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ABSTRACT

This thesis describes studies performed to measure the deformation
of the human acetabulum during weight bearing. This work is then
extended to measure the effect of three surface coatings on the relative
motion between the pelvis and cementless acetabular cups.

The soft-tissue and bony anatomy of the hip joint is described with
particular attention to the muscles controlling joint motion. An
additional chapter is devoted to the biomechanics of gait and
electromyographic measurement of muscular activity during normal
walking. This is followed by a review of the biomechanics of the hip joint
and the contribution of studies performed using instrumented hip
prostheses. The author then presents a new approach to the prediction of
muscle forces during walking. A conventional engineering analysis is
presented relating the intersegmental components of force and moment
acting across the hip joint to forces developed by individual muscles
during the early stance phase of the gait cycle. Various strategies are
employed to solve this indeterminate mechanical problem using data
derived from quantitative electromyography, the kinematics and
biomechanics of gait and intravital recordings of hip joint forces.
Through use of mathematical optimization, a solution is found that is
consistent with both the engineering analysis and quantitative
electromyographic data.

Experiments are reported utilizing four cadaveric specimens in
which the position and loading of the hip joint were recreated using
instrumented cables and loading fixtures. Measurements of acetabular
deformation are reported at 11 sites on each specimen. These data are
recorded on a computer disk which accompanies this thesis. The overall
pattern of deformation is found to be consistent with biaxial bending of
the pelvis over a fulcrum formed by the femoral head.

The second part of the thesis describes an experiment performed to
determine whether external coatings influence the stability of cementless
acetabular cups implanted in the acetabulum. A standard design of an
acetabular cup is developed on the basis of anatomic studies of cadaveric
pelves. [Experiments are described using cups with three external
coatings:  spherical Co-Cr beads, plasma-sprayed titanium and



hydroxyapatite. These components were implanted into the acetabuli of
five fresh cadaveric pelves and loaded in three-point bending. Interface
motion was measured at the dome, the acetabular floor and the cotyloid
notch of each specimen during loading to 2000 N. The results of this
study are recorded on a computer disk (see Appendix). These data
showed that the surface coating dramatically influences the interface
motion of acetabular cups. Implant motion was found to be site-specific
and appeared to be determined, primarily, by the interaction of elastic

deformation of the pelvis and frictional conditions at the shell/bone
interface.
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COMPUTER DISK: INSTRUCTIONS FOR ACCESSING DATA FILES

Experimental data describing measurements of the deformation of
the pelvic specimens and the acetabular analogue are contained on the
computer disk that accompanies this thesis. All data are contained within
the following files:

1.

Acetabular Analogue Deformation.

This file contains measurements describing the deformation of
the acetabular analogue. Transducer measurements are
reported at 15 sites on the surface of the analogue for
transacetabular hole diameters of 0, 3, 5 and 7 mm. The
corresponding values of deformation and effective strain are
also tabulated. Further details appear in chapter 9.

Pelvic Deformation

This file contains all measurements of deformation recorded
using fresh cadaveric pelves. The data are reported at 11
measurement sites in four specimens. Values of transducer
output, deformation and effective strain are also tabulated.

Further details appear in chapter 6.

All data are stored in spreadsheet files within Microsoft Excel 5.0
(Macintosh version).
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INTRODUCTION

The pelvis and acetabulum posses unique morphologic and
biomechanical properties due to the large forces supported by the hip
joint during walking and the unusual sandwich construction of the
pelvis. There have been surprisingly few experimental studies of the
load-bearing response of the acetabulum, in part, because of the
complexity of muscle loading and the theoretical difficulties associated
with simulating the loads supported by the hip joint during financial
activities. Nonetheless, several investigators have developed cadaveric
models of the hip with representation of the weight of the trunk and
several muscle forces sufficient to develop static equilibrium.

Information concerning the loading and deformation of the
acetabulum would be invaluable to our understanding of several
fundamental orthopedic problems. Previous authors have speculated
that the acetabulum is relatively flexible and undergoes deflections of
several hundred microns during normal activities, though proof of these
speculations are elusive. Nonetheless, experimental studies of the
biomechanics of load transmission across the hip joint suggests an
interplay is present between the inherent incongruity of the acetabulum
and the femoral head and deformation of the acetabulum with load-
bearing.

In early experiments of the etiology of osteoarthritis, Radin and
coworkers showed that degenerative changes in the cartilage of the hip
joint were related to sclerosis of the subchondral bone of the acetabulum
with changes in its structural stiffness. This suggests that acetabular
deformation and the health of the articular cartilage may be interrelated.
Surgical reconstruction of the hip joint is also influenced by our
understanding of acetabular loading patterns. Operative procedures
performed to stabilize acetabular fractures, increase coverage of the
femoral head or to repair bony defects of the acetabular rim all depended
upon an appreciation of the direction and magnitudes of forces crossing
the hip joint.

Prosthetic replacement of the hip joint is also critically affected by the
response of the acetabulum to load-bearing. Due to the mixed results
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experienced with cemented fixation of acetabular cups, cementless
acetabular fixation has become predominant, especially in the United
States. However, it is now becoming apparent that some long term
complications of this mode of fixation, especially the osteolytic response
of the acetabulum to polymeric wear debris, is influenced by the presence
of fibrous tissue at the cup/bone interface. As the type of tissue
surrounding cementless prostheses is determined by the magnitude of
implant/bone motion, the elasticity of the acetabulum may significantly
impact the longevity of these prosthetic devices.
This thesis is a compilation of several investigations that were
performed in an attempt
(1) to develop an experimental model to simulate the loading of
the pelvis during walking
(ii) to determine the magnitude and distribution of deformation of
the acetabulum during the stance phase of the gait cycle
(iii) to determine the magnitude and distribution of relative
motion between the acetabulum and a prosthetic component,
and
(iv) to investigate whether the micromotion of acetabular

prostheses can be attributed to the 'physiologic’ flexibility of the
pelvis



CHAPTER 1. THE ANATOMY OF THE PELVIS AND THE HIP
JOINT

1.1 THE DESIGN OF NATURAL JOINTS

Natural joints consist of several different biological structures acting
in concert to perform the functions of load-bearing and motion. Joints
allow bones to support loads and still move with minimal frictional loss
and virtually no wear of the articulating surfaces. This remarkable
performance is achieved through a composite skeletal structure. The
primary, load-bearing function of each bone is performed by a tubular
cortex consisting of a hard elastic matrix of calcified collagen. This
mineralized framework is deposited in response to the dynamic strain
field developed within the tissue in order to achieve the most efficient
engineering structure for transmission of loads. ‘At the ends of each bone,
a hard external shell is internally supported by cancellous (spongy) bone,
consisting of a network of trabeculae aligned with the local principal
stress direction; this again results in the most efficient distribution of
bone mineral and reduced total skeletal weight. To enable joints to move
smoothly while transmitting large loads, the articulating surfaces at the
ends of each bone are coated with a layer of cartilage, lubricated with
synovial fluid. This results in an articulation which moves with
minimal friction under a broad range of conditions of varying joint loads
and sliding speeds.

The function of joints can be compromised by numerous factors,
including trauma, disease processes and abnormal loading. Degeneration
of the joint or osteoarthrosis is one of the commonest conditions leading
to joint replacement and is associated with progressive restriction of joint
movement, stiffness and severe pain on movement. This condition
becomes increasingly common with advancing age. Numerous palliative
methods are available to treat the symptoms of joint degeneration, but
once relief is no longer obtained from non-operative measures, prosthetic
replacement of thelarticulating surfaces is often recommended to restore
the pain-free function which the patient desires. This definitive method
of treating the symptoms of osteoarthrosis has become extremely popular,

to the extent that over 400,000 total joint arthroplasties are performed
throughout the world each year.
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1.2 THE BONY STRUCTURES OF THE HIP JOINT

The essential mechanical function of the pelvic girdle is to transmit
forces from the axial skeleton to the lower extremities through the hip
joints. The pelvis itself consists of four bones: the right and left
innominate bones or coxae, the sacrum and the coccyx (Hollinshead,
1969). The sacrum forms the posterior part of the pelvic ring and is
connected to the lumbar vertebrae and the spinal column superiorly and
the innominate bones on either side through the saddle shaped sacro-iliac
joints. The coxae form the anterior arch of the pelvic ring and is
connected to the lumbar vertebrae and the spinal column superiorly and
the innominate bones on either side through the saddle shaped sacro-iliac
joints. The coxae form the anterior arch of the pelvic ring and articulate
with the right and left femora. During growth, each coxa forms from
three bones, the ilium (superior), the ischium (inferior) and pubis
(antero-medial), which fuse at the acetabulum, the hemispherical socket
which articulates with the head of the femur. The ischium and ilium are
also joined inferiorly to form a bony ring which surrounds an opening
called the obturator foramen (figs. 1.1 and 1.2).

The acetabulum itself consists of a concave bony bowl, with a raised
edge which extends around approximately 300 degrees of a circle
(Oberlander, 1973). The weight-bearing surface is formed by a layer of
cartilage which covers a cortical shell, the subchondral plate; the
subchondral plate does not cover the entire concavity, but forms a horse-
shoe shaped ring of approximately spherical geometry which is termed
the fascies lunata or lunate surface and extends from the outer margin to
approximately 60 degrees toward the base of the socket (Tillmann, 1969;
Oberlander et al, 1978). Inferiorly, a break is present in the acetabular rim
which is termed the acetabular or cotyloid notch (or incisura). On either
side of the notch, the lunate surface forms two facets termed the cornu
anterius and posterius, the posterior facet being the larger. Within the
center of the acetabulum, a depression called the acetabular fossa is
present which joins the acetabular notch for the passage of blood vessels
and nerves into the joint. The fossa is normally covered by a fat pad
which occupies the space between the base of the acetabulum and the
spherical lunate surface, a distance of 4-7 mm (Yochum and Rowe, 1987).

The bony rim of the acetabulum is augmented by a number of soft
tissue structures. A layer of fibro-cartilage covers the rim
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circumferentially forming the acetabular labrum which increases the
coverage of the femoral head and thus the mechanical stability of the hip
joint. The trans-acetabular ligament joins the acetabular facets and
provides continuity to the acetabular rim by covering the outer surface of
the notch while leaving sufficient space” at its base for the passage of
vessels and nerves into the joint.

The orientation of the acetabulum within the bony pelvis is of
functional and clinical significance (McKibbin, 1970; Armbuster et al, 1978;
Lewinnek et al, 1978; Ghelman, 1979; Woo and Morrey, 1982; Murray,
1993). The acetabular rim does not face directly laterally, but is oriented
somewhat anteriorly and inferiorly to increase the range of useful
motion of the hip joint while still maintaining joint stability. The
anterior inclination or anteversion of the rim ranges from 15 to 35
degrees and is most readily appreciated in a vertical or apical projection.
The acetabulum is also tilted in the coronal plane, the inclination of the
rim to the vertical ranging from 23 to 59 degrees with an average value of
38 to 40 degrees (Armbuster et al, 1978; Terver et al, 1982)).

