait cycle (Zijlstra and Hof, 1997), it is not surprising that few
significant results were observed between accelerations in the VT direction. Although
no main effects were detected in the present study for amplitude or frequency specific
analyses in the VT direction, acceleration signals became more regular (decreased
ApEn) from the lower trunk to the upper trunk during all walking speeds. Increased
signal regularity from the lower trunk to the upper trunk would suggest that the upper
body contributes in part to regulating VT motion of the head. Minimal attenuation by
the neck segment is a result also shown by Ratcliffe and Holt (1997), who reported
acceleration attenuation between the shoulders and head was no greater than 4%
during a range of walking speeds.

6.4.4 Assessment of signal smoothness and regularity
While the harmonic ratio (signal smoothness) has been used in accelerometer-based
gait studies to detect differences between healthy individuals and those with known
balance deficits (Gage, 1964; Menz et al., 2003a; Menz et al., 2004; Smidt et al.,
1971; Yack and Berger, 1993), only one significant result for the harmonic ratio was
identified in the present study. This study amongst others have reported subtle
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differences in the harmonic ratios of non-impaired subjects walking on level surfaces
(Auvinet et al., 2002; Kavanagh et al., 2005a). The harmonic ratio appears useful in
discriminating between walking patterns of dissimilar populations, or walking
surfaces (Menz et al., 2003b), but is less sensitive for distinguishing differences
between locomotor patterns of healthy individuals on a level walkway. Interestingly,
ApEn (signal regularity) detected multiple oscillatory differences between upper body
segments, with significant main effects observed in all but the slow walking speed
condition in the AP direction. From a practical and methodological perspective, these
results suggest that ApEn may be a more sensitive variable for detecting gait-related
differences compared to the harmonic ratio, and may have greater appeal in
examining issues of inter-segmental coordination.

6.5 Conclusion
This study examined acceleration data collected from the lower trunk, upper trunk,
and head during self-selected slow, preferred and fast walking speeds. Acceleration
data was examined according to amplitude (RMS), signal regularity (ApEn), and
features of the frequency spectrum (total power, peak frequency, peak power,
harmonic ratio). Signal regularity was increased from the lower to upper trunk for all
walking speeds and directions with the exception of the slow speed in the AP
direction. This result suggests that the trunk segment plays an important role in
modulating the structure of gait-related oscillations prior to reaching the head during
gait. Evidence from analysis of power spectral and amplitude characteristics of
acceleration signals was suggestive that accelerations are also attenuated from the
lower to upper trunk by dynamics of the intervening trunk segment. However these
differences were not consistent across all variables assessed and varied according to
direction and walking speed. Differences in selected power spectral and amplitude
characteristics between the accelerations of the upper trunk and head due to the
intervening neck segment were only detected in the AP direction at preferred and fast
walking speeds. In general we conclude that the trunk segment is primarily
responsible for regulating and attenuating gait-related oscillations between the lower
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trunk and head, with some additional assistance from the neck segment to stabilise the
head in AP direction at preferred and fast walking speeds.
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7
Lumbar and cervical erector spinae
fatigue elicit compensatory postural
responses to assist in maintaining head
stability during walking.
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7.1 Introduction
Rather than acting as a passive passenger unit, the upper body is a complex
sensorimotor system, whose many components interact to facilitate support and
stability during walking (Prince et al., 1994; Winter et al., 1993). Importantly, the
upper body modulates segmental oscillations arising from gait-generated events to
ensure a stable and consistent trajectory of head motion during walking (Cromwell et
al., 2001a; Holt et al., 1999; Nadeau et al., 2003). Maintaining head stability is
considered a fundamental task of the postural system, as a stable head ensures optimal
visual-vestibular-central nervous system integration, which influences spatially
oriented behaviour associated with maintaining posture (Di Fabio and Emasithi, 1997;
Lackner and DiZio, 2005; Mergner and Rosemeier, 1998).

Gait-related oscillations are generally attenuated from inferior to superior locations
within the body. Accelerometer-based studies have revealed that accelerations of the
head are 60-90% of the lower trunk (Kavanagh et al., 2004; Menz et al., 2003b), and
10-20% of tibial accelerations (Kavanagh et al., 2006b; Light et al., 1980) during
normal walking on a level surface. The process of attenuation of upper body
accelerations arises from a combination of active and passive mechanisms. Passive
spinal structures such as intervertebral discs and ligaments assist in shock absorption,
but acting alone have a limited capacity to enhance intrinsic stability of the spine in
response to mechanical loading. It is generally accepted that active mechanisms have
the greatest influence on controlling motion of the upper body, as altering patterns of
neuromuscular activity enable posture and stability to be maintained according to the
nature of the walking task (Prince et al., 1994; Winter et al., 1993).

Viewing the upper body as two adjacent segments allows the neck and trunk segments
to be examined in regards to how the postural system facilitates head stability at
separate levels of the body. The neck segment contributes to stabilising the head not
only by voluntary activation of postural muscles, but also via cervico- and vestibulocollic reflexes which rotate the head in a compensatory manner in the presence of
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self-generated, or externally imposed oscillations (Keshner et al., 1995b; Keshner and
Peterson, 1995b). The trunk segment appears to minimise the impact of gait-related
oscillations prior to reaching the head by providing a stable platform for the neck,
despite the activity of the lower extremities (Cromwell et al., 2001a; Kavanagh et al.).
Furthermore, as the frequency content of head and trunk oscillations are different in
the mediolateral (ML) compared to the anterior-posterior (AP) and vertical (VT)
directions (Kavanagh et al., 2005b), the attenuation properties of the trunk and neck
segments differ according to direction, to achieve global head stability (Kavanagh et
al.).

Although the upper body dynamics of healthy individuals have been documented
(Crosbie et al., 1997b; Dingwell and Marin, 2006; Frigo et al., 2003; Kavanagh et al.,
2004; Kavanagh et al., 2005b; Menz et al., 2003b; van Emmerik and Wagenaar,
1996), little is known about how perturbation of the neuromuscular system, and in
particular fatigue, influences the control of segmental attenuation and head stability
during walking. This is important given that examining how the postural system
operates under fatigued conditions can provide information on how the CNS organises
multiple muscle systems to facilitate posture and stability. For example, intense shortduration back extension exercise has identified altered timing, or organisation, of
erector spinae (ES) activation during manual lifting tasks (Gorelick et al., 2003).
Central to facilitating posture and stability during walking, the ES muscle group act to
resist external flexion moments which are greatest at heel contact, and exhibit
consistent sequencing of activation during each gait cycle (Cromwell et al., 2001a;
Prince et al., 1994; Waters and Morris, 1972). Further, the sequential ‘top down’
activation of spinal extensors during normal walking is suggested to be an
anticipatory control strategy which assists in attenuating upper body accelerations
(Prince et al., 1994). In this study it was of interest to examine how fatiguing ES at
different levels of the upper body affects the ability to attenuate segmental oscillations
and maintain head stability.

The purpose of this study was to examine the effect of erector spinae muscle fatigue
on head stability during walking. In particular, the complementary role that the neck
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and trunk segments played in modulating accelerations of the head after inducing
neuromuscular fatigue of the lumbar erector spinae (LES) and cervical erector spinae
(CES) was examined. Although changes due to fatigue can be viewed from different
perspectives, a fatigue protocol was selected which altered patterns of neuromuscular
activity rather than force-producing characteristics of the postural system. It was
hypothesised that (i) CES fatigue would result in a diminished capacity to maintain
head stability due to an altered attenuation capability of the neck segment, and (ii)
LES fatigue would not affect head stability as the unfatigued, intervening neck
segment would compensate for the diminished attenuation properties of the trunk
segment in order to preserve head stability.

7.2 Methods
7.2.1 Subjects
Eight healthy male subjects (age: 23  4 years, height: 1.81  0.09 m, mass: 77  12
kg) with no history of musculoskeletal pathology or injury, or formal resistance
training involving back extensor muscle groups, were recruited from the university
community. Written informed consent was obtained from each participant prior to
testing. All experimental procedures complied with the guidelines of the Griffith
University Human Research Ethics Committee.

7.2.2 Experimental protocol
Subjects were required to attend 2 testing sessions to undertake preferred speed
straight-line walking trials along a 30 m level walkway. In the first session, 5 walking
trials were performed before and after being subjected to trunk or neck fatigue. Fortyeight hours later, subjects performed the abovementioned walking trials; however the
previously non-fatigued muscle group (trunk or neck) was fatigued. The sequence in
which trunk or neck fatigue was induced was counter-balanced to avoid order effects.
During the fatiguing and walking tasks, all subjects were encouraged to inform the
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examiner if any pain or severe discomfort was experienced. One week after
experimental testing of each participant, a follow-up conversation determined if any
participant had, or was, experiencing any symptoms of pain. At no stage did any
subject report pain or discomfort associated with the fatiguing task.

7.2.3 Instrumentation
Four custom designed, lightweight triaxial accelerometers were attached to each
subject to measure 3D accelerations during walking (Kavanagh et al., 2006b). An
individual accelerometer node consisted of two biaxial accelerometers (Analog
Devices ADXL202, range  2 g) mounted perpendicular to each other on a 1.5 x 2.6
cm printed circuit board (total mass: 6 g). Three of the four available sensing axes
were used to measure linear acceleration along the vertical (VT), anterior-posterior
(AP), and mediolateral (ML) axes of the accelerometer based coordinate system.
Accelerometers were attached over the occipital pole of the head with a firm fitting
elastic headband, as well as the C7 spinous process (upper trunk), the L3 spinous
process (lower trunk), and 30 mm proximal to the lateral malleolus of the right leg
(shank) with Leuko Sportstape Premium Plus. The C7 spinous process was selected as
it represents the upper geometrical limit of the trunk (1997). Using three
accelerometers to measure head, upper trunk, and lower trunk accelerations enabled
two upper body segments to be defined. For the purpose of this study, the segment
between the lower and upper trunk will be referred to as the trunk segment; and the
segment between the upper trunk and the head will be referred to as the neck segment.
Each accelerometer sent data through a cable connected to a lightweight processing
box (mass: 110 grams) fixed to the subject’s waist. The processor box contained a
Hitachi microprocessor (H8/300H), a Bluetooth Personal Area Network device
(Cambridge) for external communications, two AAA batteries, and a power regulation
module (Kavanagh et al., 2006b). The processor box transmitted binary data at 250
Hz to a remote PC. Custom designed software developed in Visual Basic 6.0
(Microsoft Corporation) synchronised, and displayed all acceleration data transmitted
to the PC in real-time. Gait velocity was monitored using 3 pairs of Omron (E3JK-
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R4M2) photoelectric light gates spaced at 5 m intervals along in the middle of the 30
m walkway.

