L U

OMECHANICS

4/ Pr}%m%)les and App| ications

edited by
Donald R. Peterson



BIOMEGHANIGS

lllllllllllllllllllllllll






BIOMECHANIGS

Principles and Applications

edited by

Donald R. Peterson
Joseph D. Bronzino

CRC Press
Taylor & Francis Group

Boca Raton London New York

CRC Press is an imprint of the
Taylor & Francis Group, an informa business



Artwork for the cover design was adapted from Littler, ].W. 1986. The finger extensor system. Some approaches to the
correction of its disabilities. Orthop. Clin. North Am. Jul;17(3):483-492.

CRC Press

Taylor & Francis Group

6000 Broken Sound Parkway N'W, Suite 300
Boca Raton, FL 33487-2742

© 2008 by Taylor & Francis Group, LLC
CRC Press is an imprint of Taylor & Francis Group, an Informa business

No claim to original U.S. Government works
Printed in the United States of America on acid-free paper
10987654321

International Standard Book Number-13: 978-0-8493-8534-6 (Hardcover)

This book contains information obtained from authentic and highly regarded sources. Reprinted material is quoted
with permission, and sources are indicated. A wide variety of references are listed. Reasonable efforts have been made to
publish reliable data and information, but the author and the publisher cannot assume responsibility for the validity of
all materials or for the consequences of their use.

No part of this book may be reprinted, reproduced, transmitted, or utilized in any form by any electronic, mechanical, or
other means, now known or hereafter invented, including photocopying, microfilming, and recording, or in any informa-
tion storage or retrieval system, without written permission from the publishers.

For permission to photocopy or use material electronically from this work, please access www.copyright.com (http://
www.copyright.com/) or contact the Copyright Clearance Center, Inc. (CCC) 222 Rosewood Drive, Danvers, MA 01923,
978-750-8400. CCC is a not-for-profit organization that provides licenses and registration for a variety of users. For orga-
nizations that have been granted a photocopy license by the CCC, a separate system of payment has been arranged.

Trademark Notice: Product or corporate names may be trademarks or registered trademarks, and are used only for
identification and explanation without intent to infringe.

Library of Congress Cataloging-in-Publication Data

Biomechanics / editors, Donald R. Peterson and Joseph D. Bronzino.
p.;cm.
“A CRC title.”
Includes bibliographical references and index.
ISBN 978-0-8493-8534-6 (alk. paper)
1. Biomechanics. I. Peterson, Donald R. II. Bronzino, Joseph D., 1937- III. Title.
[DNLM: 1. Biomechanics. 2. Cardiovascular Physiology. WE 103 B61453 2008]

QP303.B5682 2008
6127.01441--dc22 2007020173

Visit the Taylor & Francis Web site at
http://www.taylorandfrancis.com

and the CRC Press Web site at
http://www.crcpress.com



10

11

12

Table of Contents

Mechanics of Hard Tissue
JoLawrence KAtz. . .... ..o e 1-1

Musculoskeletal Soft Tissue Mechanics

Richard L. Lieber, Thomas J. Burkholder.......... .. ..o, 2-1
Joint-Articulating Surface Motion

Kenton R. Kaufman, Kai-Nan An. . ..o e e 3-1
Joint Lubrication

Michael J. FUTEY . . ..ot e 4-1
Analysis of Gait }

Roy B. Davis, 111, Sylvia Ounpuu, Peter A. DeLuca .................cccoeiiieeiiiiin. 5-1

Mechanics of Head/Neck
Albert I. King, David C. VIiano ..., 6-1

Biomechanics of Chest and Abdomen Impact
David C. Viano, Albert L King.........oiiiii i 7-1

Cardiac Biomechanics
Andrew D. McCulloch . ... e 8-1

Heart Valve Dynamics
Ajit P. Yoganathan, Jack D. Lemmon, Jeffrey T. Ellis................ccociiiiiiii... 9-1

Arterial Macrocirculatory Hemodynamics
Baruch B. Lieher. . ..... ... 10-1

Mechanics of Blood Vessels
Thomas R. Canfield, Philip B. Dobrin .................ociiiiiiiiiiiiiiiiiiiin. .. 11-1

The Venous System
Artin A. Shoukas, Carl F. ROThe. . ... e 12-1



vi

13

14

15

16

17

18

19

20

Mechanics, Molecular Transport, and Regulation in the Microcirculation

Aleksander S. Popel, Roland N. Pittman ..............cciiiiiiiiiiiiiiiiiiaaaaaa, 13-1
Mechanics and Deformability of Hematocytes

Richard E. Waugh, Robert M. Hochmuth ..., 14-1
Mechanics of Tissue/Lymphatic Transport

Geert W. Schmid-Schonbein, Alan R. Hargens .............cooiiiiiiiiiiiiineeiioa. 15-1
Modeling in Cellular Biomechanics

Alexander A. Spector, Roger Tran-Son-Tay...............ooiiiiiiiiiiiiiiiaaaaaaan. 16-1

Cochlear Mechanics
Charles R. Steele, Gary ]. Baker, Jason A. Tolomeo, Deborah E. Zetes-Tolomeo . ..... 17-1

Vestibular Mechanics

WAllace Grant . ...... ... e e 18-1
Exercise Physiology
Arthur T. Johnson, Cathryn R.Dooly ... 19-1

Factors Affecting Mechanical Work in Humans
Ben E. Hurley, Arthur T. JoOhnson ..., 20-1



Preface

Engineering is the integration of art and science and involves the use of systematic knowledge based on the
principles of mathematics and the physical sciences to design and develop systems that have direct practical
applicability for the benefit of mankind and society. With this philosophy in mind, the importance of the
engineering sciences becomes obvious, and this is especially true for the biomedical aspects, where the
implications are easily identifiable. Of all the engineering sciences, biomedical engineering is considered
to be the broadest. Its practice frequently involves the direct combination of the core engineering sciences,
such as mechanical, electrical, and chemical engineering, and requires a functional knowledge of other
nonengineering disciplines, such as biology and medicine, to achieve effective solutions. It is a multidis-
ciplinary science with its own core aspects, such as biomechanics, bioinstrumentation, and biomaterials,
which can be further characterized by a triage of subject matter. For example, the study of biomechanics,
or biological mechanics, employs the principles of mechanics, which is a branch of the physical sciences
that investigates the effects of energy and forces on matter or material systems. It often embraces a broad
range of subject matter that may include aspects of classical mechanics, material science, fluid mechanics,
heat transfer, and thermodynamics, in an attempt to model and predict the mechanical behaviors of any
living system. As such, it may be called the “liberal arts” of the biomedical engineering sciences.

Biomechanics is deeply rooted throughout scientific history and has been influenced by the research
work of early mathematicians, engineers, physicists, biologists, and physicians. Not one of these disciplines
can claim sole responsibility for maturing biomechanics to its current state; rather, it has been a conglom-
eration and integration of these disciplines, involving the application of mathematics, physical principles,
and engineering methodologies, that has been responsible for its advancement. Several examinations exist
that offer a historical perspective on biomechanics in dedicated chapters within a variety of biomechanics
textbooks. For this reason, a historical perspective is not presented within this introduction and it is left
to the reader to discover the material within one of these textbooks. As an example, Y.C. Fung (1993)
provides a reasonably detailed synopsis of those who were influential to the progress of biomechanical
understanding. A review of this material and similar material from other authors commonly shows that
biomechanics has occupied the thoughts of some of the most conscientious minds involved in a variety of
the sciences.

Leonardo da Vinci, one of the early pioneers of biomechanics, was the first to introduce the principle of
“cause and effect” in scientific terms as he firmly believed that “there is no result in nature without a cause;
understand the cause and you will have no need of the experiment” (1478-1518). Leonardo understood
that experimentation is an essential tool for developing an understanding of nature’s causes and the results
they produce, especially when the cause is not immediately obvious. The contemporary approach to
understand and solve problems in engineering expands upon Leonardo’s principle and typically follows a
sequence of fundamental steps that are commonly defined as observation, experimentation, theorization,
validation, and application. These steps are the basis of the engineering methodologies and their significance
is emphasized within a formal engineering education, especially in biomedical engineering. Each step is
considered to be equally important, and an iterative relationship between steps, with mathematics serving
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as the common link, is often necessary in order to converge on a practical understanding of the system in
question. An engineering education that ignores these interrelated fundamentals will produce engineers
who are ignorant of the ways in which real-world phenomena differ from mathematical models. Since most
biomechanical systems are inherently complex and cannot be adequately defined using only theory and
mathematics, biomechanics should be considered a discipline whose progress relies heavily on research
and experimentation and the careful implementation of the sequence of steps. When a precise solution
is not obtainable, utilizing this approach will assist with identifying critical physical phenomena and
obtaining approximate solutions that may provide a deeper understanding as well as improvements to the
investigative strategy. Not surprisingly, the need to identify critical phenomena and obtain approximate
solutions seems to be more significant in biomedical engineering than any other engineering discipline,
which can be attributed to the complex biological processes involved.

Applications of biomechanics have traditionally focused on modeling the system-level aspects of the
human body, such as the musculoskeletal system, the respiratory system, and the cardiovascular and
cardiopulmonary systems. Technologically, most of the progress has been made on system-level device
development and implementation, with obvious influences on athletic performance, work environment
interaction, clinical rehabilitation, orthotics, prosthetics, and orthopaedic surgery. However, more recent
biomechanics initiatives are now focusing on the mechanical behaviors of the biological subsystems, such
as tissues, cells, and molecules, in order to relate subsystem functions across all levels by showing how
mechanical function is closely associated with certain cellular and molecular processes. These initiatives
have a direct impact on the development of biological nano- and microtechnologies involving polymer
dynamics, biomembranes, and molecular motors. The integration of system and subsystem models will
advance our overall understanding of human function and performance and further develop the prin-
ciples of biomechanics. Even still, our modern understanding about certain biomechanic processes is
limited, but through ongoing biomechanics research, new information that influences the way we think
about biomechanics is generated and important applications that are essential to the betterment of human
existence are discovered. As a result, our limitations are reduced and our understanding becomes more
refined. Recent advances in biomechanics can also be attributed to advances in experimental methods and
instrumentation, such as computational power and imaging capabilities, which are also subject to constant
progress.

The rapid advance of biomechanics research continues to yield a large amount of literature that exists in
the form of various research and technical papers and specialized reports and textbooks that are only acces-
sible in various journal publications and university libraries. Without access to these resources, collecting
the publications that best describe the current state of the art would be extremely difficult. With this in
mind, this textbook offers a convenient collection of chapters that present current principles and appli-
cations of biomechanics from respected published scientists with diverse backgrounds in biomechanics
research and application. A total of 20 chapters is presented, 12 of which have been substantially updated
and revised to ensure the presentation of modern viewpoints and developments. The chapters within this
text have been organized in an attempt to present the material in a systematic manner. The first group
of chapters is related to musculoskeletal mechanics and includes hard and soft tissue mechanics, joint
mechanics, and applications related to human function. The next group of chapters covers several aspects
of biofluid mechanics and includes a wide range of circulatory dynamics, such as blood vessel and blood
cell mechanics, and transport. It is followed by a chapter that introduces current methods and strategies
for modeling cellular mechanics. The next group consists of two chapters introducing the mechanical
functions and significance of the human ear. Finally, the remaining two chapters introduce performance
characteristics of the human body system during exercise and exertion. It is the overall intention of this
text to serve as a reference to the skilled professional as well as an introduction to the novice or student
of biomechanics. An attempt was made to incorporate material that covers a bulk of the biomechanics
field; however, as biomechanics continues to grow, some topics may be inadvertently omitted causing a



disproportionate presentation of the material. Suggestions and comments from readers are welcomed on
subject matter that should be considered in future editions of this textbook.

Through the rationalization of biomechanics, I find myself appreciating the complexity and beauty of
all living systems. I hope that this textbook helps your understanding of biomechanics and your discovery
of life.

Donald R. Peterson, Ph.D., M.S.
University of Connecticut Health Center
Farmington, Connecticut
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Hard tissue, mineralized tissue, and calcified tissue are often used as synonyms for bone when describ-
ing the structure and properties of bone or tooth. The hard is self-evident in comparison with all other
mammalian tissues, which often are referred to as soft tissues. Use of the terms mineralized and calcified
arises from the fact that, in addition to the principle protein, collagen, and other proteins, glycoproteins,
and protein-polysaccherides, comprising about 50% of the volume, the major constituent of bone is a
calcium phosphate (thus the term calcified) in the form of a crystalline carbonate apatite (similar to
naturally occurring minerals, thus the term mineralized). Irrespective of its biological function, bone is
one of the most interesting materials known in terms of structure—property relationships. Bone is an
anisotropic, heterogeneous, inhomogeneous, nonlinear, thermorheologically complex viscoelastic mate-
rial. It exhibits electromechanical effects, presumed to be due to streaming potentials, both in vivo and
in vitro when wet. In the dry state, bone exhibits piezoelectric properties. Because of the complexity of
the structure—property relationships in bone, and the space limitation for this chapter, it is necessary to
concentrate on one aspect of the mechanics. Currey [1984] states unequivocally that he thinks, “the most
important feature of bone material is its stiffness.” This is, of course, the premiere consideration for the
weight-bearing long bones. Thus, this chapter will concentrate on the elastic and viscoelastic properties
of compact cortical bone and the elastic properties of trabecular bone as exemplar of mineralized tissue
mechanics.

1-1



1-2 Biomechanics

1.1 Structure of Bone

The complexity of bone’s properties arises from the complexity in its structure. Thus it is important to
have an understanding of the structure of mammalian bone in order to appreciate the related properties.
Figure 1.1 is a diagram showing the structure of a human femur at different levels [Park, 1979]. For
convenience, the structures shown in Figure 1.1 will be grouped into four levels. A further subdivision
of structural organization of mammalian bone is shown in Figure 1.2 [Wainwright et al., 1982]. The
individual figures within this diagram can be sorted into one of the appropriate levels of structure shown
on Figure 1.1 as described in the following. At the smallest unit of structure we have the tropocollagen
molecule and the associated apatite crystallites (abbreviated Ap). The former is approximately 1.5 by
280 nm, made up of three individual left-handed helical polypeptide (alpha) chains coiled into a right-
handed triple helix. Ap crystallites have been found to be carbonate-substituted hydroxyapatite, generally
thought to be nonstoichiometric. The crystallites appear to be about 4 x 20 x 60 nm in size. This level is
denoted the molecular. The next level we denote the ultrastructural. Here, the collagen and Ap are intimately
associated and assembled into a microfibrilar composite, several of which are then assembled into fibers
from approximately 3 to 5 pm thick. At the next level, the microstructural, these fibers are either randomly
arranged (woven bone) or organized into concentric lamellar groups (osteons) or linear lamellar groups
(plexiform bone). This is the level of structure we usually mean when we talk about bone tissue properties.
In addition to the differences in lamellar organization at this level, there are also two different types of
architectural structure. The dense type of bone found, for example, in the shafts of long bone is known as
compact or cortical bone. A more porous or spongy type of bone is found, for example, at the articulating
ends of long bones. This is called cancellous bone. It is important to note that the material and structural
organization of collagen—Ap making up osteonic or haversian bone and plexiform bone are the same as
the material comprising cancellous bone.

Articular
cartilage

&

Collagen fibers

.:“' 8 / \
ot Concentric .))g)

lamella v

Y

Periostoeum ... 2H

Nutrient Ak (8-7 pm) Apatite
- " | & .
artery mineral crﬂystals
Intramedullary (200-400 A long)
covity
Line of
epiphyseal
fusion

FIGURE 1.1 Hierarchical levels of structure in a human femur [Park, 1979]. (Courtesy of Plenum Press and
Dr. J.B. Park.)
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(o1,

FIGURE 1.2 Diagram showing the structure of mammalian bone at different levels. Bone at the same level is drawn
at the same magnification. The arrows show what types may contribute to structures at higher levels [Wainwright et al.,
1982]. (Courtesy Princeton University Press.) (a) Collagen fibril with associated mineral crystals. (b) Woven bone. The
collagen fibrils are arranged more or less randomly. Osteocytes are not shown. (c) Lamellar bone. There are separate
lamellae, and the collagen fibrils are arranged in “domains” of preferred fibrillar orientation in each lamella. Osteocytes
are not shown. (d) Woven bone. Blood channels are shown as large black spots. At this level woven bone is indicated
by light dotting. (e) Primary lamellar bone. At this level lamellar bone is indicated by fine dashes. (f) Haversian bone.
A collection of Haversian systems, each with concentric lamellae round a central blood channel. The large black area
represents the cavity formed as a cylinder of bone is eroded away. It will be filled in with concentric lamellae and form
a new Haversian system. (g) Laminar bone. Two blood channel networks are exposed. Note how layers of woven and
lamellar bone alternate. (h) Compact bone of the types shown at the lower levels. (i) Cancellous bone.

Finally, we have the whole bone itself constructed of osteons and portions of older, partially destroyed
osteons (called interstitial lamellae) in the case of humans or of osteons and/or plexiform bone in the
case of mammals. This we denote the macrostructural level. The elastic properties of the whole bone results
from the hierarchical contribution of each of these levels.
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TABLE 1.1 Composition of Adult Human and Bovine Cortical Bone
% Dry Weight

Species % H,O Ap Collagen GAG? Reference
Bovine 9.1 76.4 21.5 N.D.} Herring, 1977
Human 7.3 67.2 21.2 0.34 Pellagrino and Blitz, 1965; Vejlens, 1971

 Glycosaminoglycan.
b Not determined.

1.2 Composition of Bone

The composition of bone depends on a large number of factors: the species, which bone, the location
from which the sample is taken, and the age, sex, and type of bone tissue, for example, woven, cancellous,
cortical. However, a rough estimate for overall composition by volume is one-third Ap, one-third collagen
and other organic components, and one-third H,O. Some data in the literature for the composition of
adult human and bovine cortical bone are given in Table 1.1.

1.3 Elastic Properties

Although bone is a viscoelastic material, at the quasi-static strain rates in mechanical testing and even at the
ultrasonic frequencies used experimentally, it is a reasonable first approximation to model cortical bone
as an anisotropic, linear elastic solid with Hooke’s law as the appropriate constitutive equation. Tensor
notation for the equation is written as:

o = Cijuien (L.1)

where 0j; and gy, are the second-rank stress and infinitesimal second-rank strain tensors, respectively, and
Ciju is the fourth-rank elasticity tenor. Using the reduced notation, we can rewrite Equation 1.1 as

0 =Cje; i,j=1106 (1.2)

where Cj; are the stiffness coefficients (elastic constants). The inverse of the Cj;, the Sy, are known as the
compliance coefficients.

The anisotropy of cortical bone tissue has been described in two symmetry arrangements. Lang [1969],
Katz and Ukraincik [1971], and Yoon and Katz [1976a, b] assumed bone to be transversely isotropic with
the bone axis of symmetry (the 3 direction) as the unique axis of symmetry. Any small difference in elastic
properties between the radial (1 direction) and transverse (2 direction) axes, due to the apparent gradient
in porosity from the periosteal to the endosteal sides of bone, was deemed to be due essentially to the
defect and did not alter the basic symmetry. For a transverse isotropic material, the stiffness matrix [Cj;]
is given by

[Cii Cnn Cis 0 0
Cn Cn Cp 0 0
Cyl = Ciz Ci3 Cs 244 g g (1.3)
0 Cy O
L 0 0 Ces |

where Cgs = %(Cu — C1). Of the 12 nonzero coefficients, only 5 are independent.
However, Van Buskirk and Ashman [1981] used the small differences in elastic properties between the
radial and tangential directions to postulate that bone is an orthotropic material; this requires that 9 of
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the 12 nonzero elastic constants be independent, that is,

[Ci Ci2 Ci3 0 0
Cin Cn Cy 0 0
Ciz Cy Css 0 0
C:l = 1.4
[Cy] Cu 0 0 (1.4)
0 Css 0
L 0 0 Ceel

Corresponding matrices can be written for the compliance coefficients, the S;;, based on the inverse
equation to Equation 1.2:

g =Sjo; i, j=1t06 (1.5)

where the Sjith compliance is obtained by dividing the [Cj;] stiffness matrix, minus the ith row and
jth column, by the full [Cj;] matrix and vice versa to obtain the Cj; in terms of the S;;. Thus, although
Ss3 = 1/E3, where E; is Young’s modulus in the bone axis direction, E; # Cj3, since C33 and Ss3, are not
reciprocals of one another even for an isotropic material, let alone for transverse isotropy or orthotropic
symmetry.

The relationship between the compliance matrix and the technical constants such as Young’s modulus
(Ei) shear modulus (Gi) and Poisson’s ratio (v;;) measured in mechanical tests such as uniaxial or pure
shear is expressed in Equation 1.6.

-1 _ . -
1 V21 V31 0 0 0
E, E, E;
—vV 1 —_
12 1 V32 0 0
E, E, E;
—v —V 1
13 23 1 0 0 0
[Sl]] = El E2 E3 (16)
1
0 0 0 —_— 0 0
Gas )
0 0 0 0 —_— 0
Gsi 1
0 0 0 0 0 —_—
L Gzl

Again, for an orthotropic material, only 9 of the above 12 nonzero terms are independent, due to the
symmetry of the S;; tensor:

Viz Va1 Vi3 Vs Va3 V3

s A (1.7)
E, E, E, E; E, E;
For the transverse isotropic case, Equation 1.5 reduces to only 5 independent coefficients, since
Ei=E; vip=vy V31 =Vv35 =Vi3 = V3
G3=Gyu G £ (1.8)
23 = G31 2= 0 o) .

In addition to the mechanical tests cited above, ultrasonic wave propagation techniques have been used to
measure the anisotropic elastic properties of bone [Lang, 1969; Yoon and Katz, 1976a, b; Van Buskirk and
Ashman, 1981]. This is possible, since combining Hooke’s law with Newton’s second law results in a wave
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equation that yields the following relationship involving the stiffness matrix:
PV2 U = Cinrns Ny Ny Uy, (19)

where p is the density of the medium, V is the wave speed, and U and N are unit vectors along the particle
displacement and wave propagation directions, respectively, so that U,,, N;, etc. are direction cosines.

Thus to find the five transverse isotropic elastic constants, at least five independent measurements are
required, for example, a dilatational longitudinal wave in the 2 and 1(2) directions, a transverse wave in the
13(23) and 12 planes, etc. The technical moduli must then be calculated from the full set of Cj;. For improved
statistics, redundant measurements should be made. Correspondingly, for orthotropic symmetry, enough
independent measurements must be made to obtain all 9 Cj;; again, redundancy in measurements is a
suggested approach.

One major advantage of the ultrasonic measurements over mechanical testing is that the former can be
done with specimens too small for the latter technique. Second, the reproducibility of measurements using
the former technique is greater than for the latter. Still a third advantage is that the full set of either five or
nine coefficients can be measured on one specimen, a procedure not possible with the latter techniques.
Thus, at present, most of the studies of elastic anisotropy in both human and other mammalian bone are
done using ultrasonic techniques. In addition to the bulk wave type measurements described above, it is
possible to obtain Young’s modulus directly. This is accomplished by using samples of small cross sections
with transducers of low frequency so that the wavelength of the sound is much larger than the specimen
size. In this case, an extensional longitudinal (bar) wave is propagated (which experimentally is analogous
to a uniaxial mechanical test experiment), yielding

E
vi= = (1.10)
0

This technique was used successfully to show that bovine plexiform bone was definitely orthotropic while
bovine haversian bone could be treated as transversely isotropic [Lipson and Katz, 1984]. The results
were subsequently confirmed using bulk wave propagation techniques with considerable redundancy
[Maharidge, 1984].

Table 1.2 lists the C;; (in GPa) for human (haversian) bone and bovine (both haversian and plexiform)
bone. With the exception of Knets’ [1978] measurements, which were made using quasi-static mechanical
testing, all the other measurements were made using bulk ultrasonic wave propagation.

In Maharidge’s study [1984], both types of tissue specimens, haversian and plexiform, were ob-
tained from different aspects of the same level of an adult bovine femur. Thus the differences in Cj;
reported between the two types of bone tissue are hypothesized to be due essentially to the differences in

TABLE 1.2  Elastic Stiffness Coefficients for Various Human and Bovine Bones

Experiments Ci Cn G Cu Css Ces Cn Ci3 Cas
(bone type) (GPa) (GPa) (GPa) (GPa) (GPa) (GPa) (GPa) (GPa) (GPa)

Van Buskirk and Ashman 14.1 184 250 7.00 6.30 528 6.34 4.84 6.94
[1981] (bovine femur)

Knets [1978] (human tibia) 11.6 14.4 22,5 491 356 241 7.95 6.10 6.92

Van Buskirk and Ashman 20.0 21.7 300 656 585 4.74 10.9 11.5 11.5
[1981] (human femur)

Maharidge [1984] 21.2 21.0 29.0 6.30 6.30 5.40 11.7 12.7 11.1
(bovine femur haversian)
Maharidge [1984] 22.4 25.0 35.0 8.20 7.10 6.10 14.0 15.8 13.6

(bovine femur plexiform)

All measurements made with ultrasound except for Knets [1978] mechanical tests.
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(a)

N

FIGURE 1.3 Diagram showing how laminar (plexiform) bone (a) differs more between radial and tangential direc-
tions (R and T') than does haversian bone (b). The arrows are vectors representing the various directions [Wainwright
etal., 1982]. (Courtesy Princeton University Press.)

microstructural organization (Figure 1.3) [Wainwright et al., 1982]. The textural symmetry at this level of
structure has dimensions comparable to those of the ultrasound wavelengths used in the experiment, and
the molecular and ultrastructural levels of organization in both types of tissues are essentially identical.
Note that while C;; almost equals C,; and that Cy4 and Css are equal for bovine haversian bone, C;; and
Cy; and Cy4 and Cs; differ by 11.6 and 13.4%, respectively, for bovine plexiform bone. Similarly, although
Ces and %(C 11 — Cyp) differ by 12.0% for the haversian bone, they differ by 31.1% for plexiform bone.
Only the differences between Cy3 and C,3 are somewhat comparable: 12.6% for haversian bone and 13.9%
for plexiform. These results reinforce the importance of modeling bone as a hierarchical ensemble in order
to understand the basis for bone’s elastic properties as a composite material-structure system in which the
collagen—Ap components define the material composite property. When this material property is entered
into calculations based on the microtextural arrangement, the overall anisotropic elastic anisotropy can
be modeled.

The human femur data [Van Buskirk and Ashman, 1981] support this description of bone tissue.
Although they measured all nine individual Cj, treating the femur as an orthotropic material, their results
are consistent with a near transverse isotropic symmetry. However, their nine C;; for bovine femoral bone
clearly shows the influence of the orthotropic microtextural symmetry of the tissue’s plexiform structure.

The data of Knets [1978] on human tibia are difficult to analyze. This could be due to the possibility
of significant systematic errors due to mechanical testing on a large number of small specimens from a
multitude of different positions in the tibia.

The variations in bone’s elastic properties cited earlier above due to location is appropriately illustrated
in Table 1.3, where the mean values and standard deviations (all in GPa) for all g orthotropic Cj; are given
for bovine cortical bone at each aspect over the entire length of bone.

Since the Cj; are simply related to the “technical” elastic moduli, such as Young’s modulus (E), shear
modulus (G), bulk modulus (K ), and others, it is possible to describe the moduli along any given direction.
The full equations for the most general anisotropy are too long to present here. However, they can be found
in Yoon and Katz [1976a]. Presented below are the simplified equations for the case of transverse isotropy.
Young’s modulus is

1
E(y3)

where y3 = cos ¢, and ¢ is the angle made with respect to the bone (3) axis.

=S5 = (1= )28 +v3Ss +v5 (1 — ¥5) (2515 + Sua) (1.11)
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TABLE 1.3 Mean Values and Standard Deviations for the C ij Measured by Van Buskirk and
Ashman [1981] at Each Aspect Over the Entire Length of Bone (all Values in GPa)

Anterior Medial Posterior Lateral
Cu 18.7 £ 1.7 209+0.8 20.1+£1.0 206+ 1.6
Cyp 2044+1.2 223+£1.0 222+1.3 22.0+1.0
Css 28.6+1.9 30.1+£2.3 30.8+1.0 305+ 1.1
Cyq 6.73 £ 0.68 6.45+0.35 6.78 £ 1.0 6.27 +0.28
Css 5.55+0.41 6.04 £0.51 5.93+0.28 5.68 +0.29
Ces 4.34+0.33 4.87 +0.35 5.10 £0.45 4.63 +£0.36
Cn 11.2+2.0 11.2+1.1 104 £+1.0 10.8 £ 1.7
Cis 11.2+1.1 11.2+24 11.6 £1.7 11.7+1.8
Cy3 104+14 11.5+1.0 125+1.7 11.8 £+ 1.1

The shear modulus (rigidity modulus or torsional modulus for a circular cylinder) is

1 1 1
5om) = E(SZM + S§5> =Sy + (Su — Si2) — 5544(1 - )/32)

+2(S11 + S33 — 2513 — 544)1/32(1 - 3’32) (1.12)

where, again y; = cos ¢.
The bulk modulus (reciprocal of the volume compressibility) is

Ci+ Ci +2C33 —4Cy3
C33(Ci1 + Cpp) —2C4

1
x= S35 +2(S11 + S12 +2813) = (1.13)

Conversion of Equation 1.11 and Equation 1.12 from S;; to Cj; can be done by using the following
transformation equations:

C22C33 - C223 C33C11 - C123

S = S =
1 A 2 A
CiCyp — C} C13Cy — C12Cs3
Sy3=—"T7—"" Sp=—"7T- -—"""
A A
C12Cy — C13Cy C12Cri3 — C3Cyy
Spy=—"77—"" Sp=—7—"—"—
A A
= S S = — (1.14)
u=oo S»= o Se= oo .
where
Cn Cn Cis
A= [Cp Cypn Cyu| =CiCuCs+2C1CisCis — (CiiCy; + CnCly + C:3Ch)  (1.15)
Ciz Gy Cs

In addition to data on the elastic properties of cortical bone presented above, there is also available a
considerable set of data on the mechanical properties of cancellous (trabecullar) bone including measure-
ments of the elastic properties of single trabeculae. Indeed as early as 1993, Keaveny and Hayes [1993]
presented an analysis of 20 years of studies on the mechanical properties of trabecular bone. Most of the
earlier studies used mechanical testing of bulk specimens of a size reflecting a cellular solid, that is, of the
order of cubic mm or larger. These studies showed that both the modulus and strength of trabecular bone
are strongly correlated to the apparent density, where apparent density, p,, is defined as the product of
individual trabeculae density, p;, and the volume fraction of bone in the bulk specimen, V4, and is given
by Pa = Pt Vi
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TABLE 1.4 Elastic Moduli of Trabecular Bone Material Measured by
Different Experimental Methods

Average
Study Method Modulus (GPa)
Townsend et al. [1975] Buckling 11.4 (Wet)
Buckling 14.1 (Dry)
Ryan and Williams [1989] Uniaxial tension 0.760
Choi et al. [1992] 4-point bending 5.72
Ashman and Rho [1988] Ultrasound 13.0 (Human)
Ultrasound 10.9 (Bovine)
Rho et al. [1993] Ultrasound 14.8
Tensile test 10.4
Rho et al. [1999] Nanoindentation 19.4 (Longitudinal)
Nanoindentation 15.0 (Transverse)
Turner et al. [1999] Acoustic microscopy 17.5
Nanoindentation 18.1
Bumrerraj and Katz [2001]  Acoustic microscopy 17.4

Elastic moduli, E, from these measurements generally ranged from approximately 10 MPa to the order
of 1 GPa depending on the apparent density and could be correlated to the apparent density in g/cc by
a power law relationship, E = 6.13 P4, calculated for 165 specimens with an r? = 0.62 [Keaveny and
Hayes, 1993].

With the introduction of micromechanical modeling of bone, it became apparent that in addition
to knowing the bulk properties of trabecular bone it was necessary to determine the elastic properties
of the individual trabeculae. Several different experimental techniques have been used for these studies.
Individual trabeculae have been machined and measured in buckling, yielding a modulus of 11.4 GPa (wet)
and 14.1 GPa (dry) [Townsend et al., 1975], as well as by other mechanical testing methods providing
average values of the elastic modulus ranging from less than 1 GPa to about 8 GPa (Table 1.4). Ultrasound
measurements [Ashman and Rho, 1988; Rho et al., 1993] have yielded values commensurate with the
measurements of Townsend et al. [1975] (Table 1.4). More recently, acoustic microscopy and nano-
indentation have been used, yielding values significantly higher than those cited above. Rho et al. [1999]
using nanoindentation obtained average values of modulus ranging from 15.0 to 19.4 GPa depending on
orientation, as compared to 22.4 GPa for osteons and 25.7 GPa for the interstitial lamellae in cortical bone
(Table 1.4). Turner et al. [1999] compared nanoindentation and acoustic microscopy at 50 MHz on the
same specimens of trabecular and cortical bone from a common human donor. While the nanoindentation
resulted in Young’s moduli greater than those measured by acoustic microscopy by 4 to 14%, the anisotropy
ratio of longitudinal modulus to transverse modulus for cortical bone was similar for both modes of
measurement; the trabecular values are given in Table 1.4. Acoustic microscopy at 400 MHz has also been
used to measure the moduli of both human trabecular and cortical bone [Bumrerraj and Katz, 2001],
yielding results comparable to those of Turner et al. [1999] for both types of bone (Table 1.4).

These recent studies provide a framework for micromechanical analyses using material properties
measured on the microstructural level. They also point to using nano-scale measurements, such as those
provided by atomic force microscopy (AFM), to analyze the mechanics of bone on the smallest unit of
structure shown in Figure 1.1.

1.4 Characterizing Elastic Anisotropy

Having a full set of five or nine Cj; does permit describing the anisotropy of that particular specimen of
bone, but there is no simple way of comparing the relative anisotropy between different specimens of
the same bone or between different species or between experimenters’ measurements by trying to relate
individual C;; between sets of measurements. Adapting a method from crystal physics [Chungand Buessem,
1968] Katz and Meunier [1987] presented a description for obtaining two scalar quantities defining the
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TABLE 1.5 Ac*(%) vs. As*(%) for Various Types of Hard
Tissues and Apatites

Experiments (specimen type) Ac*(%) As*(%)
Van Buskirk et al. [1981] (bovine femur) 1.522  2.075
Katz and Ukraincik [1971] (OHAp) 0.995  0.686
Yoon (redone) in Katz [1984] (FAp) 0.867  0.630
Lang [1969,1970] (bovine femur dried) 1.391  0.981
Reilly and Burstein [1975] (bovine femur) 2.627  5.554
Yoon and Katz [1976] (human femur dried) 1.036  1.055
Katz et al. [1983] (haversian) 1.080  0.775
Van Buskirk and Ashman [1981] (human femur) 1.504 1.884
Kinney et al. [2004] (human dentin dry) 0.006  0.011
Kinney et al. [2004] (human dentin wet) 1.305  0.377

compressive and shear anisotropy for bone with transverse isotropic symmetry. Later, they developed a
similar pair of scalar quantities for bone exhibiting orthotropic symmetry [Katz and Meunier, 1990]. For
both cases, the percentage compressive (Ac*) and shear (As*) elastic anisotropy are given, respectively, by

By KV — Ky
Ac*(%) = 100————+
KV + Ky
GV — Gr
As*(%) = 100 ———— 1.16
s*(%) GV T Gr (1.16)

where KV and Ky, are the Voigt (uniform strain across an interface) and Reuss (uniform stress across an
interface) bulk moduli, respectively,and GV and Gy, are the Voigt and Reuss shear moduli, respectively. The
equations for KV, K, G, and Gy are provided for both transverse isotropy and orthotropic symmetry
in Appendix.

Table 1.5 lists the values of As*(%) and Ac*(%) for various types of hard tissues and apatites. The graph
of As*(%) vs. Ac*(%) is given in Figure 1.4.

