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Preface

Attachment of dissimilar materials in engineering and surgical practice is a

perennial challenge. Bimaterial attachment sites are common locations for initial

and repeated injury and mechanical failure. Nature presents several highly effective

solutions to the challenge of bimaterial attachment that differ from those currently

adopted in engineering practice. The goal of this text is to simultaneously elucidate

natural bimaterial attachments and outline engineering principles underlying

successful attachments as a guide to the communities of tissue engineers, structural

engineers, and surgeons.

We assembled this book with the hope of generating a cross-disciplinary dia-

logue among our biomedical and engineering communities. The intended reader-

ship includes orthopaedic surgeons, researchers in the areas of orthopaedic

biomechanics and tissue engineering, senior undergraduate and beginning graduate

students in mechanical and biomedical engineering, and structural engineers. We

expect that the book will be of value to orthopaedic surgeons, who are regularly

presented with the challenge of attaching dissimilar materials (e.g., tendon-to-bone

repair for rotator cuff tears or anterior cruciate ligament reconstruction).

The lessons learned from the study of biological attachments may be useful for

developing new surgical strategies for improved patient outcomes. We also antici-

pate that this book will be of interest to structural engineers. Understanding the

mechanisms by which the body solves the problem of attaching dissimilar materials

may enable engineers to design better structural attachments (e.g., for connecting

an airplane wing to the fuselage). Attachment schemes in nature provide established

and time-proven strategies for bimaterial attachment, and our goal is for this text to

provide engineers with an entry point into the study of these.

A key objective of the text is to make the current body of work on attachments

accessible in a concise format and across disciplines. The book can be used as a

textbook for a graduate level course cross-listed among orthopaedics, mechanical

engineering, biomedical engineering, and materials programs. The background

readings for such a course have not yet been assembled elsewhere. A comprehensive

treatment is presented of physiologic attachments from the engineering perspective

and engineering attachments in the context of schemes observed in nature. In such a
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course, we expect that students of different educational backgrounds will emerge

with both a broad comprehensive picture and in-depth knowledge of topics that

build upon their individual foundations.

The editors thank their families for their support during the preparation of the

book. The editors also acknowledge Washington University in St. Louis, Missouri

University of Science and Technology, and the National Science Foundation

(CAREER 844607) for their support of this effort.

St. Louis, MO, USA Stavros Thomopoulos

Victor Birman

Guy M. Genin
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Part I

Attachment of Dissimilar Materials:
Challenges and Solutions



Chapter 1

The Challenge of Attaching Dissimilar Materials

Stavros Thomopoulos, Victor Birman, and Guy M. Genin

1.1 Introduction

Interfaces between dissimilar structural materials have existed since our first

multicellular ancestors evolved. Attachments and joints between dissimilar materials

are commonly found throughout nature, physiology, and engineering. A difference in

material properties may be realized as either a step-wise change from one material to

the other or as a gradual variation across a short distance, as is the case with

functionally graded interfaces. A mismatch between material properties at the inter-

face raises unique problems related to strength, stiffness, and fracture behavior of the

attachment. For example, the difference in stiffness between bone and tendon, where

the modulus of elasticity varies by almost two orders of magnitude over a short

distance, could cause severe problems at the tendon-to-bone attachment; the potential

stress concentrations are alleviated in part through gradation of properties at the

interface. Fracture along the bondline between a metal hip replacement and bone is

driven by a mismatch in the properties of these materials. Issues related to interfaces

between dissimilar materials arise in many engineering applications as well. For

example, high thermal stresses are problematic in electronic packaging along the

junction between the chip and the substrate due to the different thermal expansion

coefficients of the two materials.
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Although the mechanics of attachment for dissimilar materials can be studied

using many standard engineering methodologies, biological systems present addi-

tional challenges (e.g., biocompatibility requirements for total joint replacements).

On the other hand, in contrast to numerous engineering applications, biological

systems typically operate in a well-defined environment where the range of tem-

perature, hydration, and pH is tightly regulated. The effects of these variations can

therefore be neglected in most analyses of biologic attachments.

The goal of this introductory chapter is to illustrate examples of representative

attachments of dissimilar materials in engineering and biology, and to place into

context the deeper treatments of the mechanics and physiology of material

attachments studied throughout the rest of the book. While we do not attempt to

present a comprehensive list of such attachments, the chosen examples demonstrate

typical cases and problems associated with such joints. We include as well a brief

discussion of the relevant fracture problem that should be addressed when design-

ing or analyzing attachments of dissimilar materials.

1.2 Examples of Attachments of Dissimilar Materials

1.2.1 Engineering

Attachments of dissimilar materials in engineering are usually adhesively bonded

or bolted, and have presented challenges to generations of engineers. Beginning in

the 1950s, a series of rigorous treatments of the mechanical responses of such

attachments have been developed. These have increased in sophistication in recent

years, so that estimating the toughness of simple engineering materials is now

possible. This is in stark contrast to frameworks for understanding biological

attachment. Chap. 3 presents an overview of some of the established models for

understanding the bonded attachment of engineering materials, and places the

attachment of tendon to bone into the context of these models.

Adhesively bonded attachments possess a number of advantages, such as sealing

against corrosion, damage tolerance, and reasonably good fatigue behavior. On the

other hand, these attachments are characterized by high residual stresses, they

cannot be disassembled or easily inspected, and they are sensitive to peeling and

transverse shear stresses that lead to debonding. Bolted connections are less sensi-

tive to peeling and transverse shear stresses and they can easily be inspected or

disassembled. However, bolted assemblies also introduce stress concentrations and

a degree of compliance, and their fatigue behavior is generally inferior to adhe-

sively bonded attachments. We concentrate here on several examples of bonded

attachments.

4 S. Thomopoulos et al.



1.2.1.1 Metal-to-Composite Components

A classical problem in mechanics involves the strength of adhesively bonded joints.

In particular, this problem is relevant to numerous applications found in hybrid

metal-composite structures in aerospace engineering, naval architecture, and other

fields. The properties of metal and composite adherends are typically different,

magnifying the complexity of the analysis, as the joints involve three vastly

different materials (i.e., metal, composite, and adhesive). The extensive literature

on adhesive joints and methods of their analysis is summarized in several reviews,

such as [1] and [2]. Failure is usually initiated by a crack in the adhesive layer

between the metal and the composite, originating from the edge of the joint as a

result of a local concentration of peeling and transverse shear stresses (Fig. 1.1).

These high local stresses result in the onset of a Mode I fracture, which subse-

quently propagates along the interface and unzips the joint.

1.2.1.2 Electronic Packaging Problems

A typical interface betweendissimilarmaterials in electronics is the die (chip)-substrate

assembly. Failure often occurs due to an elevated temperature, in which case a

mismatch between the coefficients of thermal expansion leads to delamination

cracking along the interface between the heat sink (substrate) and the chip. An

example of such crack between a copper heat sink and a laser diode is shown in

Fig. 1.2. One of the materials in such bimaterial assemblies exhibits low thermal

expansion and is brittle, increasing the vulnerability of the joint [4]. The underfill

Fig. 1.1 Failure of a metal-

composite joint. The cracks

are clearly visible. The onset

of failure at the edge of the

joint is identified by a white

arrow (adapted, with

permission, from [3])
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(i.e., epoxy adhesive between the chip and substrate) may somewhat relieve the

effect of thermal loading, but the problem of fracture along the interface of dissimilar

materials remains a critical issue in electronic packaging. The highest stress singu-

larity occurs at the corner of electronic packages, as is evidenced by experimental

results (Fig. 1.3).

1.2.1.3 Sandwich Structures: Facing-to-Core Bond

Sandwich structures represent an extrapolation of the concept of an I-beam or a

truss, combining two predominantly load-carrying flanges with one relatively

underloaded web to maximize the bending strength and stiffness. In a sandwich

panel, the flanges are replaced with facings that are typically fiber-reinforced

composites or metallic, while the core is solid polymeric, foam, or honeycomb.

In the latter case, the honeycomb core is either composite or metallic. The vast

majority of sandwich structures utilize heavier and stiffer materials in the facings

and lighter materials with a lower strength and stiffness in the core (in case of

honeycomb cores, “lighter” typically refers to the weight density, rather than the

weight of a bulk core material). In these cases, debonding of facings from the core

represents a major failure mode that is also difficult to detect by inspection.

An example, of a sandwich panel with facings and a solid polymeric core

experiencing interfacial debonding as a result of a low-velocity (5 m/s) impact

with a 25 mm hemispherical indenter is shown in Fig. 1.4. The facings

Fig. 1.2 Crack propagating along the diode-to-heat sink attachment (adapted, with permission,

from [5])

6 S. Thomopoulos et al.



were manufactured from E-glass/vinylester, while the solid polymeric core was

manufactured from Corecell A800. The central region of punctured material is

surrounded by a lighter colored region with an area nearly three times that of the

puncture. This corresponds to a region of debonding between the face sheet and

the corematerial. As will be discussed in Chap. 3, the opening of a free edge between

the face sheet and the core can introduce stresses sufficiently large to drive a crack

between face sheet and core.

A possible approach to alleviate facing-core debonding in sandwich structures

utilizes graded interfaces, where the volume fractions of facing and core materials

vary over a short distance from pure facing to pure core material. A modification of

this concept is based on using a graded core, where the properties vary throughout

its entire depth to achieve a desired response, while eliminating a sharp property

mismatch along the interface (Fig. 1.5). It has been experimentally shown that,

while damage in conventional sandwich structures involves a facing-core

debonding, such a mode can be eliminated through the use of a graded core. For

Fig. 1.4 Low-velocity impact damage in a sandwich panel. Left: Facing subject to impact. Right:
facing-core debonding (adapted, with permission, from [7])

Fig. 1.3 Acoustic microscopy image of a crack initiating from a corner at the interface between a

silicon die and the epoxy underfill in a flip chip package (adapted, with permission, from [6])

1 The Challenge of Attaching Dissimilar Materials 7



example, the crack growth in the pre-cracked core of sandwich structures with and

without a graded core was monitored in one study (Fig. 1.6). In the conventional

design, the crack generated interfacial debonding upon reaching the facing-to-core

interface. Such damage was absent in the counterparts with a graded core.

In conclusion of this section, it is noted that grading is often adopted in

engineering applications at the interface between dissimilar materials for an

enhanced macromechanical response of the structure. A review of functional

grading in engineering applications can be found in Chap. 2.

1.2.2 Biology and Medicine

Awide variety of attachment systems can be found in nature. These systems may be

instructive for engineering and medical practice. In the human musculoskeletal

system, these include the attachment of tendon/ligament to bone (Chap. 4) and the

Fig. 1.5 Schematic illustration of the concept of a functionally graded core or graded facing-core

interface (adapted, with permission, from [8])

Fig. 1.6 Photograph of graded (left) and conventional (right) sandwich specimens from optical

tests (adapted, with permission, from [8])

8 S. Thomopoulos et al.



attachment of cartilage to bone (Chap. 5). These junctions effectively transfer load

between two dissimilar materials through complex transitions in composition,

architecture, and mechanical properties. They develop through a well-orchestrated

developmental process via gradients of biologic factors to produce efficient natural

attachments (Chaps. 6 and 11). Similar mechanisms of attachment have been

described at interfaces found in teeth (Chap. 7).

Numerous organisms have evolved novel attachment systems to interact with

their environments and to enhance their physiologic function. The attachment

between muscle and tendon in fruit flies is discussed in Chap. 6, with a discussion

of the origin and development of tendon in the embryo of the fly. Furthermore, the

myotendinous junction and the molecular pathways driving embryonic develop-

ment are considered.

A diverse set of material designs is described in Chap. 9 for organisms that need

to attach to surfaces in aqueous environments. By studying the attachment systems

of mussels, barnacles, and tubeworms, the mechanisms of underwater adhesion are

elucidated. A fascinating attachment system is exhibited by geckos, enabling them

to easily form and release attachments to surfaces (Chap. 10). Both attachment and

detachment are achieved by changing the pulling angles at an interface and

manipulating an anisotropic adhesion mechanism. In addition, it is shown that the

fractal gecko hair system is highly damage-tolerant, being able to withstand exten-

sive cracking.

Chapter 8 reviews the mechanics of cellular attachment to surfaces. As cell

adhesion is critical for many biological functions, including cell migration, prolif-

eration, differentiation, and growth, a better understanding of cell adhesion

mechanisms has broad implications in biology and biophysics.

In the current chapter, we present an introductory overview of several biologic

examples where dissimilar materials with a largemismatch in mechanical properties

attach over a relatively short distance. The cases considered include dental tissues,

metal-to-bone orthopedic interfaces, and tendon-to-bone attachments.

1.2.2.1 Dental Attachments

An archetypal example of the attachment of dissimilar materials is found at the

interface between the tooth and alveolar bone. As described in [9], this attachment

involves two distinct interfaces: one between the alveolar bone and the cementum

(through periodontal ligament (PDL) collagen fibers) and one between the cemen-

tum and the root dentin (through the cementum-dentin junction (CDJ)). The

attachment structure and the variation in modulus throughout the attachment are

shown in Fig. 1.7. It is interesting to observe that both interfaces possess lower

stiffnesses than those of adjacent materials. A similar observation was made in the

course of research at the tendon-to-bone insertion site; this is discussed below,

where it is hypothesized that such a dip in the stiffness is beneficial for reducing

stress concentrations. Chap. 7 further explores the adhesive mechanisms in teeth

and Chap. 3 explores the mechanics of attaching tendon to bone.

1 The Challenge of Attaching Dissimilar Materials 9



Notably, the surface structure, in particular the surface roughness, and the surface

chemistry of oral implants influence their anchoring in jaw bones. In one study, the

metal-to-bone interface between an implant surface and a jawwasmodified by sand-

blasting the metal component with different particles [10]. The surface modification

of the titanium implant was produced by blasting it with particles of Al2O3 or of

bioceramics; these treatments resulted in improvements in attachment. This

illustrates that an artificially developed roughness on the implant surfacemay benefit

attachments for tooth implants. Nevertheless, caution should be exercised using this

approach, since local damage may be introduced in the material during the blasting

process. Additionally, the mechanisms by which this improvement is attained are

not understood. The presence of local roughness may serve as a source of micro-

scopic stress concentrations; a macroscopic crack may originate from one of these

local areas. Alternatively, the roughness might serve as a cue for living cells within

the jaw to produce material more conducive to an effective metal-to-bone interface.

1.2.2.2 Metal-to-Bone Orthopedic Interfaces

Metal-to-bone interfaces in orthopedic total joint implants have been extensively

investigated. A mismatch in the stiffness along the interface can cause both pain

and eventual loosening or failure, requiring replacement of the artificial joint. A

second issue that can lead to negative outcomes is the biocompatibility of the metal.

Fig. 1.7 Schematics of the tissues and interfaces responsible for tooth attachment. (a) Structure

and (b) variation of the modulus of elasticity, reflecting the presence of graded regions between

bone, PDL, cementum, and root dentin (adapted, with permission, from [9])

10 S. Thomopoulos et al.



Consider, for example, the attachment of stems to the femur for total hip

arthroplasty. Stress shielding can result in bone loss if stresses are poorly distributed

along the bone–metal interface. In the case of a noncemented stem, this problem

can be alleviated if the fixation is implemented along the entire length of the stem

surface [11]. The use of hydroxyapatite coatings may enhance bone ingrowth and

reduce bone resorption, without a detrimental effect on the stress distribution. One

of the solutions proposed to alleviate the problem of attaching metal to bone

employed a graded interface between the metal and bone materials as is exemplified

by cemented hips (Fig. 1.8). The cement (polymethylmethacrylate) is first applied

to the hip to avoid a direct linking between the bone cement and metal of the

artificial hip. The tendency of the metal–cement interface to debond is alleviated

through the use of a silane-coupling coating of metal that enhances the hydrolytic

stability [12]. The metal-to-cement bond can further be improved using an addi-

tional silica oxide interlayer that adheres to the oxide on the surface of metal [13].

In the experiments reported in this study, femur stems covered with a silica/silane

interlayer coating were cemented into artificial femur bones and subject to standard

Fig. 1.8 (a) Schematic of implant in a femur. (b) Representative slices of the implanted stem

surrounded by bone cement. (c) Cement mantle cracks generated from “sharp-edge” corners. (d)

Debonding along the metal-bone cement interface (adapted, with permission, from [13])

1 The Challenge of Attaching Dissimilar Materials 11



torsional fatigue loading. A comparison between coated and uncoated (control)

specimens demonstrated a significant improvement of the bond strength available

using a silica/silane coating. Thus, introduction of a coating between metal and

bone may improve contact and reduce loosening in hip arthroplasty. Notably, while

the dental interface discussed in Sect. 2.1 was graded, satisfactory results in the

present case were achieved by merely introducing an interface, without a direct

intentional grading. Ways that an interlayer might be beneficial in the context of

alleviating stress singularities are discussed in Chap. 3.

1.2.2.3 Tendon-to-Bone Attachment

As an example case of a clinically relevant attachment, the mechanics of the

tendon-to-bone insertion will be explored in the remainder of this chapter. Later

chapters will review the current surgical approaches for repairing tendon to bone,

and the lackluster clinical outcomes that have been achieved to date (Chap. 12 will

review the repair of the rotator cuff to the humeral head and Chap. 13 will review

anterior cruciate ligament reconstruction, which requires tendon graft healing in a

bone tunnel). Chapter 3 will discuss the mechanics of this attachment in greater

detail. The mechanical properties of tendon and bone are vastly different; bone has

a modulus on the order of 20 GPa and tendon has an axial modulus on the order of

450 MPa and a transverse modulus on the order of 45 MPa. This material mismatch

presents significant challenges for stress transfer between the two tissues. These

issues are directly relevant to surgical considerations as well as for potential

engineering biomimetic designs. Surgical and rehabilitation considerations as

well as future biologic approaches are discussed in Chaps. 11, 12, and 13. Several

subsequent chapters then address the potential for biomimetic designs for enhanced

tendon-to-bone repair. Chapter 14 reviews functionally graded approaches for

interface tissue engineering. Chapter 15 presents approaches for synthesizing

fibrous tissues for attachment of tendons and ligaments to bone. Finally, Chap. 16

discusses fabrication of layered scaffolds for the formation of tendon/ligament- and

cartilage-to-bone insertions. The methods discussed in these chapters include

designs based on the optimization of cell types, development of scaffolds, and the

use of exogenous factors (including soluble growth factors and bioreactors) to

successfully regenerate both tendons/ligaments and their interfaces with bone.

The transfer of the load between tendon and bone has been considered in a

number of studies (e.g., [14–16]). The studies were motivated by the observation

that once damaged, a resilient tendon-to-bone insertion is not regenerated after

healing. This is reflected in the extraordinary high re-tear rate after surgical repair

of rotator cuffs, ranging from 20% to 94% (with the range dependent on the extent

of the initial injury and the age of the patient) [17]. While the uninjured tendon-to-

bone insertion site is characterized by variations in properties from tendon to bone

that are highly anisotropic, the scar tissue forming at healed attachments is isotro-

pic. Furthermore, the compliant region that is present at the uninjured attachment

site, as discussed below, is not regenerated during healing. These differences
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between the natural and postsurgical attachments likely explain the mechanical

inferiority of the latter tissue. These differences also motivate further study of the

mechanisms of load transfer between the natural tendon-to-bone insertion site.

Four strategies have been identified as contributing to the effectiveness of the

natural tendon-to-bone insertion site [18]. They include: (1) a shallow attachment

angle at the insertion of transitional tissue and bone, (2) shaping of gross tissue

morphology of the transitional tissue, (3) interdigitation of bone with the transi-

tional tissue, and (4) functional grading of transitional tissue between tendon and

bone. These mechanisms are further discussed in the next section of this chapter and

in Chaps. 3 and 11.

In one study, experimentally measured collagen fiber orientations and mineral

concentration data were used in micromechanically based models to monitor the

stiffness distribution along the insertion site. This distribution complied with

the above-mentioned drop in the stiffness, the lower stiffness region being closest

to the tendon [15]. The same model predicted an abrupt increase in the stiffness of

the insertion between the mineral percolation threshold and the bone. The rationale

for a decrease in the stiffness remained unclear, however. Subsequent studies were

necessary to demonstrate that the compliant region optimizes distribution of

stresses to reduce stress concentrations [19]. Using an example of an idealized

rotator cuff insertion site, it was demonstrated that a biomimetically inspired

compliant and functionally graded interface between tendon and bone can lead to

a drastic reduction and even elimination of stress concentrations [19].

1.3 Prevention of Fracture at the Interface of Dissimilar

Materials: Engineering and Biological Solutions

The interface between dissimilar materials presents a number of challenging

problems to medical doctors, researchers, and engineers alike. In theory, a stress

singularity at the corner of such an interface (Fig. 1.9) could cause the onset of

cracking at a stress level that would be benign to each material considered individ-

ually [20]. The effect of material property mismatches was demonstrated for the

interface between bone-like isotropic and tendon-like orthotropic materials [18].

The contributions of functional grading, local and gross morphology, and interdig-

itation were studied and discussed in detail in [18]. The order of the singularity was

shown to be a function of the property mismatch, and to approach a constant order

in the case of a relatively stiff isotropic material attaching to an orthotropic

material. The singularity could be avoided only in the case of a relatively compliant

isotropic material, the observation being interesting for potential applications, but

irrelevant for the tendon-to-bone attachment.

While the previous results refer to fracture along the interface between dissimilar

materials, an improvement in the stress distribution and fracture characteristics

of the attachment may be possible using an interfacial layer. The beneficial
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effect of such a layer in dental and metal-to-bone interfaces and at the tendon-

to-bone insertion site has already been discussed. While the stiffness and stress

analyses could be conducted along the lines of previously cited studies, the

fracture problem is more challenging. One complication is related to several

possible scenarios of the crack propagation. For example, cracking can occur

along the bondline between the interfacial layer and one of the dissimilar

materials or alternatively, cracking can occur within the interfacial layer itself.

Finally, it is also possible for the crack to “depart” from the interfacial region

and propagate into one of the joined materials.

The orientation of the crack may be predicted adopting one of several available

criteria applicable to fracture in a functionally graded material. For example, such

criteria can include [21]:

– The maximum hoop stress criterion, i.e., the crack propagates along the axis of

the maximum hoop stress.

– The maximum strain energy release rate criterion, i.e., the crack propagates

along the axis corresponding to the maximum strain energy release rate.

– The maximum strain energy density criterion, i.e., crack propagation occurs with

the direction corresponding to the smallest strain energy density.

The previous discussion implies that an optimum interface is likely to be graded

in the direction perpendicular to the surfaces of joined dissimilar materials. The

case of a uniform interface can be treated as a particular case of the more general

graded counterpart. Numerous relevant problems have been considered in engi-

neering science (e.g., [22–24]), although the optimization of the interface arresting

the crack propagation has not been attempted.

Fig. 1.9 Geometry in the

vicinity of the free edge at the

attachment between

two dissimilar materials

(the z-axis is perpendicular
to the plane)
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A possible enhancement of the concept of functionally graded interfaces

between dissimilar materials suggested here is an in-plane graded interface or an

interface graded in two or three dimensions. In-plane grading in such interfaces

may be designed to deflect or arrest a crack.

It is noted that fracture referred to in the above-referenced studies is concerned

with cracks propagating in continuous materials and interfaces. The problem is

different if the material is discontinuous, e.g., it consists of a family of fibers

interconnected by discontinuous “bridges.” For example, evidence exists that

collagen fibers in tendons are discontinuous, requiring connections between fibers

for load transfer [25]. These connections may involve chemical cross-links between

molecules, bridging proteins between fibers (e.g., decorin proteoglycans), or min-

eral platelets large enough to cross from one fiber to another. Such a model

complicates the analysis of failure; classical fracture analysis approaches in this

case should be replaced with a nano- or micro-mechanical stress analyses that trace

the degradation of connections between adjacent fibrils.

1.4 Conclusions

An outline of typical attachments of dissimilar materials in engineering and biology

was presented, demonstrating a remarkable diversity of attachment mechanisms.

One general conclusion that can be made from the studies discussed above relates to

the advantages of graded interfaces between dissimilar materials. Interfacial

gradings in engineering and biology reduce local stress concentrations, enhance

the toughness of the attachment, and reduce fracture trends. When designing an

optimum interface between two materials, one should be aware of material

limitations. Mechanical properties should be derived from mechanical analyses

based on the distribution and geometry of constituent materials forming the inter-

face. This understanding is necessary in order to translate theoretical attachment

designs to practical use. These analyses must also consider multiscale modeling

approaches, as many of the attachment systems are hierarchical in nature, from the

nano- to the millimeter scales. A second observation related to functional grading at

the interface between dissimilar materials is that the design criteria should satisfy

several requirements, including strength, fracture, toughness, and stiffness. This

may require prioritization of mechanical property behavior (e.g., sacrificing

strength for improved toughness). Further study of biological attachments may

provide biomimetic lessons for medical and engineering applications. For example,

the advantages of a compliant zone between the attachment of a compliant

orthotropic material with a stiff isotropic material would not have been realized

without careful experimental and modeling studies of tendon, ligament, and

meniscal attachments to bone.
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Chapter 2

Functionally Graded Materials in Engineering

Victor Birman, Tyler Keil, and Serhat Hosder

2.1 Introduction

Functionally graded materials (FGM) are composite materials formed of two or

more constituent phases with a continuously variable distribution. The variations in

the phase distribution may be reflected in their volume or weight fraction, orienta-

tion, and shape. In the majority of studies of FGM in engineering, the authors aim to

achieve their goals with only one of these factors, the volume fraction being a

typical variable. The variation of the phase volume fractions may be exclusively

through the thickness of the structure and/or in any other direction, such as in-

surface coordinates of a plate or shell.

The present chapter approaches the issue of FGM in engineering from the point of

view of the classification andmathematical formulation for typical FGM, identification

of characteristic problemsaddressedusing thesematerials,methodologyof theanalysis,

obstacles to the application of FGM, and the potential for these material systems in

biomedical applications. The chapter does not attempt to present a comprehensive

review of the subject, as the number of references addressing miscellaneous aspects

of mechanics, manufacturing, and applications of FGM amount to hundreds per year,

but rather concentrates on the most recent and typical problems and studies.
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FGMare often considered in thermomechanical applications, such as ceramic-metal

composite structures where a higher ceramic concentration at the surface exposed to

an elevated temperature or heat fluxmay be beneficial. As most biological applications

serve in a narrow temperature range, we intentionally exclude thermal FGM problems

from this chapter. The chapter introduces the concept of FGM, demonstrates a mathe-

matical approach to their analysis, and presents a review of representative modern

studies. Finally, we illustrate an examplewhere grading the facings of a sandwich panel

results in an impressive improvement in its stability and vibration characteristics.

2.2 Introduction to FGM

FGM were first suggested in Japan in the mid-1980s for thermal barrier coatings in

aerospace applications. Since their inception, these materials have experienced a

rapid development and found many applications in various fields of engineering.

There are a number of reviews outlining the development of FGM, including books

[1, 2], review articles [3], and proceedings of conferences dedicated to the field of

FGM [4, 5]. The areas where FGM offer potential improvements and advantages in

engineering applications include a reduction of in-plane and transverse through-the-

thickness stresses, prevention or reduction of delamination tendencies in laminated

or sandwich structures, improved residual stress distribution, enhanced thermal

properties, higher fracture toughness, and reduced stress intensity factors.

Typical FGM architectures employ a variation of volume fractions of constituent

materials in one or several directions. For example, a one-dimensional variation of

mineral and metal phases can be employed to improve fracture toughness of

prosthesis joints [6] and improve their mechanical strength, while retaining neces-

sary biocompatibility as schematically shown in Fig. 2.1 [7]. Another example of a

one-dimensional functional grading is found in sandwich panels where a function-

ally graded core (e.g., [8]) or a graded facing-core interface can improve fracture

characteristics, and in particular, prevent debonding between the facings and core.

Besides a through-the-thickness variation of material volume fractions, the

grading and corresponding property tailoring can be achieved through an in-surface

variable volume fraction and through a coordinate-dependent orientation and sizing

of fibers in a composite material. This type of grading is essentially biomimetic; for

example, collagen fibers vary their orientation across the tendon-to-bone insertion

site as is discussed below. Bamboo is an interesting example of a natural FGM

where both the number and shape of fibers vary from the inner to outer periphery,

i.e., the fibers at the outer periphery have a nearly circular cross section and a higher

density, while their counterparts in the inner section have an ellipsoidal cross

section and a lower volume fraction [9]. Besides grading the volume fraction

and/or shape of constituent materials, FGM include materials with graded porosity

that can be applied in such dissimilar components as hard tissue implants and diesel

engine filters [10].
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2.3 Mathematical Backgrounds of Micromechanical

and Macromechancial Analyses

The analysis of FGM in engineering is often concerned with relatively thin

structures where the content of the constituent phases and the properties vary in

the thickness direction. This is not always the case in biological applications as is

evidenced by a gradual gradation of both the collagen fibers orientation and the

mineral content along the tendon-to-bone insertion site (e.g., [11]).

Accordingly, we present here a relevant mathematical formulation that enables

the stress analysis for the general case of three-dimensional variations of the volume

fractions of the constituent materials. Temperature fluctuations in a human body and

other biological systems usually remain within a narrow range, i.e., its explicit effect

on the stresses as well as the implicit effect through the influence on the material

properties can be disregarded. A possible exception could be cited in the case where

an FGM employed in biological or medical applications is manufactured at an

elevated temperature, raising a concern for residual stresses. This case, which can

be analyzed with a relative ease due to a presumed uniform temperature distribution

during the manufacturing process, is omitted from the following mathematical

formulation.

Homogenization techniques predict material properties, such as the tensor of

stiffness and the strength, in terms of the properties of the constituent phases, their

shape and orientation, and their local volume fraction. Such analysis can be

Fig. 2.1 Schematic of a functionally graded materials (FGM) interface within a prosthesis

(reproduced, with permission, from [7])
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conducted using standard homogenization methods that should be modified to

account for a gradient in the volume fraction distribution, in case it is sufficiently

large to affect the local micromechanical problem (e.g., [12]). In a rather typical

situation where the gradient of the volume fraction is sufficiently small to be

neglected at the unit cell level, a variety of homogenization techniques that are

well researched in mechanics of composites are available [13–15]. Random aspects

of micromechanics of FGM can be treated using the corresponding methods

developed for heterogeneous media [16].

While a detailed discussion of homogenization techniques is outside the scope of

this chapter, the comprehension of the general approach is available based on the

principles established by Hill [17]. Consider an FGM where the properties do not

noticeably vary at the scale of a representative volume element (RVE). All constit-

uent materials are assumed to remain in the elastic range. Then the average stress

and strain vectors of this composite are related by

s ¼ Lð�xÞ«; « ¼ Mð�xÞs (2.1)

where L and M ¼ L�1 are the overall tensors of stiffness and compliance, respec-

tively, that should be specified according to a homogenization theory. Note that in

FGM the stiffness and compliance vary with the coordinates of the RVE, i.e., �x.
Both stresses and strains in each constituent phase can be expressed in terms of

the local average stress and strain:

sn ¼ Anð�xÞs; «n ¼ Bnð�xÞ« (2.2)

where n is the phase identifier number, while An and Bn are the stress and strain

concentration tensors, respectively.

By the definition of the average stress and strain,

X
n

cnð�xÞAnð�xÞ ¼ I;
X
n

cnð�xÞBnð�xÞ ¼ I (2.3)

where cnð�xÞ is the volume fraction of the corresponding phase and I is a 6� 6

identity matrix.

If the ith constituent phase is locally dominant, the tensors of stiffness and

compliance can be determined by

Lð�xÞ ¼ Lið�xÞ þ
X
j

cjð�xÞ½Ljð�xÞ � Lið�xÞ�Ajð�xÞ

Mð�xÞ ¼ Mið�xÞ þ
X
j

cjð�xÞ½Mjð�xÞ �Mið�xÞ�Bjð�xÞ
(2.4)

where index j covers the same range as n, except for n ¼ i.
According to the approach illustrated above, given the stress and strain concen-

tration tensors, one can determine the average local tensors of stiffness and
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compliance. The concentration tensors depend on such objective factors as the

shape, volume fraction, and orientation of the inclusions as well as on the subjective

aspect of the analysis, i.e., the choice of the micromechanical theory. In particular,

if the volume fractions of all constitutive materials, except for the locally dominant

material, are small enough to neglect their interaction, the tensor of stiffness

obtained by the effective field method is [18]

Lð�xÞ ¼ Lið�xÞ þ
X
j

cjð�xÞ½Ljð�xÞ � Lið�xÞ�Tjð�xÞ½cið�xÞIþ cjð�xÞTjð�xÞ� (2.5)

where tensors Tjð�xÞ relate the average strain in the i-phase to the average strain to

the j-phase inclusions. While the previous micromechanical formulation is three-

dimensional, not being constrained by geometry of the structure or solid, the following

discussion concentrates on relatively thin-walled structures that are typical in engi-

neering applications.

The stiffness tensor is the outcome of the homogenization procedure. This tensor

can be employed to determine the extensional, coupling, and bending stiffness

matrices that are necessary for the macromechancial analysis of FGM structures.

This procedure requires us to transform a local stiffness tensor to the global

coordinate system employed in the analysis. If a relatively thin structure consists

of a number of layers, each of them with its unique material grading, the transfor-

mation equation for the local stiffness tensorLk that governs the response of the kth
layer located at zk < z< zkþ1 where z is the coordinate counted from the middle

surface of the structure is

Qkðx1; x2; zÞ ¼ PðykÞLkðx1k; x2k; zÞ (2.6)

In (2.6), x1 and x2 are in-surface coordinates and PðykÞ is the transformation tensor

that depends on the angle yk between the global ðx1; x2; zÞ and local ðx1k; x2k; zÞ
coordinate systems. Examples of in-surface global coordinates are the length and

width coordinates in the Cartesian system or the axial and circumferential

coordinates in the cylindrical coordinate system.

The matrices of extensional, coupling, and bending stiffness are now evaluated

following the standard mechanics of composite materials approach:

fAðx1; x2Þ Bðx1; x2Þ Dðx1; x2Þg ¼
ð
z

Qkðx1; x2; zÞf1 z z2g dz (2.7)

where the integration is conducted over the entire thickness of the structure. Note

that the stiffness matrices in the left side of (2.7) are dependent on in-surface

coordinates. In “conventional” composite materials such dependence is absent,

but if the volume fraction, shape, or orientation of constituent phases of an FGM

structure vary with the x1 and x2 coordinates, the stiffness of the structure is variable
over the surface.
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The constitutive relations for thin-walled structures are reduced from three-

dimensional to two-dimensional formulation by integrating the stresses given

by (2.1) over the thickness. This integration eliminates the dependence on the

z-coordinate and replaces the stresses with a system of equivalent stress resultants,

i.e., forces per unit width of the cross section, and stress couples, i.e., moments per

unit width of the cross section. Thus the stress resultant and stress couple vectors are

defined by

fN Mg ¼
ð
z

sf1 zg dz (2.8)

The mathematical formulation should employ assumptions related to the

deformed shape of an infinitesimal element detached from the structure. These

assumptions reflect kinematics of the structure, i.e., the transformation of the

displacement tensor uðxÞ in the course of deformation and strain–displacement

relationships that can reflect geometrically linear or nonlinear formulations.

In particular, in a thin structure characterized by the so-called classical or technical

theory, we rely on the Kirchhoff-Love assumptions, i.e., the transverse shear strains

as well as the axial strain in the thickness direction are assumed equal to zero. These

assumptions imply that the thickness of the structure remains constant, while

normal lines to the undeformed middle surface remain straight and perpendicular

to this surface upon deformation. The validity of these assumptions becomes

questionable for very thick structures or in the vicinity to such discontinuities as

cut-outs, rivet holes, etc. In composite materials, the effect of transverse shear

strains has to be sometimes accounted for due to low shear stiffness. However,

the Kirchhoff-Love assumptions are usually applicable for relatively thin compos-

ite plates and shells manufactured from conventional composites, if their in-plane

size to thickness ratio is larger than a factor in the range from 30 or 40.

In case of a thin-walled structure characterized by the classical theory, the vector

of strain in (2.1) is represented by a sum of two components, i.e., the strains in the

middle surface ð«0Þ and the changes of curvature and twist k:

« ¼ «0 þ zk (2.9)

where«0 ¼ «ðz ¼ 0Þ. The so-called first-order and higher-order theories accounting
for the rotation and warping of cross sections perpendicular to the middle surface

during deformation include additional terms proportional to integer powers of the

z-coordinate.
The substitution of (2.1), (2.7), and (2.9) into (2.8) results in the constitutive

relations relating the vectors of stress resultants and stress couples to the vectors of

middle surface strains and the changes of curvature and twist:

N

M

� �
¼ A B

B D

� �
«0
k

� �
(2.10)

24 V. Birman et al.



Equation (2.10) can often be simplified, since the matrices of extensional, coupling,

and bending stiffnesses are not fully populated (in other words, some of the

elements of these matrices are equal to zero). The matrices are presented

for isotropic, specialty orthotropic and generally orthotropic composite laminates

in every textbook on composite materials (e.g., [19]). In the case of FGM the

properties can vary in three mutually perpendicular directions oriented along the

coordinate axes. If the variations of properties within each RVE are negligible, i.e.,

we account for such variations on the macroscale, rather than on the microscale, the

FGM material has three planes of elastic symmetry, each of them perpendicular to

the corresponding coordinate axis.

Several possible grading schemes listed below correspond to differently

populated matrices of stiffnesses. While the mathematical details are omitted for

brevity, we can classify the following cases:

1. Properties vary in three coordinate directions. At the RVE level, the material is

generally orthotropic.

2. Properties vary in three coordinate directions. At the RVE level, the material is

specially orthotropic.

3. Properties vary in three coordinate directions. At the RVE level, material is

isotropic.

4. Properties vary in the thickness direction only. At the RVE level, material is

generally orthotropic.

5. Properties vary in the thickness direction only. At the RVE level, the material is

specially orthotropic.

6. Properties vary in the thickness direction. At the RVE level, the material is

isotropic.

While the first three cases correspond to in-surface variable stiffness, i.e., Að�xÞ;
Bð�xÞ; Dð�xÞ , in the latter three cases the corresponding matrices are constant

resulting in a simpler analysis.

Equations of equilibrium and boundary conditions can be derived from the

energy principles (e.g., Hamilton’s principle) or from the analysis of equilibrium

of an infinitesimal element of the thin-walled structure. In both cases, the thickness

z-coordinate is eliminated from the analysis, i.e., the equilibrium of an element of the

structure is analyzed using a two-dimensional formulation where the stresses that

may vary with all three coordinates are replaced with the equivalent system of stress

resultants and stress couples via (2.8). The form of equations of equilibrium depends

on geometry of the structure, i.e., a doubly curved shell has different equations than a

flat plate, etc. For simplicity, we show here static equations for a flat plate utilizing

the Cartesian coordinate system, x and y being in-surface coordinates:

Nx;x þ Nxy;y ¼ 0

Nxy;x þ Ny;y ¼ 0

Mx;xx þ 2Mxy;xy þMy;yy þ Nxw;xx þ 2Nxyw;xy þ Nyw;yy ¼ pðx; yÞ (2.11)

where w ¼ wðx; yÞ is a deflection and pðx; yÞ is a pressure applied to the plate.
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As is easily observed, the problem formulated in (2.11) is statically indetermi-

nate since there are six unknown stress resultants and stress couples in three

equilibrium equations. This is a common feature of mechanics of solids, fluids,

and gases. Nevertheless, the problem can be resolved by expressing six stress

resultants and couples in (2.11) in terms of three unknown displacements via

(2.9), (2.10) and the strain–displacement relations omitted here for brevity. The

latter relations can be either linear or nonlinear leading to geometrically linear or

nonlinear problems, respectively. The boundary conditions are formulated in terms

of displacements and rotations (kinematic conditions) and stress resultants and

couples (static conditions).

The major difference between two types of FGM becomes apparent upon

the analysis of (2.11). In the case of grading confined to variations of the volume

fraction (and/or shapes and orientations of constituent phases) exclusively through

the thickness of the structure, the tensor of stiffness is independent of the in-surface

coordinates x and y. Accordingly, equations of equilibrium in terms of displace-

ments contain only derivatives of displacements, while the elements of matrices

A; B and D are constant. However, if the volume fractions (and/or other grading

variables) of constituent phases vary with the in-surface coordinates, i.e., Aðx; yÞ;
Bðx; yÞ; Dðx; yÞ, derivatives of stress resultants and stress couples in (2.11) contain

derivatives of the corresponding stiffness coefficients. The analytical solution of the

corresponding equations of equilibrium becomes impossible, except for simple

superficial cases. However, a numerical solution utilizing finite element or finite

difference methods is feasible even in this case since in-surface gradients of the

properties are relatively small and it is possible to size a mesh where each element

can be assigned constant in-surface properties.

An alternative method that is used in the theory of plates and shells, including

those from FGM, is based on the introduction of the stress function. In the case of a

flat FGM plate, this function ð’Þ is introduced through the following relations:

Nx ¼ ’;yy; Ny ¼ ’;xx; Nxy ¼ �’;xy (2.12)

The substitution of the stress function defined by (2.12) into equations of equilib-

rium (2.11) results in identities for the first two equations. The third equation can be

formulated in terms of the stress function and unknown deflection. This equation

has to be complemented with the equation expressing compatibility conditions.

These conditions guarantee single-valued displacements in case the problem is

solved in terms of stresses or stress functions. They do not have to be considered

if the problem is solved in terms of displacements since such solution yields

unique values of displacements throughout the domain occupied by the structure.