7.2.4 Erector spinae MVIC measurement
A minimum of 24 hours prior to experimental testing, participants attended a
familiarization session where maximum voluntary isometric contraction (MVIC) for
the lumbar erector spinae (LES) and cervical erector spinae (CES) were determined
using a custom built apparatus (figure 7.1). This apparatus was designed to seat the
subject so that the upper body was perpendicular to the walkway surface. To remove
the potential effect of hip extensor activity contributing to LES MVIC, the apparatus
seat height was adjusted so that the trunk-thigh angle was at 135 degrees and the
shank-thigh angle was 90 degrees. Orienting the upper and lower body in this position
assisted in maintaining elastic equilibrium at the hip, and neutral lumbar lordosis
(Boakes et al., 1998). MVIC force for LES was measured using a Xtran 1 kN S-beam
load cell transducer (Applied Measurements) connected in series with a fixed vertical
post and a chest harness. An adjustable beam attached to the fixed post supported the
pelvis to ensure the hips remained stationary. Both the support beam, and harnessload cell transducer setup remained parallel to the walkway surface during the
fatiguing task. Overall, this configuration created a force couple between the pelvis
and trunk when the subject pulled posteriorly via the chest harness, and resulted in
contraction of the LES. Procedures to determine CES MVIC force were similar,
however a head harness replaced the chest harness, and the adjustable support beam
previously stabilising the pelvis was placed over the sternum, so that a force couple
was created between the upper thoracic region and the head. The MVIC protocol
consisted of 5 maximal contractions of 5 s duration, with 5 mins rest between
contractions. The greatest value from the load cell data collected from all trials was
taken to represent the subject’s MVIC.
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Figure 7.1. Apparatus used to determine MVIC, and to induce neuromuscular fatigue
of the lumbar erector spinae. The setup of the apparatus was able to be modified in
order to elicit contraction of the cervical erector spinae.

7.2.5 Erector spinae fatigue protocol
Following the control walking trials, and immediately prior to the experimental trials,
each subject performed the erector spinae (ES) fatiguing procedure. The level of ES
contraction throughout the fatiguing procedures was set at 60% of MVIC. To induce
fatigue, a 30 s contraction was performed, followed by 30 s of rest, then a further 20 s
contraction. The fatigue protocol selected for this study was similar to those used
previously to study the effects of muscle relaxants on lumbar musculature (Boakes et
al., 1998), and to discriminate between individuals with and without lower back pain
(Peach and McGill, 1998) according to changes in EMG spectral properties.
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LES and CES fatigue was induced with the apparatus and experimental configuration
outlined for the measurement of MVIC. A PC monitor was placed in front of the
subject and displayed real-time force data collected from the load cell. Contraction of
ES led to an increase in load cell force, which was displayed on a continually
updating graph (50 Hz), thus provided feedback regarding the level of ES contraction.
For increased simplicity, a basic visual cue was also provided on the PC monitor. A
green circular light (30 mm diameter) was illuminated when the force generated by
the subject was within 5% of the desired target force. Any time the light was not
active, the subject was instructed to either increase or decrease muscular contraction
in order to achieve to their target force output.

Bipolar Ag/AgCl EMG surface electrodes were positioned over the right LES, and
CES during the respective fatigue interventions to measure muscle activity during
each isometric contraction. Electrodes were placed with an inter-electrode distance of
20 mm, and in parallel with the underlying muscle fibres of the ES. LES electrodes
were placed at the level of L4, approximately 30 mm lateral to the spinous process.
CES electrodes were placed at the level of C3, approximately 20 mm lateral to the
spinous process. To ensure muscle activity was recorded under steady state
contraction and not during the progressive force development phase, EMG data
collection commenced after the target force level had been reached. Similarly, EMG
data collection ceased before the subject was instructed to stop the isometric
contraction. All EMG signals were sampled at 1 kHz and amplified using Coulbourn
isolated bioamplifiers (V75-02). Electrode-skin impedance was below 5 k during all
test conditions. A second-order Butterworth band-pass filter with a range of 5-500 Hz
was applied to all EMG data.

7.2.6 Data analysis
Median power frequency (MF) was extracted from LES and CES EMG data collected
during each contraction task, and was used as an indicator of neuromuscular fatigue
(Kupa et al., 1995; Moritani et al., 1984; Stulen and De Luca, 1981). Power spectral
analysis was performed on a sliding 1 s window (1000 data points) of raw EMG data.
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MF was determined for a window beginning at time zero, before the analysis window
was shifted forwards by 0.1 s epochs for the entire duration of the fatiguing task. This
procedure provided 290 MF values over the duration of the 30 s isometric contraction,
and 190 MF values for the 20 s isometric contraction task.

All analyses of gait patterns were performed on acceleration data collected from the
middle 15 strides of each trial. A tilt correction was applied to acceleration data prior
to analysis, in order to account for deviations in accelerometer axes from the global
vertical and horizontal planes whilst attached to the subject’s body. Under static
conditions, the output of each accelerometer reflects the degree of tilt in the device,
which can be determined and corrected for using basic trigonometry (24). To
determine the effect of ES fatigue on upper body posture and hence accelerometer
orientation during gait, the average accelerometer tilt relative to global horizontal
during each walking trial was calculated using methods described by Moe-Nilssen
(Moe-Nilssen, 1998a).

Stride duration was determined from heel contact events, calculated from the zero
crossing following peak negative accelerations for the shank in the AP direction.
Stride length was calculated from the gait velocity for each trial, multiplied by the
subjects average stride duration for that trial. Step length was assumed to be half of
the stride length. Cadence was computed from the time taken to perform 15 strides,
and expressed in steps per minute (ie. 120/average stride duration).

A profile of gain through the upper body was determined by applying a transfer
function to acceleration data collected during the walking trials. The transfer function
describes the relationship between the input and output of a system. When examining
gait patterns, the frequency content from superiorly located oscillations are typically
divided by the frequency content of inferiorly located oscillations. Given that the
fundamental frequency of the power spectrum is governed by the step frequency, it is
appropriate to consider the transfer function in regards to signal harmonics rather than
individual frequencies. This enhances the validity of comparing between trials and
subjects walking at different speeds. Therefore the transfer function was defined as:
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Equation 7.1

where f0 is the fundamental frequency, and 2f0 and 3f0 are the second and third
harmonics of the fundamental frequency. Using a Fast Fourier Transform,
acceleration signal harmonics were extracted up to the 15th harmonic (15f0). The
transfer function determined whether accelerations gain (positive) or attenuate
(negative) from inferior to superior upper body locations. Two signals of identical
frequency composition will produce a gain of zero for all harmonics.

The transfer function was applied to the harmonics extracted from acceleration data
collected during the control, LES fatigue, and CES fatigue walking trials. To provide
greater detail about how the upper body modulates gait-related accelerations, gain was
calculated for RMS acceleration, and peak power derived from power spectral
analysis of accelerations. For all walking conditions, data from the upper trunk were
divided by data from the lower trunk to give a measure of gain for the trunk segment.
Similarly, head data were divided by upper trunk data to determine the gain associated
with the neck segment.

The degree of acceleration signal regularity was determined using Approximate
Entropy (ApEn). ApEn is a probability statistic based on the logarithmic likelihood
that a sample of data will remain within a tolerance window defined as 20% of the
standard deviation (r = 0.2) in subsequent data increments of one data point (m = 1)
within a serial signal (Pincus, 1991; Pincus and Singer, 1996). ApEn analysis returns
a scalar value which approaches zero with increased signal regularity, and approaches
two with increased signal irregularity (Pincus, 1991, 1995). Increased regularity in a
signal, or a signal containing a large degree of repeatable pattern features such as a
pure low frequency sine wave, will return a low ApEn value. In contrast an irregular
signal where time series events are unrelated to previous event (such as white noise)
will return a high ApEn value.
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Signal smoothness was determined from the harmonic ratio calculated for each
acceleration signal (Gage, 1964; Smidt et al., 1971). Using Fourier Transformation,
harmonic coefficients were extracted from each acceleration signal, where the
fundamental frequency was determined from stride duration. For the VT and AP
directions, the sum of the first 20 even harmonics was divided by the sum of the first
20 odd harmonics to give the harmonic ratio. Odd harmonics were divided by even
harmonics to calculate the harmonic ratio for the ML direction, so that in all directions
higher harmonic ratios reflected increased signal smoothness (Menz et al., 2003b).

7.2.7 Statistical analysis
Typically, MF decreases in a linear manner during fatiguing isometric muscle
contraction (De Luca, 1984). Therefore linear regression was used to determine if the
fatiguing tasks caused a decrease in the MF collected over 0.1s epochs for each
subject. A significant change in the slope of the least squares regression line from zero
was taken as an indicator that the tasks induced neuromuscular fatigue.

A two-way ANOVA was applied to basic gait parameter data (gait velocity, stride
duration, cadence and step length) to determine whether difference in existed within
testing sessions (control vs fatigue trials) or between testing sessions (control-LES
fatigue vs control-CES fatigue trials).

One-way ANOVA was applied to RMS, peak power and total power of head
accelerations to examine head stability. No significant differences between head
accelerations in the control and fatigue walking trials suggested that head stability was
not compromised due to fatigue.

The effect of fatigue on segmental attenuation was examined using interaction effects
(fatigue condition by upper body segment) derived from a two-way ANOVA. Planned
contrasts were used to determine whether differences existed pre-and post fatigue for
both the neck segment and trunk segment.

141

Chapter 7

The effect of acceleration location (head, upper trunk, lower trunk) on ApEn and
harmonic ratio was examined with separate ANOVA’s for the VT, AP, and ML
directions. Planned repeated contrasts were used to examine relations between
adjacent segments in each direction, such as head VT–upper trunk VT, and upper
trunk VT–lower trunk VT. All statistical analyses were performed using SAS for
Windows (Release 8.0), with the level of significance set at 0.05.

7.3 Results
7.3.1 Basic gait parameters
Data for gait velocity, stride duration, cadence and step length for each walking speed
condition are presented in table 7.1. No differences were detected in basic gait
parameters between control and corresponding fatigue trials. Furthermore, no
differences were detected in basic gait parameters between control trials and fatigue
trials from different testing sessions.
Table 7.1. Basic gait parameters for trunk and neck fatigue testing sessions (mean 
SD).
Walking condition
Control

Fatigue

1.40  0.15
1.10  0.03
108.6  3.6
0.78  0.08

1.36  0.14
1.12 0.04
106.8  4.1
0.76  0.07

1.35  0.13
1.11  0.04
107.6  3.7
0.75  0.07

1.40  0.17
1.11  0.04
108.0  4.4
0.77  0.08

Trunk fatigue session
Gait velocity (m.s-1)
Stride duration (s)
Cadence (steps.min-1)
Step length (m)
Neck fatigue session
Gait velocity (m.s-1)
Stride duration (s)
Cadence (steps.min-1)
Step length (m)
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7.3.2 Neuromuscular fatigue
When normalised to body weight, the average force production at 60% MVIC for
lumbar extension and cervical extension was 41  9% and 16  5% of body weight
respectively. For all subjects, sustained ES contraction resulted in a time-dependent
compression of the power spectrum towards lower frequencies, as illustrated in the
representative MF-time histories in figure 2 (top panel). Linear regression revealed
that during the initial 30 s of isometric contraction and the following 20 s of
contraction, the slope of the MF significantly decreased for both the LES and CES for
all subjects (all p’s < 0.001) (figure 2, bottom panel).

7.3.3 Accelerometer tilt
The maximum mean accelerometer tilt observed during walking across all conditions
and trials was 2.31 degrees (upper trunk accelerometer in the AP direction). No
significant differences were observed in mean accelerometer tilt relative to global
horizontal between control and fatigue walking trials.