Although the lunate surface and the head of the mating femur have
been characterized as a ball and socket joint of spherical geometry, several
authors have demonstrated that neither articulating surface is precisely
spherical in shape (Schmid, 1874; Bullough et al, 1968; Cathcart, 1971, 1972;
Clarke and Amstutz, 1975). This issue and was initially studied by
Schmid using wax replicas of the freshly dissected hip joint. He found
that the femoral head was slightly ellipsoidal, being elongated in the
direction of the femoral neck by 0.8 to 3.5 mm in comparison with the
antéroposterior head diameter. Clark and Amstutz reported values of 2.9
mm in males and 0.9 mm in females whereas Cathcart (1972) reported an
overall value of 1.4 mm, based on measurements of 45 fresh human
specimens. Little definitive data exist concerning the shape of the
acetabulum. Clarke and Amstutz measured the shape of 13 acrylic
replicas of human acetabuli and reported that they were identical to the
shape of the corresponding femoral head, however no specific data were
reported. Others have noted that the adult acetabulum becomes more

spherical and more congruent with the head of the femur with aging
(Bullough et al, 1968).
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1.3 THE CANCELLOUS STRUCTURE OF THE PELVIS

Within the pelvis, the acetabulum is essentially supported by two
bony limbs or columns: the posterior (ilio-ischial) column, which extends
from the sciatic notch to the ischial tuberosity, and the anterior (ilio-
pubic) column, which is formed by the anterior part of the ilium, the
anterior half of the acetabulum and the superior pubic ramus (Letournel
& Judet, 1981; Rubenstein et al, 1982a, 1982b; Howie, 1985). The strength
and rigidity of each column is determined by the thickness of the outer
and inner cortical walls, the separation of the cortices themselves and the
density of the cancellous bone in between. The anterior column consists
of three principal arcades or systems of cancellous bone: the anterior
sacro-acetabular arcade, the sacro-pubic arcade and the ilio-acetabular
arcade (fig. 1.3). The anterior sacro-acetabular trabeculae extend laterally
from the inferior part of the sacro-iliac joint along the ilio-pectineal line
into the superior pubic ramus. The ilio-acetabular trabeculae descend
almost vertically from the wing of the ilium to the superior margin of the
anterior acetabulum. The posterior column is reinforced by the sacro-
ischial arcade which joins the sacro-acetabular trabeculae above the level
of the acetabulum in the vicinity of the sciatic notch (Kapanji, 1987). In
this way the pelvis is reinforced so that it can support the loads imposed
by standing, sitting and ambulation.

As a consequence of the crossing and fanning out of these trabeculae,
the density and strength of the cancellous bone supporting the
acetabulum varies greatly, the strongest bone being situated immediately
beneath the subchondral plate and the acetabular rim, and superior and
anterior to the greater sciatic notch in area called the "sciatic buttress"
where the principal trabeculae are in close proximity (Letournel & Judet,
1981). The trabecular arcades of the pelvis perform three basic mechanical
functions (Rubenstein et al, 1981; Brand et al, 1982; Saks, 1986):

(i) they support the cortical shell and maintain the separation of

the inner and outer walls of the pelvis,

(i) they connect the joints of the coxae and so transfer load from

the acetabulum to the sacro-iliac joint and the pubic symphysis,
and

(iii) they transfer forces from the principal areas of muscle
attachment to the acetabulum. For example, the ilio-acetabular
arcade within the anterior column connects the origin of the



anterior part of gluteus medius to the anterior limb of the
lunate surface. Similarly, the sacro-ischial arcade of the
posterior column extends from the origin of the hamstring
muscles (semimembranosus, semitendinosus and biceps
femoris) to the sacro-iliac joint via the posterior wall of the
acetabulum (fig. 1.3).

14 PATHOLOGIC CHANGES IN PELVIC ANATOMY

With aging, degenerative changes occur within the bone and
cartilage of the hip joint which compromise its ability to function
painlessly and with minimal friction and wear. Most commonly,
osteophytes form around the fovea and the outer margin of the femoral
head and over the inner and outer margins of the lunate surface of the
acetabulum. Changes in cartilage have been recorded by numerous
observers and may be classified as being "limited” or "progressive”. In
the earliest stages, fibrillation of the cartilaginous surface is observed
which can progress to regions of frank ulceration. Limited degeneration
typically occurs over the ends of the articular facets, at the junction

between the labrum and the articular cartilage and along the inner border
of the lunate surface. Progressive degeneration is less common, but
involves the entire surface of the inferior half of the acetabulum.

While the etiology of osteoarthritis is not fully understood, a key
factor in the degenerative process is localized mechanical breakdown of
the articulation resulting in loss of concentricity of the joint and
abnormal wear of the cartilage layer. This dysfunctional process is termed
osteoarthrosis. Other changes also occur, including biochemical
alterations within the cartilage matrix causing softening and
fragmentation and, ultimately, remodeling of the joint surface
themselves. Some investigators have postulated that joint degeneration
occurs once areas of articular cartilage which do not normally support
significant contact stresses are recruited into weight-bearing through
changes in the shape of the articulating surfaces (Bullough et al, 1973).
This hypothesis is borne out in the acetabulum which becomes
increasingly spherical with advancing years, causing the nonweight-
bearing area of the superior dome to bear weight event though it is

normally covered with fibro-cartilage which is not adapted for weight
bearing.
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1.5 THE LIGAMENTOUS STRUCTURES OF THE HIP JOINT

The ligamentous and muscular tissues of the hip joint contribute
significantly to its function and stability. The primary role of the
ligaments is to stabilize the joint at its extremes of motion by restricting
excessive movements which would otherwise lead to subluxation or
frank dislocation (Kapandji, 1987, Hollinshead, 1969). The hip joint is
surrounded by a cylindrical sleeve of ligamentous tissue called the
capsular ligament which is attached to the acetabular rim, the acetabular
ligament and the peripheral surface of the labrum, medially, and to the
base of the femoral neck, laterally. The capsular ligament shows three
prominent thickenings which are described as discrete ligaments. These
include:

(a) The ilio-femoral ligament, the largest ligament of the hip joint
and one of the strongest in the body. Anteriorly, it is present as
two bands which extend from the anterior-inferior iliac spine
medially to two sites along the inter-trochanter line laterally (fig.
1.4). Because the ligament expands from its origin to its
insertion, it adopts the appearance of an inverted "Y", and so has
been referred to as the "Y" ligament of Bigelow. The major
function of this structure is control of hyperextension of the
joint, though it also limits internal rotation.

(b) The pubofemoral ligament is also anterior and arises from the
body and superior ramus of the pubis. It inserts into the anterior
surface of the femoral neck after blending with the lower limb of
the ilio-femoral ligament. The function of the pubofemoral
ligament appears to be to limit abduction and external rotation.

(c) Posteriorly, the thin ischio-femoral ligament is present, running
almost horizontally across the posterior surface of the femoral
neck form the acetabular rim and the labrum to the inner surface
of the greater trochanter. Its primary function appears to be to
limit internal femoral rotation.

Within the hip joint itself, a ligamentous structure is present called
the ligamentum teres (fig. 1.5). This ligament arises from the fovea of the
femoral head and inserts into the floor of the acetabulum where it lies
embedded in a fat pad surrounded by a tube of synovial membrane. Part
of the ligamentum teres also inserts outside the acetabulum after passing
beneath the transverse acetabular ligament. The primary role of
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ligamentum teres is to contribute to the vascular supply of the femoral
head. In the adult, it appears to play no mechanical role, however it may
perform a significant function in stabilizing the joint in the fetus and the
newborn (Hollinshead & Rosse, 1985).

1.6 THE MUSCLES OF THE HIP JOINT

The hip joint is actively moved and stabilized through the action of
some 22 different muscles which may be conveniently classified in terms
of their principal functions, although most muscles cause compound
motions of the joint due to their orientation with respect to the principal
anatomic axes.

1.6.1 The Extensors

Extension of the hip joint is generated by two main muscle groups,
gluteus maximus and the hamstrings. Gluteus maximus covers most of
the buttock and is the largest and most powerful muscle of the body. Due
to its size, its origin is distributed over several structures, including the
outer surface of the ilium, the dorsal surface of the sacrum and coccyx and
the sacro-tuberous ligament (figs. 1.6 and 1.7). Approximately three

quarters of the muscle inserts into the ilio-tibial tract; the remainder, the

deep portion of the lower part of the muscle, inserts directly into the
gluteal tuberosity of the posterior femur.

The hamstring muscles consist of biceps femoris, semitendinosus
and semimembranosus and are also capable of developing a powerful
extension moment. However, as the hamstrings are biarticular muscles,
their effectiveness is dependent upon the position of the knee. All three
hamstring muscles arise form the ischial tuberosity, although biceps
femoris has dual origins: its long head shares it origin with
semitendinosus and its short head arises from the lower half of the linea
aspera (fig. 1.8). Although both parts of biceps femoris unite in the lower
third of the thigh, only the long head crosses the hip joint. Biceps femoris
forms a tendon of insertion which attaches to the head of the fibula after
crossing the poster-lateral aspect of the knee joint. The tendon of
insertion of semitendinosus passes behind the knee and then courses
anteriorly where it inserts into the medial aspect of the proximal tibia.

Semimembranosus follows a similar course, however it inserts into the
posteromedial side of the medial tibial condyle.
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1.6.2 The Flexors

The primary flexors of the hip joint are ilio-psoas, rectus femoris and
tensor fascia lata. The ilio-psoas muscle is formed by the psoas major and
iliacus muscles which have separate origins but blend to form one muscle
at about the level of the inguinal ligarn;nt (fig. 1.9). The psoas major
arises from the 12th thoracic to the 4th lumbar vertebrae and their
adjacent intervertebral disks, whereas iliacus, a fan shaped muscle, has its
origin over a broad area of the anterior surface of the ilium. Ilio-psoas,
the most powerful of the muscles of the hip, passes across the anterior
surface of the joint and then bends sharply before inserting into the lesser
trochanter.

Rectus femoris is a biarticular muscle which forms part of the
quadriceps femoris, a group of four muscles which provide extension of
the knee joint (fig. 1.10). In crossing the hip as well as the knee, rectus
femoris serves both as a hip flexor and a knee extensor. It has a double
tendinous origin from the ilium, the straight or major tendon arising
from the anterior-inferior iliac spine and a thinner, reflected tendon
passing over the posterior femoral neck after arising from the ilium
immediately above the acetabular margin. Both parts of the muscle insert
into the upper border of the patella and through the patellar tendon to
the tibial tubercle. The mechanical effectiveness of rectus femoris is
enhanced by simultaneous extension of the hip and flexion of the knee as
this allows the muscle to contract within the favorable range of its
length/tension relationship.

. Another biarticular hip flexor is the tensor fascia lata which arises
from the anterior part of the iliac crest near the anterior superior iliac
spine (fig. 1.11). Tensor fascia lata runs obliquely, both posteriorly and
inferiorly, to insert into the ilio-tibial tract, which is part of a dense tissue
sheath called the fascia lata which envelops the entire thigh (fig. 1.12).
The ilio-tibial tract runs down the lateral surface of the thigh and, with
tensor fascia lata and gluteus maximums, forms the “"deltoid" of the hip
joint. The anterior pull of the tensor fascia lata is opposed by the
superficial fibers of gluteus maximus which insert into the posterior
border of the ilio-tibial tract. Coordinated contraction of the tensor fascia
lata and the gluteus maximus can result in pure abduction of the hip
joint, allowing tensor fascia lata to act both as a flexor and an abductor.

Several other muscles play a minor role as hip flexors. One is



Figure 1.9 The attachments of iliopsoas and quadratus lumborum
(from Hollinshead and Rosse, 1985).
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sartorius which is a long, strap-like muscle which extends obliquely from
the anterior to the medial side of the thigh (fig. 1.11). It arises from the
anterior-superior iliac spine and passes in front of the hip joint and
medial to the knee joint where it inserts in the antero-medial surface of
the upper tibia, close to the insertion of semitendinosus. Sartorius also
acts to produce secondary abduction and external rotation of the hip.
Pectineus is another secondary flexor of the hip joint. This short, flat

muscle runs from the pectin of the pubis on the superior pubic ramus to
insert in the femur on the pectineal line immediately below the lesser
trochanter (fig. 1.13). Due to its anatomic placement, pectineus strongly
resembles a hip adductor, however it functions primarily as a flexor in
coordination with tensor fascia lata, although it also produces adduction
and internal rotation of the hip joint.

1.6.3 The Abductors

Abduction of the hip is mainly generated by contraction of gluteus
medius and minimus and the balanced action of other muscles which act
secondarily as abductors during normal contraction. The main abductor
of the hip is gluteus medius which is a fan shaped muscle which owes its
effectiveness in abducting the hip to the fact that its moment arm is
almost perpendicular to its direction of action. Gluteus medius arises
from the wing of the ilium between the anterior and posterior gluteal
lines and inserts into the posterior aspect of the upper surface of the
greater trochanter (figs. 1.6 and 1.14). Similarly, gluteus minimus,
another fan shaped muscle, lies deep to gluteus medius, close to the
capsule of the hip joint (fig. 1.15). It has its origin on the wing of the
ilium between the anterior and inferior gluteal lines and inserts onto the
anterior border of the greater trochanter.

Additional abduction is generated by the contraction of tensor fascia
lata and sartorius which act primarily as hip flexors.