In the problem of plane stress the compatibility conditions are reduced to one

equation [20]:

e0x ;yy þ e0y ;xx � g0xy;xy ¼ w;xy
2 � w;xx w;yy (2.13)
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where e0x and e0y are middle surface axial strains and g0xy is the middle surface

shear strain.

The considerations discussed with regard to (2.11) remain valid if the problem

is solved utilizing the stress function. In the case of in-surface grading the substitu-

tion of the stress resultants and stress couples expressed in terms of the stress

function and deflection in the third equation (2.11) and in (2.13) results in exceed-

ingly complicated equations. If grading is limited to the through-the-thickness

z-coordinate, the corresponding procedure is simplified, essentially coinciding

with such procedures for typical laminated composite structures. For example, if

an FGM panel is symmetric about the middle surface and the principal axes of

the material coincide with the coordinate system (specially orthotropic RVE), the

equation of equilibrium and the compatibility condition become:

a22’;xxxx þ ð2a12 þ a66Þ’;xxyy þ a11’;yyyy ¼ ðw;xyÞ2 � w;xx w;yy

D11w;xxxx þ 2ðD12 þ 2D66Þw;xxyy þ D22w;yyyy ¼ pðx; yÞ þ hð’;yy w;xx � 2’;xy w;xy

þ ’;xx w;yyÞ
(2.14)

where the elements of the extensional compliance matrix ½aij� ¼ ½Aij�
�1

and the

subscripts comply with standard notation in mechanics of composites.

As is evident from the present discussion, analytical solutions for FGM

structures may be possible if grading is limited to the thickness direction. In the

general case, the solution has to be numerical. The strain energy of an FGM

structure is introduced in the same manner as for any other material, i.e.,

U ¼ 1

2

ð ð
O

ð
ðsxex þ syey þ szez þ tyzgyz þ txzgxz þ txygxyÞ dO (2.15)

where O is the volume occupied by the structure. The difference between a

conventional composite material and a heterogeneous FGM where grading can

vary with in-surface coordinates becomes apparent if we substitute the stress–strain

relations (2.1) into (2.15).

It is necessary to emphasize here that assumptions regarding analytical

expressions for the tensor of stiffness of FGM should be treated with caution.

This is because in realistic situations we can prescribe variations of the volume

fraction of constituent materials, i.e., analytical functionscnð�xÞ. However, analytical
expressions for the stiffness, i.e., AðxÞ; BðxÞ; DðxÞ, should be derived based on the

adopted micromechanics, reflecting the local volume fraction, shape, and orienta-

tion of the inclusions (constituent phases), rather than being assumed arbitrarily. On

the other hand, it is possible to develop a reverse scheme starting with the tensor of

stiffness of FGM and using micromechanics to specify the corresponding volume

fraction and geometry of inclusions.
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In conclusion, we outlined fundamental relations involved in the analysis of

FGM structures and illustrated the major difference between cases of in-surface and

through-the-thickness grading. Two approaches to the micromechanical problem

have been identified: a direct approach where the properties, such as the tensor of

stiffness, are determined based on the prescribed volume fraction, orientation, and

shape of the constituent phases and the reverse approach where the latter volume

fractions and geometry are specified based on the prescribed tensor of stiffness.

2.4 Representative Recent Studies of FGM in Engineering

In this section we refer to recent studies in various areas of FGM oriented toward

engineering applications. While several comprehensive reviews are cited above, we

concentrate here on relatively recent representative additions to the field. The

problems anticipated in biomedical and biological applications being mostly lim-

ited to a narrow range of temperatures, we eliminate the reference to heat transfer

problems and to the effects of temperature on stresses and properties of FGM.

2.4.1 Homogenization of FGM

The homogenization bamboo, a natural FGM, was undertaken using graded finite

elements and accounting for a continuous variation of properties through the bam-

boo wall [21]. A stochastic micromechanical solution utilizing a Mori-Tanaka

approach to the evaluation of probabilistic properties of an isotropic FGM was

considered in [22] accounting for uncertainties in constituent material properties

and their volume fraction. The outcome included the mean and standard deviation of

the elastic modulus and Poisson ratio as well as their probability density functions.

The finite-volume theory was developed for modeling of a graded material

microstructure with arbitrary shaped cross sections and subsequently applied to

the analysis of the conductivity and stiffness matrices [23, 24]. It was found that the

proposed approach was competitive with a finite element method.

An additional consideration that may become essential in the micromechanics of

FGM with small size RVE or with steep gradients is nonlocal elasticity. Such issues

are important if a classical continuum model is not well suited to modeling of the

material because of small-scale effects [25]. The concept of nonlocal elasticity is

based on the presumption that the stress at a point depends both on the strain at the

same point as well as on the strains at other points within the body. As a result, the

internal characteristic length, such as the lattice parameter, can be incorporated into

constitutive equations. Nonlocal elastic models have been proposed and applied to

modeling composite structures incorporating nanotubes, but they may also be useful

for the characterization of FGM. These models incorporate the features of both the

classical continuum model as well as the internal small-scale length effects.
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In general, the main areas where research on the micromechanics and

homogenization of FGM is needed include:

1. Accounting for local RVE-scale variations in the properties associated with

rapidly varying volume fractions, shapes, and orientation of constituent

materials.

2. Multiscale aspects involving an interaction between local and global scales.

3. Random micromechanical formulations reflecting uncertainties of the distribu-

tion of constituent phases that may be particularly significant at the microscale as

well as uncertainties of constituent material properties.

2.4.2 FGM in Beams, Plates, and Shell Structures

Some of the recent studies of FGM plate structures include analyses of the effect of

grading on the nonlinear forced and free response of thin circular plates [26, 27].

Axisymmetric static bending of annular transversely isotropic FGM plates

undergoing uniform pressure was considered in [28]. Experimental, numerical, and

analytical models of FGM plates subjected to low-velocity impact loading were

reflected in optimization formulation yielding material properties of individual layers

[29]. A higher-order layer-wise shear-deformation theory for FGM plates was devel-

oped and validated for static and dynamic representative cases [30]. A geometrically

nonlinear elastic formulation for FGM plates was developed in [31]. While

the majority of studies referenced above were confined to grading through the

thickness of the structure, elasticity solutions were also developed for FGM

beams with the elastic modulus varying both in the thickness and in the axial

directions [32].

The bending response of sandwich beams with viscoeleastic FGM facings

resting on an elastic foundation was considered in [33]. Various aspects of the

response of functionally graded sandwich panels were also considered in recent

studies [34, 35].

Dynamic stability of shear-deformable FGMbeams, where the length scales of the

deformation field and the material microstructure are comparable, was investigated

using the couple stress theory [36]. The problem of dynamic stability of FGM

shear-deformable shells was considered in [37]. The impact problem of a thick

two-dimensionally graded hollow cylinder subject to an internal pressure was

investigated in [38] where, predictably, shells with a two-dimensional grading were

found superior to one-dimensional counterparts. Buckling of FGM cylindrical shells

under axial compression was analyzed, accounting for geometric nonlinearity and

initial imperfections [39]. The effect of through-the-thickness grading on the stress

distribution in hollow spherical shells was shown to be confined mostly to tangential

stresses, while radial stresses remained little affected [40]. A linear through-the-

thickness distribution of the shear modulus was found to produce a constant hoop or

circumferential stress in elastic FGMhollow cylinders and spheres, respectively [41].
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The through-the-thickness grading has a significant effect on buckling of truncated

conical FGM shells undergoing hydrostatic pressure [42]. An example of a finite

element free vibration analysis of doubly curved shear-deformable shells with

through-the-thickness grading is found in [43]. A graded finite element was devel-

oped for FGM geometrically nonlinear shells accounting for shear deformability

through the first-order theory in [44]. Although thermal problems are avoided in our

chapter, it is worth mentioning here the work analyzing thermomechanical behavior

of FGM cylindrical shells with flowing fluid; this analysis may relate to problems of

blood vessels that are also graded through their thickness [45].

The response of FGM structures with damage has received relatively little

attention. Vibrations of FGM beams with cracks of various orientation were

analyzed in [46].

Among potential applications of FGM structures wings and thin-walled blades

were considered in [47, 48]. In particular the torsional stability of the wing was

enhanced using spanwise grading of material properties, rather than through-

the-thickness grading. Nonlinear supersonic flutter of FGM plates graded in the

thickness direction was considered in [49]. Temperature is often present in aero-

space structures; accordingly, we cite here papers accounting for thermal effects that

are avoided in the rest of this survey. Among other applications, numerous studies

have been conducted on functionally graded coatings; referenced here is paper [50].

A comprehensive review of earlier applications of FGM can be found in [3].

It is emphasized that the study of static and dynamic response of FGM structures

should be comprehensive, including a local strength analysis. The latter is particu-

larly important in FGM since their strength is a function of location, varying with

the volume fraction, orientation, and shape of inclusions. In addition, fracture

toughness of FGM is a function of coordinates and material architecture. These

observations further emphasize the necessity of the analysis and design addressing

all aspects of the problem, i.e., micromechanics, stiffness, strength, and

macromechancial response.

2.4.3 FGM in Smart Structures

Research of smart FGM has mostly been confined to piezoelectrics. Panda and Ray

analyzed the effectiveness of a 1–3 piezoelectric composite employed as a

constraining layer to control nonlinear vibrations of a functionally graded plate,

including an optimum location of a damping patch [51]. The sliding frictional

contact problem of a graded piezoelectric half-plane in the state of plane strain

was considered by Ke et al. [52]. The displacements and electric potential in a

radially graded piezoelectric hollow shaft were found in [53]. Transient dynamic

problems in inhomogeneous piezoelectric solids were analyzed by a meshless

Petrov-Galerkin method concentrating on the unit step function loading [54]. Free

vibrations and static response of doubly curved magneto-electro-elastic FGM shells

with grading in the thickness direction were investigated in [55, 56], respectively.
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A potentially interesting concept suggested in the present chapter would use

superelastic shape memory alloy inclusions for optimum energy dissipation in an

FGM composite structure. Superelastic shape memory alloys have an exceptionally

high damping potential due to their large hysteresis loop area that can be employed

to enhance dynamic response of composites (e.g., [57]).

2.4.4 Waves in FGM

Studies on waves in FGM and on the scattering of waves in FGM structures have

gained noticeable popularity in recent years. For example, the effect of grading on

the stress and displacement fields generated by Love waves in an FGM layered

structure has been recently investigated [58]. The scattering of waves by hollow

FGM ZrO2-Al cylinders submerged in and filled with a nonviscous fluid was

analyzed by acoustic resonance scattering theory [59]. A study concerned with

the propagation of guided acoustic waves in FGM plates was undertaken in [60].

Propagation of waves in piezoelectric media represents a fascinating theoretical

and engineering problem. For example, the problem of wave propagation in piezo-

electric FGM structures in contact with viscous fluid was analyzed in [61]. A three-

dimensional piezoelastic formulation was employed to study wave propagation in

hollow cylinders in [62]. Wave propagation was also considered for transversely

isotropic elastic piezoelectric half-sphere with grading in the depth direction [63].

The propagation of antiplane and shear-horizontal planes along the interface

between two half-space piezoelectric FGM with properties varying in the direction

perpendicular to the interface was analyzed in [64].

Shear wave scattering from a crack in a piezoelectric layer bonded to an FGM

half-space was studied yielding normalized dynamic stress intensity factors as well

as normalized electric displacement intensity factors [65]. The scattering of electro-

elastic waves and the dynamic stress problem in the vicinity of a cavity in an FGM

layer bonded to a homogeneous piezoelectric material was considered by Fang [66].

A further degree of complexity is encountered in the problems involving

structures composed of piezoelectric and magnetostrictive materials (e.g., such

structures are being considered in energy harvesting applications). For example,

the propagation of waves in plates composed of graded piezoelectric (BaTiO3) and

magnetostrictive (CoFe2O4) layers was investigated in [67].

2.4.5 Optimization of FGM

An optimization problem in FGM hollow cylinders and spheres with a radial

volume fraction variation was considered in [68] aiming either at a constant hoop

or circumferential stress or a constant in-plane shear stress (in particular, constant

hoop stresses imply an elimination of stress concentration). In the same paper, the

radial distribution of constituent volume fractions necessary for a constant

through-the-thickness linear combination of the radial and hoop stresses was
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specified. Although FGM subject to thermal loading are excluded from this review,

mentioned here is the work of Bobaru [69], which illustrates that the outcome of the

optimization procedure in FGM depends on the micromechanical model employed

in the analysis.

It is noted that optimization of FGM may rely on numerous flexible tools,

including variations of volume fractions, shapes, and orientations of constituent

phases. However, a designer should be aware of limitations superimposed by

manufacturability of such materials, including cost considerations.

2.4.6 Fracture, Stress Concentration, and Contact
Problems in FGM

Among the many studies on fracture in FGM, fracture in an FGM strip with an

arbitrary property variation was considered in [70]. The problem of a crack in an

FGM coating inclined relative to a discontinuous interface was analyzed by Li and

Lee [71]. An experimental investigation of fracture toughness in FGM consisting of

partially stabilized zirconia and austenitic stainless steel was conducted [72],

illustrating the benefits of a fine microstructure in FGM. Besides attempts to reduce

the fracture tendencies along the interface, nanostructural coatings were shown to

significantly increase the hardness of the surface [73].

Numerous studies of fracture in piezoelectric FGM have been published in

recent years. The problems of an interfacial crack between an FGM layer and a

dielectric substrate was analyzed for three cases, including a crack located near the

edge of the interface and cracks far from the interface of a thin or thick piezoelectric

layer with the substrate [74]. The interaction between parallel cracks in graded

piezoelectric materials was considered in [75]. The mode III fracture of an

FGM piezoelectric surface layer bonded to a piezoelectric substrate was studied

in the case where cracks were normal to the interface [76]. The mixed-mode

fracture in orthotropic FGM loaded by normal and shear tractions applied at the

crack surface was also analyzed by Dag et al. using both analytical and finite

element methods [77].

Mixed-mode fracture problems for penny-shaped and annular cracks in FGM

strips were investigated in [78]. Periodic arrays of cracks in an FGM strip bonded to

a homogeneous piezoelectric half-space were considered in [79].

Dynamic fracture problems in FGM are represented by several recent studies.

A magnetoelectroelastic half-space with an FGM coating experiencing dynamic

interfacial cracking as a result of impact loading was analyzed and a preferable

coating grading arrangement was demonstrated [80]. Transient crack propagation

along the shear modulus grading direction in an FGM was considered for Modes I

and II fracture [81]. A dynamic antiplane fracture problem in magnetoelectroelastic

plates with internal or edge cracks oriented in the gradation direction was
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considered in [82] where it was indicated that the crack propagation can be retarded

by an appropriate grading of the material.

A stochastic multiscale approach to the fracture problem in FGMwas considered

in [83]. The probabilistic crack-driving forces and reliability were assessed

employing two stochastic methods, i.e., the dimensional decomposition method

and the Monte-Carlo simulation.

The effect of in-plane material grading on the stress concentration factor in an

FGM plate with a circular hole was numerically investigated in [84]. It was

demonstrated that the stress concentration can be reduced by varying the modulus,

gradually increasing it with the distance from the hole.

Contact problems of FGM have also received the close attention of researchers.

For example, Lee et al. investigated the effect of modulus of elasticity grading on

the indentation produced in an elastic half-space by a rigid indenter [85]. The

contact problem for an FGM layer subject to frictional sliding load applied by a

flat punch was investigated in [86].

2.4.7 Manufacturability

One of the most challenging aspects of engineering FGM is related to the difficulty

of manufacturing components with prescribed grading. These complications arise

from a very small dimensional scale of property variations. This problem, discussed

in a previous review [3] and other references, is particularly severe in case of

grading in the thickness direction. If grading occurs with respect to in-surface

coordinates, a larger scale usually permits a much easier reproduction of prescribed

gradients. Some of the recent studies relevant to the manufacture of FGM

components have been discussed in [10, 87, 88].

2.4.8 Biomedical Applications of FGM

Biomedical applications of FGM have not been extensively reviewed in the litera-

ture (e.g., [3]). Accordingly, we concentrate here on biomedical problems where

these materials either may be applied or have been considered.

Erisken et al. investigated viscoelastic and compressive properties of a bovine

osteochondral tissue and engineered constructs aiming at a better understanding of

grading in properties along the thickness enabling a smooth transition of loads [89].

A bi-phasic model of functionally graded soft tissues was analyzed to describe a

response to mechanical loading, accounting for geometric nonlinearities, rate-

dependence, and anisotropy in [90]. Willert-Porada reviewed possible applications

of biomimetic methods in design and fabrication of both a functionally graded

hard tissue implant and, surprisingly, applications such as diesel engine filters [10].
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Functional grading at the tendon-to-bone insertion site involves several

mechanisms, including variations of the collagen fiber orientation from tendon to

bone and a gradual variation of the mineral content. While the fibers that are

uniaxially oriented in the tendon exhibit angular variations as they approach the

bone, the mineral content varies from high volume fraction at the bone surface to

zero at the tendon-insertion boundary. This phenomenon and its implications on the

stiffness of the insertion site and the local stress concentration have recently been

investigated [11, 91, 92].

Studies of a potential for FGM in hip replacement stems have also been

conducted. For example, potential advantages of a 2-D functionally graded stem

with variable content of hydroxyapatite, bioglass, and collagen were considered

[93]. As was illustrated in this study, stress shielding and interfacial shear stress at

the stem-femur interface were dramatically reduced compared to a standard tita-

nium stem.

Dental applications of FGM have also received close attention. In particular,

Hedia [94] conducted design of a dental implant coating and illustrated that if it

is graded from titanium at the apex to collagen at the root, the von Mises stress in

the bone can be reduced by 17% compared to the stress with hydroxyapatite

coating. Further studies of the effect of graded implants on the bone can be found

in [95].

2.5 Example Problem: Optimization of an FGM Sandwich

Panel for Maximum Buckling Load and Fundamental

Frequency

Contrary to numerous FGM studies where grading was limited to the thickness

direction, it is interesting to quantify potential advantages of in-surface grading in

engineering and biomimetic structures. Such analysis is of particular interest since

in-surface grading is found in numerous biological systems, such as the previously

discussed tendon-to-bone insertion site.

In the present section, we consider the effect of optimized grading of the in-plane

stiffness in sandwich plates aiming at an increase in the eigenvalues (buckling load

and fundamental frequency), without a penalty in the plate weight. The size of the

sandwich plate considered in the study was 1:0� 1:0� 0:01 m. Each facing was

constructed of 11 cross-ply 0.125 mm thick IM7/977-2 carbon/epoxy layers with

the lamination scheme [03/90/03/90/03]. The fiber volume fraction in all layers of

the original plate (prior to the introduction of grading) was 50%. The 7.25 mm thick

foam core was manufactured from Divinycell HT 65.

The boundaries of the plate were simply supported. In the buckling problem, in-

plane displacements of the edges loaded by compressive stress resultants were

unconstrained in the load direction, while their tangential in-plane displacements

(displacements along the edge) were prevented. Such boundary conditions
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resemble the case where the edges are supported by stringers of negligible out-of-

plane stiffness and high axial stiffness. The same in-plane boundary conditions

were adopted for the couple of unloaded edges. In the vibration problem, all edges

were prevented from both tangential and normal in-plane displacements. Such a

situation is encountered if the plate is supported by stringers and frames, while

being constrained by adjacent structures from expansion or contraction.

The plate was modeled with 1,089 four-node, reduced integration shell elements

using the ABAQUS commercial finite element code. Local volume fraction of

fibers in the facing layers of the modified FGM plate was varied using the “material

properties” module of ABAQUS [96]. A Constrained Minimization (CONMIN)

was performed to optimize the plate using the Method of Feasible Directions that is

built in the DAKOTA code [97]. The optimization conducted in this study was

limited, i.e., while the volume fractions of fibers varied over the surface of the

facings, all layers remained identical. Furthermore, the orientation of the layers was

not altered. Thus, it may be possible to further improve the outcome of the

procedure outlined below.

The optimum distribution of fibers in the layers of the facings is shown in Fig. 2.2

for the buckling problem where the panel is subject to uniaxial compression and for

the free vibration problemwhere wemaximize the fundamental frequency. The fiber

distribution was changed piecewise in all layers, i.e., further improvements could

be possible using different fiber content in different layers, varying the fiber content

as a monotonous function of coordinate, or using ellipsoidal boundaries of the

regions with different fiber fractions. Nevertheless, even with the present optimiza-

tion approach, the buckling load was increased by 18.3% and the frequency by 8.7%,

without any weight penalty. Furthermore, while the optimization could be refined,

the present piecewise optimization complies with technological requirements to

Fig. 2.2 Optimum fiber distribution in the facings of a square sandwich plate resulting in an

18.3% increase of the buckling load (left) and in an 8.7% increase of the fundamental frequency

(right). Different colors correspond to different fiber volume fractions varying from 30 to 70%
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realistic engineering structures (e.g., an ellipsoidal boundary between regions with

different fiber volume fractions is unlikely to be endorsed by industry).

In addition to the stability analysis, structural optimization of a compressed plate

should ensure that the stresses in the facings and core remain below the allowable

limit. The stress check results for the compressed optimized panel shown in Fig. 2.2

are demonstrated in Figs. 2.3 and 2.4. It was found that the stresses in the facings

and core do not exceed the allowable level for the respective materials. It should be

noted that the issue of strength of facings with variable fiber content involves both

the check of local stresses as well as the update of the material strength dependent

on the local fiber volume fraction. Such local failure modes as face wrinkling or

kinking and core shear failure (e.g., [98]) did not present a problem in the present

example. The stresses in the core that remained within the safe range are not shown

here for brevity.

It is interesting to compare an optimization of a representative aerospace sand-

wich plate illustrated in this example with the optimization found in such biological

Fig. 2.3 Stresses (Pa) in the load (horizontal) direction in the facings of the optimized plate

subject to the buckling load (left: 0� layers, right: 90� layers)

Fig. 2.4 Stresses (Pa) in the direction perpendicular to the load in the facings of the optimized

plate subject to the buckling load (left: 0� layers, right: 90� layers). The load is acting in the

horizontal direction
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system as the tendon-to-bone insertion site. While the stiffness of the plate varies

due to the fiber content, at the insertion site the gradation of the stiffness is achieved

through the orientation of collagen fibers and mineral content along the insertion.

The final outcome is the structure optimized either for the highest eigenvalues

(sandwich plate) or for the highest tensile load carrying capacity (insertion site).

2.6 Conclusions

The current chapter outlined the principles and mathematical backgrounds of FGM

in engineering. A review of representative recent studies of such materials was

presented. An example of optimization of a sandwich plate with in-surface graded

facings resulting in a significant increase in the buckling load and fundamental

frequency without a weight penalty was demonstrated.

FGM have found application in numerous engineering areas. The complexity of

these material systems requires a comprehensive approach to their design and

analysis, incorporating a multiscale formulation from the micromechanical RVE

level to macromechanical structural analysis. It is emphasized that a concept like

the strength of the material becomes irrelevant in FGM where the strength varies

with the position reflecting a distribution of constitutive phases throughout the

material. Similar considerations affect the analysis of fracture and such local failure

modes as wrinkling in sandwich structures.

In conclusion, we emphasize that numerous natural biological systems are

graded. Therefore, a biomimetic approach to design of FGM structures deserves

close attention.
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Chapter 3

Models for the Mechanics of Joining

Dissimilar Materials

Guy M. Genin and Yanxin Liu

3.1 Introduction

The attachment of dissimilar materials is an age-old problem in mechanics, and a

number of clever strategies for bimaterial joining now exist. An aim of this book is

to bring out new classes of solutions based upon strategies that can be found in

nature and physiology. The aim of this chapter is to present an accessible overview

of some of the physical problems that these strategies need to overcome. The

approach taken here is to summarize some of the key model problems that can be

studied to gain insight into the challenge. The problems presented here fall under

the category of small-strain, linear elasticity solutions.

The model attachment system discussed throughout this chapter is the attach-

ment of tendon to bone. Those familiar with mechanics might find this odd, because

neither tendon nor bone are particularly linear, and strains in tendon routinely reach

the limit of about 10 % that is commonly considered the limit of good taste for the

application of small strain theories. A tendon is certainly not a linear spring when

deformed significantly, and even for infinitesimal, monotonic deformations, it

behaves as a different spring depending upon how quickly it is stretched. Further,

an intricate material and structural system can be found at the tendon-to-bone

insertion site in a healthy adult [1–5]. However, most of the solutions presented

in this chapter have the advantage of simple, closed form expressions that afford

better insight into the behavior of bimaterial attachments than would a rigorous

numerical solution that accounts for material and geometric nonlinearity. These

solutions have relevance in very specific loading cases.

The chapter begins with a concise overview of linear elasticity. The goal of that

section is not to teach the subject, but to either alert the expert to the specific
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notation that will be used in this chapter, or to provide the initiate with a broad sense

of what underlies the boundary value problems presented in this chapter. For a more

meaningful discourse on the subject, we suggest Allan Bower’s online text [6].

3.2 A Whirlwind Tour of Linear Elasticity

This section presents the basic elements of a boundary value problem in linear

elasticity. The goal in each of the model problems discussed in this chapter is to

understand how the details of the way two materials are attached and loaded elevate

internal forces (stresses) at the attachment site. In each case studied, the boundary

value problem involves an idealization of an attachment into a linear elastic

“tendon” and a linear elastic “bone,” with a sharp interface between them

(Fig. 3.1). The inputs to the problem are:

1. The initial shapes of tendon, bone, and their interface, which will often look

somewhat less like a potato than Fig. 3.1 but nevertheless be highly idealized.

2. A set of constants that describe the mechanical responses of the tissues, which, in

the simplest model problems, consist of two constants for tendon and two

constants for bone, which are an elastic modulus E and a Poisson ratio n.
3. A set of boundary conditions that describe either the displacement or the

mechanical tractions applied in each of three orthogonal directions at each

point on the outer boundaries of the model.

The outputs are:

1. The internal stress field.

2. The internal displacement field.

Fig. 3.1 A potato, with some notation useful to the theory of elasticity
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3. The displacement at each point and in each direction for which traction was

prescribed in the boundary conditions (e.g., the portion Su of the boundary of V
in Fig. 3.1).

4. The traction at each point and in each direction for which displacement was

prescribed in the boundary conditions (e.g., the portion St of the boundary of V in

Fig. 3.1).

These are obtained by solving the following sets of equations at each point

within the model:

1. Strain–displacement equations that define the strain tensor field «(x) at each
point x within the volume VT of the tendon and VB of the bone in terms of the

displacement vector field, u(x). Here and throughout the chapter, we write these

equations using index notation, in which subscripts are understood to represent

indices ranging from 1 to 3, commas represent partial differentiation, and

repeated indices within a grouping imply summation over the three values of

that index. The strain displacement relations are then:

eij ¼ 1
2
ðui;j þ uj;iÞ (3.1)

where eij represents the 3 � 3 matrix of components of the strain tensor « in a

particular coordinate system, ui represents the three components of the displace-

ment vector u in that coordinate system, and ui;j ¼ @ui=@xj.
2. Compatibility relations. Since the nominal strain tensor has six independent

components and the displacement vector only three, not every choice of a

spatially varying strain field relates to a displacement field. Strain fields that

do meet this criterion satisfy the compatibility relations:

eij;kl þ ekl;ij � ejl;ik � eik;jl ¼ 0 (3.2)

where the additional subscript following the comma represents a second deriva-

tive with respect to the components of the coordinate system, so that eij;kl ¼ @2

eij=@xk@xl.
3. Constitutive relations that predict the strain tensor at a point in terms of the stress

tensor s. For the case of linear, isotropic elasticity, these are:

eij ¼ 1

E
½ð1þ nÞsij � ndijskk� (3.3)

sij ¼ E

ð1þ nÞ eij þ
E

ð1þ nÞð1� 2nÞ dijekk (3.4)

where dij is Kronecker’s delta function that equals 1 when i ¼ j and 0 otherwise,
and ekk ¼ e11 þ e22 þ e33.
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4. Newton’s second law, written for a continuous system that is not accelerating

and for which gravitational forces are negligible:

sij;j ¼ 0 (3.5)

Traction boundary conditions enter the problem by noting that Ti ¼ sjinj, where
n is the outward normal vector of the body’s outer boundary at a point at which a

traction vector is applied (e.g., the portion ST of the body in Fig. 3.1). Finding the

set of internal vector and tensor fields that uniquely satisfy the above four sets of

equations is often not straightforward and is often difficult to do by inspection. Most

of the solutions presented in this chapter were derived using planar assumptions

(either plane stress, in which out-of-plane stress tensor components are taken as

zero or constant, or plane strain, in which out-of-plane strain tensor components are

taken as zero or constant), and using a mathematical trick known as a potential

function. Although the solution procedures are well beyond the scope of this

chapter, we present here a simple example with the hope of preparing a student

interested in the subject to follow a derivation in one of the original articles. The

example presented here is the stress function of Airy, who defined a function’ such

that sxx ¼ @2’
@y2 ; syy ¼ @2’

@x2 , and sxy ¼ �@2’
@x@y or, in cylindrical coordinates, srr ¼ 1

r
@’
@r

þ 1
r2

@2’
@2y , syy ¼ @2’

@r2 , and sry ¼ � @
@r

1
r
@’
@y

� �
. Substituting this function into Newton’s

second law results in Newton’s second law being identically satisfied within the

plane. Substituting these definitions into the constitutive equations, and then

substituting the resulting expressions for strain into the compatibility relations

results in a single equation for ’ : r4’ ¼ 0. The identification of a solution then

involves finding which of the functions ’ that satisfy this biharmonic equation

meets the boundary conditions for the problem of interest.

One solution presented in this chapter makes use of an energy argument. We

note that the average strain energy U per unit volume over a portion of a body, say

VT as in Fig. 3.1, can be written:

U ¼ 1

2

ð
VT

sijeij dV (3.6)

and the total strain energy in that part of the body is the product of the volume and

the strain energy density, VTU.

3.3 An Isotropic Solid Attached to a Rigid Substrate

The simplest possible idealizations of an engineering attachment yield insight into

how the morphology of the attachment governs the stress field, and we begin by

discussing two such idealizations. We will relate these to the attachment of tendon

46 G.M. Genin and Y. Liu



to bone. The solutions are for a thin, isotropic material, taken to be a tendon,

attached to a rigid substratum, taken to be bone. The tendon is loaded at some

position far from the attachment point. The two solutions involve a tendon

connected straight to bone in the absence of toughening mechanisms such as a

graded interface or tendon/bone interdigitation. However, this particular aspect of

the models is not too far distant from the reality of surgical practice, in which all

interfacial tissue is resected away and tendon is sutured directly onto bone that has

been prepared by drawing blood through abrasion, and little else. We note as well

that a tendon is not isotropic. In later sections of this chapter we explore how

tendon anisotropy affects stresses, and for now note simply that the isotropic

approximations provide superior qualitative insight into the mechanics of attach-

ment, and that the mechanical properties of a healing tendon-to-bone insertion site

are believed to be reasonably represented by an isotropic continuum [7].

3.3.1 The Williams Free Edge Problem

Williams [8] considered a problem that represents the model shown in Fig. 3.2. The

asymptotic stress field in the cylindrical coordinate system shown in Fig. 3.2 can be

written:

srr ¼ rl�1ðF00ðy; lÞ þ ðlþ 1ÞFðy; lÞÞ
syy ¼ rl�1ðlðlþ 1ÞFðy; lÞÞ
sry ¼ �rl�1F0ðy; lÞ

(3.7)

where F(y;l) is a function whose form is given by Williams [8]. F(y;l) contains
four unknown constants that must be found along with l using the boundary

Fig. 3.2 A highly simplified model of a tendon-to-bone attachment, with a schematic of how

parameters of the Williams solution relate to this picture. The tendon is linear elastic with elastic

modulus E and Poisson ratio n. The insertion angle yT of the tendon is shown here as being greater
than 90�, although the graphic at the left suggests that nature is in fact smarter than that

3 Models for the Mechanics of Joining Dissimilar Materials 47



conditions. The displacements can be written in terms of these constants using (3.4)

and (3.1):

ur ¼ rl
1þ n
E

� �
ð�ðlþ 1ÞFðy; lÞ þ ð1� nÞC0ðy; lÞÞ

uy ¼ rl
1þ n
E

� �
ð�F0ðy; lÞ þ ð1� nÞðl� 1ÞCðy; lÞÞ

(3.8)

where n ¼ n=ð1� nÞ, and C(y;l), a function whose form is given by Williams [8],

contains two of the four unknown constants that are found when determining

F(y;l).
The key to characterizing the stress field at the point of attachment on the free

edge (origin, r ¼ 0) is l: if l < 1, the stress at the origin is infinite, and if l � 1 the

leading term of the asymptotic expansion is zero. The four boundary conditions that

determine these constants are that (1 and 2) the two displacement components for

points on the bone side of the tendon are zero and (3 and 4) the free edge of the

tendon is free of tractions in the directions normal and parallel to the surface. This

results in a system of equations that has a nontrivial solution only if the following

equation is satisfied:

sin2ðlyTÞ ¼ 1

3� 4n

� �
ð4ð1� nÞ2 � ðlyTÞ2sin2yTÞ (3.9)

Equation (3.9) is transcendental in l, and an infinite number of ls therefore

satisfy it. All of these are valid solutions. The one of interest would seem to be the

smallest value, as this suffices to determine whether the stresses at the corner point

are unbounded. However, care is usually taken to ensure that the displacement field

is bounded even if the stress field is unbounded. Since from (3.8) one can observe

that the displacement field scales as rl, the displacement at r ¼ 0 is bounded only if

l > 0. We therefore look for the smallest l > 0 and are interested in identifying

whether this smallest value is in the range 0 < l < 1.

A graph of this minimum l as a function of the tendon insertion angle yT shows
that l decreases monotonically over the range of 0 � yT � p/2 (Fig. 3.3). At a

critical angle, l drops below 1 and the stress field near the free edge becomes

singular. This angle is dependent upon Poisson’s ratio. In an isotropic tendon, the

threshold tendon insertion angle for the onset of a singularity can be as low as 54�.
The exception is n ¼ 0, for which the stress is non-infinite even for a 90� insertion
angle. Note that in the latter case and in non-singular cases in general, the stresses at

the insertion point are not described adequately by considering only the one

potentially singular term in the equation.

This problem studied here is far removed from the reality of a tendon, but

nevertheless shows the role of tendon morphology in determining the effectiveness

of a tendon-to-bone attachment. An outward splay of a tendon at the insertion

of tendon to bone can have a profound effect on the stress level on the

attachment point.
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3.3.2 Peeling Models

The next model considered involves peeling of a tendon away from a rigid bone as

in Fig. 3.4. The tendon is very thin (thickness tmuch smaller than the width w of the

tendon into the page) and is pulled away from the bone with a force f at an angle ’.
For the case of a tendon that has no bending resistance and that does not stretch

a

b

Fig. 3.3 Stresses at r ¼ 0 in theWilliams solution are unbounded for large tendon insertion angle.

(a) The exponent on the leading term becomes less than one and the leading term becomes singular

for sufficiently high tendon insertion angle. (b) The threshold value of tendon insertion angle is a

function of Poisson’s ratio
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appreciably when subjected to the critical force fc needed to debond tendon from

bone, the only material parameter that enters the problem is the fracture energy Gc.

This is the energy per unit area needed to increase the crack length a of the region of
tendon that has debonded from the bone. Using energetic arguments, Rivlin [9]

calculated the force fc needed to advance the crack:

fc
w
¼ Gc

1� cos ’
(3.10)

For ’ ¼ 90�, this reproduces a simple Griffith-Irwin type fracture criterion. For

’ approaching 0�, the force needed for extension of a crack between the tendon and
bone approaches infinity. This model is limited, even from the perspective of

elementary linear elastic fracture mechanics. For example, as will be discussed

below, one would expect Gc to vary with ’. However, even this simple starting

point yields some insight into tendon-to-bone attachment mechanics and might

explain in part why the bone insertions of, for example, the Achilles tendon are such

that there exists a significant overlap region at the heel. The most common site of

tears in the Achilles tendon is not where the tendon first contacts bone but rather

midsubstance, near this point. This is loosely consistent with expectations from this

model: one would not expect a failure at the attachment of tendon to bone with ’ so

close to 0� unless the force f was sufficient to break the tendon itself or to

overwhelm the entire attachment region.

Tendon is compliant compared to bone, so the next appropriate degree of

complexity for a peel test model incorporates an elastic tendon. The solution for

this case was derived by Kendall [10, 11] and considers a linear elastic tendon of

elastic modulus ET and thickness t in a state of plane strain, which is appropriate for
w � t:

Gc ¼ ð1� cos ’Þ fc
w
þ f 2c
2ETw2t

(3.11)

Kendall noted that the elastic term is important only in special cases. The first

case is when ’ approaches 0�. The second is when the term fc/ETtw is large, which

corresponds to the case of a relatively large strain being reached at the level of fc

Fig. 3.4 The Kendall peel

test model
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that causes pealing. Unlike the case of a rigid tendon, a crack between tendon and

bone can advance in this system even if the peel angle is 0�. The crack will advance
and the tendon will peel away if the elastic energy released when the crack

advances a certain distance exceeds that needed to drive the crack this distance.

The elastic term is clearly important for a tendon such as the Achilles tendon, whose

functioning is at times like an elastic spring.

The expression (3.11) provides a lower bound on the value of Gc needed to

ensure that a crudely attached tendon would rupture before becoming detached. We

consider the case of an idealized Achilles tendon with ’ 	 0�. Following Wren

et al. [12], we assume a tendon failure strain value of eu ¼ fc/ETwt 	 0.1, and a

failure stress of su ¼ fc/wt 	 80 MPa. Assuming a thickness t of between 2 mm

and 2 cm yields a required Gc ¼ (1/2) su eu t on the order of 8–80 kJ/m2. This is a

fracture toughness range associated with tough engineering materials such as

aluminum alloys, high strength steels, and fiberglass [13]. This back-of-the-

envelope calculation points to a need for a careful interface design and highlights

the difficulty one could expect to encounter in trying to surgically reattach tendon

directly to bone: a direct attachment of tendon to bone would not likely ever

succeed in gaining the toughness needed to withstand the forces associated with

tendon rupture at midsubstance.

Another way that this solution provides insight is through the relative magnitudes

of the two terms in (3.11). Even for a highly elastic tendon, the elastic term can

be small compared to the crack-opening term (1–cos ’) unless the opening angle

is close to 0�. For a tendon, we plotted the two terms in Fig. 3.5; note that Fig. 3.5

is drawn for a fictional attachment in which Gc does not vary with ’. The line shown
is for the above numbers for tendon, with ET ¼ 450MPa [14] so that the normalized

Fig. 3.5 Dependence of peel strength on peeling angle ’ in a fictional tendon-to-bone attachment

in which the critical energy release rate does not depend upon the peeling angle
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critical energy release rate Gc=2ETt 	 0:05 . In this case, the two terms are

approximately equal at ’ ¼ 25�.
The final wrinkle in this solution that we will mention here is that discussed by

Williams and Kauzlarich [15] for the case in which the tendon exists in a state of

pre-strain. The pre-strain value is given by a uniaxial strain level eo, which

corresponds to an axial force F required to stretch the portion of the tendon that

is adhered to the bone to eo:

Gc ¼ ð1� cos ’Þ fc
w
þ ðfc � FÞ2

2ETw2t
(3.12)

The result is that a pretensioning of the attached region actually increases the
force f needed to cause the tendon to debond. Is this relevant to an idealized

tendon-to-bone attachment? This is unclear. Tendons certainly exist in a state of

pretensioning, and while this pretensioning is well characterized in the

midsubstance, it is not well characterized within the attachment of tendon to

bone. We note that pretensioning in the midsubstance adds to fc and reduces

resilience. For pretensioning to be an effective contributor to attachment, the

level of pretensioning in the region of tendon adhered to bone would have to exceed

that of the tendon at midsubstance.

These solutions have been worked out for arbitrary monotonically increasing

nonlinear uniaxial constitutive laws for the tendon and for large strain [16], but

these are beyond the scope of the current chapter other than to note that the basic

principles remain unchanged.

3.4 Idealized Tendon Attached to Isotropic, Elastic Bone

The next moderate step towards realism is to model the bone with realistic isotropic

mechanical properties. This is still a significant approximation. Bone is sufficiently

stiff relative to tendon that it is well modeled with the small strain assumptions of

linear elasticity, and it is much better modeled as isotropic than tendon is. However,

as described later, bone does present anisotropy over the length scale of hundreds of

micrometers (osteons), and this length scale is relevant to tendon-to-bone

attachment.