7.3.4 Segmental gain: Harmonic profile
The harmonic profiles presented in figure 7.3 indicate that patterns of oscillatory gain
were similar for the control, CES fatigue, and LES fatigue walking conditions. The
most notable harmonic profiles were for the trunk segment in the AP and ML
directions, where all but the first harmonic demonstrated a negative gain. Although
neck segment gain in the mediolateral direction tended towards zero for all harmonics,
the remaining directions and locations had less discernable patterns of harmonic gain.
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Figure 7.2. Top: Representative median frequency data and the associated regression
lines of the lumbar erector spinae (LES) and cervical erector spinae (CES) during a 30
s isometric contraction at 60 % MVC, followed by a 30 s rest period, then a further 20
s contraction at 60 % MVC. Bottom: LES and CES group means  SEM for the slope
of the median frequency during the 30s fatiguing task, and the 20 s re-fatiguing task.
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Figure 7.3. Transfer function applied to the first 15 harmonics extracted from
accelerations in the vertical, anterior-posterior and mediolateral directions during
walking. Data are presented for the neck and trunk segments during control, CES
fatigue, and LES fatigue walking trials. A negative gain indicates accelerations
decreased from inferior to superior locations.
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7.3.5 Segmental gain: RMS acceleration
No significant differences were identified between control and fatigue walking trials
for RMS accelerations of the head. Fatiguing the CES resulted in a significant change
in the gain of the trunk segment, as a significant condition by location interaction was
detected in the AP direction (F(7, 49) = 19.63, p < 0.001). Contrasts revealed that for
the trunk segment in the AP direction, RMS acceleration gain was significantly lower
during the CES fatigue walking condition compared to the control walking condition
(F(1, 49) = 3.85, p = 0.049). RMS acceleration data for pre- and post-fatigue walking
conditions are presented in figure 7.4.

RMS acceleration
Gain (dB)

2

CES Fatigue

Neck segment
Trunk segment

1
0

*

-1
-2
-3

RMS acceleration
Gain (dB)

2

LES fatigue

1
0
-1
-2
-3
Control

Fatigue

Vertical

Control

Fatigue

Anterior-posterior

Control
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Figure 7.4. Neck segment and trunk segment RMS acceleration gain for the vertical,
anterior-posterior and mediolateral directions during walking. Top: Means  SEM for

the control and CES fatigue walking conditions. Bottom: Means  SEM for the
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control and LES fatigue walking conditions. Negative gain indicate that RMS
acceleration decreased from inferior to superior, and positive gain indicate RMS
acceleration increased from inferior to superior locations.

7.3.6 Peak power
No significant differences were identified between control and fatigue walking trials
in peak power of the head. Fatiguing the CES resulted in a significant change in the
gain of the trunk segment as a significant condition by location interaction was
detected in the AP direction (F(7, 49) = 25.38, p < 0.001). Contrasts revealed that for
the trunk segment in the AP direction, peak power gain was significantly lower for the
CES fatigue walking condition compared to control walking condition (F(1, 49) =
5.11, p = 0.02). Additionally, fatiguing the LES resulted in a significant change in the
gain of the trunk segment, as a significant condition by location interaction was
detected in the ML direction (F(7, 49) = 11.19, p < 0.001). Contrasts revealed that for
the trunk segment in the ML direction, peak power gain was significantly greater for
the LES fatigue walking condition compared to normal walking (F(1, 49) = 9.14, p =
0.004). Peak power data for pre- and post-fatigue walking conditions are presented in
figure 7.5.

7.3.7 Signal regularity
A significant condition by location interaction was detected for ApEn in the VT
(F(11, 77) = 85.51, p < 0.001), AP (F(11, 77) = 94.47, p < 0.001), and ML (F(11, 77)
= 84.47, p < 0.001) directions. Contrasts revealed that following CES fatigue, ApEn
values significantly increased for lower trunk accelerations in the VT direction (F(1,
77) = 4.20, p = 0.033) and head accelerations in the AP direction (F(1, 77) = 3.72, p =
0.047). The increase in ApEn in the AP direction indicates the structure of head
accelerations became more irregular during walking following CES fatigue.
Following LES fatigue, ApEn values significantly decreased for upper trunk
accelerations in the ML direction (F(1, 77) = 3.98, p = 0.048). ApEn data for pre- and
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post- fatigue walking conditions are presented in figure 7.6. As no significant
differences were identified between ApEn of the two control trials, control data
presented in the figure is an average of all pre-fatigue walking trials.
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Figure 7.5. Neck segment and trunk segment peak power gain for the vertical,
anterior-posterior and mediolateral directions during walking. Top: Means  SEM for

the control and CES fatigue walking conditions. Bottom: Means  SEM for the
control and LES fatigue walking conditions. Negative values indicate that peak power
decreased from inferior to superior, and positive values indicate peak power increased
from inferior to superior locations.
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7.3.8 Signal smoothness
A significant condition by location interaction was detected for the harmonic ratio in
the AP (F(11, 77) = 13.26, p < 0.001) and ML (F(11, 77) = 11.69, p = 0.011)
directions. Planned contrasts revealed that for the AP direction, following LES fatigue
the harmonic ratio for the upper trunk was significantly decreased (F(1, 77) = 6.25, p
= 0.014). Contrasts revealed that for the ML direction, following LES fatigue the
harmonic ratio for the lower trunk was significantly decreased (F(1, 77) = 4.67, p =
0.033). Harmonic ratios for pre- and post- fatigue walking conditions are presented in
figure 7.6.

7.4 Discussion
The purpose of this study was to examine the effect of erector spinae muscle fatigue
on head stability during walking. In particular, the complementary role that the neck
and trunk segments played in modulating accelerations of the head after inducing
neuromuscular fatigue of the lumbar erector spinae (LES) and cervical erector spinae
(CES) was examined. In the context of this study, optimal stability was defined as the
pattern of upper body accelerations exhibited during the self-selected preferred speed
control walking conditions. Any differences in terms of acceleration amplitude,
frequency content, signal regularity or smoothness of the head following erector
spinae (ES) fatigue was interpreted as being indicative of a change in upper body
stability.

7.4.1 Neuromuscular fatigue
The results of the EMG analysis suggest that neuromuscular fatigue was induced for
both the LES and CES during each submaximal isometric contraction. A progressive
linear decrease in the MF of EMG activity during sustained isometric contraction is
considered a quantitative indicator of neuromuscular fatigue (De Luca, 1984;
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Oddsson and De Luca, 2003; Roy et al., 1989). During the initial 30 s, and the refatiguing 20 s isometric contraction period of the fatigue protocol, MF of the LES and
CES significantly decreased in a time-dependent linear manner. In contrast to the
LES, the CES MF for the re-fatiguing 20 s contraction decreased at a greater rate
compared to the initial 30 s contraction. This suggests that the CES was continuing to
fatigue during the re-fatiguing 20 s period, whereas the LES may have been
approaching a point of contraction failure during the 20 s contraction (De Luca,
1984). The differences in MF observed between the LES and CES may be explained
by the load sharing role of muscles in erector spinae muscle groups. Extension of the
lumbar spine is predominantly moderated by longissimus, iliocostalis, and to a lesser
extent multifidus groups. In contrast, multiple muscles have the potential to extend the
cervical spine, such as the trapezius, longissimus, iliocostalis, splenius, and spinalis
groups amongst others. Although variable load sharing has been illustrated for LES
muscle to prolong the onset of fatigue and maintain force output (Lariviere et al.,
2003; Mannion et al., 2001; van Dieen et al., 1993), the CES may be even more
reliant on recruiting synergistic muscles to prolong fatigue if the CES contains a
greater proportion of type II fibres (Falla et al., 2003; Mannion et al., 1998).

An intermittent fatigue protocol such as the one employed in the present study has
been suggested to induce LES muscular fatigue without compromising force output at
submaximal loads (Boakes et al., 1998). Therefore, differences in upper body
segmental attenuation characteristics in the present study are more likely the result of
altered patterns of neuromuscular activity, rather than changes in force generating
properties. Given that accelerometer tilt was not different following LES and CES
fatigue, it is also likely that any fatigue induced differences in the present study were
not influenced by changes in upper body posture.

7.4.2 Head stability following fatigue
The results of the present study indicate that walking speed did not differ between any
condition. This suggests that not only was the preferred walking speed consistent
between control walking trials, but the level of induced LES and CES fatigue did not
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affect locomotor system’s ability to repeat the preferred walking speed. One
characteristic of walking often observed with acute and chronic postural deficits is
that walking speed is decreased, with a view of minimising potentially perturbing
segmental oscillations, thus enhancing stability. Compared to healthy adults, the
elderly (Cromwell et al., 2002; Paquette et al., 2006), Parkinson’s disease (Mesure et
al., 1999), and Cerebral and Spinal Palsy (Dan et al., 2004; Holt et al., 1999)
individuals often exhibit a more cautious walking strategy; characterised by
adaptations in walking speed and segmental interactions which assist in minimising
the amplitude and variability of head motion. Studying postural control in populations
with musculoskeletal degeneration, or any type of coordination deficit, can be
problematic due to the cause and effect relationship of walking speed and stability. It
is often difficult to determine whether adaptations of the neuromuscular system cause
reductions in gait speed (Hsu et al., 2003), or whether the slower speed is due to self
imposed constraints to provide a greater perception of stability (Herman et al., 2005).
The absence of speed differences between walking conditions in the present study
suggests that differences observed for head stability and segmental attenuation are
more likely to reflect the singular effect of fatigue rather than velocity dependent
changes in gait patterns.