As*(%) and Ac*(%) have been calculated for a human femur, having both transverse isotropic and
orthotropic symmetry, from the full set of Van Buskirk and Ashman [1981] C;; data at each of the four
aspects around the periphery, anterior, medial, posterior, and lateral, as denoted in Table 1.3, at fractional
proximal levels along the femur’s length, Z/L = 0.3 to 0.7. The graph of As*(%) vs. Z/L, assuming
transverse isotropy, is given in Figure 1.5. Note that the Anterior aspect, that is in tension during loading,
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FIGURE 1.4 Values of As*(%) vs. Ac*(%) from Table 1.5 are plotted for various types of hard tissues and apatites.
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As* (%) vs. Z/L for transverse Isotropic
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FIGURE 1.5 Calculated values of As*(%) for human femoral bone, treated as having transverse isotropic symmetry,
is plotted vs. Z/L for all four aspects, anterior, medial, posterior, lateral around the bone’s periphery; Z/L is the
fractional proximal distance along the femur’s length.

has values of As*(%) in some positions considerably higher than those of the other aspects. Similarly, the
graph of Ac*(%) vs. Z/L is given in Figure 1.6. Note here it is the posterior aspect that is in compression
during loading, which has values of Ac*(%) in some positions considerably higher than those of the other
aspects. Both graphs are based on the transverse isotropic symmetry calculations; however, the identical
trends were obtained based on the orthotropic symmetry calculations. It is clear that in addition to the
moduli varying along the length and over all four aspects of the femur, the anisotropy varies as well,
reflecting the response of the femur to the manner of loading.

Recently, Kinney et al. [2004] used the technique of resonant ultrasound spectroscopy (RUS) to measure
the elastic constants (C;;) of human dentin from both wet and dry samples. As*(%) and Ac*(%) calculated
from these data are included in both Table 1.5 and Figure 1.4. Their data showed that the samples exhibited
transverse isotropic symmetry. However, the Cj; for dry dentin implied even higher symmetry. Indeed, the
result of using the average value for Cy; and Cy, = 36.6 GPa and the value for C,4 = 14.7 GPa for dry

As* (%) vs. Z/L for transverse Isotropic
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FIGURE 1.6 Calculated values of Ac*(%) for human femoral bone, treated as having transverse isotropic symmetry,
is plotted vs. Z/L for all four aspects, anterior, medial, posterior, lateral around the bone’s periphery; Z/L is the
fractional proximal distance along the femur’s length.
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dentin in the calculations suggests that dry human dentin is very nearly elastically isotropic. This isotropic-
like behavior of the dry dentin may have clinical significance. There is independent experimental evidence
to support this calculation of isotropy based on the ultrasonic data. Small angle x-ray diffraction of human
dentin yielded results implying isotropy near the pulp and mild anisotropy in mid-dentin [Kinney et al.,
2001].

It is interesting to note that haversian bones, whether human or bovine, have both their compressive
and shear anisotropy factors considerably lower than the respective values for plexiform bone. Thus, not
only is plexiform bone both stiffer and more rigid than haversian bone, it is also more anisotropic. These
two scalar anisotropy quantities also provide a means of assessing whether there is the possibility either of
systematic errors in the measurements or artifacts in the modeling of the elastic properties of hard tissues.
This is determined when the values of Ac*(%) and/or As*(%) are much greater than the close range of
lower values obtained by calculations on a variety of different ultrasonic measurements (Table 1.5). A
possible example of this is the value of As*(%) = 7.88 calculated from the mechanical testing data of
Knets [1978], Table 1.2.

1.5 Modeling Elastic Behavior

Currey [1964] first presented some preliminary ideas of modeling bone as a composite material composed
of a simple linear superposition of collagen and Ap. He followed this later [1969] with an attempt to take
into account the orientation of the Ap crystallites using a model proposed by Cox [1952] for fiber-reinforced
composites. Katz [1971a] and Piekarski [1973] independently showed that the use of Voigt and Reuss or
even Hashin—Shtrikman [1963] composite modeling showed the limitations of using linear combinations
of either elastic moduli or elastic compliances. The failure of all these early models could be traced to
the fact that they were based only on considerations of material properties. This is comparable to trying
to determine the properties of an Eiffel Tower built using a composite material by simply modeling the
composite material properties without considering void spaces and the interconnectivity of the structure
[Lakes, 1993]. In neither case is the complexity of the structural organization involved. This consideration
of hierarchical organization clearly must be introduced into the modeling.

Katz in a number of papers [1971b, 1976] and meeting presentations put forth the hypothesis that
haversian bone should be modeled as a hierarchical composite, eventually adapting a hollow fiber com-
posite model by Hashin and Rosen [1964]. Bonfield and Grynpas [1977] used extensional (longitudinal)
ultrasonic wave propagation in both wet and dry bovine femoral cortical bone specimens oriented at
angles of 5, 10, 20, 40, 50, 70, 80, and 85° with respect to the long bone axis. They compared their exper-
imental results for Young’s moduli with the theoretical curve predicted by Currey’s model [1969]; this is
shown in Figure 1.7. The lack of agreement led them to “conclude, therefore that an alternative model is
required to account for the dependence of Young’s modulus on orientation” [Bonfield and Grynpas, 1977].
Katz [1980, 1981], applying his hierarchical material-structure composite model, showed that the data in
Figure 1.7 could be explained by considering different amounts of Ap crystallites aligned parallel to the
long bone axis; this is shown in Figure 1.8. This early attempt at hierarchical micromechanical modeling
is now being extended with more sophisticated modeling using either finite-element micromechanical
computations [Hogan, 1992] or homogenization theory [Crolet et al., 1993]. Further improvements will
come by including more definitive information on the structural organization of collagen and Ap at the
molecular-ultrastructural level [Wagner and Weiner, 1992; Weiner and Traub, 1989].

1.6 Viscoelastic Properties

As stated earlier, bone (along with all other biologic tissues) is a viscoelastic material. Clearly, for such
materials, Hooke’s law for linear elastic materials must be replaced by a constitutive equation that includes
the time dependency of the material properties. The behavior of an anisotropic linear viscoelastic material



Mechanics of Hard Tissue

201

1-13

20 T

10 20

50
Orientation (degrees)

60 70

80 90

FIGURE 1.7 Variation in Young’s modulus of bovine femur specimens (E ) with the orientation of specimen axis to
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FIGURE 1.8 Comparison of predictions of Katz two-level composite model with the experimental data of Bonfield
and Grynpas. Each curve represents a different lamellar configuration within a single osteon, with longitudinal fibers;
A, 64%; B, 57%; C, 50%; D, 37%; and the rest of the fibers assumed horizontal. (From Katz J.L., Mechanical Properties
of Bone, AMD, vol. 45, New York, American Society of Mechanical Engineers, 1981. With permission.)
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may be described by using the Boltzmann superposition integral as a constitutive equation:

0i(t) = [ Cijua(t — r)degr(r)dt (1.17)

[0.9)

where 0;;(t) and €j(7) are the time-dependent second-rank stress and strain tensors, respectively, and
Ciju(t — ) is the fourth-rank relaxation modulus tensor. This tensor has 36 independent elements for the
lowest symmetry case and 12 nonzero independent elements for an orthotropic solid. Again, as for linear
elasticity, a reduced notation is used, thatis, 11 — 1,22 — 2,33 — 3,23 — 4,31 — 5,and 12 — 6.
If we apply Equation 1.17 to the case of an orthotropic material, for example, plexiform bone, in uniaxial
tension (compression) in the one direction [Lakes and Katz, 1974], in this case using the reduced notation,
we obtain

0o T T

ol<r>=/ [cu(t—ﬂdél(”+clz(r—r)d62(”+cl3(r—r>M}dr (1.18)
_ d d dr

o(t) = / {cﬂ(t - r)dz(f) +Cnt—03eD oo r)dQ(’)} —0  (1.19)
_ T dr dr

oo

for all £, and

a3<r>=/ [csl(t—r)del(’)+c32<t—r)d€§(”+c33<r—r>d€;i”}dr=o (1.20)

dr T

forall r.
Having the integrands vanish provides an obvious solution to Equation 1.19 and Equation 1.20. Solving
them simultaneously for [degr)] /dt and [degf)] /dt and substituting these values in Equation 1.17 yields

o1 (1) :/ El(t—r)dzf)dr (1.21)

oo

where, if for convenience we adopt the notation C;; = Cjj(t — 7), then Young’s modulus is given by

[C31 — (C21C33/Cy3)] [Cao1 — (C31Cy2/C3y)]

E(t—1)=Ch+C +C
: e P (C0Cs3/Cx)/ — Cas)

1.22
[(C21C33/Ca3) — C32] ( )

In this case of uniaxial tension (compression), only nine independent orthotropic tensor components are
involved, the three shear components being equal to zero. Still, this time-dependent Young’s modulus is a
rather complex function. As in the linear elastic case, the inverse form of the Boltzmann integral can be
used; this would constitute the compliance formulation.

If we consider the bone being driven by a strain at a frequency w, with a corresponding sinusoidal stress
lagging by an angle §, then the complex Young’s modulus E *(w) may be expressed as

E*(w) = E'(w) + iE"(®) (1.23)
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where E’(w), which represents the stress—strain ratio in phase with the strain, is known as the storage
modulus, and E”(w), which represents the stress—strain ratio 90 degrees out of phase with the strain, is
known as the loss modulus. The ratio of the loss modulus to the storage modulus is then equal to tan §.
Usually, data are presented by a graph of the storage modulus along with a graph of tan §, both against
frequency. For a more complete development of the values of E’(w) and E”(w), as well as for the derivation
of other viscoelastic technical moduli, see Lakes and Katz [1974]; for a similar development of the shear
storage and loss moduli, see Cowin [1989].

Thus, for a more complete understanding of bone’s response to applied loads, it is important to know
its rheologic properties. There have been a number of early studies of the viscoelastic properties of various
long bones [Sedlin, 1965; Smith and Keiper, 1965; Lugassy, 1968; Black and Korostoff, 1973; Laird and
Kingsbury, 1973]. However, none of these was performed over a wide enough range of frequency (or time)
to completely define the viscoelastic properties measured, for example, creep or stress relaxation. Thus it is
not possible to mathematically transform one property into any other to compare results of three different
experiments on different bones [Lakes and Katz, 1974].

In the first experiments over an extended frequency range, the biaxial viscoelastic as well as
uniaxial viscoelastic properties of wet cortical human and bovine femoral bone were measured using
both dynamic and stress relaxation techniques over eight decades of frequency (time) [Lakes et al.,
1979]. The results of these experiments showed that bone was both nonlinear and thermorheologically
complex, that is, time—temperature superposition could not be used to extend the range of viscoelastic
measurements. A nonlinear constitutive equation was developed based on these measurements [Lakes and
Katz, 1979a].

In addition, relaxation spectrums for both human and bovine cortical bone were obtained; Figure 1.9
shows the former [Lakes and Katz, 1979b]. The contributions of several mechanisms to the loss tangent
of cortical bone is shown in Figure 1.10 [Lakes and Katz, 1979b]. It is interesting to note that almost all
the major loss mechanisms occur at frequencies (times) at or close to those in which there are “bumps,”
indicating possible strain energy dissipation, on the relaxation spectra shown on Figure 1.9. An extensive
review of the viscoelastic properties of bone can be found in the CRC publication Natural and Living
Biomaterials [Lakes and Katz, 1984].
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FIGURE 1.9 Comparison of relaxation spectra for wet human bone, specimens 5 and 6 [Lakes et al., 1979] in simple
torsion; T = 37°C. Firstapproximation from relaxation and dynamic data. e Human tibial bone, specimen 6. A Human
tibial bone, specimen 5, Ggq = G (10 sec). Gga(5) = G (10 sec). Gq(5) = 0.590 x 10° Ib/in?. G4q(6) x 0.602 x 10°
Ib/in?. (Courtesy Journal of Biomechanics, Pergamon Press.)
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FIGURE 1.10 Contributions of several relaxation mechanisms to the loss tangent of cortical bone. (a) Homogeneous
thermoelastic effect. (b) Inhomogeneous thermoelastic effect. (c) Fluid flow effect. (d) Piezoelectric effect [Lakes and
Katz, 1984]. (Courtesy CRC Press.)

Following on Katz’s [1976, 1980] adaptation of the Hashin—Rosen hollow fiber composite model [1964],
Gottesman and Hashin [1979] presented a viscoelastic calculation using the same major assumptions.

1.7 Related Research

As stated earlier, this chapter has concentrated on the elastic and viscoelastic properties of compact cortical
bone and the elastic properties of trabecular bone. At present there is considerable research activity on
the fracture properties of the bone. Professor William Bonfield and his associates at Queen Mary and
Westfield College, University of London and Professor Dwight Davy and his colleagues at Case Western
Reserve University are among those who publish regularly in this area. Review of the literature is necessary
in order to become acquainted with the state of bone fracture mechanics.

An excellent introductory monograph that provides a fascinating insight into the structure—property
relationships in bones including aspects of the two areas discussed immediately above is Professor John D.
Currey’s Bones Structure and Mechanics [2002], the 2nd edition of the book, The Mechanical Adaptations
of Bones, Princeton University Press [1984].

Defining Terms

Apatite: Calcium phosphate compound, stoichiometric chemical formula Cas(POy); - X, where X is
OH™ (hydroxyapatite), F~ (fluorapatite), Cl~ (chlorapatite), etc. There are two molecules in the
basic crystal unit cell.

Cancellousbone: Also known as porous, spongy, trabecular bone. Found in the regions of the articulating
ends of tubular bones, in vertebrae, ribs, etc.

Cortical bone: The dense compact bone found throughout the shafts of long bones such as the femur,
tibia, etc., also found in the outer portions of other bones in the body.



Mechanics of Hard Tissue 1-17

Haversian bone:  Also called osteonic. The form of bone found in adult humans and mature mammals,
consisting mainly of concentric lamellar structures, surrounding a central canal called the haversian
canal, plus lamellar remnants of older haversian systems (osteons) called interstitial lamellae.

Interstitial lamellae: See Haversian bone above.

Orthotropic: The symmetrical arrangement of structure in which there are three distinct orthogonal
axes of symmetry. In crystals this symmetry is called orthothombic.

Osteons: See Haversian bone above.

Plexiform: Also called laminar. The form of parallel lamellar bone found in younger, immature non-
human mammals.

Transverse isotropy: The symmetry arrangement of structure in which there is a unique axis perpen-
dicular to a plane in which the other two axes are equivalent. The long bone direction is chosen as
the unique axis. In crystals this symmetry is called hexagonal.
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Further Information

Several societies both in the United States and abroad hold annual meetings during which many presenta-
tions, both oral and poster, deal with hard tissue biomechanics. In the United States these societies include
the Orthopaedic Research Society, the American Society of Mechanical Engineers, the Biomaterials Society,
the American Society of Biomechanics, the Biomedical Engineering Society, and the Society for Bone and
Mineral Research. In Europe there are alternate year meetings of the European Society of Biomechanics
and the European Society of Biomaterials. Every four years there is a World Congress of Biomechanics;
every three years there is a World Congress of Biomaterials. All of these meetings result in documented
proceedings; some with extended papers in book form.

The two principal journals in which bone mechanics papers appear frequently are the Journal of Bio-
mechanics published by Elsevier and the Journal of Biomechanical Engineering published by the American
Society of Mechanical Engineers. Other society journals that periodically publish papers in the field are the
Journal of Orthopaedic Research published for the Orthopaedic Research Society, the Annals of Biomedical
Engineering published for the Biomedical Engineering Society, and the Journal of Bone and Joint Surgery
(both American and English issues) for the American Academy of Orthopaedic Surgeons and the British
Organization, respectively. Additional papers in the field may be found in the journal Bone and Calcified
Tissue International.

The 1984 CRC volume, Natural and Living Biomaterials (Hastings G.W. and Ducheyne P, Eds.) provides
a good historical introduction to the field. A recent more advanced book is Bone Mechanics Handbook
(Cowin S.C., Ed. 2001), the 2nd edition of Bone Mechanics (Cowin S.C., Ed. 1989).

Many of the biomaterials journals and society meetings will have occasional papers dealing with hard
tissue mechanics, especially those dealing with implant—bone interactions.
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Appendix

The Voigt and Reuss moduli for both transverse isotropic and orthotropic symmetry are given below:

Voigt transverse isotropic

_ 2(Cii + Cr2) +4(Cy5 + Cs3)
9

oV (Cii+ Ci2) —4Cy3 J;§C33 +12(Cys + Cgs) (1.A1)

KV

Reuss transverse isotropic
C33(Cy1 + Cpp) — 2CH
(Ci1 + Ci2 — 4Cy3 +2C53)
. 5[C33(Ci1 + Ci2) — 2C%] CaaCos
2{[C33(C11 + C12) — 2C%](Cas + Cos) + [C1aCes(2C11 + C12) + 4C15 + C331/3}

Kp =

Gr (1.A2)

Voigt orthotropic

v _ Cii+Cxn+Cs+2(Cp+ Cis + Cs)

N 9

_ [Cii + Coy + C33 + 3(Cag + Cs5 + Cgs) — (Cr12 + C13 + Cr3)]
15

K

GY (1.A3)

Reuss orthotropic

A
" C11Cy 4 CyCi3 + C33Cyy

+2(C12Cp3 + Cy3C13 + C13C1a) — (Clzz +Ch+ C§3)
Gr=15/(4{(C11Cx2 + CC33 + C53C11 + C11Co3 + C52C13 + C33Ca2)
— [C12(Cr2 + Cp3) + C3(Ca3 + C13) + Ci3(Cis + Ci2)]}/A
+3(1/Caa +1/Cs5 + 1/ Ces)) (1.A4)

Kr —2(C11Cy3 + CCi3 + C33Cy2)

where A is given in Equation 1.15.
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Biological soft tissues are nonlinear, anisotropic, fibrous composites, and detailed description of their
behavior is the subject of active research. One can separate these tissues based on their mode of loading:
cartilage is generally loaded in compression; tendons and ligaments are loaded in tension; and muscles
generate active tension. The structure and material properties differ to accommodate the tissue function,
and this chapter outlines those features. Practical models of each tissue are described, with particular focus
on active force generation by skeletal muscle and application to segmental modeling.

2.1 Structure of Soft Tissues

2.1.1 Cartilage

Articular cartilage is found at the ends of bones, where it serves as a shock absorber and lubricant between
bones. Itis best described as a hydrated proteoglycan gel supported by a sparse population of chondrocytes,
and its composition and properties vary dramatically over its 1- to 2-mm thickness. The bulk composition
of articular cartilage consists of approximately 20% collagen, 5% proteoglycan, primarily aggrecan bound
to hyaluronic acid, with most of the remaining 75% water [Ker, 1999]. At the articular surface, collagen
fibrils are most dense and arranged primarily in parallel with the surface. Proteoglycan content is very low
and chondrocytes are rare in this region. At the bony interface, collagen fibrils are oriented perpendicular
to the articular surface, chondrocytes are more abundant, but proteoglycan content is low. Proteoglycans
are most abundant in the middle zone, where collagen fibrils lack obvious orientation in association with
the transition from parallel to perpendicular alignment.

2-1



2-2 Biomechanics

Collagen itselfis a fibrous protein composed of tropocollagen molecules. Tropocollagen is a triple-helical
protein, which self-assembles into the long collagen fibrils observable at the ultrastructural level. These fib-
rils, in turn, aggregate and intertwine to form the ground substance of articular cartilage. When cross-linked
into a dense network, as in the superficial zone of articular cartilage, collagen has a low permeability to
water and helps to maintain the water cushion of the middle and deep zones. Collagen fibrils arranged in
arandom network, as in the middle zone, structurally immobilize the large proteoglycan (PG) aggregates,
creating the solid phase of the composite material.

Proteoglycans consist of a number of negatively charged glycosaminoglycan chains bound to an aggrecan
protein core. Aggrecan molecules, in turn, bind to a hyaluronic acid backbone, forming a PG of 50 to
100 MDa, which carries a dense negative charge. This negative charge attracts positively charged ions
(Na™) from the extracellular fluid, and the resulting Donnan equilibrium results in rich hydration of the
tissue creating an osmotic pressure that enables the tissue to act as a shock absorber.

The overall structure of articular cartilage is analogous to a jelly-filled balloon. The PG-rich middle zone
is osmotically pressurized, with fluid restrained from exiting the tissue by the dense collagen network of
the superficial zone and the calcified structure of the deep bone. The interaction between the mechanical
loading forces and osmotic forces yields the complex material properties of articular cartilage.

2.1.2 Tendon and Ligament

The passive tensile tissues, tendon and ligament, are also composed largely of water and collagen, but contain
very little of the PGs that give cartilage its unique mechanical properties. In keeping with the functional
role of these tissues, the collagen fibrils are organized primarily in long strands parallel to the axis of
loading (Figure 2.1) [Kastelic et al., 1978]. The collagen fibrils, which may be hollow tubes [Gutsmann
etal., 2003], combine in a hierarchical structure, with the 20-40-nm fibrils being bundled into 0.2-12-um
fibers. These fibers are birefringent under polarized light, reflecting an underlying wave or crimp structure
with a periodicity between 20 and 100 um. The fibers are bundled into fascicles, supported by fibroblasts
or tenocytes, and surrounded by a fascicular membrane. Finally, multiple fascicles are bundled into a
complete tendon or ligament encased in a reticular membrane.

As the tendon is loaded, the bending angle of the crimp structure of the collagen fibers can be seen
to reversibly decrease, indicating that deformation of this structure is one source of elasticity. Individual
collagen fibrils also display some inherent elasticity, and these two features are believed to determine the
bulk properties of passive tensile tissues.

Crim ;
P Fascicular
membrane

FIGURE 2.1 Tendons are organized in progressively larger filaments, beginning with molecular tropocollagen, and
building to a complete tendon encased in a reticular sheath.
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2.1.3 Muscle
2.1.3.1 Gross Morphology

Muscles are described as running from a proximal origin to a distal insertion. While these attachments
are frequently discrete, distributed attachments, and distinctly bifurcated attachments, are also common.
Description of the subdomains of a muscle is largely by analogy to the whole body. The mass of muscle
fibers can be referred to as the belly. In a muscle with distinctly divided origins, the separate origins are
often referred to as heads, and in a muscle with distinctly divided insertions, each mass of fibers terminating
on distinct tendons is often referred to as a separate belly.

A muscle generally receives its blood supply from one main artery, which enters the muscle in a single,
or sometimes two branches. Likewise, the major innervation is generally by a single nerve, which carries
both motor efferents and sensory afferents.

Some muscles are functionally and structurally subdivided into compartments. A separate branch of
the principle nerve generally innervates each compartment, and motor units of the compartments do not
overlap. Generally, a dense connective tissue, or fascial, plane separates the compartments.

2.1.3.2 Fiber Architecture

Architecture, the arrangement of fibers within a muscle, determines the relationship between whole muscle
length changes and force generation. The stereotypical muscle architecture is fusiform, with the muscle
originating from a small tendonous attachment, inserting into a discrete tendon, and having fibers run-
ning generally parallel to the muscle axis (Figure 2.2). Fibers of unipennate muscles run parallel to each
other but at an angle (pennation angle) to the muscle axis. Bipennate muscle fibers run in two distinct
directions. Multipennate or fan-like muscles have one distinct attachment and one broad attachment, and
pennation angle is different for every fiber. Strap-like muscles have parallel fibers that run from a broad
bony origin to a broad insertion. As the length of each of these muscles is changed, the change in length
of its fibers depends on fiber architecture. For example, fibers of a strap-like muscle undergo essentially
the same length change as the muscle, where the length change of highly pennate fibers is reduced by
their angle.

2.1.3.3 Sarcomere

Force generation in skeletal muscle results from the interaction between myosin and actin proteins. These
molecules are arranged in antiparallel filaments, a 2- to 3-nm diameter thin filament composed mainly of
actin, and a 20-nm diameter thick filament composed mainly of myosin. Myosin filaments are arranged in a
hexagonal array, rigidly fixed at the M-line, and are the principal constituents of the A-band (anisotropic,
light bending). Actin filaments are arranged in a complimentary hexagonal array and rigidly fixed at
the Z-line, comprising the I-band (isotropic, light transmitting). The sarcomere is a nearly crystalline
structure, composed of an A-band and two adjacent 1-bands, and is the fundamental unit of muscle
force generation. Sarcomeres are arranged into arrays of myofibrils, and one muscle cell or myofiber
contains many myofibrils. Myofibers themselves are multinucleated syncitia, hundreds of microns in
diameter, and may be tens of millimeters in length that are derived during development by the fusion
of myoblasts.

The myosin protein occurs in several different isoforms, each with different force-generating charac-
teristics, and each associated with expression of characteristic metabolic and calcium-handling proteins.
Broadly, fibers can be characterized as either fast or slow, with slow fibers having a lower rate of actomyosin
ATPase activity, slower velocity of shortening, slower calcium dynamics, and greater activity of oxidative
metabolic enzymes. The lower ATPase activity makes these fibers more efficient for generating force, while
the high oxidative capacity provides a rich energy source, making slow fibers ideal for extended periods
of activity. Their relatively slow speed of shortening results in poor performance during fast or ballistic
motions.
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FIGURE 2.2 Skeletal muscle is organized in progressively larger filaments, beginning with molecular actin and
myosin, arranged as myofibrils. Myofibrils assemble into sarcomeres and myofilaments. Myofilaments are assembled
into myofibers, which are organized into the fascicles that form a whole muscle.

2.2 Material Properties

2.2.1 Cartilage

The behavior of cartilage is highly viscoelastic. A compressive load applied to articular cartilage drives
the positively charged fluid phase through the densely intermeshed and negatively charged solid phase
while deforming the elastic PG-collagen structure. The mobility of the fluid phase is relatively low, and, for
rapid changes in load, cartilage responds nearly as a uniform linear elastic solid with a Young’s modulus
of approximately 6 MPa [Carter and Wong, 2003].

Atlower loading rates, cartilage displays more nonlinear properties. Ker [1999] reports that human limb
articular cartilage stiffness can be described as E = E((1 + 0%3¢¢), with Eq = 3.0 MPa and o expressed
in MPa.

2.2.2 Tendon and Ligament

At rest, the collagen fibrils are significantly crimped or wavy so that initial loading acts primarily to
straighten these fibrils. At higher strains, the straightened collagen fibrils must be lengthened. Thus,
tendons are more compliant at low loads and less compliant at high loads. The highly nonlinear low
load region has been referred to as the “toe” region and occurs up to approximately 3% strain and
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TABLE 2.1 Tendon Biomechanical Properties

Stress Under  Strain Under ~ Tangent
Ultimate Ultimate  Normal Loads Normal Loads  Modulus

Tendon Stress (MPa) Strain (%) (MPa) (%) (GPa) References

Wallaby 40 9 15-40 1.56 Bennett et al. [1986]
Porpoise 1.53 Bennett et al. [1986]
Dolphin 1.43 Bennett et al. [1986]
Deer 28-74 1.59 Bennett et al. [1986]
Sheep 1.65 Bennett et al. [1986]
Donkey 22-44 1.25 Bennett et al. [1986]
Human leg 53 1.0-1.2 Bennett et al. [1986]
Cat leg 1.21 Bennett et al. [1986]
Pig tail 0.9 Bennett et al. [1986]
Rat tail 0.8-1.5 Bennett et al. [1986]
Horse 4-10 Ker et al. [1988]

Dog leg 84 Ker et al. [1988]

Camel ankle 18 Ker et al. [1988]
Human limb McElhaney et al. [1976]
(various) 60-120

Human calcaneal 55 9.5 McElhaney et al. [1976]
Human wrist 52-74 11-17 3.2-3.3 1.5-3.5 Loren and Lieber [1994]

5 MPa [Butler et al., 1979; Zajac, 1989]. Typically, tendons have nearly linear properties from about 3%
strain until ultimate strain, which ranges from 9 to 10% (Table 2.1). The tangent modulus in this linear
region is approximately 1.5 GPa. Ultimate tensile stress reported for tendons is approximately 100 MPa
[McElhaney et al., 1976]. However, under physiological conditions, tendons operate at stresses of only
5 to 10 MPa (Table 2.1) yielding a typical safety factor of 10.

2.2.3 Muscle

Tension generated by skeletal muscle depends on length, velocity, level of activation, and history. Perfor-
mance characteristics of a muscle depend on both its intrinsic properties and the extrinsic organization
of that tissue. Whole muscle maximum shortening velocity depends both upon the sliding velocity of its
component sarcomeres and on the number of those sarcomeres arranged in series. Likewise, maximum
isometric tension depends on both the intrinsic tension-generating capacity of the actomyosin crossbridges
and on the number of sarcomeres arranged in parallel. The relationship between intrinsic properties and
extrinsic function is further complicated by pennation of the fibers. Given the orthotropic nature of the
muscle fiber, material properties should be considered relative to the fiber axis. That is, the relevant area for
stress determination is not the geometric cross section, but the physiological cross section, perpendicular
to the fiber axis. The common form for estimation of the physiological cross sectional area (PCSA) is:

M - cos(®)
p - FL

PCSA =

where M is muscle mass, © is pennation angle, p is muscle density (1.06 g/cm?), and FL is fiber length.
Likewise, the relevant gage length for strain determination is not muscle length, but fiber length, or fascicle
length in muscles composed of serial fibers.

Maximum muscle stress: Maximum active stress, or specific tension, varies somewhat among fiber types
and species (Table 2.2) around a generally accepted average of 250 kPa. This specific tension can
be determined in any system in which it is possible to measure force and estimate the area of
contractile material. Given muscle PCSA, maximum force produced by a muscle can be predicted
by multiplying this PCSA by specific tension (Table 2.2). Specific tension can also be calculated for
isolated muscle fibers or motor units in which estimates of cross-sectional area have been made.

Maximum muscle contraction velocity: Muscle maximum contraction velocity is primarily dependent
on the type and number of sarcomeres in series along the muscle fiber length [Gans, 1982].
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TABLE 2.2  Skeletal Muscle Specific Tension

Biomechanics

Specific

Species Muscle Type  Preparation Tension (kPa) References

Various Synthesis 300 Josephson [1989]

Rat SO Single fiber 134 Fitts et al. [1991]

Human Slow Single fiber 133 Fitts et al. [1991]

Rat FOG Single fiber 108 Fitts et al. [1991]

Rat FG Single fiber 108 Fitts et al. [1991]

Human Fast Single fiber 166 Fitts et al. [1991]

Cat 1 Motor unit 59 Dum et al. [1982]

Cat S Motor unit 172 Bodine et al. [1987]

Cat 2A Motor unit 284 Dum et al. [1982]

Cat FR Motor unit 211 Bodine et al. [1987]

Cat 2B+2AB Motor unit 343 Dum et al. [1982]

Cat FF/FI Motor unit 249 Bodine et al. [1987]

Human Elbow Whole muscle ~ 230-420 Edgerton et al. [1990]

Human Ankle Whole muscle  45-250 Fukunaga et al. [1996]

Rat TA Whole muscle 272 Wells [1965]

Rat Soleus Whole muscle 319 Wells [1965]

Guinea pig  Hindlimb ~ Whole muscle 225 Powell et al. [1984]

Guinea pig  Soleus Whole muscle 154 Powell et al. [1984]
TABLE 2.3 Muscle Dynamic Properties
Species  Muscle Type ~ Preparation Viax a/Po b/ Vmax References
Rat SO Single fiber 1.49 u/sec Fitts et al. [1991]
Human slow Single fiber 0.86 w/sec Fitts et al. [1991]
Rat FOG Single fiber 491 u/sec Fitts et al. [1991]
Rat FG Single fiber 8.05 u/sec Fitts et al. [1991]
Human Fast Single fiber 4.85 u/sec Fitts et al. [1991]
Mouse Soleus Whole muscle 31.7 ulsec Close [1972]
Rat Soleus Whole muscle 18.2 u/sec Close [1972]
Rat Soleus Whole muscle 5.4 cm/sec 0.214 0.23 Wells [1965]
Cat Soleus Whole muscle 13 u/sec Close [1972]
Mouse EDL Whole muscle 60.5 w/sec Close [1972]
Rat EDL Whole muscle 42.7 ulsec Close [1972]
Cat EDL ‘Whole muscle 31 u/sec Close [1972]
Rat TA Whole muscle 14.4 cm/sec 0.356 0.38 Wells [1965]

? L/sec fiber or sarcomere lengths per second, jum/sec sarcomere velocity; cm/sec whole muscle velocity.

The intrinsic velocity of shortening has been experimentally determined for a number of mus-
cle types (Table 2.3). Maximum contraction velocity of a given muscle can thus be calculated based
on a knowledge of the number of serial sarcomeres within the muscle multiplied by the maximum
contraction velocity of an individual sarcomere (Table 2.4 to Table 2.6). Sarcomere shortening
velocity varies widely among species and fiber types (Table 2.3).