The problem of interest was considered by, among others, Bogy [17], Hein and

Erdogan [18], and Akisanya and Fleck [19, 20], with important later contributions

by many others including Klingbeil and Beuth [21]. Here, an isotropic tendon is

attached to an isotropic bone. The insertion angles of the tendon (y1) and the bone

(y2) are both important (Fig. 3.6). The stress at the corner point again has the form:

smij ¼ Hrl�1Fm
ij ðy; lÞ (3.13)
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and the displacement field has the form:

umi ¼ HrlGm
i ðy; lÞ (3.14)

wherem ¼ {1,2} represents the material number and simple but lengthy expressions

for Fij andGi can be found in [20]. The free edge intensity factor,H, depends upon y1
and y2 and also upon the material properties of the tendon and bone. The parameter

a

b

Fig. 3.6 (a) All linear, isotropic material mismatches can be represented by the two Dundurs

parameters, which range over the shaded region. The lighter regions represent pairs of a and b for

which an elastic singularity occurs at the free edge of the interface of a butt joint (inset) between

the two materials. Tendon and bone lie within the hatched region. (b) Most engineering material

pairs congregate in a narrow region of the parameter space, and a few pairs do not result in an

elastic singularity for a butt joint and are non-singular. The figure is anti-symmetric about a ¼ 0,

so data are plotted only for a > 0. (b) Is based upon data plotted in [23]
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space is greatly simplified by Dundurs’ [22] result that, for a body in plane stress or

plane strain loaded by prescribed tractions, the stress distribution depends on only

two dimensionless parameters:

a ¼ m1ðk2 þ 1Þ � m2ðk1 þ 1Þ
m1ðk2 þ 1Þ þ m2ðk1 þ 1Þ

b ¼ m1ðk2 � 1Þ � m2ðk1 � 1Þ
m1ðk2 þ 1Þ þ m2ðk1 þ 1Þ

where the subscripts 1 and 2 refer to bone and tendon, respectively;mi ¼ Ei=2ð1þ niÞ,
and ki ¼ 3� 4ni for plane strain. The parameter a can be understood in terms of a

dimensionless ratioof the reduced elasticmoduli of the twomaterials: a ¼ ð �E1 � �E2Þ=
ð �E1 þ �E2Þ, where �Ei ¼ Ei=ð1� n2i Þ for plane strain. For attachment of tendon to

bone, with bone corresponding to material 1, a > 0. All materials must lie within

the range �1 � a � 1, and a ¼ 1 corresponds to a tendon attached to a perfectly

rigid bone. b also has a specific range of possible values, and these are

represented for the case of plane strain in Fig. 3.6 by the shaded region for all

materials with positive Poisson ratio. Tendon and bone lie in the hatched region

of the plot (elastic modulus for tendon ranging from 50 to 750 MPa; Poisson’s

ratio for tendon ranging from 0.2 to 0.5; elastic modulus for bone ranging from

10 to 30 GPa; Poisson’s ratio for bone ranging from 0.1 to 0.4).

For a “butt joint” in plane strain between tendon and bone, in which a rectangu-

lar tendon joins a rectangular bone as pictured in Fig. 3.7 (tendon and bone insertion

angles y1 ¼ y2 ¼ 90�), the characteristic equation analogous to that of (3.9) can be
found in Akisanya and Fleck [20] and can be rewritten in terms of the Dundurs

parameters:

Fig. 3.7 Free edge of a bi-

material interface. For a bi-

material interface problem,

the order of the free edge

singularity depends upon the

insertion angles and the

material properties of the

adjoining materials
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0 ¼ ða� bÞ2ðl2 � sin2ðlp=2ÞÞ2 � a2ðl2 � sin4ðlp=2ÞÞ
þ 2aða� bÞðl2 � sin2ðlp=2ÞÞsin2ðlp=2Þ
þ sin2ðlp=2Þð1� sin2ðlp=2ÞÞ

(3.16)

Following the logic described above for the Williams solution, solutions are

sought for which the stresses are singular at r ¼ 0 (l < 1, cf. (3.13)) but

displacements are bounded (l � 0, cf. (3.14)). In these cases, one concludes that

the stress field is singular. One can show from (3.16) that the stress field is for pairs

(a, b) in the lighter shaded region of Fig. 3.6, which corresponds to aða� 2bÞ>0.

The hatched region corresponding to attachment of tendon and bone lies well within

the singular range.

What does this mean for attachment of engineering materials? A broad literature

exists that is relevant to relating H and l to a failure criterion that predicts loads at

which the tendon and bone would become debonded. Much of this literature derives

from the study of debonding of thin semiconductor films from silicon substrata

[21, 24], in addition to the broad literature on structural materials. The overall idea

is to first check whether an interface will present a singularity (l < 1), and then, if

so, whether the value of H, which increases monotonically with the tractions

applied to the tendon, is sufficient to cause debonding. We address the first problem

in this section and defer the second to the next section.

Suga et al. [25] compiled data for a broad range of engineering material

mismatches and found them to be clustered over a fairly narrow range; represen-

tative regions are sketched in Fig. 3.6b for several classes of engineering

attachments; note that since all data are antisymmetric about a ¼ 0, only the

region a > 0 is shown in Fig. 3.6b. Common engineering material pairs are found

predominantly along the lines b ¼ a/4 and b ¼ 0, both of which lie well within

the singular range. A few metal/metal, metal/glass, and ceramic/ceramic

interfaces can be found in the non-singular range, but attachment of tendon to

bone is firmly in the singular range.

A singularity between two materials in a butt joint can be eliminated by an

interlayer between them. Interlayers are common in protective coatings on turbine

blades, where one goal is to provide improved adhesion of layers that provide

chemical and thermal protection to the underlying metal blade. In the example we

describe here, the goal is to find a material that will not present a singularity when

paired in a butt joint with either of the two materials to be joined.

As an example, we explore an interlayer between tendon and bone in Fig. 3.8.

The set of all mechanical property pairs (Einterlayer, ninterlayer) that can be paired in a

butt joint with tendon without a singular stress field arising is represented by the

lightly shaded region; the set of all interlayer properties that can be paired in a butt

joint with bone without a singular stress field arising is represented by a darker

shaded region. In both cases, the appropriate interlayer material properties are not

symmetric about the case of identical material properties, with a broader range of

options available for interfaces with a more compliant interface with a lower
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Poisson ratio. A single material that can provide non-singular butt joints with both

tendon and bone is possible, as represented by the black (red in the online version)

region in Fig. 3.7. The log scale highlights that a great many of these involve an

interlayer that is more compliant than either tendon or bone.

Another interesting aspect of the solution is the effect of the insertion angle. The

Xu group has devoted much effort to identifying and evaluating experimentally

certain configurations for bimaterial interfaces that reduce singularities [26–28],

and we discuss one such case. A configuration that has been tested carefully is one

in which both materials exhibit convex outward splays (Fig. 3.9). The example

shown involves insertion angles of y1 ¼ 45� and y2 ¼ 65�. These insertion angles

dramatically reduce the domain of pairs of Dundurs parameters for which a free

edge singularity occurs: only for the case of a very close to 1 does a singularity

occur. As can be seen by comparing the singular regime to those for engineering

attachments in Fig. 3.6, this attachment scheme precludes a singular stress field for

nearly all engineering attachments. However, in the case of biological attachment at

the tendon-to-bone insertion site, the singular region overlaps with a portion of the

possible representative material properties for tendon and bone. This example

highlights once more the sensitivity of the stress field to the details of the

insertion angles.

Fig. 3.8 An interlayer can be found that eliminates the singular stress field that would otherwise

exist at the connection between two dissimilar materials. The light shaded region shows material

constants for material that will not introduce a singular stress field when a butt-jointed to linear

elastic “tendon,” and the darker shaded region shows a similar set of material properties for

attachment to bone. A compliant interlayer with low Poisson ratio can be connected to both tendon

and bone without introducing a singular stress field
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3.5 Free Edge Singularities Between Orthotropic Solids

Section 3.4 focused on attachment of two isotropic materials. Since a focus of this

text is biologic attachment and biomaterials are often quite anisotropic, we extend

the discussion in this section to the problem of free edge singularities in the

attachment of orthotropic materials.

The problem of attachment of general anisotropic materials is much studied,

with specialized numerical methodologies well established (e.g., [29–32]), and

many published analytical treatments [33–37]. A central challenge is that the

number of parameters needed to describe an anisotropic material can be much

greater than that needed to describe an isotropic material. Although anisotropic

generalizations of Dundurs parameters exist, they have not yet been explored in the

context of threshold values for edge singularities. We focus here on a specific case,

namely the attachment of an isotropic bone to an orthotropic tendon.

The mechanical properties of a generally anisotropic linear elastic material can

include up to 21 constants, but this number can be reduced to five based upon

symmetry arguments for a material such as tendon that can be approximated as

transversely isotropic. This means that we will consider the case studied in the

introductory chapter, in which the idealized tendon has the same stiffness for

stressing in any direction perpendicular to that of the dominant direction of the

fibers that comprise them. The general anisotropic constitutive law, eij ¼ Sijklskl ,
involves a fourth order tensor S called the compliance tensor. This tensor is

Fig. 3.9 Tailoring of the insertion angle can radically reduce the region in Dundurs parameter

space over which a free edge singularity occurs. However, even in this example that precludes a

free edge singularity for nearly all engineering material attachments, a singular stress field is

possible for attachment of materials within the range of material properties reported for tendon and

bone. Data from Wang and Xu [26]
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simplified greatly for a transversely isotropic material and can be written in a matrix

form:

exx
eyy
ezz
2eyz
2exz
2exy

2
6666664

3
7777775
¼

1

E
ðmÞ
x

� nðmÞxy

E
ðmÞ
x

� nðmÞxy

E
ðmÞ
x

0 0 0

� nðmÞxy

E
ðmÞ
x

1

E
ðmÞ
y

� nðmÞyz

E
ðmÞ
y

0 0 0

� nðmÞxy

E
ðmÞ
x

� nðmÞyz

E
ðmÞ
y

1

E
ðmÞ
y

0 0 0

0 0 0
2ð1þnðmÞyz Þ

E
ðmÞ
y

0 0

0 0 0 0 1

mðmÞxz

0

0 0 0 0 0 1

mðmÞxz

2
666666666666664

3
777777777777775

sxx
syy
szz
syz
sxz
sxy

2
6666664

3
7777775

(3.17)

where the superscript m ¼ {1,2} represents material 1 or material 2, and the matrix

of elastic constants is called the compliance matrix. The five constants that charac-

terize the constitutive response for each material are: (1) the elastic modulus Ex for

stressing in dominant direction of the fibers that comprise the tendon, which we will

call the axial direction; (2) the elastic modulus Ey for stressing in any direction

perpendicular to the axial direction, which we will call the transverse directions; (3)

a shear modulus mxz that represents the resistance to shear distortion for shearing in

the plane normal to the axial direction; (4) a Poisson ratio nyz that describes the

contraction in a direction within the plane of transverse isotropy and perpendicular

to the direction of a uniaxial straining in a transverse direction; and (5) a Poisson

ratio nxy that describes the contraction in the transverse directions associated with

uniaxial stretching in an axial direction.

The details of finding an asymptotic solution for the stress field near a free edge

at an anisotropic bimaterial interface parallel those of the isotropic problem, with

a few exceptions. These are largely due to the existence of ten material constants,

with five constants for each of the two adjoining materials. For the case of

plane strain, in which the out-of-plane stress components are all set to zero, the

material constants that arise in the solution are derived from the compliance

matrix in (3.17):

�S
ðmÞ
ij ¼ S

ðmÞ
ij � S

ðmÞ
i3 S

ðmÞ
j3 =S

ðmÞ
33 (3.18)

where the subscripts i and j range from 1 through 6 to represent the components of

the compliance matrix. The solutions all depend upon the four roots Mk of the

following characteristic equation (cf. [38]):

�S
ðmÞ
11 ðMðmÞÞ4 þ ð2�SðmÞ12 þ �S

ðmÞ
66 ÞðMðmÞÞ2 þ �S

ðmÞ
22 ¼ 0 (3.19)
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The stress field can be written [36, 39]:

srr ¼
X4
k¼1

rl�1ðlþ 1ÞlAðmÞ
k ð� sin yþM

ðmÞ
k cos yÞ2ðcos yþM

ðmÞ
k sin yÞl�1

syy ¼
X4
k¼1

rl�1ðlþ 1ÞlAðmÞ
k ðcos yþM

ðmÞ
k sin yÞlþ1

sry ¼ �
X4
k¼1

rl�1ðlþ 1ÞlAðmÞ
k ð� sin yþM

ðmÞ
k cos yÞðcos yþM

ðmÞ
k sin yÞl

(3.20)

in which the eight constants A
ðmÞ
k (four in each material) are found from the

boundary and continuity conditions on stress, and on the displacement field:

ur ¼
X4
k¼1

rlðlþ 1ÞAðmÞ
k ðpðmÞk cos yþ q

ðmÞ
k sin yÞðcos yþ mðmÞk sin yÞl

uy ¼
X4
k¼1

rlðlþ 1ÞAðmÞ
k ð�p

ðmÞ
k sin yþ q

ðmÞ
k cos yÞðcos yþ mðmÞk sin yÞl

(3.21)

where the constants p and q depend on the components of the compliance matrix:

p
ðmÞ
k ¼ �S

ðmÞ
11 ðmðmÞk Þ2 þ �S

ðmÞ
12 ; qk ¼ �S

ðmÞ
21 mðmÞk þ �S

ðmÞ
22 =mðmÞk (3.22)

As above, the continuity conditions simply require that there be no jump in the

displacement or stress when crossing the boundary between the two materials, and

the free edge boundary conditions require that the exposed surfaces near the

attachment point be traction free. This leads to a set of 32 equations for the eight

constants A
ðmÞ
k , and the existence of a nontrivial solution requires that the determi-

nant of the coefficient matrix vanishes. As above, this leads to an equation that is

transcendental in l. Despite all of this additional complexity, the problem is as

simple as the others considered in this chapter: Equation (3.21) shows that the stress

field can be singular if the lowest root l is less than 1, and the tradition is to discard
all solutions for which l is less than 0 as non-physical because (3.21) shows that

these lead to unbounded displacements at r ¼ 0.

As an example, we repeat here the solution that we described in Liu et al. [39] of

a transversely isotropic tendon attaching to an isotropic material. The axis of

axisymmetry in the tendon is the y-axis in Fig. 3.7. The properties chosen for the

tendon are based upon those reported by [14, 40, 41]: Ex ¼ 450 MPa, Ey ¼ Ez

¼ 45 MPa, mxy ¼ mxz ¼ 0.75Ex/1,000. Following Liu et al. [39], we took for

the remaining two independent constants nyz ¼ 0 and nxz ¼ nxy ¼ 2. The remaining

constants needed to populate the compliance matrix Sij can be found from the

five constants prescribed: symmetry of the compliance matrix requires that nij ¼ nji
Ei=Ej (in this relation i and j range from x through z, and no summation occurs over
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the repeated indices), so that nzx ¼ nyx ¼ 0.2; in the plane of transverse isotropy,

myz ¼ Ey=ð2ð1þ nyzÞÞ.
A word about Poisson’s ratio is needed here, because, as seen even for the

simplest problems discussed in this chapter, the stress field at the free edge is quite

sensitive to the mismatch in Poisson’s ratio between the two adjoining materials.

Those familiar with linear, isotropic elasticity will recognize the value of 2 for nxz
and nxy as being outside the thermodynamic bounds for an isotropic material, but

they are well within the allowable range for a transversely isotropic material

(see, e.g., [42]). The requirement that stressing of any sort must lead to positive

stored energy requires that each term on the diagonal of the compliance matrix Sij
be positive, and that each term on the diagonal of the inverse of Sij (the stiffness

matrix, Cij 
 S�1
ij ) be positive. The latter requirement yields four criteria for an

orthotropic material (e.g., [43]):

1� nijnji>0 (3.23)

and

1� nxynyx � nyznzy � nzxnxz � 2nyxnzynxz>0 (3.24)

For the transversely isotropic material studied here, these can be written:

1� nyznzy>0 ! n2yz<1 (3.25)

for the transverse plane, and:

2nyzn2xyðEy=ExÞ<1� n2yz � 2n2xyðEy=ExÞ (3.26)

and

n2xy<Ex=Ey (3.27)

for the remaining Poisson ratios. For the numbers chosen to represent tendon,

nyz ¼ 0 satisfies (3.25), and two criteria emerge for nxy from (3.26) to (3.27).

Equation (3.27) requires that � 3:16<nxy<3:16, but (3.26) is more restrictive in

this case, requiring that � 2:24< nxy < 2:24. Note that a fully isotropic material in

which moduli are the same for all directions of stressing, the above equations

require that � 1< nisotropic < 0:5.
The order of the free edge stress singularity at the interface between transversely

isotropic “tendon” and an isotropic material of elastic modulus E(1) and Poisson

ratio n(1) ¼ 0.3 is shown in Fig. 3.10a. Note that we plotted 0 for all values of

(1–l) > 0, because the stress field is not singular in such cases. In this example, for

two values of E(1) and for an insertion angle y1 ¼ 90�, the order of the free edge

singularity was studied for a range of tendon insertion angles y2. The case of

relevance to our theme of tendon attached directly to bone is that of E2 100 times

greater than E
ðxÞ
1 ; that is, with the isotropic modulus of bone 100 times greater than
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the modulus of the tendon material for stretching in the x-direction, and 1,000 times

greater than the modulus of tendon for stretching in the y- or z- directions. The
anisotropy of the tendon exacerbates the singularity relative even to the Williams

solution: in the William’s solution, an isotropic tendon loses the free edge singu-

larity for y2 < ~60�, but here even an insertion angle of 15� presents a free edge

singularity. The problem is relieved to some degree by attachment through a

compliant region. If instead tendon attaches to an isotropic material with E2

100 times greater than E
ðxÞ
1 , an insertion angle of y2 < ~30� eliminates the free

edge singularity. An interesting feature of this is that a second non-singular region

arises for y2 ~ 90�. One could imagine an effective scheme with a compliant

interlayer, in which tendon attaches to a compliant isotropic material at a butt

joint (y1 ¼ y2 ¼ 90�), which attaches to an isotropic bone. This would eliminate

singularities at both interfaces and is loosely related to the scheme that presents at

the healthy tendon-to-bone insertion site (cf. [4]).

Fig. 3.10 For a biomaterial interface problem, the order of the free edge singularity depends upon

the insertion angles and the material orthotropic properties of the adjoining materials
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For the case of a butt joint between tendon and an isotropic material, the order of

the singularity is a strong function of both modulus E(1) and Poisson’s ratio n(1).
Two values of n(1) were studied over a broad range of modulus E(1) (Fig. 3.10b). For

both cases of n(1) studied, the order of the singularity approached ð1� lÞ 	 0:26 for
attachment to a relatively stiff isotropic material. The graph shows that this order is

relatively constant for Eð1Þ > � 2E
ð2Þ
x , and Fig. 3.10a suggests that this is constant

not just for a butt joint but also for any insertion angle y2 > ~30� for the case of

tendon attached to a stiff material 1 with y1 ¼ 90�. Results suggest that a butt joint
between tendon and bone will certainly present a singular stress field, but results

again suggest that attachment to a compliant, possibly splayed interlayer, can

extinguish the free edge singularity.

Results presented here are somewhat unsatisfying, because they are a smattering

of special cases. The literature is full of explorations of special cases because this is

an important problem and because no simple way to explore all interfaces exists

that is analogous to the Dundurs’ parameters (e.g., Fig. 3.6). However, the results

do indicate that attaching a material like tendon to an isotropic material that is at

least twice as stiff will lead invariably to a singularity over a wide range of insertion

angles: as before, an interlayer or careful shaping is needed to avoid a free edge

singularity.

3.6 Concluding Remarks

So we found a free edge singularity. Now what? Sections 3.4 and 3.5 focused on

situations in which a free edge singularity can arise at the interface between two

dissimilar materials. We conclude by describing what one might do to assess

whether such a singularity will lead to catastrophic failure of the interface between

the two materials, and why researchers who are interested in tendon-to-bone

attachment are not much concerned about this.

Several groups have proposed a framework based upon linear elastic fracture

mechanics. These concepts follow directly from the problems we have addressed in

this chapter: the solution for the stress field around a sharp crack in an infinite solid

can be found by considering the case of tendon y1 ¼ y2 ¼ 180� in Fig. 3.7. For the
case of materials 1 and 2 being the same linear elastic, isotropic material, and for a

remote stress field that is a uniaxial stress s1 applied in the vertical direction, the

asymptotic stress field near the crack has the form:

sij ¼ KIffiffiffiffiffiffiffiffi
2pr

p ~sijðyÞ; (3.28)

where the stress intensity factor KI is a constant that depends upon geometry and

upon s1, and the function ~sijðyÞ is known (e.g., [44]). Within certain limits, fracture

in many materials is well modeled by the criterion KI<Kc
I , where Kc

I is a critical

62 G.M. Genin and Y. Liu



value that can be calibrated experimentally. Kc
I can be related to a more physically

intuitive parameter, the fracture energy Gc that was introduced in Sect. 3.1. For

example, for the case of plane strain Gc ¼ ð1� n2Þ=ðKc
I Þ2=E. The available energy

G ¼ ð1� n2ÞðKIÞ2=E can be compared to the critical fracture energy, Gc, and

fracture can be predicted under certain conditions. Central to these conditions is

that the “process zone,” which is the region of material just ahead of the crack tip

that withstands very high strains without failing, is small compared to the

dimensions of the crack and the body in which it is embedded. We will discuss

the process zone more in the context of tendon-to-bone attachment.

The free edge intensity factor H in (3.13) can serve the role of a stress intensity

factor and serve as an indicator of the likelihood of the onset of fracture. However,

fracture need not be catastrophic, and the problem of whether a crack within an

interface will advance has been studied by Akisanya and Fleck [20]. The problem

studied involves an edge crack embedded within an interface and loaded with the

singular stress field of (3.13). The stress field ahead of the crack tip is more

complicated (see ref. [45, 46] and the review by Hutchinson and Suo [47]),

involving rapid oscillation in the traction between the two materials ahead of the

crack tip. However, the concept of a critical fracture energy still holds, with minor

extension to account for the sensitivity of fracture toughness to this oscillatory

stress field. Klingbeil and Beuth [21, 24] developed an elegant analysis to account

for the interactions between free edge and interfacial crack singularities when

designing a layered structure, but this is beyond the scope of this chapter.

Why can materials withstand stress singularities, and what does this mean for

attachment of biological tissues? In many metals, the mechanisms are fairly well

understood and involve the phenomenon of plasticity. Beyond a critical stress level

called a yield stress, the stiffness of a metal drops dramatically—this is the end of

the linear region of the uniaxial stress vs. strain response shown in Fig. 3.11. This

mechanical response results in a reduction of stresses at the crack tip for two

reasons. First, the crack tip “blunts,” meaning that the metal at the crack tip

stretches so as to turn the sharp crack into a blunt crack, thereby eliminating the

otherwise infinite stresses locally. Second, the reduction of stiffness of that material

at higher strains (the stiffness of relevance is the slope of the tangent to the

stress–strain curve) causes stress redistribution away from the crack tip; this occurs

even in brittle matrix ceramics [48, 49]. The result is that the material can undergo

major irreversible local changes that reduce the severity of the crack without

endangering a well-designed structure made of the material.

The situation is different, however, for a living tissue. First, such local injury is

undesirable for many tissues. Second, the stress–strain responses of many

biological tissues differ fundamentally from those of engineering materials

(c.f. the data stress–strain data for a tendon in Fig. 3.11). In addition to withstanding

larger strains and reaching lower peak stresses, a typical stress–strain curve is concave

up instead of concave down. The consequence is that stiffness ahead of a tear in

a tissue can increase, rather than decrease as in a metal. Stress concentrations in a

biological tissue can therefore become more rather less severe as stresses increase.
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Tissues are nevertheless resilient to tears, with many mechanisms identified within

their fibrous protein structures that enhance toughening across length scales [50–52].

However, the body seems to take few chances and uses many schemes for

reducing stresses, including tailoring of material and morphological properties of

tissues to eliminate free edge singularities, and tailoring of joints to maximize peel

resistance.

Acknowledgments This work was supported in part by the National Institutes of Health

(HL079165) and by the Johanna D. Bemis trust. Y.L. received a fellowship from the Fannie

Stephens Murphy Memorial Fund.

References

1. Genin GM, Kent A, Birman V, Wopenka B, Pasteris JD, Marquez PJ, Thomopoulos S (2009)

Functional grading of mineral and collagen in the attachment of tendon to bone. Biophys J

97(4):976–985

2. Silva MJ, Brodt MD, Wopenka B, Thomopoulos S, Williams D, Wassen MH, Ko M, Kusano

N, Bank RA (2006) Decreased collagen organization and content are associated with reduced

strength of demineralized and intact bone in the SAMP6 mouse. J Bone Miner Res

21(1):78–88

3. Thomopoulos S, Marquez JP, Weinberger B, Birman V, Genin GM (2006) Collagen fiber

orientation at the tendon to bone insertion and its influence on stress concentrations. J Biomech

39(10):1842–1851

Fig. 3.11 The stress–strain behavior of a metal such as steel involves a characteristic concave

down shape, with a drop in stiffness following a yield point corresponding to the onset of

permanent “plastic” deformation. The stress–strain behavior of a biological material such as a

tendon involves a characteristic concave up shape, with a rise in stiffness over a much larger elastic

region

64 G.M. Genin and Y. Liu



4. Thomopoulos S, Williams GR, Gimbel JA, Favata M, Soslowsky LJ (2003) Variation of

biomechanical, structural, and compositional properties along the tendon to bone insertion site.

J Orthop Res 21(3):413–419

5. Wopenka B, Kent A, Pasteris JD, Yoon Y, Thomopoulos S (2008) The tendon-to-bone

transition of the rotator cuff: a preliminary Raman spectroscopic study documenting the

gradual mineralization across the insertion in rat tissue samples. Appl Spectrosc

62(12):1285–1294

6. Bower AF (2009) Applied mechanics of solids [A free and regularly updated version of this

text can be found on http://www.solidmechanics.org]. CRC Press, New York

7. Thomopoulos S, Williams GR, Soslowsky LJ (2003) Tendon to bone healing: differences in

biomechanical, structural, and compositional properties due to a range of activity levels.

J Biomech Eng 125(1):106–113

8. Williams ML (1952) Stress singularities resulting from various boundary conditions in angular

corners of plates in extension. J Appl Mech 19:526–528

9. Rivlin R (1944) The effective work of adhesion. Paint Technol 9:215–216

10. Kendall K (1971) The adhesion and surface energy of elastic solids. J Phys D: Appl Phys

4:1186

11. Kendall K (1975) Thin-film peeling-the elastic term. J Phys D: Appl Phys 8:1449
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Chapter 4

Ligament and Tendon Enthesis: Anatomy

and Mechanics

Matteo M. Tei, Kathryn F. Farraro, and Savio L.-Y. Woo

4.1 Introduction

The insertions of ligaments and tendons to bone are morphologically and

biomechanically complex. Within the length of 1 mm, the insertion is transformed

from soft connective tissue to hard bone. In general, this transformation consists

of four zones; i.e., collagen fibers, non-mineralized fibrocartilage, mineralized

fibrocartilage, and bone, making it suitable to transmit loads with minimal stress

concentration. However, the morphology of ligament and tendon insertions can

vary greatly from one ligament or tendon to another as well as between the two ends

of the same ligament. Adding to this complexity, factors such as age, skeletal

maturation, and physical activity have also been shown to affect the morphological

and biomechanical properties of these entheses, which could, in turn, have a

significant influence on their modes of failure caused by daily or sports activities.

In this chapter, we will begin by discussing the anatomy of the enthesis,

including a review of the gross morphology as well as histology and appearance

of two distinct types of insertions: the direct and indirect insertions to bone. We will

also touch upon the vascular and nerve supply, including associated blood vessels

and neuroreceptors. This will be followed by details on the biomechanical function

of insertion sites, including some challenges with methods involved in determining

their properties.

We will then review the changes that occur across the insertion site during

growth and skeletal maturity. Specific structural changes of insertion sites during

skeletal maturation and the asynchronous change between the properties of the

ligament insertion and substance will be explained using the femur-MCL-tibia

complex (FMTC) as an example. This will be followed by a description of
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age-related changes in ligaments and tendons and their insertions. Finally, the

negative effects of immobilization on the insertion and its slow recovery following

remobilization, together with positive effects of exercise, will be presented with an

illustration of how activity level can be related to biomechanical properties by a

highly nonlinear curve.

One of the greatest challenges in studying ligament and tendon entheses is

accurate determination of their biomechanical properties, due to their complexity

and irregular geometry. With the development of the video dimensional analyzer

(VDA) system, the nonuniform elongation between the insertion site and along the

ligament could be measured. As a result, it has been shown that the percent

elongation at or near the insertion is always higher than that in the ligament or

tendon substance. We will also review other technologies, such as the use of a laser

micrometer, to determine the cross-sectional area of ligaments and tendons so that

their tensile stress could be properly determined. With the knowledge of a

stress–strain relationship, the mechanical properties of the ligament substance

could be determined and separated from the structural properties of the bone-

ligament-bone complex.

To conclude, we will discuss repair of the insertion sites of ligaments and

tendons after injury, including surgical reconstruction using a tissue autograft or

allograft. As graft-bone healing has not been able to replicate the normal soft tissue-

to-bone enthesis, new biomimetic technologies, including the use of bioscaffolds

aiming to reproduce the zones of transition across the insertion, are being explored.

Although the availability of new biomaterials that could assist the body in

recreating the complex insertion site indeed offers many exciting possibilities,

many challenges still remain, as in-depth knowledge of the composition and

properties of ligament and tendon insertion sites is still lacking. It is our belief

that fundamental studies to improve our understanding of enthesis structure, func-

tion, and their relationship are needed before one can be in a position to move

forward with regeneration of an enthesis on a scientific basis.

4.2 Anatomy

4.2.1 Morphology

The morphology of ligament and tendon insertions to bone is among the most

complex of all biological tissues. The transformation of soft to hard tissue requires a

gradual transition of collagen fibers to non-mineralized fibrocartilage, then to

mineralized fibrocartilage, and finally to bone. In addition, the structure of the

insertion site is different from ligament to ligament, as well as between the two ends

of the same ligament. Nevertheless, researchers have been able to categorize

ligament and tendon insertions into two general types: direct insertions and indirect

insertions.
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4.2.1.1 Direct Insertions

Microscopically, superficial and deep fibers of the ligaments and tendons are inserted

into bonewith the deep fibersmeeting the bone at right angles with four distinct zones.

Zone 1 consists of type I collagen as the extracellular matrix with fibroblasts. There are

also capillaries, arterioles, and venules running parallel to the collagen fibers, and this

zone is free of nerves and nerve endings. In Zone 2, the cells become larger and more

rounded and chondrocyte-like. Cells in this zone are arranged in rows between the

parallel collagen fibers. The Golgi organelles become prominent, and the cell pro-

cesses are short, with most appearing to remain in a lacunar region that extends

1–2 mm around the cells. Microscopically, this zone has an appearance similar to

fibrocartilagenous tissues. In Zone 3, the tissue becomes mineralized fibrocartilage.

Light microscopy shows a clear line of calcification, called the “tidemark.” The

tidemark is usually smooth in contour, but is sometimes irregularly shaped. About

12 mm away, the mineral crystals increase in number and aggregate into masses so

that individual crystals become less obvious. The deeper part of zone 3 is also

characterized by dense mineral deposits both within and between the collagen fibers.

Finally, in Zone 4, it becomes bone, as the inserting tissuemergeswith the bonematrix

collagen fibrils. The bonematrix proteoglycans are represented by chondroitin sulfate,

similar to the small proteoglycans of cartilage, whereas the proteoglycans of ligaments

and tendons are represented by dermatan sulfate.

The femoral attachment of the MCL to the femur is a good example of a direct

insertion. The MCL inserts in the femoral epiphyseal area by passing acutely into

the cortex through a well-defined zone of fibrocartilage and with minimal contribu-

tion into the overlying periosteum (Fig. 4.1a).

4.2.1.2 Indirect Insertions

Unlike direct insertions, the superficial components of an indirect insertion blend

into the periosteum, while the deep components of fibers of indirect insertions

attach to the bone with little or none of the transitional zone of the fibrocartilage

Fig. 4.1 Photomicrograph demonstrating a direct insertion: the femoral insertion of rabbit medial

collateral ligament (a), and an indirect insertion: the tibial attachment of the MCL (b) (reproduced,

with permission, from [11])
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seen in direct insertions. Here, the collagen fibers meet the bone at an acute angle,

and there is a tidemark separating the mineralized and non-mineralized tissue.

The distal (tibial) attachment of the MCL to the tibia is a good example of an

indirect insertion (Fig. 4.1b). Here, superficial fibers are attached to the periosteum

while deeper fibers are directly attached to the bone at acute angles [1].

4.2.1.3 Vascular and Nerve Supply

The insertion sites of ligaments and tendons are relatively avascular, as the blood

supply to the soft tissues comes from the joint capsules. Commonly, the vessels in

the marginal part of the insertion area of the ligament or tendon connect with those

of the periosteum. Therefore, the vessels of the external peritendineum and of the

periosteum are the major vessels disrupted in avulsion injuries at the bone surface.

Superficial blood vessels in the anastomase merge with vessels of the periosteum in

most tendon-bone junctions, but intratendinous vessels remain separated from the

vasculature of bone except in circumscribed diphysoperiosteal insertions, charac-

terized by those to spinae, trabeculae, or tuberosities of bone.

The nerve supply has a pattern similar to that of the blood supply in that there are

no nerves that cross the zone of fibrocartilage to innervate both sides of the insertion

site. However, bones, tendons, and ligaments all have abundant neural elements

that may transmit important information in the analysis of joint motion, position,

and acceleration. Nerve endings and Pacini and Ruffini receptors have been found

in the interfascicular connective tissue. These receptors seem to possess a “limit-

detection function” of the physiological tolerable limit of movement or may control

small movements via the perception of acceleration [2]. Pacini and Ruffini

receptors, Golgi tendon organ-like receptors, and free nerve endings were found

in proximity to the insertions of the anterior cruciate ligament (ACL) [3]. Further-

more, Grigg and associates described that the afferents in the posterior articular

nerve (PAN) from the posterior capsule of the knee joint were sensitive to linear

stress, and that their role is to signal the limit of the joint motion in extension, in

addition to the afferents coming from the knee ligaments [4–6].

4.2.2 Biomechanical Function

The insertion site functions to transmit a load between the flexible yet strong

tension-bearing ligament or tendon into rigid, less compliant bone without damag-

ing the soft tissue [7]. However, the load magnitude varies greatly between tendons

and ligaments as well as between different joints. Typically, in vivo forces on

tendon insertions are large because of muscular contractions, while forces in

ligaments tend to be relatively small. To facilitate this load transfer and prevent

tearing at the attachment site, a gradual change in tissue composition across the

insertion site between soft tissue and bone is needed [8, 9].
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Determining the biomechanical properties of ligaments and tendons as well as

their insertions is crucial to understanding the structure-function relationship for

purposes of homeostasis for injury prevention, repair, and healing. However, the

complex nature of insertion sites presents significant challenges when the properties

of the insertion site are separated from that of the tissue substance. Variation in

insertion type (direct or indirect), tissue geometry, matrix composition and distri-

bution, and orientation of collagen fibers makes it even more difficult to make

generalizations about properties of ligament and tendon entheses. For example, in

the supraspinous tendon, Thomopoulos and associates [10] found that collagen

fibers were significantly less organized at the bony insertion compared to the

muscle insertion.

An additional challenge in determining the biomechanical properties of the

ligament or tendon insertion site is the size of the test specimen. For ligaments

such as the MCL, it is necessary to prepare the test specimen with the femoral and

tibial bony attachments because the ligament substance is relatively short, so the

test specimen is that of a bone-ligament-bone complex [8]. An apparatus was

developed for uniaxial tensile testing using a VDA system to determine nonuniform

properties of the rabbit FMTC. The MCL is stained with several gauge lines for

tensile strain determination of the ligament midsubstance and insertion sites

(Fig. 4.2). This data and the output from a tensile load cell on a materials testing

machine produce a load-elongation diagram and stress–strain curve.

A typical load-elongation curve for the FMTC is shown in Fig. 4.3, characterized

by a toe region, a linear region, and a failure region [11, 12]. The nonlinearity of this

curve illustrates the ligament’s function in guiding joint motion under low loading

conditions, while limiting excess motion and protecting the cartilage at higher

loads.

Using strain data obtained with the VDA system in the MCL, it was found that

the strain of the ligament substance is consistently smaller than the specific

deformations calculated for the bone-ligament-bone complex [8]. These results

suggest that the deformations near or at the ligament insertion sites to bone are

larger than in the midsubstance. This large variation of regional strain values along

the ligament substance highlights the possibility that larger deformations near

insertions may predispose these areas to higher incidence of tensile failure at low

stretch rates and stresses the need to characterize and understand the differences in

biomechanical properties between the ligament substance and insertion.

Fig. 4.2 Stained gauge lines

on test specimen and video

dimensional analyzer (VDA)

windows for tensile strain

determination (reproduced,

with permission, from [18])
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4.3 Development, Growth, and Aging

4.3.1 Changes with Skeletal Maturity

4.3.1.1 Embryology

The development of ligaments and tendons to bone is unique and it is important to

better understand the structure-function relationships in these tissues. Between

7 and 8 weeks of embryonic life, the ligaments, tendons, and joint capsules begin

development by cellular condensations, forming in situ as a unit without migration.

The overall development of the insertion site proceeds along with that of the bone.

4.3.1.2 Skeletally Immature

Before skeletal maturation, bone growth is longitudinal and coincides with the

lengthening of the insertion site, so that a constant position relative to the growth

plate and adjacent joint can be maintained. This is why the indirect insertion is

needed. D€orlf [62] sought to explain the cause and method of migration of tendon

insertions in immature rabbits by using Tetracycline as a marker of osteogenesis at

the insertion sites. He found that insertion site migration is caused by dragging of

the insertion by the periosteum, which is itself pulled by the epiphyses as they grow

away from the diaphyses of the bone. In our studies of the rabbit MCL, we have

Fig. 4.3 Typical load-elongation curve of the femur-MCL-tibia complex
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found that the insertion site on the tibial side is affected by its proximity to the

growth plate where (1) osteoclastic activity in this region weakens the subperiosteal

attachment and (2) part of the ligament insertion is at the area of the metaphysis.

The examination of the tibial insertions of skeletally immature rabbit specimens

revealed several differences when compared to mature samples. The metaphysis of

the proximal tibia in the skeletally immature rabbit was composed of bars

containing calcified cartilage, and the primary spongy bone was undergoing reor-

ganization as exemplified by the increased presence of osteoclasts and osteoblasts

(Fig. 4.4). The delayed maturation of the MCL-tibia junction may be due to

this increased complexity compared to that of the MCL substance. Therefore, this

junction was an area of weakness in the FMTC and the skeletally immature

specimens failed by tibial avulsion. This finding was well-illustrated by histological

evaluation of the components of the FMTC, which showed that the weakest link in

skeletally immature rabbits was the tibial insertion, a result of the maturation

process that included bone remodeling activities in the subperiosteal region of

this attachment. Thus, some of the deep oblique fibers had not yet attached to

bone and the ligament attachment became more dependent on the periosteal

component. In contrast, the femoral insertion had a direct penetration of fibers

into the metaphyseal cortex. There were no histological differences noted at the

femoral insertion of the MCL as a function of skeletal maturity.

4.3.1.3 Skeletally Mature

As the insertion site changes structurally and compositionally with skeletal matu-

ration, there are also significant changes in the structural properties of the

femur-MCL-tibia complex during maturation of the rat and rabbit. At this indirect

insertion, skeletal maturity is characterized by the deep fibers anchoring solidly into

the bone. Tipton and associates [13] and our research center [14, 15] found that in

the rabbit, the strength of the FMTC did not plateau until closure of the epiphyses at

about 7 months of age, and tensile failure of skeletally immature animals occurred

by tibial avulsion in all cases [14]. In contrast, older rabbit specimens exhibited

Fig. 4.4 A photomicrograph

showing the distal (tibial)

insertion of the MCL from a

skeletally immature rabbit.

Note that the osteoclasts (OC)

and osteoblast (OB) and the

oblique deeper fibers’

insertion to bone have not yet

been well established

(reproduced, with permission,

from [14])
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tensile failure of the FMTC by midsubstance failure, as the strength of the

MCL-tibia insertion increased with skeletal maturity.

A schematic representation of the effects of maturation on the biomechanical

properties of the FMTC is shown in Fig. 4.5. Prior to skeletal maturity, the strength

of the MCL substance reached its peak value, while the bone-ligament junction,

especially at the proximal tibial insertion site, was being established. Therefore, the

MCL substance was stronger, and the FMTC failed by tibial avulsion. Once skeletal

maturity was reached, the proximal tibial insertion site became solidly established,

while the tensile strength of the MCL substance changed minimally.

4.3.2 Aging

With aging, there are significant changes in the periosteum, as the superficial

fibrous layer becomes comprised of fibroblasts and fibrocytes interposed between

multidirectional collagen layers permeated by elastic tissue. The deeper osteogenic

layer now contains precursor osteogenic cells and mature osteoblasts, changes that

are coupled with a loss of organelles. Aging is also characterized by a loss of cells

and organelles associated with normal functional activities. Lipofuscin also appears

in all of aged cells, including osteocytes. Despite these severe ultrastructural

Fig. 4.5 Schematic description of the changes in the tensile properties and failure modes of the

rabbit femur-MCL-tibia complex (FMTC) with age
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alterations with age, it appears that sufficient organelles remain in a few cells of

each layer to maintain viability.

Biomechanical studies of soft tissue-bone junctions in cadaver specimens from

donors over than 50 years of age have shown significant reductions in the structural

properties of the femur-ACL-tibia complex (FATC). In our research center, we

have found that the failure mode changed with age. In younger donors, tibial

avulsion was much more common, whereas in older donors, there were more

midsubstance failures (Fig. 4.6). This shift in failure mode was accompanied with

a decrease in linear stiffness, ultimate load, and energy absorbed at failure for

the older group, suggesting that there is a more rapid deterioration of the ACL

substance with increasing age [9].

It should be noted that this unusually fast degradation of the ACL is unique to

this ligament, as the FMTC showed insignificant change in stiffness or ultimate

load with age in the rabbit model [14]. This illustrates the uniqueness of each

ligament in its growth, development, and aging. Investigators should thus be

cautious when extrapolating age-related changes from one ligament to another.