The first hypothesis of this study was that CES fatigue would result in a diminished
capacity to maintain head stability due to an altered attenuation capability of the neck
segment. This was in part confirmed as the regularity of head accelerations, and
therefore head stability, was different between pre- and post-fatigue walking
conditions. However the attenuation properties of the trunk, and not the neck, were
affected following CES fatigue. The second hypothesis of this study was that LES
fatigue would not affect head stability as the unfatigued, intervening neck segment
would compensate for the diminished attenuation properties of the trunk segment.
This was confirmed in the plane of progression, however in the ML direction the
dynamics of the trunk segment were different between pre- and post-fatigue walking
conditions.
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Head accelerations were unaffected by fatigue in the VT and ML directions,
indicating the postural system was able to preserve head stability in the frontal plane
despite LES or CES fatigue. Similarly, head stability was preserved in the AP
direction following LES fatigue. However the results of the signal regularity analysis
indicate that following CES fatigue, AP head accelerations were less regular. This
change in head AP regularity was observed despite no post-fatigue differences in the
regularity of lower or upper trunk accelerations in the AP direction. Potentially CES
fatigue perturbed sensorimotor feedback mechanisms of the neck segment that
contribute to stabilising head motion during walking. Neuromuscular fatigue can
affect the afferent flow from a multitude of peripheral receptors to the CNS (Proske,
2005; Taylor et al., 2000; Walsh et al., 2004), which in turn may alter neural drive and
motor output of the same region of the body (Hunter et al., 2004; Pederson et al.,
1998). This point is particularly relevant in regards to regulating upper body
movement, as active spinal stability is primarily controlled by muscle recruitment
patterns, active muscle stiffness, and reflex response, all of which are modifiable with
fatigue (Granata et al., 2004). It has also been speculated that postural orientation in
the sagittal plane may be altered following neck fatigue due to changes in afferent
outflow to areas of the CNS which are responsible for building spatial reference
frames for body segments (Schmidt and Schieppati, 2005). With the majority of
dependent variables not affected following the isometric fatiguing contractions, the
postural system was in general able to preserve head stability despite the presence of
upper body fatigue. It is perhaps not surprising that the only difference detected in
head accelerations following fatigue was for signal regularity. ApEn has been
reported to be a highly sensitive analysis in detecting differences in upper body
accelerations during walking on a level surface compared to measures of signal
amplitude, frequency content, or smoothness (Kavanagh et al.). The question now
arises: how did the trunk and neck segments modulate gait-related oscillations to
contribute to stabilising the head following fatigue of erector spinae muscle groups?
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7.4.3 Segmental gain following fatigue
The general profile of trunk and neck segment harmonic gain was similar for the
control, CES fatigue, and LES fatigue walking trials (figure 7.3). However, fatiguing
erector spinae at one level of the upper body altered the gain of the adjacent upper
body segment in the AP direction. During the CES fatigue condition there was greater
attenuation for the trunk segment in the AP direction for RMS and peak power
compared to the control condition. While it was not possible to determine the
mechanism underlying the observed compensatory motor strategy, as multiple muscle
systems are responsible for maintaining posture, it is likely that certain sensorimotor
events occurred. It is probable that the nature of fatigue altered afferent flow from
sensory receptors of the fatigued muscle to the CNS, which in turn elicited an
adaptive motor response (Carpentier et al., 2001; Hagbarth and Macefield, 1995).
Recruitment of unfatigued synergistic muscle groups have been observed in knee
extensors during submaximal fatiguing contractions (Akima et al., 2002; Kouzaki et
al., 2004; Rochette et al., 2003) and intrinsic finger muscles during isometric
contraction tasks (Danion et al., 2000; Zijdewind et al., 1995). These studies
demonstrate that muscular fatigue need not compromise the performance of simple
movement tasks, as altered neural drive can generate alternative motor strategies to
perform the task. While supraspinal factors are likely to be involved, it cannot be
ruled out that spinal reflexes may have contributed to the observed motor patterns.
Although not yet demonstrated in humans, animal models have revealed that
neuromuscular fatigue increases fusimotor activity not only in the contracting muscle,
but in synergistic muscles as well (Ljubisavljevic and Anastasijevic, 1996).

In contrast to the AP and VT directions, fatiguing the LES resulted in a greater gain in
peak power for the trunk segment in the ML direction, and an increase in signal
regularity for acceleration of the upper trunk. A similar profile of upper body
attenuation has been observed in previous research, where head stability was
preserved despite peak power and regularity of upper body accelerations increasing
from the lower to upper trunk during self-selected slow walking speeds (Kavanagh et
al.). Differences in the trunk segment dynamics due to LES fatigue indicate that the

154

Experiment 5

effects of perturbing spinal extensors were not confined to movement characteristics
in the sagittal plane. As the postural system must coordinate segmental interactions in
each direction, it is possible there is a trade-off in trunk attenuation in the ML
direction in order to enhance head stability in direction that was perturbed. Regardless
of the motor strategy employed, following LES fatigue accelerations were more
regular for the upper trunk in the ML direction, and smoother in the AP direction. A
tightly controlled upper trunk is beneficial to head stability, as it creates a stable
platform for the neck and head to oscillate on, a feature observed during normal
walking (Cromwell et al., 2001a; Kavanagh et al., ; Winter et al., 1990c).
Furthermore, the differences observed for gain and signal regularity of the trunk
segment, combined with increased smoothness of lower trunk accelerations in the ML
direction following LES fatigue, reinforce the notion that the postural system attempts
to control gait related oscillations prior to reaching the head by coordinating trunk
movement in each direction (Kavanagh et al.).

7.4.4 Limitations
As this is the first known study to investigate the effect of LES and CES fatigue on
head stability during walking, several experimental features can potentially be
enhanced in future work. The methods employed in the present study were noninvasive; therefore the number of subjects recruited in future investigations could be
increased. In regards to the ES fatigue, it is of interest to determine the reliability of
the fatiguing protocol. Although similar intermittent isometric LES contractions have
been reported, the ability to replicate both the LES and CES fatigue protocol
employed in the present study is yet to be determined. Further, the transfer of fatigue
from the isometric contraction task to the walking task is of interest, as it is unknown
the extent to which each subject recovered over the duration of each walking trial. No
subjective measures of fatigue were included in the present study, however this may
have provided further information pertaining to each participant’s level of perceived
exertion. Although the relationship between subjective and objective measures of
fatigue for the CES are suggested to be moderately correlated (Strimpakos et al.,
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2005), subjective measures of LES fatigue have a good correlation with features of
the EMG signal (Dedering et al., 1999). While changes in the attenuation properties of
trunk and neck segments in general assisted in preserving head stability following ES
fatigue, inducing greater levels of fatigue may have resulted in more pronounced
changes in head stability.

7.5 Conclusion
The findings of this study indicate that erector spinae fatigue differentially affected
upper body segmental attenuation during walking according to the level of the upper
body that was fatigued, and the direction that oscillations that were attenuated. Head
stability was preserved in all directions following LES fatigue, and in the VT and ML
directions following CES fatigue. However accelerations of the head were less regular
after CES fatigue was induced. Fatiguing erector spinae at one level of the upper body
altered the attenuation characteristics of the adjacent upper body segment in the AP
direction, presumably to minimise the impact of gait-related accelerations on head
movement. The effects of fatiguing spinal extensors were not confined to changes in
segmental gain in the sagittal plane, as LES fatigue resulted in greater gain for the
trunk segment in the ML direction. Signal regularity and smoothness analysis
suggested that following LES fatigue, the postural system reorganised segmental
motion to enhance stability of the upper trunk, thus providing a stable platform for the
neck and head to move on. Overall the findings in this study suggest that head
stability has a high priority during walking, and that the CNS reorganises segmental
interactions in order to facilitate head stability in the presence of ES muscle fatigue.
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8
“All our knowledge begins with the
senses, proceeds then to the
understanding, and ends with reason.
There is nothing higher than reason.”
Immanuel Kant
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8.1 Summary of experimental findings
The general purpose of this study was to examine factors that may influence
acceleration characteristics of the upper body during walking. It was envisaged that
the results of this study would clarify the means by which the postural system
organises movement to facilitate dynamic stability of the upper body during walking.
The following section of the general discussion provides a summary of the findings
from each experiment that comprise this study.

Chapter 3. Upper body accelerations during walking in healthy young and elderly
men.

The main results of chapter 3 were that peak positive anterior-posterior (AP) trunk
accelerations associated with push-off was significantly lower for elderly subjects. In
contrast the peak negative AP head and trunk accelerations following heel contact
were significantly higher for elderly subjects. Furthermore, the time delay between
trunk and head accelerations experienced in the AP direction was significantly lower
for the elderly compared to the young group. Together these results suggest that
elderly subject’s exhibit different patterns of upper body motion in the direction of
travel compared to younger subjects. These differences are probably motivated by the
need to maximise dynamic stability during critical parts of the gait cycle.

Chapter 4. Coordination of head and trunk accelerations during walking.

The results of chapter 4 indicated that accelerations of the head were smoother, with a
greater proportion of power at lower frequencies than accelerations of the trunk.
Differences in power spectral properties between the head and trunk were most
pronounced in the ML direction. Coupling between VT-AP, VT-ML, and AP-ML
accelerations were greater for the head than trunk. For both the head and trunk, the
weakest coupling was observed for AP-ML acceleration relations. Overall, the results
of this chapter suggest that accelerations of the head are significantly attenuated, and

158

General discussion

more tightly controlled, compared to accelerations of the lower trunk. This attenuation
process was particularly evident for the ML direction, whereby head accelerations
showed the greatest differences compared to ML accelerations at the trunk.

Chapter 5. Age-related differences in head and trunk coordination during walking.

Compared to the young participants, the elderly had a greater proportion of signal
power above 6 Hz for the trunk. Furthermore, the elderly had a smaller difference in
signal smoothness between the trunk and head, less signal smoothness in the
mediolateral direction, and a greater degree of directional coupling for the head
compared to the trunk. Overall these results suggest that the pattern of head
accelerations was relatively unaffected by age, and that both age groups achieved
similar levels of head stability despite differences in trunk acceleration characteristics.
The manner in which head stability was achieved differed between age groups, with
the elderly employing an upper body coordination strategy that enhanced coupling
between acceleration directions of the head compared to the trunk. The findings of
chapter 5 also suggest that an absence of age-related differences in signal complexity
at one level of postural system, combined with differences at another level, may
provide information about the way in which the motor system prioritises postural
control during gait.

Chapter 6. The role of the neck and trunk in facilitating head stability during walking.

Signal regularity was increased from the lower to upper trunk for all walking speeds
and directions with the exception of the slow speed in the AP direction. Evidence
from analysis of power spectral and amplitude characteristics of acceleration signals
was suggestive that accelerations are also attenuated from the lower to upper trunk by
dynamics of the intervening trunk segment. Differences in selected power spectral and
amplitude characteristics between the accelerations of the upper trunk and head due to
the intervening neck segment were only detected in the AP direction at preferred and
fast walking speeds. Overall the findings of this chapter suggest that the trunk
segment plays a critical role in regulating gait-related oscillations in all directions.
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Only accelerations in the direction of travel at preferred and fast speeds required
additional control from the neck segment in order to enhance head stability during
walking.

Chapter 7. Lumbar and cervical erector spinae fatigue elicit compensatory postural
responses to assist in maintaining head stability during walking.

The main findings were that head stability was only affected in the AP direction, as
accelerations of the head were less regular following CES fatigue. Further, following
CES fatigue the central nervous system altered the attenuation properties of the trunk
segment in the AP direction, presumably to enhance head stability. Following LES
fatigue the trunk segment had greater gain, and increased regularity and smoothness
of accelerations in the ML direction. Overall, the results of this study suggest that
erector spinae fatigue differentially altered segmental attenuation during walking
according to the level of the upper body that was fatigued, and the direction that
oscillations were attenuated. A compensatory postural response was not only elicited
in the sagittal plane where greater segmental attenuation occurred, but also in the
frontal plane where greater segmental gain occurred.

8.2 Synthesis of experimental findings
The purpose of this section of the general discussion is to integrate the findings of
each experiment that comprise this study with broader literature, to clarify the means
by which the postural system organises movement to facilitate dynamic stability of
the upper body during walking.

8.2.1 New insights into gait-related upper body accelerations
While some aspects of upper body accelerations during walking have been described
using RMS amplitude, and variables extracted from the power spectrum, this has not
been done in a manner which comprehensively describes the movement dynamics
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underlying postural stability. The present study provides new insight into the 3D
attenuation characteristics of the upper body during walking by employing a battery
of analyses that have not previously been used in gait experiments. Using time- and
frequency-domain analyses, combined with analyses that examine the time-dependent
structure and coupling of segmental accelerations, a greater understanding of upper
body stability during walking has been gained.