2.3 Modeling

2.3.1 Cartilage

Although cartilage can be modeled as a simple elastic element, more accurate results are obtained
using a biphasic model [Mow et al., 1980], which describes the motion of the hydrating fluid relative
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TABLE 2.4 Architectural Properties of the Human Arm and Forearm®®

Muscle Mass Muscle Fiber Length ~ Pennation  Cross-Sectional

Muscle (g) Length (mm) (mm) Angle (o) Area (cm?) FL/ML Ratio

BR (n=38) 16.6 £2.8 175+ 8.3 121 +£8.3 24+6 1.33+£22 0.69 £ 0.062
PT (n=238) 159+1.7 130 £4.7 36.4+1.3 9.6 8 4.13 +£52 0.28 £ 0.012
PQ(n=28) 521+1.0 39.3£23 23.3£2.0 9.9+3 2.07 £33 0.58 +0.021
EDCI (n =8) 3.05+£0.45 114 +3.4 569+ 3.6 3.1+£5 0.52 £0.08 0.49 £0.024
EDCM (n =5) 6.13+1.2 112+ 4.7 58.8 £3.5 32+1.0 1.024+0.20 0.50 £+ 0.014
EDCR (n=7) 4.70 £0.75 125 £ 10.7 51.2+1.8 32454 0.86 £0.13 0.42 +£0.023
EDCS (n =6) 2.234+0.32 121 +£8.0 529+52 2447 0.40 £ 0.06 0.43 £ 0.029
EDQ (n=7) 3.81£70 152 £9.2 55.3+£3.7 26+£6 0.64 £0.10 0.36 £ 0.012
EIP (n = 6) 2.86 £ 61 105+ 6.6 484423 63+38 0.56 +0.11 0.46 £+ 0.023
EPL (n=7) 4.54 + 68 138 £7.2 43.6£2.6 56+1.3 0.98 £0.13 0.31 £0.020
PL (n =6) 3.78 £ 82 134 +£11.5 523+3.1 35+1.2 0.69 +£0.17 0.40 £ 0.032
FDSI(P) (n = 6) 6.0l £1.1 925+ 8.4 31.6 £3.0 51+£0.2 1.81£0.83 0.34 £0.022
FDSI(D) (n =9) 6.6+0.8 119+ 6.1 37.9+3.0 6.7+0.3 1.63 +£0.22 0.32+0.013
FDSI(C) (n = 6) 124+£2.1 207 £10.7 67.6£2.8 57+£0.2 1.71 £0.28 0.33 £0.025
FDSM (n =9) 16.3+2.2 183 £11.5 60.8 3.9 6.9+0.7 2.534+0.34 0.34 £+ 0.014
FDSR (n=9) 102 £ 1.1 155+ 7.7 60.1 £2.7 43+£0.6 1.61 £0.18 0.39£0.023
FDSS (n =9) 1.84+0.3 103+ 6.3 424422 4.9+0.7 0.40 4 0.05 0.42 £+ 0.014
FDPI (n=9) 11.7£1.2 149 £ 3.8 61.4+2.4 72+£0.7 1.77 £0.16 0.41 £0.018
FDPM (n =9) 163+ 1.7 200+8.2 68.4+2.7 57403 2.2340.22 0.34 +0.011
FDPR (n =9) 119+14 194 £+7.0 64.6£2.6 6.8+0.5 1.724+0.18 0.33 £ 0.009
FDPS (n=9) 13.7£1.5 150 + 4.7 60.7 £ 3.9 7.8+£0.9 2.20 £0.30 0.40 £ 0.015
FPL (n =9) 10.0 £ 1.1 168 £+ 10.0 45.1£2.1 6.9+0.2 2.08 £0.22 0.24£0.10

2 Data from Lieber et al., 1990, 1992.

b BR: brachioradialis; EDC I, EDC M, EDC R, and EDC S: extensor digitorum communis to the index, middle, ring, and
small fingers, respectively; EDQ: extensor digiti quinti; EIP: extensor indicis proprious; EPL: extensor pollicis longus; FDP 1,
FDP M, FDP R, and FDP S: flexor digitorum profundus muscles; FDS I, FDS M, FDS R, and FDS S: flexor digitorum
superficialis muscles; FDS I(P) and FDS I(D): proximal and distal bellies of the FDS I; FDS I(C): the combined properties
of the two bellies as if they were a single muscle; FPL: flexor pollicis longus; PQ: pronator quadratus; PS: palmaris longus;
PT: pronator teres.

to the charged organic matrix. The total stress acting on the cartilage is separated into independent
solid and fluid phases:
ol =040/

where s denotes the solid phase and f the fluid phase. The relative motion of the phases defines the
equilibrium equations

where « is tissue solid content and k the tissue permeability coefficient. In addition to the equilibrium
equations, each phase is subject to separate constitutive relations:

of =—p,I and o° = —ap,I + De

where p, is the apparent tissue stress, D is the material property tensor, and e is the strain tensor. For a
hyperelastic solid phase

De = ATr(e)I + 2ue

where A and p are the Lamé constants.
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TABLE 2.5 Architectural Properties of Human Lower Limb*"

Muscle Mass Muscle Fiber Length Pennation  Cross-Sectional

Muscle (g) Length (mm) (mm) Angle (o) Area (cm?) FL/ML Ratio

RF (n = 3) 843+ 14 316 £5.7 66.0 £ 1.5 5.0£0.0 127+ 1.9 0.209 £ 0.002
VL (n =3) 220 £ 56 324+ 14 65.7 +0.88 5.0+0.0 30.6 £ 6.5 0.203 £ 0.007
VM (n = 3) 175 £ 41 335+ 15 70.3£3.3 5.0£0.0 21.1£4.3 0.210 £ 0.005
VI (n=3) 160 £ 59 329+ 15 68.3+4.8 33+1.7 22.3+87 0.208 £ 0.007
SM (n = 3) 108 + 13 262+ 1.5 62.7+4.7 15+2.9 169+ 1.5 0.239 +£0.017
BFL (n = 3) 128 £ 28 342 + 14 85.3+5.0 0.0 +£0.0 12.8+2.8 0.251 £ 0.022
BF, (n = 3) — 271+ 11 139+£3.5 234+0.9 — 0.517 £ 0.032
ST (n=2) 76.9+7.7 317+ 4 158 £ 2.0 5.0£0.0 54+1.0 0.498 £ 0.0

SOL (n =2) 215(n=1) 310+ 1.5 19.54+0.5 25+5.0 58.0 (n=1) 0.063 £ 0.002
MG (n = 3) 150 £ 14 248 £9.9 353+£2.0 16.7 £ 4.4 324+3.1 0.143 £ 0.010
LG (n =3) — 217 £ 11 50.7£5.6 83+1.7 — 0.233 +£0.016
PLT (n = 3) 530+ 14 85.0£ 15 39.3+6.7 33+£1.7 1.2+£04 0.467 £ 0.031
FHL (n = 3) 21.5+3.3 222450 340+ 1.5 10.0+2.9 53£0.6 0.154 £+ 0.010
FDL (n = 3) 16.3 £2.8 260 £ 15 27.0£0.58 6.7£1.7 51+0.7 0.104 £ 0.004
PL (n =3) 41.5+8.5 286 + 17 38.7+3.2 10.0 £ 0.0 12.34+29 0.136 +0.010
PB(n=3) 17.3£25 230 £ 13 39.3+3.5 5.0£0.0 57+1.0 0170 4 0.006
TP (n =3) 53.5+£7.3 254 £ 26 24.0+4.0 11.7+ 1.7 20.8+3 0.095 £+ 0.015
TA (n = 3) 65.7 £ 10 298 £ 12 77.3+£7.38 5.0£0.0 99%15 0.258 £0.015
EDL (n = 3) 352+£3.6 355+ 13 80.3+8.4 83+1.7 5.6£0.6 0.226 £+ 0.024
EHL (n = 3) 129+ 1.6 273+£2.4 87.0£ 8.0 6.0+ 1.0 1.84+0.2 0.319 £ 0.030
SAR (n = 3) 61.7 £ 14 503 £ 27 455+ 19 0.0£0.0 1.7£0.3 0.906 £ 0.017
GR (n =3) 353£7.4 33520 277 £ 12 33+£1.7 1.8£0.3 0.828 £0.017
AM (n = 3) 229 £32 305+ 12 115+ 7.9 0.0£0.0 18.2£2.3 0.378 £0.013
AL (n =3) 63.5£ 16 229+ 12 108 £ 2.0 6.0£1.0 6.8£1.9 0.475 £ 0.023
AB (n = 3) 43.8+84 156 £+ 12 103 £ 6.4 0.0£0.0 47+£1.0 0.663 £ 0.036
PEC (n = 3) 26.4£6.0 123 £ 4.5 104£1.2 0.0£0.0 29+£0.6 0.851 & 0.040
POP (n=2) 20.1+£24 108 £ 7.0 29.0+£7.0 0.0£0.0 79+1.4 0.265 £ 0.048

3Data from Wickiewicz et al., 1982.

Y AB, adductor brevis; AL, adductor longus; AM, adductor magnus; BFy , biceps femoris, long head; BFs, biceps femoris,
short head; EDL, extensor digitorum longus; EHL, extensor hallucis longus; FDL, flexor digitorum longus; GR, gracilis;
FHL, flexor hallucis longus; LG, lateral gastrocnemius; MG, medical gastrocnemius; PEC, pectineus; PB, peroneus
brevis; PL, peronius longus; PLT, plantaris; POP, popliteus; RF, rectus femoris; SAR, sartorius; SM, semimembranosus;
SOL, soleus; ST, semitendinosus; TA, tibialis anterior; TP, tibialis posterior; VI, vastus intermedius; VL, vastus lateralis;
VM, vastus medialis.

These equations can be solved analytically for the special case of confined compression against a porous
platen [Mow et al., 1980]. The surface displacement during creep under an applied load f; is

2 -2 2
u f() 2 1 2 1 HAkf
RPN - Z — S
h T Hy n2z<"+2) I (”+2> (1 + 2a9) 12

n=0

where h is the tissue thickness, and Hy is the aggregate modulus (A + 2u). Those authors estimate k as
7.6 & 3.0 x 107> m*/Nsec and Hj, as 0.70 & 0.09 MPa for bovine articular cartilage. Chen et al. [2001]
report strongly depth-dependent values for Hy ranging between 1.16 +0.20 MPa in the superficial zone to
7.75 % 1.45 MPa in the deep zone in human articular cartilage. The biphasic approach has been extended
to finite element modeling, resulting in the u—p class of models [Wayne et al., 1991].

2.3.2 Tendon and Ligament

The composition and structure of the tensile soft tissues is quite similar to that of cartilage, and the
biphasic theory can be applied to them as well. Fluid pressure serves a smaller role in tissues loaded in
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TABLE 2.6  Architectural Properties of Human Foot®"
Muscle Volume  Muscle Length  Fiber Length  Cross-Sectional

Muscle (cm?) (mm) (mm) Area (cm?)

ABDH 152 +5.3 115.8 £ 4.9 23.0£5.5 6.68 +£2.07
ABDM 8.8 +4.7 112.8 £ 19.0 239+74 3.79+£1.83
ADHT 1.1£0.6 24.8 +£4.2 18.7+5.2 0.62 +0.26
ADHO 9.1+3.1 67.4+4.6 18.6 5.3 4,94+ 1.36
EDB2 21+1.2 69.8 +16.8 28.0 £ 6.5 0.79 +0.43
EDB3 1.3+£0.7 82.2 £20.7 26.4+£5.1 0.51 +0.30
EDB4 1.04+0.7 70.4 £21.1 23.1+3.8 0.44 +0.29
EHB 3.6+1.5 65.7 £ 8.5 27.9+5.7 1.34 £ 0.66
FDB2 45423 92.9 +15.0 254445 1.78 +0.79
FDB2 32+1.5 98.8 £ 18.1 22.8 4.0 1.49£0.71
FDB4 2.6+1.0 103.0 +9.2 20.8 +4.5 1.26 +0.47
FDB5 0.7+0.3 83.2+3.0 182+£22 0.354+0.16
FDMB 34+1.7 51.0£5.3 17.7 £ 3.8 2.00 £ 1.02
FHBM 3.1+1.3 76.0 £19.8 17.5+ 4.8 1.80 £ 0.75
FHBL 34+1.4 65.3+7.1 16.5+3.4 2.124+0.84
DI1 27+1.4 51.0+4.9 16.1 £4.4 1.70 + 0.64
DI2 25+1.4 499 +5.1 15.34+4.0 1.68 +0.80
DI3 25+1.2 443456 15.6 54 1.64 +0.58
D14 42420 61.4+45 16.0 4.8 2.72+1.33
LB2 0.6£0.4 53.9+11.8 22.44+6.5 0.28 +0.17
LB3 0.5+0.4 452+ 8.7 22.34+6.7 0.28 +0.09
LB4 0.6£0.4 37.3£19.9 21.14£9.3 0.30 +0.32
LB5 0.4+04 41.0+12.1 16.2+7.0 0.18 +0.13
PI1 1.54£0.5 46.2 £4.0 13.6 £3.7 1.23 £ 0.65
PI2 1.94+0.7 56.6 £ 6.6 13.9+3.5 1.41 +0.48
PI3 1.8+0.6 48.8+9.9 14.2+£59 1.38 4 0.55
QPM 5.6+3.4 81.3 £20.1 27.5+7.0 1.96 +0.94
QPL 24+1.2 55.3£3.9 23.4+7.1 1.00 4+ 0.41

4Data from Kura et al., 1997.

b ABDH, abductor hallucis; FHBM, flexor hallucis brevis medialis; FHBL, flexor
hallucis brevis lateralis; ADHT, adductor hallucis transverse; ADHO, adductor
hallucis oblique; ABDM, abductor digiti minimi; FDMB, flexor digiti minimi
brevis; DI, dorsal interosseous; PI, plantar interosseous; FDB, flexor digitorum
brevis; LB, lumbrical; QPM, quadratus plantaris medialis; QPL, quadratus plan-
taris lateralis; EHB, extensor hallucis brevis; EDB, extensor digitorum brevis.

tension, and the complication of the biphasic model is generally unnecessary. For modeling of segmental
mechanics, it is frequently sufficient to treat these structures according to a one-dimensional
approximation.

While considering tendons and ligaments as simple nonlinear elastic elements (Table 2.6) is often suffi-
cient, additional accuracy can be obtained by incorporating viscous damping. The quasi-linear viscoelastic
approach [Fung, 1981] introduces a stress relaxation function, G(t), that depends only on time, is convo-
luted with the elastic response, T¢(A), that depends only on the stretch ratio, to yield the complete stress
response, K (1, t). To obtain the stress at any point in time requires that the contribution of all preceding
deformations be assessed:

f ATe(L) OA
T(t):/ G(t—t)%gdr

oo
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FIGURE 2.3 The Hill model of muscle separates the active properties of muscle into a contractile element, in series
with a purely elastic element. The properties of the passive muscle are represented by the parallel elastic element.

Both the elastic response and the relaxation function are empirically determined. The common form
for the relaxation function is a sum of exponentials

G(t) = A+ Z Bje !/
i

The form of the elastic response varies, but usually includes a power or exponential term to accommodate
the toe region.

2.3.3 Muscle
2.3.3.1 Types of Muscle Models

There are three general classes of models for predicting muscle force: biochemical, or crossbridge, models;
constitutive models; and phenomenological, or Hill, models. Crossbridge models [Huxley, 1957; Huxley
and Simmons, 1971] attempt to determine force from the chemical reactions of the crossbridge cycle.
Though accurate at the cross-bridge cycle, it is generally computationally prohibitive to model a whole
muscle in this manner. Constitutive models, such as that described by Zahalak and Ma [1990], generally
attempt to determine muscle behavior by describing populations of cross-bridges. A potentially powerful
approach, this technique has not yet been widely adopted. The vanguard of muscle modeling remains the
phenomenological model first described by Hill [1939], that describes the viscoelastic behavior of skeletal
muscle using a framework analogous to the standard linear solid (Figure 2.3). Although the series elastic
element represents primarily tendon, some series elasticity is found even in muscles lacking any external
tendon or in segments of single fibers. The parallel elastic element represents the passive properties of
the muscle, currently thought to reside primarily in titin. The contractile component is described by
independent isometric force—length (Figure 2.4) and isotonic force—velocity relations (Figure 2.5) and an
activation function [Zajac, 1989].

2.3.3.2 Muscle Force—Length Relationship

Under conditions of constant length, muscle force generated is proportional to the magnitude of the
interaction between the actin and myosin contractile filaments. Myosin filament length in all species is ap-
proximately 1.6 m, but actin filament length varies (Table 2.7). Optimal sarcomere length and maximum
sarcomere length can be calculated using these filament lengths. For optimal force generation, each half
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FIGURE 2.5 Active force generation depends strongly on shortening velocity.

myosin filament must completely overlap an actin filament, without opposing actin filaments overlapping.

No active force is produced at sarcomere spacings shorter than the myosin filamentlength or longer than the

sum of the myosin and the pair of actin filament lengths. The range of operating sarcomere lengths varies
among muscles, but generally covers a range of £15% of optimal length [Burkholder and Lieber, 2003].
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TABLE 2.7  Actin Filament Lengths
Actin Filament Optimal Length

Species Length (pum) (um) References

Cat 1.12 2.24 Herzog et al. [1992]

Rat 1.09 2.18 Herzog et al. [1992]
Rabbit 1.09 2.18 Herzog et al. [1992]

Frog 0.98 1.96 Page and Huxley [1963]
Monkey 1.16 2.32 Walker and Schrodt [1973]
Human 1.27 2.54 Walker and Schrodt [1973]
Hummingbird 1.75 3.50 Mathieu-Costello et al. [1992]
Chicken 0.95 1.90 Page [1969]

Wild rabbit 1.12 2.24 Dimery [1985]

Carp 0.98 1.92 Sosnicki et al. [1991]

2.3.3.3 Muscle Force—Velocity Relationship

Under conditions of constant load the relationship between force and velocity is nearly hyperbolic [Hill,
1938]. The shortening force—velocity relation can be described by:

(P+a)y =b(Py— P)

while the lengthening relation can be described by:

F=18-08 ' matV
Vinax — 7.6 V

The dynamic parameters (a, b, and Vi) vary across species and fiber types (Table 2.3).

It should be noted that this formulation omits several potentially important force-generating phenom-
ena. Notable among these are the persistent extra tension obtained following stretch [Edman et al., 1982],
the exaggerated short range stiffness [Rack and Westbury, 1974], and changes in the force-length relation
associated with activation level [Rack and Westbury, 1969]. Some of these features can be accommodated
by considering series elasticity and sarcomere length inhomogeneity [Morgan, 1990], and each represents
a nonlinearity that substantially complicates modeling and may not be necessary for first approximations
of muscle function.

Common applications of muscle modeling include forward simulation to predict output forces or
motions and inverse analysis to estimate the muscle forces that produced an observed motion. In neither
of these cases is it necessarily practical to determine muscle contractile properties empirically, and it is
frequently necessary to resort to estimation of the force-length and force—velocity relations from muscle
structure. If a muscle is considered to be a composition of uniform sarcomeres in series and in parallel, then
the deformation of single sarcomeres can be estimated from whole muscle length changes. A simplified
view of a muscle is an array of identical fibers of uniform length arranged at a common pennation angle
to the line of force. Peak isometric tension can be estimated from PCSA. Pennation angle determines the
relationship between muscle and fiber length changes:

AL AL
2= f cos(6)
Ln Ly

If sarcomere length is known at any muscle length, it is then possible to scale the sarcomere length—
tension and velocity—tension relations to the whole muscle. When reporting architectural data (Tables),
muscle and fiber lengths should be normalized to optimal sarcomere length.
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Knowledge of joint-articulating surface motion is essential for design of prosthetic devices to restore
function; assessment of joint wear, stability, and degeneration; and determination of proper diagnosis and
surgical treatment of joint disease. In general, kinematic analysis of human movement can be arranged into
two separate categories: (1) gross movement of the limb segments interconnected by joints, or (2) detailed
analysis of joint articulating surface motion, which is described in this chapter. Gross movement is the
relative three-dimensional joint rotation as described by adopting the Eulerian angle system. Movement
of this type is described in Chapter 5: Analysis of Gait. In general, the three-dimensional unconstrained
rotation and translation of an articulating joint can be described utilizing the concept of the screw dis-
placement axis. The most commonly used analytic method for the description of 6-degree-of-freedom
displacement of a rigid body is the screw displacement axis [Kinzel et al., 1972; Spoor and Veldpaus, 1980;
Woltring et al., 1985].
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FIGURE 3.1 Three types of articulating surface motion in human joints.

Various degrees of simplification have been used for kinematic modeling of joints. A hinged joint is the
simplest and most common model used to simulate an anatomic joint in planar motion about a single
axis embedded in the fixed segment. Experimental methods have been developed for determination of
the instantaneous center of rotation for planar motion. The instantaneous center of rotation is defined as
the point of zero velocity. For a true hinged motion, the instantaneous center of rotation will be a fixed
point throughout the movement. Otherwise, loci of the instantaneous center of rotation or centrodes will
exist. The center of curvature has also been used to define joint anatomy. The center of curvature is defined
as the geometric center of coordinates of the articulating surface.

For more general planar motion of an articulating surface, the term sliding, rolling, and spinning are
commonly used (Figure 3.1). Sliding (gliding) motion is defined as the pure translation of a moving
segment against the surface of a fixed segment. The contact point of the moving segment does not change,
while the contact point of the fixed segment has a constantly changing contact point. If the surface of the
fixed segment is flat, the instantaneous center of rotation is located at infinity. Otherwise, it is located at
the center of curvature of the fixed surface. Spinning motion (rotation) is the exact opposite of sliding
motion. In this case, the moving segment rotates, and the contact points on the fixed surface does not
change. The instantaneous center of rotation is located at the center of curvature of the spinning body
that is undergoing pure rotation. Rolling motion occurs between moving and fixed segments where the
contact points in each surface are constantly changing and the arc lengths of contact are equal on each
segment. The instantaneous center of rolling motion is located at the contact point. Most planar motion
of anatomic joints can be described by using any two of these three basic descriptions.

In this chapter, various aspects of joint-articulating motion are covered. Topics include the anatomical
characteristics, joint contact, and axes of rotation. Joints of both the upper and lower extremity are
discussed.

3.1 Ankle

The ankle joint is composed of two joints: the talocrural (ankle) joint and the talocalcaneal (subtalar joint).
The talocrural joint is formed by the articulation of the distal tibia and fibula with the trochlea of the talus.
The talocalcaneal joint is formed by the articulation of the talus with the calcaneus.

3.1.1 Geometry of the Articulating Surfaces

The upper articular surface of the talus is wedge-shaped, its width diminishing from front to back.
The talus can be represented by a conical surface. The wedge shape of the talus is about 25% wider
in front than behind with an average difference of 2.4 £ 1.3 mm and a maximal difference of 6 mm
[Inman, 1976].

3.1.2 Joint Contact

The talocrural joint contact area varies with flexion of the ankle (Table 3.1). During plantarflexion, such as
would occur during the early stance phase of gait, the contact area is limited and the joint is incongruous.
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TABLE 3.1 Talocalcaneal (Ankle) Joint Contact Area

Investigators Plantarflexion Neutral Dorsiflexion
Ramsey and Hamilton [1976] 4.40 +1.21

Kimizuki et al. [1980] 4.83

Libotte et al. [1982] 5.01 (30°) 5.41 3.60 (30°)

Paar et al. [1983] 4.15 (10°) 4.15 3.63 (10°)
Macko et al. [1991] 3.81 +0.93 (15°) 52 +0.94 5.40 £+ 0.74 (10°)
Driscoll et al. [1994] 2.70 £0.41 (20°) 3274032 2.84 % 0.43 (20°)
Hartford et al. [1995] 3.374+0.52

Pereira et al. [1996] 1.49 (20°) 1.67 1.47 (10°)
Rosenbaum et al. [2003] 2.11+0.72

Note: The contact area is expressed in square centimeters.

As the position of the joint progresses from neutral to dorsiflexion, as would occur during the midstance
of gait, the contact area increases and the joint becomes more stable. The area of the subtalar articulation
is smaller than that of the talocrural joint. The contact area of the subtalar joint is 0.89 4= 0.21 cm? for the
posterior facet and 0.28 4= 15 cm? for the anterior and middle facets [Wang et al., 1994]. The total contact
area (1.18 % 0.35 cm?) is only 12.7% of the whole subtalar articulation area (9.31 £ 0.66 cm?) [Wang
et al., 1994]. The contact area/joint area ratio increases with increases in applied load (Figure 3.2).
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FIGURE 3.2 Ratio of total contact area to joint area in the (a) anterior/middle facet and (b) posterior facet of
the subtalar joint as a function of applied axial load for three different positions of the foot. (From Wagner U.A.,
Sangeorzan B.J., Harrington R.M., and Tencer A.F. 1992. J. Orthop. Res. 10: 535. With permission.)
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TABLE 3.2  Axis of Rotation for the Ankle

Investigators Axis® Position

Elftman [1945] Fix.  67.6 & 7.4° with respect to sagittal plane

Isman and Inman [1969]  Fix. 8 mmanterior, 3 mm inferior to the distal tip of the lateral malleolus; 1 mm posterior,
5 mm inferior to the distal tip of the medial malleolus

Inman and Mann [1979] Fix.  79° (68-88°) with respect to the sagittal plane

Allard et al. [1987] Fix.  95.4%6.6° with respect to the frontal plane, 77.7 £ 12.3° with respect to the sagittal
plane, and 17.9 + 4.5° with respect to the transverse plane

Singh et al. [1992] Fix. 3.0 mm anterior, 2.5 mm inferior to distal tip of lateral malleolus; 2.2 mm posterior,
10 mm inferior to distal tip of medial malleolus

Sammarco et al. [1973] Ins.  Inside and outside the body of the talus

D’Ambrosia etal. [1976]  Ins.  No consistent pattern

Parlasca et al. [1979] Ins.  96% within 12 mm of a point 20 mm below the articular surface of the tibia along
the long axis

Van Langelaan [1983] Ins. At an approximate right angle to the longitudinal direction of the foot, passing
through the corpus tali, with a direction from anterolaterosuperior to posterome-
dioinferior

Barnett and Napier Q-1  Dorsiflexion: down and lateral
Plantarflexion: down and medial

Hicks [1953] Q-I  Dorsiflexion: 5 mm inferior to tip of lateral malleolus to 15 mm anterior to tip of

medial malleolus
Plantarflexion: 5 mm superior to tip of lateral malleolus to 15 mm anterior, 10 mm
inferior to tip of medial malleolus

2 Fix. = fixed axis of rotation; Ins. = instantaneous axis of rotation; Q-I = quasi-instantaneous axis of rotation.

3.1.3 Axes of Rotation

Joint motion of the talocrural joint has been studied to define the axes of rotation and their location with

respect to specific anatomic landmarks (Table 3.2). The axis of motion of the talocrural joint essentially
passes through the inferior tibia at the fibular and tibial malleoli (Figure 3.3). Three types of motion have
been used to describe the axes of rotation: fixed, quasi-instantaneous, and instantaneous axes. The motion

Number
of
specimens

20 -

15

10

74

78

Obliquity of ankle axis

82 86 96 94

Angle (degrees)

FIGURE 3.3 Variations in angle between middle of tibia and empirical axis of ankle. The histogram reveals a consid-
erable spread of individual values. (From Inman V.T. 1976. The Joints of the Ankle, Baltimore, Williams and Wilkins.

With permission.)
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TABLE 3.3  Axis of Rotation for the Talocalcaneal (Subtalar) Joint

Investigators Axis® Position

Manter [1941] Fix.  16°(8-24°) with respect to sagittal plane, and 42° (29-47°) with respect to transverse
plane

Shephard [1951] Fix.  Tuberosity of the calcaneus to the neck of the talus

Hicks [1953] Fix.  Posterolateral corner of the heel to superomedial aspect of the neck of the talus

Root et al. [1966] Fix.  17°(8-29°) with respect to sagittal plane, and 41° (22-55°) with respect to transverse
plane

Isman and Inman [1969]  Fix.  23°+11° with respect to sagittal plane, and 41° & 9° with respect to transverse plane

Kirby [1947] Fix.  Extends from the posterolateral heel, posteriorly, to the first intermetatarsal space,
anteriorly

Rastegar et al. [1980] Ins.  Instant centers of rotation pathways in posterolateral quadrant of the distal articu-
lating tibial surface, varying with applied load

Van Langelaan [1983] Ins. A bundle of axes that make an acute angle with the longitudinal direction of the

foot passing through the tarsal canal having a direction from anteromediosuperior
to posterolateroinferior
Engsberg [1987] Ins.  Abundle of axes with a direction from anteromediosuperior to posterolateroinferior

2 Fix. = fixed axis of rotation; Ins. = instantaneous axis of rotation.

that occurs in the ankle joints consists of dorsiflexion and plantarflexion. Minimal or no transverse rotation
takes place within the talocrural joint. The motion in the talocrural joint is intimately related to the motion
in the talocalcaneal joint, which is described next.

The motion axes of the talocalcaneal joint have been described by several authors (Table 3.3). The
axis of motion in the talocalcaneal joint passes from the anterior medial superior aspect of the navicular
bone to the posterior lateral inferior aspect of the calcaneus (Figure 3.4). The motion that occurs in the
talocalcaneal joint consists of inversion and eversion.

3.2 Knee

The knee is the intermediate joint of the lower limb. It is composed of the distal femur and proximal
tibia. It is the largest and most complex joint in the body. The knee joint is composed of the tibiofemoral
articulation and the patellofemoral articulation.

3.2.1 Geometry of the Articulating Surfaces

The shape of the articular surfaces of the proximal tibia and distal femur must fulfill the requirement
that they move in contact with one another. The profile of the femoral condyles varies with the condyle
examined (Figure 3.5 and Table 3.4). The tibial plateau widths are greater than the corresponding widths of
the femoral condyles (Figure 3.6 and Table 3.6). However, the tibial plateau depths are less than those of the
femoral condyle distances. The medial condyle of the tibia is concave superiorly (the center of curvature
lies above the tibial surface) with a radius of curvature of 80 mm [Kapandji, 1987]. The lateral condyle
is convex superiorly (the center of curvature lies below the tibial surface) with a radius of curvature
of 70 mm [Kapandji, 1987]. The shape of the femoral surfaces is complementary to the shape of the
tibial plateaus. The shape of the posterior femoral condyles may be approximated by spherical surfaces
(Table 3.4).

The geometry of the patellofemoral articular surfaces remains relatively constant as the knee flexes. The
knee sulcus angle changes only £3.4° from 15 to 75° of knee flexion (Figure 3.7). The mean depth index
varies by only 4% over the same flexion range (Figure 3.7). Similarly, the medial and lateral patellar
facet angles (Figure 3.8) change by less than a degree throughout the entire knee flexion range (Table 3.7).
However, there is a significant difference between the magnitude of the medial and lateral patellar facet
angles.
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FIGURE 3.4 (a) Variations in inclination of axis of subtalar joint as projected upon the sagittal plane. The distribution
of the measurements on the individual specimens is shown in the histogram. The single observation of an angle of
almost 70° was present in a markedly cavus foot. (b) Variations in position of subtalar axis as projected onto the
transverse plane. The angle was measured between the axis and the midline of the foot. The extent of individual
variation is shown on the sketch and revealed in the histogram. (From Inman V.T. 1976. The Joints of the Ankle,
Baltimore, Williams and Wilkins. With permission.)

3.2.2 Joint Contact

The mechanism for movement between the femur and tibia is a combination of rolling and gliding.
Backward movement of the femur on the tibia during flexion has long been observed in the human knee.
The magnitude of the rolling and gliding changes through the range of flexion. The tibial-femoral contact
point has been shown to move posteriorly as the knee is flexed, reflecting the coupling of posterior motion
with flexion (Figure 3.9). In the intact knee at full extension, the center of pressure is approximately 25
mm from the anterior edge of the tibial plateau [Andriacchi et al., 1986]. The medial femoral condyle rests
further anteriorly on the tibial plateau than the lateral plateau. The medial femoral condyle is positioned
35 + 4 mm from the posterior edge while the lateral femoral condyle is positioned 25 &+ 4 mm from the
posterior edge (Figure 3.9). During knee flexion to 90°, the medial femoral condyle moves back 15 +2 mm
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FIGURE 3.5 Geometry of distal femur. The distances are defined in Table 3.4.

and the lateral femoral condyle moves back 12 £ 2 mm. Thus, during flexion the femur moves posteriorly
on the tibia (Table 3.9).

The patellofemoral contact area is smaller than the tibiofemoral contact area (Table 3.10). As the
knee joint moves from extension to flexion, a band of contact moves upward over the patellar surface
(Figure 3.10). As knee flexion increases, not only does the contact area move superiorly, but it also
becomes larger. At 90° of knee flexion, the contact area has reached the upper level of the patella. As the
knee continues to flex, the contact area is divided into separate medial and lateral zones.

3.2.3 Axes of Rotation

The tibiofemoral joint is mainly a joint with two degrees of freedom. The first degree of freedom allows
movements of flexion and extension in the sagittal plane. The axis of rotation lies perpendicular to the
sagittal plane and intersects the femoral condyles. Both fixed axes and screw axes have been calculated

TABLE 3.4 Geometry of the Distal Femur

Condyle
Lateral Medial Overall

Parameter Symbol Distance (mm) Symbol Distance (mm) Symbol Distance (mm)
Medial/lateral distance K, 31 £ 2.3 (male) K, 32 4 31 (male)

28 + 1.8 (female) 27 %+ 3.1 (female)
Anterior/posterior distance K3 72 + 4.0 (male) Ky 70 £ 4.3 (male)

65 £ 3.7 (female) 63 £ 4.5 (female)
Posterior femoral condyle Kg 19.2+1.7 K7 20.8+2.4
spherical radii
Epicondylar width Ks 90 4 6 (male)

80 =+ 6 (female)

Medial/lateral spacing of Kg 459+3.4

center of spherical surfaces

Note: See Figure 3.5 for location of measurements.
Source: Yoshioka Y., Siu D., and Cooke T.D.V. 1987. J. Bone Joint Surg. 69A: 873—880. Kurosawa H.,
Walker P.S., Abe S., Garg A., and Hunter T. 1985. J. Biomech. 18: 487.
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FIGURE 3.6 Contour of the tibial plateau (transverse plane). The distances are defined in Table 3.6.

TABLE 3.5 Posterior Femoral Condyle Spherical Radius
Normal Knee Varus Knees Valgus Knees

Medial condyle  20.3 & 3.4(16.1-28.0)  21.2£2.1(18.0-24.5)  21.1 £2.0(17.84-24.1)
Lateral condyle ~ 19.0 +3.0(14.7-25.0)  20.8 4 2.1(17.5-30.0)  21.1* £ 2.1(18.4-25.5)

* Significantly different from normal knees (p < 0.05).

Source: Matsuda S., Miura H., Nagamine R., Mawatari T., Tokunaga M., Nabeyama R., and
Iwamoto Y. Anatomical analysis of the femoral condyle in normal and osteoarthritic knees.
J. Ortho. Res. 22: 104-109, 2004.

TABLE 3.6 Geometry of the Proximal Tibia

Parameter Symbols All limbs Male Female
Tibial plateau with widths (mm)
Medial plateau T 32438 34+39 30+22
Lateral plateau T3 334+£26 35+19 31+1.7
Overall width Ty +To+T; 76+62 81445 73445
Tibial plateau depths (mm)
AP depth, medial Ty 48+50 52434 45+4.1
AP depth, lateral Ts 42437 45431 40423
Interspinous width (mm) T, 12+1.7 12409 12422
Intercondylar depth (mm) T 48+59 52457 45+£39

Source: Yoshioka Y., Siu D., Scudamore R.A., and Cooke T.D.V. 1989. J. Orthop. Res. 7:
132.
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FIGURE 3.7 The trochlear geometry indices. The sulcus angle is the angle formed by the lines drawn from the top
of the medial and lateral condyles to the deepest point of the sulcus. The depth index is the ratio of the width of the
groove (WG) to the depth (DG). Mean and SD; n = 12. (From Farahmand et al. J. Orthop. Res. 16:1, 140.)
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FIGURE 3.8 Medial (yi,) and lateral (y,) patellar facet angles. (From Ahmed A.M., Burke D.L., and Hyder A. 1987.
J. Orthop. Res. 5: 69-85.)

TABLE 3.7 Patellar Facet Angles

Knee Flexion Angle

Facet Angle 0° 30° 60° 90°  120°

Vm (deg) 60.88 60.96 61.43 61.30 60.34
3.89% 4.70 4.12 4.18 4.51

Vn (deg) 67.76 68.05 68.36 68.39  68.20

4.15 3.97 3.63 4.01 3.67

2SD.
Source: Ahmed A.M., Burke D.L., and Hyder A. 1987.
J. Orthop. Res. 5: 69-85.
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FIGURE 3.9 Diagram of the tibial plateau, showing the tibiofemoral contact pattern from 0° to 90° of knee flexion,
in the loaded knee. In both medial and lateral compartments, the femoral condyle rolls back along the tibial plateau
from 0° to 30°. Between 30° and 90° the lateral condyle continues to move posteriorly, while the medial condyle moves
back little. (From Scarvell J.M., Smith P.N., Refshauge K.M., Galloway H.R., and Woods K.R. Evaluation of a method
to map tibiofemoral contact points in the normal knee using MRI. J. Orthop. Res. 22: 788793, 2004.)

TABLE 3.8 Tibiofemoral Contact Area

Knee Flexion (deg)

Contact Area (cm?)

-5
5
15
25
35
45
55
65
75
85

20.2
19.8
19.2
18.2
14.0
13.4
11.8
13.6
11.4
12.1

Source: Maquet P.G., Vandberg A.J., and Si-
monet J.C. 1975. J. Bone Joint Surg. 57A:

766.

TABLE 3.9 Posterior Displacement of the Femur

Relative to the Tibia

A/P Displacement

Authors Condition (mm)
Kurosawa [1985] In vitro 14.8
Andriacchi [1986]  In vitro 13.5
Draganich [1987] In vitro 13.5
Nahass [1991] In vivo (walking) 12.5

In vivo (stairs) 13.9
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TABLE 3.10 Patellofemoral
Contact Area

Knee Flexion (deg) Contact Area (cm?)

20 26+£04
30 31£0.3
60 3.9£0.6
90 41+12
120 4.6+0.7

Source: Hubert H.H. and Hayes W.C. 1984.
J. Bone Joint Surg. 66A: 715-725.