4.4 Stress and Motion-Dependent Homeostasis

4.4.1 Immobilization

Even short periods of immobilization have deleterious effects on tendons,

ligaments, and bone, as well as the insertion sites. Osteoclasts at the bony insertion

have been found to resorb bone and sever the deep fibrous attachment, severely

weakening the insertion and rendering it susceptible to failure by avulsion, as it

Fig. 4.6 Histogram of modes of failure of human femur-ACL-tibia complex (FATC) tested from

the younger, middle, and older donors studied (reproduced, with permission, from [9])
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is now limited to the superficial attachment where the collagen fibers become

confluent with the periosteum [16].

Mechanical and biochemical changes also occur in these soft tissues following

immobilization. There are significant increases in joint stiffness with alterations of

articular cartilage. With longer periods of immobilization, areas of necrosis in

cartilage are seen in underlying contacting areas. Ulcerations could also occur

even in non-contact areas. The significance of these findings is escalated when one

considers the dependency of the insertion site on maintaining structural integrity.

This is especially important for the collateral ligaments of the knee, where the

collagen fibrils of the distal attachments become confluent with the periosteum,

with some fibrils passing directly into the bone. There are also profound changes

in the substance of the ligament, as fibrils morphologically alter their normal

arrangement and cellular organization. Concomitant biochemical changes include

reduction of glycosaminoglycans and water as well as significant changes in the

mass, rate of turnover, and cross-linking of collagen. It was noted that, after

immobilization, disruption of the MCL-tibia junction was great, with a time-

dependent decrease in ultimate load and an increase in tibial avulsions, indicating

that a longer period of immobilization resulted in greater resorption of bone [1]. In

the ACL insertion, however, the effects of immobilization were more modest, with

no appreciable change observed in either attachment under light microscopy and no

incidence of increased avulsion failure [17].

4.4.2 Remobilization

Despite the deleterious effects of immobilization on ligaments and tendons and

their insertion sites, a reversal of these effects has been demonstrated, although

it takes much more time. In our research center, we found that the mechanical

properties of the MCL returned to control values relatively quickly following

remobilization. However, the structural properties of the FMTC remained inferior

because of incomplete recovery at the insertion site, as shown by areas of resorbed

bone and the presence of osteoclasts, as well as regions where disorganized tissue

was undergoing reossification. Failures therefore continued to occur at bone inser-

tion sites.

Thus, there is an asynchronous recovery rate between the insertion site and the

ligament substance following immobilization and remobilization. The recovery of

the MCL substance is much faster than that of the insertion, and 52 weeks of

remobilization after immobilization may be required in order to restore the MCL

insertion [1].

Based on these findings, we proposed a set of hypothetical curves to represent

the biomechanical properties in response to immobilization, remobilization, and

exercise. These curves illustrate the reduction in biomechanical performance

with immobilization, improvement with remobilization, and the asynchronous

recovery rate between the ligament substance and insertion site (Fig. 4.7).

78 M.M. Tei et al.



4.4.3 Effects of Exercise

The relationship between physical activity and soft tissue and insertion site properties

has also been shown to have an effect on ligament and tendon entheses. Laboratory

studies have directly addressed the effect of exercise on these tissues, including

some reports on the effects of exercise on tissue biomechanical properties [18–20].

Our research center has performed studies of the biochemical and biomechanical

properties of the isolated swine extensor tendon using 1-year-old swine following a

1-year exercise regime [18]. A second, sedentary group was used as a control.

Load-deformation curves were produced typical of the characteristic nonlinear

tensile behavior of tendons, beginning with an initial toe region of low stiffness,

where the ligament has not been fully extended, followed by an intermediate

linear region, and finally a yield region as fibers begin to fail and the tendon

ruptures. Exercised medial and lateral tendons were found to have a significantly

higher ultimate strength ðsmaxÞ and lower ultimate strain ðemaxÞ:Contrary to several
previous studies, size and composition of the tendons were shown to be affected by

exercise, as cross-sectional area of exercised tendon was found to be 22% greater

than the sedentary control, tendon weights were significantly higher, and collagen

content was found to be significantly greater in the lateral extensor. Thus, this study

demonstrated a clear increase in mechanical properties in addition to hypertrophy

and increased collagen content of the tendon.

A parallel study using the swine flexor tendon was also done [20]. Exercise was

found to improve the strength of the flexor tendon, as exercised tendons displayed

an ultimate load and linear load-deformation slope 19 and 26% higher than control

Fig. 4.7 Curves summarizing the homeostatic responses of the components of the bone-ligament-

bone complex when it was subjected to different levels of physical activity (reproduced, with

permission, from [1])
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specimens; however, ultimate elongation was not found to be significantly different

between groups. No significant difference was found in the cross-sectional area or

wet or dry weight between groups. Similarly, no statistically significant difference

was found between the stress–strain relationships of exercised and control

specimens. However, despite the lack of change in the stress–strain curve, a large

increase in the ultimate load was found, while tensile failure at the tendon insertion

to bone occurred. These data suggest that exercise has a positive effect on the

strength of bony insertions.

The differences in the effects of exercise on the extensor compared to flexor

tendons is likely due to their anatomical location and function. The flexor tendon

has an inherent high strength and resiliency, and thus is unlikely to hypertrophy.

Additionally, it is constrained by and must glide within a sheath, so there is little

room for additional growth. In contrast, the extensor tendon does not experience

spatial limitations and has a different biochemical composition that may be favor-

able for increased collagen production in response to stress [20].

Based on the results of studies of joint immobilization and exercise, a highly

nonlinear curve describes the relationship between load and activity level and the

biomechanical properties of ligaments and tendons (Fig. 4.8). The left region of the

curve represents a rapid reduction in tissue properties and mass caused by immobi-

lization; in contrast, the right region of the curve shows only a slight increase in

mechanical properties following exercise. Thus, despite the striking penalty found

by immobilization after injury, long-term exercise regimens seem to provide only

moderate improvement in tendon properties [11]. Further, this concept has led to

the approach of using controlled passive joint motion as a therapy for

ligament injuries [21].

Fig. 4.8 Homeostatic response of ligaments and tendons to physical activity and in vivo loading

(reproduced, with permission, from [61])
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4.5 Nonuniform Biomechanical Properties Between Ligament/

Tendon Substance and Its Enthesis

The complexity and geometric irregularity of insertion sites makes it very difficult

to separate the biomechanical properties of the insertion sites and the ligament or

tendon midsubstance. Nevertheless, efforts have been made in the development of

testing devices and procedures such that a better understanding of the variation in

these properties can be made and quantitative data can be obtained.

4.5.1 Cross-Sectional Area Measurement

Accurate measurements of the cross-sectional area of the ligament or tendon

substance are necessary in the determination of stresses in these tissues during

uniaxial tensile tests. In the early days, devices and techniques included dial

calipers, constant pressure area micrometers, and thickness micrometers, but

these devices all required physical contact with the specimen, causing deforma-

tion and thus affecting the cross-sectional area measurements. In our laboratory,

we developed a laser micrometer to determine the cross-sectional shape and area

of soft tissue without needing to make contact with the specimen [22, 23].

Recently, we have used a laser micrometer system with charge-coupled device

(CCD) laser displacement sensors to rapidly measure the cross-sectional area of

soft tissues, including those containing concavities [24]. This system has proven

able to determine cross-sectional area of soft tissues in an accurate, repeatable,

and rapid manner.

A schematic of the system and frame is shown in Fig. 4.9a. The device is

composed of two main components: a CCD laser displacement sensor and a rotary

Fig. 4.9 (a) A simplified schematic of the charge-coupled device (CCD) laser reflectance system

and frame. (b) A diagram depicting an overhead view of the CCD laser reflectance system with a

biological specimen over the center of rotation (COR) of the system (reproduced, with permission,

from [24])
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motion table. The laser sensor is attached to the rotary motion table and moves in a

circle as the table rotates around the stationary specimen, which is longitudinally

mounted along the table’s center of rotation. Figure 4.9b shows an overhead view of

the path of the laser. As it moves, the sensor measures the distance to the specimen

surface and calculates values of a radius, r, the difference between the total and

measured radii of the system.

By plotting r along with the angular position of the laser system in polar

coordinates, an algorithm using Simpson’s rule can be used to calculate the cross-

sectional area:

Area ¼
X360

f¼0:05

0:05pðrðfÞ þ rðfþ 0:05ÞÞ2
1440

: (4.1)

4.5.2 Measurement of Mechanical Properties of Tissue

The early development of a VDA system to determine ligament strain of the rabbit

FMTC during uniaxial tensile testing has yielded accurate, reproducible, and

automatic measurements [8]. With proper measurement of the cross-sectional

area of the ligament, the stress in the ligament could also be determined, and the

stress–strain relationship would represent the mechanical properties of the ligament

substance. A typical stress–strain curve is shown in Fig. 4.10, illustrating a charac-

teristic shape and associated mechanical properties.

However, it should be noted that the tissue specimen must have uniform cross-

sectional area, an appropriate aspect ratio, proper alignment, and uniform stress in

order to obtain accurate stress–strain values. In the case of the MCL, obtaining a

uniform stress distribution is rather straightforward, as it has a relatively uniform

cross section. On the other hand, the complex anatomy of the ACL presents

difficulties which make simultaneous loading of all the collagen fibers of the entire

ligament nearly impossible [25]. Thus, for mechanical testing, it is usually

separated into medial and lateral bundles, and one bundle is chosen to be transected

and removed. The other bundle is then rotated for longitudinal alignment for tensile

testing.

4.5.3 Tissue Strain vs. Percent Elongation

To describe the change in length of ligaments and tendons in response to tensile

loading, both strain and percent elongation have been reported in the literature. The

difference in these parameters is that strain refers to the tissue substance, while
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percent elongation describes the entire bone-ligament-bone complex. Strain is

defined as:

e ¼ l� l0
l0

(4.2)

where lo represents the initial distance between gauge markers on the tissue

substance and l represents the final distance. In contrast, percent elongation is

equal to the crosshead displacement of the material testing machine divided by

the estimated original length of the tissue specimen [8]. Previously, researchers did

not distinguish between these two values, often reporting percent elongation as

strain with values well outside the true limits of ligaments and tendons. For

example, Noyes and associates erroneously reported the average strains of the

ACL at failure to be 50–60% [26, 27].

Using the previously described methods and technology for biomechanical

testing, large percent elongation values based on clamp-to-clamp measurements

of ligaments and tendons (on the order of 20–50% at failure) with much smaller

strains (less than 20%) could be demonstrated. Noyes et al. [28] studied the strain

distribution of human ACL subbundles using load-to-failure testing, finding the

percent elongation to be 25–30%. However, in measuring local surface strain, they

found a large spatial variation in strain, with the highest strain at the insertion sites

and strain as low as 7% in the midsubstance tissue. Studies in our research center

have produced analogous results, as the strains at failure for the MCL substance in

dogs, swine, and rabbit were found to be 14, 12, and 7%, while percent elongation

of the FMTC was 21, 30, and 16% [8]. Lam et al. [29] also achieved similar results

in the rabbit MCL, finding the largest strain rates at the femoral insertion of the

Fig. 4.10 Typical stress–strain curve showing the mechanical properties of the MCL
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ligament and decreasing into the midsubstance tissue. In other words, the findings

suggest that insertion sites can undergo greater elongation before failure.

The reason for differences in the elongation of the ligament substance and the

ligament strain may be due to the changes in tissue composition that occur across

the insertion. The tissue changes from the ligament or tendon substance (primarily

collagen type I with some proteoglycans), to fibrocartilage (collagen types I, II, III,

and aggregan), and finally to bone (collagen type I). Histologically, a change in cell

shape and decrease in collagen orientation has been observed nearing the bony

insertion [10]. Particularly in ligaments such as the ACL, the insertion site is often

much wider than the midsubstance tissue [30], and thus collagen fibers are not able

to fully align under tension and achieve the stiffness found in the ligament

substance.

Recently, new techniques have been developed to better characterize the strain

distributions across ligaments and tendons. Spalazzi et al. [31] used ultrasound

elastography to examine the response of the ACL substance and insertion site under

tension, finding only tensile strain in the ligament substance, but both tensile and

compressive strain in the insertion. A nonuniform strain distribution was also

observed from the tissue substance to the bone, and strain was found to be highest

at the insertion site.

4.6 Repair of Ligament and Tendon Insertion Sites After Injury

Repair of the soft tissue-bone junction following avulsion injuries depends on the

location and severity of the injury. Some investigators advocate nonsurgical ther-

apy for nondisplaced or minimally displaced avulsion injuries [32–34]. Others

prefer reattaching the soft tissue end (tendon, ligament, or joint capsule) to the

denuded bone with transosseous nonabsorbable sutures, screws with toothed or

spiked washers, and staples [35–37]. Results of these procedures can vary greatly

and are dependent on the method used as well as the tissue type. For example,

Robertson and associates [38] showed that screw fixation with a plastic spiked

washer or soft tissue plate had initial loading capabilities superior to those with

staple and suture fixation. In terms of the ultimate load at failure during tensile test,

the screw with the spiked washer proved to be optimal for capsular tissue or thicker

tendons, while the screw with the soft tissue plate was best for thinner tendinous

tissue. In the past several years, improvement of the arthroscopic technique has led

to the development of different types of suture anchors, which have become one of

the most commonly used tools for arthroscopic repair of the rotator cuff and glenoid

labrum in the shoulder [39, 40]. Suture anchors consist of metallic or bioabsorbable

anchors that are inserted into bone with attached eyelets to pass sutures through.

These devices provide firm fixation of soft tissue to bone, which is required for

tendon-bone healing. Recently, suture anchors have also been used for hip arthros-

copy, especially for tears of the acetabular labrum [41].
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For some injuries, such as that of the ACL, the aforementioned treatment

strategies have not worked well, and surgical reconstructive procedures using

replacement grafts (tissue or synthetic materials) are performed to restore joint

stability. In the case of tissue grafts, secure fixation to bone is needed to facilitate

graft-bone healing [42–44]. Synthetic grafts made out of carbon and Dacron fibers

have resulted in bony ingrowths to the most peripheral fibers of the grafts [45, 46].

Still others have used porous-coated plugs on the ends of the grafts to help bone

fixation and have produced improved results [47].

Nevertheless, the re-establishment of the soft tissue insertion to bone remains to

this day as one of the greatest challenges in orthopaedics [47]. In the case of ACL

reconstruction, fixation of the graft to bone remains the weakest link, as more than

half of failures occur there [48]. It is therefore clear that these surgical procedures

have not been able to recreate the composition, geometry, and biomechanical

properties to the level of complexity that exists within and between the insertion

sites [10].

New strategies in functional tissue engineering that combine cells, growth

factors, and/or bioscaffolds as implants that could mimic the natural enthesis are

being explored [11, 49–53]. These implants can be designed for the body to

promote the growth and differentiation of appropriate cell types, regulate matrix

composition, and exhibit appropriate biomechanical properties of the interface;

therefore, this is a huge step in the right direction. Lu and Jiang have designed

biomimetric scaffolds for ligament and tendon attachments to bone that have the

heterogenous composition and biomechanical properties found across an enthesis

[54]. These authors have advocated the use of the triphasic scaffold by engineering

three separate yet continuous regions [54–56]: Phase A, which corresponded to the

ligament substance and contains PLGA (10:90) mesh and seeded fibroblasts to

promote soft tissue growth; Phase B, which corresponds to the region of

fibrocartilage; and Phase C, which contains seeded osteocytes, sintered PLGA

(85:15), and 45S5 glass composite microspheres to promote the formation of

bone in the bony region. At 2 months after implantation, developing tissue was

found that contained the continuous gradient of tissue types, including both the

ligament and bony regions as well as the intermediate region of fibrocartilage,

which are similar to that of the neonatal ACL-bone junction. As all insertions to

bone are multifaceted, with regions of ligament, non-mineralized, mineralized

fibrocartilage, and bone, replicating the properties with a gradient of tissue types

is the first step to produce a longer-lasting and successful biomimetric graft [57].

In spite of these encouraging early results, much work remains so that tissue

growth and maturation occurs in each distinct region of the insertion site.

The readers are encouraged to read the recent work of Helen H. Lu (Columbia

University) and Stavros Thomopoulos (Washington University in St. Louis) and

their coworkers to gain a better perspective on challenges and opportunities in

this area of research. For appropriate technology to be applied in the laboratory

and eventually to the clinical settings, one must continue to gain knowledge on

the molecular, cellular, and tissue biology and biomechanics of each component

of the insertion site. Furthermore, one will also need to develop other novel
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biomaterials such as nanofibers [55, 58], biodegradable and bioresorbable

magnesium alloys [59, 60], and so on, to be used as scaffolds. With functional

tissue engineering, we can be hopeful that multiphasic scaffolds with unique

and desired characteristics can be made and implanted for rapid integration

with native tissues to take place and eventually remodel into a native-like

insertion site.
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Chapter 5

The Bone–Cartilage Interface

Virginia L. Ferguson and Rachel C. Paietta

5.1 Introduction

Bone–cartilage interfaces in the body anchor together stiff bone and compliant

cartilage in a thin (�100’s of microns) [1] region that progressively calcifies with

aging. This bone–cartilage, or osteochondral, interface is of critical importance in

articular joints and the spine due to the significant occurrence and health detriments

of osteoarthritis and intervertebral disc (IVD) degeneration [2]. In 2008, 27 million

individuals in the U.S. suffered from clinical osteoarthritis [3]. A separate analysis

showed that as many as 40% of adults experience herniated discs in the lumbar

spine which require surgical repairs [4]. One potential solution for repair of

damaged cartilage or IVD is to replace the soft tissue with a synthetic replacement,

yet engineered cartilage implants often fail due to a lack of mechanical anchoring

[5]. Another solution, total joint replacement, is destructive to the surrounding

tissue [6, 7], has a limited lifetime (~15 years for femoral head replacements),

and is not a viable option for young patients needing successive replacements.

Instead, recent efforts have focused on integrating engineered tissues and devices

into the osteochondral interface or underlying bone [5, 8–14]. Synthetic grafts are

improving in functionality for repair of joints and entheses (i.e., the bone–tendon

attachment); however, such engineered solutions have yet to succeed, possibly

because they lack equivalent material properties and functionality as compared to

the native, healthy tissue.

One common approach to designing artificial osteochondral interfaces is to

adhere or form a continuum between stiff, bone-like and soft, cartilage-like

materials [5, 14, 15]; however, such solutions have not yet shown efficacy in the

harsh loading environment of the osteochondral region [14]. The natural

mechanisms for functional grading of hard–soft tissue interfaces are considered
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by only a few researchers. Attempts to mimic functionality or specific features

of the natural tissue in tissue engineered constructs have met with limited success

[11, 16–19]. Perhaps the greatest shortcoming in our ability to design improved

materials for osteochondral replacement lies in our current, narrow understanding

of how the biologic osteochondral interface is engineered in vivo to facilitate stress

transfer.

Structurally, the osteochondral interface possesses a hierarchical organization

(Table 5.1) that is functionally graded, where collagen fibers extend from the deep

zones of soft cartilage into a calcified region (termed “the zone of calcified

cartilage,” or ZCC) through a series of wavy tidemarks (Fig. 5.1). However, the

mechanisms of efficient load transfer through this region are not well understood.

Quantitative backscattered electron (qBSE) imaging of the human femoral head

sometimes shows a stepwise decrease in mineral density from bone to soft, hyaline

cartilage [20]. Yet qBSE and other techniques have also shown that many healthy

osteochondral regions include a ZCC that increases in mineral density immediately

adjacent to hyaline cartilage. A relatively sharp interface exists where the ZCC

meets the hyaline cartilage (Fig. 5.2) [20–23]; however, such a sharp interface is

counterintuitive. While abrupt junctions between materials create a high localiza-

tion of stress and failure [24–27], the osteochondral region in healthy human tissues

rarely fails. Functional grading in natural [28–31] and engineered materials [32–35]

minimizes stresses at the interfaces of dissimilar materials, yet the mineral content

in the osteochondral region is not uniformly graded. This chapter will review the

biomechanical implications of the compositional and microstructural makeup of the

native osteochondral tissues and how these tissues are structured to effectively

transmit loads without failing.

Further, preparing undecalcified tissue sections across such a dissimilar

bimaterial interface is difficult and limits the range of possible analyses. Many

routine assays also require significant processing that alters tissue morphology or

properties. As such, the in vivo, micro- to nano-meter length scale histology and

mechanical properties that are relevant to the interface’s function remain

understudied. The tissue organization has been well characterized via decalcified

tissue histology and other assays that require decalcification. However, removal of

the mineral phase eliminates the ability to study the role of the highest modulus

component. This chapter will describe existing knowledge gaps and explore what is

Table 5.1 Scales of hierarchical organization within bone and cartilage

Unit (m) Bone [36] Cartilage [37]

Nano-scale 10�10–10�9 Ca2+,PO4
3�, H2O Na+, Ca2+, SO-, COO�, H2O

Ultra-scale 10�8–0�6 Collagen Collagen

Hydroxyapatite Proteoglycans

Micro-scale 10�7–10�4 Lamella Cells

Cells Collagen fibril organization

Tissue-scale 10�4–10�2 Osteons Articular cartilage

Trabeculae Disc regions

Macro-scale 10�2–1 Whole bones Joints
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known regarding how bone and cartilage are integrated in order to facilitate the

normal mechanical function of the ostechondral interface. This chapter also

considers how functionality is disrupted with aging, altered mechanical loading,

and disease. Improvements in our understanding, through a review of the existing

literature and identification of lingering questions, will enable better design of

tissue engineered osteochondral materials and improve our ability to robustly

integrate hard and soft engineered materials.

5.2 Morphological Foundations of the Bone–Cartilage Interface

The osteochondral unit forms an interface between the highly dissimilar materials

of soft, non-mineralized cartilage and the underlying stiff bone. This region forms a

layered structure that includes three distinct entities (Fig. 5.1): subchondral bone

(SCB), calcified cartilage, and soft hyaline cartilage. In the osteochondral interface

within the spinal tissues, the hyaline cartilage further joins the underlying bone with

an additional layer of fibrocartilage (i.e., the annulus fibrosus). The physical

Fig. 5.1 Schematic

representation of normal

histology for the

osteochondral interface

region of synovial (top panel)
and cartilaginous (bottom
panel) joints (adapted, with
permission, from [37] and

[42], respectively). In both

joint types, collagen fibrils in

the hyaline cartilage (HC)

become mineralized and

anchor the soft tissue to the

underlying bone. This ZCC

(zone of calcified cartilage) is

demarcated by wavy

tidemarks and contains

chondrocytes that may

regulate mineralization. The

ZCC is interlocked with the

underlying SCB (subchondral

bone) (white), where the
border is marked by a

tortuous cement line (black).
DZ deep, RZ radial, and STZ
superficial tangential zones of

HC, AF annulus fibrosus, NP
nucleus pulposis, BV blood

vessel, and M marrow space
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interaction between the osteochondral components creates a robust, continuous

connection between materials possessing dissimilar properties. This section

explores how this region both facilitates and presents challenges for the anchoring

of cartilage to bone and synthesizing biomimetic biomaterial systems.

Like most biological tissues [36], the bone–cartilage interface possesses a hierar-

chy that spans multiple length scales. In humans, the joint as a whole is a macro-

scopic structure that may be up to centimeters thick where the cartilage anchors to

the underlying SCB via the ZCC: an intermediate, thin layer of mineralized, or

calcified, cartilage. The tissues that span this interfacial region are each formed from

similar constituent phases, yet are differentially organized at the tissue-level, where

the microstructural arrangement contributes to the unique function performed by

each tissue. The cell populations in these tissues also vary and are differentially

responsive to mechanical loads, disease, and therapeutics for treatment of bone or

cartilage disorders.

Fig. 5.2 Calibrated backscattered electron image of the osteochondral region in rabbit tissue

showing the HC ¼ hyaline articular cartilage, ZCC, and SCB, where the absence of mineral

density in the HC is shown as black (gray level ¼ 0) and mineralized regions in shades of gray to
white (up to gray level ¼ 255). Wavy tidemarks indicate regions of HC that are permeated with

mineral; a white tortuous cement line (arrows) marks the boundary where the ZCC is anchored to

the underlying SCB. Asterisks denote regions where ZCC and/or SCB has been removed by

osteoclasts and infilled with newly formed bone by osteoblasts. O ¼ example of an osteon that

surround a central Haversian canal where blood vessels reside. M ¼ marrow space within

subchondral trabecular bone structure. The mineralized ZCC shows a smooth appearance as

compared to the greater texture of mineral within the SCB
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5.2.1 Anatomy of the Bone–Cartilage Interface

The synovial joint is a well-studied region that contains bone and articular cartilage,

has a consistent structure throughout most articular joints, and undergoes significant

damage with aging and arthritis. Similarly, the cartilaginous joint brings together

two adjacent bones via a continuum of fibrocartilage and hyaline cartilage and often

degenerates with age. Despite the prevalent health detriments of disc degeneration,

the microstructural and mechanical makeup of the cartilaginous joint’s

bone–cartilage interface is less well understood as compared to the interface region

within the synovial joint.

5.2.1.1 The Synovial Joint

The synovial joint is diarthrotic, or freely moveable, and permits the relative motion

via sliding of two adjacent bones that are typically coveredwith ~1–2mm thick layer

of smooth hyaline articular cartilage (Fig. 5.1). The avascular hyaline cartilage is

comprised mainly of Type II collagen and hydrophilic charged proteoglycans that

swell with water to provide cushioning. The cartilaginous structures form the

primary load-bearing surface of the synovial joint, which varies in microstructure

and composition throughout its depth. In superficial layers of cartilage, collagen

fibrils are arranged parallel to the surface such that they distribute loads over a

greater tissue volume and withstand primarily tensile and shear stresses [38]. As

collagen fibrils progress into the deep radial zones of the cartilage, they bend to a

direction that lies perpendicular to the calcified cartilage surface. The fibrils main-

tain this perpendicular orientation as they penetrate into and through the ZCC

[39, 40]. Adjoined to the ZCC is a plate of SCB—a cortical-like region of SCB

that lacks significant porosity yet is well vascularized. The SCB plate and the

adjacent region of the ZCC may undergo remodeling, with ultimate replacement

by bone or infilling of bone within the underlying trabecular compartments [41]. The

organization of collagen fibrils in synovial joints creates a continuous structure that

extends into the ZCC and serves to transmit primarily compressive and shear loads

between cartilage, SCB, and the extended bony structure.

5.2.1.2 The Cartilaginous Joint

The cartilaginous joint forms a stabilizing and permanent cartilaginous union

between two adjacent bones. These joint structures are slightly moveable, or

amphiarthrotic, and occur at locations that include the pubic symphysis and the

joints between adjacent vertebral segments. The cartilaginous region is formed by

an avascular fibrocartilage disc that attaches to hyaline cartilage-covered bony

ends. As an example, the IVD contains a central nucleus pulposus that is encircled

by the annulus fibrosis and is sandwiched between two cartilaginous endplates
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(Fig. 5.1). Within the IVD, the annulus fibrosis is composed of type I collagen that

is organized into lamellae, or highly aligned collagen sheets, of alternating fibril

directions in a manner that is similar to a rotating plywood structure [43]. The

gelatinous nucleus pulposus consists largely of water and proteoglycans that exist

within a network of collagen fibrils [44]. Cartilaginous endplates are formed of

hyaline cartilage structures with fibrils that run parallel to the bony endplate, where

a mineralized layer forms within the hyaline cartilage and adjacent to the vertebral

bone. This layered structure enables a physical, mineralized connection between the

bone and the soft tissues [42].

5.2.1.3 Fluids Within the Joint

A fibrous joint capsule, lined with fluid-producing cells within the synovial

membrane, encapsulates the joint space between adjacent bones. Within the joint

space, viscous fluid bathes the synovial joint’s hyaline articular cartilage to lubricate

gliding surfaces and deliver nutrients to the cartilaginous cells (i.e., chondrocytes).

Loading and unloading of cartilage at low strain rates causes the synovial fluid to

exude into the joint space, thus providing additional lubrication, and reabsorb into

the cartilage upon unloading. When impacted at high strain rates, the “shock” is

absorbed by frictional entrapment of synovial fluid within a charged collagen and

proteoglycan matrix [45]; the resulting high apparent stiffness of the cartilage likely

reduces the modulus mismatch and consequently facilitates transmission of forces

between the bony and cartilaginous tissues.

Within cartilaginous joint tissues, such as within the annulus fibrosus and

nucleus pulposis of the IVD, the water-based interstitial fluid contains little mineral

content. This fluid facilitates removal of waste products and movement of essential

nutrients including oxygen, glucose, and substrates for matrix production [44, 46].

Oxygen concentration and pH vary across the disc, with distance from the nearest

blood supply (up to ~7–8 mm), where diffusion drives nutrient and gas exchange

[46, 47].

5.2.2 Microscopic Structure of the Bone–Cartilage Interface

Initially, long bones and vertebral bodies lengthen and grow through a process

known as endochondral ossification. In this process, the bone lengthens and the

leading mineralization front progresses as cartilage at the growth plate becomes

calcified to form a secondary center of ossification and the ZCC [48, 49]. Bone

remodeling, removal of bone by osteoclasts and replacement with new bone by

osteoblasts, occurs in the SCB plate and underlying subchondral trabecular bone

(STB) to deposit bone during development and maintain the integrity of bone

throughout maturity [41]. Remodeling cells also may invade the underside of the

ZCC and create a highly interdigitated interface between the ZCC and SCB.
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Thus, hyaline cartilage, calcified cartilage, and SCB form a morphologically

continuous transition that is thought to play a major role in preventing large

cartilage deformations and facilitating efficient load transfer [50].

5.2.2.1 Hyaline Cartilage

The composition and structure of the hyaline articular cartilage in the synovial joint

changes with depth—from the articular surface to its interface with bone [49,

51–57]. Articular cartilage is classified into four zones: the superficial tangential

zone (STZ), the middle or radial zone (RZ), the deep zone (DZ), and the ZCC

(Fig. 5.1). The STZ, ~10% of the cartilage thickness, contains fine, densely packed

and parallel-aligned collagen fibrils that bend to form the outermost articular

gliding surface [54, 58, 59]. This zone contains little proteoglycan and may serve

to resist shear forces via Type IX collagen bundles that sit perpendicular to and thus

reinforce the collagen type II fibers. The middle RZ layer contains a greater

proteoglycan component [38]. In this layer, randomly oriented fibers transition

shearing forces at the surface into compressive forces within the DZ. In the DZ,

proteoglycans are constrained to less than 20% of their free solution volume and

trapped within a collagen fibril mesh. The resulting substantial osmotic pressure

within the hydrated cartilage creates a high-energy state and loads collagen fibrils in

tension [37, 60, 61]. These same DZ fibrils form bundles and assume an orientation

that is perpendicular to the mineralized tissue layer as they penetrate the synovial

joint’s ZCC [62]. Cartilage’s microstructural organization thus directs compressive

and shear loads from the articulating surface into the ZCC and underlying SCB.

Similarly, collagen fibers within the cartilaginous IVD are primarily loaded in

tension [42, 63]. The IVD’s cartilaginous endplate forms a barrier between the disc

and the subchondral plate and borders the cranial and caudal surfaces of each vertebral

body. Unlike the normally penetrating fibrils in the synovial joint, the collagen fibrils

in hyaline cartilage lie parallel to the mineralized tissue surface (Fig. 5.1).

The orientation of these fibrils as they penetrate into the ZCC, and thus how the soft

tissue within the IVD is anchored into the cartilaginous endplate, is not well described

in the literature. Further, the cartilage endplate is known to increase inmineral density

with aging and disc degeneration, thus exacerbating the property differences between

the soft IVD and themineralized endplate region. Thismismatch, in combinationwith

a possible lack of fibrillar anchors into the mineralized tissues, could explain the

high failure rate observed at the IVD osteochondral interface.

5.2.2.2 The Zone of Calcified Cartilage

Stresses are thought to be dissipated through the hydrated proteoglycans and

collagen fibrils that extend from the hyaline cartilage into the ZCC [64]. The ZCC

is formed when mineral-containing fluid exudes from pore spaces in the bone.
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In the synovial joint, mineral crystals within the ZCC largely align with the collagen

fibrils. Similar structures observed in bone and dental enamel are highly anisotropic

with the highest modulus in directions parallel to the long axes of mineral crystals

[65, 66]. Unmineralized hyaline cartilage and the ZCC form a continuous, aniso-

tropic, and multilayered structure (Figs. 5.1 and 5.2).

During postnatal development, the ZCC forms via calcification of hyaline

cartilage and is a late event in the terminal differentiation of chondrocytes [67,

68]. Mineralization of the hyaline cartilage is initiated within territorial matrix near

the cells and spreads throughout the broader extraterritorial matrix [69, 70].

Some chondrocytes survive within the ZCC [71–73]. These cells likely regulate

mineralization of the surrounding tissue, as evidenced by highly mineralized

regions surrounding necrotic chondrocytes in osteoarthritic human joints [20].

While blood vessels rarely penetrate the interface between ZCC and SCB, pores

up to 200 mm in diameter enable some fluid movement across the osteochondral

interface [98]. However, due to the poor permeability of the subchondral plate, the

deep zones of hyaline cartilage are largely reliant on diffusion of nutrients and gases

from the synovial fluid of the joint and interstitial fluid within the neighboring bone.

Endplate mineralization increases, while nutrition delivery is diminished, with age

in this region, which may contribute to degenerative joint changes in aging and

osteoarthritis [49, 99, 100].

Interplay exists between the synovial fluid and the less viscous, mineral-containing

interstitial fluid that is contained within the adjacent bones. At the mineralizing front

of the ZCC, mechanical strains imparted upon the bony tissues may force mineral-

containing, watery interstitial fluid into the adjacent unmineralized cartilage and

extend the region occupied by the ZCC. Such mineral apposition into the hyaline

cartilage is denoted by a tidemark.

Dense subchondral tissues, including the ZCC and a SCB plate, limit fluid

movement between the bone and cartilage [70] (Table 5.2). The dense mineralized

endplate structure restricts movement of the bony interstitial fluid—thus preventing

mineral deposits within the bulk of healthy soft cartilage and the joint space.

However, the ZCC and its tidemarks provide evidence of mineral-filled fluid

intrusions into the soft cartilage, and nodules of mineral are commonly found to

intrude within osteoarthritic hyaline cartilage and joint spaces [20].

The tidemark, as first described by Fawns and Landells in 1953 [101], forms an

undulating surface and represents the most recently calcified border of the ZCC

(Fig. 5.2). Tidemark advancement may occur with aging [41, 62, 102, 103], altered

loading states [104, 105], and exercise [21, 106]. The waviness of the tidemark may

represent differential growth rates of the mineralizing front [62] and reduce stress

concentrations as unmineralized collagen fibrils penetrate the ZCC.

Reduplication of the tidemark represents advancement of the ZCC into and

thinning of the overlying hyaline cartilage [107]. Multiple basophilic tidemarks

are present in healthy tissues, yet excessive tidemark numbers may indicate joint

degeneration or osteoarthritis [62]. Thus, the tidemark appears to indicate a miner-

alization pattern that “starts” and “stops” during normal activities [108] and may

be linked with resorption activity within the underlying SCB [109].
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Bone remodeling on the underside of the ZCC securely anchors the hyaline

cartilage and ZCC to the underlying SCB via puzzle-like interlocks (Fig. 5.2;

arrows) [20, 108]. Remodeling, or resorption of the underside of ZCC by

osteoclasts and subsequent infilling of the newly vacant regions with bone by

osteoblasts, creates a tortuous, interdigitated interface (Fig. 5.2). While this process

may lead to thinning of the hyaline cartilage, healthy joint tissues are observed to

maintain a consistent ZCC thickness [110]. This thickness is noted across species to

occupy ~6–8% of the total cartilage height [104, 111, 112] and may diminish with

aging and disease (e.g., osteoarthritis). However, evidence is lacking to demonstrate

that the process of ZCC thinning is normal in healthy, mature cartilage.

5.2.2.3 Subchondral Bone

The layer of relatively uniform, dense SCB plays a critical role in redistributing the

diverse stresses from the overlying soft cartilage or IVD and into the subchondral

Table 5.2 Elastic properties, permeability and porosity of joint tissues (adapted, with permission,

from [74])

Elastic modulus (MPa)

Poisson’s

ratio Permeability (m4/N∙s) Porosity (%)

Hyaline

articular

cartilage

0.07–1.23 [75] 0.15–0.26

[78]

2.7 � 0.64 � 10�15

[79]

65–85% [157, 158]

0.994 � 0.28 [76]

102 [77]

Articular

calcified

cartilage

320 [64]a

�15,000–22,000

[20, 80, 81]b

Subchondral

bone

1,150 [82]a 50–90% [84]

1,147 [77] 78–92% [85]

820–1,370 [83]

�18,000 [20]b

Cancellous

bone

4,590 [82] 4–12.8 [86]

19,800 [6] <5 [87]

Cortical

bone

5,440 [82] 0.28 [90] 3.7 � 10�13 [91] 3.8 � 3.1

(Proximal);

9.3 � 5.7 (mid-

diaphysis);

51.3 � 7.7

(distal) [92]

11,800 [88]

�20,000 [89]b

Nucleus

pulposis

Aggregate compressive:

0.3 [93]

0.47 [94] 0.2 � 10�15 [93] 0.75 [95]

Tensile: 0.04 [94]

Annulus

fibrosis

Aggregate compressive:

0.56 [93]

1 [97] 0.2 � 10�15 [93] 0.70 [95]

Tensile: 20 [96]
aData are collected from bulk beam bending experiments
bData are collected from nanoindentation of plastic-embedded sections
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trabecular network [41]. Few, or no, collagen fibers continue across the interface

from ZCC to SCB in either synovial or cartilaginous joints [42, 108]. However, the

interdigitated interface between the ZCC and SCB serves to anchor the two tissues.

A subchondral trabecular network buttresses and transfers loads from the SCB plate

into the larger bone structure [41, 113]. The trabeculae in this region are anisotropic

and adapt to directions bearing the greatest mechanical loads by remodeling and

reorganizing over time. While these two tissues, the SCB plate and the underlying

STB, are not well distinguished from each other in the literature, they possess

different organization, mechanical properties, and adaptations to mechanical loads

[20, 21, 64, 80, 82, 114].

The SCB plate and STB structure are highly sensitive to altered loading states.

In exercise or with the disruption of loading patterns observed in osteoarthritis, the

marrow spaces within the trabecular bone become infilled with a structurally weak,

rapidly deposited woven bone material that possesses low mineral content [115].

Within the spine, regions of SCB that experience high tensile loading due to annular

insertion are generally thicker and show more extensive cartilage calcification

than other regions of the cartilaginous endplate [43]. The ZCC, SCB, and STB

are dynamic structures that change with loading state via normal bone remodeling

processes.

5.2.3 Conclusions

While the synovial and cartilaginous joints possess vastly different functions

(articulating motion and stability, respectively), the tissues that make up these

two joint types possess functional and morphological similarities. For example,

the avascular cartilaginous joints that form the IVD between two adjacent spinal

vertebral bodies include the cartilaginous endplate, the annulus fibrosis, and the

nucleus pulposis. These three structures are generally analogous to the synovial

joint’s articular cartilage, joint capsule, and synovial fluid, respectively. It is not

surprising, then, to find similarities in patterns of interface structure and aging or

disease across these two joint types.

The common structural features that define material behavior at the microscopic

scale within both hard and soft tissues include the organization, mineralization, and

type of collagen fibrils present. The geometry of the calcification front and porosity

of the underlying bone also contribute to the structural integrity of the

osteochondral interface. The underlying structure and continuity are major factors

in predicting and determining behavior of the interface and load transfer.

The response of bone to the stresses from the overlying hyaline cartilage in the

synovial joint or in the IVD highlights the interplay between bone and cartilage and

mechanisms that regulate remodeling. Further, each tissue within this interface

possesses different microstructural and compositional organization and is differen-

tially affected by loading conditions. A complete understanding of the structure,

physiology, and function of the individual tissues that make up the osteochondral
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region can only be accomplished by understanding the differences and interactions

between each of the component tissues that make up this complex interface region.

5.3 Materials Within the Bone–Cartilage Interface

The tissues that make up the osteochondral interface are comprised of collagen

fibrils, proteoglycans, water, and cells. Additionally, bone and ZCC are dynamic

biological composite materials that are strengthened and stiffened with increasing

levels of mineralization. This section considers how the composition and

microstructural organization within the osteochondral tissues influence the mechan-

ics of the larger joint structure.

Cartilage and bone differ greatly in the organization of their collagenous matrix,

type of collagen, and space that is available for infilling by mineral [20, 50].

However, the basic materials that make up these two tissues serve similar bio-

mechanical roles. Tissue organization at the ultra- and micro-scales contributes to a

smooth transition between cartilage and bone (Table 5.1). This includes collagen

fibril orientation and organization and structural differences between mineralized

tissues. It is also at these same length scales that load transfer is predominantly

accomplished.

5.3.1 The Organic Phase

Soft tissues within human joints are usually in the form of hyaline cartilage

(containing predominately collagen types II and V) or fibrocartilage (collagen

types I and II). Both collagen types I and II are fiber forming and possess similar

amino acid sequences, yet these proteins possess a different combination of the a-
helix strands (type I contains 2 a1(I) and 1 a2(I), type II contains 3 a1(II)) [116]. In
addition, cartilage tissues contain a high concentration of hydrophilic, charged

proteoglycans that provide cushioning and resistance to compression. Other

materials include water, inorganic salts, and small amounts of other matrix proteins,

glycoproteins, and lipids [45]. The proteoglycans intermingle with collagen fibrils.

Proteoglycans form a bottlebrush-like structure via a protein core to which glycosa-

minoglycans (GAGs) attach. Significant amounts of water inflate this hydrophilic

matrix and interact with charged sites on the glycoproteins to contribute to

cartilage’s osmotic pressure and time-dependent behavior [45]. Cartilage is thus a

biocomposite material where, rather than primarily contributing as a matrix com-

ponent (as occurs in bone), collagen fibers and their cross-links provide fiber

reinforcement to the proteoglycan network [37] and align in tension along primary

loading directions.