In general, the patterns of accelerations measured at the level of the head were an
attenuated version of those at the lower trunk. However there were some observable
differences in acceleration patterns between the head and lower trunk with respect to
direction. In the VT and AP directions, head and lower trunk accelerations during a
full gait cycle were observed to follow a highly repeatable bi-phasic pattern, as has
been previously highlighted (Menz et al., 2003b). In contrast head and lower trunk
accelerations in the ML direction were characterised by a mono-phasic pattern. The
general profile of head and lower trunk accelerations in the ML direction were also
quite repeatable, especially for the head. However the most notable of all attenuation
profiles was the difference between accelerations of the head and lower trunk in the
ML direction. The nature of trunk ML accelerations suggested that this signal
contained higher frequencies and increased complexity compared to trunk AP and VT
accelerations. Yet by the time oscillations reached the head, these high frequencies
and complex patterns appeared to be substantially reduced.

Selective variables were extracted from the power spectra of head and lower trunk
accelerations in an attempt to provide additional information on how the postural
system regulates motion of the head and trunk. Both VT and AP accelerations were
characterised by a peak frequency at approximately 2 Hz, which is known to coincide
with step frequency (Hirasaki et al., 1999), and accounted for the majority of the total
signal power in each direction. Therefore for an average cadence of 116 steps.min-1,
the modal frequency in the plane of progression will be slightly less that 2 Hz.
Alternatively, ML accelerations were governed by the stride frequency, indicating the
modal frequency should be slightly less than 1 Hz. While a dominant frequency peak
was observed for the head, accelerations of the trunk in the ML direction were
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characterised by multiple low amplitude peaks between 1 and 11 Hz, providing
evidence that the trunk acts as a low pass filter. The regularity and smoothness of
upper body accelerations reflected the results of the frequency analysis, and provided
added insight to the demands placed on the postural system during walking,
particularly in the ML direction. It appears that despite the presence of high
amplitude, high frequency and complex patterns of accelerations at the level of the
lower trunk, the postural system organises movement to minimise the impact of
accelerations on the head.

The manner in which movement was organised to facilitate head stability was in part
revealed in the nature of acceleration coupling observed for the upper body. The cross
ApEn analysis revealed that coupling between directions was greater for the head than
the lower trunk. This suggests that the postural system promotes a coordination
strategy which enhances global stability of the head, compared to independently
regulating accelerations in each direction, as was evident at the lower trunk. Lower
coupling, combined with minimal crosstalk in spectral parameters between VT/AP
and ML directions of the trunk, draws parallels with the independent postural control
mechanisms postulated by Winter and colleagues (1996). This work suggested that
during quiet stance, postural sway in the AP direction is separate and independently
controlled by the CNS compared to sway in the ML direction.

The results of this study, as well as others, indicate that the gait-related accelerations
are minimised from the lower trunk to the head to enhance stability and balance
(Menz et al., 2003b; Prince et al., 1994; Winter et al., 1990c). However the
contribution from upper body segments to the attenuation process was previously
unknown. Subdividing the upper body into neck and trunk segments enabled a more
comprehensive description of 3D attenuation characteristics to be undertaken. In
general, acceleration amplitude, power content, and regularity were predominantly
altered by the trunk segment, especially for the AP and ML directions. This suggests
that the trunk segment plays a critical role in modulating the amplitude and structure
of gait-related oscillations prior to reaching the neck segment and thus the head. This
finding also reinforces the notion that the trunk segment provides a stable platform for
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the head (Cromwell et al., 2001a; Grossman et al., 1988; Winter et al., 1990c).
However it expands on previous research by indicating the trunk segment is primarily
responsible for regulating and attenuating gait-related oscillations between the lower
trunk and head, with some additional assistance from the neck segment to stabilise the
head in the direction of progression.

8.2.2 Challenging the postural system
An objective of this study was to examine factors that may influence acceleration
characteristics of the upper body during walking, with a view of clarifying how the
postural system facilitates dynamic stability. Special populations, such as Cerebral
Palsy and Parkinson’s Disease sufferers are often recruited to study how postural
control is compromised with degradation to the motor system. However, in healthy
individuals, to understand how the postural system organises movement to facilitate
stability, it is useful to examine how the motor system operates under challenging
conditions. It was envisaged that examining factors that may challenge the individual
(the normal ageing process), and the walking task (changes in walking speed, and
induced fatigue of the upper body), would provide new insight into the extent to
which the postural system prioritises head stability during walking.

Overall, the results of this study indicate that head stability is prioritised during
walking. Regardless of the movement originating at the lower trunk, or the imposed
challenges to the postural system, interactions of upper body segments are organised
in a manner which assists in maintaining a degree of head stability comparable to
those observed under normal walking conditions. Similar findings have been reported
by Menz and colleagues, who examined accelerations of the head and pelvis whilst
healthy young (Menz et al., 2003b) and elderly (Menz et al., 2003c) subjects walked
on level and irregular surfaces. Despite increased amplitude and variability of pelvis
accelerations when walking on an irregular surface, motor output at the head was
generally similar to that observed during level walking. The present study adds to
these findings by describing attenuation and coordinative characteristic of upper body
segments which contribute to preserving head stability. For example, although the
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normal ageing process resulted in increased challenges to ML stability at the level of
the lower trunk, a greater degree of coupling between directions was observed at the
head for the elderly. This pattern of coordination suggests that to enhance head
stability during walking, the elderly place a greater emphasis on maintaining the
global motion of the head rather than independently controlling accelerations
according to direction.

The importance that the postural system places on maintaining head stability was
further evident in the attenuation characteristics of the trunk and neck segments when
walking speed was manipulated, and neuromuscular fatigue induced. During both of
these walking conditions, the postural system modified the contribution of trunk and
neck segments to attenuating gait-related oscillations in each direction specific to the
task being performed. Manipulating walking speed highlighted the critical role that
the trunk segment has in regulating upper body accelerations arising from gait-related
events. In fact, the dynamics of neck segment were only altered in the direction of
travel at preferred and fast speeds, a feature of the postural control not previously
identified. Similarly, inducing neuromuscular fatigue at different levels of the upper
body resulted in significant changes in attenuation, predominantly for the trunk
segment, in order to preserve head stability. Perturbing one segment of the upper body
led to greater attenuation of the opposite segment in the plane of progression. For
example, inducing fatigue of the cervical erector spinae resulted in greater trunk
segment attenuation for RMS acceleration, total power, and peak power in the AP
direction. Combined with the trunk segment gain in the ML direction following
lumbar erector spinae fatigue, it is apparent that optimal head stability is reliant on the
trunk segment providing a stable base of support for the neck and head.

A potential reason underlying the need for the postural system to provide a stable
platform for the neck and head may lie in the involvement of neck stabilising
mechanisms. It is well known that voluntary, vestibular and proprioceptive reflexes,
and system mechanics of the neck assist in compensating for perturbing head rotations
(Pozzo et al., 1990). However due to it’s structure and function, the neck segment
may be unable to compensate for higher amplitude and frequency oscillations that the
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trunk can. This speculation is supported by the work of Kesher and colleagues, who
highlighted the inability of head motion to be tightly controlled when the trunk
undergoes translational (Keshner, 2003) and rotational (Keshner, 2000; Keshner et al.,
1995b; Keshner and Peterson, 1995b) movements at increased amplitudes and
frequencies. Therefore excessive oscillations of inferior segments that transmit to
superior segments may compromise the ability to fine tune motion of the head. By
attenuating accelerations via the trunk segment, the postural system is effectively
regulating the orientation of the head and the inclusive sensory organs, thereby
allowing neck reflexes to act as fine tuners rather than primary stabilisers.

8.3 Future directions
8.3.1 Theoretical issues
The present study clarifies the means by which the postural system organises
movement to facilitate dynamic stability of the upper body during walking. However
it is of interest to determine whether the results of this study can be generalised to
other walking conditions or tasks. While the normal ageing process, changing walking
speed, and postural muscle fatigue are all factors which influence dynamic stability,
there are many other conditions that place demands the postural system during
walking. Common activities which are of interest due to challenges imposed on upper
body stability include curved path walking, stair climbing, and obstacle avoidance
resulting in abrupt changes of walking pattern. Furthermore, experimental designs to
examine postural control in special populations such as Parkinson’s Disease, Cerebral
Palsy, and Multiple Sclerosis may benefit from the findings and techniques described
in the current study.

Determining the causal effect of motor output during walking is challenging as gait
patterns, and the maintenance of posture, are the result of many sensorimotor
interactions throughout the body (Zajac et al., 2002). To gain a better understanding
of the mechanisms responsible for facilitating upper body stability, an input variable
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(ie neuromuscular activity) could be quantified and compared to an output variable (ie
segmental acceleration). Assuming that EMG data can be collected from a significant
number of postural muscles, and accelerations at multiple levels of upper body can be
measured, certain directions can be taken in future research. This study, and previous
studies, investigating upper body accelerations during walking have attributed certain
changes in motor output to increased rigidity of the trunk segment. An EMG-driven
model of spinal stiffness could provide a quantitative assessment of rigidity, therefore
identifying a potential mechanism underlying change in motor output (van Dieen et
al., 2003).

To compensate for the effects of erector spinae fatigue (chapter 7), there were distinct
changes in attenuation characteristics between the neck and the trunk segments.
However it was unknown whether these changes in movement dynamics were
mediated centrally by changing postural muscle activation patterns, or whether they
were mediated by reflex mechanisms. Prince and colleagues (1994) speculated that
the ‘top down’ control of postural muscles during walking were not reflexive, as there
is no stretching of paraspinal muscles before perturbing horizontal accelerations of the
upper body occur. However the presence of fatigue may alter muscle tension, and
therefore evoke reflexes otherwise not generated during walking. If the trunk or neck
segment is braced following fatigue, the potential for paraspinal muscles to be
stretched would be minimised. If a compensatory response similar to that described in
chapter 7 is elicited following fatigue and bracing, it could be concluded that changes
in movement dynamics were due to centrally organised changes in muscle
coordination.

A feature of the walking pattern that was not examined in the present study, but may
have contributed in facilitating upper body stability, was how movement of the pelvis
and lower limb was organised during each walking condition. Winter’s inverted
pendulum model of balance highlights that horizontal accelerations of the head, arms
and trunk (HAT) segment generate unbalancing moments about the hip joint (Winter,
1991). Equal and opposite flexor and extensor moments of the hip cancel out
unbalancing moments, thus minimising angular acceleration of the HAT segment.
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This indicates that activation patterns of hip and thigh muscles have the potential to
influence upper body movement patterns, at least at the level of the pelvis and lumbar
spine. The modification of lower limb kinematics may also influence upper body
stability during walking. It has been reported that during preferred speed walking,
damping of gait-related accelerations occur predominantly at the lower extremity
joints, whereas damping at faster speeds increases at more superior segments
(Ratcliffe and Holt, 1997). Further, the degree of shock attenuation through the
musculoskeletal system increases with an increase in knee flexion angle (Lafortune et
al., 1996b). Future research concerning the attenuation of gait-related oscillations
should examine not only upper limb segmental motion, but also the contributions
from the pelvis and lower limb segments.