1.6.4 The Adductors

In order to perform the action of adduction at the hip joint, the body
is equipped with particularly powerful muscles, namely adductor
magnus, adductor longus, adductor brevis and gracilis. The most
significant of these is adductor magnus which arises from the inferior
ramus of the pubis, the ramus of the ischium and the ischial tuberosity
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Figure 1.16 Attachments of adductor magnus and gracilis, as seen from
the anterior (left) and posterior (right) views (from
Hollinshead and Rosse, 1985).
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and inserts along the entire length of the linear aspera of the posterior
femur and the adductor tubercle of the medial femoral condyle (fig. 1.16).
The next most significant adductor is adductor longus which is the most
anteriorly placed of the adductors, arising from a tendinosus origin at the
front of the body of the pubis and inserting in the middle half of the linea
aspera (fig. 1.13). Adductor longus is bordered by adductor brevis which
arises from the body and inferior ramus of the pubis and fans out to insert
into the upper part of the linea aspera (fig. 1.17). Gracilis is a biarticular
muscle and is the most inferiorly placed adductor of the hip. It runs
almost vertically down the medial side of the thigh from its origin over
the body and inferior ramus of the pubis, to its tendinosus insertion
between sartorius and semitendinosus on the antero-medial surface of

the tibia (fig. 1.16).

1.6.5 The Rotators

External rotation of the hip joint is controlled by a set of short
muscles which are located in the posterior gluteal region beneath gluteus
maximus. These muscles include the obturator internus, the piriformis,
the superior gemellus and the inferior gemellus, all of which are inserted
into the greater trochanter and have origins on the posterior part of the
coxae and the sacrum (figs. 1.14, 1.15 and 1.17). Additionally, quadratus
femoris, a short broad muscle extends almost horizontally form the
ischial tuberosity to the inter-trochanteric crest of the femur. Axial
rotation of the femur is also generated by obturator externus which twists
around the femoral neck from the margins of the obturator foramen

anteriorly to the superior surface of the femoral neck in the trochanteric
fossa, where it has its insertion.

10
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CHATPTER 2. THE BIOMECHANICS OF THE PELVIS AND
ACETABULUM

21 THE LOADING OF THE HIP JOINT

Any real understanding of the biomechanics of the acetabulum and

the pelvis must be based upon knowledge of the mechanics of loading
and load transmission at the hip joint.

2.1.1 Theoretical Analysis

Numerous authors have studied the loading of the hip joint during
single-legged stance and normal ambulation, leading to estimates of the
joint reaction force from measurements of kinematic and biomechanical
parameters. Foremost in these studies is the work of Paul (1967) who
presented a fundamental analysis of the forces acting on the weight-

bearing extremity during walking. Paul calculated the forces at the hip
joint throughout the gait cycle by combining kinematic data derived from

cinematographic recordings of subjects taken during walking, with
simultaneous measures of the components of the reaction force
developed between the ground and the foot. This analysis took into

account the contributions to joint loading made by the weight of the body
supported by the hip joint, inertial forces developed by acceleration of the

body, and the muscle forces generated to control joint motion.

The magnitude of the joint reaction force was estimated to reach a
maximum of approximately 5 times body weight at two points during
stance phase, at approximately 10% and 50% of the gait cycle. This was
found to correspond at the points of transition between single and double
support, at the moment of toe-off and heel strike of the contralateral foot.
At mid-stance, when the body has its maximum vertical acceleration, it
was calculated that the joint force would drop by up to half of its peak
value, depending upon the speed of ambulation. Paul also calculated the
variation in the orientation of the hip joint force and found that
although the component acting in the vertical (superoinferior) direction
was largest components of up to 1.0 times body-weight also acted along

the anteroposterior and mediolateral directions, especially at 50% of the
gait cycle.
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2.1.2 Intravital Force Measurements

Intravital measurements of hip joint forces have been reported by
several authors following implantation of instrumented prostheses. This
field was pioneered by Rydell (1964, 1966) who implanted instrumented
hemiarthroplasties in two patients and recorded hip joint forces during
standing, walking, stair-climbing and a variety of other activities.
Rydell's hip prostheses were of a Moore-type design with a hollow
modular neck and a modular head, all made of stainless steel. Both
implants were manufactured with a fixed head diameter of 47.2 mm. All
components were assembled prior to implantation and fixed in place with
epoxy adhesive. OStrain gages were attached to the inner surface of the
neck and wired to a cable which passed out of the bone of the head and
was joined to a connector, implanted within the fascia of each patient.
Due to the alignment of the strain gages within the neck of the implant,
all forces were reported in an axis system defined with respect to plane of
the prosthesis and not the femur or the body of the patient. Thus, forces
were reported acting along the axis of the neck of the prosthesis, and in
two directions orthogonal to the neck, one within the plane of the
implant (i.e. approximately within the mid-coronal plane of the femur),
and the other normal to the plane of the prosthesis (ie. anterior-posterior,
in approximately the mid-sagittal plane through the hip joint).

The first patient was a 51 year old man (body mass: 76 kg) who had
his hip replaced following a femoral neck fracture in an automobile
accident. The operation was performed four weeks after the initial
injury. At surgery, fit of the prosthetic ball within the acetabulum was
considered acceptable, even though it was 3 mm smaller than the
contralateral femoral head. The prosthesis was implanted without
cement in 8 degrees more anteversion and 10 degrees lower neck-shaft
angle than the contralateral femur. The patient was allowed to
commence weight-bearing at four weeks post-operatively.
Electromyographic studies performed at six months post-operatively
showed normal patterns for all hip muscles except gluteus maximus.

Although the patient did not walk with a noticeable limp, the operated
leg was 10 mm shorter than the contralateral limb.

One complication of the Rydell prosthesis was the need to directly
connect the implant to an external power-source and recording
instruments via a percutaneous cable. This necessitated a second

12



operation as the connector attached to the instrumented prosthesis was
left buried within the fascia for six months following implantation.
However, as Rydell and his co-workers feared that the direct connection
between the cable and the prosthesis might result in an infection,
recordings were started at only two days following the second operation
and were terminated four days later. This introduced the possibility that
discomfort of the operative site may have affected the gait of the patient
although Rydell states that the percutaneous passage of the recording
cable did not cause discomfort after the first post-operative day.

Rydell's second patient was a small, 56 year-old woman (body-mass:
44 kg) who fractured her femoral neck during a fall. The instrumented
prosthesis was implanted without cement, and, in this case, there was an
exact match between the diameter of the prosthetic ball and the original
head of the femur. Despite the presence of coxa valga of both femora
(neck-shaft angle: 140°), the proximal femur was reconstructed with an
endoprosthesis with a neck-shaft angle of only 120°. Both femora also
had rotational deformities: the anteversion of the femur was 38° on the
contralateral side and 35° on the prosthetic side in contrast to the normal
range of 5-25°. Although Rydell did not report whether the patient’s leg
lengths were equal after the operation, an EMG examination at seven
months post-operatively revealed functional abnormalities of gluteus
medius and maximus. The adductors and rectus femoris were normal
although the patient had "a decreased ability to externally rotate" the
operated hip.

Both patients walked on instrumented platforms which measured
components of the foot/ground reaction force directed vertically and in
the direction of gait. Simultaneously, a film of each subject was recorded
at a speed of 64 frames/second to allow the stages of the gait cycle to be
reconciled with the recordings of foot/ground reaction force. In the first
* subject, marked irregularities were observed in the foot/ground reaction

force and in the relative duration of the stance and swing phases. These
irregularities were more common at slower speeds (0.7 m/s) where the
stance/swing ratio was 1.60 for the prosthetic limb vs. 2.57 for the opposite
side (normal value: 1.06 + 0.07). The second patient showed no
abnormalities and had a stance/swing ratio of 1.04 * 0.07. Rydell
suggested that the cause of the abnormal gait in his first patient was either
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Figure 2.1  Typical data reported by Rydell (1966), of his first patient during
level walking. The joint reaction force, P, is reported with its

components Py, Pz, and Px with respect to the mass of the body
at rest (75 kg).
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the mismatch between the femoral head and the acetabulum or loosening
of the prosthesis within the femur.

The data reported by Rydell for normal walking at six months post-
operation showed two distinct maxima of the hip joint reaction force
during each gait cycle, as predicted by Paul's analysis of kinematic and
force plate data. During level walking at a self-selected speed (1.3 - 1.4
m/s), Rydell measured joint forces of up to 1.80 times body-weight (BW)
in his first patient (fig 2.1) and 3.3 BW in his second patient (fig 2.2). In
the second patient, the hip' force rose to 4.3 BW during running (2.5 m/s)
and 3.4 BW during stair-climbing. The considerable difference in the data
from these two patients may be attributed to a variety of factors, including
large differences in the body-weight, walking speed and stride lengths of
both subjects. The use of a hemi-prosthesis with a significantly
undersized head may have also led to some inaccuracy in the force
measurements performed in the first patient. Nonetheless, Paul (1976)
has demonstrated that Rydell's data are reasonably consistent with his
own predictions of hip forces, if the differences in body weight and stride
length of the two subjects are taken into account (fig 2.3).

In the United Kingdom, English and Kilvington (1979) recorded
forces acting along the axis of the femoral neck using a specially designed
femoral prosthesis with reduced medial offset. The neck of the prosthesis
was oriented at 25 degrees to the shaft to minimize the errors associated
with the in-plane and out-of-plane components of the hip joint force.
Data were recorded from one patient for a period of 42 days
postoperatively. The prosthesis was implanted in a valgus orientation
with the greater trochanter osteotomized and grafted in a late'rally,, offset
position to reduce the hip reaction force. Even so, "axial" forces of up to
2.56 times body weight were recorded during slow walking (0.44m/s). This
report is informative and allows a lower bound to be placed on the
magnitude of the joint reaction force; however, as the orthogonal
components of the force acting on the neck of the prosthesis were not
measured by the authors, the joint reaction force cannot be calculated
from the recorded data.

Another instrumented implant was developed at Case Western
Reserve University in Cleveland. In this design, strain gages bonded to
the neck of a prosthesis allowed the loading of the hip joint to be recorded
for up to 500 hours via an integral telemetry system (Davy et al 1988;
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Figure 2.2 Experimental data reported by Rydell (1966) for his second
patient (body mass [W] = 44 kg).
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Brown et al 1985; Goldberg et al, 1988) (fig 2.4). Two implantations were
performed using devices of this design, one in a female patient in 1984,
from whom data were recorded for 31 days, and a second in a male patient
in 1987, from whom 44 days of data were collected (Davy et al, 1988;
Brown et al, 1985; Goldberg et al, 1988). All data were reported with
respect to the neck of the prosthesis using an axis system similar to that of
Rydell. The total joint reaction force was approximately 2.7 BW for slow
walking and varied little in terms of its. direction with respect to the

implant.

In 1989, Bergmann and coworkers from Berlin reported long term
measurements of hip forces obtained from a very active, 82 year old male
patient performing a wide range of activities. Their system consisted of
an array of semiconductor strain gages fixed to the inner surface of a
prosthesis with a hollow neck and an integral telemetry system. All data
from these experiments were reported with respect to a coordinate system
based upon the orientation of the femoral shaft and not the neck of the
prosthesis as in earlier studies (fig 2.5).

Using this device, the total hip joint force was found to be 2.7-3.4 BW
W1th very slow walking (0.3 m/s), increasing to 3.3-4.3 BW at normal
walking speed (1.3 m/s). Surprisingly, the joint reaction force was found
to be inclined at 25 degrees to the femoral axis within the coronal plane;
this was in contrast to 10-20 degrees in previous intravital studies and 14-
21 degrees in the theoretical studies of Pauwels and Maquet. Bergmann's
data suggest that the lateral component of the reaction force exceeds the
welght of the body for much of the duration of stance phase of the gait
cycle, whereas the posterior component varies from near zero for slow
gait up to only 38% of body-weight at normal walking speeds (fig 2.6).
Even larger forces were measured during common activities, especially
rising out of a chair. This causes a considerable component of the hip
reaction force to act at right angles to the femoral shaft, generating a large
torsional moment about the femoral axis.