From an engineering perspective, bone can be considered as a particle-

reinforced composite composed of a type I collagen fiber matrix, ground substance
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(consisting mainly of proteoglycans, matrix proteins, and water), and carbonated

hydroxyapatite mineral particles [36, 117]. The organic bone matrix imparts tough-

ness (i.e., energy absorption), while the mineral particles provide stiffness and

resistance to compressive loads. However, unlike the highly aligned parallel colla-

gen fibrils found within cartilage, bone’s organic matrix is less well organized.

Material within the ZCC forms a similar biocomposite. In bone and calcified

cartilage, anisotropy is typically observed by a preferential orientation of

mineralized collagen fibrils and an increased modulus in the principal loading

directions [66].

Cells within bone and cartilage both deposit and subsequently regulate the

extracellular matrix. In bone, osteocytes trapped within the mineralized matrix

regulate mineralization, while osteoblasts and osteoclasts form new bone and

remove extant bone, respectively. Chondrocytes produce and maintain the cartilag-

inous matrix and align with the parallel-aligned collagen fibrils within hyaline

articular cartilage [118].

5.3.2 The Mineral Phase

The volume fraction of mineral generally predicts the stiffness of the bone composite.

Elastic properties follow particulate composite bounds at macroscopic and micro-

scopic length scales [119, 120]. Other factors that contribute to the properties of

bone are mineral platelet size [117, 121, 122], particle orientation with respect to

collagen fibrils [50], and hydration of the tissue [123]. However, the mineral

composition, organization, and ability to interact with the organic matrix also

contribute to the resulting mechanical properties.

The mineral phase of bone consists primarily of an impure form of hydroxy-

apatite, Ca10(PO4)6(OH)2 [124, 125], with substantial substitutions by carbonate

(CO3
2�) into the OH� or PO4+ regions of the apatite lattice [124]. Most bone

mineral (~98%) exists as small plate-like crystals measuring ~1 � 10 � 15 nm

[126–128] with some larger crystals measuring ~40 � 60 � 90 nm [127].

The size and shape of bone mineral may follow the initial crystal formation

within the gaps between collagen fibrils in the hole region [129]. However, larger

crystals have been observed, via atomic force microscopy (AFM) and transmis-

sion electron microscopy (TEM), to exist in the interfibrillar region [127, 130,

131]. The bone mineral surface has been shown, via nuclear magnetic resonance,

to interact directly with the collagen fibrils and GAGs within bone’s ground

substance [121].

The mineral phase of articular calcified cartilage possesses a similar crystal

structure to that of bone, with similar dimensional measurements [50]. However,
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the calcified cartilage can reach higher but more variable mineralization and

calcium levels: 1–28 wt% in ZCC vs. 16–26 wt% in SCB [50, 80, 132]. The mineral

in the ZCC forms plate-like structures [133] and aligns along the direction of the

collagen fibrils [50].

The dimensions and degree of particle alignment in mineralized cartilage also

attains values similar to those in SCB [50], yet the mineral volume fraction has

been observed in multiple studies to exceed that of the underlying bone [20, 21, 41,

80, 134]. Duer et al. have shown that the connection between the mineral particles

and collagen in calcified cartilage is less developed than that in bone, whichmay be a

reflection of increased cartilage hydration and the inherent difference in matrix

composition [121]. Unlike bone, a large amount of extrafibrillar space exists in

cartilage that is occupied by water [135]. This availability of space, along with the

�50% decrease in proteoglycan content of the cartilage with mineralization, allows

for a high mineral content as compared to bone (~15% greater in ZCC) [136, 137].

The mineral volume fraction throughout the ZCC varies across the tidemarks.

Interestingly, the mineral density within the ZCC is often observed to increase with

proximity to each tidemark and also with proximity to the hyaline cartilage

(Fig. 5.2). The notion that the mineral forms a functional gradient between

mineralized and unmineralized tissues at this interface is refuted by such

observations, where increased mineralization exacerbates the modulus mismatch

between the ZCC and the overlying hyaline cartilage [20, 41, 80].

5.3.3 Conclusions

The analogous structural scales in both bone and cartilage provide a framework for

examining the interface between these two tissues. Considering the continuum of

material or structures at each hierarchical level demonstrates how the composition

and organization at smaller length scales influence material behavior at the macro-

scopic level [36]. From this perspective, it becomes clear how the unique properties

of individual materials form biocomposites, and that these composite materials then

combine to form larger, macro-scale hierarchical-based structures that are ideally

suited for load transfer across dissimilar material interfaces. Examining the compo-

sition of the osteochondral interface from a hierarchical approach that extends from

the macro- to the nano-meter length scales provides insight into how these tissues

function within the healthy joint. This foundation is critical for understanding how

the osteochondral interface is altered by aging or disease and how to ultimately

recapitulate key aspects of native tissues with the goal of engineering osteochondral

tissues or novel engineered bimaterial systems.
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5.4 The Mechanical Properties of Tissues

in the Bone–Cartilage Interface

It is generally understood that the tidemark and the ZCC play critical roles in the

biomechanical integrity of anchoring cartilage and bone. However, assessing

the nature of this role in controlled experiments is complicated by the mismatched

material interface. Standard sample processing methods that are typically employed

for bone or cartilage samples often fail to address the needs of the entire

osteochondral region. Processing methods also cause significant environmental

alterations from in vivo conditions that introduce bias into native tissue property

measurements [1, 20, 21, 62, 80, 138]. Despite these limitations, some work has

provided insight into the properties and function of the osteochondral tissues

through determination of material properties of the individual tissues and via

functional assessment of mechanical interactions between these tissues.

While empirical and observational data on the osteochondral interface tissues

reveal information about their collective function, an equal importance lies in

quantifying the material properties (e.g., modulus), function, and mechanisms of

failure for individual tissues and for the combined osteochondral unit. An accurate

representation of material properties of the hyaline cartilage, ZCC, and SCB is

needed in order to interpret experimental results from testing whole joint or

osteochondral sections, to develop more accurate computational models, to inter-

pret tissue changes that are involved in aging and disease, and to inform processes

and strategies for tissue engineering osteochondral replacement materials.

However, due to challenges associated with specimen preparation, the heterogene-

ity and intermingling of tissues, and the small length scales of interface components

(e.g., the ZCC), little data exist that accurately characterize the material properties

of the tissues in the osteochondral region. Further, the hierarchical construction of

these tissues complicates interpretation of results, where data collected at the nano-

or micro-scale may only represent the properties of the tissue and compare poorly to

the macro-scale. This challenge is consistent with similar challenges in interpreting

bone material properties, where properties vary across length scales [82, 139].

Of the osteochondral tissues, the hyaline articular cartilage and the SCB are the

most thoroughly characterized. Hyaline cartilage properties vary throughout its depth,

but are generally several orders of magnitude below that of the neighboring

mineralized tissues (Table 5.2). Determination of SCB properties has been performed

bymachining and testing a shell, of controlled thickness, fromweight-bearing regions

of the femoral head [83], machining and testing SCB beams in bending [64, 82], and

by performing nanoindentation or AFM on SCB in plastic-embedded sections

[20–23, 80, 81]. Similarly, modulus of ZCC has been determined by machining

beams of SCB and the ZCC, and then using an analytical approach to determine

properties of bulk sections of the ZCC [64], or using nanoindentation and AFM to

determine properties at nano- to micro-meter length scales [20, 21, 23, 80, 81].

Modulus values for the bulk SCB and ZCC specimens are lower than the values

obtained from nanoindentation or AFM (Table 5.2). Two explanations may exist for

this discrepancy. First, modulus values collected at nano- ormicro-meter length scales
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enable high resolutionmechanical imaging across very small tissue features due to the

small size of most nanoindentation or AFM probes. Testing at such small scales

measures the properties of small volumes of material (where regions containing

defects are discarded) and may be more sensitive to the nano- or micro-scale con-

struction of the tissue than at themacro-scale, where contributions to themodulusmay

result from different physical phenomena. Second, probing techniques produce a

modulus that represents amultiaxial measurement, unlikewhat is observed in uniaxial

or bending of the bulk specimens. Anisotropy can be observed using multiaxial tests,

but its effect is muted and produces modulus values that represent all directions, but

with a primary influence from the direction of loading.

Within the literature, most reports cite properties of the ZCC and SCB from a

single investigation performed by Mente and Lewis in 1994 [64]. In this study,

modulus values were collected from bending tests of beams machined from the

ZCC and/or SCB. An analytical approach was then used to determine modulus

values for the two individual tissues. This heavily cited study is often used to bolster

the argument that the ZCC is less stiff than the SCB, and so must functionally grade

properties between bone and cartilage. However, this analysis failed to explicitly

consider the anisotropic nature of the material within the ZCC and that the ZCC

varies greatly in mineral volume fraction. While directional properties of the ZCC

have not been fully characterized, basic composites theory and existing knowledge

of other mineralized tissues imply that the modulus would be the greatest in the

direction perpendicular to the ZCC surface and the least in the transverse directions

(i.e., radially around the joint surface). The modulus that is produced by bending

beams machined from transverse sections of the ZCC thus represents the weakest

direction of loading where failure would likely occur through detachment of

neighboring mineralized collagen fibrils. From this perspective, the modulus that

is commonly reported for transverse beams of ZCC does not represent the aniso-

tropic nature of this material. Nor do the low values of modulus, as compared to the

adjacent SCB, imply that the ZCC serves to functionally grade loads from the stiff

bone to compliant cartilage.

Other studies reporting ZCC properties also fail to capture the anisotropic nature of

this mineralized tissue. Nanoindentation measurements provide a glimpse into how

the ZCC properties relate to those of the SCB; however, these results are relative and

scale-dependent and lack a directional perspective. More advanced testing of the

materials in this interface region needs to be performed, perhaps via testing of

small, machined specimens to elucidate the material properties at relevant length

scales. However, current data in the literature are valuable and provide a starting point

to interpret tissue function and identify gaps that can be filled by future studies.

5.4.1 Function of Cartilaginous Tissues

In the deep zone of cartilage, collagen fibrils increase in packing density and

perpendicular alignment as they penetrate through the depth of cartilage and into

the ZCC [1]. Like fibers that combine to form a rope, the increased packing density
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of collagen fibrils forms a mutually supportive fibrous network that can bear more

load than many can individually.

Compressive forces applied to the surface of the hyaline cartilage translate into

deep shear forces through lateral movement of the radial zone’s hyaline cartilage

(Fig. 5.3). Under compression, the high osmotic pressure matrix surrounding the

fibrils causesmatrix stiffening and thus allows only small deformations of the collagen

fibrils. The bundled fibrils that continue into the ZCC allow deep zone collagen to

better resist lateral shear forces that result from compression of the superficial hyaline

articular surface [1, 62, 118]. Large deformations are not observed when simulating

physiological loading conditions; significant extension and movement of the collagen

fibrils would lead to abrasion and fatigue of the collagen and surrounding matrix

[1, 140]. Small deformations of collagen fiber bundles that penetrate into the ZCC

likely transmit direct and repeated compressive and shear loads without loss of

structural integrity to tissues contained within the interface region [1].

Fig. 5.3 Deformation under compressive loading showing deformation in (a) healthy and

(b) degenerated cartilage. White dotted lines illustrate pattern of collagen fibril and chondrocyte

deformation. Degenerated and fibrillated cartilage in (b) is mechanically weaker and retains less

water (adapted, with permission, from [62])
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Water is displaced as the matrix consolidates [141]. Fluid that is forced out of the

region underneath an applied compressive load first flows in the lateral direction,

where the rate of fluid flow depends on the magnitude of the applied stress and the

compressive resistance of the cartilage. The intrinsic compressive stiffness of

the hyaline cartilage results from the physiochemical linkages between the collagen

fibrils and the proteoglycans, which create a matrix that is highly resistant to fluid

flow. Water thus serves as an incompressible continuum that communicates com-

pressive strain of the matrix into volumetric dilatation and subsequent

poroviscoelastic fluid flow [62]. Excised sections that contain full thickness carti-

lage and SCB enable visualization of deformation patterns within the collagen

matrix with compressive loading of the articular surface [62]. Collagen fibrils are

generally aligned with the long axes of chondrocytes, so the cells are used to

delineate fibril orientation [142]. Compression of healthy joint tissues shows

deformation patterns indicating that strains within the matrix are limited by the

radially oriented collagen fibrils in the STZ and the mineralized anchor that is

formed by the ZCC. These strain-limiting regions thus control the laterally directed

volumetric dilatation within the central regions of the cartilage and resist tissue

damage in healthy cartilage. Under compressive loads, collagen fibril orientation at

the interface with the ZCC is perpendicular directly under the applied load. In

lateral regions, however the collagen fibrils bend to resist shear and maintain the

robust anchoring of the hyaline cartilage matrix with the ZCC (Fig. 5.3).

5.4.2 Function of Mineralized Tissues

A notion persists that the ZCC serves to functionally grade properties from the

underlying bone to the overlying hyaline cartilage (Table 5.2) [20, 80, 140];

however, the literature lacks substantial evidence to support this claim. As

previously mentioned, Mente and Lewis demonstrated that the modulus of

calcified cartilage is an order of magnitude less than that of the underlying SCB

[64]. Nanoindentation studies of the material property transition in regions span-

ning bone and calcified cartilage have shown mixed results. Ferguson et al. and

Gupta et al. have shown the moduli of calcified cartilage to be lower than adjacent

bone in normal and pathologic tissues (i.e., osteoarthritic human or exercised

horse tissues) [20, 21, 80]. However, the calcified cartilage modulus is greater

than that of bone in other samples in these same studies. The limited number of

samples examined in these studies prevents one from making broad statements

about the functional role of the ZCC.

The property gradient across the osteochondral interface may depend on many

factors, including loading conditions, age of the tissue, activity or exercise level, and

disease presence. Indeed, some dispute the role of the ZCC in transitioning, or

functionally grading, properties between bone and cartilage [1]. Several functional

studies of the osteochondral region, performed by a single research group, show that

collagen fiber deformations are constrained by the rigid, high-energy state in the
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deepest zone of unmineralized hyaline cartilage [1, 62, 118]. These same studies

note that deformations of ZCC were not observed during compressive or shear

loading of excised osteochondral sections. The role of the ZCC in transitioning

loads from bone to cartilage remains understudied, yet this tissue is undoubtedly

critical in the mechanics and mechanobiology of this interfacial region.

The leading tidemark, through which the continuum of collagen fibrils

penetrates, forms an abrupt edge between the mineralized material and the adjacent

deep zone of the unmineralized hyaline cartilage. BSE and contact resonance-force

microscopy images show the interface width, or the distance between high modulus

material, ~20 GPa, within the ZCC and the comparably low modulus values,

~10 GPa, in the (PMMA-embedded) hyaline cartilage, is only on the order of

5–10 mm (Figs. 5.2 and 5.4) [22, 23]. The tidemark has sometimes been observed

to be of a higher calcium concentration [143] and mineral volume fraction than

deeper regions of the ZCC [20, 21, 80]. This abrupt interface and pattern of

mineralization can also be visualized at sub-micron resolution in backscattered

electron images that are calibrated to exact mineral volume fraction (Figs. 5.2 and

5.4). Such mineralization patterns may exacerbate the modulus mismatch and the

abrupt edge at the tissue interface.

Fig. 5.4 Quantitative backscattered electron (qBSE) image of sagittal hemisection of an ovine

lumbar vertebral endplate showing the ZCC (marked with arrows) that connects the SCB to the

annulus fibrosis and nucleus pulposus tissues (approximate locations shown in top panel as “AF”
and “NP,” respectively). The ZCC is thinnest in the regions that are primarily compressively

loaded in vivo in regions overlying the NP (}) and the inner AF ({); also described in [42]. The

ZCC is thickest in the outer AF region where joint-stabilizing fibrils insert into the outer AF ({)
and apply significant tensile and shear loads; multiple tidemarks exist in this region and indicate

that the vertebral ZCC may be dynamic in its response to loading in a manner that is similar to that

in articular joints. The thick SCB may transition loads into the underlying struts within the

subchondral trabecular bone (STB). Marrow space is shown as black (gray level ¼ 0) and

increasing mineral content shows as shades of gray (up to 255)
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Finite element analysis of juxtarticular stresses showed that increased stiffness of

the SCB plate (that presumably included the SCB and ZCC) correlated with elevated

shear stresses at the bone–cartilage interface [144]. However, similar analyses

demonstrated that subchondral stiffening leads only to modest increases in stress

within the overlying hyaline cartilage [145, 146]. These results, in combination with

the elevated incidence of radial fractures in aged subjects with presumably higher

ZCC mineralization, indicates that damage at the osteochondral interface may

precede, and ultimately cause, hyaline articular degradation and damage.

How the mineralized cartilage participates in functional grading within the

osteochondral region requires further study. An improved understanding of the

function of the ZCC and SCB will help to elucidate how alterations in mineraliza-

tion, porosity, and remodeling of the ZCC and SCB contribute to degeneration with

aging and disease in both synovial and cartilaginous joints.

5.4.3 Failure of the Bone–Cartilage Interface

Because the soft, hyaline cartilage forms an abrupt boundary with the underlying

ZCC, failure in this region tends to parallel, rather than to penetrate, the interface in

synovial joints [147]. However, twisting or dislocation can expose convex joint

surfaces to lateral forces and shear-induced lesions or failure within the

osteochondral region [148–150]. Osteochondral failure depends mainly on the

load intensity and the integrity of the cartilage material—a factor that varies

substantially with aging and disease.

Polar forces between water and the negatively charged proteoglycans within the

matrix create a significant Donnan pressure effect and thus resist flow—especially

at high strain rates such as those most commonly experienced in vivo [37, 45].

The total swelling pressure contributes to the high-energy state of the hyaline

cartilage and results from a physiochemically derived osmotic pressure and the

repulsive charges between closely spaced proteoglycan molecules [37]. Articular

cartilage is constrained in its superficial zone by radially oriented (i.e., parallel to

the articular surface) collagen fibrils and by the underlying mineral, as evidenced by

its immediate expansion upon being cut away from the ZCC and SCB [1, 151, 159].

This complex high-energy state, and the water stored within the cartilage,

conveys rigidity and toughness [1]. Yet failure of the tissue enables release of

stored potential energy to cause significant tissue damage. For example, adolescent

individuals, who lack a substantially calcified cartilage layer, can experience

traumatic fractures that transmit deep into the osteochondral junction and penetrate

the SCB [152, 153]. In elderly adults, where the ZCC possesses a significant

mineral volume fraction, regions of tissue failure tend to locate along, but do not

penetrate through, the leading tidemark [154]. In excised human tissues,

microcracks often occur in the ZCC from 58- to 75-year-old subjects [155, 156].

Separately, a controlled, ex vivo study of shear impact loading of articular cartilage

demonstrated age-dependent patterns of osteochondral failure [148]. In immature
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tissue sections, shear stresses reaching a critical value caused initiation of a large,

fast-moving crack of combined modes (mixed-mode I, due to out-of-plane forces

and mode II due to in-plane forces) that propagated in the osteochondral region

until it arrested. This mixed-mode crack also formed fractures vertically through

the articular cartilage. In contrast, mature tissues exhibited smaller cracks that

propagated primarily within the tidemark region without vertically oriented

damage. The mechanism of failure within the osteochondral region thus changes

with development and the consequent increasing mineralization of the

developing ZCC.

Less is known about failure in or near the osteochondral interface within the

spine. In contrast to the synovial joint, the hyaline cartilage of the cartilaginous

endplate consists of collagen fibers that are oriented parallel to the mineralized

tissue surface (Fig. 5.1). Anecdotally, orthopaedic surgeons often note that

the mature endplate is easy to separate from the underlying bone during surgery.

A gap exists in understanding the transfer of mechanical loads and contribution of

tissue microstructure to the function of this complex region. Specifically, it is

unclear how the parallel orientation of the collagen fibrils sustains function of

this interface in the spinal tissues and if this specific construction may be one factor

that leads to disc damage and degeneration. Also, how the integration of mineral

within this collagen framework causes dissipation of compressive and shear forces

within the spinal tissue environment is unknown.

5.5 Concluding Remarks

This chapter both summarizes current knowledge and also highlights gaps in our

current understanding of the bone–cartilage interface. Overall, the osteochondral

interface forms a complex region that is constructed of multiple tissues and cell

types that each respond differently, but not separately, to intrinsic factors including

mechanical loading and to extrinsic factors such as drug therapies. In combination

with microstructural and compositional differences across the tissues, these factors

lead to different mechanical and material properties, mechanosensory responses,

and underlying physiology [41]. This complex environment therefore necessitates

an improved understanding of the interaction between cell populations, the manner

in which mechanical loads are transferred, and how damage and/or altered loading

in one tissue may affect the overall unit.

In order to elucidate how alterations in factors such as mineralization, porosity,

and remodeling of the ZCC and SCB contribute to degeneration with aging and

disease in both synovial and cartilaginous joints, further study on the interface is

necessary. Further, an accurate representation of tissue-scale through nano-scale

material properties of the hyaline cartilage, ZCC, and SCB is needed in the contexts

of hierarchical organization and anisotropy. An improved understanding of

this complex, layered, dynamic region will enable interpretation of experimental

results from testing whole joint or osteochondral sections, development of more
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accurate computational models, and understanding of how tissue changes are

involved in aging and disease. Further, this knowledge will inform strategies for

tissue engineering osteochondral replacement materials and engineering of

advanced biomimetic materials that join highly dissimilar materials.
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Chapter 6

Muscle–Tendon Interactions in the Absence

of Bones: Lessons from the Fruit Fly, Drosophila

Talila Volk

6.1 Introduction

Invertebrates provide a unique system in which to study how the musculoskeletal

system operates and functions in the absence of bone structures. The fruit fly

Drosophila Melanogaster has been used as an exciting animal model to study and

elucidate various aspects of embryonic development, including the initial steps of

muscle and tendon development and patterning [1–3].

Whereas Drosophila does not contain cartilage/bone elements, the muscles are

connected to specialized muscle attachment cells that are part of the epidermal cell

layer, which together with the cuticle, form the exoskeleton [1, 4]. These epidermal

cells function as muscle attachment sites and develop into a specialized subset of

epidermal cells, referred to as tendons. Despite the fact that these tendon cells

appear considerably different from the collagen fiber-rich, multicellular tendons of

vertebrates, some of the principles of tendon cell determination, and especially their

cross-talk with muscles and the formation of the myotendinous junction (MTJ),

appear to be conserved in evolution; therefore, tendon formation in the fly can serve

as a paradigm for the corresponding processes in the vertebrate embryo.

Two unique features of the musculoskeletal system in flies that are not present in

vertebrates are the absence of bones and the one-to-two relationship between a

single muscle cell and its corresponding two tendon cells that connect both ends of

the muscle. In such a scenario, the mechanical force produced by muscle contrac-

tion is transmitted directly to the two tendon cells at both its ends. Therefore, the

structure of these tendons must be robust to resist muscle contractions and to

maintain the integrity of the entire ectoderm.

The following chapter describes the origin as well as the differentiation

pathway promoting tendon development in Drosophila embryonic development,
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the development of the MTJs, and the molecular pathways that determine the

structural elements within the fly tendons and provide them with the ability to

resist muscle contractions.

6.2 Early Determination of Tendons Is Independent

of Muscle Cells

The intricate pattern of tendon cells within the ectoderm emerges in parallel to

muscle founder cell determination (Fig. 6.1a). One of the earliest genes that induce

tendon progenitor cells within the ectoderm is the EGR-like transcription factor,

StripeB, one of the two isoforms produced by the stripe gene [5, 6]. The StripeB

transcription factor is less active than the alternate StripeA isoform, whose expres-

sion is activated at a later developmental stage following the interaction of the

tendon with the muscle [7]. StripeB expression is promoted by signaling pathways

involved in the patterning of the embryonic ectoderm including Wg- Hh- Notch-

and EGFR pathways [8]. Direct Stripe induction is provided by the Wg and Hh

signaling pathways, as both TCF and Ci binding sites were shown to be functional

in the stripe promoter region [9]. StripeB overexpression promotes the beta-gal

expression of an enhancer trap inserted in the stripe promoter region [10],

demonstrating that StripeB positively regulates its own transcription. Once

activated, at stage 11–12 of embryonic development, the ectodermal cells are

transformed into tendon progenitor cells capable of directing the correct targeting

of the muscle cells that migrate towards the Stripe-positive tendon cells (Fig. 6.1b).

Stripe also mediates the induction of adult tendon cells in the fly’s thorax [11].

Interestingly, Stripe expression in the thorax antagonizes the expression of AC-S

proneural genes, inhibiting sensory organ precursor formation in the areas of future

muscle attachment sites. Thus, Stripe expression divides the future adult fly thorax

into a Stripe-positive domain, in which tendon cells develop, and a Stripe-negative

domain, where sensory bristles form. This mutual exclusion between tendons and

neural tissue is conserved in evolution [12].

Several genes involved in muscle targeting to tendon cells are positively

regulated by Stripe activity in the embryo, including slit, tsp, lrt, and slow
[13–17]. Interestingly, although Stripe is sufficient to induce their expression,

some of these genes are detected at low expression levels even in stripe mutant

embryos, raising the possibility that segment polarity genes initially activate a set of

tendon-specific genes including StripeB. StripeB then maintains and amplifies the

expression of these genes as well as its own transcription, transforming these

ectodermal cells into tendon progenitor cells (Fig. 6.2). However, the final differ-

entiation of these progenitor cells depends on their specific interaction with

muscles.

Posttranscriptional downregulation of StripeB levels in the tendon progenitor

cells is provided by the long isoform of the RNA-binding protein Held Out Wing
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(HOW(L)), which is both necessary and sufficient to reduce stripe mRNA levels.

HOW(L) itself is a target of StripeB [18, 19]. Thus, HOW(L) creates a negative

feedback loop that counteracts StripeB auto-activation, leading to the maintenance

of StripeB at low levels in the progenitor tendon cells and inhibiting their

subsequent differentiation.

Fig. 6.1 Muscle–tendon interactions in the Drosophila embryo. (a) Two hemi-abdominal

segments of a stage 16 embryo stained for Myosin Heavy Chain (MHC) (green) that marks the

somatic muscles and for Stripe (red) marking the tendon cells. Note that each muscle is associated

with two tendon cells at its both ends. (b) Schematic representation of a single hemi-abdominal

segment showing the 30 types of muscles (light green are anterior muscles and dark green are

more posterior muscles, and their tendon attachment cells are in red). (c) Scheme of the first stage

in tendon assembly; tendon progenitors are defined in the ectoderm by the induction of StripeB

(SrB) by segment polarity genes Hh and Wg. StripeB expression is maintained low as a result of

posttranscriptional repression of the RNA-binding protein HOW(L). SrB regulates positively its

own expression as well as the expression of inhibitor HOW(L). Tendon progenitors secrete Slit

and provide initial cues for directing muscle bipolar migration. The muscle responds to Slit

through Robo receptors. In addition Kontiki (Kon) contributes to the migration of the muscles
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The muscle-dependent signal required for differentiation of tendon progenitors

into fully mature tendon cells is provided by Vein, a neuregulin-like secreted ligand

of the EGF-receptor pathway. Following muscle binding, Vein accumulation at the

muscle-tendon junction site specifically activates the EGFR-receptor pathway in

the muscle-bound tendon progenitor, driving it to differentiate to a mature tendon

cell (Fig. 6.2) [20].

Thus, the initial determination of Drosophila tendon progenitor cells in the

ectoderm takes place sequentially (Figs. 6.1 and 6.2). The initial weak signal is

initiated by segment polarity genes. Then, the signal is strengthened as a result of

StripeB activity, which is positively auto-regulated, but also maintained at low

levels as a result of the posttranscriptional inhibitory activity of HOW(L). In this

manner, the tendon progenitor cells produce the necessary signals for attracting

muscle cells towards the attachment sites; however, the cells are not fully

committed to a tendon fate, and their final differentiation is still dependent on

future interaction with muscles.

6.3 Targeting and Anchoring of Muscles to Tendons and the

Formation of the Myotendinous Junction in Drosophila

Whereas the initial determination of muscles and tendons appears to be autonomous

in Drosophila, targeting of muscles to tendons requires cross-talk between these

two tissue types. Muscle migration towards tendons depends on several factors

including the initial polarity of the muscle cell, local signals available during

muscle migration, target recognition, and signals involved in the migration arrest.

Due to the limited amount of information available on these processes in both

vertebrates and invertebrates, it is too early to speculate as to the degree of

conservation between these processes in the two systems. However, the gradual

construction of the MTJ mediated primarily by integrin-dependent adhesion in both

Fig. 6.2 Muscle-tendon recognition. Following the arrival of muscles to their corresponding

tendon cells, the muscle signals to the tendon through EGFR activation by means of the

neuregulin-like secreted ligand Vein to initiate tendon differentiation and elevate SrB expression.

SrB further induces the expression of Slit and LRT, the latter is required to arrest muscle

migration. Tendon precursors that do not bind muscles loose SrB expression and become ectoderm

cells
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systems may reflect a high degree of similarity between invertebrates and

vertebrates. Below, I discuss what is known regarding muscle targeting and MTJ

formation in Drosophila.
At stage 12–13 of embryonic development, following fusion of the myoblasts to

distinct founder cells, the myotubes acquire characteristic polarity, in which the

edges of the cells are directed to either anterior-posterior or dorsal-ventral positions

[1]. By detecting individual GFP-labeled myotubes, the migration path of muscle

cells towards their targeted tendon cells may be followed (Fig. 6.3). In this manner,

it is possible to distinguish between mutations affecting the migration per se, or

mutations affecting muscle attachment to tendons. Although both defects result in

a phenotype characterized by dissociation between muscles and tendons and the

rounding of the muscle cells, defects in muscle migration appear at earlier devel-

opmental stages [21].

A unique aspect of muscle migration toward its target tendon cells is its

concomitant bipolar extension towards two tendon cells located at its two opposite

ends. Imaging of live single muscle cells during their migration suggests a simulta-

neous bi-directional extension of the muscle cell [1] (Fig. 6.1). How do the muscle

ends respond in opposite directions to guiding signals? It is possible that the initial

extension of the two muscle ends occurs due to the intrinsic polarity of this cell type

independent of any external signals. Only when the two muscle ends are distant

enough from each other, might they respond to short-range signals provided by the

tendon cells located at the segment border. Such a scenario might take place during

vertebrate muscle migration where, in a manner similar to Drosophila, the muscles

are connected at their two ends to attachment sites.

Several signaling pathways involved in axon guidance were described that

mediate muscle guidance toward tendon cells, as well. These include the Slit/

Fig. 6.3 Muscle cell

morphology during migration

and following attachment to

the tendon cell. A single

muscle (muscle 12) was

labeled with membrane

bound GFP (CD8-GFP) and

also stained for integrin (red).
(a) At stage 14 the muscle is

migrating towards its tendon

cell and exhibits a polarized

shape. (b) At stage 16 the

muscle has been attached to

tendon cells at its both ends.

Its morphology has been

changed and integrin (red
line) is highly detected at the

interface between the muscle

and the tendon
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Robo and the Derailed Receptor Tyrosine Kinase pathways [13, 14, 22]. Muscles

express the Robo receptors (Robo and Robo2), and Slit is secreted from tendon cells

as well as from the ventral cord midline. Interestingly, whereas both Slit/Robo and

Derailed pathways repress axon guidance, they appear to mediate attraction of

muscles towards their target tendon cells (an exception is the ventral muscles,

which are repelled from the ventral midline due to Slit activity secreted at the

midline).

Recently, an additional novel protein complex expressed by the ventral longitu-

dinal muscles was demonstrated to mediate muscle migration towards tendon cells.

This complex includes the transmembrane protein Kon-Tiki/Perdido, its cytoplas-

mic partner, the PDZ domain protein, Grip, and the cell surface protein, Echinoid

[21, 23–25]. Kon-Tiki and Grip share a similar phenotype, in which mutant muscles

do not extend towards the tendon cells during their migration, suggesting that they

both mediate a positive attractive cue sensed by the muscle ends. The nature of this

signal has not yet been elucidated.

In summary, the unique bipolar extension of the muscle ends might be dependent

on short-range signals provided by the tendon cells [26].

6.4 Formation of the Drosophila Myotendinous Junction

In both vertebrates and invertebrates, the correct construction of the MTJ is

essential for force transmission and to counteract muscle contraction by the skeletal

elements via tendon cells. The MTJ consists of hemi-adherens junctions formed

between integrin heterodimers assembled on the muscle and tendon membrane

surfaces together with extracellular matrix (ECM) proteins deposited in between

these cells [26]. These ECM proteins “glue” both cell types together through

integrin receptors associated with the actin cytoskeleton in the cytoplasm of each

cell. The glue-like ECM material provides elastic properties to the MTJ, and its

unique ultrastructural organization is essential for proper force transmission

(Fig. 6.4).

Studies in Drosophila revealed the sequence of events associated with MTJ

formation. Two types of integrin heterodimers mediate MTJ formation, namely

aPS1bPS on the tendon cell and aPS2bPS on the muscle side [27, 28]. They appear

to interact with distinct types of ECM proteins; the tendon-specific aPS1bPS
interacts with laminin [29, 30], whereas the muscle-specific aPS2bPS interacts

with Thrombospondin (Tsp) [15, 31] and with Tiggrin [32] (Fig. 6.4). Laminin as

well as Tsp are secreted from the tendon cells, and Tiggrin is secreted from the

muscle cell. MTJ dysfunction causes the complete dissociation of muscles from

tendons, leading to embryonic lethality. The most severe muscle detachment

phenotype is obtained in embryos mutant for either aPS2bPS or its ECM ligand,

Tsp. Lack of Laminin, and/or aPS1bPS leads to a less severe muscle detachment

phenotype, suggesting that the adhesion of the muscle to the tendon-associated

ECM is a critical aspect of the MTJ function.

124 T. Volk



The earliest event in the construction of Drosophila MTJ is the tendon-specific

secretion of Tsp, which precedes muscle attachment and the assembly of PS

integrins on the muscle and tendon surfaces. While migrating, the muscle does

not respond to Tsp even when ectopically expressed; however, once the muscle

ends approach the tendon cell, PS2 integrin gradually accumulates at the muscle

ends, presumably as a result of inside-out integrin signaling which, following

association of its cytoplasmic tail with Talin, enhances the affinity of its ectodomain

to Tsp [27, 33].

Fig. 6.4 Muscle-tendon interactions following the formation of the MTJ. (a) Formation of the

MTJ. The MTJ (black) is formed through aPS1bPS muscle-specific integrin association with the

tendon-secreted ECM component thrombospondin (Tsp), and its regulator Slow. Laminin (Lam)

binds the aPS1bPS tendon-specific integrin. At this stage HOW(S) is elevated in the cytoplasm of

the tendon cell promoting the formation of StripeA (SrA) essential to induce terminal differentia-

tion by inducing the expression of Shortstop (Shot), Delilah (Dei), and b1tubulin (b1Tub). (b) Side
view of two muscles from adjacent segments attached to a single tendon cell. Green and orange
are the tendon-specific and muscle-specific integrin receptors. The ECM proteins Tsp and Laminin

are deposited between the muscles and tendon cells and the ECM protein Tiggrin is deposited

between the two adjacent muscles
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Recently, a secreted tendon-specific protein, Slowdown (Slow), was shown to

modulate the responsiveness of the muscle integrins to Tsp, presumably through its

Tsp association [17]. Lack of slow leads to a severe locomotion phenotype in

homozygous larvae, and an inability to fly in adult slow homozygous mutant

escapers. In slow mutants, a premature association between Tsp and the muscle

aPS2bPS integrin was demonstrated, leading to the accumulation of integrin

receptors on the muscle ends prior to the muscle’s arrival at the tendon cell. This

leads to asymmetric force distribution between muscles and tendons, causing mus-

cle, as well as tendon tearing (Fig. 6.5). Thus, when the interface of the MTJ has not

been constructed in a correct manner, both the tendon and the muscle are exposed to

aberrant distribution of the mechanical load developed by muscle contraction. This

leads to occasional tearing of muscles or tendons, and muscle dysfunction.

Interestingly, a similar phenotype is also obtained when muscle integrin

receptors are overexpressed in the muscle cells [33]. Premature “spotty” junctions

are detected, and an aberrant MTJ is formed between the muscle and its tendon cell.

Therefore, the gradual construction of the MTJ as well as the correct assembly of

the ECM is critical for proper musculoskeletal function.

6.5 Arrest of Muscle Migration

The arrival of the muscle cell at the target tendon cell and the formation of the MTJ

are temporally and spatially coupled. However, it is not clear how tendon recogni-

tion, arrest of muscle migration, and initiation of MTJ formation are coordinated at

the molecular level. The transmembrane protein kon-tiki/perdido was shown to

Fig. 6.5 Gradual construction of the MRJ is mediated by Slow activity. Left panel—in wild type

embryo, Slow and Tsp are secreted from the tendon cell and form a protein complex that inhibits

Tsp binding to the muscle integrin receptors prematurely. Only following the arrest of muscle

migration, Tsp binds to the integrin receptors, promoting their high accumulation at the muscle

ends and a proper formation of MTJ. Right panel—in slow mutant embryos, integrin receptors

accumulate at the leading edge of the muscle prior to the arrest of muscle migration. This leads to

aberrant construction of the MTJ that eventually leads to muscle or tendon tearing during larvae

movements
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interact genetically with the tendon-specific aPS1bPS integrin receptors [23]. Such

an interaction might provide the muscle cell with a signal to arrest its migration.

The phenotype of kon-tiki/perdido is first detected during migration of the muscles;

however, an additional role in migration arrest cannot be excluded. LRT, a tendon-

specific leucine-rich transmembrane protein, accumulates following muscle arrival

and functionally interacts with Robo receptors on the muscle cell. Lack of lrt leads
to extra membrane extensions, suggesting aberrant muscle targeting and/or defects

in the arrest of muscle migration. Moreover, its overexpression stalls muscle

extension towards tendon cells, supporting the central role of this molecule in

promoting the targeting of muscle to tendon cells [16].

One possible mechanism for the arrest of muscle migration is the initiation of

MTJ formation. During muscle migration, the muscle is insensitive to ectopic

expression of the ECM protein, Tsp [17]. A possible explanation might be that

integrin receptors are not expressed on the membrane of migrating muscle cells.

The arrival of the muscle to its target tendon cell leads to the initial accumulation of

muscle integrin receptors, responsiveness to Tsp, and the accumulation of integrin

at the muscle ends. These initial adhesion events might represent a signal for the

muscle to arrest its migratory behavior and to initiate the formation of the MTJ. A

finding supporting this possibility is that overexpression of integrin in the muscle

during its migration leads to aberrant muscle migratory behavior [17].

In summary, several mechanisms explaining tendon recognition by the muscle

and its coupling to the initial formation of the MTJ are based on the function of

highly conserved proteins, which may play similar roles during the formation of the

MTJ in the vertebrate embryo. Recently, components of the intergin-mediated

adhesion machinery, including Talin 1 and Talin 2, as well as the laminin integrin

receptors a7b1D and a7Bb1D were shown to actively mediate vertebrate MTJ, and

their absence was shown to lead to myopathies in humans [34, 35].

6.6 The Unique Tendon Cytoskeleton Enables Resistance

to Muscle Contractions

Fly tendons utilize the cuticle secreted by the ectoderm as an external skeleton.

Specialized proteins connect the tendon plasmamembrane to the cuticle, maintaining

a tight association between the tendon cell and the exoskeleton [36]. However, the

tendon cell itself must resist muscle contraction in a flexible and elastic fashion. In

most cases, a singlemuscle is bound to a single tendon so that themechanical strength

of muscle contraction is transmitted to a single cell and not to multiple tendons, as is

the case in vertebrate tendons [4]. Molecular insight into the mechanism enabling the

transmission of the contractile forces to the cuticle exoskeleton was deduced from an

RNAi-induced knock-down of the shortstop (shot) gene product in tendon cells.

Shortstop is a large evolutionarily conserved protein containing a microtubule bind-

ing sequence at its C’ terminal domain, a large spectrin repeat domain, and plakin and
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claponin-actin binding motifs at its N-terminal domain [37, 38]. Shortstop is highly

expressed in tendon cells, neurons, and ectodermal cells. A tendon-specific knock-

down of Shot using the stripe-gal4 driver leads to larvae that hatch but are incapable
of developing to the third instar larval stage, eventually leading to larval lethality [39].

The tendon cells of these larvae are highly elongated, and often tear apart while

maintaining the MTJ (Fig. 6.6). Molecular analysis has shown that Shot accumulates

Fig. 6.6 Drosophila Shot links the actin and microtubule cytoskeletons. (a) Diagram of the

various domains of the Shot protein. (b) Schematic depicting the tendon cell linking muscle

cells to the exoskeleton. Region outlined with a dotted box represents the region that is enlarged in

(c). MTs microtubules; ECM extracellular matrix; HA hemi-adherens junction. (c) Model of Shot

function. In the wild type (WT), Shot binds EB1, recruiting it and APC1 to microtubule plus ends,

resulting in resistance to muscle contraction. In the absence of Shot (shot RNAi), EB1 and APC1

are lost from microtubule plus ends, and tendon cells fail to resist muscle contraction (note that

some microtubules detach in shot RNAi mutants)
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at the cytoplasmic faces of the tendon-cell MTJ, where it promotes the polarized

organization of the plus ends of microtubules that are stretched between the MTJ and

the cuticle. Reduction at the levels of Shot leads to dissociation of the MT plus ends

from the MTJ and extensive elongation of the tendon cell. These results suggest that

the polarized array ofMTwithin the tendon cells is critical for the tendon cell to resist

muscle contraction.