(Figure 3.11). In Figure 3.11, the optimal axes are fixed axes, whereas the screw axis is an instantaneous
axis. The symmetric optimal axis is constrained such that the axis is the same for both the right and left
knee. The screw axis may sometimes coincide with the optimal axis but not always, depending upon the
motions of the knee joint. The second degree of freedom is the axial rotation around the long axis of the
tibia. Rotation of the leg around its long axis can only be performed with the knee flexed. There is also an
automatic axial rotation that is involuntarily linked to flexion and extension. When the knee is flexed, the
tibia internally rotates. Conversely, when the knee is extended, the tibia externally rotates.

During knee flexion, the patella makes a rolling/gliding motion along the femoral articulating surface.
Throughout the entire flexion range, the gliding motion is clockwise (Figure 3.12). In contrast, the
direction of the rolling motion is counter-clockwise between 0 and 90° and clockwise between 90 and

135°

FIGURE 3.10 Diagrammatic representation of patella contact areas for varying degrees of knee flexion. (From
Goodfellow J., Hungerford D.S., and Zindel M. J. Bone Joint Surg. 58-B: 3, 288. With permission.)
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FIGURE 3.11 Approximate location of the optimal axis (case 1 — nonsymmetric, case 3 — symmetric), and the
screw axis (case 2) on the medial and lateral condyles of the femur of a human subject for the range of motion of 0 to
90° flexion (standing to sitting, respectively). (From Lewis J.L. and Lew W.D. 1978. J. Biomech. Eng. 100: 187. With
permission.)
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FIGURE 3.12 Position of patellar ligament, patella, and quadriceps tendon and location of the contact points as a
function of the knee flexion angle. (From van Eijden T.M.G.]., Kouwenhoven E., Verburg J. et al. J. Biomech. 19: 227.)
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FIGURE 3.13 Calculated rolling/gliding ratio for the patellofemoral joint as a function of the knee flexion angle.
(From van Eijden T.M.G.]., Kouwenhoven E., Verburg J. et al. J. Biomech. 19: 226.)
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120° (Figure 3.12). The mean amount of patellar gliding for all knees is approximately 6.5 mm per 10° of
flexion between 0 and 80° and 4.5 mm per 10° of flexion between 80 and 120°. The relationship between
the angle of flexion and the mean rolling/gliding ratio for all knees is shown in Figure 3.13. Between 80 and
90° of knee flexion, the rolling motion of the articulating surface comes to a standstill and then changes
direction. The reversal in movement occurs at the flexion angle where the quadriceps tendon first contacts
the femoral groove.

3.3 Hip

The hip joint is composed of the head of the femur and the acetabulum of the pelvis. The hip joint
is one of the most stable joints in the body. The stability is provided by the rigid ball-and-socket
configuration.

3.3.1 Geometry of the Articulating Surfaces

The femoral head is spherical in its articular portion that forms two thirds of a sphere. The diameter
of the femoral head is smaller for females than for males (Table 3.11). In the normal hip, the center of
the femoral head coincides exactly with the center of the acetabulum. The rounded part of the femoral head
is spheroidal rather than spherical because the uppermost part is flattened slightly. This causes the load to
be distributed in a ringlike pattern around the superior pole. The geometrical center of the femoral head
is traversed by the three axes of the joint, the horizontal axis, the vertical axis, and the anterior/posterior
axis. The head is supported by the neck of the femur, which joins the shaft. The axis of the femoral neck is
obliquely set and runs superiorly, medially, and anteriorly. The angle of inclination of the femoral neck to
the shaft in the frontal plane is the neck-shaft angle (Figure 3.14). In most adults, this angle is about 130°
(Table 3.11). An angle exceeding 130° is known as coxa valga; an angle less than 130° is known as coxa vara.
The femoral neck forms an acute angle with the transverse axis of the femoral condyles. This angle faces
medially and anteriorly and is called the angle of anteversion (Figure 3.15). In the adult, this angle averages
about 7.5° (Table 3.11).

The acetabulum receives the femoral head and lies on the lateral aspect of the hip. The acetabulum of
the adult is a hemispherical socket. Its cartilage area is approximately 16 cm? [Von Lanz and Wauchsmuth,
1938]. Together with the labrum, the acetabulum covers slightly more than 50% of the femoral head
[Tonnis, 1987]. Only the sides of the acetabulum are lined by articular cartilage, which is interrupted
inferiorly by the deep acetabular notch. The central part of the cavity is deeper than the articular cartilage
and is nonarticular. This part is called the acetabular fossae and is separated from the interface of the pelvic
bone by a thin plate of bone.

3.3.2 Joint Contact

Miyanaga et al. [1984] studied the deformation of the hip joint under loading, the contact area between
the articular surfaces, and the contact pressures. They found that at loads up to 1000 N, pressure was
distributed largely to the anterior and posterior parts of the lunate surface with very little pressure applied
to the central portion of the roof itself. As the load increased, the contact area enlarged to include the outer

TABLE 3.11  Geometry of the Proximal Femur

Parameter Females Males

Femoral head diameter (mm)  45.0+3.0 52.0+3.3
Neck shaft angle (deg) 133+6.6 129+7.3
Anteversion (deg) 8+ 10 7.0+ 6.8

Source: Yoshioka Y., Siu D., and Cooke T.D.V. 1987. J. Bone
Joint Surg. 69A: 873.
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130°

FIGURE 3.14 The neck-shaft angle.

and inner edges of the lunate surface (Figure 3.16). However, the highest pressures were still measured
anteriorly and posteriorly. Of five hip joints studied, only one had a pressure maximum at the zenith or
central part of the acetabulum.

Davy et al. [1989] utilized a telemetered total hip prosthesis to measure forces across the hip after total
hip arthroplasty. The orientation of the resultant joint contact force varies over a relatively limited range
during the weight-load-bearing portions of gait. Generally, the joint contact force on the ball of the hip
prosthesis is located in the anterior/superior region. A three-dimensional plot of the resultant joint force
during the gait cycle, with crutches, is shown in Figure 3.17.

3.3.3 Axes of Rotation

The human hip is a modified spherical (ball-and-socket) joint. Thus, the hip possesses three degrees of
freedom of motion with three correspondingly arranged, mutually perpendicular axes that intersect at

FIGURE 3.15 The normal anteversion angle formed by a line tangent to the femoral condyles and the femoral neck
axis, as displayed in the superior view.
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FIGURE 3.16 Pressure distribution and contact area of hip joint. The pressure is distributed largely to the anterior
and posterior parts of the lunate surface. As the load increased, the contact area increased. (From Miyanaga Y.,
Fukubayashi T., and Kurosawa H. 1984. Arch. Orth. Trauma Surg. 103: 13. With permission.)
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FIGURE 3.17 Scaled three-dimensional plot of resultant force during the gait cycle with crutches. The lengths of
the lines indicate the magnitude of force. Radial line segments are drawn at equal increments of time, so the distance
between the segments indicates the rate at which the orientation of the force was changing. For higher amplitudes
of force during stance phase, line segments in close proximity indicate that the orientation of the force was changing
relatively little with the cone angle between 30 and 40° and the polar angle between —25 and —15°. (From Davy D.T.,
Kotzar D.M., Brown R.H. et al. 1989. J. Bone Joint Surg. 70A: 45. With permission.)



3-16 Biomechanics

the geometric center of rotation of the spherical head. The transverse axis lies in the frontal plane and
controls movements of flexion and extension. An anterior/posterior axis lies in the sagittal plane and
controls movements of adduction and abduction. A vertical axis that coincides with the long axis of the
limb when the hip joint is in the neutral position controls movements of internal and external rotation.
Surface motion in the hip joint can be considered as spinning of the femoral head on the acetabulum. The
pivoting of the bone socket in three planes around the center of rotation in the femoral head produces the
spinning of the joint surfaces.

3.4 Shoulder

The shoulder represents the group of structures connecting the arm to the thorax. The combined move-
ments of four distinct articulations — glenohumeral, acromioclavicular, sternoclavicular, and scapulotho-
racic — allow the arm to be positioned in space.

3.4.1 Geometry of the Articulating Surfaces

The articular surface of the humerus is approximately one-third of a sphere (Figure 3.18). The articular
surface is oriented with an upward tilt of approximately 45° and is retroverted approximately 30° with
respect to the condylar line of the distal humerus [Morrey and An, 1990]. The average radius of curvature
of the humeral head in the coronal plane is 24.0 &= 2.1 mm [Iannotti et al., 1992]. The radius of curvature
in the anteroposterior and axillary-lateral view is similar, measuring 13.1 &+ 1.3 and 22.9 £+ 2.9 mm,
respectively [McPherson et al., 1997]. The humeral articulating surface is spherical in the center. However,
the peripheral radius is 2 mm less in the axial plane than in the coronal plane. Thus the peripheral contour
of the articular surface is elliptical with a ratio of 0.92 [Iannotti et al., 1992]. The major axis is superior
to inferior and the minor axis is anterior to posterior [McPherson et al., 1997]. More recently, the three-
dimensional geometry of the proximal humerus has been studied extensively. The articular surface, which
is part of a sphere, varies individually in its orientation with respect to inclination and retroversion, and it
has variable medial and posterior offsets [Boileau and Walch, 1997]. These findings have great impact in
implant design and placement in order to restore soft-tissue function.

The glenoid fossa consists of a small, pear-shaped, cartilage-covered bony depression that measures
39.0 £ 3.5 mm in the superior/inferior direction and 29.0 & 3.2 mm in the anterior/posterior direction
[Tannotti et al., 1992]. The anterior/posterior dimension of the glenoid is pear-shaped with the lower half
being larger than the top half. The ratio of the lower half to the top halfis 1:0.80 & 0.01 [Iannotti et al.,
1992]. The glenoid radius of curvature is 32.2 4= 7.6 mm in the anteroposterior view and 40.6 &= 14.0 mm
in the axillary—lateral view [McPherson et al., 1997]. The glenoid is therefore more curved superior
to inferior (coronal plane) and relatively flatter in an anterior to posterior direction (sagittal plane).
Glenoid depth is 5.0 & 1.1 mm in the anteroposterior view and 2.9 £ 1.0 mm in the axillary-lateral
[McPherson et al., 1997], again confirming that the glenoid is more curved superior to inferior. In the
coronal plane the articular surface of the glenoid comprises an arc of approximately 75° and in the
transverse plane the arc of curvature of the glenoid is about 50° [Morrey and An, 1990]. The glenoid
has a slight upward tilt of about 5° [Basmajian and Bazant, 1959] with respect to the medial border of
the scapula (Figure 3.19) and is retroverted a mean of approximately 7° [Saha, 1971]. The relationship
of the dimension of the humeral head to the glenoid head is approximately 0.8 in the coronal plane
and 0.6 in the horizontal or transverse plane [Saha, 1971]. The surface area of the glenoid fossa is only
one-third to one-fourth that of the humeral head [Kent, 1971]. The arcs of articular cartilage on the
humeral head and glenoid in the frontal and axial planes were measured [Jobe and Iannotti, 1995]. In the
coronal plane, the humeral heads had an arc of 159° covered by 96° of glenoid, leaving 63° of cartilage
uncovered. In the transverse plane, the humeral arc of 160° is opposed by 74° of glenoid, leaving 86°
uncovered.
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FIGURE 3.18 The two-dimensional orientation of the articular surface of the humerus with respect to the bicondylar
axis. By permission of Mayo Foundation.

3.4.2 Joint Contact

The degree of conformity and constraint between the humeral head and glenoid has been represented
by conformity index (radius of head/radius of glenoid) and constraint index (arc of enclosure/360)
[McPherson, 1997]. Based on the study of 93 cadaveric specimens, the mean conformity index was 0.72 in
the coronal and 0.63 in the sagittal plane. There was more constraint to the glenoid in the coronal
vs. sagittal plane (0.18 vs. 0.13). These anatomic features help prevent superior—inferior translation of
the humeral head but allow translation in the sagittal plane. Joint contact areas of the glenohumeral
joint tend to be greater at mid-elevation positions than at either of the extremes of joint position (Ta-
ble 3.12). These results suggest that the glenohumeral surface is maximum at these more functional
positions, thus distributing joint load over a larger region in a more stable configuration. The contact
point moves forward and inferior during internal rotation (Figure 3.20). With external rotation, the con-
tact is posterior/inferior. With elevation, the contact area moves superiorly. Lippitt and associates [1998]
calculated the stability ratio, which is defined as a force necessary to translate the humeral head from

FIGURE 3.19 The glenoid faces slightly superior and posterior (retroverted) with respect to the body of the scapula.
By permission of Mayo Foundation.
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TABLE 3.12  Glenohumeral Contact Areas

Contact Areas
Elevation Contact Areas at 20° Internal to
Angle (°) at SR (cm?) SR (cm?)

0 0.87 £1.01 1.70 = 1.68
30 2.09+1.54 2.44 £2.15
60 3.48 £1.69 4.56 +1.84
90 4.95+2.15 3.92+2.10

120 5.07 £2.35 4.84+1.84
150 3.52+£2.29 2.33+1.47
180 2.59 £2.90 2.51 £ NA

SR = starting external rotation that allowed the
shoulder to reach maximal elevation in the scapu-
lar plane (*240° £ 8°); NA = not applicable.

Source: Soslowsky L.J., Flatow E.L., Bigliani
L.U,, Pablak R.J., Mow V.C,, and Athesian G.A.
1992. J. Orthop. Res. 10: 524.

the glenoid fossa divided by the compressive load times 100. The stability ratios were in the range of
50—-60% in the superior—inferior direction and 30-40% in the anterior—posterior direction. After the
labrum was removed, the ratio decreased by approximately 20%. Joint conformity was found to have
significant influence on translations of humeral head during active positioning by muscles [Karduna et al.,
1996].

FIGURE 3.20 Humeral contact positions as a function of glenohumeral motion and positions. (From Morrey B.F.
and An K.N. 1990. C.A. Rockwood and FE.A. Matsen (Eds.), The Shoulder, pp. 208-245, Philadelphia, Saunders. With
permission.)



Joint-Articulating Surface Motion 3-19

TABLE 3.13  Arm Elevation: Glenohumeral-Scapulothoracic Rotation

Glenohumeral/Scapulothoracic

Investigators Motion Ratio

Inman et al. [1994] 2:1

Freedman and Munro [1966] 1.35:1

Doody et al. [1970] 1.74: 1

Poppen and Walker [1976] 4.3 : 1 (<24° elevation)
1.25: 1 (>24° elevation)

Saha [1971] 2.3 :1(30-135° elevation)

3.4.3 Axes of Rotation

The shoulder complex consists of four distinct articulations: the glenohumeral joint, the acromioclavicular
joint, the sternoclavicular joint, and the scapulothoracic articulation. The wide range of motion of the
shoulder (exceeding a hemisphere) is the result of synchronous, simultaneous contributions from each
joint. The most important function of the shoulder is arm elevation. Several investigators have attempted
to relate glenohumeral and scapulothoracic motion during arm elevation in various planes (Table 3.13).
About two-thirds of the motion takes place in the glenohumeral joint and about one-third in the scapu-
lothoracic articulation, resulting in a 2 : 1 ratio.

Surface motion at the glenohumeral joint is primarily rotational. The center of rotation of the gleno-
humeral joint has been defined as a locus of points situated within 6.0 £ 1.8 mm of the geometric
center of the humeral head [Poppen and Walker, 1976]. However, the motion is not purely rotational.
The humeral head displaces, with respect to the glenoid. From 0 to 30°, and often from 30 to 60°, the
humeral head moves upward in the glenoid fossa by about 3 mm, indicating that rolling and/or gliding
has taken place. Thereafter, the humeral head has only about 1 mm of additional excursion. During arm
elevation in the scapular plane, the scapula moves in relation to the thorax [Poppen and Walker, 1976].
From 0 to 30° the scapula rotates about its lower mid portion, and then from 60° onward the center
of rotation shifts toward the glenoid, resulting in a large lateral displacement of the inferior tip of the
scapula (Figure 3.21). The center of rotation of the scapula for arm elevation is situated at the tip of the
acromion as viewed from the edge on (Figure 3.22). The mean amount of scapular twisting at maximum
arm elevation is 40°. The superior tip of the scapula moves away from the thorax, and the inferior tip
moves toward it.

3.5 Elbow

The bony structures of the elbow are the distal end of the humerus and the proximal ends of the
radius and ulna. The elbow joint complex allows two degrees of freedom in motion: flexion/extension
and pronation/supination. The elbow joint complex is three separate synovial articulations. The humeral—
ulnar joint is the articulation between the trochlea of the distal radius and the trochlear fossa of the
proximal ulna. The humero-radial joint is formed by the articulation between the capitulum of the distal
humerus and the head of the radius. The proximal radioulnar joint is formed by the head of the radius
and the radial notch of the proximal ulna.

3.5.1 Geometry of the Articulating Surfaces

The curved, articulating portions of the trochlea and capitulum are approximately circular in a cross-
section. The radius of the capitulum is larger than the central trochlear groove (Table 3.14). The centers
of curvature of the trochlea and capitulum lie in a straight line located on a plane that slopes at 45 to 50°
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FIGURE 3.21 Rotation of the scapula on the thorax in the scapular plane. Instant centers of rotation (solid dots) are
shown for each 30° interval of motion during shoulder elevation in the scapular plane from zero to 150°. The x and
y axes are fixed in the scapula, whereas the X and Y axes are fixed in the thorax. From zero to 30° in the scapula
rotated about its lower midportion; from 60° onward, rotation took place about the glenoid area, resulting in a medial
and upward displacement of the glenoid face and a large lateral displacement of the inferior tip of the scapula. (From
Poppen N.K. and Walker P.S. 1976. ]. Bone Joint Surg. 58A: 195. With permission.)

anterior and distal to the transepicondylar line and is inclined at 2.5° from the horizontal transverse plane
[Shiba et al., 1988]. The curves of the ulnar articulations form two surfaces (coronoid and olecranon)
with centers on a line parallel to the transepicondylar line but are distinct from it [Shiba et al., 1988].
The carrying angle is an angle made by the intersection of the longitudinal axis of the humerus and the
forearm in the frontal plane with the elbow in an extended position. The carrying angle is contributed
to, in part, by the oblique axis of the distal humerus and, in part, by the shape of the proximal ulna
(Figure 3.23).

3.5.2 Joint Contact

The contact area on the articular surfaces of the elbow joint depends on the joint position and the loading
conditions. Increasing the magnitude of the load not only increases the size of the contact area but shifts
the locations as well (Figure 3.24). As the axial loading is increased, there is an increased lateralization of
the articular contact [Stormont et al., 1985]. The area of contact, expressed as a percentage of the total
articulating surface area, is given in Table 3.15. Based on a finite element model of the humero—ulnar
joint, Merz et al. [1997] demonstrated that the humero—ulnar joint incongruity brings about a bicentric
distribution of contact pressure, a tensile stress exists in the notch that is the same order of magnitude as
the compressive stress [Merz, 1997].
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FIGURE 3.22 (a) A plot of the tips of the acromion and coracoid process on roentgenograms taken at successive
intervals of arm elevation in the scapular plane shows upward movement of the coracoid and only a slight shift in the
acromion relative to the glenoid face. This finding demonstrates twisting, or external rotation, of the scapula about
the x-axis. (b) A lateral view of the scapula during this motion would show the coracoid process moving upward while
the acromion remains on the same horizontal plane as the glenoid. (From Poppen N.K. and Walker P.S. 1976. J. Bone
Joint Surg. 58A: 195. With permission.)

3.5.3 Axes of Rotation

The axes of flexion and extension can be approximated by a line passing through the center of the trochlea,
bisecting the angle formed by the longitudinal axes of the humerus and the ulna [Morrey and Chao,
1976]. The instant centers of flexion and extension vary within 2-3 mm of this axis (Figure 3.25). With
the elbow fully extended and the forearm fully supinated, the longitudinal axes of humerus and ulna
normally intersect at a valgus angle referred to as the carrying angle. In adults, this angle is usually 10-15°
and normally is greater on average in women [Zuckerman and Matsen, 1989]. As the elbow flexes, the
carrying angle varies as a function of flexion (Figure 3.26). In extension there is a valgus angulation of

TABLE 3.14  Elbow Joint Geometry

Parameter Size (mm)

Capitulum radius 106 £ 1.1
Lateral trochlear flange radius 10.8 £1.0
Central trochlear groove radius 88+0.4
Medial trochlear groove radius 13.2+£1.4

Distal location of flexion/extension
axis from transepicondylar line:
Lateral 6.8+0.2
Medial 8.7+0.6

Source: Shiba R., Sorbie C., Siu D.W., Bryant J.T.,
Cooke T.D.V., and Weavers H.W. 1988. J. Orthop.
Res. 6: 897.
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FIGURE 3.23 Components contributing to the carrying angles: @ + A + . Key: «, angle between C-line and TEL;
y, inclination of central groove (cg); A, angle between trochlear notch (tn); ¥, reverse angulation of shaft of ulna;
TLE, transepicondylar line; C-line, line joining centers of curvature of the trochlea and capitellum; cg, central groove;
op; olecranon process; tr, trochlear ridge; cp, coronoid process. « = 2.5£0.0; . = 17.5+5.0 (females) and 12.0+7.0
(males); ¥ = —6.5 £ 0.7 (females) and —9.5 £ 3.5 (males). (From Shiba R., Sorbie C., Siu D.W.,, Bryant J.T.,
Cooke T.D.V., and Weavers H.W. 1988. J. Orthop. Res. 6: 897. With permission.)

(Anterior view)

(Posterior view)

Loads: P Valgus Joint angle: 90°
N\ Varus

FIGURE 3.24 Contact of the ulnohumeral joint with varus and valgus loads and the elbow at 90°. Notice only
minimal radiohumeral contact in this loading condition. (From Stormont T.J., An K.N., Morrey B.E,, and Chae E.Y.
1985. J. Biomech. 18: 329. Reprinted with permission of Elsevier Science Inc.)



Joint-Articulating Surface Motion 3-23

TABLE 3.15 Elbow Joint Contact Area

Total Articulating Surface

Area of Ulna and
Position Radial Head (mm?) Contact Area (%)
Full extension 1598 £ 103 8.1+2.7
90° flexion 1750 + 123 10.8 £2.0
Full flexion 1594 £ 120 9.5+2.1

Source: Goel V.K., Singh D., and Bijlani V. 1982. J. Biomech. Eng.
104: 169.

FIGURE 3.25 Very small locus of instant center of rotation for the elbow joint demonstrates that the axis may be
replicated by a single line drawn from the inferior aspect of the medial epicondyle through the center of the lateral
epicondyle, which is in the center of the lateral projected curvature of the trochlea and capitellum. (From Morrey B.F.
and Chao E.Y.S. 1976. J. Bone Joint Surg. 58A: 501. With permission.)

10°; at full flexion there is a varus angulation of 8° [Morrey and Chao, 1976]. More recently, the three-
dimensional kinematics of the ulno—humeral joint under simulated active elbow joint flexion—extension
was obtained by using an electromagnetic tracking device [Tanaka et al., 1998]. The optimal axis to best
represent flexion—extension motion was found to be close to the line joining the centers of the capitellum
and the trochlear groove. Furthermore, the joint laxity under valgus—varus stress was also examined. With
the weight of the forearm as the stress, a maximum of 7.6° valgus—varus and 5.3° of axial rotation laxity
were observed.

3.6 Wrist

The wrist functions by allowing changes of orientation of the hand relative to the forearm. The wrist joint
complex consists of multiple articulations of eight carpal bones with the distal radius, the structures of the
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FIGURE 3.26 During elbow flexion and extension, a linear change in the carrying angle is demonstrated, typically
going from valgus in extension to varus in flexion. (From Morrey B.F. and Chao E.Y.S. 1976. J. Bone Joint Surg. 58A:
501. With permission.)

ulnocarpal space, the metacarpals, and each other. This collection of bones and soft tissues is capable of a
substantial arc of motion that augments hand and finger function.

3.6.1 Geometry of the Articulating Surfaces

The global geometry of the carpal bones has been quantified for grasp and active isometric contraction of
the elbow flexors [Schuind et al., 1992]. During grasping there is a significant proximal migration of the
radius of 0.9 mm, apparent shortening of the capitate, a decrease in the carpal height ratio, and an increase
in the lunate uncovering index (Table 3.16). There is also a trend toward increase of the distal radioulnar

TABLE 3.16 Changes of Wrist Geometry with Grasp

Analysis of
Resting Grasp Variance (p = Level)
Distal radioulnar joint space (mm) 1.6 +0.3 1.8+ 0.6 0.06
Ulnar variance (mm) —0.2+1.6 0.7+ 1.8 0.003
Lunate, uncovered length (mm) 6.0+1.9 7.6+2.6 0.0008
Capitate length (mm) 215422 20.8+2.3 0.0002
Carpal height (mm) 33.4+34 31.7+3.4 0.0001
Carpal ulnar distance (mm) 15.8 £4.0 15.8 £3.0 NS
Carpal radial distance (mm) 19.4+1.8 19.7+1.8 NS
Third metacarpal length (mm) 63.8+5.8 62.6 £5.5 NS
Carpal height ratio 52.4+33 50.6 + 4.1 0.02
Carpal ulnar ratio 249459 254453 NS
Lunate uncovering index 36.7 £ 12.1 453+ 14.2 0.002
Carpal radial ratio 30.6 +2.4 31.6 +2.3 NS
Radius — third metacarpal angle (deg) —0.3+9.2 —3.1+£12.8 NS
Radius — capitate angle (deg) 0.4+154 —3.8+22.2 NS

Note: 15 normal subjects with forearm in neutral position and elbow at 90° flexion.
Source: Schuind FA., Linscheid R.L., An K.N., and Chao E.Y.S. 1992. J. Hand Surg. 17A: 698.
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joint with grasping. The addition of elbow flexion with concomitant grasping did not significantly change
the global geometry, except for a significant decrease in the forearm interosseous space [Schuind et al.,
1992].

3.6.2 Joint Contact

Studies of the normal biomechanics of the proximal wrist joint have determined that the scaphoid and
lunate bones have separate, distinct areas of contact on the distal radius/triangular fibrocartilage complex
surface [Viegas et al., 1987] so that the contact areas were localized and accounted for a relatively small frac-
tion of the joint surface, regardless of wrist position (average of 20.6%). The contact areas shift from a more
volar location to a more dorsal location as the wrist moves from flexion to extension. Overall, the scaphoid
contact area is 1.47 times greater than that of the lunate. The scapho-lunate contact area ratio generally
increases as the wrist position is changed from radial to ulnar deviation and/or from flexion to extension.
Palmer and Werner [1984] also studied pressures in the proximal wrist joint and found that there are three
distinct areas of contact: the ulno-lunate, radio-lunate, and radio-scaphoid. They determined that the peak
articular pressure in the ulno-lunate fossa is 1.4 N/mm?, in the radio-ulnate fossa is 3.0 N/mm?, and in the
radio-scaphoid fossa is 3.3 N/mm?. Viegas et al. [1989] found a nonlinear relationship between increasing
load and the joint contact area (Figure 3.27). In general, the distribution of load between the scaphoid and
lunate was consistent with all loads tested, with 60% of the total contact area involving the scaphoid and 40%
involving the lunate. Loads greater than 46 lbs were found to not significantly increase the overall contact
area. The overall contact area, even at the highest loads tested, was not more than 40% of the available joint
surface.

Horii et al. [1990] calculated the total amount of force born by each joint with the intact wrist in the
neutral position in the coronal plane and subjected to a total load of 143 N (Table 3.17). They found that
22% of the total force in the radio-ulno—carpal joint is dissipated through the ulna (14% through the ulno-
lunate joint, and 18% through the ulno—triquetral joint) and 78% through the radius (46% through the
scaphoid fossa and 32% through the lunate fossa). At the midcarpal joint, the scapho—trapezial joint
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FIGURE 3.27 The nonlinear relation between the contact area and the load at the proximal wrist joint. The contact
area was normalized as a percentage of the available joint surface. The load of 11, 23, 46, and 92 lbs was applied
at the position of neutral pronation/supination, neutral radioulnar deviation, and neutral flexion/extension. (From
ViegasS.E, Patterson R.M., Peterson P.D., Roefs ]., Tencer A., and Choi S. 1989. J. Hand Surg. 14A: 458. With permission.)
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TABLE 3.17 Force Transmission at the Intercarpal Joints

Joint Force (N)
Radio-ulno-carpal
Ulno-triquetral 12+3
Ulno-lunate 23+£8
Radio-lunate 52+38
Radio-scaphoid 74+ 13
Midcarpal
Triquetral-hamate 366
Luno-capitate 51+6
Scapho-capitate 3244
Scapho-trapezial 51438

Note: A total of 143 N axial force applied across the wrist.
Source: Horii E., Garcia-Elias M., An K.N., Bishop A.T.,
Cooney W.P, Linscheid R.L., and Chao E.Y. 1990. J. Bone Joint
Surg. 15A: 393.

transmits 31% of the total applied force, the scapho—capitate joint transmits 19%, the luno-capitate joint
transmits 29%, and the triquetral-hamate joints transmits 21% of the load.

A limited amount of studies have been done to determine the contact areas in the midcarpal joint.
Viegas et al. [1990] have found four general areas of contact: the scapho-trapezial-trapezoid (STT), the
scapho-capitate (SC), the capito-lunate (CL), and the triquetral-hamate (TH). The high pressure contact
area accounted for only 8% of the available joint surface with a load of 32 Ibs and increased to a maximum
of only 15% with a load of 118 Ibs. The total contact area, expressed as a percentage of the total available
joint area for each fossa was: STT = 1.3%, SC = 1.8%, CL = 3.1%, and TH = 1.8%.

The correlation between the pressure loading in the wrist and the progress of degenerative osteoarthri-
tis associated with pathological conditions of the forearm was studied in a cadaveric model [Sato, 1995].
Malunion after distal radius fracture, tear of triangular fibrocartilage, and scapholunate dissociation were
all responsible for the alteration of the articulating pressure across the wrist joint. Residual articular incon-
gruity of the distal radius following intra-articular fracture has been correlated with early osteoarthritis.
In an in vitro model, step-offs of the distal radius articular incongruity were created. Mean contact stress
was significantly greater than the anatomically reduced case at only 3 mm of step-off [Anderson et al.,
1996].

3.6.3 Axes of Rotation

The complexity of joint motion at the wrist makes it difficult to calculate the instant center of motion.
However, the trajectories of the hand during radioulnar deviation and flexion/extension, when they occur
in a fixed plane, are circular, and the rotation in each plane takes place about a fixed axis. These axes are
located within the head of the capitate and are not altered by the position of the hand in the plane of
rotation [Youm et al., 1978]. During radioulnar deviation, the instant center of rotation lies at a point
in the capitate situated distal to the proximal end of this bone by a distance equivalent to approximately
one-quarter of its total length (Figure 3.28). During flexion/extension, the instant center is close to the
proximal cortex of the capitate, which is somewhat more proximal than the location for the instant center
of radioulnar deviation.

Normal carpal kinematics were studied in 22 cadaver specimens using a biplanar radiography method.
The kinematics of the trapezium, capitate, hamate, scaphoid, lunate, and triquetrum were determined
during wrist rotation in the sagittal and coronal plane [Kobagashi et al., 1997]. The results were expressed
using the concept of the screw displacement axis and covered to describe the magnitude of rotation about
and translation along three orthogonal axes. The orientation of these axes is expressed relative to the radius
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FIGURE 3.28 The location of the center of rotation during ulnar deviation (left) and extension (right), determined
graphically using two metal markers embedded in the capitate. Note that during radial-ulnar deviation the center lies
at a point in the capitate situated distal to the proximal end of this bone by a distance equivalent to approximately
one-quarter of its total longitudinal length. During flexion—extension, the center of rotation is close to the proximal
cortex of the capitate. (From Youm Y., McMurty R.Y., Flatt A.E., and Gillespie T.E. 1978. J. Bone Joint Surg. 60A: 423.
With permission.)

during sagittal plane motion of the wrist (Table 3.18). The scaphoid exhibited the greatest magnitude of
rotation and the lunate displayed the least rotation. The proximal carpal bones exhibited some ulnar
deviation in 60° of wrist flexion. During coronal plane motion (Table 3.19), the magnitude of radial-ulnar
deviation of the distal carpal bones was mutually similar and generally of a greater magnitude than that of
the proximal carpal bones. The proximal carpal bones experienced some flexion during radial deviation
of the wrist and extension during ulnar deviation of the wrist.

TABLE 3.18 Individual Carpal Rotation Relative to the Radius (Deg) (Sagittal Plane Motion of the Wrist)

Axis of Rotation
V4
X Y (4+) Ulnar Deviation;
(4) Pronation; (—) Supination (+) Flexion; (—) Extension (—) Radial Deviation
Wrist Motion?
Carpal Bone N-E60 N-E30 N-F30 N-F60 N-E60 N-E30 N-F60 N-E60 N-E60 N-E30 N-F30 N-F60
Trapezium (N = 13) —0.9 —1.3 0.9 —1.4 —594 —29.3 28.7 54.2 1.2 0.3 —0.4 2.5
SD 2.8 22 26 2.7 2.3 1 1.8 3 4 2.7 1.3 2.8
Capitate (N = 22) 09 -1 1.3 —1.6 60.3 —-30.2 21,5 635 O 0 0.6 3.2
SD 2.7 1.8 2.5 3.5 2.5 1.1 1.2 28 2 1.4 1.6 3.6
Hamate (N = 9) 04 -1 1.3 —0.3 —59.5 —-29 288 626 2.1 0.7 0.1 1.8
SD 34 1.7 2.5 2.4 1.4 0.8 10.2 3.6 4.4 1.8 1.2 4.1
Scaphoid (N = 22) —2.5 —0.7 1.6 2 —52.3 —26 20,6 39.7 4.5 0.8 2.1 7.8
SD 3.4 26 22 3.1 3 3.2 2.8 43 3.7 2.1 2.2 4.5
Lunate (N = 22) 1.2 0.5 0.3 —2.2 —29.7 —154 11.5 23 4.3 0.9 3.3 11.1
SD 2.8 1.8 1.7 2.8 6.6 3.9 3.9 5.9 2.6 1.5 1.9 3.4
Triquetrum (N = 22) —-3.5 —2.5 25 —0.7 —39.3 —20.1 155 306 O —0.3 2.4 9.8
SD 3.5 2 2.2 3.7 4.8 2.7 3.8 5.1 2.8 1.4 2.6 4.3

2 N-E60: neutral to 60° of extension; N-E30: neutral to 30° of extension; N-F30: neutral to 30° of flexion; N-F60: neutral to
60° of flexion.

SD = standard deviation.

Source: Kobayashi M., Berger R.A., Nagy L. et al. 1997. J. Biomech. 30: 8, 787.
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TABLE 3.19  Individual Carpal Rotation to the Radius (Deg) (Coronal Plane Motion of the Wrist)
Axis of Rotation

V4
X Y (+) Ulnar Deviation;

(+) Pronation; (—) Supination (+) Flexion; (—) Extension (—) Radial Deviation
Wrist Motion?
Carpal Bone N-RD15 N-UDI5 N-UD30 N-RDI5 N-UDI15 N-UD30 N-RDI5 N-UDI5N-UD30
Trapezium (N = 13) —4.8 9.1 16.3 0 4.9 9.9 —14.3 16.4 32.5
SD 2.4 3.6 3.6 1.5 1.3 2.1 2.3 2.8 2.6
Capitate (N = 22) -3.9 6.8 11.8 1.3 2.7 6.5 —14.6 15.9 30.7
SD 2.6 2.6 2.5 1.5 1.1 1.7 2.1 1.4 1.7
Hamate (N = 9) —4.8 6.3 10.6 1.1 3.5 6.6 —15.5 154 30.2
SD 1.8 2.4 3.1 3 32 4.1 2.4 2.6 3.6
Scaphoid (N = 22) 0.8 2.2 6.6 8.5 —12.5 —-17.1 —4.2 43 13.6
SD 1.8 2.4 3.1 3 3.2 4.1 2.4 2.6 3.6
Lunate (N = 22) —1.2 1.4 3.9 7 —13.9 —22.5 —1.7 5.7 15
SD 1.6 0 33 3.1 43 6.9 1.7 2.8 4.3
Triquetrum (N = 22) —1.1 —1 0.8 4.1 —10.5 —17.3 —5.1 7.7 18.4
SD 14 2.6 4 3 3.8 6 2.4 2.2 4

2 N-RD15: neutral to 15° of radial deviation; N-UD30: neutral to 30° of ulnar deviation; N-UD15: neutral to 15° of ulnar
deviation.