The intravital data reported within the literature demonstrate that
the relative magnitude of the components of the joint reaction force
acting perpendicular to the femoral axis increase with walking speed
(table 2.1). This is probably due to the increase in hip flexion that occurs
with increased walking speed. In addition, many of the slow speed
studies were performed early in the post-operative recovery period, so it
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is likely that much of the reported data reflect the fact that as patients
regained their ability to walk freely during the post-operative period,
flexion and adduction of the hip increased and the gait pattern became
more natural. These changes necessitate recruitment of muscles which
control the horizontal component of the joint reaction force in order to
provide necessary stability to the hip joint. Thus, it is not surprising that
early in the rehabilitative phase, measurements of the vertical
component of hip force range from 95-98% of the total force whereas, later
in recovery, values of around 90% appear typical and indicative of
normal function.

The data from Bergman's patient seem to be abnormal in the context
of the other studies and previous theoretical analyses. In this case, the
total joint force is unusually high, not so much because of a larger vertical
component but because of the large lateral component, reported to
average 1.75 times body weight at normal walking speeds. Although the
high joint reaction force may be explained on the basis of a longer than
average stride length, an alternative explanation is that in this patient,
extraordinary co-contraction of antagonistic muscle groups was necessary
due to some instability of the hip following joint replacement. This may
be due to some abnormality of the position of the prosthesis (e.g. reduced
medial offset or a change in the anteversion of the femoral head) or could
have been caused by loss of normal function in one or more muscle
groups secondary to the operative procedure. Another peculiarity of this
patient's gait was the attenuation of the second maximum of the hip
reaction force, which one would have expected to be of similar magnitude
to the first. This may be due to the presence of a flexion contracture
which would have prevented normal extension of the hip at the end of
stance phase. Unfortunately, data on these points are not presently

available.

An underlying assumption in the use of instrumented prostheses to
study human gait is that the implantation procedure and the presence of
the hip prosthesis itself does not alter the loading of the hip joint. This
issue can be examined through detailed kinematic measurements on
patients after unilateral hip replacement by comparing ground force
reaction patterns and kinematic parameters describing the function of
prosthetic and contralateral hips. Alternatively, the gait parameters of
patients following joint replacement may be compared to normal
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controls. It is surprising how few published studies have quantified gait
following hip replacement. Brown et al (1984) used gait analysis and a
. biomechanical study to predict the joint reaction forces of 14 subjects with
unilateral hip disease who underwent total hip replacement and eleven
healthy subjects without evidence of hip disease. Two different designs of
hip implants had been implanted in the joint replacement patients, the
Charnley round-backed prosthesis (8 patients) and the CAD Muller
prosthesis (6 patients). A fundamental difference in these two prostheses
was their relative head offset and neck-shaft angle; the CAD Muller stem
was designed with a more vertical neck and one third less medial head
offset than the Charnley design in an attempt to reduce lateral stresses
and protect against stem breakage.

The results of Brown et al (1984) showed that both prosthetic devices
caused significant changes in the magnitude and duration of loading of
the hip joint. The first maximum of the joint reaction force (early stance
phase) was 4.0 times body weight at a self-selected speed of gait in the
normal subjects, compared to 3.4 BW in the CAD-Muller group and 2.7
BW in the Charnley group. There was little difference between the three
groups in terms of the inclination of the joint reaction force in the lateral
view which ranged from 6-10 degrees towards posterior (with respect to
the axis of the implant). In the coronal plane, the joint reaction force was
inclined at an average of 26 degrees lateral to the mechanical axis of the
femur in the normal subjects in comparison to only 16 degrees in the
Charnley group and 14 degrees in the CAD-Muller group. These
differences indicate that the forces borne by the prosthetic hip and the
normal joint may be quite different so that data derived from
instrumented prostheses may only provide a first approximation of the
load being transmitted by the normal hip joint.

2.1.3 Load Transfer across the Hip Joint

Few studies have directly measured the distribution of contact
between the acetabulum and the femoral head in the normal joint. In
1968, Bullough and Goodfellow studied load transfer in the hip joint by
manually loading cadaveric specimens and using dye transfer to indicate
articular contact. 'In younger specimens it was found that a triangular
area of the acetabular surface in the dome of the acetabulum did not bear
weight with loading but that in older specimens virtually complete load
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transfer was present over the entire lunate surface. These results were
contested by Greenwald (1972) and Greenwald and O'Connor (1971) who
found that the size and location of contact areas in the hip joint varied
with the magnitude and direction of the applied force due to the
incongruity of the acetabulum and the femoral head. These conclusions
were based on measurements of the weight-bearing areas of 51 normal
adult hips using an apparatus that loaded the joint in various positions
simulating the orientation of the hip at different stages of the gait cycle.
Under normal joint loads it was concluded that the entire surface of the
acetabulum was weight-bearing, whereas at lower loads, corresponding to
the swing phase of the gait cycle, load transfer was restricted to the
anterior and posterior areas of the articular surface.

The work of Byers et al (1970) has shown that the dome of the
acetabulum is lined with fibrocartilage as load transfer in the young,
healthy joint is predominantly anterior and posterior and not superior.
As fibrocartilage has a lower compressive modulus than articular
cartilage, it appears that the normal distribution of compressive stress
between the femoral head and the acetabulum is nonuniform, with low
compressive stresses within the dome. However, in older individuals, as
the joint surfaces become more congruent, this area may be forced to bear
greater pressures during gait, leading ultimately to osteoarthritic
degeneration. A factor entirely unexplored in any of these studies is the
possible role of the stiffness of the bony acetabulum in the etiology of
osteoarthritis as elastic deformation controls the peak contact stress and
the distribution of load transfer between the femoral head and the
acetabulum.

2.2 DEFORMATION OF THE PELVIS

2.2.1 Theoretical Studies

In several published accounts, the stresses developed within peri-
acetabular bone during weight-bearing have been predicted using finite
element methods (FEM). Oonishi et al (1983) developed a three-
dimensional model of the entire pelvis based upon detailed
measurements of one cadaveric specimen (fig 2.7). Their model assumed
right-left symmetry; the pelvis was modeled with triangular and
quadrilateral membrane elements representing a cortical shell of 1 mm
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Figure 2.8  Acetabular displacement as predicted by the analysis of Oonishi
et al (1983).
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thickness filled with solid elements representing cancellous bone. An
attempt was made to replicate the loading of the hip joint during single-
legged stance, using the muscle forces predicted by Crowninshield et al
(1978) at the first maximum of the joint reaction force. Flange elements
were used to represent six muscle groups: the glutei, tensor fascia lata, the
hamstrings and the adductors, each muscle having one fixed point of
insertion and an origin distributed over 28 nodal points. It was assumed
that during unilateral stance, the same muscles contract on the loaded
and unloaded sides of the pelvis, but that the force of contraction of each
muscle on the loaded side was 5 times that of its contralateral counterpart.

Boundary conditions for the model were imposed at the vertical
plane of symmetry of the pelvis and within the hip joint. Two separate
solutions were derived assuming that the pelvis was constrained
vertically and then horizontally along the mid-plane of the sacrum and
the pubic symphysis. Superposition of both solutions was performed to
predict the total displacement of each node. Within the hip joint,
acetabular displacement was restrained in a direction normal to the
articular surface over the superior weight-bearing dome.

This analysis predicted that the predominant mode of deformation
of the pelvis consists of bending about a fulcrum formed by the femoral
head. It was predicted that the anterior and posterior walls of the
acetabulum would deflect by approximately 20 pm in a superior direction
during weight-bearing, whereas, in the transverse plane, stretching of the
inferior half of the lunate surface would occur with most of the
acetabulum shifting anteriorly by 15-20 pm (fig 2.8). This was
accompanied by posterior displacement of the superior half of the
acetabulum by approximately 30 um. It was predicted that little
deformation of the rim of the acetabulum would occur in either the
anterior-posterior or superior-inferior directions during normal loading.

Some difficulties are encountered in applying the results of this
analysis of the entire pelvis to the relatively small area of the acetabulum
and their peri-acetabular bone stock as the mesh employed in the model
was relatively coarse in comparison with the dimensions of the
acetabulum and the thickness of the acetabular walls. To simplify this
model, highly generalized assumptions were made concerning the elastic

properties of the peri-acetabular bone, despite the variability of the density
of the cancellous bone and the thickness of the cortical shell. A further
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criticism is the representation of the acetabulum by a series of shells with
an irregular, anatomically-contoured boundary. In practice it is expected
that the complex geometry of the acetabular notch, the fascies lunata and
the inferior facets would also significantly influence the distribution of
stress and the bulk deformation of the biologic specimen.

A more realistic representation of the loading, geometry and
material properties of the acetabulum was presented by Koeneman et al
(1989) and by Hansen and Koeneman (1989) who developed a three-
dimensional finite element model of the hip joint consisting of 5500 solid
and membrane elements. This model was based upon data from a
computer-assisted tomography study which demonstrated that the
thickness of the cortical shell varied considerably at different points
around the acetabulum, though typically it was less than 0.5 mm and not
1 mm as Oonishi et al (1983) had assumed. Two activities were simulated
using this model: one-legged stance and rising from a chair. Four
muscles were included in order to obtain static equilibrium: gluteus
maximus, medius and minimus, and tensor fascia lata. The ratio of
muscle forces was fixed in proportion to the bulk of each muscle,
independent of the functional activity being modelled. Material
properties were represented by three densities of cancellous bone and
three forms of cortical bone (solid cortex, thin cortical membrane and
subchondral plate).

One of the interesting features of this model was the use of the
Specified Boundary Displacement Method to increase the resolution of
features of interest in the vicinity of the acetabulum. Using this
technique, the displacement constraints of a boundary enclosing the
acetabulum were predicted using a coarse model of the bulk structure. A
sub-model of fine mesh size was then developed within the boundary
using the predicted boundary conditions. This model allowed the
anatomic features and discontinuities in the geometry and material
properties of the acetabulum to be represented with greater accuracy than
was possible in earlier models in which the entire pelvis was represented
by elements of approximately similar size.

The stresses within cancellous bone predicted by Hansen and
Koeneman's model were less than those predicted previously using two
dimensional FEM models but greater than those predicted by
axisymmetric representations of acetabular geometry. Under loading, it
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Figure 2.9  Deformation (in microns) of the latefal cortex of the ilium as
reported by Rabischong et al (1977).
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was predicted that the wings of the ilium would bend laterally and
inferiorly. Considerable deformation was predicted within the
acetabulum, of the order of 200 pm in one-legged stance and 500 um
during rising from a chair. Loading of the hip joint was shown to be
concentrated over the superior dome during standing, causing a gap to
appear inferiorly between the femoral head and the acetabulum. In rising
from a chair, it was predicted that load transfer would be situated more
inferiorly, and that the separation of the anterior and posterior columns
would be reduced, causing "lateral pinching" of the femoral head by the

acetabulum.

2.2.2 Experimental Studies

Several authors have attempted to measure the deformation of the
pelvis during load-bearing. Rabischong et al (1977) describe experiments
using embalmed pelves loaded with bilateral femoral support in which
the action of the glutei, the tensor fascia lata and the ilio-psoas were
simulated using nylon cables. A body-weight of up to 600 N was
employed in a variety of postures representing single and double limb
stance. During these experiments, the deformation of the periacetabular
bone was measured using metal strips, formed into semicircular clips and
attached at each end to the lateral cortex. Strain gages attached to the
curved surface of each clip allowed the elongation of the underlying bone
to be monitored.

Several significant observations were made in this study (fig 2.9).
Although the authors report results obtained from only one specimen
and though the precise orientation of the specimen is difficult to deduce
from their report, elongations of 2-10 pm were observed circumferentially
around the acetabular margin. Radially, the deformation of the cortex
varied from 4.3 pm of compression to 13 um of tension in no systematic
pattern. At sites located further from the acetabular rim, generally larger
values were measured with elongations of 20-40 um being reported across
the base of the ilium. Assuming that the éage length of each transducer
was approximately 20 mm, these values correspond to strains of 100-500
microstrain around the acetabular rim and 1000-2000 microstrain on the
surface of the ilium.