6.7 Conclusions

Analysis of the fly musculoskeletal system reveals unique solutions to overcome

issues shared with musculoskeletal assembly and function in vertebrates. For

example, instead of multiple tendon cells in vertebrates that share the muscle-

generated forces between many cell units, in Drosophila, the force is divided

between multiple MT-fibers within a single cell. Analysis of the fly musculo-

skeleton enables us to define the critical phases essential for the correct functional-

ity of this system. These include: (a) the precise encounter between muscles and

their corresponding tendon cells; (b) the critical role of the integrin receptors in the

formation of the MTJ, and the gradual construction of the MTJ to accommodate the

final morphology of the muscle and tendon ends; (c) the elasticity of the tendon

cells that is maintained by the MT system; and (d) the essential role of the ECM and

its precise assembly and deposition during MTJ formation.
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Chapter 7

Dentin/Adhesive Interface in Teeth

Paulette Spencer, Qiang Ye, Jonggu Park, Ranganathan Parthasarathy,

Orestes Marangos, Anil Misra, Brenda S. Bohaty, Viraj Singh,

and Jennifer S. Laurence

7.1 Posterior Composite Restorations

In 2005, 166 million dental restorations were placed in the United States [1] and

clinical studies suggest that more than half were replacements for failed restorations

[2]. Replacement of failed restorations consumes 60% of the average dentist’s

practice time (NIDCR 13-DE-102) and this emphasis on replacement therapy is

expected to increase as concerns about mercury release from dental amalgam force

dentists to select alternative materials. Resin composite is the most commonly used

alternative [3], but moderate-to-large composite restorations have higher failure

rates, more recurrent caries, and increased frequency of replacement as compared to

amalgam [2–8].

Results from clinical studies suggest that, after 8 years, the failure rate for

posterior composite restorations was at least 50% greater than that for high copper
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amalgam restorations [9]. At 5 years, the need for additional treatment was 50%

greater in children receiving composite restorations as compared to children treated

with dental amalgam [5]. Based on a review of dental records from 3,071 subjects,

Simecek and colleagues reported in 2009 a significantly higher risk of replacement

for posterior composite restorations as compared to amalgam [4]. In a study of

amalgam and composite restorations placed by 243 Norwegian dentists, the mean

age of failed amalgam was ~11 years, while the mean age for failed composite was

significantly lower at 6 years [7]. Indeed, after nearly five decades of research, the

clinical lifetime of large-to-moderate posterior composite restorations continues to

be approximately one-half of that of dental amalgam [10].

The reduced clinical lifetime of moderate-to-large class II composite

restorations can be particularly detrimental for patients because removal of these

restorations can lead to extensive loss of sound tooth structure. For example, the

removal of composite restorations produced significantly greater increases in cavity

volume in comparison to the removal of amalgam [11]. The increase in cavity

volume and increased frequency of replacement means that significantly greater

amounts of tooth structure will be lost with treatment and re-treatment of class II

composite restorations [11]. Over the lifetime of the patient, the additional loss of

tooth structure will translate to more complex restorations and eventually total tooth

loss. The reduced longevity, increased frequency of replacement, and the need for a

more complex restoration mean increased costs to the patient in terms of both time

and money [12].

The premature failure of moderate-to-large composite restorations can be traced

to a breakdown of the bond at the tooth surface/composite material interface [9, 10,

13–17] and increased levels of the cariogenic bacteria, Streptococcus mutans, at the

perimeter of these materials [18–22]. The composite is too viscous to bond directly

to the tooth and thus, a low viscosity adhesive must be used to form a bond between

the tooth and composite. The breakdown of the composite/tooth bond has been

linked to the failure of current adhesives to consistently seal and adhere to the

dentin [2, 17–26]. Acid etching provides effective mechanical bonding between

enamel and adhesive, but bonding to dentin has been fraught with problems.

7.2 Dental Substrate

Dentin is the hydrated composite structure that constitutes the body of each tooth,

providing both a protective covering for the pulp and serving as a support for the

overlying enamel. Enamel, with its exceptionally high mineral content, is a very

brittle tissue. Without the support of the more resilient dentin structure, enamel

would fracture when exposed to the forces of mastication. Dentin supports, as well

as compensates, for the brittle nature of the enamel.

Dentin is composed of approximately 50% inorganic material, 30% organic

material, and 20% water by volume [27]. Dentin mineral is a carbonate rich,

calcium deficient apatite [28, 29]. The organic component is predominantly type I

134 P. Spencer et al.



collagen, with minor contributions from phosphoproteins, glycoproteins,

proteoglycans, and some plasma proteins [30]. The composition of dentinal fluid

is reportedly similar to plasma [29].

Features of the dentin structure include the tubules that traverse the structure

from the pulp cavity to the region just below the dentin-enamel junction (DEJ) or

the dentin-cementum junction. The tubules, which could be modeled as narrow

tunnels a few microns or less in diameter, represent the tracks taken by the

odontoblastic cells from the pulp chamber to the respective junctions. Dentinal

tubule diameter measures approximately 2.5 mm near the pulp and 0.9 mm near the

DEJ [31]. Tubule density and orientation vary from location to location; density is

lowest at the DEJ and highest at the predentin surface at the junction to the pulp

chamber.

The number of tubules in young premolar and molar teeth ranges from 50,000 to

75,000 per square millimeter at the pulpal surface to approximately half as many

per square millimeter in the proximity of the DEJ [27]. The content of the tubules

include fluid and odontoblast processes for all or part of their course. In contrast to

root dentin, the tubules in coronal dentin are surrounded by a collar of highly

mineralized peritubular dentin [32].

The composition of the peritubular dentin is carbonate apatite with very small

amounts of organic matrix, whereas intertubular dentin, i.e., the dentin separating

the tubules, is type I collagen matrix reinforced with apatite. Thus, the composition

of intertubular dentin is primarily mineralized collagen fibrils; the fibrils are

described as a composite of a collagen framework and thin plate-shaped carbonated

apatite crystals whose c-axes are aligned with the collagen fibril axis [33]. In

healthy dentin, the majority of the mineralized collagen fibrils are perpendicular

to the tubules [34]. It is important to recognize that the composition of dentin is not

static. It is influenced by the relative position of the dentin within the tooth, the age

of the dentin, and the presence and/or absence of disease [29].

7.2.1 Altered Forms of Dentin

In contrast to enamel, dentin is a vital tissue containing the cell processes of

odontoblasts and neurons. Since the odontoblasts can be stimulated to deposit more

dentin, this tissue is capable of limited repair. The structure–property relationships of

dentin vary with location, physiological, aging, and disease processes.

The composition, mineralization, and structure are different between normal and

altered forms of dentin [27, 29, 31, 33]. A wide variety of terms have been used to

describe the types of dentin associated with physiological aging and disease

processes. Descriptors such as secondary, tertiary, sclerotic, and transparent dentin

have all been used. In general, secondary dentin forms as a result of normal

physiologic stimuli, whereas tertiary or reparative dentin forms as a result of a

pathologic process such as caries. The rate of secondary dentin deposition is

generally slower than the rate associated with primary or initial dentin deposition.
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It is suggested that the rate of secondary dentin deposition depends upon the

individual’s diet and occlusal forces [4]. Secondary dentin deposition results in

gradual narrowing of the pulp chamber.

Tertiary dentin, also referred to as reparative, irregular secondary, irritation,

response, or reactionary dentin, is formed in response to an insult such as caries or

abrasion [29]. This tissue, which appears to represent a protective response, has a

less regular structure with fewer and less well-aligned tubules as compared to

primary dentin [35]. Reparative dentin is formed by new odontoblast-like cells,

while reactionary dentin is formed by surviving odontoblasts subjacent to damaged

or diseased dentin [22]. For example, pulpal injury leads to the proliferation,

migration, and differentiation of odontoblast-like cells from the pulp, giving rise

to the secretion of reparative dentin [36]. In comparison, mild injuries stimulate the

surviving postmitotic odontoblasts at the site of the injury to secrete reactionary

dentin [37]. It has been suggested that fibroblasts or undifferentiated cells in the

pulpal tissue are the likely progenitor cells of the new odontoblast-like cells [38].

The terms sclerotic and transparent dentin are often used interchangeably to

describe dentin that has altered mineralization. As an example, sclerotic dentin

describes tissue that exhibits obliteration of the dentin tubule as a result of progres-

sive deposition of peritubular dentin [29]. This type of dentin is generally found in

the roots, especially near the apex and the amount of sclerosed dentin increases with

age [4, 35].

Carious dentin is characteristically described as consisting of infected and

affected layers. The infected layer is removed prior to reparative procedures with

synthetic materials. The affected layer is generally not removed during treatment

and, based on structural features, this layer is subdivided into the following: turbid

or discolored layer, transparent zone, and subtransparent zone [11, 39]. The trans-

parent zone occupies the largest proportion of the carious dentin [40]. Transparent

dentin has been characterized as hypermineralized, but results from a recent study

suggest that only a limited number of carious lesions with transparent dentin

develop hypermineralized intertubular regions [31]. However, investigators agree

that, in contrast to normal, healthy dentin, the tubules within the caries-affected

dentin are frequently occluded by acid-resistant mineral deposits [11, 31, 39].

7.3 Failure of Posterior Composite Restorations

and Dentin/Adhesive Bonding

The primary factor in the premature failure of moderate-to-large composite

restorations is secondary decay at the margins of the restorations [7]. For exam-

ple, in a study of radiographs from 459 adults, age 18–19 years, the investigators

reported that among 650 interproximal restorations the failure rate as a result of

secondary or recurrent decay was 43% for composite compared to 8% for

amalgam [6]. In a separate study of amalgam and composite restorations
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placed in 8–12-year-old children, the primary reason for failure of both materials

was secondary decay; secondary decay was 3.5 times higher in composite

restorations [4].

In moderate-to-large class II composite restorations, secondary decay is most

often localized gingivally (Fig. 7.1). Secondary decay at the gingival margin is

linked to failure of the bond between the tooth and composite and increased levels

of the cariogenic bacteria, Streptococcus mutans, at the perimeter of these materials

[20, 21, 41]. For clarification, class I restorations involve the biting surface only

while class II restorations involve the biting surface and one or more proximal

surfaces.

As described earlier, the composite is too viscous to bond directly to the tooth

surface. A low viscosity adhesive is used to form a bond between the tooth and

composite. Acid etching leads to effective mechanical bonding at the interface

between enamel and adhesive, but bonding to dentin has been fraught with

challenges and problems.

Clinicians frequently find very little enamel available for bonding at the gingival

margin of class II composite restorations and thus, the bond at the gingival margin

depends on the integrity of the seal formed with dentin. Under clinical conditions,

one can frequently detect a separation between the composite material and the

tooth surface at the gingival margin [38]. These marginal gaps have been related

to technique-sensitive and unreliable bonding between the adhesive and dentin

[38, 42].

At the vulnerable gingivalmargin, the adhesivemay be the primary barrier between

the prepared tooth and the surrounding environment. A failed adhesive means that

there are gaps between the tooth and composite. Bacterial enzymes, oral fluids, and

bacteria can infiltrate these gaps, and this activity will lead to recurrent decay,

hypersensitivity, pulpal inflammation, and restoration failure [2, 17, 23, 40, 43].

The lack of durable dentin adhesives is considered one of the major problems with

the use of composites in direct restorative dentistry [44].

Fig. 7.1 Radiographic image of primary teeth on right side. (a) The arrow denotes carious lesion

on the proximal surface of mandibular right first primary molar. (b) The arrow denotes the

composite restoration on first primary molar. (c) Radiographic image of primary teeth on right

side, 2 years after figure (b). The arrow denotes the failed class II composite restoration because of

extensive decay
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7.4 Dentin/Adhesive Bond and the Hybrid Layer

The two fundamental processes involved in bonding an etch-and-rinse adhesive to

dentin are: removal of the mineral phase from the dentin substrate without altering

the collagen matrix and filling the voids left by the mineral with adhesive that

undergoes complete in situ polymerization, i.e., the formation of a resin-reinforced

or hybrid layer. The ideal hybrid layer would be characterized as a 3-dimensional

polymer/collagen network that provides both a continuous and stable link between

the bulk adhesive and dentin substrate. Numerous studies indicate that this ideal

objective has not been achieved [25, 45–55].

The hybrid layer is formed when an adhesive resin penetrates a demineralized or

acid-etched dentin surface and infiltrates the exposed collagen fibrils. During acid

etching, the mineral phase is extracted from a zone that measures between 1 and

~10 mm of the dentin surface [35, 56, 57]. The composition of the exposed substrate

differs radically from mineralized dentin. For example, mineralized dentin is 50%

mineral, 30% collagen, and 20% water by volume [39], whereas demineralized

dentin is 30% collagen and 70% water [58, 59]. With removal of the mineral phase,

the collagen fibers are suspended in water. If there is a substantial zone of deminer-

alization and the water supporting the collagen network is removed either by air

drying or the action of an air syringe, the collagen will collapse [59, 60].

A collapsed collagen network reduces the porosity and inhibits resin penetration

through the demineralized layer [59]. It forms a barrier between the demineralized

layer and the underlying intact or unreacted dentin surface [61, 62]. A collapsed

collagen network severely compromises the dentin/adhesive (d/a) bond [58, 60, 61].

7.4.1 Wet Bonding

In the early 1990s, wet bonding was introduced to counteract the problems of

collagen collapse [46, 63–66]. Wet bonding means that the dentin is kept fully

hydrated throughout the bonding procedure; the surface morphology of the

demineralized layer does not change because the water supporting the collagen

matrix is not removed [67]. Bond strength results [46, 63–66] with “wet” bonding

support these findings, that is, the higher bond strengths with this technique reflect

the minimal collapse of “wet” vs. air-dried dentin collagen [59]. It is speculated that

moist dentin provides a more porous collagen network and that increased porosity

means more space for adhesive infiltration [59, 61, 63–65, 68].

With wet bonding techniques, the channels between the demineralized dentin

collagen fibrils are filled with water, solvent, conditioner, and/or oral fluids [59].

The only mechanism available for adhesive resin infiltration is diffusion of the resin

into whatever fluid is in the spaces of the substrate and along the collagen fibrils.

Ideally, the solvent in combination with hydrophilic monomers (e.g., hydroxyethyl

methacrylate (HEMA)) conditions the collagen to remain expanded during
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adhesive infiltration. However, HEMA, a primary component in many single bottle

commercial dentin adhesives, can dramatically reduce the evaporation of water

[69]. Hydrophobic monomers, such as 2,2-bis[4(2-hydroxy-3-methacryloyloxy-

propyloxy)-phenyl] propane (BisGMA), would resist diffusing into these sites

where there is residual water [25, 50, 70–72]. Under in vivo conditions, there is

little control over the amount of water left on the tooth. As a result, it is possible to

leave the dentin surface so wet that the adhesive undergoes physical separation into

hydrophobic and hydrophilic-rich phases [71].

Results from our laboratory indicated that excess moisture prohibited the forma-

tion of an impervious, structurally integrated d/a bond at the gingival margin of

Class II composite restorations [25, 26]. Clinicians must routinely attempt to bond

to naturally wet substrates such as caries-affected dentin [73] or deep dentin [36, 37,

74, 75]. The water content of caries-affected dentin has been reported to be 2.7

times greater than that of normal dentin [73]. In deep dentin, 22% of the surface

area is exposed tubules while exposed tubules account for 1% of the surface area of

dentin close to the DEJ [76]. The large increase in surface area attributable to

tubules means that in deep dentin, pulpal fluid will contribute additional moisture to

that already present within the demineralized dentin matrix. Since our current

adhesives are very sensitive to excess moisture, bonding to these clinically relevant

substrates is a formidable challenge [26, 77–79].

7.4.2 Extrinsic and Intrinsic Water Absorption

Absorption of extrinsic water leads to plasticization of the adhesive and loss of

interfacial d/a bond strength as a result of water attack. One example of the effect of

water absorption on chemically cured poly-HEMA specimens is the dramatic

decrease in physical properties after 24 h aqueous storage; the tensile properties

were reduced to an almost gum-like quality [80]. The mean values for tensile

strength of dry and wet poly-HEMA specimens were ~18 and 1 MPa, respectively.

This reduction was attributed to water sorption after polymerization and/or extrac-

tion of water-soluble unreacted monomers or oligomers. As a result of water uptake

into the poly-HEMA specimens, the percent elongation increased from ~20 to

220%. The authors suggested that since there is no cross-linking in the poly-

HEMA, the water allowed the linear chains to slide over one another, thus resulting

in a tenfold increase in percent elongation. In this investigation, intrinsic water at

concentrations >5 vol% inhibited the light polymerization of HEMA, even with a

tenfold increase in the initiators camphorquinone (CQ)/dimethylaminoethyl meth-

acrylate (DMAEMA).

A study from our laboratory showed that at water concentrations �25 vol%,

BisGMA-based adhesive/water solutions mimicked oil and water mixtures in that

they separated into distinct phases immediately following sonication [71]. At 25 vol

% water the adhesive separates into particles whose composition is primarily

BisGMA; the composition of the surrounding matrix material is primarily HEMA
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that exhibited limited monomer/polymer conversion. The limited conversion of the

HEMA-rich phase suggests that either the photoinitiator is localized to the hydro-

phobic phase or it is incompatible with the hydrophilic HEMA [81–83].

In the absence of water, HEMA is a good solvent for BisGMA, so a relatively

homogeneous solution can be formed. Water is also a good solvent for HEMA but a

nonsolvent for BisGMA. With increasing water concentration, the adhesive may

experience phase separation. Based on our previous work [84], a water concentra-

tion of at least 10% is required for visible macro-phase separation in HEMA/

BisGMA formulations with a mass ratio of 45/55. A related study from our

laboratory has provided direct evidence that with phase separation, there is minimal

distribution of BisGMA and the hydrophobic photoinitiators camphorquinone (CQ)

and ethyl 4-(dimethylamino)benzoate (EDMAB) in the aqueous phase [85].

Studies from our laboratory have shown spectral evidence of phase separation in

a commercial total-etch BisGMA/HEMA adhesive bonded to wet, demineralized

dentin matrices [35, 52, 72]. Ethanol is the solvent in this commercial adhesive. The

primary function of the solvent is to displace the water from the wet, demineralized

dentin matrix, but the spectroscopic results indicate that there is enough water

present to promote detrimental adhesive phase separation. In this study, the major-

ity of the intertubular d/a interface was characterized by collagen fibrils from the

demineralized dentin matrix with limited spectral contribution from the critical

dimethacrylate component (BisGMA). Thus, the demineralized dentin matrix is

primarily infiltrated by HEMA. HEMA has a low cross-link density and thus, it

will tend to absorb extraneous water, leading to plasticization and breakdown of

the adhesive. In this study, the HEMA exhibited limited monomer/polymer conver-

sion and it is expected that the unreacted components would be released in the

mouth [86].

The sensitivity of our current adhesives to excess moisture is also reflected in

the water-blisters that form in adhesives placed on over-wet surfaces [87–89].

The optimum amount of wetness varies as a function of the adhesive system [90].

Additionally, it is impossible to simultaneously achieve uniform wetness on all of

the walls of the cavity preparation [91]. Wet bonding is, in short, a very technique-

sensitive procedure and optimum bonding with our current commercial adhesives

occurs over a very narrow range of conditions, e.g., water content [74].

One suggested approach to solve these problems is “ethanol-wet bonding” [92,

93]. A concern with this method is that, in the clinical setting, this solvent may be

diluted because of repeated exposure of the material to the atmosphere or

concentrated because of separation of the bonding liquids into layers within the

bottle. Results from our laboratory have shown an inverse relationship between

mechanical and thermal properties and the concentration of ethanol that is present

during photopolymerization of model BisGMA-based adhesives [82]. In addition,

the hybridization process is very sensitive to the ethanol content in the adhesive

system [79]. Although the effect of “ethanol-wet bonding” on durability is not

known, results from our laboratory suggest that this approach will not overcome the

clinical challenges associated with forming a durable bond at the dentin/adhesive

interface [94, 95].
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Current strategies to promote bonding of the resinous materials to intrinsically

wet substrates also include the incorporation of ionic and hydrophilic monomers

into the adhesive [96]. These adhesives etch and prime simultaneously, thus

addressing the problems of collagen collapse and simplifying the bonding protocol.

Unfortunately, the hydrophilic nature of these components enhances water sorption

and hydrolytic breakdown in the mouth [91, 96–99]. With these systems, the

bonded interface lacks a nonsolvated hydrophobic resin coating and thus,

the resultant hybrid layers behave as semipermeable membranes permitting water

movement throughout the bonded interface even after adhesive polymerization

[93]. The higher concentration of hydrophilic monomers in these systems

is associated with decreased structural integrity at the d/a interface [93, 100].

In vivo aging studies have reported degradation of the d/a bond at 1-year even

when the bonded dentin was protected by enamel from direct exposure to the oral

environment [101]. These results suggest that hydrophilicity and hydrolytic

stability of resin monomers are generally antagonistic [91].

7.5 Hybrid Layer Degradation

It has been hypothesized that the in vivo degradation of the hybrid layer follows a

cascade of events that begins when the dentin is acid-etched [102]. Disruption of the

tooth structure by drilling stimulates proteolytic enzymes such as matrix metall-

oproteinases (MMPs), which can degrade the exposed collagen component of the

hybrid layer [103]. Degradation by MMPs is expected to be most important acutely

in the period following adhesive application. Chronic deterioration of the hybrid

layer involves hydrolysis and leaching of the adhesive that has infiltrated the

demineralized dentin matrix [25, 72]. Leaching is facilitated by water ingress into

the loosely cross-linked or hydrophilic domains of the adhesive. The hydrophilic

domain exhibits limited monomer/polymer conversion because of adhesive phase

separation [71] and lack of compatibility between the photoinitiator and hydrophilic

phase [83]. The poorly polymerized hydrophilic phase degrades rapidly in the

aqueous environment. The previously resin-infiltrated collagen matrix is exposed

and vulnerable to attack by proteolytic enzymes [103, 104].

The structure of methacrylate adhesives suggests a general mechanism for their

chemical and enzymatic degradation in oral fluids. Water initially enters the

adhesive matrix by diffusion into loosely cross-linked or hydrophilic domains or

may be trapped within the matrix during photopolymerization in the moist oral

environment [105, 106]. Portions of the matrix may be directly exposed to oral

fluids, e.g., the gingival margin of Class II and V composite restorations. The

presence of water promotes the chemical hydrolysis of ester bonds in methacrylate

materials. This reaction is expected to be relatively slow at the neutral pH typical of

saliva, but excursions in pH caused by food or cariogenic bacteria may lead to

transient acid or base catalysis. The carboxylate and alcohol degradation products

of ester hydrolysis are more hydrophilic than the parent ester, further enhancing the
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local ingress of water. With time, local domains of the methacrylate network may

become sufficiently degraded and/or hydrophilic to permit access by esterases,

which greatly accelerate ester bond hydrolysis. The esterase-catalyzed degradation

of monomethacrylates, dimethacrylates, and commercial dental resins has been

documented in solution [107–110], in saliva [109, 111, 112], and in vivo [101].

The breaking of covalent bonds by addition of water to ester bonds is considered to

be one of the main reasons for resin degradation within the hybrid layer [90, 91].

Degradation of methacrylate ester groups produces carboxylic acids—the same

functional group that is the culprit in lactic acid-induced decay.

7.6 Water-Compatible Esterase-Resistant Adhesives

Water is ubiquitous in the mouths of healthy patients and thus it is imperative that

we develop restorative materials that can function adequately in the presence of

water. Forty years ago, researchers were discussing the detrimental effect of water

on bonding dental materials to the tooth; to date, this problem has not been resolved

[113]. One approach to the problem of bonding to wet dentin has been to increase

the relative hydrophilicity of dentin adhesives with a goal of promoting increased

wetting of the collagen. However, hydrophilic polymers absorb more water than

more hydrophobic resins [91]; the consequence of this increased water sorption is

lowered mechanical properties [105] and increased degradation under wet

conditions [98, 101, 114].

There are several strategies for reducing hydrolytic degradation of methacrylate

adhesives. One strategy involves selectively modifying methacrylate side chains so

that they are both water-compatible and esterase-resistant [115–117]. This can be

accomplished by the use of bulky and/or branched functional groups that are poor

esterase substrates but are sufficiently hydrophilic to be water-compatible (e.g., by

incorporating polar functional groups such as –OH). Published reports on the

reduced esterase susceptibility of urethane-modified BisGMA [108] and of

acrylates with branched or aromatic side chains [110] support this approach.

Another strategy involves increasing matrix hydrophobicity following initial mono-

mer penetration into the dentin layer. Secondary cross-linking of polar functional

groups on methacrylate side chains could be employed to achieve this goal.

Increasing the extent of conversion of methacrylate resins will reduce susceptibility

to esterase hydrolysis by reducing the number of unreacted pendant groups

[81, 118].

Adhesive phase separation causes incomplete and differential infiltration of the

demineralized dentin matrix [71, 119]. The collagen fibrils are not completely

protected by the hydrophobic resin polymers and they will be susceptible to

degradation [25, 44, 49, 120, 121]. Water-compatible components in adhesive

formulations have to be considered, especially the partition of these components

in the aqueous environment when phase separation occurs. In our laboratory,

several approaches, such as new monomers with branch structure [115, 117, 122],
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solubility enhancer [70, 123], and water-soluble photoinitiators [81, 83], have been

utilized to improve adhesive performance. Therefore, future adhesive systems need

to be designed carefully to achieve a more homogeneous monomer distribution and

conversion within the hybrid layer to overcome the defects associated with phase

separation.

Any change in the chemical structure intended to increase esterase resistance

and water compatibility will likely alter other chemical and physical properties of

the adhesive. Under clinical function, the methacrylate-based dentin adhesives are

subjected to both chemical and mechanical stresses. The interplay between the two

forms of stress is expected to result in an alteration of the adhesive mechanical

properties with time [124, 125].

The mechanical property change results from a variety of mechanisms, includ-

ing: (1) change in the chemical nature of the polymer in the form of either

plasticization, strain hardening, embrittlement, or crystallization, and (2) prolifera-

tion of surface and subsurface flaws due to combined effect of mechanical loads

and chemical stress, e.g., biologic fouling, exposure to lactic acid (produced by

S. mutans). The change in adhesive properties has a significant effect on the

mechanical performance and durability of the d/a interface, which is a complex

construct of different material phases at the micro-scale. Based on micro-scale

structure–property measurements, our group has developed an idealized micro-

structural representation of the d/a interface [126] that can be utilized to perform

micromechanical stress analyses using 3D micro-scale finite element (mFE) models

[127]. Figure 7.2 shows a 3D micro-scale finite element model based on the

idealized representation. We can see from Fig. 7.2 that the different material phases

at the d/a interface will experience different stress amplitudes under functional load

[126, 128]. Therefore, they reach their failure strength at different overall stress

levels. As a consequence, the overall failure behavior of the d/a interface is not

necessarily determined by the weakest component. Instead, the component whose

stress concentration is closest to its failure strength determines the failure.

We have used micromechanical stress-analysis to show the effect of such stress

concentrations on the mechanisms that govern the overall fatigue failure behavior

of the d/a interface [44]. Fatigue-life (durability) curves were obtained for a number

of d/a interface conditions as shown in Fig. 7.3. It was found that d/a interfaces with

graded adhesive infiltration and thick hybrid layer exhibit lower durability.

Predictions were compared to experimental data [129] to illustrate the predictive

power of our methodology [44].

7.7 Dentin/Adhesive Interface: The Weak Link

in Composite Restorations

In summary, the d/a bond can be the first defense against substances that may

penetrate and ultimately undermine the composite restoration in vivo. However, as
indicated in a recent review of dental composite, the properties of the materials are
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Fig. 7.3 Master SN curves for d/a interface under stress boundary conditions along with measured

data (HL: Hybrid Layer; reproduced, with permission, from [44])

Fig. 7.2 3-d mFE model of d/a interface computational cell
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one part of a complex problem [130]. The success of clinical restorations depends

on a variety of factors, including proper technique, appropriate materials, and

proper patient selection [130].

In vitro and in vivo studies have suggested that several factors inhibit the

formation of a durable d/a bond. These factors include: (1) water sorption and

hydrolysis of the adhesive resin; (2) inadequate monomer/polymer conversion of

the infiltrating adhesive; (3) incomplete resin infiltration; and (4) incomplete

solvent evaporation [79, 82, 86, 93]. One strategy for reducing hydrolytic degrada-

tion involves selectively modifying methacrylate side chains so that they are both

water-compatible and esterase-resistant [115–117, 122, 131, 132].

Inadequate monomer/polymer conversion may be addressed by including

photoinitiators that are compatible with the hydrophilic components [81]. It is

clear that full realization of our efforts to develop durable dentin adhesives

demands quantitative information about solubility, water miscibility, distribution

ratio, and phase partitioning behavior [85, 133].

The failure of the d/a bond, in concert with reports of increased levels of

cariogenic bacteria at the perimeter of composite materials, points to an interesting

interplay between microbiology and adhesive degradation as key elements in

the premature failure of moderate-to-large composite restorations. Adhesion of

S. mutans to surfaces in the mouth creates an environment that supports the

subsequent attachment and growth of other bacterial species, ultimately forming a

micro-ecosystem known as a biofilm. Dental plaque biofilm cannot be eliminated

[134]. It may, however, be possible to reduce the pathogenic impact of the biofilm

at the margin of the composite restoration by engineering novel, durable dentin

adhesives [135].
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Chapter 8

Specific Adhesion of Soft Elastic Materials

Jizeng Wang

8.1 Introduction

Cell adhesion plays a central role in many biological functions, such as cell

migration, spreading, differentiation, and growth. The capability to control cell-

substrate and cell-cell interactions, for which a quantitative description of cell

adhesion is a critical step, is essential for tissue and cellular engineering. A contin-

uum treatment of cell adhesion at the focal adhesion level might be inappropriate, as

the typical focal adhesion size is only about ten times larger than molecular bond

spacing. Rupture of even one molecular bond may lead to apparent changes in

adhesion stress. As a result, the stochastic association/dissociation processes of

discrete molecular bonds will significantly influence the strength of a focal adhesion.

This adds a new phenomenon of direct relevance to the traditional continuum

treatment of elastic adhesion. A key objective of this chapter is to link stochastic

theories of ligand-receptor bonds and continuum mechanics descriptions of dissim-

ilar soft elastic materials contacted via specific interactions of molecular bonds.

Although overly simplified in a number of aspects, we show in this chapter that such

a model seems to give predictions that are consistent with relevant experimental

observations on focal adhesion dynamics.

8.2 Facts on Cellular Adhesions

Biological cells actively adhere to their extracellular matrix (ECM) and to other cells

through a large variety of ligand-receptor bonds that engage various energy-

consuming motor, signaling, and internalization pathways. This adhesion plays a
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critical role in cell migration, spreading, differentiation, growth, motility, apoptosis,

and tissue formation [1]. Cells adhere to substrates through the formation of focal

complexes (FXs), focal adhesions (FAs), and related ECM adhesions. The FXs

are small, dot-like, clusters of ligand-receptor bonds that can further develop into

FAs, which are micron-sized, complex multi-molecular assemblies linked on one

side to the ECM via membrane-bound receptors and on the other side to actin

stress fibers in the cytoskeleton. FAs can be dissociated when strong mechanical

forces are applied. Importantly, recent experiments also show that cells use

mechanical force as a signal to strengthen initial integrin-ECM adhesions into

FXs [2]. The FXs are usually continuously formed and turned over under the

protruding lamellipodia [3], which may or may not further develop into mature

FAs. The size, assembly, and stability of FAs depend on the mechanical forces

applied to them [4–6], as well as to the mechanical properties of the ECM [7, 8]

and actin cytoskeleton [9]. A typical cell will attach and apply traction forces to

the ECM [10] via myosin II motor proteins on the actin filament system that link

directly to adhesion sites. Inhibition of myosin II leads to accumulation of

immature FXs and to the disappearance of mature FAs [6, 11–14], while activa-

tion of myosin II induces FA assembly [15–17]. On the other hand, application of

external forces to FAs is found to stimulate their growth in the direction of the

force even when myosin II activity is suppressed [18]. Therefore, irrespective of

their origin, mechanical forces seem to play a key role in the growth and stability

of FAs.

The size of mature FAs on hard substrates can reversibly increase or decrease in

response to the applied force, with stress maintained near a constant value of ~5.5 kPa

independent of cell type [19] but dependent upon matrix stiffness. Force affects FA

dynamics most strongly when the substrate is sufficiently stiff; large FAs cannot be

formed on very soft substrates [7, 20, 21]. Traction forces transmitted through focal

adhesions generate significant substrate displacements when the substrate is com-

pliant, and various gel systems have emerged that allow not only quantitative study

of the tractions but also reveal wide-ranging and surprising biological effects of

matrix elasticity, not only on motility and proliferation, but even on stem cell

differentiation [22].

Details about these mechanical, chemical, and biological interactions in single

cells and biomolecules remain elusive [23]. Despite many fascinating studies on

cell adhesion, there is still no theoretical framework to understand the different

experimental observations and complex interplay between the physical properties

of the cell’s environment, including the role of matrix properties, in directing the

cell’s behavior. Consequently, our understanding of the mechanics of cell adhe-

sion is still quite fragmented in terms of theoretical models. It will be challenging

to develop theoretical models that explain experimental observations about the

effects of cellular contractile or applied forces, substrate stiffness, and adhesion

size on the stability and growth/shrinkage of FAs as well as other adhesion

assemblies.
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8.3 Modeling Strategy

Like most engineering materials, cells deform when subjected to external forces,

and focal adhesions (FAs) can be dissociated when strong mechanical forces are

applied. However, does cell adhesion behave like a continuous or discrete multi-

scale-system? Or, should cell adhesion be modeled mechanically as a continuum or

a discrete multi-scale system? It may seem contradictive, but the answer largely

depends on the relevant biological tissues and scales involved. The underlying

assumption for treating a material as a continuum is that the smallest dimension to

be considered is much larger than the space over which structures and properties

may vary significantly. In biological cells, adhesion is mediated by the formation

and rupture of specific molecular bonds between ligands and receptors. As the

typical FA size is only about ten times larger than the bond spacing, the random

association/dissociation processes of these discrete binder molecules may signifi-

cantly change the distribution of adhesion stress and adhesion strength. This effect

reflects the coupling between the elastic deformation of the cell-ECM system and

the variance of bond number, adding a new phenomenon of direct relevance to

either the continuum or pure stochastic treatment of adhesion.

We recall the continuummodeling of adhesion between elastic media, which has

been an active research topic in contact mechanics for a few decades. For the

adhesive contacts of elastic spheres, the JKR [24] and DMT [25] models are very

useful in modeling the adhesive contact at two opposite extremes, whether surface

forces are short-ranged compared to resulting elastic deformations [26]. The

Maugis–Dugdale model [27], which is based on a cohesive description of the

surface forces, describes the transition between the JKR and DMT theories.

To maintain a stable adhesion state, one usually needs to know the strength of a

particular adhesion between two elastic media. In the case of a pulling load applied

to the adhered elastic bodies (Fig. 8.1), a stress concentration is expected to occur at

the edge of the contacting region. An increase of the load then enlarges the intensity

of stress concentration and eventually drives the edge cracks to propagate and break

the joint. In this case, the carrying capacity of the joint is not used most efficiently

because only a small fraction of material is highly stressed at any instant of loading,

and failure occurs by incremental crack propagation. The maximum strength should

correspond to an optimal adhesion state that at pull-off, the interfacial stress is

uniformly distributed over the contact region with a magnitude equal to the

theoretical adhesion strength. Gao and Yao [28] suggest that a robust, shape-

insensitive optimal adhesion becomes possible only when the adhesion size is

small enough. Below a critical structural size, the material fails no longer by

propagation of a pre-existing crack, but by uniform rupture at the limiting strength

of the binding molecules.

At the other extreme, from a statistical mechanics point of view, a single

molecular bond has only a finite lifetime. The time scale associated with individual

association/dissociation events takes minutes under small stretching forces, e.g.,

below 5 pN for biotin-streptavidin bonds [29, 30]. Recent single molecule
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experiments for activated a5b1-integrin binding to fibronectin under low loading

rates have indicated that the characteristic time scale for ligand-receptor binding/

dissociation is on the order of 100 s (e.g., Li et al. [31]). Although a single bond has

only a limited lifetime, a cluster of bonds can survive for much longer due to

collective effects in a stochastic ensemble. A common assumption of the existing

models on molecular cluster adhesion is equally sharing of applied load among

all closed bonds. Based on this assumption, Erdmann and Schwarz [32] predict that

the cluster lifetime monotonically increases as the cluster size grows: the larger

the cluster, the more stable it is. When the cluster becomes large enough, constant

adhesion strength will be reached. This finding is similar to FXs that are subject

to frequent turnover, and large clusters tend to have a much longer lifetime

similar to FAs.

It seems that the theories of classical contact mechanics and molecular clusters

suggest two opposite tendencies for the adhesion strength as a function of adhesion

size. In cell adhesion, both the cell and ECM can be regarded as elastic media in a

relative limited time scale, while the molecular bonds are subject to frequent

rupture and rebinding. Such a system couples the elastic deformation of contacting

media and stochastic processes of binder molecules. It is expected that the optimal

strength will be achieved at a finite size. As an implication, experimental

observations have shown in general that focal adhesion size is limited to around a

few microns [33].

In order to provide unification of the elasticity description of adhesive contact at

large scales and the statistical description of single-bond behavior at small scales,

we developed an idealized model [34–41] of an adhesive patch of molecular bonds

between two elastic bodies subject to an applied tensile load to realize the coupling

between elasticity of the adhesion system and statistical behaviors of molecular

bonds. In this model, one side of the adhesion is an elastic medium and can be

viewed as the body of a cell (actin cytoskeleton), and the other side is an elastic

Fig. 8.1 Model of an

adhesive patch of molecular

bonds between two elastic

bodies subject to an applied

tensile load
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substrate with a surface profile h(x) representing ECM. The Young’s modulus and

Poisson’s ratio are E1, n1 for the cell body and E2, n2 for the substrate. Following the
convention in contact mechanics, we define a reduced modulus E* such that 1=E�

¼ ð1� n21Þ=E1 þ ð1� n22Þ=E2. The distribution of interfacial stress is governed by

classical elasticity equations in contact mechanics while the rupture and rebinding

of molecular bonds obey stochastic equations in molecular mechanics. The effects

of elastic moduli, adhesion size, and bond rebinding rate on the cluster lifetime and

strength can be studied in the presence of strongly non-uniform distribution of

interfacial stress.

8.4 Adhesion of Rigid Media

For a limiting case, adhesion of rigid media via ligand-receptor bonds has been well

studied [32], in which case molecular bonds are uniformly loaded. Note that the

bond breaking/reforming are discrete Markov events; we have the one-step master

equation for the number of closed bonds n as [42, 43]

dpn=dt ¼ gn�1pn�1 þ rnþ1pnþ1 � ðrn þ gnÞpn (8.1)

where pnðtÞ represents the probability that n bonds are closed at time t, and rn and
gn are the dissociation and association rates, respectively. A quantity of large

interest is the average property of closed bonds. Define the kth moment as

<nk> ¼
XNt

n¼0

nkpnðtÞ (8.2)

For the average number of the bonds<n>, if we multiply the master equation by

n and sum both sides over n, we can obtain [44, 45],

d

dt
<n> ¼ <gn>�<rn> (8.3)

As rn is usually a nonlinear function of n, the deterministic equation of <n> is

usually achieved by approximately expanding<rn>aroundn ¼ <n>. For example,

a first order approximation can lead to the Bell equation [32]

d<n>=dt ¼ k0gðNt �<n>Þ � k0<n> expðP=<n>FbÞ (8.4)

where rn ¼ k0n expðP=nFbÞ, gn ¼ k0gðNt � nÞ, Nt is the total bond number, P=n is

the force applied to each bond, and k0 and Fb are the rate and force constants,

respectively.
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In the stochastic description of cluster adhesion, cluster lifetime can be identified

by the time at which the last bond ruptures. This is exactly the concept of mean first

passage time from an initial state with number of closed bonds n ¼ Nt to the state

without closed bonds, n ¼ 0. Analytical solutions of mean first passage time for

different boundaries are available in Honerkamp’s book [42]. On the other hand,

numerical results can be obtained by Monte Carlo stochastic simulations as

demonstrated by Erdmann and Schwarz [32] for the bond clusters with equally

shared loading. In detail, for each set of parameter values of Nt, rn, and gn, they
compute many different trajectories. Thus, averaging for given time t over the

different simulation trajectories yields the desired results. Following this analysis,

Erdmann and Schwarz [32] have demonstrated that, under a given value of the

applied force, there exists a critical cluster size beyond which the system behaves

like a macroscopic adhesion patch with a much-prolonged lifetime; below this

critical size, the cluster behaves as a single molecular bond with a finite lifetime for

a given force.

8.5 Adhesion of Elastic Media

8.5.1 Interfacial Bond Distribution

The uniform distribution of adhesion molecules along the adhesion interface is

intrinsically unstable. In order to answer why molecular bonds need to be clustered

to stabilize the cellular adhesion, we consider an elasticity-diffusion description of

the adhesion system, which consists of two elastic half-spaces, each covered with a

lipid membrane, joined together by mobile molecular bonds that diffuse, along with

unbonded binder molecules, in the interface under the combined action of a layer of

glycocalyx repellers and an applied stress. We assume that rt is the total number of

available molecular sites per unit area, which is distributed among rb of closed

bonds,rL of free ligands,rR of free receptors, andrt � rb � rL � rR of empty sites.