8.3.2 Methodological issues
A major assumption used in accelerometer-based studies examining gait-related upper
body dynamics is that the local coordinate system of the segment being examined
closely aligns to the global coordinate system. That is, accelerations detected by the
sensing axis of the accelerometer are a true reflection of horizontal and vertical
accelerations. To date, when directly quantifying upper body accelerations, it has been
assumed that rotational motion of the segment of interest is so minimal that any error
introduced into the acceleration signal due to accelerometer tilt is negligible. This is a
problem which can only be addressed when the appropriate technology becomes
available so that both the inertial component and orientation of the body segment, and
thus the accelerometer, can be quantified. Efforts have been made to derive kinematic
data from body segments with some accuracy using advanced mathematical
techniques and a combination of accelerometers and rate gyroscopes (Boonstra et al.,
2006; Dejnabadi et al., 2005; Giansanti et al., 2005; Lotters et al., 1998; Luinge and
Veltink, 2005; Luinge et al., 1999; Mayagoitia et al., 2002; Scapellato et al., 2005),
magnetometers (Berquer et al., 2002; Kemp et al., 1998; Roetenberg et al., 2005), and
electrogoniometers (Kerr et al., 1997). Although these studies reinforce the potential
for trigonometrically correcting for dynamic tilt based on the orientation of the
accelerometer, further development is required before being relied upon in a gait
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analysis setting. Once a technique is developed that corrects for the dynamically
tilting accelerometer, experimental protocols that more closely reflect activities of
daily living can be designed.
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APPENDIX

Reliability experiment

Reliability of segmental accelerations
measured using a new wireless gait
analysis system.
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A.1 Introduction
Relative to other motion measurement devices, accelerometer-based gait analysis
systems have several advantages. Accelerometer-based systems are typically
lightweight and portable, which facilitate unencumbered movement of the subject and
do not confine data collection to the laboratory environment. Additionally, they are
easy to use, cost effective, are able to capture data from many gait cycles, and avoid
errors associated with differentiation of raw displacement data. Importantly,
accelerometers are sufficiently sensitive to detect rapid movements even when the
corresponding displacements are small, such as during physiological or pathological
tremor (Newell and Sprague, 1996; Vaillancourt and Newell, 2000b), or the rapid
lateral motion of an unstable knee (Yoshimura et al., 2002). Together these
advantages have meant that accelerometers have been useful in a wide range of gaitrelated settings. Previous applications include quantification of physical activity levels
(Aminian et al., 1999; Hoos et al., 2004; Zhang et al., 2003), determining spatialtemporal gait variables (Mansfield and Lyons, 2003; Moe-Nilssen and Helbostad,
2004; Zijlstra and Hof, 2003), estimation of hip joint loading patterns (van den Bogert
et al., 1996; Zijlstra and Bisseling, 2004), and the assessment of balance and stability
during locomotion (Menz et al., 2003b, 2003c; Moe-Nilssen, 1998b). These
applications are of particular use in clinical and rehabilitation settings, as they provide
a simple means of obtaining quantitative gait data that can be used for diagnostic
purposes and to monitor treatment progress.

In spite of the many advantages of using accelerometers in gait studies, there are a
number of limitations associated with their use. For example, it is not straightforward
to distinguish between the inertial and gravitational components of the signal without
additional information describing the orientation of the device. There are also
difficulties relating acceleration data to a global reference frame since the acquired
data’s frame of reference is continually moving. Additionally, skin motion artifact due
to impact loading and muscle activation can readily contaminate signals. The
anatomical location and orientation of the attached accelerometers can also have a
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substantial influence on the output signal. This issue is particularly relevant if the
examiner attaching the devices has limited experience or if different examiners attach
the devices under retest conditions. Together these limitations have the potential to
compromise the quality of acceleration data recorded from body-mounted sensors
during gait, especially under test-retest conditions. Therefore, efforts to determine the
reliability of gait data obtained from accelerometer-based systems are warranted.

Few studies have assessed the reliability of accelerations recorded using bodymounted sensors. Moe-Nilssen (1998c) and Henriksen et al. (2004) reported good
test-retest reliability for accelerations measured during walking using a single triaxial
accelerometer attached to the lower trunk. In these investigations, root-mean square
(RMS) accelerations were calculated for walking trials conducted over separate days,
and the reliability computed using the Intraclass Correlation Coefficient (ICC). ICC
values for the mean accelerations were reported to range from 0.77-0.96 for the three
orthogonal axis directions. Similar results were briefly reported by Menz et al.
(2003b) for patterns of head and trunk RMS accelerations during level walking, with
ICC’s ranging from 0.84-0.97. From these studies it is apparent that RMS
accelerations calculated from accelerometry data during walking are reliable across
testing sessions. However it remains unclear whether differences exist in reliability
across testing sessions when accelerations are measured from different locations on
the body. This is important for investigations which examine relationships between
accelerations measured from multiple body segment locations. Examples of such
studies include those that focus on patterns of coordination between the head and
trunk during walking (Kavanagh et al., 2004; 2005b), and/or those concerned with
quantifying attenuation of gait related accelerations between the lower and upper body
(Hamill et al., 1995; Voloshin and Wosk, 1982). Arguably, a more comprehensive
approach for examining reliability of 3D accelerations during gait is by using a
waveform reliability statistic that takes into account the time-series evolution of the
signal, instead of the mean signal amplitude computed over several gait cycles. One
such statistic, known as the Coefficient of Multiple Determination, has been
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highlighted as a useful measure of determining reliability of kinematic and kinetic gait
data obtained under test-retest conditions (Besier et al., 2003; Kadaba et al., 1989).

The purpose of this study was to determine inter- and intra-examiner reliability, and
stride-to-stride reliability, of acceleration data collected from multiple locations on the
body at a range of walking speeds. It was hypothesized that stride-to-stride reliability
would be higher than inter- or intra-examiner reliability due to the errors associated
with the reapplication of accelerometers. In addition, we describe and outline the
advantages of a new accelerometer-based gait system that features real-time data
transmission via a Bluetooth network protocol.

A.2 Methods
A.2.1 Subjects and experimental design
Eight healthy male subjects (Age: 23  4 years, Height: 181  9 cm, Mass: 77  12
kg) with no history of neurological disorder, or musculoskeletal pathology or injury
were recruited from the university community. Each subject provided their written
informed consent prior to participation in the study, which was approved by the
Griffith University Human Research Ethics Committee. Subjects were required to
perform 5 straight-line walking trials along a 30 m level walkway at self-selected
slow, normal, and fast walking speed conditions during two testing sessions. In the
initial session, the accelerometers were attached to the subject who subsequently
performed the walking protocol. For inter-examiner comparisons, the walking
protocol was repeated after the accelerometers were reattached by a different
examiner. For intra-examiner comparisons, one examiner from the initial testing
session repeated the test in another session conducted within 24 hours. The order in
which walking speed trials were performed was counter-balanced to prevent order
effects. Gait velocity was monitored using 3 pairs of Omron (E3JK-R4M2)
photoelectric light gates spaced at 5 m intervals in the middle of the walkway.
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A.2.2 Instrumentation
Four custom designed lightweight accelerometer nodes were attached to each subject
to measure 3D accelerations during walking (figure A.1a). An individual
accelerometer node consisted of two biaxial accelerometers (Analog Devices
ADXL202, range  2 g) mounted perpendicular to each other on a 1.5 x 2.6 cm
printed circuit board (total mass: 6 g). Three of the four available sensing axes were
used to measure linear acceleration along the vertical (VT), anterior-posterior (AP),
and mediolateral (ML) axes of the accelerometer based coordinate system. Following
tilt correction, these axes corresponded with the global VT, AP and ML axes with the
subject standing in anatomical position. Accelerometer nodes were attached over 1)
the occipital pole of the head with a firm fitting elastic headband, as well as 2) the
upper trunk (C7 spinous process), 3) the lower trunk (L3 spinous process), and 4) the
right shank (3 cm proximal to the lateral malleolus) with rigid sports tape (figure
A.1b). Each accelerometer node was connected via shielded cable to a custom
designed lightweight processor box fixed to the subject’s waist. The processor box
contained a Hitachi microprocessor (H8/300H), a Bluetooth Personal Area Network
device (Cambridge) for external communications, two AAA batteries, and a power
regulation module (figure A.2). The 3D accelerations from each accelerometer were
sampled by the microprocessor at 250 Hz per channel using the inbuilt 10-bit
analogue to digital converters (ADC). The accelerometer node was remotely powered
by the shielded cable using a stable reference supply provided by the regulation
module.

The microprocessor encoded and transferred the data to the Bluetooth module via an
internal serial link for radio transmission to the receiver system. Bluetooth devices
and protocol were selected for communications because of the advantages they offer
in simplicity of operation, error checking, retransmission of lost data, low data
dropout rate, and scalability to multiple devices on a network. In our implementation
distances of up to 200 m were reliably achieved.
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(a)

(b)

Figure A.1. The sensor system is comprised of 4 devices which consisted of a triaxial
accelerometer node and processor box (a). Each processor box was attached to the
subject’s waist, with the accelerometers fixed to the head, C7 spinous process, L3
spinous process, and 3 cm proximal to the lateral malleolus (b).

The Bluetooth protocol is based on master and slave network topology with the
receiver system acting as the master, and each node joining the network as slaves.
Bluetooth operates over the unlicensed 2.4 GHz ISM band and supports total data
transfer speeds of up to 723.2 Kbps. Bluetooth supports up to 7 slave devices on a
network, thus supporting 7 accelerometer nodes if required (21 channels of data).

174

Reliability experiment

Acceleration

Triaxial
Accelerometer
node

Receiving
dongle
Analog
data

Digital
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Step up power
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Display data
Visual Basic application

Remote PC

Figure A.2. System block diagram of a remote PC (master) and an individual
accelerometer sensor system (slave). Solid arrows indicate the direction of data flow.
Dashed arrows indicate the direction of power flow in each accelerometer system.
The receiver system consisting of a remote PC, a Bluetooth USB ‘dongle’ (HCV
Wireless) and a receiver client, was developed to receive data asynchronously from
multiple accelerometer nodes (figure A.2). New nodes were dynamically added to the
acquisition system using the Windows Operating System (Microsoft Corporation).
The receiver client application was developed using Visual Basic 6.0 (Microsoft
Corporation), enabling the storage and near real-time display and synchronisation of
multiple accelerometer nodes. Dynamic synchronisation achieved better than 3
samples between nodes at 250 Hz, whilst offline synchronisation could achieve single
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sample synchronisation. Sample creep was not considered a problem for the typically
short duration applications of the system.

A.2.3 Data analysis
Following data collection, a tilt correction was applied to all acceleration data to
account for any deviation in accelerometers axes from global vertical and horizontal
planes whilst attached to the subject’s body. The degree of axes misalignment was
determined from acceleration data collected during quiet stance prior to each walking
trial as per Kavanagh and colleagues (2004). Under static conditions, the output of
each accelerometer reflects the degree of tilt in the device, which can be determined,
and corrected for, using basic trigonometry. The tilt correction, and all subsequent
analyses were performed using custom designed software developed in Matlab
(MathWorks, Release 12, version 6.0).