It is surprising that Rabischong et al reported tensile strains within
the lateral cortex of the ilium in the presence of abductor loading.
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4 _ .
Figure 2.10 Schematic representation of the deformation of the acetabulum
with loading, according to Teinturier et al (1984).
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However, they did note that the displacement of the acetabulum, the
sacro-iliac joint and the pubic symphysis was altered by variations in the
magnitude of the gluteal muscle force. The displacements of the cotyloid
facets were lowest in bipedal stance without muscle forces (22 pm) and
with loads simulating the glutei and the tensor fascia lata (25 um). These
deformations were doubled (48 um) in conditions éimulating single leg
stance which necessitated the addition of 350N of gluteal force to
maintain joint equilibrium. Again, as data from only one experiment
were reported, it is not possible to assess the significance or reproducibility
of these data.

A similar study has been reported by Teinturier et al (1983), also
within the French literature. In this paper the authors discuss
experiments which they performed to measure the deformation patterns
of the acetabulum before and after joint replacement but only report their
findings in qualitative and philosophical terms. Much of this work is
difficult to follow due to its inexact description, however the authors
mention that photoelastic and extensometric studies were performed to
allow measurement of the deformation of the acetabulum in cadaveric
specimens. To simulate bipedal support, loads of up to 1250-1500N were
applied to the spine at the L4 body using an hydraulic jack. They do not
mention whether muscle forces were simulated or the specific method
employed to measure the deformation of the cadaveric acetabula during
loading. However, based upon their observations, Teinturier and co-
workers concluded that, with abduction and anteversion of the femoral
head, the acetabulum elongates slightly in the superior-inferior direction

 and narrows in the anterior-posterior direction.

In these experiments, the greatest acetabular displacement was
observed inferiorly corresponding to narrowing of the acetabular notch
with increasing load (fig 2.10). Two stationary points were identified,
situated at approximately 45° anterior and posterior to the axis of the iliac
wing about which the walls of the socket appeared to bend during
loading. The magnitudes of these deformations were only reported in
terms of the relative motion of the cotyloid facets. With increasing load,
the width of the acetabular notch in one specimen was reduced by

approximately 50 pm under a joint load of 305 N and 100 um at 600 N (fig
2.11). These experiments were repeated to determine the effects of
femoral anteversion on acetabular deformation. It was found that with
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Figure 2.11 Results reported by Teinturier et al (1984) illustrating the
displacement of the cotyloid facets as a function of axial load
and the anteversion of the femoral neck.



internal rotation of the femur, the deformation of the acetabulum
increased dramatically with the separation of the facets decreasing by up
to 400 pm under joint loads of 500-600 N. Conversely, with external
rotation of the femur, the width of the acetabular notch increased by 70
um with 30 degrees and 180 pm with 60 degrees of external rotation.

Teinturier et al also reported their results as a function of the age of
the donor of each pelvic specimen; they suggested that acetabular
deformation decreased with age, possibly because of the increasing
sphericity of the femoral head and the lunate surface. Thus they
surmised that the primary cause of deformation of the acetabulum with
loading was adjustment of the incongruity of the femoral head and the
acetabulum, and not stretching of a congruent socket in response to axial
load.

Experimental measurements of the strains developed over the
cortical surface of the loaded pelvis and acetabulum have been reported
in a number of studies. Jacob et al (1976) prepared epoxy replicas closely
- simulating the morphology of the human pelvis (fig 2.12). Initially, a
- solid epoxy model was instrumented with 80 triaxial strain gages attached
to various points on the medial and lateral surfaces of the ilium, the
dorsal surface of the ischium behind the acetabulum, the body of the
ischium and the posterior wall of the acetabulum. Additional gages were
attached to the lunate surface beneath a polymeric layer simulating
normal articular cartilage. The model was intended to represent the
loading of the pelvis in mid-stance; cables were used to simulate the
action of gluteus medius and minimus, tensor fascia lata and
gravitational forces. To more accurately represent the composite structure
of the human pelvis, a second model was developed consisting of a solid
cortex of epoxy resin with an inner core of epoxy foam. To compensate
for the lower strength of the epoxy shell and core compared to cortical and
cancellous bone, the authors applied a load of only 80 N to their model
and assumed that a direct relationship existed between the recorded
strains and those developed in the body under normal physiologic
loading.

These experiments demonstrated that most of the load in the
normal human pelvis is transmitted by the cortical shell; the role of the
cancellous bone within the composite construction appeared to be to
maintain the separation of the membrane elements and thus the rigidity
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of the composite structure. During loading, the femoral head acts as a
fulcrum over which the pelvis bends under the action of the abductor
muscles laterally and the weight of the body medially. Consequently,
large compressive strains were measured over the lateral cortex of the
ilium in the direction of the abductor muscle fibers with even larger
tensile strains over the medial cortex, along the ilio-pectineal line and
over the anterior surface of the ilium. Predominantly tensile stresses
were also measured over the subchondral surface of the acetabulum
corresponding to stretching of the acetabulum over the articular surface
of the femoral head.

A number of authors have measured strains within the acetabulum
and pelvis before and after implanting an acetabular prosthesis.
Lionberger et al (1985) applied rosette gages at five sites on the pelvis and
measured cortical strains during loading. All acetabuli were loaded in
axial compression with the iliac wing embedded in a block of plaster. In
all, ten acetabuli from five different pelves were tested using a load of
1336 N (300 Ib) with the pelvis inclined at 16 degrees to the vertical in the
frontal plane. Loads were applied in three positions of the hip joint: 30
degrees of flexion, neutral and 30 degrees of extension. The strain data
derived from these experiments were found to vary considerably between
specimens, although the directions of the principal strains were
reasonably consistent. During normal stance (neutral flexion), the strains
measured over the dome of the acetabulum were much lower than those
over the posterior rim. However, with flexion of the hip joint, the
compressive strains generated over the posterior rim were almost
doubled while those along the ilio-pectineal line were halved. In both
cases, the tensile stresses were virtually unchanged. In extension, the
pattern was reversed; the highest compressive strains were recorded
anteriorly whereas almost no strain was preseht on the posterior cortex.

The data of Lionberger et al (1985) are consistent with the
interpretation that during gait, most of the load transmitted by the hip
joint passes through the anterior and posterior areas of the lunate surface,
depending upon the degree of flexion or extension of the joint. During
most activities, the contact force passes posteriorly, hence the
concentration of strong cancellous and cortical bone within the posterior
column of the pelvis. It would also appear that little of the joint load
passes directly superiorly, consistent with the observations of Greenwald
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Figure 2.13  Schematic representation of the mechanical fixture of Finlay et
al (1986a).
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and others that the primary areas of load transfer are the anterior and
posterior limbs of the lunate surface with the dome of the acetabulum

playing a secondary role.
A very comprehensive study of strains developed in the pelvis with

weight-bearing was undertaken by Finlay and co-workers (1986a). Seven
embalmed human pelves were instrumented with 25 strain gage rosettes
and mounted with the iliac wing embedded in a plaster block in the same
manner as the studies of Lionberger et al (1988) (fig 2.13). Each specimen
was loaded via the natural femoral head with a static force of 2,500 N
without simulation of muscle forces. Strains were measured within the
acetabular fossa, around the rim of the acetabulum, over the medial
aspect of the pelvis including the anterior column and the quadrilateral
surface, and over much of the lateral surface of the ilium (fig 2.14).

A number of surprising results were reported from these
experiments. Athough the overall strain pattern was consistent with
uniaxial bending, strains over the lateral surface of the ilium were almost
entirely tensile. Conversely, compressive strains were observed along the
ilio-pectineal line and over much of the medial aspect of the pelvis,
superior to the acetabulum. Although consistent with the work of
Lionberger et al, the sign and magnitude of many of the strains reported
are completely contrary to the findings of Jacob et al (1976). The most
reasonable interpretation is that the boundary conditions adopted to
simulate normal loading of the pelvis critically affect the cortical strain
distribution. Thus, experiments in which the ilium is embedded in a
solid block and loaded without simulation of musce forces are likely to
gen‘erate erroneous and misleading strain data. Given the geometry of
the iliac wing, and the line of action of the glutei and tensor fascia lata
with respect to the hip joint center, substantial moments are generated by
muscle contraction to balance the adducting moment acting on the hip.
The bending moment acting on the ilium during the gait cycle is expected
to be quite significant, leading to cortical strains far larger than those
directly generated by the compressive load applied to the acetabulum by
the femoral head.

It is surprising that the studies of Finlay et al (1986b) and Jacob et al
(1976) differ with regard to strains within the subchondral plate. In this
area, Finlay et al report low strains consisting of radial compression and
circumferential tension (hoop stress), whereas Jacob et al measured large
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Figure 2.14 Distribution of average stresses on the cortices of the pelvis,
developed through loading to 2.5 kN, in contact with the
" femoral head (n = 7), as reported by Finlay (1986a).
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biaxial tensile strains at all acetabular measurement sites. This
discrepancy may have arisen through differences in frictional conditions
at the joint surfaces of the two experimental models.
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CHAPTER 3. THE DETERMINATION OF MUSCLE ACTIVITY DURING
WALKING

3.1 INTRODUCTION

As muscle contraction is the greatest source of joint loading during
ambulation, information concerning the activity of individual muscles is
vital to the development of an accurate mechanical model of the hip
joint. Within the literature, there is a great deal of qualitative
information concerning the patterns of muscle contraction occurring
during functional activities (Basmajian & DeLuca, 1985). Moreover,
numerous authors have reported the results of electromyographic (EMG)
experiments performed on subjects during a variety of ambulatory
activities. These have included normal gait at a variety of speeds,
ambulation with variations in posture (eg. leaning forward or backward,
walking with the feet closer together or further apart) and stair climbing
and descent. In many studies, recordings have been performed using
surface electrodes attached to the skin, either through reference to surface
landmarks or through direct palpation of the muscles under study. These
data are basically qualitative in nature and indicate whether a muscle is
active or quiescent at different stages of the gait cycle. However, traces of
electrical activity do not allow us to estimate directly the force of
contraction of individual muscles.

3.2 QUANTITATIVE ELECTROMYOGRAPHY

Several investigators have attempted to make EMG data more
quantitative by normalizing signals with respect to the maximum
integrated voltage recorded during gait (Murray et al, 1984). Others have
standardized their recordings by measuring EMG signals during
standardized maneuvers designed to elicit the maximum voluntary
contraction of each muscle (Arsenault et al., 1986). Another approach is to
calibrate the EMG electrode in a manner akin to a force transducer by
relating dynamometric measurements of joint torque to the integrated
EMG signal. These attempts are of great potential significance to
mechanical modeling of the extremity, as the hip joint is a mechanically
indeterminate structure due to the large number of muscles contributing
to the joint reactive force. Thus any method which can provide
quantitative or even ordinal data concerning the force developed by
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individual muscles may facilitate the derivation of physiologically
realistic representations of the loaded extremity.

It is not possible to directly relate muscle force to the integrated EMG
signal because of a variety of factors. Firstly, data derived from surface
electrodes are susceptible to artifacts and often reflect the electrical activity
of several muscles in the vicinity of an electrode. Consequently, EMG
data obtained using surface electrodes tend to be unreliable if a muscle is
small in cross-section or is deep to the surface of the skin even for
qualitative assessment of muscle activity. Moreover, in some instances,
several muscles in close proximity may be electrically active and so
attribution of the recorded signal to a specific muscle can be difficult, if
not impossible (Koh & Grabiner, 1992). These problems can be overcome
through the use of fine wire electrodes directly inserted into the belly of
each muscle. This allows the electrical activity of an individual muscle to
be recorded, regardless of its position with respect to the skin.

Secondly, as several muscles generally perform the same function
around the joint and many muscles have more than one function (e.g. in
the hip joint, "adductors” typically generate a combination of adduction,
flexion and external rotation), it is not always possible to accurately
predict the force developed by individual muscles during standardized,
isometric exercises. In almost all activities, several muscles will
participate in resisting applied moments so that even if pure moments
and forces are applied to the joint under rigorously controlled conditions,
it is difficult to accurately estimate the force of contraction of each
individual muscle. However, it is possible to employ isometric exercises
to elicit the maximum attainable EMG signal from any muscle using fine
wire electrodes and to use that signal, defined as the maximum voluntary
contraction (MVC), for subsequent normalization of EMG data.