The glycocalyx repellers are assumed to be immobile with a constant area density

equal to rg.
As the characteristic time scale for certain ligand-receptor binding/dissociation

can be on the order of 100 s [31], which is two orders of magnitude larger than that

of protein molecules in a lipid membrane to diffuse a distance on the order of 1 mm
by Brownian motion [44–46], we assume that the total number of ligand-receptor

bonds remains constant in the analysis of bond clustering due to diffusion.

We induce small perturbations to the densities of molecular bonds and free

binders [41], which cause non-uniform elastic deformation in the two elastic solids.

The perturbation-induced energy change of the system per unit area of interface

consists of three terms: the strain energy in the two solids and two membranes,

the binding energy in the stressed molecular bonds and repeller molecules, and the
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change in configurational entropy due to the molecular density perturbations. We

have derived this change of total free energy per unit area of interface energy as [41]

G ¼ r2be
x2bðh0 � lbÞ2

4ðr0xb þ rgxgÞ
b� l7l1 þ 2l4l42

l7l1 þ l6l0l1 þ 2l4l42 þ l3l1l
4
2 þ l82

 !
(8.5)

where l0 ¼ pE�=ðr0xb þ rgxgÞ, l1 ¼ l0½E1=ð1� n21Þ þ E2=ð1� n22Þ�=E�, l2 ¼ 2p
ðl0k=pE�Þ1=4 , b ¼ pkBTrtE

�=½l0x2br0ðh0 � lbÞ2ðrt � r0Þ� , xb and xg the spring

constants of molecular bonds and glycocalyx repellers, k the membrane-bending

stiffness, h0 � lb the bond deformation, and rbe the perturbation amplitude of bond

density. Equation (8.5) can be used to investigate the stability of the reference state

of homogeneous bond distribution. For a given perturbation wavelength, a negative

free energy change, i.e., G< 0, will imply that the reference state is unstable with

respect to this wavelength of perturbation.

In the case that deformation energy of the membrane is neglected, in which case

k ¼ 0 and l2 ¼ 0, then G > 0 gives

l0
l0 þ l

� 1þ b> 0 (8.6)

Since l is positive, this condition is satisfied for all perturbation wavelengths if

b � 1, implying that the homogeneous bond distribution is stable. If 1> b> 0, the

reference state is stable against perturbations with small wavelengths but unstable

against those with wavelengths exceeding a critical value given by lc ¼ l0b=
ð1� bÞ. In the absence of an applied stress, the condition 1> b> 0 is valid for

bond density values in the range determined through

ðr0xb þ rgxgÞ3
r0ðrt � r0Þ

<
r2gx

2
bx

2
gðlb � lgÞ2
kBTrt

(8.7)

The elastic deformation energies in the bulk and membrane always tend to

destabilize while the configurational entropy always favors a uniform bond distri-

bution. For 1> b> 0, the perturbation-induced change in elastic energies is large

enough to overcome the entropic change, in which case bond clustering results in a

net decrease in free energy.

In living cells, the density of glycocalyx molecules with a typical equilibrium

length between 10 and 30 nm [47], a persistence length p about 0.6 nm and a

contour length from 0.4 to 1.6 mm [48], is on the order of ~104/mm2 [49]. The spring

constant of a flexible polymer can be estimated as 3kBT=2 pL [50], which predicts

xg ¼ 0:01 pN/nm for glycocalyx, if the contour length L of the glycocalyx

molecules is taken to be 1 mm. A typical ligand-receptor bond, the integrin-

fibronectin pair, has a spring constant of xb ¼ 0:25 pN/nm and an equilibrium
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length about 11 nm [51]. The Young’s modulus of cells has been reported between

4 and 230 kPa [52] and Poisson’s ratio around 0.36–0.38 [53].

We have demonstrated in [41] that the condition 0<b<1 is satisfied if the

number of receptors in cell membrane as observed in experiments is 50–500/mm2

[54–56], corresponding to the range of relative bond density of 0.01–0.1 in which

clustering instability occurs. For this range ofr0=rt values, Fig. 8.2 plots the critical
wavelength lc as a function of the relative bond density r0=rt for different values of
Young’s modulus with or without including the membrane deformation, i.e., k ¼ 0

or k ¼ 20 kBT . Figure 8.2 shows that, for bond density values in the instability

range, the critical wavelength is generally on the order of 1 mm for realistic values

of cell modulus. This length scale is in broad agreement with experimentally

observed adhesion plaques in cell adhesion [57].

8.5.2 Stochastic-Elasticity Coupling

Consider the adhesion of molecular bonds grouped in an adhesion cluster of size 2a
between two dissimilar elastic media subjected to a tensile force P, as shown in

Fig. 8.1. We focus on the situation that interfacial adhesion arises solely from the

ligand-receptor bonds which are assumed to have a finite stiffness x and can

statistically transit between open and closed states, as described by Bell [58].

For simplicity, we consider a slice of the system with out-of-plane thickness b,
corresponding to the so-called plane-strain problem in elasticity. Within each

cluster, individual molecular bonds are periodically distributed at a spacing of b,
corresponding to a bond density of r0 ¼ 1=b2 and a total number ofNt ¼ 2a b= . The

normal interfacial traction, sðxÞ, is related to the surface separation u as sðxÞ ¼ rb
xu. Using the elastic Green’s functions for semi-infinite media [59], it can be shown

that u obeys the following integral equations [35]

10-110-2

10-2

100

101

ρ0/ρt

E*=17.4KPa, κ=20kBT

E*=17.4 KPa, κ=0

E*=57.9 kPa, κ=0

E*=57.9 kPa, κ=20 kBT

ρg=10000/μm2

λc
 (

μm
)

Fig. 8.2 The critical

perturbation wavelength, lc,
as a function of r0=rt. Other
parameter choices: E1 ¼ E2,

xg ¼ 0:01 pN/nm, xb ¼ 0:25

pN/nm, n1 ¼ n2 ¼ 0:37,

rt ¼ 10000/ mm2, lb ¼ 11 nm,

lg ¼ 30 nm, T ¼ 300 K
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@û

@r
¼ � 2a

p

ð1
�1

r̂û
r � s

ds (8.8)

where û ¼ ux=Fb; r ¼ x=a; r̂ ¼ rb=r0, ŝ ¼ s=xFbr0 ¼ r̂û, and

a ¼ ar0x
E� (8.9)

The effect of a can be immediately understood from the solutions to (8.8) in

extreme cases. In the limita ! 0, the solution issðxÞ ¼ constant for a constant bond

distribution within the adhesion domain � a � x � a, indicating a uniform distri-

bution of interfacial traction independent of the bond location x. In this limit, the

interfacial traction is equally shared among all bonds. In the opposite limit when

a ! 1, the solution to (8.8) becomes

sðxÞ ¼ P

pa
1ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi

1� x2 a2=
p (8.10)

This is the classical singular solution for a 2D external crack [60]. For the

intermediate range 0<a<1, the maximum traction generally occurs at the edge

of adhesion and the minimum at the center. In the case that rb ¼ r0, Fig. 8.3 shows
that the interfacial traction is nearly uniform for small a values, while crack-like

stress concentration emerges near the adhesion edge for large a. Therefore, we refer
to a as the stress concentration index (SCI) [40]. Equation (8.9) shows that a is

linearly proportional to the adhesion size, the bond density, and stiffness and

inversely proportional to the reduced elastic modulus of cell and substrate. All

these factors play a role in controlling the distribution of interfacial traction within

-1 -0.5 0 0.5 1

100

101

x/a

α=1
α=∞

σ/
F

bρ
0

α=0Fig. 8.3 Normalized

interfacial traction

distribution for different

values of the stress

concentration index (SCI) for

an adhesion patch with all

bonds closed. The normalized

pulling force P=aFbr0 ¼ 2
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the adhesion domain. In particular, we note that the stiffness of both cell and

substrate needs to be sufficiently large in order to keep a small.

For any instantaneous bond configuration during the stochastic process of bond

breaking/reforming, one can determine the interfacial traction using the appropriate

elastic Green’s functions [59]. The force acting on each closed bond and surface

separation at each open bond are critical factors to determine the bond reaction rates

at any instant. We consider a cluster with all bonds closed initially. The bonds

undergo stochastic breaking or rebinding described by the master equation (8.1). If

all of the n closed bonds equally share the total applied load P, then rn ¼ neP=n and
gn ¼ gðNt � nÞ. However, elastic deformation of the system makes the load P to be

shared non-uniformly among closed bonds, the total dissociation rate becomes

rn ¼
Xn
i¼1

ePi ;
Xn
i¼1

Pi ¼ P (8.11)

Thus, the behavior of stochastic-elasticity coupling of the adhesion system can

be governed by (8.1), (8.8), and (8.11). Monte Carlo simulations have been

conducted by Qian et al. [36, 40] to solve these equations, where each bond location

xi is considered as an independent reaction site where the next event will be bond

rupture at rate koffðxiÞ ¼ rn=k0 if the bond is currently closed, and bond rebinding at
rate konðxiÞ ¼ gn=k0 if the bond is currently open. The reaction rates, konðxiÞ and

koffðxiÞ, are computed from the elastic solution of forces at closed bonds and surface

separations at open bonds. The so-called first reaction method of Gillespie’s

algorithm is used in the simulations [36, 40]. When the binding state of any bond

(open vs. closed) has undergone a change, an update of the force and surface

separation at all bonds is re-calculated using the associated elastic Green’s function,

and the results are used to determine the next reaction events. This coupling

between elasticity and stochastic events starts at an initial state when all bonds

are assumed to be closed and the process proceeds until all bonds within the

adhesion domain become open. The total elapsed time t is recorded as the lifetime

of the cluster.

Figure 8.4 shows the normalized lifetime of the cluster as a function of the

cluster size for different values of the reduced elastic modulus E* and rebinding

rate g. The simulation results indicate that a size-window exists for stable adhesion.

In all cases, the traction distribution along the adhesion interface is non-uniform

and the failure becomes increasingly crack-like at increasing cluster size. Very

small clusters resemble single molecule behavior with limited lifetime and large

clusters fail by severe stress concentration near the adhesion edge. Increasing the

reduced elastic modulus tends to stabilize and strengthen the adhesion by

alleviating stress concentration within the FAs domain. We observe that the size-

window of stable adhesion shifts and broadens as the cell and substrate stiffen,

which can be understood from the point of view that large values of E* decrease the

SCI toward the regime of uniform interfacial traction. The concept of a size-

window for stable adhesion should be a general feature of molecular adhesion
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clusters between elastic media because stochastic effects are expected to dominate

at small scales and crack-like failure dominates at large scales. Increasing adhesion

size or decreasing material modulus tends to increase a toward the regime of crack-

like stress concentration, hence reducing the lifetime and stability of adhesion.

8.5.3 Critical Bond Spacing for Stable Adhesion

An interesting phenomenon on receptor-independent adhesion has been reported by

Spatz and co-workers [61, 62]. They showed that stable FAs on substrates prepared

with precisely controlled ligand distribution can be formed only if the ligand

spacing is below 58 nm and no adhesion is possible for ligand spacing above

73 nm, and that these critical spacings seem to be insensitive to cell types [61].

A feasible explanation of this phenomenon has been provided by Lin et al. [63] by

considering the competition between thermal fluctuations of cell membranes and

ligand-receptor binding. However, as it has been experimentally confirmed that cell
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adhesion can be significantly influenced by glycocalyx [64–66], we hypothesize

that cell surface repellers such as glycocalyx may also play a role in the phenome-

non of critical bond spacing. To address this issue, we considered an alternative

model of cell adhesion via opposing forces induced by polymer repellers and

ligand-receptor bonds, where we treat repellers and binders as worm-like chains

confined in a nanoslit in which ligand-receptor bonds transition stochastically

between open and closed states.

When a free polymer chain of contour length L, persistence length p, and mean-

squared radius of gyration R2
g [67] to be confined inside a nanoslit of separation h, a

force f will be imposed on the opposing parallel walls. This force can be derived

based on the free energy expression given by Chen and Sullivan [68], which

appears as a repulsive force when h<<L.
In the case that the two ends of the polymer chain are tethered to the opposing

walls of the slit, the effect of end tethering is expected to be small for h ! 0. In the

opposite limit of h ! L , the chain becomes strongly stretched, and its force-

separation relationship can be given by the classical Marko and Siggia formula

[69]. For the intermediate range 0 < h < L, we propose an interpolating formula

on the force-separation relation [39]:

f ðh; p; LÞ ¼ kBT

p

1

4ð1� h=LÞ2 �
1

4
� h

2L

" #
� p2R2

gkBT

� 2þ c1ðp=hÞ þ c2ðp=hÞ2

6h3½1þ c3ðp=hÞ þ c4ðp=hÞ2�5=3
(8.12)

It can be easily verified that (8.12) matches the above-mentioned two limiting

cases of h ! 0 and h ! L.
Similar to the model as shown in Fig. 8.1, we consider the molecular adhesion

mediated by polymer repellers of densityrg and binders of densityr0, among which

rb of them are actually closed. We adopt a rebinding rate per unit area of g ¼ k0g
ðr0 � rbÞ. Thus, (8.4) at steady state can be changed into

gðr0 � rbÞ ¼ ef ðheq;L;pÞ=Fbrb (8.13)

On the other hand, the stability of adhesion is considered as a competition

between attractive interactions of ligand-receptor binding and repulsive forces

due to the size mismatch between repellers and binders. According to (8.12), the

repulsive stress of polymer repellers and the attractive stress of the molecular bonds

can be expressed as sg ¼ rgf ðheq; pg; LgÞ and sb ¼ rbf ðheq; pb; LbÞ , which must

balance, i.e.,

sb ¼ sg (8.14)
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From this relation,we can calculate the equilibriumdensity of closed ligand-receptor

bonds.

In cell adhesion, a common type of polymer repellers is glycocalyx, one kind of

which has the contour length around 1 mm, and the number densityrg ¼ 3000/ mm2.

For typical values, we take pg=Lb ¼ 1=100, Lg=Lb ¼ 5, g ¼ 1, and Fb ¼ 4 pN in

numerically solving (8.13) and (8.14). For a typical ligand-receptor pair, we

consider binding between activated a5b1 integrin to fibronectin, for which recent

single molecule experiments have shown parameter values of k0 ¼ 0.012 Hz and

Fb � 9 pN, corresponding to a binding energy about 24kBT. The rebinding rate thus
can be estimated to be ~g ¼ 0.2. Using these parameters, Wang et al. [39] have

shown that there exists a critical initial bond density of 288/mm2, corresponding to a

critical ligand spacing about 59 nm, which is very close to the experimentally

observed critical spacing [61, 62]. These results indicate that polymer repellers can

play a significant role in the stability of cell adhesion and their effect can potentially

explain the phenomenon of critical ligand spacing in cell adhesion. In contrast to

the membrane fluctuation model of Lin et al. [63], the present model focused on the

critical conditions under which molecular adhesion can be stabilized against the

nonspecific repulsive forces of glycocalyx. It seems that both the membrane

fluctuation model of Lin et al. [63] and the present model can quantitatively explain

the observed critical ligand spacing, indicating considerable uncertainties in model

building as well as parameter selections in this area of research.

8.5.4 Effects of Surface Topography

Cell adhesion involves coordinated actions of many biological molecules [70, 71],

and topographic features of these molecules may influence the attachment and

adhesion of mammalian cells [72]. On the other hand, adhesion strength and

alignment of cells can also be affected by nano-patterning and surface roughness

of substrates as experimentally demonstrated in [73–75].

For nonspecific adhesion of materials, to maintain stable adhesion, one usually

needs to determine the strength of a particular configuration of adhesive contact. In

the case of a pulling force applied on two adhered elastic bodies, a stress concen-

tration is expected to occur near the edge of the contact region. Usually, increasing

the load enlarges the intensity of the stress concentration, eventually driving crack

propagation at the edge to break the joint. In this case, the carrying capacity of the

joint is not used most efficiently because only a small fraction of material is highly

stressed at any instant of loading, and failure occurs by incremental crack

propagation. The maximum strength should correspond to an optimal adhesion

state in which the interfacial stress is uniformly distributed over the contact region,

with magnitude equal to the theoretical adhesion strength at pull-off. Gao and

Yao [28] suggest that such optimal adhesion can be achieved by either size

reduction, or by optimization of the shape of the contact surfaces. For macroscopic

adhesion, the state of optimal adhesion achieved by change in contact shape is not
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robust against small deviations from the optimal shape. A robust, shape-insensitive

optimal adhesion becomes possible only when the adhesion size is small enough.

In this case, the material fails no longer by propagation of a pre-existing crack, but

by uniform rupture at the limiting strength of the binding molecules.

Different from the adhesion of materials through nonspecific interactions such as

van der Waals forces, cells adhere on substrates through the formation of

noncovalent bonds between ligand and receptor molecules on opposing surfaces.

In cell adhesion, both cells and the ECM can be regarded as soft elastic materials

(within a certain time scale) joined by binding molecules subject to frequent rupture

and rebinding. Here, we use the analytical model of stochastic-elastic coupling, as

shown in Fig. 8.1, to investigate how the adhesion strength between two soft elastic

materials depends on the size of bond clusters and the shape of the contact surfaces,

where only specific adhesion via ligand-receptor linkages is considered, and sec-

ondary nonspecific interactions such as van der Waals forces are neglected.

Taking into account the surface shape, h(x), similar to (8.8), we have

@û

@r
¼ � 2a

p

ð1
�1

r̂û
r � s

dsþ ba
dĥ

dr
(8.15)

where, in addition to (8.8), we denote ĥ ¼ h=a; b ¼ E�=r0Fb.

By adopting a rebinding rate of exponential type,

gðtÞ ¼ k0g½r0 � rbðx; tÞ� exp ��
xu2

2kBT

� �
(8.16)

where � is a dimensionless parameter characterizing how strong the rebinding rate

depends on the separation between a pair of open bonds, based on (8.3), we can

derive

dr̂
dt

¼ �r̂ expðûÞ þ gð1� r̂Þ expð�lû2Þ (8.17)

where l ¼ �F2
b=2kBTx.

At steady state, in the case of ĥ ¼ 0 and a ! 1, it follows from (8.10) that the

stress field near the edge of the contact area, x ! 	a, has a square-root singularity
with stress intensity factorKI ¼ P=

ffiffiffiffiffiffi
pa

p
. The critical condition for crack initiation at

the adhesion edge is governed by the Griffith condition G ¼ 2gad, where gad is the
fracture surface energy and G is the energy release rate,G ¼ 2K2

I =E
� ¼ 2P2=paE�.

At the critical point of onset of crack motion, the energy released per unit area of

crack growth must be equal to the energy associated with interfacial debonding. For

adhesive contact problems, the Griffith condition is often written asG � Wad, where

Wad is the work of adhesion, and the critical pull-off stress can be determined as

sGriffith ¼ PPull�off

2a
¼

ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
pE�Wad

8a

r
(8.18)

166 J. Wang



For adhesion via molecular bonds, the work of adhesion can be estimated as

Wad 
 r0
1

2
xu2max

� �

 r0

1

2
x

Fb

x

� �2
" #

¼ r0F
2
b

2x
(8.19)

where umax is the maximum deformation allowed for each bond, and Fb=x is the

typical length scale of bond deformation. From (8.18) and (8.19), we can estimate

the dimensionless pull-off stress as

sGriffith
r0Fb

¼ CG

ffiffiffi
p

p
4

ffiffiffiffiffiffiffiffiffiffi
E�

r0xa

s
(8.20)

It follows from (8.20) that the pull-off stress is proportional to 1=
ffiffiffi
a

p
. As the

adhesion size a is reduced, (8.20) predicts an increasing pull-off stress, approaching
infinity as a goes to zero. However, this trend cannot continue forever, since stress

cannot exceed the strength of molecular adhesion. This suggests a critical adhesion

size below which adhesion strength can no longer be described by the Griffith

theory. Similar arguments of transition between Griffith fracture and failure at

theoretical strength have been made for mineral pieces in bone [76] and fibrillar

adhesion in gecko [28].

On the other hand, the strength of molecular adhesion can be estimated as

sBell
r0Fb

¼ CB

g
1þ g

(8.21)

where CB is a prefactor. Thus a critical adhesion size can be identified by equating

the adhesion strengths in both Griffith and Bell regimes as acr 
 E�=r0x or acr 
 1.

Here, we use the coupled elastic-stochastic model to investigate whether the

continuum theory based on the Griffith concept is applicable in the case of molecu-

lar adhesion. The normalized pull-off stress is plotted as a function of the

normalized cluster size or SCI in Fig. 8.5 for a rebinding rate of g ¼ 2. In the

plot, we include the predictions of Griffith’s theory and Bell’s theory by using

(8.20) and (8.21) with pre-factors CG ¼ 3:3, CB ¼ 0:7. It can be seen from Fig. 8.5

that the normalized pull-off stress is well predicted by Griffith’s theory for large

adhesion size, corresponding to a large SCI a, and that reduction of adhesion size or
a results in deviation from Griffith’s theory and eventually adhesion failure at the

adhesion strength determined from Bell’s theory.

Gao and Yao [28] have previously shown that, for adhesive contact between a

cylindrical punch and a substrate via van der Waals interaction, optimal adhesion

could be achieved by a combination of size reduction and shape optimization. At

small contact sizes, the shape of the contact surfaces does not play an important

role. At large contact sizes, optimal adhesion becomes sensitive to small variations

in contact surface shape, with the theoretical adhesion strength attained only if the
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shape can be manufactured exactly. The present analysis confirms that these

conclusions are also valid for adhesion via molecular bonds. For example,

Fig. 8.6 shows interfacial stress distribution for different contact surface shapes.

The stress concentration near the adhesion edge decreases as the shape depth

increases, indicating that variations in contact surface shape can significantly

reduce a and increase the adhesion strength when the contact size or SCI is large.

On the other hand, when the contact size or a is small, the interfacial stress

distribution becomes insensitive to variations in contact surface shape, as shown

in Fig. 8.6b, where interfacial stress distributions are seen to remain nearly
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uniform at a ¼ 0.1 for different shapes. This analysis of specific adhesion via

receptor-ligand bond clusters demonstrates that optimal adhesion can be achieved

at any length scale by designing the shape of the contact surfaces. However, the

robustness of optimal adhesion against random shape variations can only be

achieved at sufficiently small contact size or for a small SCI, a.
In order to investigate the specific adhesion of a soft elastic body on a wavy

surface via a patch of molecular bonds, we consider a wavy surface profile, hðxÞ
¼ h0½1þ cosð2px=lÞ�. By solving (8.15) and (8.17) at steady state, Fig. 8.7 shows

the normalized pull-off force as a function of the amplitude of surface undulation

for different magnitudes of surface wavelength and SCI, a. It can be seen from

Fig. 8.7 that for relatively small adhesion size or SCI, the adhesion strength tends to

decrease monotonically as the surface amplitude increases. This can be understood

from the point of view that increasing surface amplitude leads to more non-uniform

stress distribution within the contact patch. For relatively large adhesion size or

SCI, there exists an optimal surface topography with a finite undulating amplitude

and an optimal wavelength on the same scale as the adhesion patch size for the

maximum adhesion strength.

8.5.5 Active Control of Focal Adhesions

Analysis of the SCI has shown that, depending on system parameters, there is a

transition between uniform stress (equal load sharing) and crack-like singular stress

distribution along the contact interface. It seems that an important parameter under

control by the cell is the stiffness of the cell body, as contractile forces can stiffen or

soften the actin network of the cytoskeleton, allowing the cell to modulate stress

distribution along the cell-substrate interface and, in so doing, control the stability

and growth/shrinkage of FAs.
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Cells can modulate dynamic interactions between semiflexible polymers such as

actin filaments or protein microtubules by using various binding proteins.

Depending on the binding proteins, F-actin strands at medium concentration can

form both chemical (cross-linked) and physical (entangled) networks with different

elastic properties [77–80]. One type of cross-linked chemical polymer network is

the parallel actin bundle, which can serve as stress fibers to mediate cell adhesions

[77]. In [34], we have investigated the hyperelastic behavior of an F-actin bundle

based on the behavior of a confined worm-like chain [81, 82]. By treating each

chain in the bundle as a harmonically confined worm-like chain, we obtained

closed-form expressions for the axial stress–strain relation. This revealed a strongly

nonlinear, hyperelastic behavior for these bundles under stretch. According to this

result, a contractile stress of 5.5 kPa [19], which has been reported for stress fibers

near a focal adhesion, would lead to local stiffness orders of magnitude larger than

that of the cell as a whole. Based on the concept of the SCI discussed above, we

expect that the hyperelastic property of stress fibers may play a very important role

in stability control of focal adhesions.
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Chapter 9

Diversified Material Designs in Biological

Underwater Adhesives

Kei Kamino

9.1 Introduction

In nature there exists a variety of diversified adhesives to meet the individual

demands of many organisms. These adhesives have been artificially designed for

use in medicine, yet are fragile in water and thus are limited to air. Because

adhesive mechanisms that allow attachment under water are much more complex

than those that allow attachment in the air, we continue to study them, particularly

to characterize the adhesive’s native proteins. In this chapter, we compare

biological material designs for similarities and differences from the macroscopic

to molecular levels to potentially provide clues for designing new artificial

adhesives. Specifically, we present information about how the mussel, barnacle,

and tubeworm inform us about how underwater “firm” adhesives work.

Many organisms prefer to attach to various interfaces such as gas-solid or

liquid-solid, since these attachments enable them to inhabit a fixed environment.

These attachments can actually become a part of the organism’s physiological

function, and specialized processes have evolutionally developed to accomplish

this. An attachment could occur under water or in the air, with fixation or locomo-

tion, with the animal’s body part attached to foreign materials or by joining

different foreign materials together. There may be differences in the attachment

area’s size and surface cleanness, different time lengths needed to attain a full

strength of attachment, and differences of foreign stresses in the strength and

direction (tensile or shear) to be loaded.

Adhesives have been developed for commercial use in product manufacturing,

thanks to the assiduous efforts and experiences of material scientists and engineers.

However, their use in general remains limited to air, since attaching materials in

water remains a troublesome and undeveloped technology.
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Typical processes to obtain attachment in the air may include the following

steps. First, material surfaces are cleaned (pre-cleaning) and kept dry by removing

the water layer. Adhesives are then uniformly and thinly spread onto the material

surfaces (spreading or wetting). Materials are joined together and are compressed

to make the adhesive layer as thin as possible. Following the hand-processing, the

adhesive molecules form several bonds with molecules on the material’s surface

(surface coupling) and are allowed to sit for minutes to hours until the bonding

strength reaches a sufficient level (curing). To summarize, attachment in the air

may simply be achieved by coping with two minimal requirements: surface cou-

pling and curing.

In water, the requirements for attachment are much more challenging [1]. First,

it is very difficult to remove the water layer and spread the adhesive on the

material’s surface. A much higher dielectric constant of water [2] also makes it

difficult to keep the surface coupling for a longer period (e.g., more than a year).

And because of fouling of organic materials and/or microbial cells, the underwater

surface quickly becomes dirty. The fouled layer makes coupling of the adhesive to

the material surface difficult. In addition, the bulk layer of the adhesive becomes

swollen from excess hydration, resulting in weaker adhesive strength.

To achieve this troublesome underwater attachment, sessile organisms ranging

from microbes to hard and soft animals and plants have developed diversified ways

to tightly and continuously attach to several material surfaces. These biological

adhesives are excellent models from which to learn how to artificially attach

materials in water and to obtain information that will be useful to develop general

theories in the interface sciences.

9.2 Basic Differences Between Commercial Adhesives

and Biological Adhesives

The basic differences between commercially available and biological adhesives can

be summarized as follows (Table 9.1). Biological adhesives consist of biomolecular

materials that, typically, are protein complexes involved in firm underwater attach-

ment. The protein molecules have several functional groups on their side chains,

including carboxyl, amino, aromatic, imidazole, guanidino, alkyl, and hydroxyl

groups. Additionally, posttranslational modifications of proteins produce further

functional groups (e.g., phosphate). In contrast, synthetic polymers used in commer-

cially available adhesives have limited functional groups on their side chains,

mainly due to constraints of the simpler synthetic processes, which is directly related

to the cost of mass production. The protein molecules have, in general, defined

conformations wherein each functional group of side chains is given an individual

orientation. The orientation of each functional group is essential to function, keeping

the molecular conformation or the interaction with another molecule. Specificity

and/or higher efficiency of protein functions are generally defined by the molecular
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design. On the other hand, fine control of orientation in the side chains is unusual

in the designs of synthetic polymers. Biomolecular materials are, of course,

biosynthesized in water, and the molecules have bound waters inside and on the

surface of the protein molecules. Molecular interfaces among self-assembled

proteins also have bound water molecules. In other words, the water molecule is

an essential component in biological underwater adhesives. This is another distinct

feature of biomolecular materials compared to synthetic polymers. The latter is

usually synthesized in an organic solvent and is devoid of water molecules.

However, it must be used in water if it is an underwater adhesive. Different

conditions between production and usage may be essential obstacles for material

scientists who are designing underwater adhesives or wet materials from typical

synthetic polymers [3]. Thus, nature may serve as a subtle teacher [4]. However,

peptide- or protein-based materials should be considered transitional products from

which to learn how to achieve firm attachment in water. Information obtained by the

challenge to create peptide- or protein-based underwater adhesives may lead to

following cheaper and simpler polymer mimics. Elucidation of the natural system,

practice in peptide/protein-based materials, and design of simpler polymer mimics

should be separately addressed but tightly intertwined so that we may develop a

roadmap to perform innovative and successful material science.

9.3 Models of Underwater Attachment

There are diversified sessile organisms that attach onto foreign materials in water.

These organisms include hard and soft coral, sponges, seaweed, tubeworms,

mussels, barnacles, sea squirts, starfish, oysters, limpets, microbes, and invertebrate

larvae. Some of these organisms attach to foreign materials during nearly all of their

life cycle, whereas others attach during a given life cycle or just occasionally.

Among these, mussels, barnacles, and tubeworms are model organisms from

which we may learn the nature of underwater “firm” adhesives (Fig. 9.1). All are

biologically classified in different taxa and provide multi-protein complexes for

underwater attachment. The complex nature of their adhesives implies a multi-

functionality of the underwater attachment process that may be required to

Table 9.1 Distinction between biological adhesives and artificial synthetic adhesives

Synthetic (in air) Biological (in water)

Molecular species Synthetic polymer Protein

Diversity of functional group 1 to a few Several

Molecular heterogeneity (Mol. Weight, branched) High Low

Solvents Non-aqueous Aqueous

Number of molecular species 1 to a few More than 3

Molecular localization Non Exist

Stratified structure Non Exist

Material to be attached Clean Dirty

9 Diversified Material Designs in Biological Underwater Adhesives 177



overcome difficulties in firm and durable underwater attachment. There are

differences and similarities in macroscopic and molecular levels of the underwater

adhesives (Table 9.2). Studying them could reveal essential functionalities in under-

water attachment, clarify reasons for diversified ways to overcome obstacles for

underwater attachment, and provide hints for potential best combinations that we

can use. The individual adhesive systems used by the three organisms are

summarized in the following three sections.

9.4 Overview of the Mussel Byssal Holdfast

The mussel is a bivalve and attaches to material surfaces by forming several byssal

threads [5]. The animal hangs down by its byssus or sits on a trampoline made by

byssus (Fig. 9.1). Occasionally, a mussel will move its habitat by cutting off its

byssus at the proximal stem, thus the thread is disposable. Simply, their main

body is a few centimeters away from foreign material surface separated by the

cm

m

m

m

cm

Soft
Self-made

Hard
Foreign

Hard
Self-made

Hard
Foreign

Hard
Foreign

Hard
Foreign

a b c

Fig. 9.1 Different modes of attachment among different sessile organisms: (a) mussel, (b)

tubeworm, and (c) barnacle

Table 9.2 Comparison of biological adhesives among three model organisms

Mussel Barnacle Tube worm

Taxonomy Mollusk Crustacean Annelida

Role of attachment Holdfast Holdfast Tube building

Sort of components Protein/Fe3þ/Ca2þ Protein Protein/Ca2þ/Mg2þ

Number of proteins 6 in the disk >6 3

Protein-modification DOPA/PhoSer/HyArg/Hyp etc. Glycosylation DOPA/PhoSer

Cross-linking Involved Unknown Involved

Macro-structure Thread/disk Homogenous Homogenous

Microstructure Solid foam, granular cuticle Fused granule Solid foam

Protein localization Functional localization Unknown Unknown

Distance of attachment 2–4 cm >1 mm 10–20 mm
Fresh start of adhesive Possible Impossible Possible

Adherends Foreign/end of thread Foreign/base shell Foreign/foreign
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biomolecular threads, byssus. Because the animal is tossed about by the sweeping

action of turbulent waves, this mode of holdfast with a centimeter distance from

substratum would latently include several breakpoints. The mussel, however,

overcomes this obstacle due to the fine design of its byssal thread structure from

the meso-/microscopic level to the molecular level [6].

The byssal thread has a macroscopically modular structure that includes a thread

portion and an adhesive disk (Fig. 9.2). The byssal thread overall has an outer coating

in itsmicroscopic level. The adhesive disk ismicroscopically separated by a bulk layer

and a tip layer, wherein the latter is directly coupled with foreign materials [7]. The

coating layer [8] and bulk of adhesive disk [7] have individual meso-scopic structures,

respectively. Specific localizations of the individual components in the molecular

level also seem to occur. Bulk of the disk [9], surface coupling layers at the tip of the

disk [2], and outer coating layer [10] are actually formed by individual specific

proteins. The thread portion has remarkably distinct physical characteristics proxi-

mally and distally, each of which has different protein compositions [11]. Linking

proteins may also occur at junctions of the surface coupling layer and bulk of the disk

[12], or between the bulk of the disk and distal end of the thread portion [13]. Overall,

these fine, delicate designs support mussel attachment in water.

9.4.1 Unique Proteins in the Byssal Thread

Byssal thread consists of proteins to an extent of 95% in weight, which includes

nine unique proteins, five of which are found at the adhesive disk, three at the thread

portion, and one at the overall outer coating (Fig. 9.3). Two proteins directly bind to

foreign materials and have molecular weights less than 10 kDa, which are the

lowest ones among all of the proteins. A protein in the bulk of the disk has a

Foreign substrata

Disk

Thread
portion

Stem

fp-1

fp-2

fp-3, -5

fp-6

fp-4

preCOL-D

preCOL-P

preCOL-NG

Ratio

Byssus

2 -4 cm

Fig. 9.2 Mussel byssus as complex and hierarchical material from the macroscopic to molecular

levels
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molecular weight of 50 kDa. A 11 kDa-protein is assumed to link two portions of

the disk, i.e. the coupling layer and the bulk. Another 90 kDa-protein hypothetically

links the bulk of the disk with the distal end of the thread portion. A protein in the

coating layer has a molecular weight of 110 kDa.

The primary structures of two surface coupling proteins [14, 15] appear to be

simple and do not possess clear tandem repetitions. Both proteins have the highest

3, 4-dihydroxy phenylalanine (DOPA)-contents (10–30 mol%) and have additional

residues that are posttranslationally modified, namely 4-hydroxyarginine [16] and

O-phosphoserine. On the other hand, the bulk protein in the disk is composed of

11 tandem repetitions of epidermal growth factor (EGF)-like motif flanked by

negatively charged units in both ends of the primary structure [14]. The protein

has a relatively lower content of DOPA (3–5 mol%). The primary structure of the

linking 11 kDa-protein [12] is simpler and has no clear tandem repetitions.

The protein also has a lower content of DOPA (2 mol%), whereas a high Cys

content of 11 mol% was found. The linking 90 kDa-protein [13] is rich in His with

its content reaching to 22 mol%, and its primary structure is composed of two

domains, namely a His-rich decapeptide repeat and an Asp-rich undecapeptide

repeat. The protein also has a lower content of DOPA (2 mol%). The primary

structure of the coating protein [17, 18] is composed of 80 tandem repetitions of a

decapeptide with a DOPA content of 10–15 mol%.

On the whole, proteins in the byssal thread, except for the bulk protein, have a

lower level of complexity in their primary structures because they have biased amino

acid compositions. Each protein therefore appears to have their specific amino acid

(s) with respect to the dominance or posttranslationalmodifications. Based on this, the

specific amino acid(s) has been considered important for the respective function(s)

rather than conformations or primary structures of the proteins. Among them, DOPA

has been well characterized and shown to be versatile in terms of its roles in surface

coupling and the potential to form cross-linkages.

fp-1

fp-2

fp-3

fp-4

fp-5

fp-6 Charged Hydrophilic DOPA

Fig. 9.3 Schematic illustration of proteins in the disk of mussel byssal thread and the coating

layer. All proteins contain DOPA, with its content ranging from a few to 20 mol%. Each relative

length of illustration roughly corresponds to the molecular weight of the respective proteins.

Primary structures of larger proteins are composed of tandem repetitions. Although those of

smaller proteins are not composed of clear repetition, their complexities are actually lower. No

hydrophobic component is found
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9.4.2 Versatile DOPA

Several studies on model peptides, proteins, or single amino acids indicate that

DOPA strongly couples to metal/metal oxide with the strength nearly comparable

to that of covalent bonding [19]. The highest content of DOPA in the two

surface coupling proteins of the adhesive disk is in agreement with a significant

role of DOPA for coupling to foreign metal/metal oxide surfaces in the natural

system.

Results of in vitro studies have indicated the potential of DOPA to form several

cross-linkages, including nucleophilic addition of thiolate of Cys to form Cys-

DOPA [20], Michael addition via DOPA quinone [21, 22] to form di-DOPA and

Lys-DOPA, and coordination bonding via metal ion, mostly Fe3+ [23]. Molecular

assembly and curing are considered to be essential functions to form the bulk of

the disk, the coating layer, and linking between separate microstructures, thus

intermolecular cross-linkage is assumed to be crucial for function. The occurrence

of cross-links was indicated by the results of in vivo analyses, which include

spectroscopic evidence [24] and the finding of co-localization of Fe3+ with DOPA

(a suggestion for their coordination bonding) [25], the detection of 1 mol% 5-S-
Cys-DOPA out of all of the DOPA in the hydrolysate of foot-print remained onto

glass substratum [2], and the detection of 5, 50-diDOPA at a ratio of 1 per 1,800 total

amino acids of the disk by rotational echo double resonance [26]. For instance,

surface force apparatus (SFA)-measurement indicated that the bulk protein with a

low concentration of Fe3+ (mM) have homo-protein interaction with a strength of

2.2 mJ/m2 that approaches the 10 mJ/m2 energy measured for the strongest known

non-covalent protein-ligand interaction (biotin-avidin) [25]. Thus, several intermo-

lecular cross-linkages via DOPA-residues have practical responsibility to form the

bulk of the disk.

The curing not only forms the bulk of the adhesive, but is also responsible for

mechanical properties such as tensile strength at loading and recovery at unloading.

The metal-coordination bonding is actually reversible [27], thus it may be a good

design for durable bulk-formation.

The coating layer of byssal thread is dual-functional, since coating is known

to be essential for both extensibility and stiffness of the whole byssal thread [28, 29]

in addition to protection from microbial degradation. The protein at the coating

layer has the third highest level of DOPA at 10–15 mol% among nine byssal

proteins. The co-localization of a metal ion, Fe3+, implies the significance of

metal-coordination bonding via DOPA. EDTA-treatment reduced the coating hard-

ness by 50%, indicating that the coordination bonding is, at least, involved in the

stiffness.

Both possible linking proteins contain lesser amounts of DOPA and are rich

in His/Asp and Cys, respectively. The abundant His and Asp residues in a linking

protein [13] are considered to form coordination bonding with metal ions Cu2þ

and Ca2þ, respectively, thus the protein is suggested to link other proteins

via intermolecular metal-coordination bonding. The other possible linking
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protein with abundant Cys is considered to form Cys-DOPA cross-linkage

intermolecularly [12]. More recently, SFA-measurements suggested that one of

the surface coupling proteins directly interacts with the bulk protein of the disk,

with the strength of 1.3 mJ/m2 by a yet unknown mechanism [25]. It is intriguing

to know how nature links distinct microscopic domains because this mechanism is

important for the design of artificial adhesives. Another important question to be

addressed is the molecular mechanism to localize the proteins at the specific

localization(s) of the joint.

9.4.3 Molecular Design Beyond DOPA

Almost all of the chemistry employed by the mussel adhesive has been interpreted

based on the versatile single amino acid DOPA or the functional group catechol.

There is no doubt about the significance of this amino acid and functional group in

the natural system. The mussel, however, employs several DOPA-proteins for

different portions of its byssal thread. The proteins have different characters and

thus other amino acids and primary structures should have several roles in cooper-

ation with the functionalities of DOPA. This was noticed by a study using SFA-

measurement on both a surface coupling protein and the coating protein [30], which

have similar DOPA-contents. The measurement indicated different properties

between them, thus it was suggested that amino acids other than DOPA or primary

structures may also play essential roles for the individual functions of each protein

in underwater attachment. Moreover, coupling to hydrophobic surfaces such as

synthetic polymers cannot be interpreted by the functioning of DOPA alone. The

principles employed for fine design of the underwater attachment need to be further

unraveled.

An EGF-like sequence motif [14] typically found in proteins with a cellular

function, as illustrated by its name, was also found in the bulk protein of the disk.

Because amino acids essential for cellular function are lacking in the byssal bulk

protein, the sequence motif is considered to serve as a structure unit for possible

protein-protein interactions in curing of the bulk. Similar alternative use of the

structure has been known in cases such as the bio-silicification protein in the

marine sponge [31]. The EGF-motif in proteins with a cellular function

usually has a defined conformation, which is essential for the function. In exten-

sion, bulk-formation of the byssal disk may also depend on the conformation of

the EGF-like motif, though no reports on the significance of the conformation

have appeared.