SD = standard deviation.

Source: Kobayashi M., Berger R.A., Nagy L. et al. 1997. J. Biomech. 30: 8, 787.

3.7 Hand

The hand is an extremely mobile organ that is capable of conforming to a large variety of object shapes
and coordinating an infinite variety of movements in relation to each of its components. The mobility
of this structure is possible through the unique arrangement of the bones in relation to one another, the
articular contours, and the actions of an intricate system of muscles. Theoretical and empirical evidence
suggest that limb joint surface morphology is mechanically related to joint mobility, stability, and strength
[Hamrick, 1996].

3.7.1 Geometry of the Articulating Surfaces

Three-dimensional geometric models of the articular surfaces of the hand have been constructed. The
sagittal contours of the metacarpal head and proximal phalanx grossly resemble the arc of a circle
[Tamai et al., 1988]. The radius of curvature of a circle fitted to the entire proximal phalanx surface
ranges from 11 to 13 mm, almost twice as much as that of the metacarpal head, which ranges from 6
to 7 mm (Table 3.20). The local centers of curvature along the sagittal contour of the metacarpal
heads are not fixed. The locus of the center of curvature for the subchondral bony contour approx-
imates the locus of the center for the acute curve of an ellipse (Figure 3.29). However, the locus of
center of curvature for the articular cartilage contour approximates the locus of the obtuse curve of an
ellipse.

The surface geometry of the thumb carpometacarpal (CMC) joint has also been quantified [Athesian
etal., 1992]. The surface area of the CMCjoint is significantly greater for males than for females (Table 3.21).
The minimum, maximum, and mean square curvature of these joints is reported in Table 3.21. The
curvature of the surface is denoted by « and the radius of curvature is p = 1/k. The curvature is negative
when the surface is concave and positive when the surface is convex.
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TABLE 3.20 Radius of Curvature of the
Middle Sections of the Metacarpal Head and
Proximal Phalanx Base

Radius (mm)

Bony Contour Cartilage Contour

MCH index 6.42+1.23 6.91+1.03
Long 6.44 £1.08 6.66 £1.18
PPB index 13.01 £ 4.09 12.07 £3.29
Long 11.46 £ 2.30 11.02 £ 2.48

Source: Tamai K., Ryu J., An K.N,, Linscheid R.L,,
Cooney W.P., and Chao E.Y.S. 1988. J. Hand Surg.
13A: 521.

Metacarpal head

| Local center of bony contour |

Local center of cartilage contour |

FIGURE 3.29 The loci of the local centers of curvature for subchondral bony contour of the metacarpal head
approximates the loci of the center for the acute curve of an ellipse. The loci of the local center of curvature for articular
cartilage contour of the metacarpal head approximates the loci of the bony center of the obtuse curve of an ellipse.
(From Tamai K., Ryu J., An K.N., Linscheid R.L., Cooney W.P,, and Chao E.Y.S. 1988. J. Hand Surg. 13A: 521. Reprinted
with permission of Churchill Livingstone.)

TABLE 3.21 Curvature of Carpometacarpal Joint Articular Surfaces

Area Kmin Kmax Krms
n (cm?) (m™) (m™) (m™)
Trapezium
Female 8 1.05+0.21 —61+£22 190+ 36 165 + 32
Male 5 1.63+£0.18 —874+17 114+19 118+ 6
Total 13 1.274+0.35 —714+24 161 +48 147 + 34
Female vs. male p <0.01 p <0.05 p<0.01 p<0.01
Metacarpal
Female 8 1.224+0.36 —494+10 175+25 154 + 20
Male 5 1.74 £ 0.21 —37+11 131 +17 116 £8
Total 13 1.424+0.40 —444+12 158+ 31 140 + 25
Female vs. male p <0.01 p <0.05 p<0.01 p<0.01

Note: Radius of curvature: p = 1/k.
Source: Athesian J.A., Rosenwasser M.P., and Mow V.C. 1992. J. Biomech. 25: 591.
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3.7.2 Joint Contact

Biomechanics

The size and location of joint contact areas of the metacarpophalangeal (MCP) joint changes as a function
of the joint flexion angle (Figure 3.30). The radioulnar width of the contact area becomes narrow in the
neutral position and expands in both the hyperextended and fully flexed positions [An and Cooney, 1991].

(a) MCH
Passive ext Active ext

PPB
Passive ext

Contact area

(mm?)
30° ext 34.5
Neutral 40.2

45° flexion 33.0
90° flexion 32.8

90° flexion

Radial
side

Passive /

hyperext

\

Active
extension

Neutral

45° Flexion

FIGURE 3.30 (a) Contact area of the MCP joint in five joint positions. (b) End on view of the contact area on each
of the proximal phalanx bases. The radioulnar width of the contact area becomes narrow in the neutral position and
expands in both the hyperextended and fully flexed positions. (From An K.N. and Cooney W.P. 1991. In B.E.
Morrey (Ed.), Joint Replacement Arthroplasty, pp. 137-146, New York, Churchill Livingstone. By permission of Mayo

Foundation.)
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Dorsal
Dorsal

Radial

Left trapezium Left metacarpal

FIGURE 3.31 Summary of the contact areas for all specimens, in lateral pinch with a 25 N load. All results from
the right hand are transposed onto the schema of a carpometacarpal joint from the left thumb. (From Ateshian G.A.,
Ark J.W., Rosenwasser M.P,, et al. 1995. J. Orthop. Res. 13: 450.)

In the neutral position, the contact area occurs in the center of the phalangeal base, this area being slightly
larger on the ulnar than on the radial side.

The contact areas of the thumb carpometacarpal joint under the functional position of lateral key
pinch and in the extremes of range of motion were studied using a stereophotogrammetric technique
[Ateshian et al., 1995]. The lateral pinch position produced contact predominately on the central, volar,
and volar—ulnar regions of the trapezium and the metacarpals (Figure 3.31). Pelligrini et al. [1993] noted
that the palmar compartment of the trapeziometacarpal joint was the primary contact area during flexion
adduction of the thumb in lateral pinch. Detachment of the palmar beak ligament resulted in dorsal
translation of the contact area producing a pattern similar to that of cartilage degeneration seen in the
osteoarthritic joint.

3.7.3 Axes of Rotation

Rolling and sliding actions of articulating surfaces exist during finger joint motion. The geometric shapes
of the articular surfaces of the metacarpal head and proximal phalanx, as well as the insertion location
of the collateral ligaments, significantly govern the articulating kinematics, and the center of rotation
is not fixed but rather moves as a function of the angle of flexion [Pagowski and Piekarski, 1977]. The
instant centers of rotation are within 3 mm of the center of the metacarpal head [Walker and Erhman,
1975]. Recently the axis of rotation of the MCP joint has been evaluated in vivo by Fioretti [1994]. The
instantaneous helical axis of the MCP joint tends to be more palmar and tends to be displaced distally as
flexion increases (Figure 3.32).

The axes of rotation of the CMC joint have been described as being fixed [Hollister et al., 1992],
but others believe that a polycentric center of rotation exists [Imaeda et al.,, 1994]. Hollister et al.
[1992] found that axes of the CMC joint are fixed and are not perpendicular to each other, or to the
bones, and do not intersect. The flexion/extension axis is located in the trapezium, and the abduc-
tion/adduction axis is on the first metacarpal. In contrast, Imaeda et al. [1994] found that there was
no single center of rotation, but rather the instantaneous motion occurred reciprocally between centers
of rotations within the trapezium and the metacarpal base of the normal thumb. In flexion/extension,
the axis of rotation was located within the trapezium, but for abduction/adduction the center of
rotation was located distally to the trapezium and within the base of the first metacarpal. The average
instantaneous center of circumduction was at approximately the center of the trapezial joint surface
(Table 3.22).
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FIGURE 3.32

Yp (mm)
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Biomechanics

Intersections of the instantaneous helical angles with the metacarpal sagittal plane. They are rel-

ative to one subject tested twice in different days. The origin of the graph is coincident with the calibrated cen-
ter of the metacarpal head. The arrow indicates the direction of flexion. (From Fioretti S. 1994. In E Schuind
et al. (Eds.). Advances in the Biomechanics of the Hand and Wrist, pp. 363-375, New York, Plenum Press. With

permission.)

TABLE 3.22 Location of Center of Rotation of
Trapeziometacarpal Joint

Mean + SD (mm)

Circumduction
X 0.1£1.3
Y —0.6+1.3
Z —0.5+1.4
Flexion/extension (in x—y plane)
X
Centroid —4.24+1.0
Radius 2.0+ 0.5
Y
Centroid —0.4+0.9
Radius 1.6 £0.5
Abduction/adduction (in x—z plane)
X
Centroid 6.7+1.7
Radius 4.6 £3.1
Z
Centroid —0.2+0.7
Radius 1.7£0.5

Note: The coordinate system is defined with the x-axis cor-
responding to internal/external rotation, the y-axis cor-
responding to abduction/adduction, and the z-axis corre-
sponding to flexion/extension. The x-axis is positive in the
distal direction, the y-axis is positive in the dorsal direction
for the left hand and in the palmar direction for the right
hand, and the z-axis is positive in the radial direction. The
origin of the coordinate system was at the intersection of a
line connecting the radial and ulnar prominences and a line

connecting the volar and dorsal tubercles.

Source: Imaeda T., Niebur G., Cooney W.P, Linscheid R.L.,

and An K.N. 1994. J. Orthop. Res. 12: 197.
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TABLE 3.23 Measurement of Axis Location and Values for
Axis Position in the Bone®

Interphalangeal joint flexion-extension axis (Figure 3.33a)

t/T 44 +17%

I/L 90 & 5%

C) 54 2°

B 83 4 4°

Metacarpophalangeal joint flexion-extension axis (Figure 3.33b)
t/T 57+ 17%

I/L 87 & 5%

o 101 £ 6°

B 5420

Metacarpophalangeal joint abduction-adduction axis (Figure 3.33¢)
t/T 45 + 8%

/L 83 4+ 13%

o 80+ 9°

B 74 4 8°

M

? The angle of the abduction-adduction axis with respect to the
flexion-extension axis is 84.8 £ 12.2°. The location and angulation
of the K -wires of the axes with respect to the bones were measured
(®, a, B) directly with a goniometer. The positions of the pins in the
bones were measured (T, L) with a Vernier caliper.

Source: Hollister A., Giurintano D.J., Buford W.L. et al. 1995. Clin.
Orthop. Relat. Res. 320: 188.

The axes of rotation of the thumb interphalangeal and metacarpophalangeal joint were located using
a mechanical device [Hollister et al., 1995]. The physiologic motion of the thumb joints occur about
these axes (Figure 3.33 and Table 3.23). The interphalangeal joint axis is parallel to the flexion crease of
the joint and is not perpendicular to the phalanx. The metacarpophalangeal joint has two fixed axes: a
fixed flexion—extension axis just distal and volar to the epicondyles, and an abduction—adduction axis
related to the proximal phalanx passing between the sesamoids. Neither axis is perpendicular to the
phalanges.

3.8 Summary

It is important to understand the biomechanics of joint-articulating surface motion. The specific char-
acteristics of the joint will determine the musculoskeletal function of that joint. The unique geome-
try of the joint surfaces and the surrounding capsule ligamentous constraints will guide the unique
characteristics of the articulating surface motion. The range of joint motion, the stability of the joint,
and the ultimate functional strength of the joint will depend on these specific characteristics. A con-
gruent joint usually has a relatively limited range of motion but a high degree of stability, whereas
a less congruent joint will have a relatively larger range of motion but less degree of stability. The
characteristics of the joint-articulating surface will determine the pattern of joint contact and the axes
of rotation. These characteristics will regulate the stresses on the joint surface that will influence the
degree of degeneration of articular cartilage in an anatomic joint and the amount of wear of an artificial
joint.
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FIGURE 3.33 (a) The angles and length and breadth measurements defining the axis of rotation of the interphalangeal
joint of the right thumb. (t/T = ratio of anatomic plane diameter; //L = ratio of length). (b) The angles and
length and breadth measurements of the metacarpophalangeal flexion—extension axis’ position in the metacarpal.
(c) The angles and length and breadth measurements that locate the metacarpophalangeal abduction—adduction axis.
The measurements are made in the metacarpal when the metacapophalangeal joint is at neutral flexion extension. The
measurements are made relative to the metacarpal because the axis passes through this bone, not the proximal phalanx
with which it moves. This method of recording the abduction—adduction measurements allows the measurements of
the axes to each other at a neutral position to be made. The metacarpophalangeal abduction—adduction axis passes
through the volar plate of the proximal phalanx. (From Hollister A., Giurintano D.J., Buford W.L. et al. Clin. Orthop.
Relat. Res. 320: 188, 1995.)
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The Fabric of the Joints in the Human Body is a subject so much the more entertaining, as it
must strike every one that considers it attentively with an Idea of fine Mechanical Composition.
Wherever the Motion of one Bone upon another is requisite, there we find an excellent Apparatus
for rendering that Motion safe and free: We see, for Instance, the Extremity of one Bone molded
into an orbicular Cavity, to receive the Head of another, in order to afford it an extensive Play.
Both are covered with a smooth elastic Crust, to prevent mutual Abrasion; connected with strong
Ligaments, to prevent Dislocation; and inclosed in a Bag that contains a proper Fluid Deposited
there, for lubricating the Two contiguous Surfaces. So much in general.

The above is the opening paragraph of the classic paper by the surgeon, Sir William Hunter, “Of the
Structure and Diseases of Articulating Cartilages,” which he read to a meeting of the Royal Society, June 2,
1743 [1]. Since then, a great deal of research has been carried out on the subject of synovial joint lubrication.
However, the mechanisms involved are still unknown.
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4.1 Introduction

The purpose of this article is twofold: (1) to introduce the reader to the subject of tribology — the study
of friction, wear, and lubrication; and (2) to extend this to the topic of biotribology, which includes the
lubrication of natural synovial joints. It is not meant to be an exhaustive review of joint lubrication theories;
space does not permit this. Instead, major concepts or principles will be discussed not only in the light of
what is known about synovial joint lubrication but perhaps more importantly what is not known. Several
references are given for those who wish to learn more about the topic. It is clear that synovial joints are by
far the most complex and sophisticated tribological systems that exist. We shall see that although numerous
theories have been put forth to attempt to explain joint lubrication, the mechanisms involved are still far
from being understood. And when one begins to examine possible connections between tribology and
degenerative joint disease or osteoarthritis, the picture is even more complex and controversial. Finally,
this article does not treat the (1) tribological behavior of artificial joints or partial joint replacements,
(2) the possible use of elastic or poroplastic materials as artificial cartilage, and (3) new developments in
cartilage repair using transplanted chondrocytes. These are separate topics, which would require detailed
discussion and additional space.

4.2 Tribology

The word tribology, derived from the Greek “to rub,” covers all frictional processes between solid bodies
moving relative to one another that are in contact [2]. Thus tribology may be defined as the study of
friction, wear, and lubrication.

Tribological processes are involved whenever one solid slides or rolls against another, as in bearings,
cams, gears, piston rings and cylinders, machining and metalworking, grinding, rock drilling, sliding
electrical contacts, frictional welding, brakes, the striking of a match, music from a cello, articulation of
human synovial joints (e.g., hip joints), machinery, and in numerous less obvious processes (e.g., walking,
holding, stopping, writing, and the use of fasteners such as nails, screws, and bolts).

Tribology is a multidisciplinary subject involving at least the areas of materials science, solid and surface
mechanics, surface science and chemistry, rheology, engineering, mathematics, and even biology and
biochemistry. Although tribology is still an emerging science, interest in the phenomena of friction, wear,
and lubrication is an ancient one. Unlike thermodynamics, there are no generally accepted laws in tribology.
But there are some important basic principles needed to understand any study of lubrication and wear
and even more so in a study of biotribology or biological lubrication phenomena. These basic principles
follow.

4.2.1 Friction

Much of the early work in tribology was in the area of friction — possibly because frictional effects are more
readily demonstrated and measured. Generally, early theories of friction dealt with dry or unlubricated
systems. The problem was often treated strictly from a mechanical viewpoint, with little or no regard for
the environment, surface films, or chemistry.

In the first place, friction may be defined as the tangential resistance that is offered to the sliding of
one solid body over another. Friction is the result of many factors and cannot be treated as something
as singular as density or even viscosity. Postulated sources of friction have included (1) the lifting of
one asperity over another (increase in potential energy), (2) the interlocking of asperities followed by
shear, (3) interlocking followed by plastic deformation or plowing, (4) adhesion followed by shear,
(5) elastic hysteresis and waves of deformation, (6) adhesion or interlocking followed by tensile fail-
ure, (7) intermolecular attraction, (8) electrostatic effects, and (9) viscous drag. The coefficient of fric-
tion, indicated in the literature by p or f, is defined as the ratio F/ W where F = friction force and
W = the normal load. It is emphasized that friction is a force and not a property of a solid material or
lubricant.
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4.2.2 Wear and Surface Damage

One definition of wear in a tribological sense is that it is the progressive loss of substance from the operating
surface of a body as a result of relative motion at the surface. In comparison with friction, very little theoretical
work has been done on the extremely important area of wear and surface damage. This is not too surpris-
ing in view of the complexity of wear and how little is known of the mechanisms by which it can occur.
Variations in wear can be, and often are, enormous compared with variations in friction. For example,
practically all the coefficients of sliding friction for diverse dry or lubricated systems fall within a relatively
narrow range of 0.1 to 1. In some cases (e.g., certain regimes of hydrodynamic or “boundary” lubrication),
the coefficient of friction may be <0.1 and as low as 0.001. In other cases (e.g., very clean unlubricated
metals in vacuum), friction coefficients may exceed one. Reduction of friction by a factor of two through
changes in design, materials, or lubricant would be a reasonable, although not always attainable, goal. On
the other hand, it is not uncommon for wear rates to vary by a factor of 100, 1000, or even more.

For systems consisting of common materials (e.g., metals, polymers, ceramics), there are at least four
main mechanisms by which wear and surface damage can occur between solids in relative motion: (1)
abrasive wear, (2) adhesive wear, (3) fatigue wear, and (4) chemical or corrosive wear. A fifth, fretting wear
and fretting corrosion, combines elements of more than one mechanism. For complex biological materials
such as articular cartilage, most likely other mechanisms are involved.

Again, wear is the removal of material. The idea that friction causes wear and therefore, low friction
means low wear, is a common mistake. Brief descriptions of five types of wear; abrasive, adhesive, fatigue,
chemical or corrosive, and fretting — may be found in Reference 2 as well as in other references in this
article. Next, it may be useful to consider some of the major concepts of lubrication.

4.3 Lubrication

Lubrication is a process of reducing friction and/or wear (or other forms of surface damage) between
relatively moving surfaces by the application of a solid, liquid, or gaseous substance (i.e., a lubricant).
Since friction and wear do not necessarily correlate with each other, the use of the word and in place of
and/or in the above definition is a common mistake to be avoided. The primary function of a lubricant is
to reduce friction or wear or both between moving surfaces in contact with each other.

Examples of lubricants are wide and varied. They include automotive engine oils, wheel bearing greases,
transmission fluids, electrical contact lubricants, rolling oils, cutting fluids, preservative oils, gear oils, jet
fuels, instrument oils, turbine oils, textile lubricants, machine oils, jet engine lubricants, air, water, molten
glass, liquid metals, oxide films, talcum powder, graphite, molybdenum disulfide, waxes, soaps, polymers,
and the synovial fluid in human joints.

A few general principles of lubrication may be mentioned here:

1. The lubricant must be present at the place where it can function.

2. Almost any substance under carefully selected or special conditions can be shown to reduce friction
or wear in a particular test, but that does not mean these substances are lubricants.

3. Friction and wear do not necessarily go together. This is an extremely important principle that
applies to nonlubricated (dry) as well as lubricated systems. It is particularly true under conditions
of “boundary lubrication,” to be discussed later. An additive may reduce friction and increase wear,
reduce wear and increase friction, reduce both or increase both. Although the reasons are not fully
understood, this is an experimental observation. Thus, friction and wear should be thought of as
separate phenomena — an important point when we discuss theories of synovial joint lubrication.

4. The effective or active lubricating film in a particular system may or may not consist of the original
or bulk lubricant phase.

In a broad sense, it may be considered that the main function of a lubricant is to keep the surfaces apart
so that interaction (e.g., adhesion, plowing, and shear) between the solids cannot occur; thus friction and
wear can be reduced or controlled.
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The following regimes or types of lubrication may be considered in the order of increasing severity or
decreasing lubricant film thickness (Figure 4.1):

Hydrodynamic lubrication

Elastohydrodynamic lubrication

Transition from hydrodynamic and elastohydrodynamic lubrication to boundary lubrication
Boundary lubrication

L e

A fifth regime, sometimes referred to as dry or unlubricated, may also be considered as an extreme or
limit. In addition, there is another form of lubrication that does not require relative movement of the
bodies either parallel or perpendicular to the surface, that is, as in externally pressurized hydrostatic or
aerostatic bearings.

4.3.1 Hydrodynamic Lubrication Theories

In hydrodynamic lubrication, the load is supported by the pressure developed due to relative motion and
the geometry of the system. In the regime of hydrodynamic or fluid film lubrication, there is no contact
between the solids. The film thickness is governed by the bulk physical properties of the lubricants, the
most important being viscosity; friction arises purely from shearing of viscous lubricant.

Contributions to our knowledge of hydrodynamic lubrication, with special focus on journal bearings,
have been made by numerous investigators including Reynolds. The classic Reynolds treatment considered
the equilibrium of a fluid element and the pressure and shear forces on this element. In this treatment,
eight assumptions were made (e.g., surface curvature is large compared to lubricant film thickness, fluid
is Newtonian, flow is laminar, viscosity is constant through film thickness). Velocity distributions due
to relative motion and pressure buildup were developed and added together. The solution of the basic
Reynolds equation for a particular bearing configuration results in a pressure distribution throughout the
film as a function of viscosity, film shape, and velocity.

The total load W and frictional (viscous) drag F can be calculated from this information. For rotating
disks with parallel axes, the “simple” Reynolds equation yields:

hy nU
- 4.9 <W) (4.1)
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where h, is the minimum lubricant film thickness, 1 is the absolute viscosity, U is the average velocity
(U1 + U,)/2, W is the applied normal load per unit width of disk, and R is the reduced radius of curvature
(I/R=1/R + 1/Ry).

The dimensionless term (nU/ W) is sometimes referred to as the hydrodynamic factor. It can be seen
that doubling either the viscosity or velocity doubles the film thickness, and that doubling the applied
load halves the film thickness. This regime of lubrication is sometimes referred to as the rigid isoviscous or
classical Martin condition, since the solid bodies are assumed to be perfectly rigid (non-deformable), and
the fluid is assumed to have a constant viscosity.

At high loads with systems such as gears, ball bearings, and other high-contact-stress geometries,
two additional factors have been considered in further developments of the hydrodynamic theory of
lubrication. One of these is that the surfaces deform elastically; this leads to a localized change in geometry
more favorable to lubrication. The second is that the lubricant becomes more viscous under the high
pressure existing in the contact zone, according to relationships such as:

n/mo = exp a(p — p,) (4.2)

where 7 is the viscosity at pressure p, 1, is the viscosity at atmospheric pressure p,, and « is the pressure-
viscosity coefficient (e.g., in Pa~!). In this concept, the lubricant pressures existing in the contact zone
approximate those of dry contact Hertzian stress. This is the regime of elastohydrodynamic lubrication,
sometimes abbreviated as EHL or EHD. It may also be described as the elastic-viscous type or mode
of lubrication, since elastic deformation exists and the fluid viscosity is considerably greater due to the
pressure effect.

The comparable Dowson-Higginson expression for minimum film thickness between cylinders or disks
in contact with parallel axes is:

h U 0.7 O[W 0.54 W 0.03
To _ne (X i (4.3)
R W R RE'

The term E’ represents the reduced modulus of elasticity:

1 (1=1}) N (1—13) (4.4)

E'~ E, E,

where E is the modulus, v is Poisson’s ratio, and the subscripts 1 and 2 refer to the two solids in contact.
All the other terms are the same as previously stated. In addition to the hydrodynamic factor (nU/ W), a
pressure-viscosity factor (¢ W/R), and an elastic deformation factor (W/RE’) can be considered. Thus,
properties of both the lubricant and the solids as materials are included. In examining the elastohydrody-
namic film thickness equations, it can be seen that the velocity U is an important factor (h, oc U%”) but
the load W is rather unimportant (h, oc W=%13),

Experimental confirmation of the elastohydrodynamic lubrication theory has been obtained in certain
selected systems using electrical capacitance, x-ray transmission, and optical interference techniques to
determine film thickness and shape under dynamic conditions. Research is continuing in this area, includ-
ing studies on micro-EHL or asperity lubrication mechanisms, since surfaces are never perfectly smooth.
These studies may lead to a better understanding of not only lubricant film formation in high-contact-stress
systems but lubricant film failure as well.

Two other possible types of hydrodynamic lubrication, rigid-viscous and elastic-isoviscous, com-
plete the matrix of four, considering the two factors of elastic deformation and pressure-viscosity ef-
fects. In addition, squeeze film lubrication can occur when surfaces approach one another. For more
information on hydrodynamic and elastohydrodynamic lubrication, see Cameron [3] and Dowson and
Higginson [4].
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4.3.2 Transition from Hydrodynamic to Boundary Lubrication

Although prevention of contact is probably the most important function of a lubricant, there is still much
to be learned about the transition from hydrodynamic and elastohydrodynamic lubrication to boundary
lubrication. This is the region in which lubrication goes from the desirable hydrodynamic condition of
no contact to the less acceptable “boundary” condition, where increased contact usually leads to higher
friction and wear. This regime is sometimes referred to as a condition of mixed lubrication.

Several examples of experimental approaches to thin-film lubrication have been reported [3]. It is
important in examining these techniques to make the distinction between methods that are used to
determine lubricant film thickness under hydrodynamic or elastohydrodynamic conditions (e.g., optical
interference, electrical capacitance, or x-ray transmission), and methods that are used to determine the
occurrence or frequency of contact. As we will see later, most experimental studies of synovial joint
lubrication have focused on friction measurements, using the information to determine the lubrication
regime involved; this approach can be misleading.

4.3.2.1 Boundary Lubrication

Although there is no generally accepted definition of boundary lubrication, it is often described as a
condition of lubrication in which the friction and wear between two surfaces in relative motion are
determined by the surface properties of the solids and the chemical nature of the lubricant rather than
its viscosity. An example of the difficulty in defining boundary lubrication can be seen if the term bulk
viscosity is used in place of viscosity in the preceding sentence — another frequent form. This opens the
door to the inclusion of elastohydrodynamic effects that depend in part on the influence of pressure on
viscosity. Increased friction under these circumstances could be attributed to increased viscous drag rather
than solid-solid contact. According to another common definition, boundary lubrication occurs or exists
when the surfaces of the bearing solids are separated by films of molecular thickness. That may be true,
but it ignores the possibility that “boundary” layer surface films may indeed be very thick (i.e., 10, 20, or
100 molecular layers). The difficulty is that boundary lubrication is complex.

Although a considerable amount of research has been done on this topic, an understanding of the
basic mechanisms and processes involved is by no means complete. Therefore, definitions of boundary
lubrication tend to be nonoperational. This is an extremely important regime of lubrication because
it involves more extensive solid-solid contact and interaction as well as generally greater friction, wear,
and surface damage. In many practical systems, the occurrence of the boundary lubrication regime is
unavoidable or atleast quite common. The condition can be brought about by high loads, low relative sliding
speeds (including zero for stop-and-go, motion reversal, or reciprocating elements) and low lubricant
viscosity — factors that are important in the transition from hydrodynamic to boundary lubrication.

The most important factor in boundary lubrication is the chemistry of the tribological system — the
contacting solids and total environment including lubricants. More particularly, the surface chemistry
and interactions occurring with and on the solid surfaces are important. This includes factors such as
physisorption, chemisorption, intermolecular forces, surface chemical reactions, and the nature, structure,
and properties of thin films on solid surfaces. It also includes many other effects brought on by the process
of moving one solid over another, such as (1) changes in topography and the area of contact, (2) high surface
temperatures, (3) the generation of fresh reactive metal surfaces by the removal of oxide and other layers, (4)
catalysis, (5) the generation of electrical charges, and (6) the emission of charged particles such as electrons.

In examining the action of boundary lubricant compounds in reducing friction or wear or both between
solids in sliding contact, it may be helpful to consider at least the following five modes of film formation
on or protection of surfaces: (1) physisorption, (2) chemisorption, (3) chemical reactions with the solid
surface, (4) chemical reactions on the solid surface, and (5) mere interposition of a solid or other material.
These modes of surface protection are discussed in more detail in Reference 2.

The beneficial and harmful effects of minor changes in chemistry of the environment (e.g., the lubri-
cant) are often enormous in comparison with hydrodynamic and elastohydrodynamic effects. Thus, the
surface and chemical properties of the solid materials used in tribological applications become especially
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FIGURE 4.2 In any tribological system, friction, wear, and surface damage depend on four interrelated factors.

important. One might expect that this would also be the case in biological (e.g., human joint) lubrication
where biochemistry is very likely an important factor.

4.3.2.2 General Comments on Tribological Processes

It is important to recognize that friction and wear depend upon four major factors, that is, materials,
design, operating conditions, and total environment (Figure 4.2). This four-block figure may be useful as
a guide in thinking about synovial joint lubrication either from a theoretical or experimental viewpoint —
the topic discussed in the next section.

Readers are cautioned against the use of various terms in tribology that are either vaguely defined or
not defined at all. These would include such terms as “lubricating ability,” “lubricity,” and even “boundary
lubrication.” For example, do “boundary lubricating properties” refer to effects on friction or effects on
wear and damage? It makes a difference. It is emphasized once again that friction and wear are different
phenomena. Low friction does not necessarily mean low wear. We will see several examples of this common
error in the discussion of joint lubrication research.

4.4 Synovial Joints

Examples of natural synovial or movable joints include the human hip, knee, elbow, ankle, finger, and
shoulder. A simplified representation of a synovial joint is shown in Figure 4.3. The bones are covered
by a thin layer of articular cartilage bathed in synovial fluid confined by synovial membrane. Synovial
joints are truly remarkable systems — providing the basis of movement by allowing bones to articulate on
one another with minimal friction and wear. Unfortunately, various joint diseases occur even among the
young — causing pain, loss of freedom of movement, or instability.

Synovial joints are complex, sophisticated systems not yet fully understood. The loads are surprisingly
high and the relative motion is complex. Articular cartilage has the deceptive appearance of simplicity and
uniformity. But it is an extremely complex material with unusual properties. Basically, it consists of water
(approximately 75%) enmeshed in a network of collagen fibers and proteoglycans with high molecular
weight. In a way, cartilage could be considered as one of Nature’s composite materials. Articular cartilage
also has no blood supply, no nerves, and very few cells (chondrocytes).

The other major component of an articular joint is synovial fluid, named by Paracelsus after “synovia”
(egg-white). It is essentially a dialysate of blood plasma with added hyaluronic acid. Synovial fluid contains
complex proteins, polysaccharides, and other compounds. Its chief constituent is water (approximately
85%). Synovial fluid functions as a joint lubricant, nutrient for cartilage, and carrier for waste products.
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For more information on the biochemistry, structure, and properties of articular cartilage, Freeman
[5], Sokoloff [6], Stockwell [7], and articles referenced in these works are suggested.

4.5 Theories on the Lubrication of Natural
and Normal Synovial Joints

As stated, the word fribology means the study of friction, wear, and lubrication. Therefore, biotribology
may be thought of as the study of biological lubrication processes, for example, as in synovial joints. A
surprisingly large number of concepts and theories of synovial joint lubrication have been proposed [8—10]
(as shown in Table 4.1). And even if similar ideas are grouped together, there are still well over a dozen
fundamentally different theories. These have included a wide range of lubrication concepts, for example,
hydrodynamic, hydrostatic, elasto-hydrodynamic, squeeze-film, “boundary,” mixed-regime, “weeping,”
osmotic, synovial mucin gel, “boosted,” lipid, electrostatic, porous layers, and special forms of boundary
lubrication (e.g., “lubricating glycoproteins,” structuring of boundary water “surface-active” phospho-
lipids). This chapter will not review these numerous theories, but excellent reviews on the lubrication of
synovial joints have been written by McCutchen [11], Swanson [12], and Higginsworth and Unsworth [13].
The book edited by Dumbleton is also recommended [14]. In addition, theses by Droogendijk [15] and
Burkhardt [16] contain extensive and detailed reviews of theories of joint lubrication.

McCutchen was the first to propose an entirely new concept of lubrication, “weeping lubrication,” ap-
plied to synovial joint action [17,18]. He considered unique and special properties of cartilage and how
this could affect flow and lubrication. The work of Mow et al. continued along a more complex and so-
phisticated approach in which a biomechanical model is proposed for the study of the dynamic interaction
between synovial fluid and articular cartilage [19,20]. These ideas are combined in the more recent work
of Ateshian [21] that uses a framework of the biphasic theory of articular cartilage to model interstitial
fluid pressurization. Several additional studies have also been made of effects of porosity and compliance,
including the behavior of elastic layers, in producing hydrodynamic and squeeze-film lubrication. A good
review in this area was given by Unsworth who discussed both human and artificial joints [22].



Joint Lubrication

TABLE4.1 Examples of Proposed Mechanisms and Studies of Synovial
Joint Lubrication
Mechanism Authors Date
1. Hydrodynamic MacConnail 1932
2. Boundary Jones 1934
3. Hydrodynamic Jones 1936
4. Boundary Charnley 1959
5. Weeping McCutchen 1959
6. Floating Barnett and Cobbold 1962
7. Elastohydrodynamic Tanner 1966
Dowson 1967
8. Thixotropic/elastic fluid Dintenfass 1963
9. Osmotic (boundary) McCutchen 1966
10. Squeeze-film Fein 1966
Higginson et al. 1974
11. Synovial gel Maroudas 1967
12. Thin-film Faber et al. 1967
13. Combinations of hydrostatic, Linn 1968
boundary, & EHL
14. Boosted Walker et al. 1968
15. Lipid Little et al. 1969
16. Weeping + boundary McCutchen and Wilkins 1969
McCutchen 1969
17. Boundary Caygill and West 1969
18. Fat (or mucin) Freeman et al. 1970
19. Electrostatic Roberts 1971
20. Boundary + fluid squeeze-film Radin and Paul 1972
21. Mixed Unsworth et al. 1974
22. Imbibe/exudate composite model Ling 1974
23. Complex biomechanical model Mow et al. 1974
Mansour and Mow 1977
24. Two porous layer model Dinnar 1974
25. Boundary Reimann et al. 1975
26. Squeeze-film + fluid film + boundary =~ Unsworth, Dowson etal. 1975
27. Compliant bearing model Rybicki 1977
28. Lubricating glycoproteins Swann et al. 1977
29. Structuring of boundary water Sokoloff et al. 1979
30. Surface flow Kenyon 1980
31. Lubricin Swann et al. 1985
32. Micro-EHL Dowson and Jin 1986
33. Lubricating factor Jay 1992
34. Lipidic component LaBerge et al. 1993
35. Constitutive modeling of cartilage Lai et al. 1993
36. Asperity model Yao et al. 1993
37. Bingham fluid Tandon et al. 1994
38. Filtration/gel/squeeze film Hlavacek et al. 1995
39. Surface-active phospholipid Schwarz and Hills 1998
40. Interstitial fluid pressurization Ateshian et al. 1998

4-9

The following general observations are offered on the theories of synovial joint lubrication that have

been proposed:

1. Most of the theories are strictly mechanical or rheological — involving such factors as deformation,
pressure, and fluid flow.
2. There is a preoccupation with friction, which of course is very low for articular cartilage systems.

et

None of the theories consider wear — which is neither the same as friction nor related to it.