It is also possible to obtain an estimate of the maximum isometric
contraction of a muscle from Hill's equation (Hill, 1953; Abbott & Wilkie,
1953; Pedotti et al, 1978) or, more simply, by relating average values of the
physiologic cross-sectional area of a muscle to the maximum activation
coefficient (ie. the force per unit area) typically defined as 30-60 N/cm?.
Unfortunately, the cross-sectional areas of muscles are known to vary
considerably between subjects and physiologic cross-sectional areas are not
easily measured. Moreover, it is not known exactly what value of the
activation coefficient corresponds to the maximum isometric contraction
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of most muscles. Thus, this method can only provide rough estimates of
the maximum force developed by each muscle, even if its EMG signal is
known.

3.3 MUSCLE ACTIVITY DURING NORMAL GAIT

A comparative study of many of the previous texts and published
papers discussing "normal” EMG activity during gait reveals significant
variations between different studies. These are probably due to a variety
of factors, particularly:

(i) the experimental methodology, especially the care taken in the
placement of electrodes and whether measurements were
performed with a surface, needle or fine wire electrode;

(ii) whether the investigator was attempting to measure the activity
of specific muscles or whether it was assumed a priori, that
different muscles performing the same function were similar
enough to have their EMG patterns averaged;

(iii) whether the investigator was attempting to study variations in
the EMG pattern from subject to subject or had decided, from
the outset, than an "average" or "normal" pattern of EMG
activity was present;

(iv) the method of recording and standardizing the walking speed of
each subject, as both the rate of ambulation and attempts to

regulate gait velocity can significantly alter the patterns of
muscle recruitment and activity;

(v) the method of representing and reporting variations between
subjects. In many studies, "typical” data are reported and are
said to be "consistent” with that of all subjects on the basis of the
subjective impressions of the investigator. Recent studies have
demonstrated that profound variations exist between the EMG
patterns of different subjects during normal walking and even
recordings obtained from the same subjects on different days
(Winter & Martiniuk, 1986; Kadaba et al, 1989).

Despite the variability of published reports, some consistent patterns
of muscle recruitment have been reported during free walking at normal
speed. The available data suggest that in functional terms, muscle activity
during the gait cycle may be summarized as follows:

(i) During stance phase, the hip muscles oppose the large

29



adducting and flexing/extending moments generated by the
motion of the center of gravity of the supported body over the
fixed position of the planted foot. Because the body is
positioned medial to the point of plantar support, the abductors
(gluteus medius, gluteus minimus and tensor fascia lata) are
active for the entire period of single limb support. Similarly, as
the body progresses forward over the femoral head, the hip
extends from its initial position of maximum flexion. During
the first 20% of the gait cycle, an external flexing moment is
present as the ground reaction force vector passes anterior to the
hip joint. This is opposed by activity of the extensor muscles,
notably, gluteus maximus, biceps femoris (long head),
semitendinosus and semimembranosus. Beyond this point in
the gait cycle, the ground reaction force moves posterior to the
hip joint, thus generating an external extending moment. This
necessitates activity of the hip flexors, notably iliopsoas and, to
some degree, rectus femoris, to maintain equilibrium.

Much of the activity of the muscles of the hip joint occurs
during the transition from single to double stance and then back
to single stance on the contralateral extremity. These activities
necessitate coordinated motion and thus careful control of both
the pelvis and trunk as well as the weight-bearing limbs.
Consequently, most muscles are active at heel strike, suggesting
stabilization of both the hip and also the knee joint through
significant antagonistic muscle activity. At this point, both the
abductors and adductors (notably gluteus medius and adductor
magnus) and the flexors and extensors (iliacus, rectus femoris
and gluteus maximus and the hamstrings) are observed to be
active.

Less muscle activity is present at toe-off as, at this stage of the
gait cycle, loading of the limb is decreasing rapidly with the
major functional groups being the flexors (iliopsoas, gracilis)

and the adductors (adductor magnus, adductor brevis, and
adductor longus).

(iv) The swing phase of gait generates little loading of the hip joint

as the extremity is non weight-bearing, however muscle activity
is needed to flex the hip and to accelerate the limb forward to
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accept the weight of the body at heel strike. Thus the flexors of
the hip (iliopsoas, gracilis) and the knee (hamstrings) are active
throughout most of this period.

3.4 THE ACTIVITY OF INDIVIDUAL MUSCLES DURING GAIT

The following specific conclusions may also be drawn concerning the
activity of individual muscles during the early and terminal stance
periods of stance phase:

34.1 Gluteus Maximus:

Gluteus maximus is the primary single-joint extensor of the hip and
often contracts during activities requiring unusual demands, notably
ascending and descending stairs, bending forwards and straightening
from toe touching. In functional terms, gluteus maximus consists of
three parts, an upper part which abducts the joint and middle and lower
parts which extend the joint. During normal gait, all parts are active at
the end of swing phase and at heel strike. Accounts vary as to when
activity then ceases. Lyons et al (1983) studied eleven normal subjects
using fine wire electrodes and found no activity after 10% of the gait cycle
whereas, Basmajian (1976) found that this period of muscle action
extended until approximately 20% of the gait cycle (fig 3.1). This
observation is consistent with the experiments of Battye and Joseph (1966)
who measured the activity of many muscles during gait in a group of 14
healthy subjects. Using surface electrodes, they found that gluteus
maximus was active in twelve subjects (86%) at 15% of the gait cycle and
remained active in half of the subjects until 20% of the gait cycle.
Similarly, Paul (1971) showed gluteus maximus active to 20% of the gait
cycle in his study of 17 normal subjects.

One additional source of confusion may be the effect of walking
speed on muscle activity, which many earlier studies largely ignored. In a
study of seven normal women walking at slow, free and fast speeds,
Murray et al, (1984) found that the average EMG signal of gluteus
maximus increased three-fold in intensity as the walking speed increased
from 0.67 to 2.0 m/s. Moreover, six of the seven subjects displayed a
continuous, low level signal over most of stance phase at all walking

speeds.
Another possible source of contradiction is the assumption that,
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gluteus maximus functions as only one muscle with all of its parts acting
in phase during normal activities. This is contrary to the observations of
Basmajian & DeLuca (1985) who have shown that the upper, middle and
lower parts of the muscle act quite differently. Whereas the upper and
lower parts display a biphasic pattern during the gait cycle, with activity at
heel strike and near the end of swing phase, the middle part exhibits three
phases of activity, with its most intense contraction at toe-off. Although
detailed studies have not been published to corroborate the findings it is
likely that in the earlier studies of Eberhart et al, (1954), Battye and Joseph,
and Paul, the single electrode used to measure activity of the "gluteus
maximus" was only placed in or upon the middle part of the muscle.
This would explain the observation that the muscle was active during
single stance, even though the upper and lower parts of the muscle may
have been silent following toe-off of the contralateral limb. In terms of
the intensity of muscle activity, Basmajian (1976) reports a value of 10-
15% of maximum voluntary contraction for the middle part of gluteus
maximus during pre-stance.

On the basis of these data, a consensus appears to be that the middle
part of gluteus maximus shows some activity during pre-stance, but that
no activity is present during terminal stance.

3.4.2. Gluteus Medius

The action of gluteus medius has been studied in detail by Soderberg
and Dostal (1978) who examined the onset, duration and intensity of
activity of the anterior, middle and posterior segments of the muscle
using fine wire electrodes. Recordings made of ten normal subjects
during walking showed that all three parts of the muscle were active at
early stance but were inactive in terminal stance phase in all but one
subject. These observations have been corroborated by a number of other
workers, including Battye and Joseph, Shiavi et al (1981), and Lyons et al,
(1983). Battye and Joseph placed electrodes "over the mass" of gluteus
medius and found that activity was maximal just after heel strike but
decayed rapidly between 35% and 45% of the gait cycle. Data for the
intensity of muscle contraction during pre-stance vary considerably:
Basmajian reports values of around.50% of maximum contraction,
compared with only 15% in the work of Lyons et al.
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3.4.3. Gluteus Minimus

Few studies have examined gluteus minimus in particular, as it has
commonly been assumed that its activity mirrors that of gluteus medius.
This assumption is confirmed by a number of reports, including the
original work of Inman et al at the University of California (Inman et al,
1951) and the later studies of Crowninshield et al, 1978. Basmajian &
DeLuca (1985) reported more prolonged activity of gluteus minimus than
the posterior segment of gluteus medius during stance phase. His
measurements showed 40% of maximum activity at pre-stance and 15%
during terminal stance.

3.4.4 Tensor Fascia Lata

Tensor fascia lata functions as a flexor, medial rotator and abductor
of the hip joint. During the stance phase, this muscle has been reported
to act very similarly to gluteus medius and minimus, with most activity
between heel strike and 40% of the gait cycle (Inman et al, 1951;
Basmajian, 1976, Basmajian & DeLuca 1985; Shiavi, 1990. However, these
reports are contradicted by the work of Lyons et al (1983) in which
minimal activity was recorded during ambulation, and then only
between 25 and 40% of the gait cycle. Information concerning the
intensity of contraction of tensor fascia lata is scarce, however Basmajian
(1976) reports values of 15% MVC during pre-stance and 5-10% during
terminal stance (fig 3.1).

3.4.5 Semitendinosus and Semimembranosus

As part of the hamstrings, both semitendinosus and semimem-
branosus are active during extension of the hip joint and flexion and
external rotation of the knee joint. Although these muscles are most
active in supporting the trunk against gravity when the body is leaning
forward, activity is also reported during normal gait, at the transition
from swing to stance phases. This period of contraction extends from
heel strike until 20-40% of the gait cycle (Paul,1971; Battye & Joseph, 1966).
Consistent activity is not observed during terminal stance. During pre-
stance, Basmajian (1976) reports that the rectified EMG signal for

semimembranosus 1s 5-10% of maximum voluntary contraction whereas
the value of semitendinosus is approximately 10% (fig 3.1).
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3.4.6. Biceps Femoris

Biceps femoris, the third part of the hamstrings, is active during the
end of swing phase and during heel strike and double limb support. The
short head remains active for very little of stance phase, however, the
activity of the long head appears to last until 10-15% of the gait cycle
(Inman et al, 1951; Basmajian, 1976; Crowninshield et al, 1978; Lyons et al,
1983; Arsenault et al, 1986; Shiavi, 1990). The variability of the activity of
biceps femoris has been studied by Arsenault et al who found profound
differences between subjects in the last 25% and first 10% of the gait cycle.
During early stance, activity was usually minimal and averaged only 5%
of maximum voluntary contraction. Small signals were also measured
during terminal stance.

3.4.7 Ilio-psoas

As the principal flexor of the hip joint, ilio-psoas appears to be active
around heel strike and during the stance to swing transition when a net
extensor moment is acting on the hip joint. Some confusion has arisen
in the literature due to accounts which show antagonistic activity of ilio-
psoas for the first 15-20% of the gait cycle (Paul, 1971; Battye & Joseph,
1966). During this period, a large flexion moment is acting on the hip
joint, so significant activity by ilio-psoas, although possibly providing
rotational stability, would simply increase the burden placed on the hip
joint extensors and increase energy consumption in ambulation. For this
reason, it is more likely that the studies of Inman et al (1951), and
Basmajian (1976) are correct in stating that ilio-psoas is not active for
much of the initial part of stance phase. It is likely that Paul, and Battye &
Joseph attributed the activity of gracilis or. tensor fascia lata to ilio-psoas
on the basis of their surface electrode recordings. Another possible
interpretation is that in some individuals, psoas is active in stance phase
in order to stabilize the spine and the sacro-iliac joint, even though its
action at this point is antagonistic at the hip joint. All studies concur that
ilio-psoas is active during terminal stance at 45-50% of the gait cycle.

3.4.8 Rectus Femoris

As a flexor of the hip and an extensor of the knee, the activity of
rectus femoris is determined by the relative position and loading of both
joints, movement of either joint necessitating contraction of the entire
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muscle (Basmajian, 1976). During gait, biphasic activity has been recorded
in a majority of subjects (Eberhart, et al, Shiavi et al, Joseph & Battye,
Paul, Inman et al) the principal contraction occurring at the start of stance
phase (0-15% of gait cycle). This period of activity ends at the point when
the opposite limb leaves the ground (van der Straaten et al, 1975) and is
necessary to resist the external flexing moment generated at the knee as
the ground reaction force passes posterior to the knee joint. However, at
the hip joint, an external flexing moment is present for the first 20% of
the gait cycle and thus contraction of rectus femoris causes this flexion
moment to increase still further. This necessitates antagonistic activity of
the extensors with correspondingly greater joint reaction forces.