All acceleration data were low pass filtered using a dual pass zero lag Butterworth
filter with a cut-off frequency set at 20 Hz. Heel contact events were determined from
peak accelerations for the shank in the anterior-posterior direction. Once heel contact
was determined for each walking trial, the middle 15 strides of acceleration data were
extracted, with each stride normalised to 201 data points prior to further analysis.

A.2.4. Repeatability and systematic error
Waveform repeatability was assessed in the present study by calculating the adjusted
Coefficient of Multiple Determination (CMD) as follows:
CMD  1 

 e2
 g2

(1)

where  e2 represents the variance of waveforms computed with respect to an
ensemble average curve for acceleration data collected either between (inter), or
within (intra) examiners. The term  g2 represents the variance of waveforms
computed with respect to the grand mean of all acceleration data collected either
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between, or within examiners. Although the Coefficient of Multiple Correlation
(CMC) has previously been used to report reliability of gait data (Growney et al.,
1997), we instead report the CMD which is the square of the CMC, and therefore
indirectly quantifies the percentage variance accounted for within the data (Besier et
al., 2003; Kadaba et al., 1989). When waveforms are similar  e2 tends to zero, and so
the CMD approaches 1. For dissimilar waveforms,  e2

and  g2

estimate

approximately the same variance and so the CMD approaches zero (Kadaba et al.,
1989). CMDs were also computed between strides for individual trials as a measure of
stride-to-stride reliability.

Within-subject reliability in gait velocity was determined by calculating Intraclass
Correlation Coefficients (ICC) on gait velocity measured across trials and testing
sessions.

The systematic error (SE) for accelerations measured in different gait sessions was
calculated as follows:
SE 

1
N

 ( x1
N

i 1

i

 x2 i )

(2)

where N is the length of the stride normalised time-series signals, x1i is the average of
all data points at time i from the initial gait analysis session, and x2i is the average of
all data points at time i from the retest gait analysis session.

A.2.5 Statistical analysis
Using the Mixed procedure in SAS for Windows (release 8.0), a two-way Analysis of
Variance (ANOVA) with planned contrasts was used to determine whether gait
velocity differed between walking speed conditions (slow, preferred, fast), or testing
session (inter, intra). CMDs for each walking speed condition were tested for
normality using the Shapiro-Wilks test. Upper and lower 95% Confidence Intervals
(CI) are reported for CMD data to provide a range that the true population
repeatability values of the accelerometer system are likely to fall. ANOVA with
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difference contrasts were applied to CMD values to determine whether examiners, or
individual variability, had a significant effect on acceleration profiles (ie. inter- vs
intra-examiner CMD, stride-to-stride CMD vs the mean of inter- and intra-examiner
CMD). ANOVA were also applied to SE values to determine whether examiners
(inter, intra) had a significant effect on acceleration profiles. An additional three-way
ANOVA was applied to CMD data to determine whether the location (head, upper
trunk, lower trunk, shank), direction (VT, AP, ML) of accelerations, or walking speed
condition (slow, preferred, fast) had an effect on repeatability of acceleration signals.
The level of significance for all statistical tests was set at 0.01.

A.3 Results
A.3.1 Gait velocity
A significant main effect was identified for walking speed (F(2, 14) = 234.17, p <
0.01) (Table A.1), with contrasts revealing the average velocity for the fast walking
speed condition (1.87  0.24 ms-1) was significantly greater than the preferred walking
speed condition (1.38  0.14 ms-1, F(1, 14) = 157.31, p < 0.01). The preferred speed
was significantly greater than the slow walking speed condition (1.04  0.15 ms-1,

F(1, 14) = 81.04, p < 0.01). No significant differences in gait velocity were detected
between gait analysis sessions. ICC’s calculated for within subject repeatability of
gait velocity data ranged between 0.84-0.93, and increased from slow to preferred,
and preferred to fast walking speed conditions (Table A.1).
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Table A.1. Gait velocity and Intraclass Correlation Coefficients (ICC) for slow,
preferred, and fast walking speed conditions (Mean  SD).
Walking speed condition
Slow
Velocity
(ms-1)

Preferred
ICC

Velocity
(ms-1)

Fast
ICC

Velocity
(ms-1)

ICC

Inter-examiner

1.05 (0.15)

0.85

1.40 (0.14)

0.88

1.87 (0.23)

0.93

Intra-examiner

1.04 (0.15)

0.84

1.37 (0.14)

0.87

1.86 (0.26)

0.91

A.3.2 Inter- and intra-examiner, and stride-to-stride reliability
CMD values ranged from 0.60 to 0.98, with a mean of 0.87 across all test conditions
(Tables A.2, A.3, and A.4). Inter-examiner reliability was high (0.86) with low SE
(0.016 g) (Table A.2) as illustrated by the representative plots in figure 3. Similarly,
acceleration profiles exhibited high CMD (0.87) and low SE (0.018 g) under testretest conditions for a single examiner (Table A.3). Both CMD and SE values were
not significantly different when the accelerometers were attached to each subject by
either a single, or dual examiners. When the systematic offset specific to each
subject’s each testing session was removed from acceleration data, CMD values
increased by 3.6% and 2.7% for inter- and intra-examiner reliability respectively.
CMD values calculated for stride-to-stride accelerations profiles were high, with a
mean of 0.86 across all walking speed conditions (Table A.4). No significant
differences were detected between stride-to-stride CMD values, and inter-and intraexaminer CMD values.
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Figure A.3. Representative plots of head, upper trunk, lower trunk, and shank
accelerations in the vertical (VT), mediolateral (ML) and anterior-posterior (AP)
directions for a single subject. Each window contains ensemble averages and standard
deviations for 15 strides across a total of 10 trials (two testing sessions, five trials
each) at the subjects preferred walking speed. Note the different y-axis scaling for
shank acceleration profiles.
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Table A.2. Inter-examiner Coefficient of Multiple Determination (CMD), 95% Confidence Intervals (CI) and Systematic Error (SE) for
each test condition. Data are mean  SD.

Head
Vertical
Anterior-posterior
Mediolateral
Upper trunk
Vertical
Anterior-posterior
Mediolateral
Lower trunk
Vertical
Anterior-posterior
Mediolateral
Shank
Vertical
Anterior-posterior
Mediolateral

Walking speed
Preferred
95% CI
SE (g)

CMD

Slow
95% CI

SE (g)

CMD

CMD

Fast
95% CI

SE (g)

0.87 (0.03)
0.73 (0.12)
0.80 (0.06)

0.83-0.90
0.69-0.82
0.73-0.86

0.003 (0.003)
0.024 (0.016)
0.017 (0.014)

0.91 (0.03)
0.63 (0.21)
0.79 (0.07)

0.87-0.93
0.45-0.84
0.72-0.85

0.010 (0.009)
0.035 (0.030)
0.022 (0.027)

0.95 (0.02)
0.82 (0.07)
0.81 (0.10)

0.94-0.97
0.76-0.88
0.72-0.90

0.010 (0.012)
0.020 (0.013)
0.019 (0.013)

0.86 (0.03)
0.77 (0.07)
0.87 (0.08)

0.83-0.88
0.73-0.82
0.81-0.94

0.008 (0.009)
0.013 (0.009)
0.011 (0.012)

0.89 (0.06)
0.86 (0.05)
0.87 (0.06)

0.85-0.93
0.83-0.90
0.83-0.93

0.012 (0.019)
0.024 (0.030)
0.016 (0.020)

0.93 (0.06)
0.91 (0.05)
0.87 (0.06)

0.88-0.98
0.87-0.94
0.82-0.92

0.013 (0.009)
0.029 (0.025)
0.015 (0.018)

0.81 (0.09)
0.85 (0.06)
0.60 (0.07)

0.74-0.90
0.80-0.91
0.48-0.72

0.002 (0.001)
0.016 (0.007)
0.012 (0.009)

0.87 (0.05)
0.85 (0.06)
0.71 (0.12)

0.81-0.90
0.79-0.90
0.65-0.79

0.003 (0.003)
0.020 (0.032)
0.027 (0.030)

0.95 (0.02)
0.91 (0.06)
0.80 (0.13)

0.94-0.97
0.86-0.96
0.69-0.89

0.008 (0.006)
0.030 (0.029)
0.017 (0.014)

0.95 (0.02)
0.92 (0.03)
0.87 (0.04)

0.95-0.97
0.92-0.94
0.84-0.90

0.014 (0.010)
0.023 (0.024)
0.018 (0.011)

0.97 (0.03)
0.96 (0.01)
0.91 (0.01)

0.96-0.98
0.95-0.97
0.87-0.93

0.017 (0.018)
0.017 (0.016)
0.018 (0.019)

0.98 (0.01)
0.98 (0.01)
0.92 (0.04)

0.97-0.98
0.98-0.99
0.87-0.95

0.040 (0.041)
0.030 (0.025)
0.049 (0.038)
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Table A.3. Intra-examiner Coefficient of Multiple Determination (CMD), 95% Confidence Intervals (CI) and Systematic Error (SE) for
each test condition. Data are mean  SD.

Head
Vertical
Anterior-posterior
Mediolateral
Upper trunk
Vertical
Anterior-posterior
Mediolateral
Lower trunk
Vertical
Anterior-posterior
Mediolateral
Shank
Vertical
Anterior-posterior
Mediolateral

182

Walking speed
Preferred
95% CI
SE (g)

CMD

Slow
95% CI

SE (g)

CMD

CMD

Fast
95% CI

SE (g)

0.85 (0.06)
0.70 (0.08)
0.79 (0.05)

0.79-0.90
0.64-0.77
0.74-0.83

0.005 (0.004)
0.020 (0.019)
0.013 (0.019)

0.94 (0.02)
0.77 (0.08)
0.81 (0.08)

0.93-0.95
0.71-0.84
0.73-0.88

0.006 (0.007)
0.036 (0.027)
0.014 (0.011)

0.96 (0.02)
0.79 (0.09)
0.81 (0.09)

0.94-0.97
0.71-0.86
0.73-0.90

0.011 (0.011)
0.035 (0.037)
0.017 (0.012)

0.84 (0.07)
0.72 (0.10)
0.84 (0.06)

0.78-0.90
0.64-0.81
0.78-0.89

0.011 (0.009)
0.012 (0.009)
0.009 (0.009)

0.93 (0.02)
0.87 (0.07)
0.87 (0.07)

0.92-0.95
0.80-0.94
0.80-0.93

0.010 (0.012)
0.021 (0.023)
0.009 (0.005)

0.96 (0.02)
0.90 (0.03)
0.87 (0.08)

0.95-0.97
0.84-0.96
0.80-0.94

0.008 (0.004)
0.015 (0.011)
0.017 (0.025)

0.81 (0.09)
0.86 (0.04)
0.61 (0.11)

0.73-0.87
0.82-0.89
0.50-0.69

0.002 (0.001)
0.006 (0.006)
0.011 (0.012)

0.92 (0.05)
0.89 (0.04)
0.78 (0.07)