4. The detailed structure, biochemistry, complexity, and living nature of the total articular cartilage-
synovial fluid system are generally ignored.
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These are only general impressions. And although mechanical/rheological concepts seem dominant
(with a focus on friction), wear and biochemistry are not completely ignored. For example, Simon [23]
abraded articular cartilage from human patellae and canine femoral heads with a stainless steel rotary file,
measuring the depth of penetration with time and the amount of wear debris generated. Cartilage wear was
also studied experimentally by Bloebaum and Wilson [24], Radin and Paul [25], and Lipshitz, Etheredge,
and Glimcher [26-28]. The latter researchers carried out several in vitro studies of wear of articular cartilage
using bovine cartilage plugs or specimens in sliding contact against stainless steel plates. They developed
a means of measuring cartilage wear by determining the hydroxyproline content of both the lubricant
and solid wear debris. Using this system and technique, effects of variables such as time, applied load,
and chemical modification of articular cartilage on wear and profile changes were determined. This work
is of particular importance in that they addressed the question of cartilage wear and damage rather than
friction, recognizing that wear and friction are different phenomena.

Special note is also made of two researchers, Swann and Sokoloff, who considered biochemistry as
an important factor in synovial joint lubrication. Swann et al. very carefully isolated fractions of bovine
synovial fluid using sequential sedimentation techniques and gel permeation chromatography. They found
a high molecular weight glycoprotein to be the major constituent in the articular lubrication fraction from
bovine synovial fluid and called this LGP-I (from lubricating glycoprotein). This was based on friction
measurements using cartilage in sliding contact against a glass disc. An excellent summary of this work
with additional references is presented in a chapter by Swann in The Joints and Synovial Fluid: I [6].

Sokoloff et al. [29] examined the “boundary lubricating ability” of several synovial fluids using a latex-
glass test system and cartilage specimens obtained at necropsy from knees. Measurements were made
of friction. The research was extended to other in vitro friction tests using cartilage obtained from the
nasal septum of cows and widely differing artificial surfaces [30]. As a result of this work, a new model of
boundary lubrication by synovial fluid was proposed — the structuring of boundary water. The postulate
involves adsorption of one part of a glycoprotein on a surface followed by the formation of hydration shells
around the polar portions of the adsorbed glycoprotein; the net result is a thin layer of viscous “structured”
water at the surface. This work is of particular interest in that it involves not only a specific and more
detailed mechanism of boundary lubrication in synovial joints but also takes into account the possible
importance of water in this system.

In more recent research by Jay, an interaction between hyaluronic acid and a “purified synovial lubri-
cating factor” (PSLF) was observed, suggesting a possible synergistic action in the boundary lubrication
of synovial joints [31]. The definition of “lubricating ability” was based on friction measurements made
with a latex-covered stainless steel stud in oscillating contact against polished glass.

The above summary of major synovial joint lubrication theories is taken from References 10 and 31 as
well as the thesis by Burkhardt [33].

Two more recent studies are of interest since cartilage wear was considered although not as a part of a
theory of joint lubrication. Stachowiak et al. [34] investigated the friction and wear characteristics of adult
rat femur cartilage against a stainless steel plate using an environmental scanning microscope (ESM) to
examine damaged cartilage. One finding was evidence of a load limit to lubrication of cartilage, beyond
which high friction and damage occurred. Another study, by Hayes et al. [35] on the influence of crystals
on cartilage wear, is particularly interesting not only in the findings reported (e.g., certain crystals can
increase cartilage wear), but also in the full description of the biochemical techniques used.

A special note should be made concerning the doctoral thesis by Lawrence Malcom in 1976 [36]. This
is an excellent study of cartilage friction and deformation, in which a device resembling a rotary plate
rheometer was used to investigate the effects of static and dynamic loading on the frictional behavior of
bovine cartilage. The contact geometry consisted of a circular cylindrical annulus in contact with a concave
hemispherical section. It was found that dynamically loaded specimens in bovine synovial fluid yielded the
more efficient lubrication based on friction measurements. The Malcom study is thorough and excellent
in its attention to detail (e.g., specimen preparation) in examining the influence of type of loading and
time effects on cartilage friction. It does not, however, consider cartilage wear and damage except in a very
preliminary way. And it does not consider the influence of fluid biochemistry on cartilage friction, wear,
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and damage. In short, the Malcom work represents a superb piece of systematic research along the lines
of mechanical, dynamic, rheological, and viscoelastic behavior — one important dimension of synovial
joint lubrication.

4.6 In Vitro Cartilage Wear Studies

Over the past fifteen years, studies aimed at exploring possible connections between tribology and mech-
anisms of synovial joint lubrication and degeneration (e.g., osteoarthritis) have been conducted by the
author and his graduate and undergraduate students in the Department of Mechanical Engineering at
Virginia Polytechnic Institute and State University. The basic approach used involved in vitro tribological
experiments using bovine articular cartilage, with an emphasis on the effects of fluid composition and
biochemistry on cartilage wear and damage. This research is an outgrowth of earlier work carried out
during a sabbatical study in the Laboratory for the Study of Skeletal Disorders, The Children’s Hospital
Medical Center, Harvard Medical School in Boston. In that study, bovine cartilage test specimens were
loaded against a polished steel plate and subjected to reciprocating sliding for several hours in the pres-
ence of a fluid (e.g., bovine synovial fluid or a buffered saline reference fluid containing biochemical
constituents kindly provided by Dr. David Swann). Cartilage wear was determined by sampling the test
fluid and determining the concentration of 4-hydroxyproline — a constituent of collagen. The results of
that earlier study have been reported and summarized elsewhere [37—40]. Figure 4.4 shows the average
hydroxyproline contents of wear debris obtained from these in vitro experiments. These numbers are
related to the cartilage wear that occurred. However, since the total quantities of collected fluids varied
somewhat, the values shown in the bar graph should not be taken as exact or precise measures of fluid
effects on cartilage wear.
The main conclusions of that study were as follows:

1. Normal bovine synovial fluid is very effective in reducing cartilage wear under these in vitro con-
ditions as compared to the buffered saline reference fluid.

2. There is no significant difference in wear between the saline reference and distilled water.

3. The addition of hyaluronic acid to the reference fluid significantly reduces wear; but its effect
depends on the source.

4. Under these tests conditions, Swann’s LGP-I (Lubricating Glycoprotein-I), known to be extremely
effective in reducing friction in cartilage-on-glass tests, does not reduce cartilage wear.

5. However, a protein complex isolated by Swann is extremely effective in reducing wear — producing
results similar to those obtained with synovial fluid. The detailed structure of this constituent is
complex and has not yet been fully determined.

6. Last, the lack of an added fluid in these experiments leads to extremely high wear and damage of
the articular cartilage.

Buffered saline reference fluid

Bovine synovial fluid
Distilled water
Reference+Hyaluronic acid
Reference+LGP-I

Reference+Protein complex

No fluid added
| | | | | | | J
0 50 100 150 200 250 300 350 400

FIGURE 4.4 Relative cartilage wear based on hydroxyproline content of debris (in vitro tests with cartilage on stainless
steel).
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FIGURE 4.5 Friction and wear are different phenomena.

In discussing the possible significance of these findings from a tribological point of view, it may be
helpful first of all to emphasize once again that friction and wear are different phenomena. Furthermore,
as suggested by Figure 4.5, certain constituents of synovial fluid (e.g., Swann’s Lubricating Glycoprotein)
may act to reduce friction in synovial joints while other constituents (e.g., Swann’s protein complex
or hyaluronic acid) may act to reduce cartilage wear. Therefore, it is necessary to distinguish between
biochemical anti-friction and anti-wear compounds present in synovial fluid.

In more recent years, this study has been greatly enhanced by the participation of interested faculty and
students from the Virginia-Maryland College of Veterinary Medicine and Department of Biochemistry
and Animal Science at Virginia Tech. One major hypothesis tested is a continuation of previous work
showing that the detailed biochemistry of the fluid-cartilage system has a pronounced and possibly con-
trolling influence on cartilage wear. A consequence of the above hypothesis is that a lack or deficiency
of certain biochemical constituents in the synovial joint may be one factor contributing to the initiation
and progression of cartilage damage, wear, and possibly osteoarthritis. A related but somewhat different
hypothesis concerns synovial fluid constituents that may act to increase the wear and further damage of
articular cartilage under tribological contact.

To carry out continued research on biotribology, a new device for studies of cartilage deformation, wear,
damage, and friction under conditions of tribological contact was designed by Burkhardt [33] and later
modified, constructed, and instrumented. A simplified sketch is shown in Figure 4.6. The key features of
this test device are shown in Table 4.2. The apparatus is designed to accommodate cartilage-on-cartilage
specimens. Motion of the lower specimen is controlled by a computer-driven x—y table, allowing simple
oscillating motion or complex motion patterns. An octagonal strain ring with two full semi-conductor

Load
N J
Octagonal
strain

ring

Lower cartilage

Upper specimen L specimen
holder ~—

Specimen holder

Upper specimen

r F'. 00
X-Y table—"1 m
N4

FIGURE 4.6 Device for in vitro cartilage-on-cartilage wear studies.
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TABLE 4.2 Key Features of Test Device Designed for Cartilage Wear Studies [33]

Contact system Cartilage-on-cartilage

Contact geometry  Flat-on-flat, convex-on-flat, irregular-on-irregular

Cartilage type Articular, any source (e.g., bovine)

Specimen size Upper specimen, 4 to 6 mm diam., lower specimen,
ca. 15 to 25 mm diam.

Applied load 50-660 N

Average pressure 0.44—4.4 MPa

Type of motion Linear, oscillating; circular, constant velocity;
more complex patterns

Sliding velocity 0 to 20 mm/sec

Fluid temperature ~ Ambient (2000C); or controlled humidity

Environment Ambient or controlled humidity

Measurements Normal load, cartilage deformation, friction; cartilage wear and damage,

biochemical analysis of cartilage specimens, synovial fluid, and
wear debris; sub-surface changes

bridges is used to measure the normal load as well as the tangential load (friction). An LVDT, not shown in
the figure, is used to measure cartilage deformation and linear wear during a test. However, hydroxyproline
analysis of the wear debris and washings is used for the actual determination of total cartilage wear on a
mass basis.

In one study by Schroeder [41], two types of experiments were carried out, that is, cartilage-on-stainless
steel and cartilage-on-cartilage at applied loads up to 70 N — yielding an average pressure of 2.2 MPa in
the contact area. Reciprocating motion (40 cps) was used. The fluids tested included (1) a buffered saline
solution, (2) saline plus hyaluronic acid, and (3) bovine synovial fluid. In cartilage-on-stainless steel tests,
scanning electron microscopy, and histological staining showed distinct effects of the lubricants on surface
and subsurface damage. Tests with the buffered saline fluid resulted in the most damage, with large wear
tracks visible on the surface of the cartilage plug, as well as subsurface voids and cracks. When hyaluronic
acid, a constituent of the natural synovial joint lubricant, was added to the saline reference fluid, less severe
damage was observed. Little or no cartilage damage was evident in tests in which the natural synovial joint
fluid was used as the lubricant.

These results were confirmed in a later study by Owellen [42] in which hydroxyproline analysis
was used to determine cartilage wear. It was found that increasing the applied load from 20 to 65 N
increased cartilage wear by eight-fold for the saline solution and approximately three-fold for synovial
fluid. Furthermore, the coefficient of friction increased from an initial low value of 0.01 to 0.02 to a much
higher value, for example, 0.20 to 0.30 and higher, during a normal test which lasted 3 h; the greatest
change occurred during the first 20 min. Another interesting result was that a thin film of transferred or
altered material was observed on the stainless steel disks — being most pronounced with the buffered
saline lubricant and not observed with synovial fluid. Examination of the film with Fourier Transfer
Infrared Microspectrometry shows distinctive bio-organic spectra that differs from that of the original
bovine cartilage. We believe this to be an important finding since it suggests a possible bio-tribochemical
effect [43].

In another phase of this research, the emphasis is on the cartilage-on-cartilage system and the influence
of potentially beneficial as well as harmful constituents of synovial fluid on wear and damage. In cartilage-
on-cartilage tests, the most severe wear and damage occurred during tests with buffered saline as the
lubricant. The damage was less severe than in the stainless steel tests, but some visible wear tracks were
detectable with scanning electron microscopy. Histological sectioning and staining of both the upper
and lower cartilage samples show evidence of elongated lacunae and coalesced voids that could lead to
wear by delamination. An example is shown in Figure 4.7 (original magnification of 500x on 35 mm
slide). The proteoglycan content of the subsurface cartilage under the region of contact was also reduced.
When synovial fluid was used as the lubricant, no visible wear or damage was detected [44]. These results
demonstrate that even in in vitro tests with bovine articular cartilage, the nature of the fluid environment
can have a dramatic affect on the severity of wear and subsurface damage.
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FIGURE 4.7 Cartilage damage produced by sliding contact.

In a more recent study carried out by Berrien in the biotribology program at Virginia Tech, a different
approach was taken to examine the role of joint lubrication in joint disease, particularly osteoarthritis. A
degradative biological enzyme, collagenase-3, suspected of playing a role in a cartilage degeneration was
used to create a physiologically adverse biochemical fluid environment. Tribological tests were performed
with the same device and procedures described previously. The stainless steel disk was replaced with a
1 in. diameter plug of bovine cartilage to create a cartilage sliding on cartilage configuration more closely
related to the in vivo condition. Normal load was increased to 78.6 N and synovial fluid and buffered
saline were used as lubricants. Prior to testing, cartilage plugs were exposed to a fluid medium containing
three concentrations of collagenase-3 for 24 h. The major discovery of this work was that exposure to the
collagenase-3 enzyme had a substantial adverse effect on cartilage wear in vitro, increasing average wear
values by three and one-half times those of the unexposed cases. Figure 4.8 shows an example of the effect
of enzyme treatment when bovine synovial fluid was used as the lubricant. Scanning electron microscopy
showed disruption of the superficial layer and collagen matrix with exposure to collagenase-3, where
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FIGURE 4.8 Effect of collagenase-3 on cartilage wear.
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unexposed cartilage showed none. Histological sections showed a substantial loss of the superficial layer
of cartilage and a distinct and abnormal loss of proteoglycans in the middle layer of collagenase-treated
cartilage. Unexposed cartilage showed only minor disruption of the superficial layer [45].

This study indicates that some of the biochemical constituents that gain access to the joint space, during
normal and pathological functions, can have a significant adverse effect on the wear and damage of the
articular cartilage. Future studies will include determination of additional constituents that have harmful
effects on cartilage wear and damage. This research, using bovine articular cartilage in in vitro sliding
contact tests, raises a number of interesting questions:

1. Has “Nature” designed a special biochemical compound that has as its function the protection of
articular cartilage?

2. What is the mechanism (or mechanisms) by which biochemical constituents of synovial fluid can
act to reduce wear of articular cartilage?

3. Could a lack of this biochemical constituent lead to increased cartilage wear and damage?

4. Does articular cartilage from osteoarthritic patients have reduced wear resistance?

5. Do any of the findings on the importance of synovial fluid biochemistry on cartilage wear in our
in vitro studies apply to living or in vitro systems as well?

6. How does collagenase-3 treatment of cartilage lead to increased wear and does this finding have
any significance in the in vivo situation? This question is addressed in the next section.

4.7 Biotribology and Arthritis: Are There Connections?

Arthritis is an umbrella term for more than 100 rheumatic diseases affecting joints and connective tissue.
The two most common forms are osteoarthritis (OA) and rheumatoid arthritis (RA). Osteoarthritis —
also referred to as osteoarthrosis or degenerative joint disease — is the most common form of arthritis. It is
sometimes simplistically described as the “wear and tear” form of arthritis. The causes and progression of
degenerative joint disease are still not understood. Rheumatoid arthritis is a chronic and often progressive
disease of the synovial membrane leading to release of enzymes that attack, erode, and destroy articular
cartilage. It is an inflammatory response involving the immune system and is more prevalent in females.
Rheumatoid arthritis is extremely complex. Its causes are still unknown.

Sokoloff defines degenerative joint disease as “an extremely common, noninflammatory, progressive
disorder of movablejoints, particularly weight-bearing joints, characterized pathologically by deterioration
of articular cartilage and by formation of new bone in the sub-chondral areas and at the margins of the
joint’” [46]. As mentioned, osteoarthritis or osteoarthrosis is sometimes referred to as the “wear and tear”
form of arthritis; but, wear itself is rarely a simple process even in well-defined systems.

It has been noted by the author that tribological terms occasionally appear in hypotheses that describe
the etiology of osteoarthritis (e.g., “reduced wear resistance of cartilage” or “poor lubricity of synovial
fluid”). It has also been noted that there is a general absence of hypotheses connecting normal synovial
joint lubrication (or lack thereof) and synovial joint degeneration. Perhaps it is natural (and unhelpful) for a
tribologist to imagine such a connection and that, for example, cartilage wear under certain circumstances
might be due to or influenced by a lack of proper “boundary lubrication” by the synovial fluid. In this
regard, it may be of interest to quote Swanson [12] who said in 1979 that “there exists at present no
experimental evidence which certainly shows that a failure of lubrication is or is not a causative factor
in the first stages of cartilage degeneration.” A statement made by Professor Glimcher [52] may also be
appropriate here. Glimcher fully recognized the fundamental difference between friction and wear as well
as the difference between joint lubrication (one area of study) and joint degeneration (another area of
study). Glimcher said that wearing or abrading cartilage with a steel file is not osteoarthritis; and neither
is digesting cartilage in a test tube with an enzyme. But both forms of cartilage deterioration can occur
in a living joint and in a way that is still not understood. It is interesting that essentially none of the
many synovial joint lubrication theories consider enzymatic degradation of cartilage as a factor whereas
practically all the models of the etiology of degenerative joint disease include this as an important factor.
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It was stated earlier that there are at least two main areas to consider, that is, (1) mechanisms of synovial
joint lubrication and (2) the etiology of synovial joint degeneration (e.g., as in osteoarthrosis). Both
areas are extremely complex. And the key questions as to what actually happens in each have yet to be
answered (and perhaps asked). It may therefore be presumptuous of the present author to suggest possible
connections between two areas that in themselves are still not fully understood.

Tribological processes in a movable joint involve not only the contacting surfaces (articular cartilage),
but the surrounding medium (synovial fluid) as well. Each of these depends on the synthesis and transport
of necessary biochemical constituents to the contact region or interface. As a result of relative motion
(sliding, rubbing, rolling, and impact) between the joint elements, friction and wear can occur.

It has already been shown and discussed — at least in in vitro tests with articular cartilage — that
compounds that reduce friction do not necessarily reduce wear; the latter was suggested as being more
important [10]. It may be helpful first of all to emphasize once again that friction and wear are different
phenomena. Furthermore, certain constituents of synovial fluid (e.g., Swann’s Lubricating Glycoprotein)
may act to reduce friction in synovial joints while other constituents (e.g., Swann’s protein complex or
hyaluronic acid) may act to reduce cartilage wear.

A significant increase in joint friction could lead to a slight increase in local temperatures or possibly
to reduce mobility. But the effects of cartilage wear would be expected to be more serious. When car-
tilage wear occurs, a very special material is lost and the body is not capable of regenerating cartilage
of the same quality nor at the desired rate. Thus, there are at least two major tribological dimensions
involved — one concerning the nature of the synovial fluid and the other having to do with the proper-
ties of articular cartilage itself. Changes in either the synovial fluid or cartilage could conceivably lead to
increased wear or damage (or friction) as shown in Figure 4.9.

A simplified model or illustration of possible connections between osteoarthritis and tribology is offered
in Figure 4.10 taken from Furey [53]. Its purpose is to stimulate discussion. There are other pathways to
the disease, pathways that may include genetic factors.

In some cases, the body makes an unsuccessful attempt at repair, and bone growth may occur at the
periphery of contact. As suggested by Figure 4.10, this process and the generation of wear particles could lead
to joint inflammation and the release of enzymes that further soften and degrade the articular cartilage.
This softer, degraded cartilage does not possess the wear-resistance of the original. It has been shown
previously that treatment of cartilage with collagenase-3 increases wear significantly, thus supporting the
idea of enzyme release as a factor in osteoarthritis. Thus, there exists a feedback process in which the
occurrence of cartilage wear can lead to even more damage. Degradative enzymes can also be released by
trauma, shock, or injury to the joint. Ultimately, as the cartilage is progressively thinned and bony growth
occurs, a condition of osteoarthritis or degenerative joint disease may exist. There are other pathways to the
disease, pathways that may include genetic factors. It is not argued that arthritis is a tribological problem.
However, the inclusion of tribological processes in one set of pathways to osteoarthrosis would not seem
strange or unusual.

A specific example of a different tribological dimension to the problem of synovial joint lubrication (i.e.,
third-body abrasion), was shown by the work of Hayes et al. [ 54]. In an excellent study of the effect of crystals
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FIGURE 4.9 Two tribological aspects of synovial joint lubrication.
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FIGURE 4.10  Osteoarthritis-tribology connections?

on the wear of articular cartilage, they carried out in vitro tests using cylindrical cartilage sub-chondral bone
plugs obtained from equine fetlock joints in sliding contact against a stainless steel plate. They examined the
effects of three types of crystals (orthorhombic calcium pyrophosphate tetrahydrate, monoclinic calcium
pyrophosphate dehydrate, and calcium hydroxyapatite) on wear using a Ringer’s solution as the carrier
fluid. Concentration of cartilage wear debris in the fluid was determined by analyzing for inorganic sulphate
derived from the proteoglycans present. Several interesting findings were made, one of them being that
the presence of the crystals roughly doubled cartilage wear. This is an important contribution that should
be read by anyone seriously contemplating research on the tribology of articular cartilage. The careful
attention to detail and potential problems, as well as the precise description of the biochemical procedures
and diverse experimental techniques used, set a high standard.

4.8 Recapitulation and Final Comments

It is obvious from the unusually large number of theories of synovial joint lubrication proposed, that very
little is known about the subject. Synovial joints are undoubtedly the most sophisticated and complex
tribological systems that exist or will ever exist. It will require a great deal more research — possibly very
different approaches — before we even begin to understand the processes involved.

Some general comments and specific suggestions are offered — not for the purpose of criticizing any
particular study but hopefully to provide ideas that may be helpful in further research as well as in the
re-interpretation of some past research.

4.8.1 Terms and Definitions

First of all, as mentioned earlier in this chapter, part of the problem has to do with the use and misuse of
various terms in tribology — the study of friction, wear, and lubrication. A glance at any number of the
published papers on synovial joint lubrication will reveal such terms and phrases as “lubricating ability,”
“lubricity,” “lubricating properties,” “lubricating component,” and many others, all undefined. We also
see terms like “boundary lubricant,” “lubricating glycoprotein,” or “lubricin.” There is nothing inherently
wrong with this but one should remember that lubrication is a process of reducing friction and/or wear
between rubbing surfaces. Saying that a fluid is a “good” lubricant does not distinguish between friction
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and wear. And assuming that friction and wear are correlated and go together is the first pitfall in any
tribological study. It cannot be overemphasized that friction and wear are different, though sometimes
related, phenomena. Low friction does not mean low wear. The terms and phrases used are therefore
extremely important. For example, in a brief and early review article by Wright and Dowson [55], it was
stated that “Digestion of hyaluronate does not alter the boundary lubrication,” referring to the work of
Radin, Swann, and Weisser [56]. In another article, McCutchen re-states this conclusion in another way,
saying ... the lubricating ability did not reside in the hyaluronic acid” and later asks the question “Why
do the glycoprotein molecules (of Swann) lubricate?” [57] These statements are based on effects of various
constituents on friction, not wear. The work of the present author showed that in tests with bovine articular
cartilage, Swann’s Lubricating Glycoprotein LGP-I that was effective in reducing friction did not reduce
cartilage wear. However, hyaluronic acid — shown earlier not to be responsible for friction-reduction —
did reduce cartilage wear. Thus, it is important to make the distinction between friction-reduction and
wear-reduction. It is suggested that operational definitions be used in place of vague “lubricating ability,”
etc., terms in future papers on the subject.

4.8.2 Experimental Contact Systems

Secondly, some comments are made on the experimental approaches that have been reported in the
literature on synovial joint lubrication mechanisms. Sliding contact combinations in in vitro studies have
consisted of (1) cartilage-on-cartilage, (2) cartilage-on-some other surface (e.g., stainless steel, glass), and
(3) solids other than cartilage sliding against each other in X-on-X or X-on-Y combinations.

The cartilage-on-cartilage combination is of course the most realistic and yet most complex contact
system. But variations in shape or macroscopic geometry, microtopography, and the nature of contact
present problems in carrying out well-controlled experiments. There is also the added problem of acquiring
suitable specimens that are large enough and reasonably uniform.

The next combination — cartilage-on-another material — allows for better control of contact, with the
more elastic, deformable cartilage loaded against a well-defined hard surface (e.g., a polished, flat solid
made of glass or stainless steel). This contact configuration can provide useful tribological information on
effects of changes in biochemical environment (e.g., fluids), on friction, wear, and sub-surface damage. It
also could parallel the situation in a partial joint replacement in which healthy cartilage is in contact with
a metal alloy.

The third combination, which appears in some of the literature on synovial joint lubrication, does not
involve any articular cartilage at all. For example, Jay made friction measurements using a latex-covered
stainless steel stud in oscillating contact against polished glass [31]. Williams et al., in a study of a lipid
component of synovial fluid, used reciprocating contact of borosilicate glass-on-glass [58]. And in a re-
cent paper on the action of a surface-active phospholipid as the “lubricating component of lubricin,”
Schwarz and Hills carried out friction measurements using two optically flat quartz plates in sliding
contact [59]. In another study, a standard four-ball machine using alloy steel balls was used to examine
the “lubricating ability” of synovial fluid constituents. Such tests, in the absence of cartilage, are easiest
to control and carry out. However, they are not relevant to the study of synovial joint lubrication. With
a glass sphere sliding against a glass flat, almost anything will reduce friction — including a wide variety
of chemicals, biochemicals, semi-solids, and fluids. This has little if anything to do with the lubrication of
synovial joints.

4.8.3 Fluids and Materials Used as Lubricants in In Vitro Biotribology Studies

Fluids used as lubricants in synovial joint lubrication studies have consisted of (1) “normal” synovial fluid
(e.g.,bovine), (2) buffered saline solution containing synovial fluid constituents (e.g., hyaluronic acid), and
(3) various aqueous solutions of surface active compounds neither derived from nor present in synovial
fluid. In addition, a few studies used synovial fluids from patients suffering from either osteoarthritis or
rheumatoid arthritis.
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The general comment made here is that the use of synovial fluids — whether derived from human or
animal sources and whether “healthy” or “abnormal” — is important in in vitro studies of synovial joint
lubrication. The documented behavior of synovial fluid in producing low friction and wear with articular
cartilage sets a reference standard and demonstrates that useful information can indeed come from in vitro
tests.

Studies that are based on adding synovial fluid constituents to a reference fluid (e.g., a buffered saline
solution) can also be useful in attempting to identify which biochemical compound or compounds are
responsible for reductions in frictions or wear. But if significant interactions between compounds exist,
then such an approach may require an extensive program of tests. It should also be mentioned that in the
view of the present author, the use of a pure undissolved constituent of synovial fluid, either derived or
synthetic, in a sliding contact test is not only irrelevant but may be misleading. An example would be the
use of a pure lipid (e.g., phospholipid) at the interface rather than in the concentration and solution form
in which this compound would normally exist in synovial fluid. This is basic in any study of lubrication
and particularly in the case of boundary lubrication where major effects on wear or friction can be brought
on by minor, seemingly trivial, changes in chemistry.

4.8.4 The Preoccupation with Rheology and Friction

The synovial joint as a system — the articular cartilage and underlying bone structure as well as the
synovial fluid as important elements — is extremely complex and far from being understood. It is noted
that there is a proliferation of mathematical modeling papers stressing rheology and the mechanics of
deformation, flow, and fluid pressures developed in the cartilage model. One recent example is the paper
“The Role of Interstitial Fluid Pressurization and Surface Properties on the Boundary Friction of Articular
Cartilage” by Ateshian et al. [21]. This study, a genuine contribution, grew out of the early work by Mow
and connects also with the “weeping lubrication” model of McCutchen. Both McCutchen and Mow have
made significant contributions to our understanding of synovial joint lubrication, although each approach
is predominantly rheological and friction-oriented with little regard for biochemistry and wear. This is
not to say that rheology is unimportant. It could well be that, as suggested by Ateshian, the mechanism of
interstitial fluid pressurization that leads to low friction in cartilage could also lead to low wear rates [60].

4.8.5 The Probable Existence of Various Lubrication Regimes

In an article by Wright and Dowson, it is suggested that a variety of types of lubrication operate in
human synovial joints at different parts of a walking cycle stating that, “At heel-strike a squeeze-film
situation may develop, leading to elastohydrodynamic lubrication and possibly both squeeze-film and
boundary lubrication, while hydrodynamic lubrication may operate during the free-swing phase of
walking” [55].

In a simplified approach to examining the various regimes of lubrication that could exist in a human
joint, it may be useful to look at Figure 4.11a that shows the variation in force (load) and velocity for a
human hip joint at different parts of the walking cycle (taken from Graham and Walker [61]). As discussed
earlier in this chapter, theories of hydrodynamic and elastohydrodynamic lubrication all include the hydro-
dynamic factor (nU/ W) as the key variable, where = fluid viscosity, U = the relative sliding velocity,
and W = the normal load. High values of (nU/ W) lead to thicker hydrodynamic films — a more desirable
condition if one wants to keep surfaces apart. It can be seen from Figure 4.11a that there is considerable
variation in load and velocity, with peaks and valleys occurring at different parts of the cycle. Note also
that in this example, the loads can be quite high (e.g., up to three times body weight). The maximum
load occurs at 20% of the walking cycle illustrated in Figure 4.11a, with a secondary maximum occurring
at a little over the 50% point. The maximum angular velocity occurs at approximately 67% of the cycle.
If one now creates a new curve of relative velocity/load or (U/ W) from Figure 4.11a, the result obtained is
shown in Figure 4.11b. We see now a very different and somewhat simplified picture. There is a clear and
distinct maximum in the ratio of velocity to load (U/ W) at 80% of walking cycle, favoring the formation
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FIGURE 4.11 (a) Hip joint forces and angular velocities at different parts of the walking cycle (after Graham and
Walker [61]). (b) Calculated ratio of velocity to force for the hip joint.

of a hydrodynamic film of maximum thickness. However, for most of the cycle (e.g., from 0 to 60%),
the velocity/load ratio is significantly lower, thus favoring a condition of minimum film thickness and
“boundary lubrication.” However, we also know that synovial fluid is non-Newtonian; at higher rates
of shear, its viscosity decreases sharply, approaching that of water. The shear rate is equal to the relative
velocity divided by fluid film thickness (U/h) and is expressed in sec™!. This means that at the regions
of low (U/ W) ratios or thinner hydrodynamic films, the viscosity term in (nU/ W) is even lower, thus
pushing the minima to lower values favoring a condition of boundary lubrication. This is only a simplified
view and does not consider those periods in which the relative sliding velocity is zero at motion reversal
and where squeeze-film lubrication may come into play. A good example of the complexity of load and
velocity variation in a human knee joint — including several zero-velocity periods — may be found in the
chapter by Higginson and Unsworth [62] citing the work of Seedhom et al., which deals with biomechanics
in the design of a total knee replacement [63].

The major point made here is that (1) there are parts of a walking cycle that would be expected
to approach a condition of minimum fluid film thickness and boundary lubrication and (2) it is dur-
ing these parts of the cycle that cartilage wear and damage resulting from contact is more likely to
occur. Thus, approaches to reducing cartilage wear in a synovial joint could be broken down into
two categories (i.e., promoting thicker hydrodynamic films and providing special forms of “boundary
lubrication”).
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4.8.6 Recent Developments

Recent developments in addressing some of the problems that involve cartilage damage and existing joint
replacements include (1) progress in promoting cartilage repair [64], (2) possible use of artificial cartilage
materials (e.g., synthetic hydrogels) [65,66], and (3) the development and application of more compliant
joint replacement materials to promote a more favorable formation of an elastohydrodynamic film [67].
Although these are not strictly “lubricant-oriented” developments, they do and will involve important
tribological aspects discussed in this chapter. For example, if new cartilage growth can be promoted by
transplanting healthy chondrocytes to a platform in a damaged region of a synovial joint, how long will this
cartilage last? If a hydrogel is used as an artificial cartilage, how long will it last? And if softer, elastomeric
materials are used as partial joint replacements or coatings, how long will they last? These are questions of
wear, not friction. And although the early fundamental studies of hydrogels as artificial cartilage measured
only friction, and often only after a few moments of sliding, we know from recent work that even for
hydrogels, low friction does not mean low wear [68].

4.9 Conclusions

The following main conclusions relating to the tribological behavior of natural, “normal” synovial joints
are presented:

1. Anunusually large number of theories and studies of joint lubrication have been proposed over the
years. All of the theories focus on friction, none address wear, many do not involve experimental
studies with cartilage, and very few consider the complexity and detailed biochemistry of the
synovial-fluid articular-cartilage system.

2. It was shown by in vitro tests with bovine articular cartilage that the detailed biochemistry of
synovial fluid has a significant effect on cartilage wear and damage. “Normal” bovine synovial fluid
was found to provide excellent protection against wear. Various biochemical constituents isolated
from bovine synovial fluid by Dr. David Swann, of the Shriners Burns Institute in Boston, showed
varying effects on cartilage wear when added back to a buffered saline reference fluid. This research
demonstrates once again the importance of distinguishing between friction and wear.

3. Ina collaborative study of biotribology involving researchers and students in Mechanical Engineer-
ing, the Virginia-Maryland College of Veterinary Medicine, and Biochemistry, in vitro tribological
tests using bovine articular cartilage demonstrated among other things that (1) normal synovial
fluid provides better protection than a buffered saline solution in a cartilage-on-cartilage system,
(2) tribological contact in cartilage systems can cause subsurface damage, delamination, changes
in proteoglycan content, and in chemistry via a “biotribochemical” process not understood, and
(3) pre-treatment of articular cartilage with the enzyme collagenase-3 — suspected as a factor in
osteoarthritis — significantly increases cartilage wear.

4. It is suggested that these results could change significantly the way mechanisms of synovial joint
lubrication are examined. Effects of biochemistry of the system on wear of articular cartilage are
likely to be important; such effects may not be related to physical/rheological models of joint
lubrication.

5. It is also suggested that connections between tribology/normal synovial joint lubrication and de-
generative joint disease are not only possible but likely; however, such connections are undoubtedly
complex. It is not argued that osteoarthritis is a tribological problem or that it is necessarily the
result of a tribological deficiency. Ultimately, a better understanding of how normal synovial joints
function from a tribological point of view could conceivably lead to advances in the prevention
and treatment of osteoarthritis.

6. Several problems exist that make it difficult to understand and interpret many of the published works
on synovial joint lubrication. One example is the widespread use of non-operational and vague
terms such as “lubricating activity,” “lubricating factor,” “boundary lubricating ability,” and similar
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undefined terms that not only fail to distinguish between friction (which is usually measured)
and cartilage wear (which is rarely measured), but tend to lump these phenomena together — a
common error. Another problem is that a significant number of the published experimental studies
ofbiotribology do not involve cartilage at all — relying on the use of glass-on-glass, rubber-on-glass,
and even steel-on-steel. Such approaches may be a reflection of the incorrect view that “lubricating
activity” is a property of a fluid and can be measured independently. Some suggestions are offered.