Rectus femoris is also active, during the stance-swing transition
when the leg is accelerating forward, though to a lesser extent than at the
start of stance phase. This period starts at 40% of the gait cycle, concludes
near 60% and becomes more significant with increasing walking speed
(Shiavi et al, 1981). The studies of Arsenault et al have shown that the
recruitment of rectus femoris varies greatly from subject to subject and
averages only 7 £ 5% of maximum voluntary contraction at pre-stance of
the gait cycle and 3 & 2% at terminal stance.

3.4.9 The Adductors (Adductor Longus, Brevis and Magnus)

The published accounts of the activity of the adductor muscles are
contradictory. Basmajian (1976) reports that, with the exception of the
vertical part of adductor magnus, all the adductors show significant
activity from the stance-swing transition, until 40 to 70% of the gait cycle
(fig 3.2). Some additional activity, particularly of adductor magnus, is also
recorded around heel strike over the last 10% and first 10% of the gait
cycle. These results are supported by the work of Murray et al (1984);
Crowninshield et al (1978); and Shiavi et al (1981), although the original
work of Inman showed only a single phase of activity for adductor longus
and magnus (upper and lower parts), which extended from approximately
50 to 70% of the gait cycle. In contrast, Lyons et al (1983), found no
activity in the upper part of adductor magnus late in stance phase but
reported activity during the swing-stance transition. This variability is
consistent with the view that the adductors do not act as primary moving
or balancing muscles during ambulation, but "fine-tune” the equilibrium
of the extremity in response to postural reflexes (Janda and Stava, 1965).
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This conclusion is supported by the work of Green & Morris, (1970),
who specifically examined the role of the adductors in postural control of
the hip joint during normal activities. They found that during normal
ambulation, adductor magnus (upper part) was only active during double
stance whereas adductor longus showed activity both during double
stance and at the commencement of swing phase at the initiation of hip
flexion. This correlates well with the observation that during postural
movements, the electrical activity of adductor longus was considerably
greater in flexion and external rotation than pure adduction. Conversely,
the upper part of adductor magnus was most active during adduction and
activities requiring extension and hip rotation. Green and Morris also
showed that the intensity and duration of activity of adductor magnus
~could be substantially increased if their subjects leaned forward during
walking or if they walked with their feet closer together, thereby
accentuating pelvic rotation and adduction. Conversely, walking with a
broad based gait or leaning backwards reduced muscle activity. Adductor
longus responded- similarly; reduced foot spacing led to almost
continuous activity throughout the gait cycle.

On the basis of this study, it is concluded that, during normal
ambulation, the adductors probably do not contribute to significant
loading of the hip joint during early stance and terminal stance.
However, it is conceivable, that in studies in which subjects walk
carefully with conscious control or regulation of their ambulation, the
adductors may be recruited.

3.4.10 Gracilis

Though a two-joint muscle, gracilis has traditionally been assumed
“to act similarly to adductor longus, although contradictory accounts are
present within the literature. The UCLA group (Inman et al, 1951)
reported uniphasic activity extending from the latter part of swing phase
to just beyond heel strike, a pattern also reported by Shiavi, (1990).
Similarly, Jonsson and Steen (1965), in a detailed electromyographic
study, found that the activity of gracilis was greatest during flexion of the
hip joint, with most activity occurring in swing phase. It is assumed that
gracilis does not demonstrate significant activity during early stance or

terminal stance.
A consensus of reports concerning the activity of the muscles of the
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“ Early Stance Phase

(15% of gait cycle)
nsdieponof e
All parts active (15 - 50% MVC)
A GV
Active (25% MVC)
Slight activity (5% MVC)
Slight activity (5 - 10% MVC)
G| Newwe

Table3.1 Summary of muscle activity during early stance phase.
MVC: Maximum Voluntary Contraction of each muscle
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hip joint during early stance phase is presented in Table 3.1, complete
with estimates of the strength of contraction of each muscle.

37



e

Figure 4.1  Free-body diagram illustrating the forces and moments acting on
the weight-bearing lower extremity. |
Note: All forces and moments have components in 3-
dimensions.
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CHAPTER 4. DEVELOPMENT OF A METHOD TO PREDICT MUSCLE
FORCES ACTING ACROSS THE HIP JOINT

4,1 INTRODUCTION

To perform experiments to measure the deformation of the pelvis
and acetabulum during walking, it is necessary to determine the position
of the femur and the pelvis at key stages of the gait cycle and the forces
acting across the hip joint. The forces acting on the hip can be predicted
from kinematic and biomechanical measurements performed in the gait
analysis laboratory. However, the forces generated by the contraction of
individual muscles during gait are estimated less readily as the large
number of muscles acting during the gait cycle makes these forces
mathematically indeterminate using a conventional mechanical analysis.
Another confounding factor is the variation in the electrical activation of
each muscle during the gait cycle. As a first step in the development of a
cadaveric model of the hip, a method of predicting muscle forces was
developed. This was achieved by combining direct measurements of the
hip joint reaction force reported in previous studies utilizing
instrumented prostheses with a conventional engineering analysis of the
forces and moments developed by muscles acting across the hip joint.

4.2 THE DYNAMIC FORCE EQUILIBRIUM ABOUT THE HIP JOINT

The forces exerted by each of the muscles acting across the hip joint
may be estimated by solving the force and moment equations that

represent the balance between:
(i) FLS: the static weight of the extremity

(ii) FLI: the inertial force generated by the change in linear

momentum of the extremity
(iii) FLC: the force generated by the change in angular momentum
of the extremity
(iv) FE: the ground reaction force
(v) FM: the forces generated by the muscles crossing the hip joint
(vi) FR: the joint reaction force acting between the acetabulum and
the femoral head
To simplify calculations and to minimize the influence of unknown
variables, a free-body diagram was developed (fig 4.1). In this analysis, it
is assumed that forces supported by the contribution of passive structures
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(e.g. the capsule, ligaments, and non-contractile parts of muscles) to the
inter-segmental forces and moments at the hip joint are negligible, given
that the joint is not acting at the extremes of normal motion at either
early stance or terminal stance. In the range of hip flexion observed in
normal gait this assumption is supported by previous experimental
investigations (Yoon & Mansour, 1982; Vrahas et al, 1990).
Dynamic force equilibrium of the weight-bearing limb is achieved if
FR+FM +FLS +FLI+ FLC+FF=0 (4.1)

where all forces are assumed to be vectorial quantities as indicated in Fig.

4.1. As the leg is virtually stationary, it may be assumed that the inertial
and centripetal forces generated by the limb will be negligible, i.e. FLj =

Fi.C = 0. Assuming that F1.§ = 0.19 Fpw, where FBW = the weight of the
entire body, equation (1) may be rearranged to yield:

FM=-FR-0.19 FBW -FF (4.2)
In order to calculate FM, values for the joint reaction force may be
estimated from published intra-vital measurements obtained with
instrumented joint prostheses (tables 4.1 and 4.2). Simultaneous
foot/floor reaction forces are not reported in each of the intravital studies
and so typical values must be derived from other published studies (table

4.3).
43 INTRAVITAL HIP FORCES

Intravital hip force data from three different studies were previously
discussed in Chapter 2 and may be normalized with respect to the peak
hip reaction force recorded in early stance. A set of ‘consensus’ or best
guess estimates can then be formulated by selecting:

(a) a value for the peak reaction force during unrestricted gait at a

speed typical for a joint replacement patient (1.1 m/s), and

(b) the relative magnitude of the three components of hip reaction

force.

These values are set forth in table 4.1; corresponding directions of the
joint reaction force in the sagittal and coronal planes are presented in
table 4.3. These data formed the basis of the subsequent biomechanical
analysis of muscle forces.

Two new reports of intra-vital hip force measurements have
appeared within the literature since this analysis was performed. The
first was by Bergmann and co-workers who went on from their first
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Coronal
Angle*

Gait
Velocity

16°
20°
14°
20°
10° 7°
10° 9°
24° .20
26° 7°

Table 4.2: Direction of the joint reaction force acting on the femoral
head at early stance from published intravital hip force
recordings.

* Angle from vertical towards medial.
** Angle from vertical towards posterior.
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experimental study to implant two further prostheses of the same design
(Bergman et al, 1993). One prosthesis was implanted in the contralateral
(right) hip of their original patient, an 82 year-old male (height: 168 cm,
body mass: 65 kg) and the second was implanted in the right hip of a 69
year-old female patient, (height: 160 cm, body mass: 47 kg) with unilateral
avascular necrosis of the femoral head. Hip joint forces were recorded
from both patients performing a variety of activities, including walking
and jogging at speeds of up to 8 km/hr (2.2 m/s). The results of these
measurements are presented in table 4.4 in the same format as table 4.1
Another case reported within the recent literature was a 72 year-old
male (body mass: 66 kg) who received an instrumented prosthesis during
revision hip arthroplasty at Case Western Reserve University in
Cleveland. This device was of a similar design to that previously utilized
by Davy et al. Although a comprehensive report of the data collected
from this patient has not been published to date, some data were cited by
Brand et al (1994) in comparing intravital measurements of hip forces
with predictions based on biomechanical and kinematic data describing
the gait of the instrumented patient. Hip force data were recorded during

slow unassisted gait (0.86 - 1.01 m/s) and free unassisted gait (1.11 - 1.37

ms'l) at 58 and 90 days post-operatively. Brand et al only reported the

resultant force and its out-of-plane (approximately anterior-posterior)
component for six gait cycles recorded as the subject walked at a self-

selected speed. Under these conditions, the peak force ranged from
approximately 2.0 to 2.9 BW (average: 2.4 BW), while its out-of-plane
component ranged from 0.58 to 0.76 BW (average: 0.65 BW).

It is unclear why the peak resultant force measured in this patient is
lower than values reported by previous investigators for subjects walking
at the same speed; these values have ranged from 2.64 BW (Rydell) to 4.00
BW (Bergmann). It is likely that the reasons for these differences are
multi-factorial, but that kinematic data, including the angle of flexion and
adduction of the hip in early stance, and the position of the trunk during
the gait cycle would reveal significant differences between each of these
subjects.

It is interesting to compare the relative magnitudes of the anterior-
posterior components of the peak joint reaction force reported in the two
recent studies. The data from the right and left hips of Bergmann's first
patient were very similar; both had relatively small components of the
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RESULTANT HIP JOINT FORCE AND COMPONENIS
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Figure 4.2  Intravital hip force data reported by Bergmann et al (1993) for
their second patient during walking at 4 km/h. The components
of the hip reaction force and the force resultant are shown in the
upper figure. In the lower figure, the direction of the resultant
in the frontal and transverse planes is graphically displayed.
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posteriorly directed components which amounted to only 12% and 16% of
the total joint reaction force. This supports the conclusion that
differences between data obtained from this patient and the others
reported in the literature are not due to malfunctioning or misalignment
of the prosthesis, but might be attributable to idiosyncrasies in the gait or
muscular activity of this individual.

Bergmann's second patient had virtually no posterior component of
the hip force, moreover, the curves describing the temporal variation of
each force component during mid-stance were of markedly different
shape than those of the patients of previous studies reported in the
literature (fig 4.2). The largest abnormality was the absence of the normal
minimum in the joint reaction force during mid-stance. In some cycles,
the anterior/posterior component did not have a distinct maximum in
early stance phase, but remained relatively stable until its reversal of
direction during mid-stance. These characteristics suggest that the patient
had some hesitancy during earl& stance and that co-contraction of
additional muscle groups was necessary to stabilize the hip joint. This
would have led to elevation of the vertical and medial/lateral
components of the joint reaction force. Other kinematic abnormalities
may have been present, however, a complete description of this patient's

gait has yet to be published.

Despite the paucity of the data reported by Brand et al, the relative
magnitude of the peak anterior/posterior force component (0.27 FR) is
very consistent with the data obtained from other patients walking at
freely selected speeds (i.e. 1.1 - 1.4 m/s). Under these conditions, both of
the Rydell's patients generated peak components of around 0.3 body
weight. This suggests that the selection of 23% of the total joint reaction
force as the "consensus” value for the anterior/posterior force component
was appropriate, given the significantly lower values of 12%, 10% and 3%
reported in the studies of Bergmann et al.