0.88-0.96
0.85-0.93
0.72-0.83

0.009 (0.012)
0.020 (0.015)
0.017 (0.012)

0.95 (0.02)
0.92 (0.04)
0.79 (0.06)

0.93-0.97
0.88-0.96
0.74-0.86

0.006 (0.004)
0.018 (0.013)
0.011 (0.011)

0.95 (0.03)
0.93 (0.04)
0.88 (0.04)

0.93-0.98
0.90-0.96
0.84-0.92

0.013 (0.014)
0.019 (0.015)
0.016 (0.012)

0.97 (0.01)
0.97 (0.01)
0.92 (0.02)

0.97-0.99
0.95-0.98
0.90-0.95

0.022 (0.021)
0.020 (0.020)
0.023 (0.028)

0.96 (0.03)
0.98 (0.01)
0.93 (0.04)

0.95-0.98
0.98-0.99
0.94-0.97

0.027 (0.027)
0.024 (0.017)
0.018 (0.020)
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Table A.4. Stride-to-stride Coefficient of Multiple Determination (CMD), and 95% Confidence Intervals (CI) for each test condition.
Data are mean  SD.
Walking speed
Preferred

Slow
Head
Vertical
Anterior-posterior
Mediolateral
Upper trunk
Vertical
Anterior-posterior
Mediolateral
Lower trunk
Vertical
Anterior-posterior
Mediolateral
Shank
Vertical
Anterior-posterior
Mediolateral

Fast

CMD

95% CI

CMD

95% CI

CMD

95% CI

0.84 (0.05)
0.71 (0.07)
0.80 (0.09)

0.80-0.88
0.65-0.77
0.72-0.87

0.93 (0.03)
0.72 (0.06)
0.79 (0.09)

0.90-0.95
0.68-0.77
0.71-0.86

0.96 (0.02)
0.78 (0.09)
0.83 (0.06)

0.94-0.97
0.70-0.86
0.78-0.88

0.83 (0.09)
0.73 (0.11)
0.84 (0.05)

0.79-0.88
0.65-0.83
0.80-0.88

0.92 (0.02)
0.91 (0.05)
0.84 (0.10)

0.90-0.94
0.88-0.93
0.75-0.92

0.94 (0.04)
0.92 (0.03)
0.87 (0.05)

0.91-0.97
0.89-0.95
0.83-0.92

0.79 (0.09)
0.81 (0.09)
0.60 (0.13)

0.70-0.87
0.72-0.89
0.50-0.71

0.90 (0.05)
0.88 (0.06)
0.69 (0.14)

0.85-0.95
0.83-0.93
0.59-0.81

0.92 (0.08)
0.90 (0.06)
0.79 (0.09)

0.85-0.99
0.85-0.96
0.71-0.87

0.94 (0.03)
0.90 (0.04)
0.85 (0.05)

0.92-0.96
0.86-0.94
0.80-0.90

0.97 (0.01)
0.97 (0.01)
0.89 (0.04)

0.96-0.98
0.96-0.97
0.84-0.93

0.97 (0.02)
0.98 (0.01)
0.91 (0.02)

0.96-0.98
0.97-0.99
0.90-0.94
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A.3.3 Effect of location, direction and walking speed on reliability
The location of accelerations was observed to have a significant effect on CMD
values (F(3, 21) = 96.13, p < 0.01). Analysis of contrasts revealed significant
differences in CMD values between the head and upper trunk (F(1, 21) = 33.98, p <
0.01), head and shank (F(1, 21) = 218.70, p < 0.01), upper trunk and lower trunk (F(1,
21) = 31.48, p < 0.01), upper trunk and shank (F(1, 21) = 80.27, p < 0.01), and the
lower trunk and shank (F(1, 21) = 212.29, p < 0.01). Overall, accelerations of the
shank had the greatest repeatability (CMD = 0.94  0.05) (figure A.4a).
The direction of accelerations was observed to have a significant effect on CMD
values (F(2, 14) = 90.05, p < 0.01). Analysis of contrasts identified significant
differences between VT and ML (F(1, 14) = 177.76, p < 0.01), VT and AP (F(1, 14) =
63.85, p < 0.01) and ML and AP (F(1, 14) = 28.54, p < 0.01) directions. Overall,
accelerations in the VT direction had the greatest repeatability (CMD = 0.91  0.08)
(figure A.4b).

Speed had a significant main effect on the CMD (F(2, 14) = 78.77, p < 0.01).
Contrasts revealed significant differences in CMD values between the slow and
preferred (F(1, 14) = 58.76, p < 0.01), slow and fast (F(1, 14) = 154.74, p < 0.01), and
preferred and fast (F(1, 14) = 22.79, p < 0.01) walking speed conditions. The highest
CMDs were associated with the fast walking speed condition (CMD = 0.91  0.08)
(figure A.4c).
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Figure A.4. Mean CMDs for (a) location, (b) direction and (c) walking speed. Error
bars represent one standard deviation of the mean.
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A.4 Discussion
The purpose of this study was to determine the inter- and intra-examiner reliability,
and stride-to-stride reliability, of an accelerometer-based gait analysis system. It was
of particular interest to determine to what extent reliability of 3D accelerations were
influenced by the segmental location of the accelerometer on the body, as well as
walking speed. Reliability was assessed using the Coefficient of Multiple
Determination (CMD), a waveform similarity statistic that indirectly quantifies the
percentage variance accounted for within the data. Additionally, the systematic error
associated with re-application of accelerometers under test-retest conditions was
calculated. All data were acquired using a new multiple-node wireless accelerometer
system, which simultaneously measured 3D accelerations from 4 body segments. The
system features miniaturised sensors that can be unobtrusively attached to the subject,
and real-time wireless data transmission via a Bluetooth network. The system
currently has capacity to simultaneously transmit data from up to 21 channels at high
capture rates, and can be easily configured to incorporate sensors such as gyroscopes
and footswitches. Importantly, the system facilitates field-based analysis of
unencumbered performance over long distances and durations at low cost.

Results of the present study indicated that under test-retest conditions, patterns of gaitrelated 3D accelerations obtained from the head, upper trunk, trunk and shank were
highly repeatable with a mean CMD across all conditions of 0.87. Inter- and intraexaminer CMDs from the present study were high (0.86 and 0.87 respectively) and
systematic error was low (0.016 and 0.018 g respectively). Furthermore, inter- and
intra- examiner CMD’s and systematic errors were not significantly different,
indicating that the pattern of accelerations were not influenced by whether the
accelerometers were attached by the same or different examiners in the retest. When
the systematic offsets associated with each gait session were removed (Kadaba et al.,
1989), CMD’s for inter- and intra-examiner reliability were improved by 3.6 and
2.7% respectively, indicating that differences in the mean values of acceleration data
collected in different testing sessions were modest. Overall, these results indicate that

186

Reliability experiment

experienced examiners were equally able to replicate the location and orientation the
accelerometers from the initial test to the retest, independent of whether the retest was
conducted by the same or a different examiner. This is an important finding from a
practical perspective, because it means that so long as the examiner is relatively
skilled, the same person need not conduct all testing sessions.

It was hypothesised that stride-to-stride reliability would be higher than inter- or intraexaminer reliability due to the errors associated with the reapplication of
accelerometers. However, CMD’s for stride-to-stride reliability (0.86) of accelerations
were not significantly different from CMD’s for the inter- and intra-examiner
conditions. The finding that inter- and intra-examiner reliability was comparable with
stride-to-stride reliability, a measure of normal motor variability, further reinforces
our conclusion that the errors associated with the reapplication of accelerometers by
the same or different examiners were minimal.

The test-retest reliability of accelerations from the present study was significantly
influenced by the location and direction of accelerations, as well as walking speed.
The highest CMD’s were for the shank segment (0.94), the vertical direction (0.91)
and the fastest walking speed (0.91). However since waveforms with the same
variance with respect to the mean waveform (ie. same  e2 ) but higher variance with
respect to the grand mean of all datapoints (ie. higher  g2 ) produce higher CMD’s, a
likely contributing factor to these findings was that the magnitude of accelerations
also tended to be greatest for the shank segment, the vertical direction and the fastest
walking speed.

The finding that the shank had the greatest repeatability is also perhaps not surprising
considering that the lower limb segments are strictly coordinated during locomotion in
order to provide a precise trajectory for the foot (Mills and Barrett, 2001; Winter and
Rogers, 1992). Reliability of head, upper trunk and trunk accelerations were also high
across all conditions, reflecting the stride-to-stride consistency associated with upper
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body motion when performing unperturbed, straight line walking. It has been
suggested that the dynamics of the trunk segment play an important role in attenuating
accelerations from the lower trunk to the head (Kavanagh et al., 2004; Menz et al.,
2003b; Winter et al., 1990c). This may in part explain why the upper trunk was more
tightly controlled in terms of test-retest repeatability than for the lower trunk, or the
head, which had the lowest CMD of all segments.

Although CMD values for the AP and ML directions were generally high, these
horizontal accelerations exhibited lower waveform repeatability than for the VT
direction. The greater repeatability of accelerations in the VT direction is at least
partially due to the constant effect of gravitational acceleration. The finding that
waveform repeatability was significantly different for all directions also suggests that
the postural system places different importance on maintaining rhythmicity of
accelerations in separate planes, presumably to ensure stability whilst maintaining
progression.

Differential regulation of motor output according to the task was also evident when
the walking speed condition changed. Although test-retest, and stride-to-stride
repeatability of 3D accelerations was high across all speeds, waveform repeatability
increased with an increase in walking speed. This improvement in waveform
reliability may in part be attributed to the increased reliability of gait velocity at faster
walking speeds. The increased waveform reliability observed during the fast walking
speed condition may also be due to inertial effects being more influential when
walking at faster speeds. The increased amplitude of accelerations at faster speeds
potentially increased the demand of the task, which imposed tighter constraints on the
motor control strategy employed. Some support for this view comes from studies
which reported changes in pelvic-thoracic coordination strategies, and decreases in
movement variability, associated with increased walking speed (Lamoth et al., 2002;
van Emmerik and Wagenaar, 1996).

188

Reliability experiment

A.5 Conclusion

Overall results of this study suggest that this new wireless gait analysis system is a
reliable method for quantifying 3D accelerations of the head, upper trunk, lower trunk
and shank during walking over a range of speeds. Although no differences in
reliability were detected when the accelerometers were attached by the same or
different examiners, waveform repeatability was influenced by factors such as the
location and direction of measured accelerations, as well as walking speed. Because
of the dependency of the repeatability results on these factors, care should be taken in
extrapolating the results of the present study beyond the conditions assessed. The
finding that no significant differences were identified between stride-to-stride
acceleration repeatability, and inter- or intra-examiner acceleration repeatability
suggests that differences in acceleration waveform repeatability associated with the
reapplication of accelerometers were minimal. As subjects in the present study
consisted of a homogeneous group of young males with normal gait, the results
should not be generalised to more diverse groups, especially clinical populations,
where systematic errors due to axis misalignment and gravitational artifact are likely
to be more significant. We foresee that the technology highlighted in this study will be
useful in the gait analysis field for providing rapid, objective information to the
researcher or clinician about key gait-related variables.
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