7. Last, the topic of synovial joint lubrication is far from being understood. It is a complex subject
involving at least biophysics, biomechanics, biochemistry, and tribology. For a physical scientist or
engineer, carrying out research in this area is a humbling experience.
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Further Information

For more information on synovial joints and arthritis, the following books are suggested: The Biology of
Degenerative Joint Disease [46], Adult Articular Cartilage [5], The Joints and Synovial Fluid: 1 [6], Textbook of
Rheumatology [47], Osteoarthritis: Diagnosis and Management [48], Degenerative Joints: Test Tubes, Tissues,
Models, and Man [49], Biology of the Articular Cartilage in Health and Disease [50], and Crystals and Joint
Disease [51].
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Gait analysis is the quantitative measurement and assessment of human locomotion including both
walking and running. A number of different disciplines use gait analysis techniques. Basic scientists seek
a better understanding of the mechanisms that normal ambulators use to translate muscular contractions
about articulating joints into functional accomplishment, for example, level walking [1] and stair climbing
[2]. In sports biomechanics, athletes and their coaches use movement analysis techniques to investigate
performance improvement while avoiding injury, for example, Ferber et al. [3], Hunter et al. [4], Kautz
and Hull [5], and Tashman et al. [6]. Sports equipment manufacturers seek to quantify the perceived
advantages of their products relative to a competitor’s offering.

With respect to the analysis of gait in the clinical setting, or clinical gait analysis, medical professionals
apply an evolving knowledge base in the interpretation of the walking patterns of impaired ambulators for
the planning of treatment protocols, for example, orthotic prescription and surgical intervention. Clinical
gait analysis is an evaluation tool that allows the clinician to determine the extent to which an individual’s
gait has been affected by an already diagnosed disorder [7]. Examples of clinical pathologies currently
served by gait analysis include:

* Amputation [8]

* Cerebral palsy [9,10]

* Degenerative joint disease [11,12]
* Joint pain [13]

* Joint replacement [14]

* Poliomyelitis [15]

* Multiple sclerosis [16]

* Muscular dystrophy [17]
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* Myelodysplasia [18,19]

* Rheumatoid arthritis [20]

* Spinal cord injury [21]

* Stroke [22]

* Traumatic brain injury [23]

Generally, gait analysis data collection protocols, measurement precision, and data reduction models
have been developed to meet the requirements specific to the research, sport, or clinical setting. For
example, gait measurement protocols in a research setting might include an extensive physical examination
to characterize the anthropometrics of each subject. This time expenditure may not be possible in a
clinical setting. The focus of this chapter is on the methods for the assessment of walking patterns of
persons with locomotive impairment, that is, clinical gait analysis. The discussion includes a description
of the available measurement technology, the components of data collection and reduction, the type of
gait information produced for clinical interpretation, and the strengths and limitations of clinical gait
analysis.

5.1 Fundamental Concepts

5.1.1 Clinical Gait Analysis Information

Gait is a cyclic activity for which certain discrete events have been defined as significant. Typically, the gait
cycle is defined as the period of time from the point of initial contact (also referred to as foot contact) of
the subject’s foot with the ground to the next point of initial contact for that same limb. Dividing the gait
cycle in stance and swing phases is the point in the cycle where the stance limb leaves the ground, called
toe off or foot off. Gait variables that change over time such as the patient’s joint angular displacements are
normally presented as a function of the individual’s gait cycle for clinical analysis. This is done to facilitate
the comparison of different walking trials and the use of a normative database [24]. Data that are currently
provided for the clinical interpretation of gait may include:

* Avideo recording of the individual’s gait (before instrumentation) for qualitative review and quality
control purposes

* Static physical examination measures, such as passive joint range of motion, muscle strength and
tone, and the presence and degree of bony deformity

* Segment and joint angular positions associated with standing posture

* Stride and temporal parameters, such as step length and walking velocity

* Segment and joint angular displacements, commonly referred to as kinematics

* The forces and torque applied to the subject’s foot by the ground, or ground reaction loads

* The reactive intersegmental moments produced about the lower extremity joints by active and
passive soft tissue forces as well as the associated mechanical power of the intersegmental moment,
collectively referred to as kinetics

* Indications of muscle activity, that is, voltage potentials produced by contracting muscles, known
as dynamic electromyography (EMG)

* The dynamic pressure distributions on the plantar surface of the foot, referred to as pedobarography

* A measure of metabolic energy expenditure, for example, oxygen consumption, energy cost

5.1.2 Data Collection Protocol

The steps involved in the gathering of data for clinical gait analysis usually include a complete physical
examination, biplanar videotaping, a static calibration of the “instrumented” subject, and multiple walks
along a walkway that is commonly both level and smooth. The time to complete these steps can range from
one to three hours (Table 5.1). While the baseline for analysis is barefoot gait, subjects are tested in other
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TABLE5.1 A Typical Gait Data Collection Protocol

Test Component Approximate Time (min)
Pretest tasks: test explanation to the adult patient 10
or the pediatric patient and parent, system calibration
Videotaping: brace, barefoot, close-up, standing 5-10
Clinical examination: range of motion, muscle strength, etc. 15-30
Motion marker placement 15-20
Motion data collection: subject calibration and multiple walks, 10-60
per test condition (barefoot and orthosis)
Electromyography (surface electrodes and fine wire electrodes) 20-60
Data reduction of all trials 15-90
Data interpretation 20-30
Report dictation, generation, and distribution 120-180

conditions as well, for example, lower extremity orthoses and crutches. Requirements and constraints
associated with clinical gait data gathering include the following:

* The patient should not be intimidated or distracted by the testing environment

* The measurement equipment and protocols should not alter the subject’s gait

* Patient preparation and testing time must be minimized, and rest (or play) intervals must be
included in the process as needed

* Data collection techniques must be reasonably repeatable

* Methodology must be sufficiently robust and flexible to allow the evaluation of a variety of gait
abnormalities where the dynamic range of motion and anatomy may be significantly different from
normal

* The collected data must be validated before the end of the test period, for example, raw data fully
processed before the patient leaves the facility

5.2 Measurement Approaches and Systems

The purpose of this section is to provide an overview of the several technologies that are available to
measure the dynamic gait variables listed earlier, including stride and temporal parameters, kinematics,
kinetics, and dynamic EMG. Methods of data reduction will be described in a following section.

5.2.1 Stride and Temporal Parameters

The timing of the gait cycle events of initial contact and toe off must be measured for the computation of
the stride and temporal quantities. These measures may be obtained through a wide variety of approaches
ranging from the use of simple tools such as a stopwatch and tape measure to sophisticated arrays of
photoelectric monitors. Foot switches may be applied to the plantar surface of the subject’s foot over
the bony prominences of the heel and metatarsal heads in different configurations depending on the
information desired. A typical configuration is the placement of a switch on the heel, first and fifth
metatarsal heads, and great toe. In a clinical population, foot switch placement is challenging because of
the variability of foot deformities and the associated foot—ground contact patterns. This switch placement
difficulty is avoided through the use of either shoe insoles instrumented with one or two large foot switches
or entire contact sensitive walkways. These gait events may also be quantified using either the camera-based
motion measurement or the force platform technology described below.
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5.2.2 Motion Measurement

A number of alternative technologies are available for the measurement of body segment spatial position
and orientation. These include the use of electrogoniometry, accelerometry, and video-based digitizers.
These approaches are described below.

5.2.2.1 Electrogoniometry

A simple electrogoniometer consists of a rotary potentiometer with arms fixed to the shaft and base for
attachment to the body segments juxtaposed to the joint of interest. Multiaxial goniometers extend this
capability by providing additional, simultaneous, orthogonal measures of rotational displacement, more
appropriate for human joint motion measurement. Electrogoniometers offer the advantages of real-time
display and the rapid collection of single joint information on many subjects. These devices are limited
to the measurement of relative angles and may be cumbersome in typical clinical applications such as the
simultaneous, bilateral assessment of hip, knee, and ankle motion.

5.2.2.2 Accelerometry

Multiaxis accelerometers can be employed to measure both linear and angular accelerations (if multiple
transducers are properly configured). Velocity and position data may then be derived through numerical
integration although care must be taken with respect to the selection of initial conditions and the handling
of gravitational effects.

5.2.2.3 Videocamera-Based Systems

This approach to human motion measurement involves the use of external markers that are placed on the
subject’s body segments and aligned with specific bony landmarks. Marker trajectories are then monitored
by a system of motion capture cameras (generally from 6 to 12) placed around a measurement volume
(Figure 5.1). In a frame-by-frame analysis, stereophotogrammetric techniques are then used to produce
the instantaneous three-dimensional (3-D) coordinates of each marker (relative to a fixed laboratory
coordinate system) from the set of two-dimensional camera images. The processing of the 3-D marker
coordinate data is described in a later section.

The videocamera-based systems employ either passive (retroreflective) or active (light-emitting diodes)
markers. Passive marker camera systems incorporate strobe light sources (light-emitting diode [LED] rings
around the camera lens). The cameras then capture the light returned from the highly reflective markers
(usually small spheres). Active marker camera systems record the light that is produced by small LED
markers that are placed directly on the subject. Advantages and disadvantages are associated with each
approach. For example, the anatomical location (or identity) of each marker used in an active marker
system is immediately known because the markers are sequentially pulsed by a controlling computer. User
interaction is required currently for marker identification in passive marker systems although algorithms
have been developed to expedite this process, that is, automatic tracking. The system of cables required to
power and control the LED’s of the active marker system may increase the possibility for subject distraction
and gait alteration.

5.2.3 Ground Reaction Measurement
5.2.3.1 Force Platforms

The 3-D ground reaction force vector, the vertical ground reaction torque and the point of application of
the ground reaction force vector (i.e., center of pressure) are measured with force platforms embedded
in the walkway. Force plates with typical measurement surface dimensions of 0.5 x 0.5 m are comprised
of several strain gauges or piezoelectric sensor arrays rigidly mounted together.



Analysis of Gait 5-5

<>

@ Y
&) «—_Motion_» 9
cameras

o

a

Data
collection

. computer
Conventional P

videocamera

platforms

Reflective

markers pressure

platform

FIGURE5.1 An “instrumented” patient with reflective spheres or markers and EMG electrodes. She walks along a
level pathway while being monitored by 6-12 motion cameras (that monitor the displacement the reflective markers)
and 24 force platforms (that measure ground reaction loads). She might also walk over a foot pressure platform that
measures the plantar pressure distribution. Her walk is also videotaped with one or two conventional videocameras.
All of these signals (from the motion cameras, force platforms, EMG electrodes, and foot pressure platform) are sent
to the central data collection computer in the lab. These signals are then processed by the operator to produce the
information used, along with the video recordings and other clinical examination data, to identify gait abnormalities
and guide treatment planning.

5.2.3.2 Pedobarography

The dynamic distributed load that corresponds to the vertical ground reaction force can be evaluated with
the use of a flat, two-dimensional array of small piezoresistive sensors. Overall resolution of the transducer
is dictated by the size of the individual sensor “cell.” Sensor arrays configured as shoe insole inserts or flat
plates offer the clinical user two measurement alternatives. Although the currently available technology
does afford the clinical practitioner better insight into the qualitative force distribution patterns across the
plantar surface of the foot, its quantitative capability is limited because of the challenge of calibration and
signal drift (e.g., sensor creep).

5.2.4 Dynamic Electromyography (EMG)

Electrodes placed on the skin’s surface and fine wires inserted into muscle are used to measure the voltage
potentials produced by contracting muscles. The activity of the lower limb musculature is evaluated in
this way with respect to the timing and the intensity of the contraction. Data collection variables that
affect the quality of the EMG signal include the placement and distance between recording electrodes, skin
surface conditions, distance between electrode and target muscle, signal amplification and filtering, and
the rate of data acquisition. The phasic characteristics of the muscle activity may be estimated from the raw
EMG signal. The EMG data may also be presented as a rectified and integrated waveform. To evaluate the
intensity of the contraction, the dynamic EMG amplitudes are typically normalized by a reference value,
for example, the EMG amplitude during a maximum voluntary contraction. This latter requirement is
difficult to achieve consistently for patients who have limited isolated control of individual muscles, such
as children with cerebral palsy (CP).
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5.3 Gait Data Reduction

The predominant approach for the collection of clinical gait data involves the placement of external
markers on the surface of body segments that are aligned with particular bony landmarks. These markers
are commonly attached to the subject as either discrete units or in rigidly connected clusters. As described
briefly above, the products of the data acquisition process are the 3-D coordinates (relative to an inertially
fixed laboratory coordinate system) of each marker trajectory over a gait cycle. If at least three markers
or reference points are identified for each body segment, then the six degrees-of-freedom associated with
the translation and position of the segment may be determined. The following example illustrates this
straightforward process.

Assume that a cluster of three markers has been attached to the thigh and shank of the test subject
as shown in Figure 5.2a. A body-fixed coordinate system may be computed for each marker cluster. For
example, for the thigh, the vector cross product of the vectors from markers B to A and B to C produces
a vector that is perpendicular to the cluster plane. From these vectors, the unit vectors Trx and Tty may
be determined and used to compute the third orthogonal coordinate direction Ttz. In a similar manner,
the marker-based, or technical, coordinate system may be calculated for the shank, that is, Stx, Sty, and
Stz. At this point, one might use these two technical coordinate systems to provide an estimate of the
absolute orientation of the thigh or shank or the relative angles between the thigh and shank. This assumes

FIGURE5.2 (a) Technical or marker-based coordinate systems “fixed” to the thigh and shank. A body fixed coordinate
system may be computed for each cluster of three or more markers. On the thigh, for example, the vector cross product
of the vectors from markers B to A and B to C produces a vector that is perpendicular to the cluster plane. From these
vectors, the unit vectors Ttx and Tty may be determined and used to compute the third orthogonal coordinate direction
Trz. (b) A subject calibration relates technical coordinate systems with anatomical coordinate systems, for example,
{Tr} with {Ta}, through the identification of anatomical landmarks, for example, the medial and lateral femoral
condyles and medial and lateral malleoli.
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that the technical coordinate systems reasonably approximate the anatomical axes of the body segments,
for example, that Tz approximates the long axis of the thigh. A more rigorous approach incorporates
the use of a subject calibration procedure to relate technical coordinate systems with pertinent anatomical
directions [25].

In a subject calibration, usually performed with the subject standing, additional data are collected
by the measurement system that relates the technical coordinate systems to the underlying anatomical
structure. For example, as shown in Figure 5.2b, the medial and lateral femoral condyles and the medial
and lateral malleoli may be used as anatomical references with the application of additional markers. With
the hip center location estimated from markers placed on the pelvis [26,27] and knee and ankle center
locations based on the additional markers, anatomical coordinate systems may be computed, for example,
{Ta} and {Sa}. The relationship between the respective anatomical and technical coordinate system pairs
as well as the location of the joint centers in terms of the appropriate technical coordinate system may
be stored, to be recalled in the reduction of each frame of the walking data. In this way, the technical
coordinate systems (shown in Figure 5.2b) are transformed into alignment with the anatomical coordinate
systems.

Once anatomically aligned body-fixed coordinate systems have been computed for each body segment
under investigation, one may compute the angular position of the joints and segments in a number of
ways. The classical approach of Euler, or more specifically, Cardan angles is commonly used in clinical gait
analysis to describe the motion of the thigh relative to the pelvis (or hip angles), the motion of the shank
relative to the thigh (or knee angles), the motion of the foot relative to the shank (or ankle angles), as well
as the absolute orientation of the pelvis and foot in space. The joint rotation sequence commonly used for
the Cardan angle computation is flexion—extension, adduction—abduction, and transverse plane rotation
[28]. Alternatively, joint motion has been described through the use of helical axes [29].

The intersegmental moments that soft tissue (e.g., muscle, ligaments, and joint capsule) forces produce
about approximate joint centers may be computed through the use of inverse dynamics, that is, Newtonian
mechanics. For example, the free body diagram of the foot shown in Figure 5.3 depicts the various external
loads to the foot as well as the intersegmental reactions produced at the ankle. The mass, mass moments
of inertia, and location of the center of mass may be estimated from regression-based anthropometric
relationships [30-32], and linear and angular velocity and acceleration may be determined by numerical
differentiation. If the ground reaction loads, Fg and T, are measured by a force platform, then the unknown
ankle intersegmental force, F5, may be solved for with Newton’s translational equation of motion. It is
noted that inverse dynamics underestimates the magnitude of the actual joint contact forces. Newton’s
rotational equation of motion may then be applied to compute the net ankle intersegmental moment, My.

FIGURE 5.3 A free body diagram of the foot that illustrates the external loads to the foot, for example, the ground
reaction loads, Fg and T, and the weight of the foot, m¢,g, as well as the unknown intersegmental reactions produced
at the ankle, F4 and My, which may be solved for through the application of Newtonian mechanics.
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This process may then be repeated for the shank and thigh by using distal joint loads to solve for the
proximal intersegmental reactions. The mechanical power associated with an intersegmental moment and
the corresponding joint angular velocity may be computed from the vector dot product of the two vectors,
for example, ankle power is computed through My - ws where w, is the angular velocity of the foot relative
to the shank. Readers are referred to descriptions by Ounpuu et al. [33] and Palladino and Davis [34] for
more details associated with this process.

Although sometimes referred to as “muscle moments,” these net intersegmental moments reflect the
moments produced by several mechanisms, for example, ligamentous forces, passive muscle and tendon
force, and active muscle contractile force, in response to external loads. Currently, the evaluation of
individual muscle forces in a patient population is not feasible because optimization strategies that may be
successful for normal ambulation, for example, Chao and Rim [35], Anderson and Pandy [36], may not be
appropriate for pathological muscle behavior, for example, spasticity, overactivity, hyper- or hypotonicity.

With respect to assumptions associated with these gait models, the body segments are assumed to
be rigid, for example, soft tissue movement relative to underlying bony structures is small. The external
markers are assumed to move with the underlying anatomical references. In this way, estimated joint center
locations are assumed to remain fixed relative to the respective segmental coordinate systems, for example,
the knee center is fixed relative to the thigh coordinate system. Moreover, the mass distribution changes
during motion are assumed to be negligible. Consequently, marker or instrumentation attachment sites
must be carefully selected, for example, over tendonous structures of the distal shank as opposed to the
more proximal muscle masses of the gastrocnemius and soleus.

5.4 Illustrative Clinical Example

As indicated earlier, the information available for clinical gait interpretation may include static physical
examination measures, stride and temporal data, segment and joint kinematics, joint kinetics, electromyo-
grams, and a video record. With this information, the clinical team can assess the patient’s gait deviations,
attempt to identify the etiology of the abnormalities and recommend treatment alternatives. In this way,
clinicians are able to isolate the biomechanical insufficiency that may produce a locomotive impairment
and require a compensatory response from the patient. For example, a patient may excessively elevate a
pelvis (compensatory) in order to gain additional foot clearance in swing, which is perhaps inadequate
due to a weak ankle dorsiflexor (primary problem).

The following example illustrates how gait analysis data are used in the treatment decision-making
process for a six-year-old child with cerebral palsy, left spastic hemiplegia. Initially, all gait and clinical
examination data are reviewed and a list of primary problems and possible causes is generated. The
reviewed data would include three-dimensional kinematic data (Figure 5.4), and kinetic data (Figure 5.5)
and dynamic EMG data (Figure 5.6).

In the sagittal plane, increased left plantar flexion in stance and swing (Figure 5.4, Point A) is secondary to
spasticity of the ankle plantar flexor muscles as the patient has normal passive range of motion of the ankle
and can stand plantigrade. Premature plantar flexion of the right ankle in mid stance (Figure 5.4, Point B)
is a vault compensation as the patient could isolate motion about the right ankle on clinical examination
and produce an internal dorsiflexor moment during loading response (Figure 5.5, Point A). Increased left
knee flexion at initial contact (Figure 5.4, Point C) is secondary to hamstring muscle spasticity/tightness
(appreciated during the clinical examination) as well as overactivity of the hamstrings during gait (seen in
the EMG data, Figure 5.6, Point A). Reduced left knee flexion in swing (Figure 5.4, Point D) is secondary
to rectus femoris overactivity in mid swing (Figure 5.6, Point B), an absence of power generation at the
ankle in terminal stance (Figure 5.5, Point B), reduced power generation at the hip in preswing (Figure 5.5,
Point C), and out-of-plane positioning of the lower extremity due to internal hip rotation (Figure 5.4,
Point E). Increasing anterior pelvic tilt during left side stance (Figure 5.4, Point F) is related to the patient’s
limited ability to isolate movement between the pelvis and femur on the left side. In the transverse
plane, increased left internal hip rotation (Figure 5.4, Point E), increased left internal foot progression
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FIGURE 5.4 The left (thick lines) and right (thin lines) trunk, pelvic, and lower extremity kinematics for a six-
year-old child with cerebral palsy, left spastic hemiplegia. Also shown are shaded bands that indicate one standard
deviation about normal mean values. (Reproduced from Ounpuu, S., Gage, J.R., and Davis, R.B., J. Pediatr. Orthop.,
11, 341, 1991. With permission.)

(Figure 5.4, Point G), and asymmetric pelvic rotation with the left side externally rotated (Figure 5.4,
Point H) are all secondary to increased internal femoral torsion (noted during the clinical examination).
In the coronal plane, asymmetrical hip rotations (Figure 5.4, PointI) are secondary to pelvic transverse plane
asymmetry.

After all of the primary gait issues are identified and possible causes are determined, treatment options
for each primary issue are proposed. For the child presented earlier here, treatment options include a left
femoral derotation osteotomy to correct for internal femoral torsion and associated internal hip rotation.
Expected secondary outcomes of this intervention include improved foot progression and symmetrical
pelvic position in the transverse plane. A left intramuscular plantar flexor muscle lengthening is recom-
mended to provide more length to the ankle plantar flexors and reduce the impact of muscle stretch on
the spastic plantar flexors, thereby reducing the excessive equinus in stance and swing and providing more
stability in stance. A left hamstring muscle lengthening is also recommended to reduce the impact of mus-
cle stretch on hamstring spasticity, thereby improving knee extension at initial contact and overall knee
motion in stance. A rectus femoris muscle transfer is recommended to reduce the impact of inappropriate
activity of the rectus femoris in mid swing and therefore improve peak knee flexion in swing. The premature
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FIGURE 5.5 The left (thick lines) and right (thin lines) sagittal lower extremity kinetics for a six-year-old child
with cerebral palsy, left spastic hemiplegia. Also shown are shaded bands that indicate one standard deviation about
normal mean values. (Reproduced from Ounpuu, S., Gage, J.R., and Davis, R.B., J. Pediatr. Orthop., 11, 341, 1991.
With permission.)
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FIGURE 5.6 Electromyography tracing for the left rectus femoris and hamstring muscles for a six-year-old child with
cerebral palsy, left spastic hemiplegia. The horizontal bars on the graphs indicate the approximate normal activity of
these muscles during walking. (Reproduced from Bleck, E.E., Orthopaedic Management in Cerebral Palsy, Mac Keith
Press, Philadelphia, PA, 1987, p. 87. With permission.)
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plantar flexion of the right ankle in stance is secondary to a vault compensation and therefore, is predicted
to resolve secondary to the surgery on the left side, that is, does not require any treatment. A standard
protocol in most clinical gait laboratories is to repeat the gait analysis at about one year postsurgery. At this
time, surgical hypotheses and progress with respect to resolution of gait abnormalities can be evaluated
objectively.

5.5 Gait Analysis: Current Status

As indicated in the modeling discussion earlier, the utility of gait analysis information may be limited
by sources of error such as soft tissue displacement relative to bone, estimates of joint center locations,
approximations of the inertial properties of the body segments, and the numerical differentiation of noisy
data. Other errors associated with data collection alter the results as well, for example, a marker improperly
placed or a force platform inadvertently contacted by the swing limb. The evaluation of small subjects
weakens the data because intermarker distances are reduced, thereby reducing the precision of angular
computations, although recent improvements in technology have lessened this challenge to a degree. It
is essential that the potential adverse effects of these errors on the gait information be understood and
appreciated by the clinical team in the interpretation process.

Controversies related to gait analysis techniques include the use of individually placed markers versus
clusters of markers and the application of helical or screw axes versus the use of Euler angles. Recent
improvements in technology and computational techniques, for example, Leardini et al. [38], Piazza et al.
[39], and Schwartz and Rozumalskia [40], have made the dynamic determination of the instantaneous
joint center locations, suggested two decades ago by Cappozzo [25], more viable.

Despite these limitations, gait analysis facilitates the systematic quantitative documentation of walking
patterns. With the various gait data, the clinician has the opportunity to separate the primary causes of
a gait abnormality from compensatory gait mechanisms. Apparent contradictions between the different
types of gait information can result in a more carefully developed understanding of the gait deviations.
Gait analysis provides the clinical user the ability to more precisely (than observational gait analysis
alone) plan complex multilevel surgeries and evaluate the efficacy of different interventions, for exam-
ple, surgical approaches and orthotic designs. Through gait analysis, movement in planes of motion
not easily observed, such as about the long axes of the lower limb segments, may be quantified. Finally,
quantities that cannot be observed may be assessed, for example, muscular activity and joint kinetics.
In the future, it is anticipated that our understanding of gait will be enhanced through the applica-
tion of pattern recognition strategies, coupled dynamics, and the linkage of empirical kinematic and
kinetic results with the simulations provided by forward dynamics modeling. The systematic and objective
evaluation of gait both before and after intervention will ultimately lead to improved treatment
outcome.
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Injury is a major societal problem in the United States. Approximately 140,000 fatalities occur each year due
to both intentional and unintentional injuries. Two thirds of these are unintentional, and of these, about
one half are attributable to automotive-related injuries. In 1993, the estimated number of automotive-
related fatalities dipped under 40,000 for the first time in the last three decades due to a continuing effort
by both the industry and the government to render vehicles safer in crash situations. However, for people
under 40 years of age, automotive crashes, falls, and other unintentional injuries are the highest risks of
fatality in the United States in comparison with all other causes.

The principal aim of impact biomechanics is the prevention of injury through environmental mod-
ification, such as the provision of an airbag for automotive occupants to protect them during a frontal
crash. To achieve this aim effectively, it is necessary that workers in the field have a clear understanding
of the mechanisms of injury, be able to describe the mechanical response of the tissues involved, have some
basic information on human tolerance to impact, and be in possession of tools that can be used as human
surrogates to assess a particular injury [Viano et al., 1989]. This chapter deals with the biomechanics of
blunt impact injury to the head and neck.

6-1
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6.1 Mechanisms of Injury

6.1.1 Head Injury Mechanisms

Among the more popular theories of brain injury due to blunt impact are changes in intracranial pressure
and the development of shear strains in the brain. Positive-pressure increases are found in the brain behind
the site of impact on the skull. Rapid acceleration of the head, in-bending of the skull, and the propagation
of a compressive pressure wave are proposed as mechanisms for the generation of intracranial compression
that causes local contusion of brain tissue. At the contrecoup site, there is an opposite response in the form
of a negative-pressure pulse that also causes bruising. It is not clear as to whether the injury is due to
the negative pressure itself (tensile loading) or to a cavitation phenomenon similar to that seen on the
surfaces of propellers of ships (compression loading). The pressure differential across the brain necessarily
results in a pressure gradient that can give rise to shear strains developing within the deep structures of
the brain. Furthermore, when the head is impacted, it not only translates but also rotates about the neck,
causing relative motion of the brain with respect to the skull. Gennarelli [1983] has found that rotational
acceleration of the head can cause a diffuse injury to the white matter of the brain in animal models, as
evidenced by retraction balls developing along the axons of injured nerves. This injury was described by
Strich [1961] as diffuse axonal injury (DAI) that she found in the white matter of autopsied human brains.
Other researchers, including Lighthall et al. [1990], have been able to cause the development of DAI in the
brain of an animal model (ferrets) by the application of direct impact to the brain without the associated
head angular acceleration. Adams et al. [1986] indicated that DAI is the most important factor in severe
head injury because it is irreversible and leads to incapacitation and dementia. It is postulated that DAI
occurs as a result of the mechanical insult but cannot be detected by staining techniques at autopsy unless
the patient survives the injury for at least several hours.

6.1.2 Neck Injury Mechanisms

The neck or the cervical spine is subjected to several forms of unique injuries that are not seen in the
thoracolumbar spine. Injuries to the upper cervical spine, particularly at the atlanto-occipital joint, are
considered to be more serious and life threatening than those at the lower level. The atlanto-occipital
joint can be dislocated either by an axial torsional load or a shear force applied in the anteroposterior
direction, or vice versa. A large compression force can cause the arches of ClI to fracture, breaking it
up into two or four sections. The odontoid process of C2 is also a vulnerable area. Extreme flexion
of the neck is a common cause of odontoid fractures, and a large percentage of these injuries are
related to automotive accidents [Pierce and Barr, 1983]. Fractures through the pars interarticularis of
C2, commonly known as “hangman’s fractures” in automotive collisions, are the result of a combined
axial compression and extension (rearward bending) of the cervical spine. Impact of the forehead and face
of unrestrained occupants with the windshield can result in this injury. Garfin and Rothman [1983] dis-
cussed this injury in relation to hanging and traced the history of this mode of execution. It was estimated
by a British judiciary committee that the energy required to cause a hangman’s fracture was 1708 Nm
(1260 ft Ib).

In automotive-type accidents, the loading on the neck due to head contact forces is usually a combination
of an axial or shear load with bending. Bending loads are almost always present, and the degree of axial
or shear force depends on the location and direction of the contact force. For impacts near the crown of
the head, compressive forces predominate. If the impact is principally in the transverse plane, there is less
compression and more shear. Bending modes are infinite in number because the impact can come from
any angle around the head. To limit the scope of the discussion, the following injury modes are considered:
tension—flexion, tension—extension, compression—flexion, and compression—extension in the midsagittal
plane and lateral bending.
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6.1.2.1 Tension-Flexion Injuries

Forces resulting from inertial loading of the head—neck system can result in flexion of the cervical spine
while it is being subjected to a tensile force. In experimental impacts of restrained subjects undergoing
forward deceleration, Thomas and Jessop [1983] reported atlanto-occipital separation and C1-C2 separa-
tion occurring in subhuman primates at 120 g. Similar injuries in human cadavers were found at 34-38 g
by Cheng et al. [1982], who used a preinflated driver airbag system that restrained the thorax but allowed
the head and neck to rotate over the bag.

6.1.2.2 Tension-Extension Injuries

The most common type of injury due to combined tension and extension of the cervical spine is the
“whiplash” syndrome. However, a large majority of such injuries involve the soft tissues of the neck,
and the pain is believed to reside in the joint capsules of the articular facets of the cervical vertebrae [Wallis
etal., 1997]. In severe cases, teardrop fractures of the anterosuperior aspect of the vertebral body can occur.
Alternately, separation of the anterior aspect of the disk from the vertebral endplate is known to occur.
More severe injuries occur when the chin impacts the instrument panel or when the forehead impacts the
windshield. In both cases, the head rotates rearward and applies a tensile and bending load on the neck. In
the case of windshield impact by the forehead, hangman’s fracture of C2 can occur. Garfin and Rothman
[1983] suggested that it is caused by spinal extension combined with compression on the lamina of C2,
causing the pars to fracture.

6.1.2.3 Compression-Flexion Injuries

When a force is applied to the posterosuperior quadrant of the head or when a crown impact is administered
while the head is in flexion, the neck is subjected to a combined load of axial compression and forward
bending. Anterior wedge fractures of vertebral bodies are commonly seen, but with increased load, burst
fractures and fracture-dislocations of the facets can result. The latter two conditions are unstable and tend
to disrupt or injure the spinal cord, and the extent of the injury depends on the penetration of the vertebral
body or its fragments into the spinal canal. Recent experiments by Pintar et al. [1989, 1990] indicate that
burst fractures of lower cervical vertebrae can be reproduced in cadaveric specimens by a crown impact to
a flexed cervical spine. A study by Nightingale et al. [1993] showed that fracture-dislocations of the cervical
spine occur very early in the impact event (within the first 10 ms) and that the subsequent motion of the
head or bending of the cervical spine cannot be used as a reliable indicator of the mechanism of injury.

6.1.2.4 Compression-Extension Injuries

Frontal impacts to the head with the neck in extension will cause compression—extension injuries. These
involve the fracture of one or more spinous processes and, possibly, symmetrical lesions of the pedicles,
facets, and laminae. If there is a fracture-dislocation, the inferior facet of the upper vertebra is displaced
posteriorly and upward and appears to be more horizontal than normal on x-ray.

6.1.2.5 Injuries Involving Lateral Bending

If the applied force or inertial load on the head has a significant component out of the midsagittal plane, the
neck will be subjected to lateral or oblique along with axial and shear loading. The injuries characteristic
of lateral bending are lateral wedge fractures of the vertebral body and fractures to the posterior elements
on one side of the vertebral column.

Whenever there is lateral or oblique bending, there is the possibility of twisting the neck. The associated
torsional loads may be responsible for unilateral facet dislocations or unilateral locked facets [Moffat et al.,
1978]. However, the authors postulated that pure torsional loads on the neck are rarely encountered in
automotive accidents.
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6.2 Mechanical Response

6.2.1 Mechanical Response of the Brain

Data on the response of the brain during an injury-producing impact are now available. For intact heads,
the motion of the brain inside the skull has been recently studied by Hardy et al. [2001]. Isolated cadaveric
heads were subjected to a combined linear and angular acceleration and exposed to a biplanar high-speed
x-ray system. Neutral density targets made of tin or tungsten were preinserted into the brain. Video data
collected from such impacts showed that most of the motion was in the center of the brain and that target
motion was in the form of a figure 8, as shown in Figure 6.1. This motion was limited to &5 mm regardless
of the severity of the impact. Angular acceleration levels in excess of 10,000 rad/sec? were reached.

In another experiment, a Hybrid III dummy head and neck system was accelerated into a variety of
plastic foams to assess head response with and without the use of a helmet used in American football. It
was found that the helmet reduced the linear acceleration of the head substantially but did not change
its angular acceleration significantly. However, it is believed by many that angular acceleration is the
cause of brain injury. So if angular acceleration is the culprit, then how does the helmet protect the
brain? In an attempt to answer this question, video data from NFL helmet impacts were analyzed and
the helmet velocities were computed using stereophotogrammetric methods. The helmet impacts were
reproduced in the laboratory by Newman et al. [1999] to yield head angular and linear accelerations, using
helmeted Hybrid III dummies. These head accelerations were fed into a brain injury computer model
developed by Zhang et al. [2001] to compute brain responses, such as strain (¢), strain rate (de/dt),
and pressure. A total of 58 cases were studied, involving 25 cases of concussion or mild traumatic brain
injury (MTBI), as reported by Pellman et al. [2003]. The results of the model were analyzed statistically to
determine the best predictors of MTBI, using the logist analysis. It was found brain response parameters
such as the product of strain and strain rate, were good predictors whereas angular acceleration was a
poor predictor, as shown in Table 6.1. The chi square value is a measure of the ability of the parameter
to predict injury and in this analysis, its ability to predict injury is high if the chi square value is high.

FIGURE 6.1 Brain response to blunt impact.
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TABLE 6.1 List of Best Predictors of MTBI

Rank Order Predictor Variable Chi Square  p-value
1 e -de/dt 41.0 0.0000
2 de/dt 33.1 0.0000
3 HIC 31.5 0.0000
4 SI 31.2 0.0000
5 Linear acceleration 28.3 0.0000
6 Emax 28.0 0.0000
7 Max. principal stress 27.3 0.0000
8 Cumulative strain at 15% 26.0 0.0000
9 Angular acceleration 24.9 0.0000

These results are consistent with the findings of Viano and Lévsund [1999] who used animal data to
determine the parameter most likely to cause DAI in a living brain. It was the product of the velocity
(V) of the impactor and depth of penetration of the impactor as percentage of the brain depth (C).
For the brain, the product, V - C, is analogous to ¢ - de/dt. Note that HIC is the current Head Injury
Criterion used in Federal Motor Vehicle Safety Standard (FMVSS) 208 to assess head injury and GSI is
the previous head injury criterion, now referred to as the Gadd Severity Index. The Cumulative Strain
at 15% is measure of the volume of brain that experienced a strain of 15% or higher throughout the
impact. It is concluded that response variable of the brain are better predictors of injury than input
variables.