44 THE MOMENT EQUILIBRIUM OF THE HIP JOINT

With the exception of the joint reaction force, each of the forces
acting on the weight-bearing limb will generate a moment about the hip
joint, resulting in a net transfer of moment from the limb to the trunk
via the muscles acting on the pelvis. In general terms, the moment
equilibrium of the lower limb may be formulated as:
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Adducting

No. of Moment

Subjects

Bresler and Frankel 74 17 NA

(1950) (57-91) (0-47)

Andriacchi and

Strickland 29 61 62 12

(1985)

Consensus 55 45 8
Range (43-74) (17-62) (5-12)

Table 4.5: Reported values for the net hip joint moment in abduction,
extension and axial rotation at 15% of the gait cycle.
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MH=MF+FEXxrF+FLSxrLS + MM + MLI + MLLC (4.3)

Where
(i) MH The moment transmitted across the hip joint

(ii) ME: The transverse foot/floor moment resisting rotation of

the foot
(iii) FF: The ground reaction force

(iv) rF: The displacement vector from the hip joint center to the
centroid of the ground reaction force

(v) FLS: The weight of the weight-bearing extremity

(vi) rLS: The displacement vector from the hip joint center to the
center of mass of the extremity

(vii) MM: The net moment generated by muscle forces

(viii) MLI: The inertial moment generated by the change in linear

momentum of the extremity
(xi) MLC: The inertial moment corresponding to the change in

angular momentum of the extremity.
As the hip joint is assumed to be frictionless, MH 1is assumed to be
zero. Moreover, during stance phase, as the foot is in contact with the

ground, the inertial moment generated by linear and angular acceleration
of the limb will be minimal (i.e. MLI, MLC = 0). Thus, the internal

moment generated by muscle contraction (MM) may be calculated as:

MM=-MF-FEXrF-FLSxrLS (4.4)
Thus, the net moment acting at the hip joint may be calculated if the
position of the centroid of the foot/floor contact force distribution is
known with respect to the center of the hip joint and if the center of
gravity and weight of the lower limb can be estimated. These calculations
have been performed in several previous studies of the biomechanics of
the hip during gait (table 4.5). The average values reported are relatively
consistent, particularly for abduction/adduction, although in every study
considerable variation is reported between different subjects (fig 4.3).
Much of this variation is due to differences in the age of the experimental
subjects, the speed of walking, the footwear worn by the subjects and the
method of normalization of the moment data employed by each
investigator (Ramakrishnan et al, 1990). In the case of flexion/extension,
the moment developed between the trunk and the leg is highly
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Figure 43 Moments transmitted to the trunk by one leg during normal gait
(from Paul, 1971).
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dependent upon stride length and the speed of ambulation (Andriacchi
and Strickland, 1985) and so the reported values tend to be more variable.
Substantial variability is also reported in transverse plane moments
(internal and external rotation), although all subjects are observed to
display the same characteristic pattern of variation of this component

during the gait cycle.

45 A METHOD OF CALCULATION OF MUSCLE FORCE
COMPONENTS: .

The average speed of ambulation of older individuals (60 years of age
and older) is 1.1 m/s during free gait (Ramakrishnan , 1990). Based upon
the data of table 4.1, a reasonable estimate of the magnitude of the first
maximum of the total joint reaction force at this walking speed is 3.4
times body weight. Under these conditions, the average direction of hip

joint reaction force may be assumed to be 20° to the vertical in the

coronal plane and 14° to the vertical in the sagittal plane (table 4.3). This
corresponds to the following components of the joint reaction force,
defined within the coordinate system of Bergmann et al (fig 2.5):

Fx (medial): -1.13 BW

Fy (anterior): -0.79 BW

FZ (superior): -3.11 BW

FR (total): 3.4 BW

These data may be transferred to an external, anatomically-based
coordinate system if the three-dimensional position of the femur is
known. Many studies have been performed in which the positions of the
femur, the pelvis and the hip joint have been measured during gait
(tables 4.6, 4.7, 4.8). Although there is some variation between studies,
primarily due to the measurement technique and the definition of a zero
po'sition, there is sufficient agreement to develop a set of 'consensus'
values.

After applying the coordinate transformation derived in Appendix
4.1, the joint reaction force is resolved into the following components

within the external reference frame:

Fx (medial): -0.63 BW
Fy (anterior): 0.77 BW
FZ (superior): -3.25 BW
FRr(total): 3.4 BW
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Table 4.8

Component of Motion

Intemal
[t ovein |

Calculated position of femur in early
stance phase with respect to an external
coordinate system based on consensus
values for the positions of the hip joint
and the pelvis.
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The components of the total muscle force crossing the hip joint (FM)

may be calculated using the reported values for the ground reaction force
at 15% of the gait cycle (table 4.2): from equation 4.2 (FM = -FR - 0.19 Fgw
- Fg). This leads to the following estimates of the unknown force

components:

The joint reaction force (FR) = {-0.63, +0.77, -3.25}

Foot/floor reaction force (Fg) = {-0.05, -0.16, 1.11}

Weight of leg (0.19 Fgw) = {0, 0, -0.19}

Resultant Muscle force (FM) = {+0.68, -0.61, 2.33)

Thus, for an assumed body mass of 70kg, it is estimated that the
components of the net muscle force acting on the femur would be 476 N

medially, 427 N posteriorly and 1631 N superiorly.

4.6 CALCULATION OF INDIVIDUAL MUSCLE FORCES

The components of the net force and net moment developed by
muscle contraction may be described by a set of six equations of the form:

>.aii Fj=b; (4.5)

Where
ajj = a coefficient derived from the direction of action or moment

arm of each muscle.
Fj = the force developed by the jth muscle, and

bj = the component of net force or moment.

Electromyographic data indicate that eight of the muscles crossing
the hip joint are active during the early stance phase of the gait cycle,
although the intensity of the integrated EMG signal varies considerably
between the different muscles (table 4.9). As there are only six
components of force and moment, it is only possible to predict the forces
in six of these muscles.

The estimated direction of the force of contraction of all eight of the
muscles active in the early stance phase (15% of the gait cycle) are
presented in table 4.10. These data were derived from a radiographic
study which was performed in two parts. The first part of the study was
performed to enable the origin and insertion of each muscle to be



Early Stance Phase 5
(15% of gait cycle) )

: Some activi (10 - 15% MVC)
Gluteus Maximus (3 parts) in middle pta};t of muscle

Gluteus Medius (3 parts) All parts active (15-50% MVC) |
Gluteus Minimus Active (40% MVC)

Tensor Fascia Lata Active (20% MVC)
Semitendinosus Active (25% MVC)

Semimembranosus Slight activity (10% MVC) o

Biceps Femoris Slight activity (5% MVC) -

Rectus Femoris Slight activity (5 - 10% MVC)

Table 49 Summary of Muscle Activity in Early Stance Phase based
upon the work of Basmajian (1976). .

MVC: Maximum Voluntary Contraction
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identified from AP and lateral radiographs of the pelvis and femur. A
cadaveric hemipelvis and femur were mounted on a board and fixed in
the average orientation of the hip joint during early stance. The origin
and insertion of each muscle on the surface of the pelvis and the femur
were identified through reference to anatomic texts and skeletal
specimens. In the cases of several muscles, (gluteus maximus and gluteus
minimus (origin and insertion) and rectus femoris (origin)), two fresh
cadavers were dissected to allow each muscle to be identified throughout
its length. Wires were passed through the belly of each muscle and
around its fibers at its points of origin and insertion. AP and lateral
radiographs prepared of each specimen allowed the line of action of each
muscle and its origin and insertion to be identified on subsequent
radiographs.

The origin and insertion of every muscle was defined by a single
point referenced to anatomic landmarks. Gluteus medius was represented
by three parts (anterior, middle and posterior) with origins at points along
the iliac crest. On the AP radiograph, the direction of action of each
muscle was defined with respect to a vertical line which bisected the
sacrum and was aligned perpendicular to the tangent to both ischial
tuberosities. On the lateral view, it was assumed that the vertical axis of
the body ran parallel to the tangent to the pubic symphysis and the
anterior edge of the iliac crest.

In the second part of the study, AP and lateral radiographs were
prepared of five specimens. On each radiograph, the predicted origin and
insertion of each muscle was marked, and the corresponding line of
action of each muscle was measured with reference to the vertical axis of
the body. The average of the set of five values was used in further
calculations and appears in table 4.9, with the corresponding components
of muscle force, calculated in the coordinate system defined by the pelvis.

In order to calculate the moment generated about the hip joint by
each muscle, the moment arms of all muscles were measured in the
sagittal (flexion/extension), coronal (abduction/adduction) and transverse
(internal/external rotation) planes on each of the five sets of radiographs.
The moments generated by each muscle are expressed in terms of the
force of contraction in table 4.11. Note that the moments developed in
the transverse plane were calculated from the coronal and sagittal plane
data. The transverse component of the moment arm was calculated by
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dividing the transverse component of moment (Myz) by the muscle force
acting in the transverse plane (Fyz).

Based upon the data of tables 4.10 and 4.11, the following six
equations were derived relating the external components of force and
moment to the 10 unknown muscle forces:

Medial/Lateral Force: 0.521F1 + 0.086F2 + 0.173F3 + 0.468F4 +
0.355F5 + 0.129F¢ - 0.091F7 - 0.092Fg + 0.007Fg

+ 0.308F10 = 476N (4.6)

Anterior/Posterior Force: 0.292F1 - 0.139F2 + 0.060F3 + 0.352F4 +
0.320F5 - 0.138F¢ + 0.498F7 + 0.483F8 +
0.574F9 + 0.432F10 = 427N (4.7)

Superior/Inferior Force: 0.802F1 + 0.987F2 + 0.983F3 + 0.810F4 +
0.879F5 + 0.982Fg + 0.862F7 + 0.871Fg +
0.819Fg + 0.848F10 = 1631N (4.8)

Coronal Plane Moments:  -0.021F1 + 0.061F2 + 0.060F3 + 0.038F4 +
0.040Fs5 + 0.071F¢ -0.016F7 - 0.011Fg - 0.020F9
+ 0.026F10 = 55 Nm (4.9)

Sagittal Plane Moments: 0.037F1 + 0.015F2 + 0.018F3 + 0.019F4 +
0.012F5 - 0.025Fg + 0.059F7 + 0.047F8 +
0.059F9 - 0.029F10 =45 Nm (4.10)

Transverse Plane Moments: 0.012F1 - 0.008F2 + 0.007F3 + 0.019F4 +
0.004F5 + 0.013F¢ - 0.019F7 - 0.017Fg - 0.014Fg
- 0.015F10 = 8Nm - (4.11)

To render these equations determinate, strategies were explored to
pool different muscle force components in order to reduce the number of
unknown forces. A natural strategy was to combine muscles which
perform similar functions or which develop similar contraction forces

per unit cross-sectional area. To this end, gluteus minimus and the three
parts of gluteus medius were combined (i.e. it was assumed that F7 = F3 =

F4 = F5). Semimembranosus and semi-tendinosus were also combined
(ie. F7 = Fg), as both muscles have virtually identical lines of action with

the same force and moment coefficients, even though the cross-sectional
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areas and intensities of activation of the muscles are distinctly different.
The six resulting equations with six unknowns were solved using
standard matrix methods. The algebraic solution is reported in table 4.12.

The predicted muscle forces were not physiologically reasonable as
the forces in two muscles, tensor fascia lata and biceps femoris, were
negative and, as a result, it was predicted that gluteus maximus,
semitendinosus and semimembranosus would develop absurdly large
forces, corresponding to an activation coefficient (ie. force per unit cross-

sectional area) in excess of the normal physiologic range (0 - 40 N/ sz)_

To explore the sensitivity of the solution set of the six equations to
errors in bj, the fixed values of the components of force and moment, the
magnitude of the six components were varied in a systematic fashion
(table 4.13). The solution set to the six equations was found to be unstable
and susceptible to extreme variations due to relatively small changes in
the predicted components of force and moment. This instability was due
to a number of factors, especially the fact that many of the forces were
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