6.2.2 Mechanical Response of the Neck

The mechanical response of the cervical spine was studied by Mertz and Patrick [1967, 1971], Patrick
and Chou [1976], Schneider et al. [1975], and Ewing et al. [1978]. Mertz et al. [1973] quantified the
response in terms of rotation of the head relative to the torso as a function of bending moment at the
occipital condyles. Loading corridors were obtained for flexion and extension, as shown in Figure 6.2 and
Figure 6.3. An exacting definition of the impact environments to be used in evaluating dummy necks
relative to the loading corridors illustrated in these figures is included in SAE J1460 [1985]. It should be
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FIGURE 6.2 Loading corridor for neck flexion.
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noted that the primary basis for these curves is volunteer data and that the extension of these corridors to
dummy tests in the injury-producing range is somewhat surprising.

Theissue of whiplash is a controversial one principally because researchers in the field cannot agree on an
injury mechanism. Currently, five such mechanisms have been proposed. It began with the hyperextension
theory, which was discarded when the automotive headrest did not reduce the incidence of injury. The
flexion theory is also considered untenable because head and neck flexion after the rear-end collision is
much less severe than that resulting from a frontal impact and the whiplash syndrome is not frequently
seen in frontal impacts. The theory that a momentary increase in pressure in the cerebrospinal fluid during
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FIGURE 6.4 Relative displacement of C4 on C5 for 20° seat back angle tests (solid lines) and 0° seat back angle
tests (dotted lines) simulating low-speed rear-end collisions, using a cadaver. (Reproduced from Stapp Car Crash J. 44:

171-188. With permission.)
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whiplash could induce neck pain was also considered invalid because injury to the nerve roots require
prolonged pressure and root compression leads to radiculopathy and not direct neck pain. The fourth
theory of impingement of the facet joint surfaces was proposed but has not been demonstrated. It claims
that the synovial lining can be trapped between the facets resulting in pain. Finally, the shear theory appears
to be the most promising. A shear force is developed at every level of the cervical spine before the head and
can be brought forward along with the torso, which is pushed forward by the seat back. This shear force
causes relative motion between adjacent cervical vertebrae in the form of relative translation and rotation.
Deng et al. [2000] performed a series of cadaveric tests and measured this relative displacement and also
estimated the amount of stretch the facet capsules would undergo. Wallis et al. [1997] have shown that
removal of nerve endings in the cervical facet capsules can relieve neck pain for an average of about nine
months. Figure 6.4 shows the amount of forward motion of C5 relative to C4 and Figure 6.5 shows the
estimated stretch of the C4-5 and C5-6 facet capsule. Of interest is the time of occurrence of these events.
They occur before the head hits the headrest. It not only explains why the present headrest is in ineffective
but also indicates to the safety engineer that the headrest needs to be much closer to the head if it is to be
effective.

6.3 Regional Tolerance of the Head and
Neck to Blunt Impact

6.3.1 Regional Tolerance of the Head

The most commonly measured parameter for head injury is acceleration. It is therefore natural to express
human tolerance to injury in terms of head acceleration. The first known tolerance criterion is the Wayne
State Tolerance Curve, proposed by Lissner et al. [1960] and subsequently modified by Patrick et al. [1965]
by the addition of animal and volunteer data to the original cadaveric data. The modified curve is shown
in Figure 6.6. The head can withstand higher accelerations for shorter durations and any exposure above
the curve is injurious. When this curve is plotted on logarithmic paper, it becomes a straight line with a
slope of —2.5. This slope was used as an exponent by Gadd [1961] in his proposed severity index, now
known as the Gadd Severity Index (GSI):

T
GSI = / a®3dt (6.1)
0

where a is the instantaneous acceleration of the head, and T is the duration of the pulse.

If the integrated value exceeds 1000, a severe injury will result. A modified form of the GSI, now known
as the Head Injury Criterion (HIC), was proposed by Versace [1970] to identify the most damaging part of
the acceleration pulse by finding the maximum value of the following integral:

t 2.5
HIC = (t, — 1) [(tz - tl)*l/ a(t)dt] (6.2)

max

where a(t) is the resultant instantaneous acceleration of the head, and , — #; is the time interval over
which HIC is a maximum.

A severe but not life-threatening injury would have occurred if the HIC reached or exceeded 1000.
Subsequently, Prasad and Mertz [1985] proposed a probabilistic method of assessing head injury and
developed the curve shown in Figure 6.7. At an HIC of 1000, approximately 16% of the population would
sustain a severe to fatal injury. It is apparent that this criterion is useful in automotive safety design and
in the design of protective equipment for the head, such as football and bicycle helmets. However, there
is another school of thought that believes in the injurious potential of angular acceleration in its ability
to cause diffuse axonal injury and rupture of the parasagittal bridging veins between the brain and dura
mater. The MTBI data referred to above show that this may not be case and that a strain related parameter
should be designated as a brain injury criterion, regardless of the input. However, for the moment,
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FIGURE 6.5 Estimated cervical facet capsule stretch during the simulated test described in Figure 6.4. (Reproduced
from Stapp Car Crash J. 44:171-188. With Permission.)

HIC remains as the head injury criterion in FMVSS 208 and attempts to replace it have so far been
unsuccessful.

As a matter of interest, tolerance data for MTBI, data obtained from the National Football League (NFL)
data are presented in Table 6.2, taken from King et al. [2003].

6.3.2 Regional Tolerance of the Neck

Currently, there are no universally accepted tolerance values for the neck for the various injury modes.
This is not due to a lack of data but rather to the many injury mechanisms and several levels of injury
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TABLE 6.2 Tolerance Estimates for MTBI

Tolerance Estimate
(Probability of Injury)

Variable 25% 50% 75%
HIC 136 235 333
Linear acceleration (m/sec?) 559 778 965
Angular acceleration (rad/sec?) 4384 5757 7130
Max. principal strain, & (%) 25 37 49
Max. principal strain rate, de /dt (sec™!) 46 60 79
& - de/dt (sec™!) 14 20 25

Source: King, A.L, Yang, K.H., Zhang, L. et al. 2003. Is head injury
caused by linear or angular acceleration? In Bertil Aldman Lecture,
Proceedings of the 2003 International IRCOBI Conference on the Bio-
mechanics of Impact, pp. 1-12.

severity, ranging from life-threatening injuries to the spinal cord to minor soft-tissue injuries that cannot
be identified on radiographic or magnetic scans. It is likely that a combined criterion of axial load and
bending moment about one or more axes will be adopted as a future FMVSS.

6.4 Human Surrogates of the Head and Neck

6.4.1 The Experimental Surrogate

The most effective experimental surrogate for impact biomechanics research is the unembalmed cadaver.
This is also true for the head and neck, despite the fact that the cadaver is devoid of muscle tone because
the duration of impact is usually too short for the muscles to respond adequately. It is true, however, that
muscle pretensioning in the neck may have to be added under certain circumstances. Similarly, for the
brain, the cadaveric brain cannot develop DAI, and the mechanical properties of brain change rapidly
after death. If the pathophysiology of the central nervous system is to be studied, the ideal surrogate is
an animal brain. Currently, the rat is frequently used as the animal of choice and there is some work in
progress using the mini-pig.

6.4.2 The Injury-Assessment Tool

The response and tolerance data acquired from cadaveric studies are used to design human-like surrogates,
known as anthropomorphic test devices (ATD). These surrogates are required not only to have biofidelity
and the ability to simulate human response but also need to provide physical measurements that are
representative of human injury. In addition, they are designed to be repeatable and reproducible. The
current frontal impact dummy is the Hybrid III family of dummies ranging from the 95th percentile male
to the 3-year-old infant. The 50th percentile male dummy is human-like in many of its responses, including
that of thehead and neck. The head consists of an aluminum headform covered by an appropriately designed
vinyl “skin” to yield human-like acceleration responses for frontal and lateral impacts against a flat, rigid
surface. Two-dimensional physical models of the brain were proposed by Margulies et al. [1990] using a
silicone gel in which preinscribed grid lines would deform under angular acceleration. No injury criterion
is associated with this gel model.

The dummy neck was designed to yield responses in flexion and extension that would fit within the
corridors shown in Figure 6.2 and Figure 6.3. The principal function of the dummy neck is to place the
head in the approximate position of a human head in the same impact involving a human occupant.
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6.4.3 Computer Models

Models of head impact first appeared over 50 years ago [Holbourn, 1943]. Extensive reviews of such models
were made by King and Chou [1977] and Hardy et al. [1994]. The use of the finite-element method (FEM)
to simulate the various components of the head appears to be the most effective and popular means of
modeling brain response. A recent model by Zhang et al. [2001] is extremely detailed, with over 300,000
elements. It simulates the brain, the meninges, the cerebrospinal fluid and ventricles, the skull, scalp, and
most of the facial bones and soft tissues. Validation was attempted against all available experimental data.
It has been used in many applications, including the prediction of MTBI for helmeted football players
described earlier. Other less detailed models include those by Kleiven and Hardy [2002], Willinger et al.
[1999], and Takhounts et al. [2003].

A large number of neck and spinal models also have been developed over the past four decades. A
paper by Kleinberger [1993] provides a brief and incomplete review of these models. However, the method
of choice for modeling the response of the neck is the finite-element method, principally because of the
complex geometry of the vertebral components and the interaction of several different materials. A partially
validated model for impact response was developed by Yang et al. [1998] to simulate both crown impact
as well as the whiplash phenomenon due to a rear-end impact.
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7.1 Introduction

Injury is caused by energy transfer to the body by an impacting object. It occurs when sufficient force is
concentrated on the chest or abdomen by striking a blunt object, such as a vehicle instrument panel or
side interior, or being struck by a baseball or blunt ballistic mass. The risk of injury is influenced by the
object’s shape, stiffness, point of contact, and orientation. It can be reduced by energy absorbing padding
or crushable materials, which allow the surfaces in contact to deform, extend the duration of impact, and
reduce loads. The torso is viscoelastic, so reaction force increases with the speed of body deformation.

The biomechanical response of the body has three components: (1) inertial resistance by acceleration of
body masses, (2) elastic resistance by compression of stiff structures and tissues, and (3) viscous resistance
by rate-dependent properties of tissue. For low-impact speeds, the elastic stiffness protects from crush
injuries; whereas, for high rates of body deformation, the inertial and viscous properties determine the
force developed and limit deformation. The risk of skeletal and internal organ injury relates to energy
stored or absorbed by the elastic and viscous properties. The reaction load is related to these responses and
inertial resistance of body masses, which combine to resist deformation and prevent injury. When tissues
are deformed beyond their recoverable limit, injuries occur.

7.2 Chest and Abdomen Injury Mechanisms

The primary mechanism of chest and abdomen injury is compression of the body at high rates of loading.
This causes deformation and stretching of internal organs and vessels. When torso compression exceeds
the rib-cage tolerance, fractures occur and internal organs and vessels can be contused or ruptured. In some
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chest impacts, internal injury occurs without skeletal damage. This can happen during high-speed loading,
such as with a baseball impact causing ventricular fibrillation in a child without rib fractures. Injury is
due to the viscous or rate-sensitive nature of human tissue as biomechanical responses differ for low- and
high-speed impact.

When organs or vessels are loaded slowly, the input energy is absorbed gradually through deformation,
which is resisted by elastic properties and pressure buildup in tissue. This is the situation when the
shoulder belt loads the upper body in a frontal crash. When loaded rapidly, reaction force is proportional
to the speed of tissue deformation as the viscous properties of the body resist deformation and provide a
natural protection from impact. However, there is also a considerable inertial component to the reaction
force. In this case, the body develops high internal pressure and injuries can occur before the ribs deflect
much. The ability of an organ or other biological system to absorb impact energy without failure is called
tolerance.

Ifan artery is stretched beyond its tensile strength, the tissue will tear. Organs and vessels can be stretched
in different ways, which result in different types of injury. Motion of the heart during chest compression
stretches the aorta along its axis from points of tethering in the body. This elongation generally leads to a
transverse laceration when the strain limit is exceeded. In contrast, an increase in vascular pressure dilates
the vessel and produces biaxial strain, which is larger in the transverse than axial direction. If pressure rises
beyond the vessel’s limit, it will burst. For severe impacts, intra-aortic pressure exceeds 500 to 1000 mm Hg,
which is a significant, nonphysiological level, but is tolerable for short durations. When laceration occurs,
the predominant mode of aortic failure is axial so the combined effects of stretch and internal pressure
contribute to injury. Chest impact also compresses the rib cage causing tensile strain on the outer surface
of the ribs. As compression increases, the risk of rib fracture increases. In both cases, the mechanism of
injury is tissue deformation. Shah et al. [2001] found right-side impacts caused a higher risk of aortic
injury than other impact directions.

The abdomen is more vulnerable to injury than the chest, because there is little bony structure below
the ribcage to protect internal organs in front and lateral impact. Blunt impact of the upper abdomen
can compress and injure the liver and spleen, before significant whole-body motion occurs. In the liver,
compression increases intrahepatic pressure and generates tensile or shear strains. If the tissue is sufficiently
deformed, laceration of the major hepatic vessels can result in hemoperitoneum. The injury tolerance of
the solid organs in the abdomen is rate sensitive. Abdominal deformation also causes lobes of the liver to
move relative to each other, stretching and shearing the vascular attachment at the hilar region.

Effective occupant restraints, safety systems, and protective equipment not only spread impact energy
over the strongest body structures but also reduce contact velocity between the body and the impacted
surface or striking object. The design of protective systems is aided by an understanding of injury mech-
anisms, quantification of human tolerance levels and development of numerical relationships between
measurable engineering parameter, such as force, acceleration or deformation, and human injury. These
relationships are called injury criteria.

7.3 Injury Criteria and Tolerances

7.3.1 Acceleration Injury

Stapp [1970] conducted rocket-sled experiments in the 1940s on belt-restraint systems and achieved a
substantial human tolerance to long-duration, whole-body acceleration. Safety belts protected military
personnel exposed to rapid but sustained acceleration. The experiments enabled Eiband [1959] to show
in Figure 7.1 that the tolerance to whole-body acceleration increased as the exposure duration decreased.
This linked human tolerance and acceleration for exposures of 2 to 1000 msec duration. The tolerance data
is based on average sled acceleration rather than the acceleration of the volunteer subject, which would be
higher due to compliance of the restraint system. Even with this limitation, the data provide useful early
guidelines for the development of military and civilian restraint systems.
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FIGURE7.1 Whole-body human tolerance to vehicle acceleration based on impact duration. (Redrawn from Eiband
A.M. Human Tolerance to Rapidly Applied Acceleration. A Survey of the Literature. National Aeronautics and Space
Administration, Washington DC, NASA Memo No. 5-19-59E, 1959 and Viano D.C., Bull. NY Acad. Med., 2nd Series,
64: 376-421, 1988. With permission.)

More recent side impact tests have led to other tolerance formulas for chest injury. Morgan et al. [1986]
evaluated rigid, side-wall cadaver tests and developed TTI, a thoracic trauma index, which is the average
rib and spine acceleration. TTI limits human tolerance to 85 to 90 g in vehicle crash tests. Better injury
assessment was achieved by Cavanaugh et al. [1993] using average spinal acceleration (ASA), which is the
average slope of the integral of spinal acceleration. ASA is the rate of momentum transfer during side
impact, and a value of 30 g is proposed. In most cases, the torso can withstand 60 to 80 g peak, whole-body
acceleration by a well-distributed load.

7.3.2 Force Injury

Whole-body tolerance is related to Newton’s second law of motion, where acceleration of a rigid mass is
proportional to the force acting on it, or F = ma. While the human body is not a rigid mass, a well-
distributed restraint system allows the torso to respond as though it were fairly rigid when load is applied
through the shoulder and pelvis. The greater the acceleration, the greater the force and risk of injury. For
a high-speed frontal crash, a restrained occupant can experience 60 g acceleration. For a body mass of
76 kg, the inertial load is 44.7 kN (10,000 1b) and is tolerable if distributed over strong skeletal elements
for a short period of time.

The ability to withstand high acceleration for short durations implies that tolerance is related to mo-
mentum transfer, because an equivalent change in velocity can be achieved by increasing the acceleration
and decreasing its duration, as AV = aAt. The implication for occupant-protection systems is that the
risk of injury can be decreased if the crash deceleration is extended over a greater period of time. For
occupant restraint in 25 msec, a velocity change of 14.7 m/sec (32.7 mph) occurs with 60 g whole-body
acceleration. This duration can be achieved by crushable vehicle structures and occupant restraints [Mertz
and Gadd, 1971].

Prior to the widespread use of safety belts, safety engineers needed information on the tolerance of
the chest to design energy-absorbing instrument panels and steering systems. The concept was to limit
impact force below human tolerance by crushable materials and structures. Using the highest practi-
cal crush force, safety was extended to the greatest severity of vehicle crashes. GM Research and Wayne
State University collaborated on the development of the first crash sled, which was used to simulate
progressively more severe frontal impacts. Embalmed human cadavers were exposed to head, chest, and
knee impact on 15 cm (6”) diameter load cells until bone fracture was observed on x-ray. Patrick et al.
[1965,1967] demonstrated that blunt chest loading of 3.3 kN (740 1b) could be tolerated with minimal
risk of serious injury. This is a pressure of 187 kPa. Gadd and Patrick [1968] later found a tolerance
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of 8.0 kN (1800 Ib) if the load was distributed over the shoulders and chest by a properly designed
steering wheel and column. Cavanaugh et al. [1993] found side-impact tolerance is similar to frontal tol-
erance, and that shoulder contact is also an important load-path. However, for the abdomen, side padding
needs to crush at lower force than the abdominal tolerance to protect the liver and spleen [Viano and
Andrzejak, 1993].

7.3.3 Compression Injury

High-speed films of cadaver impacts show that whole-body acceleration does not describe torso impact
biomechanics. Tolerance of the chest and abdomen must consider body deformation. Force acting on the
body causes two simultaneous responses: (1) compression of the compliant structures of the torso, and
(2) acceleration of body masses. The neglected mechanism of injury was compression, which causes the
sternum to displace toward the spine as ribs bend and possibly fracture. Acceleration and force, per se, are
not sufficient indicators of impact tolerance because they cannot discriminate between the two responses.
Numerous studies have shown that acceleration is less related to injury than compression.

The importance of chest deformation was confirmed by Kroell et al. [1971,1974] in blunt thoracic
impacts of unembalmed cadavers. Peak spinal acceleration and impact force were poorer injury predictors
than the maximum compression of the chest, as measured by the percent change in the anteroposterior
thickness of the body. A relationship was found between injury risk and compression and that it involves
energy stored by elastic deformation of the body for moderate rates of chest compression. The stored
energy (E;) by a spring representing the ribcage and soft tissues is related to the displacement integral
of force: E; = [Fdx. Force in a spring is proportional to deformation: F = kx, where k is a spring
constant representing the stiffness of the chest and is in the range of 26 kN/m. Stored energy is E; =
k [xdx = 0.5kx*. Over a compression range of 20 to 40%, stored energy is proportional to deformation
or compression, so E; ~ C.

Tests with human volunteers showed that compression up to 20% during moderate-duration loading
was fully reversible. Cadaver impacts with compression greater than 20% showed (Figure 7.2a) an increase
in rib fractures and internal organ injury as the compression increased to 40%. The deflection tolerance
was originally set at 8.8 cm (3.5”) for moderate but recoverable injury. This represents 39% compression.
However, at this level of compression, multiple rib fractures and serious injury can occur, so a more
conservative tolerance of 32% has been used to avert the possibility of flail chest (Figure 7.2b). This
reduces the risk of direct loading on the heart, lungs, and internal organs by a loss of the protective
function of the ribcage.
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FIGURE 7.2 (a)Injuryseverity frombluntimpact ofhuman cadaversasa function of the maximum chest compression
(from Viano [1988] with permission). (b) Severity of skeletal injury and incidence of internal organ injury as a function
of maximum chest compression for blunt impacts of human cadavers. (From Viano D.C., Bull. NY Acad. Med., 2nd
Series, 64: 376-421, 1988. With permission).
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7.3.4 Viscous Injury

The velocity of body deformation is an important factor in impact injury. For example, when a fluid-filled
organ is compressed slowly, energy can be absorbed by tissue deformation without damage. When loaded
rapidly, the organ cannot deform fast enough and rupture may occur without significant change in shape,
even though the load is substantially higher than for the slow-loading condition. This situation depends
on the viscous and inertial characteristics of the tissues.

The viscoelastic behavior of soft tissues becomes progressively more important as the velocity of body
deformation exceeds 3 m/sec. For lower speeds, such as in slow-crushing loads or for a belt-restrained
occupant in a frontal crash, tissue compression is limited by elastic properties resisting skeletal and internal
organ injury. For higher speeds of deformation, such as occupant loading by the door in a side impact,
an unrestrained occupant or pedestrian impact, or chest impact by a nonpenetrating bullet, maximum
compression does not adequately address the viscous and inertial properties of the torso, nor the time of
greatest injury risk. In these conditions, the tolerance to compression is progressively lower as the speed
of deformation increases, and the velocity of deformation becomes a dominant factor in injury.

Insight on a rate-dependent injury mechanism came from over 20 years of research by Jonsson,
Clemedson et al. [1979] on high-speed impact and blast-wave exposures. The studies confirmed that
tolerable compression inversely varied with the velocity of impact. The concept was further studied in
relation to the abdomen by Lau and Viano [1981] for frontal impacts in the range of 5 to 20 m/sec
(10—45 mph). The liver was the target organ. Using a maximum compression of 16%, the severity of injury
increased with the speed of loading, including serious mutilation of the lobes and major vessels in the
highest-speed impacts. While the compression was within limits of volunteer loading at low speeds, the
exposure produced critical injury at higher speeds. Subsequent tests on other animals and target organs
verified an interrelationship between body compression, deformation velocity, and injury.

The previous observations led Viano and Lau [1988] to propose a viscous injury mechanism for soft
biological tissues. The viscous response (VC) is defined as the product of velocity of deformation (V') and
compression (C), which is a time-varying function in an impact. The parameter has physical meaning
to absorbed energy (E,) by a viscous dashpot under impact loading. Absorbed energy is related to the
displacement integral of force: E, = [ F dx, and force in a dashpot representing the viscous characteristics
of the body is proportional to the velocity of deformation: F = ¢V, where ¢ is a dashpot parameter in the
range of 0.5 kN/m/sec for the chest. Absorbed energy is: E, = ¢ [ Vdx, or a time integral by substitution:
E, =c¢ f V2dt. The integrand is composed of two responses, so: E, = c(f d(Vx) — f axdt), where a
is acceleration across the dashpot. The first term is the viscous response and the second an inertial term
related to the deceleration of fluid set in motion. Absorbed energy is given by: E, = ¢(Vx — f axdt).
The viscous response is proportional to absorbed energy, or E, &~ VC, during the rapid phase of impact
loading prior to peak compression.

Subsequent tests by Lau and Viano [1986,1988] verified that serious injury occurred at the time of peak
VC, much earlier than peak compression. For blunt chest impact, peak VC occurs in about half the time
for maximum compression. Rib fractures also occur progressively with chest compression, as early as 9
to 14 msec — at peak VC — in a cadaver impact requiring 30 msec to reach peak compression. Upper-
abdominal injury by steering wheel contact also relates to viscous loading. Lau, Horsch et al. [1987]
showed that limiting the viscous response by a self-aligning steering wheel reduced the risk of liver
injury, as does force limiting an armrest in side impacts. Animal tests have also shown that VC is a
good predictor of functional injury to heart and respiratory systems. In these experiments, Stein et al.
[1982] found that the severity of cardiac arrhythmia and traumatic apnea was related to VC. This situation
is important to baseball impact protection of children, Viano et al. [1992], and in the definition of hu-
man biomechanical responses used in the assessment of bullet-proof protective vests and blunt ballistics
[Bir et al., 2004].

With the increasing use of bullet-proof vests and nonpenetrating munitions by the police and military,
blunt, high-velocity impacts are occurring to the chest. Although rarely lethal, there has been a concern for
improving the understanding of injury mechanisms and means to establish standards for the technology.
Behind-body-armor standards use the depth of the cavity created in clay after a bullet is stopped by the vest.
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FIGURE 7.3 Biomechanics of chest injury by a crushing injury mechanism limited by tolerable compression at
Cmax = 35%, a viscous injury mechanism limited by the product of velocity and extent of deformation at VCpax =
1.0 m/sec, and a blast injury mechanism for shock wave loading.

The roots of this approach involve military research. However, the clay may not adequately simulate the
human viscoelastic properties and biomechanical responses. Recent research has defined the blunt ballistic
characteristics of the chest and the mechanisms for ventricular fibrillation [Bir and Viano, 1999; Bir et al.,
2004].

Sturdivan et al. [2004] developed the Blunt Criterion (BC) in the 1970s. It is energy based and as-
sesses vulnerability to blunt weapons, projectile impacts, and behind-body-armor exposures. BC =
In[E /(W*3TD)], where E = 1 MV? is the kinetic energy of the projectile at impact in Joules, M is
the projectile mass in kg, V is projectile velocity in m/sec, D is the projectile diameter in cm, W is the
mass of the individual in kg and T is body-wall thickness in cm. BC is an energy ratio. The numerator is
the striking kinetic energy of the blunt projectile, the energy available to cause injury. The denominator is
a semiempirical expression of the capacity of the body to absorb the impact energy without lethal damage
to the vulnerable organs, scaled by the mass of the individual. The viscous and blunt criteria are both
energy-based and have been correlated for chest and abdominal impacts.

Figure 7.3 summarizes injury mechanisms associated with torso impact deformation. For low speeds
of deformation, the limiting factor is crush injury from compression of the body (C). This occurs at
C = 35-40% depending on the contact area and orientation of loading. For deformation speeds above
3 m/sec, injury is related to a peak viscous response of VC = 1.0 m/sec. In a particular situation, injury
can occur by a compression or viscous responses, or both, as these responses occur at different times in an
impact. At extreme rates of loading, such as in a blast-wave exposure, injury occurs with less than 10-15%
compression by high-energy transfer to viscous elements of the body.

7.4 Biomechanical Responses During Impact

The reaction force developed by the chest varies with the velocity of deformation, and biomechanics is
best characterized by a family of force-deflection responses. Figure 7.4 summarizes frontal and lateral
chest biomechanics for various impact speeds. The dynamic compliance is related to viscous, inertial,
and elastic properties of the body. The initial rise in force is due to inertia as the sternal mass, which is
rapidly accelerated to the impact speed as the chest begins to deform. The plateau force is related to the
viscous component, which is rate-dependent, and a superimposed elastic stiffness, which increases force
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FIGURE7.4 Frontal and lateral force-deflection response of the human cadaver chest at various speeds of blunt
pendulum impact. The initial stiffness is followed by a plateau force until unloading. (From Kroell et al., Proceedings of
the 18th Stapp Car Crash Conference, pp. 383-457, SAE Paper No. 741187, Society of Automotive Engineers, Warrendale,
PA, 1974, and Viano, Proceedings of the 33rd Stapp Car Crash Conference, pp. 113—142, SAE Paper No. 892432, Society of
Automotive Engineers, Warrendale, PA, 1989, summarized by Cavanaugh J.M., The Biomechanics of Thoracic Trauma,
In Accidental Injury: Biomechanics and Prevention, Nahum A.M. and Melvin J.W., (Eds.), pp. 362-391, Springer-Verlag,
New York, 1993. With permission.)

with chest compression. Unloading provides a hysterisis loop representing the energy absorbed by body
deformation.

Melvin et al. [1988] analyzed frontal biomechanics of the chest. The dynamic compliance is related to
viscous, inertial, and elastic properties of the body. There is an initial rise in force, which is related to the
inertia of the sternal mass, which is rapidly accelerated to the impact speed. This is followed by a plateau
in force, which is related to the viscous properties and is rate dependent. There is also an elastic stiffness
component from chest compression that adds to the force. The force-deflection response can be modeled
as an initial stiffness k = 0.26 4+ 0.60(V — 1.3) and a plateau force F = 1.0 4+ 0.75(V — 3.7), where k is
in kN/cm, F is in kN, and the velocity of impact V' is in m/sec. The force F reasonably approximates the
plateau level for lateral chest and abdominal impact, but the initial stiffness is lower at F = 0.12(V — 1.2)
for side loading [Melvin and Weber, 1988].

The reaction force developed by the chest varies with the velocity of impact, so biomechanics is best
characterized by the force-deflection response of the torso (25.6). The dynamic compliance is related to
viscous, inertial, and elastic properties of the body. There is an initial rise in force, which is related to inertial
responses as the sternal mass is rapidly accelerated to the impact speed. This is followed by a plateau in force,
which is related to the viscous response and is rate dependent, and a superimposed stiffness component
related to chest compression. By analyzing frontal biomechanics, the chest response can be modeled as
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FIGURE 7.4 (Continued.)

an initial stiffness k = 0.26 + 0.60(V — 1.3) and a plateau force F = 1.0 4+ 0.75(V — 3.7), where k is
in kN/cm, F is in kN, and the velocity of impact V is in m/sec. The force F reasonably approximates the
plateau level for lateral chest and abdominal impact, but the initial stiffness is lower at F = 0.12(V — 1.2)
for side loading.

A simple, but relevant, lumped-mass model of the chest was developed by Lobdell et al. [1973]
and is shown in Figure 7.5. The impacting mass is m; and skin compliance is represented by kj,. An
energy-absorbing interface was added by Viano [1987] to evaluate protective padding. Chest structure
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Model AP thorax
parameters hybrid 111

Masses (kg)

m, 0.45
m, mg 27.20
Springs (kN/cm)

| Kiz 2.81

- Kasi 0.263
Y1

koas 0.526
kveys 0.132

Dashpots (kN/m/sec)

C,3 compression 0.525
C,3 tension 0.230
Ve s 0.180

Distances (cm)
d 3.8
D 22.2

FIGURE7.5 Lumped-mass model of the human thorax with impacting mass and energy-absorbing material
interface. The biomechanical parameters are given for mass, spring, and damping characteristics of the chest in
blunt frontal impact. (Modified from Lobdell et al. Impact Response of the Human Thorax, In Human Impact Response
Measurement and Simulation, King W.E. and Mertz H.J., (Eds.), Plenum Press, New York, pp. 201-245, 1973 by Viano,
D.C., Proceedings of the 31st Stapp Car Crash Conference, pp. 185-224, SAE Paper No. 872213, Society of Automotive
Engineers, Warrendale, PA, 1987. With permission.)

is represented by a parallel Voigt and Maxwell spring-dashpot system, which couples the sternal m, and
spinal m; masses. When subjected to a blunt sternal impact, the model follows established force-deflection
corridors. The biomechanical model is effective in studying compression and viscous responses. It also
simulates military exposures to high-speed, nonpenetrating projectiles (Figure 7.6), even though the load-
ing conditions are quite different from the cadaver database used to develop the model. This mechanical
system characterizes the elastic, viscous, and inertial components of the torso.

The Hybrid III dummy was the first to demonstrate humanlike chest responses typical of the biome-
chanical data for frontal impacts [Foster et al., 1977]. Rouhana [1989] developed a frangible abdomen,
useful in predicting injury for lap-belt submarining. More recent work by Schneider et al. [1992] led to a
new prototype frontal dummy. Lateral impact tests of cadavers against a rigid wall and blunt pendulum
led to side-impact dummies, such as the Eurosid and Biosid [Mertz, 1993]. Even more recently, a small
female-sized side-impact dummy has been developed [Scherer et al., 1998].

7.5 Injury Risk Assessment

Over years of study, tolerances have been established for most responses of the chest and abdomen. Table 7.1
provides tolerance levels from reviews by Cavanaugh [1993], Rouhana [1993], and Viano et al. [1989].
While these are single thresholds, they are commonly used to evaluate safety systems. The implication is
that for biomechanical responses below tolerance, there is no injury, and for responses above tolerance,
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TABLE7.1 Human Tolerance for Chest and Abdomen Impact
Chest Abdomen

Criteria Frontal Lateral Frontal Lateral Criteria
Acceleration Acceleration
3 msec limit 60¢g
TTI 85-90 g
ASA 30g
AIS 4+ 45g 39g AIS 4+
Force Force
Sternum 3.3 kN
Chest + shoulder 8.8 kN 10.2 kN
AIS 3+ 2.9kN 3.1kN AlS 3+
AIS 4+ 5.5 kN 3.8 kN 6.7 kKN AIS 4+
Pressure Pressure

187 kPa 166 kPa AIS 3+

216 kPa AIS 4+

Compression Compression
Rib fracture 20%
Stable ribcage 32% 38% AIS 3+
Flail chest 40% 38% 48% 44% AIS 4+
Viscous Viscous
AlS 3+ 1.0 m/sec AlS 3+
AIS 4+ 1.3m/sec 147 m/sec 1.4m/sec 1.98m/sec AIS4+

Source: (Adapted from Cavanaugh J.M., The Biomechanics of Thoracic Trauma, In
Accidental Injury: Biomechanics and Prevention, Nahum A.M. and Melvin J.W., (Eds.),
pp. 362-391, Springer-Verlag, New York, 1993 and Rouhana S.W., Biomechanics of Ab-
dominal Trauma, In Accidental Injury: Biomechanics and Prevention, Nahum A.M. and
Melvin J.W.,, (Eds.), pp. 391-428, Springer-Verlag, New York, 1993.)
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FIGURE 7.7 Typical Logist injury probability function relating the risk of serious injury to the viscous response
of the chest. (From Viano D.C., Bull. NY Acad. Med., 2nd Series, 64: 376-421, 1988. With permission.)

there is injury. An additional factor is biomechanical response scaling for individuals of different size and
weight. The commonly accepted procedure involves equal stress and velocity, which enabled Mertz et al.
[1989] to predict injury tolerances and biomechanical responses for different size adult dummies.

Injury risk assessment is frequently used. It evaluates the probability of injury as a continuous function
of a biomechanical response. A Logist function relates injury probability p to a biomechanical response
x by p(x) = [1 + exp(a — Bx)]~! where a and B are parameters derived from statistical analysis
of biomechanical data. This function provides a sigmoidal relationship with three distinct regions in
Figure 7.7. For low biomechanical response levels, there is a low probability of injury. Similarly, for very
high levels, the risk asymptotes to 100%. The transition region between the two extremes involves risk,
which is proportional to the biomechanical response. A sigmoidal function is typical of human tolerance
because it represents the distribution in weak through strong subjects in a population exposed to impact.
Table 7.2 summarizes available parameters for chest and abdominal injury risk assessment.

TABLE7.2 Injury Probability Functions for Blunt Impact
Body Region ED250, o B X? p R

Frontal Impact

Chest (AIS 4+)

1% 1.0 m/sec 11.42 11.56  25.6  0.000 0.68

C 34% 10.49 0.277 15.9 0.000 0.52
Lateral Impact

Chest (AIS 4+)

vC 1.5 m/sec 10.02 6.08 13.7  0.000 0.77

C 38% 31.22 0.79 13.5 0.000 0.76

Abdomen (AIS 4+)

vC 2.0 m/sec 8.64 3.81 6.1 0.013 0.60

C 47% 16.29 0.35 4.6 0.032 0.48

Pelvis (pubic ramus facture)

C 27% 84.02 3.07 11.5 0.001 091

Source: Modified from Viano et al. J. Biomech., 22: 403—417, 1989.
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