The thread portion of the mussel byssus is composed of three related proteins

[32]. The proteinaceous thread is among the most well-known biomolecular

materials. Silks of insects and fibrous proteins in extracellular matrix are typical

examples. The proteins in the thread portion of byssus are chimera of different

known fibrous proteins such as in collagen, spider silk, and elastin. Each protein

domain is assumed to have individual mechanical properties, thus the chimeras
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might have complex properties beyond those of the original proteins. A gradient of

ratio among the amount of the three proteins was found to exist along the longitu-

dinal line of the byssal thread, which may contribute to formation of the gradient in

the mechanical property of the whole byssal thread.

9.5 Overview of the Barnacle Cement

The barnacle is a unique sessile crustacean and attaches two materials together in

water using a thin adhesive layer (Fig. 9.1). Its soft body is covered by a full armor

of calcareous shell plates, which are generally composed of four to six peripheral

plates, four opercular valves, and a base plate (Fig. 9.4). The animal firmly fixes its

calcareous base shell to a foreign material in water via an underwater adhesive

called “cement” [33] that has an adhesive layer a few microns in thickness [34].

When the barnacle grows, its base reaches a few centimeters in diameter, thus the

barnacle cement fixes the calcareous base with an area of several cm2 by an

adhesive layer with a few microns in thickness. In other words, barnacle cement

could support a much larger area of distinctly different materials with a thinner

adhesive layer than tubeworm cement, described in the next section.

9.5.1 Unique Barnacle Adhesive

In this section, the adhesive cement formed on general hard materials is discussed

with a focus on how the barnacle successfully attaches to materials in water.

Fig. 9.4 Cross-section of a unique crustacean, the barnacle. The animal firmly fixes its base shell

to a foreign material surface in water via an underwater adhesive called “cement,” whose adhesive

layer has a thickness of a few microns
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The barnacle tightly attaches its calcareous shell to naturally occurring rocks and

wood, artificial concrete structures, steel ship hulls, tortoise shell surfaces, and even

whale epidermis. It also attaches to synthetic polymers, including fluoropolymer,

and other metals/metal oxides, in water [35]. Because a barnacle’s attachment

causes serious damage to ship services and water uptake in power and industrial

plant cooling systems, extensive research regarding barnacle adhesive has been

motivated by the need to develop anti-fouling technology [36–38]. Conspicuous

foul-release coatings, typically silicone, have promoted studies on the mechanism

of lowering the adhesive strength produced by the barnacle cement, which would be

useful to improve the performance of coatings [39, 40]. Interestingly, the adhesive

joint produced by the barnacle in foul-release silicone coatings is macroscopically

and microscopically different from that produced on general materials; in other

words, the joint on the foul-release coating is thicker, swollen, and weaker in

adhesive strength [41–44]. It is unclear whether the barnacle just fails to attach to

the man-made coating or it somehow adapts to the surface with a softer adhesive to

balance the stiffness.

The cement is biosynthesized in the soft tissue of the animal in a fluid form and

appears to be secreted to the site of attachment. The cement is a protein complex

whose proteins are unique among all of the proteins found in public databases [3].

Neither sequence homology to mussel byssal proteins/tubeworm cement proteins

nor modification of an amino acid residue of tyrosine to DOPA, which is a typical

and essential one in adhesives of mussel and tubeworm, was found in the barnacle

cement proteins [45, 46]. Furthermore, no indication of protein modification has

been found in the barnacle cement proteins. The exception is glycosylation in one

of the proteins [47], which is in contrast to the mussel byssal thread and tubeworm

cement where all proteins were found to undergo multiple posttranslational

modifications in a number of amino acid residues. Thus, among the model

organisms, the barnacle cement is unique in its molecular mechanism of

attachment.

The adhesive layer of the animal is macroscopically uniform, whereas a

microscopic structure seems to be present in the cement. The microscopic

structures might be fibrous or sponge-like [43, 48, 49], which seem to be different

depending on the materials to be attached [50]. It is unclear whether specific

localization of some components in the molecular level occurs in the

adhesive joint, although the cement is actually composed of distinct proteins, as

mentioned below.

9.5.2 The Cement Proteins

Five proteins are identified to be components of the cement (Fig. 9.5), which are

different from each other in terms of their chemical structures/physicochemical

properties [33]. Among them, two bulk proteins are larger molecules with molecu-

lar weights of 100 kDa [51] and 52 kDa [47], whereas two other proteins possibly
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functioning at the coupling surface are smaller ones with molecular weights of

20 kDa [52] and 19 kDa [53]. The last one is a 68 kDa-protein [46] whose function

in underwater attachment is not yet clear. The primary structures of the two bulk

proteins are highly complex and not as simple as those found in mussel byssal

proteins and tubeworm cement proteins. The amino acid compositions and primary

structures roughly look like those of typical cellular proteins such as enzymes,

whose hydrophobic amino acids form the core of the molecule and hydrophilic

amino acids largely occur in the external area of the molecule. The primary

structure of the 52 kDa-protein is composed of four long degenerated repeats,

whereas no clear repetitions are found in the 100 kDa-protein. The two proteins

with possible surface functions are simpler in the amino acid compositions than

those of the two bulk cement proteins. The 20 kDa-protein is rich in charged amino

acids such as His and Asp/Glu, and Cys, whereas the content of hydrophobic amino

acids is limited. The primary structure is composed of six degenerated repeats.

The 19 kDa-protein also has a simple amino acid composition in which six amino

acids, Ser, Thr, Gly, Ala, Lys, and Val, occupy more than 60% of the total amino

acids, though no clear repetitions in the primary structure is found. The 68 kDa-

protein is composed of two domains whose longer N-terminal domain has some-

what similar amino acid composition to that of the 19 kDa-protein. The two surface

functional proteins are found not to be posttranslationally modified, whereas the

52 kDa-bulk protein is glycosylated. It is unclear whether the other proteins

are posttranslationally modified or not; however, no DOPA is found in all of the

barnacle cement proteins.

9.5.3 Bulk of the Cement

Though the bulk of the cement is generally insoluble in most solvents and by any

treatments, two methods have been found to render almost all of it soluble [46, 51].

This is remarkably different from what is seen in the two other model organisms,

where very limited amounts of protein are rendered soluble from the byssal thread

and the tubeworm cement. Investigation of the processes that rendered a bulk

100kDa-protein
52kDa-protein
68kDa-protein

19kDa-protein

20kDa-protein Charged Hydrophilic Hydrophobic

Fig. 9.5 Schematic illustration of proteins in barnacle cement. Each relative length of illustration

roughly corresponds to the molecular weight of respective proteins. Hydrophobic proteins occur

only in the barnacle cement
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protein soluble from the barnacle cement indicated that conformation of the

molecule as a building block and molecular interactions such as hydrophobic

interactions and hydrogen bonding are essential for curing. Molecular interactions

among the bulk proteins seem to be optimized in a manner similar to that found in

the process of amyloid-beta self-assembly [54]. Amyloid-beta is well-known for its

characteristics of forming ordered peptide self-assembly with beta-sheets. The

amyloid formation is different from a simple process of nonspecific aggregation

because the fibrils show ordered structures. This suggests the presence of a specific

pattern of molecular interactions, rather than nonspecific hydrophobic interactions,

that lead to such an ordered process. One of the bulk proteins of the barnacle cement

actually contains an amyloid-like sequence, thus a similar manner of protein-

protein interactions may partly occur in the bulk of the cement. Though a few

studies have produced speculation about the occurrence of intermolecular covalent

cross-linkage [55], no direct evidence for its involvement in the formation of the

bulk is yet known [56].

9.5.4 Interface of the Cement

Barnacles seem to employ two different types of proteins for surface functions:

Among all biological underwater adhesive proteins, the 20 kDa-protein is the only

one that has been shown to have a defined conformation [57, 58]. The abundant

Cys-residues in the protein form intramolecular disulfide bonding, which appears to

be essential in keeping the conformation. The protein is adsorbed to specified

materials, and among these, calcified material is best. Calcified shell is at least

one of two foreign materials that the barnacle cement must attach to, thus the

protein is assumed to be a specific coupling agent for the most-encountered

calcareous material.

Since barnacles attach to diversified foreign materials, a function for surface

coupling to unspecified materials is required. This has been suggested to be fulfilled

by the 19 kDa-protein [53]. The protein actually adsorbs to various materials with

almost a monolayer amount [59]. Materials to be coupled include metals/metal

oxides and synthetic polymers. The protein might not exhibit a defined secondary

structure. Thus, the barnacle employs different types of surface coupling proteins,

one with a defined 3D-structure for coupling to a specific surface, and the other with

a more flexible structure for coupling to unspecified materials. Although the

function of the 68 kDa-protein is unknown, it is intriguing that it has an abundant

number of amino acids similar to the 19 kDa-protein. Since underwater attachment

is a multi-functional process [1], it may not be accomplished by a simple addition of

two functions, such as surface coupling and setting. It is possible that in-depth

characterization of each component might make the obscure multi-functional

underwater attachment process more clear.
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9.6 Overview of Tubeworm Cement

The tube that the tubeworm inhabits is made of natural particulates that are bonded

together with tubeworm cement [60]. The cement attaches two hard materials

together in water using a thin adhesive layer (Fig. 9.1). The process is as follows:

The animal grasps an environmental particulate that is several hundred microns in

diameter, puckers to put the cement onto the particulate, and presses it against a tip

of building tube for attachment [61]. The cement, which is several tens of microns

in thickness, attaches to two hard particulates in water. Thus, it attaches particulates

with an area of several hundreds of mm2 by a cement layer of several tens of mm in

thickness.

The cement is uniform in structure at the macroscopic level, while the bulk has a

similar microscopic structure with that of the mussel byssal disk, i.e., a solid foam-

like structure. It is unclear whether a specific localization of different components at

the molecular level occurs.

The cement is a proteinaceous material that contains three proteins (Fig. 9.6).

Among the model organisms reviewed in this chapter, the tubeworm’s cement has

the fewest components. Two proteins with basic pIs [62] have apparent molecular

weights of 21 and 18 kDa, and the third protein has an acidic pI [63] of nearly 1 and

an apparent molecular weight of about 10–30 kDa. Both basic proteins are rich in

Gly with its content at 42 and 30 mol%, respectively, and also contain a high

content of DOPA at 10 and 7 mol%, respectively. The acidic protein has at least

seven variants and is comprised of Ser at 60–90 mol%, with a very limited number

of Tyr. The Ser residues in the protein seem to be almost phosphorylated. Although

the occurrence of DOPA in the acidic protein has not yet been shown, sporadic Tyr

in the deduced sequence from cDNA may be converted to DOPA. The primary

structure of the basic 21 kDa-protein contains 15 tandem repetitive sequences of a

decapeptide with a consensus sequence, which are mostly composed of three amino

Charged Hydrophilic DOPA

PC-1

PC-2

PC-3

DOPA

DOPA

PhoSer/DOPA

Outstanding amino acids

Fig. 9.6 Schematic illustration of the proteins in tubeworm cement. Each relative length of

illustration roughly corresponds to the molecular weight of respective proteins. Tubeworm cement

is composed of three proteins, which is the minimum number among underwater adhesives of the

three model sessile organisms. Primary structures of PC-1 and PC-2 are composed of tandem

repetitions, and that of PC-3 is a very simplified one due to a high content of Ser ranging from 60 to

90 mol%
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acids: Gly, Lys, and DOPA. The primary structure of the other basic protein

(18 kDa) contains degenerate copies of a consensus repeat with a large variation

in the individual sequences. The acidic protein is almost completely occupied by

Ser, with a sporadic insertion of Tyr. Only one variant is found in the C-terminal

basic sequence, which contains six Cys.

It is presumed that the function of the tubeworm’s cement surface coupling to

foreign materials is due to DOPA and Pho-Ser, analagous to the mussel byssal

system. Metal-coordination bonding and Cys-DOPA cross-linkage are suggested to

be involved with setting the cement [64]. The cement contains Mg2+ and Ca2+ in an

extractable form in the EDTA solution, and EDTA-treatment actually reduces

adhesive force and compressive characteristics [65]. The detection of Cys-DOPA

in the whole cement [63] also suggests the occurrence of intermolecular

cross-linkage.

The components found in the tubeworm cement look like water-soluble poly-

electrolyte solutes. It diffuses into the surrounding water if a specific mechanism is

not provided. However, the physicochemical properties of the cement proteins,

occurrence of divalent cation species, and pH-shift in the secretory gland and

seawater might fulfill conditions for complex coacervation [64]. Complex coacer-

vate seems to have good properties for removing the water boundary layer and

spreading onto material surfaces.

9.7 Impacts to Artificial Material Design

Most research aimed at learning about biological adhesives (Fig. 9.7) has been

focused on amino acids, DOPA, or the side chain, catechol group. In three decades

of challenges, it has been shown that intermolecular cross-linking with several

styles and surface coupling to metal/metal oxide are practical for materials design

with DOPA. Numerous forms of gel and coating materials have been made from

synthetic peptide mimics, protein extracts from the mussel foot, recombinant forms

of proteins, and DOPA/catechol-incorporated synthetic polymers.

There are two main ways to introduce DOPA into a backbone of material. These

are: post-conversion of Tyr to DOPA by the enzyme or oxidants, and the direct

incorporation of DOPA. The former style has been used for synthetic peptides [22]

and the recombinant forms [66, 67], while the latter has been principally possible in

chemical synthesis [68–70] and protein extracts from the animal [71]. Recently,

in vivo conversion of Tyr to DOPA in the recombinant form of a eukaryotic host

was also reported as an additional case of the latter [72].

Prior studies have primarily focused on a covalent cross-linkage, and

post-conversions from Tyr have been used to produce some materials. The

post-conversion not only includes conversion to DOPA, but also the subsequent

conversion to the quinone and the immediate formation of any covalent cross-linking

at an elevated pH. Initial research has increased our experience for controlling the
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troublesome reaction [73, 74]. Recently, metal-coordination bonding via DOPA is a

further trend to form intermolecular cross-linking [75, 76]. The bonding is possibly

reversible, thus self-healing and tough mechanical properties are expected. In the

case of metal-coordination bonding, the free catechol group instead of the quinone is

essential. The chemical incorporation of DOPA seems to have priority in those cases

of metal-coordination bonding due to easy control of the chemistry. The gel-like

materials formed by DOPA cross-linkage may be available for tissue sealants and

drug delivery systems inmedical applications, although it is not known how good the

properties of the materials will be. Moreover, the addition of tyrosinase or harmful

oxidants andmetals to form the gelmay be unwelcome formedical applications. The

current process for using the material is also not yet practical.

Great impacts of DOPA/catechol have been found in the area of coating/surface

functionalization of materials. Incorporation of DOPA into a polyethylene glycol

(PEG) backbone was the first applicable case of a coating material [77]. The

material, adsorbed onto titanium, prevented the fouling of the surface bymammalian

cells for 6 months. DOPA-structure in the material was employed as the anchor and

the anti-fouling property was given by the PEG-structure. After the initial report,

adaptation of DOPA/catechol as a surface anchoring structure was investigated

extensively and is now a platform for materials design. Materials with DOPA/

catechol-anchor structure include anti-fouling coatings against proteins [78],

cells [79], and animals [80], functionalizing surfaces [81, 82], and gels [83].

Apart from DOPA, protein-based materials are another choice to anchor foreign

functional proteins to material surfaces. Two barnacle proteins with surface

Functional group ProcessingSpecific
conformation

Functional coatingGel-like material
Adhesive
in humid
environments

Sequence

Self-assembly

DOPA in polymer,
recombinant, peptide,
extracts from animal

Peptide Recombinant Polymer,
recombinant

What learned
from nature

Form of
product

Type of
material

Fig. 9.7 Impacts to artificial material designs
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function [53, 57] might be useful as multi-anchoring or specific anchoring tags to

deposit functional proteins onto a solid material (Fig. 9.8) [84]. The protein would

be ready to use immediately after the bio-process production fusing it with a foreign

functional protein without post-modification, which is usually required in materials

with DOPA. Such tools would be useful for depositing functional proteins onto any

surface by genetic design.

Needless to say, researchers have long been interested in learning from nature

how to develop an adhesive to be used in humid conditions and in water. In

one study, a DOPA-containing polydecapeptide mimic was synthesized from the

sequence of the byssal coating protein. The aqueous solution of the peptide mimics

was spread onto pieces of iron, combined with air, and placed for 3 days in 60%

relative humidity. Without the addition of tyrosinase or oxidant, a tensile strength

of 28 kg/cm2 was obtained [68]. A co-polypeptide of Tyr and Lys with the addition

of tyrosinase showed limited success, with a tensile strength of 30 kg/cm2 in the

same conditions [85]. Adhesive strength of a co-polypeptide of DOPA and Lys was

also measured on strips of porcine bone and skin [86]. The co-polypeptide with an

Fig. 9.8 Peptide- and protein-based materials from biological underwater adhesives. (a) Salt

concentration-dependent peptide self-assembly designed from cp-20k. (b) Self-assembly has a

threshold level close to the salt concentration of seawater. (c) The cp-19k protein as a multi-surface

coupling tag. The polymer particles were quickly covered with the bacterial recombinant protein

of Mrcp19k fused with green fluorescent protein and emitted fluorescence (reproduced, with

permission, from [84])
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oxidant, citrate ferric, was applied to the adherents, and the strips were combined

together, fixed for 30 min in air, and then placed into water for 12 h. The conditions

gave an adhesive strength of 0.16 MPa for the bone specimen, while the skin

specimen failed to attach. In the experiment, because the bone specimen has a

porous surface, the mechanical locking by the permeating and setting of the

co-polypeptide via the covalent cross-linkage, rather than the chemisorption to

the surface, might occur. Excess formation of covalent cross-linking via DOPA

might lose another side of function in the free catechol group. Application of simple

DOPA-peptides via covalent cross-linkage might depend on controlled amounts of

the counterpart; although the free catechol group remains, control using tyrosinase

or oxidant is difficult. This might be the reason for the limited success in studies on

humid attachment. In air, a co-polypeptide of Tyr and Lys with oxidant or tyrosi-

nase gave the tensile strength of a maximal 4 MPa on steel [69]. Much lower

adhesive strengths of simplified peptides in humid conditions than those in the air

imply that other amino acids may be significant for composition/sequence in

practical attachment under humid conditions or in water.

Protein extracts from the mussel foot were applied for attachment of porcine skin

without adding an oxidant or enzyme [71]. A paste of the protein extracts with

water was applied onto the specimens, and then they were combined together in air

and placed in 80% relative humidity for 24 h for curing. This resulted in 1 MPa for

the failure stress, which is comparable to that of fibrin measured under the same

conditions. The material is actually a mixture of several proteins and is assumed to

mainly contain the bulk protein in the disk and the coating protein of whole byssus,

both of which are probably posttranslationally modified to DOPA. The proteins are

actually denatured in the preparation, thus they act as a random polymer. Adhesive

shear strength of mussel protein extracts for porcine intestinal submucosa was also

measured with the addition of metal ions as a curing agent [87]. In a similar manner

as the sample preparation mentioned above, 0.2–0.5 MPa of adhesive strength

resulted from 1 h-curing with metal ions in the air. The values were, however,

much lower than those of a commercial ethyl cyanoacrylate.

Combining natural processing with DOPA-functionality is a recent challenge.

A simple polymer mimic of the tubeworm cement system was attempted for

bonding materials in wet conditions with a preparation of the coacervation complex

[88]. The complex coacervate was prepared from two acrylic copolymer mimics:

one with a phosphate group and catechol group and another with primary amine

[89]. An oxidant in water was first placed on the surfaces of bovine bone specimens,

and the coacervate was subsequently added to the surfaces. The two specimens

were joined together, were covered with wet gauze, and were placed for more than

24 h into a container containing a wet sponge to maintain humidity. This produced

about 0.1 MPa for the failure stress, which is one-third the value of commercial

cyanoacrylate glue under the same conditions. A hybrid recombinant protein with

modification by tyrosinase was also applied to the formation of complex coacerva-

tion, and it seemed to have increased the adhesive strength by nearly twofold [90].

Though this research is in its initial steps, the approaches cited combined with

natural processing are essential to develop practical materials.
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Another way to design a humid adhesive may be found in a report in which

DOPA was introduced into a hydrophobic polymer unit [91]. The design principle

of the material may be interpreted based on a combination of surface coupling used

by the mussel with the bulk curing employed by the barnacle, because the curing of

the barnacle cement is maintained by hydrophobic interactions. In the study,

polymer scientists used an organic solvent to control the hydrophobic interactions,

while the barnacle introduced conformational changes of the proteins to control the

hydrophobic interactions in water. Further evidence to design a humid adhesive

may be found in peptide self-assemblies. The structures of the barnacle cement

proteins include units for self-assembly, because the cement proteins are fated to

tightly interact with homo-/hetero-cement proteins for self-assembly to form the

adhesive bulk. Simple peptides designed from the barnacle cement proteins [54, 92]

gave the peptide self-assembly capability upon increment of ionic strength or shift

of pH (Fig. 9.8). Therefore combinations of self-assembly structures with surface

coupling structures may be another choice for developing practical adhesives in

wet conditions or in water. On the other hand, how to control the hydrophobic

interactions in an aqueous solution remains a challenging task.

Mimetic or inspired materials aimed at humid adhesives or underwater

adhesives from sessile organisms are fragile and seem to be far from practical use

in water or humid conditions, though we have extensively learned the way to coat/

functionalize material surfaces. This suggests that we still have not learned from

nature how to attach materials in water. This may be due to our too-simplified ideas

on how underwater attachments function: designing only from two simple

functions, strong surface coupling and curing of bulk. Researchers have tended to

interpret the role of the components by assuming a single function for each

component. Since underwater attachment appears to be a process much more

complex than air attachment, it is essential to further study the functions required

in nature to accomplish underwater attachment. Perhaps, protein- and peptide-

based materials might be the keys to understanding natural design. It is intriguing

that there are two barnacle proteins with surface functions because at least one of

the recombinant proteins prepared under physiological conditions has the native

conformation. An in-depth understanding to characterize the native proteins is

essential to learning about underwater attachment.

9.8 Comparison of Biological Material Designs

As previously stated, the three model organisms have similarities and differences in

their adhesive abilities that occur at the macroscopic to molecular levels [3].

Similarities in their principles of design may indicate a specific role for underwater

attachment, whereas differences in their designs might be related to the particular

conditions that individual adhesive requirements must meet. In this last section,

similarities and differences are addressed to consider future technology.
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All of the adhesives used by the three model organisms involve a protein

complex. Proteins would be the suitable choice among biological molecules due

to the availability of several functional groups and control of the orientation based

on conformation of the molecules. Therefore, there are several available choices of

molecular interactions and chemistries. Protein is known to be one of the best

components for making hierarchical materials with varied mechanical properties. A

complex of different types of proteins is also a common design among the three

model organisms. The complex nature of the protein compositions might be a result

of the multi-functionality of the underwater attachment and implies that each

component might have its own function(s) in forming a firm and durable adhesive

joint in water. Surface coupling and curing of bulk are essential functions in

adhesives in air or underwater. Specific proteins appear to be provided for the

respective function in the mussel byssal disk and barnacle cement. The occurrence

of specific surface coupling proteins in the mussel and barnacle may be similar to

cases where engineers pre-treat a surface with so-called primer to improve surface

coupling of an adhesive. However, natural designed systems seem to have addi-

tional molecular mechanisms to link the surface coupling layer with the bulk of the

adhesive.

Involvement of smaller and hydrophilic proteins in surface coupling might be a

common design in the mussel and barnacle, though molecular designs for curing are

different. Tubeworm cement is composed of only three proteins, the minimum

number among the three organisms, and all of the three proteins seem to contribute

to curing the bulk of the cement together. It is unclear whether all three proteins are

involved in surface coupling or whether one of them is specifically involved. In

either case, surface coupling seems to depend on dominant chemisorption via the

side chain of amino acid(s) in the three model organisms.

Underwater attachment should have additional function(s) beyond those of air

attachment. We should explore not only the structural designs for the known

functions for attachment in air, but also functions that are not yet clearly understood

in underwater attachment. For instance, spreading onto the underwater surface

should be another essential function in underwater attachment. The biological

underwater adhesives may include specific component(s) for this function. Alter-

natively, the function may rely on a part of the structure(s) of protein(s). The

abundance of hydroxyl groups in adhesive proteins is noticed as a common feature

among the three model organisms. Residues abundant in hydroxyl groups such as

Ser, Thr, hydroxy-Arg, and hydroxy-Pro are found in proteins with the surface

coupling and the curing. It might be a common molecular design that is essential in

a function not clearly understood yet, such as wetting on wet surfaces or keeping

adhesives stable in water for a longer period. In this respect, introduction of PEG by

Dalsin et al. [77], as mentioned in the previous section, may be one of appropriate

manners for the artificial design.

The bulks of biological adhesives are not homogeneous and have microscopic

structures. This seems to be a common design, which probably contributes to the

mechanical properties of the adhesives, although the detailed structures are not

the same among the three model organisms. A technology to add a filler to improve
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the bulk properties of materials may yield improvements as seen in the natural

design. The three model organisms were studied at different stages, complicating

interpretation, and further investigations should reveal both the essential functions

and universal designs.

Differences in the designs of the adhesives may be easier to find than universal

design principles, as discussed above. Microscopic as well as molecular structures

might be much more involved in the modes of adhesives in the organisms, espe-

cially with respect to the quality of resulting attachment.

Mussels evolutionally developed their holdfast with an order of centimeter-

distance between the animal and its foreign materials. This mode of attachment

indicates that a multi-angle environmental stress is given to the adhesive joint of the

mussel, and the stress would be remarkably higher among the three model

organisms. Therefore, the mussel might need the multiplex mechanism in the

holdfast. The solid foam-like microstructure in the disk, gradient of mechanical

properties in the thread portion, the durable coating of the whole byssus, and

combination of the reversible and irreversible molecular cross-linking will scatter

a given multi-angle and repetitive stress. On the other hand, the barnacle adhesive

joint might receive a stress from a limited angle, mainly from a horizontal direction.

The thinner and larger adhesive joint of the barnacle also makes that attachment

more secure than the other two model organisms. Thus, barnacle cement may

simply rely on molecular interactions for curing rather than a polymerization via

cross-linkage. The molecular mechanism may also be involved in the fact that the

cement attaches to its enlarged marginal area, and thus, the central adhesive joint

already formed would provide the supporting layer [3]. However, attachment of the

calcareous shell and a foreign hard material by using the softer proteinaceous

cement with the thinner joint may require a further-specialized mechanism. The

fact that the microscopic structure of the cement differs depending on the materials

to be attached [50] may indicate that the microscopic structure may be also involved

in the balance of different stiffnesses. The adhesive joint of the tubeworm cement

may be exposed to a multi-angle stress because surfaces of foreign materials to be

attached to are not flat and the area of the joint is smaller than the areas of materials

to be attached. It may be the reason why tubeworm cement needs to employ similar

solid foam- like microstructure to that of the mussel disk. The combination of

irreversible and reversible molecular cross-linking may be suitable for mechanical

properties required by the adhesive joint. Both the mussel byssus and dwelling tube

of the tubeworm are disposable. This fact may indicate how high the strength is in

their modes of attachment.

Mussels and tubeworms employ hydrophilic components as specialized

mechanisms to avoid dispersion and keep the components condensed after secretion

might be required. The complex coacervation might be suitable to the mechanism,

which might simultaneously result in a solid foam-like microscopic structure.

Self-assembly of the barnacle cement bulk, which is composed of hydrophobic

proteins, may be triggered by conformational changes of the proteins after

secretion, although this hypothesis needs to be tested.
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Mussels and barnacles provide two proteins each for the surface function in

underwater attachment. The mussel employs the proteins with the highest post-

translational modifications among the components. The amino acid compositions

and thereby sequences have lower complexity, and the proteins seem to owe their

functions to the character of their side chains. The barnacle also has two proteins

with surface function that have no posttranslational modifications. One has lower

complexity and may have less ordered structure, whereas the other one has a

defined conformation. Thus, the barnacle provides two distinct molecular designs

for surface functions: side chain-dependent and conformation-dependent. Although

the three models all encounter the same obstacles in underwater attachment, they

have diversified ways to overcome them. They will therefore give different insights

on material designs for engineering and medical applications.
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Chapter 10

Mechanics of Self-Similar Hierarchical

Adhesive Structures Inspired by Gecko Feet

Haimin Yao and Huajian Gao

10.1 Introduction

Geckos and many insects have evolved specialized adhesive tissues with hierarchical

structures that allow them to maneuver on vertical walls and ceilings. The adhesion

mechanisms of gecko must be robust enough to function on unknown rough surfaces

and easily releasable upon animalmovement. How does nature design such robust and

releasable adhesion devices? How can an adhesion system designed for robust

attachment simultaneously allow easy detachment? These questions are discussed in

this chapter from the point of view of contact mechanics and fracture mechanics. On

the question of robust adhesion, a fractal gecko hairs model shows that structural

hierarchy plays a key role in robust adhesion: it allows the work of adhesion to be

exponentially enhanced with each added level of hierarchy. Barring fiber fracture, the

fractal gecko hairs can be designed to achieve flaw tolerant adhesion at any length

scale. However, consideration of crack-like flaws in the hairs themselves results in an

upper size limit for flaw tolerant design. On the question of releasable adhesion, the

asymmetrically aligned seta hairs of gecko form a strongly anisotropic material with

adhesion strength that can significantly vary with the direction of pulling. It is shown

that a strongly anisotropic elastic solid indeed exhibits a strongly anisotropic adhesion

strength when sticking on a rough surface. Therefore, the switch between attachment

and detachment can be achieved through direction control. These findings not only

provide a theoretical foundation to understand adhesion mechanisms in biology, but
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also suggest possible strategies to develop novel adhesive materials for engineering

applications.

10.2 Hierarchical Attachment Structures of Gecko

Among hundreds of animal species for which adhesion plays an important role for

survival, the gecko stands out in terms of body weight and its extraordinary ability

to maneuver on vertical walls and ceilings [1]. Recent experimental measurements

[2–5] have provided evidence that the adhesion ability of gecko is primarily due to

van der Waals adhesion [6] between the contact surfaces (e.g., walls or ceilings) and

the gecko’s feet, which are equipped with hundreds of thousands of keratinous hairs

called setae (Fig. 10.1). Each seta is about 110 mm long and branches near its tip

region into hundreds of thinner fibrils called spatulae, arranged in a fractal-like

hierarchical pattern (Fig. 10.1c). While it is remarkable that gecko can make use of

the relatively weak van der Waals interactions to maneuver on unpredictable rough

surfaces under harsh environmental conditions, it may be even more impressive that

such robust adhesion appears to be easily releasable during animal locomotion.

What are the mechanics principles behind such robust and releasable adhesion

in biology?

Contact mechanics theories have been used to understand adhesion mechanisms

in both engineering and biology. The classical Hertz theory [8] assumes no adhe-

sive interactions between contacting objects. Johnson et al. [9] extended the Hertz

theory to contact between adhesive elastic spheres and developed the JKR (John-

son-Kendall-Roberts) model in which the contact area is determined via a balance

Fig. 10.1 The hierarchical adhesion structures of Gekko gecko. A toe of gecko contains hundreds

of thousands of setae and each seta branches near its tip region into hundreds of spatulae.

(a) Scanning electron micrographs of setae. (b) Spatulae, the finest terminal branches of seta. ST
seta; SP spatula; BR branch (adapted, with permission, from: [7])

202 H. Yao and H. Gao



between elastic and surface energies similar to Griffith’s [10] criterion for crack

growth in an elastic solid. The JKR theory introduces into the Hertz solution an

additional crack-like singular term which satisfies the Griffith condition near the

contact edge. While the JKR theory is quite appropriate for modeling contact

between large and soft materials, the assumption of a crack-like singular field

becomes increasingly inaccurate for small and stiff materials, in which case

different assumptions on the elastic deformation of contacting objects have led to

the models of DMT (Derjaguin-Muller-Toporov) [11] and Bradley [12]. Maugis

[13] generalized the Dugdale model of a crack in a plastic sheet [14] to adhesive

contact and developed a more general model (Maugis-Dugdale model) that includes

the JKR and DMT models as two limiting cases. More recent studies have further

extended these theories to viscoelastic materials [15, 16], coupled normal and shear

loads [17] and biological attachments [4, 5, 18–21].

For contact between single smooth asperities, one can define adhesion strength
as the tensile force per unit contact area at pull-off. It has been shown that the

adhesion strength can be enhanced up to the theoretical adhesion strength via size

reduction [7, 22–24]. In this respect, it is interesting to note that the existing contact

mechanics theories, including JKR, DMT, and Maugis-Dugdale models, all

predicted infinite adhesion strength as the size of contacting objects is reduced to

zero. This behavior seems contradictory to the physics that adhesion strength

would never exceed the theoretical strength of adhesive interaction. The fact that

this behavior also occurs in the Maugis-Dugdale model is especially surprising

since the original Dugdale model correctly predicted that the fracture strength is

bounded by the yield strength of the material. Gao et al. [7] found that the root of

this illogical behavior of the classical contact models can be attributed to the

original Hertz approximation of contact surfaces as parabolas, which is strictly

valid only if the size of the contact area is much smaller than the overall dimension

of the contacting objects; the lack of strength saturation in these models is thus

explained from the fact that the parabolic approximation fails in the limit of very

small contacting bodies. As an example, Gao et al. [7] showed that, if the exact

geometry of a sphere is taken into account, the adhesion strength indeed saturates

at the theoretical strength as the diameter of the sphere is reduced to zero. On the

other hand, Gao and Yao [23] showed that the adhesion strength can in principle

approach the theoretical strength for any contact size via shape optimization.

In practice, interfacial crack-like flaws due to surface roughness or contaminants

inevitably weaken the actual adhesion strength. Gao et al. [7] performed finite

element calculations to show that the adhesion strength of a flat-ended cylindrical

punch in partial contact with a rigid substrate saturates at the theoretical strength

below a critical radius around 200 nm for the van der Waals interaction. Similar

discussions of strength saturation for small contacting objects have been made by

Persson [22] for a rigid cylindrical punch on an elastic half-space and by Glass-

maker et al. [24] for an elastic cylindrical punch in perfect bonding with a rigid

substrate. Gao and Yao [25] showed that the theoretical strength can be achieved

by either optimizing the shape of the contact surfaces or by reducing the size of the

contact area; the smaller the size, the less important the shape. A shape-insensitive
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optimal adhesion can be realized below a critical contact size, which can be related

to the intrinsic capability of a small scale material to tolerate crack-like flaws

[25–28] and Glassmaker et al. [24] demonstrated that fibrillar structures with

slender elastic fibrils can significantly enhance the adhesion strength. Northen

and Turner [29] made use of massively parallel MEMS processing technology to

produce hierarchical hairy adhesive materials containing single slender pillars

coated with polymer nanorods and reported significantly improved adhesion in

such multiscale systems.

In contrast to the increasing volume of research on robust adhesion, the question

of how adhesion is released upon animal movement has so far received relatively

little attention. Autumn et al. [2] reported experimental data that the pull-off force

of an individual seta of gecko depends strongly on the pulling angle. Gao and Chen

[27] numerically simulated the pull-off force of a single seta and found that the

asymmetrical alignment of seta allows the pull-off force to vary strongly (more than

an order of magnitude) with the direction of pulling.

Previous studies have provided significant insights into various aspects of

adhesion mechanisms in biology. However, a general understanding is still lacking

with respect to a number of critical issues. First, robust adhesion at the level of a

single hair or fiber does not automatically address the problem of robust adhesion

on rough surfaces at macroscopic scales. It has been shown that size reduction can

result in optimal adhesion strength at the level of a single fiber [7, 22–24]. However,

it is not clear how this size-induced optimization might work at the system level

of hierarchical structures. Similarly, releasable adhesion at the level of a single seta

[2, 7] does not provide full explanations on how releasable adhesion is achieved in

macroscopic contact. The present chapter is aimed to address the basic mechanics

principles which underline these issues.

10.3 Bottom-Up Designed Hierarchical Structures

for Robust Adhesion

10.3.1 Flaw Tolerant Adhesion of a Single Fiber

Adhesive contact between elastic objects usually fails by propagation of crack-like

flaws initiated at poor contact regions around surface asperities, impurities, trapped

contaminants, etc. As an external load is applied to pull the contacting objects apart,

stress concentration is induced near the edges of contact regions around surface

asperities. With increasing load, the intensity of stress concentration at the largest

interfacial flaw will first reach a critical level and the contact starts to fail by crack

growth and coalescence. Under this circumstance, the adhesion strength is not

optimal because only a small fraction of material is highly stressed at any instant

of loading. From the robustness point of view, it would be best to seek a design of
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material that allows the contact to fail not by crack propagation, but always by

uniform detachment at the theoretical strength of adhesion, a concept termed as flaw
tolerance [7, 25, 26]. According to this concept, in an ideal flaw tolerant adhesion

system, there should be no crack propagation and coalescence as the contact

interface is pulled apart by uniform detachment.

For a single fiber on substrate, Gao and Yao [23] investigated the condition for

flaw tolerant adhesion from the point of view of variations in contact shape. It was

shown that there exist two extreme classes of contact shapes: one class (singular

shapes) gives rise to a singular stress field at pull-off similar to that of an external

crack (Fig. 10.2a) and the other class (optimal shapes) leads to a uniform stress at

pull-off (Fig. 10.2b). For singular shapes, the pull-off force can be calculated

according to the Griffith condition [10] as

Pf
crack¼ pR2

ffiffiffi
8

p

r
E�Wad

R

� �1=2

(10.1)

where Wad denotes the work of adhesion and E� ¼ ½ð1� n2f Þ=Ef þ ð1� n2s Þ=Es��1
,

Ef ;Es; nf ; ns being the Young’s moduli and Poisson’s ratios of the fiber and the

substrate, respectively. For a gecko sticking to a solid surface, we assume Es � Ef ,

therefore E� ffi Ef =ð1� n2f Þ . On the other hand, the pull-off force for optimal

contact shapes (Fig. 10.2b) is

Pf
th ¼ pR2sth (10.2)

where sth is the theoretical adhesion strength. Generally,P
f
crack is much smaller than

Pf
th. However, as the size of the fiber is reduced, the value ofP

f
crack increases towards

Pf
th. At the critical size

Fig. 10.2 A fiber is brought into contact with a substrate. Depending upon the shape of the fiber

tip, the detachment process can occur either by (a) crack propagation (singular shapes) equivalent
to an infinite crack external to the contact area or by (b) uniform detachment (optimal shapes) in
which the stress at pull-off is uniformly distributed and equal to the theoretical adhesion strength

sth. The difference between the adhesive strength of these two failure modes vanishes as the size of

the fibril is reduced to below a threshold Rcr ¼ 8E�Dg
ps2

th

, which is taken as the condition for flaw

tolerant adhesion
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Rcr ¼ 8

p
EfWad

ð1� n2f Þs2th
(10.3)

the pull-off force for the singular shapes predicted by the Griffith condition in (10.1)

reaches that of the optimal shapes in (10.2). Alternative derivations based on partial

contact [7] or perfectly bonded contact [24] lead to similar, but more relaxed,

conditions on the fiber size. In this chapter, we shall adopt (10.3) as the basic

flaw tolerant condition for adhesion of a single fiber.

10.3.2 Energy Dissipation in Fibrillar Structures

It can be seen from (10.3) thatRcr is proportional to the work of adhesionWad which

is commonly taken as the differential surface energyDg ¼ gf þ gs � gfs, where gf , gs,
gfs denote the surface energies of fiber, substrate, and fiber-substrate interface,

respectively. However, this interpretation is correct only in the absence of other

dissipation mechanisms. For slender elastic hairs in strong, flaw tolerant adhesion

with a solid surface, additional energy dissipation terms should be taken into

account.

Consider the adhesion between a larger fiber with a hairy tip surface in contact

with a substrate, as shown in Fig. 10.3a. Compared to the case shown in Fig. 10.2,

the larger fiber in Fig. 10.3a consists of a number of finer fibrils on its tip, resulting

in a two-leveled structure: an array of smaller fibrils on the tip surface of a larger

fiber. For this structure, the effective work of adhesion for the larger fiber is no

longer equal to Dg even though the small fibrils interact with the substrate only via

van der Waals forces. To estimate the work of adhesion of the large fiber, we

assume that the fibrils are thin enough to meet the condition for flaw tolerant

adhesion. Figure 10.3b plots the effective stress-separation relationship for the

Fig. 10.3 Work of adhesion of a hairy surface. (a) Schematic of a hairy surface containing arrays

of fibrillar protrusions contacting a substrate. (b) Effective stress-separation law for the hairy

surface on substrate vs. that for two smooth surfaces
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hairy surface, assuming Lennard-Jones (e.g., [30]) or Dugdale [14] interaction law.

While the stress-separation curves for two smooth surfaces are described by the van

der Waals or Dugdale interaction laws at the atomic scale, the separation at the level

of the larger fiber is strongly influenced by the elastic properties and geometry of

the fibrils. For sufficiently long fibrils, the elastic deformation of the fibrils will

make significant contributions to the separation process and adhesion failure occurs

by an abrupt drop in stress near the theoretical strength of surface interaction. In this

way, the strain energy stored in the fiber becomes part of the cohesive energy to be

dissipated through dynamic snapping of the thin fibrils. In other words, the thin

fibrils behave effectively as cohesive bonds for the larger fiber. The work of

adhesion for the large fiber should therefore include the elastic energy stored in

the fibrils when they are stretched to failure, i.e.,

Wad ¼ ðDgþ s2thL=2Ef Þ’ (10.4)

whereL is the length of the fibrils and’ is the area fraction of the fibril array. The first

term within the bracket represents the original van der Waals interaction energy and

the second term is the elastic energy lost during dynamic snapping of the fibrils as

they are detached from the substrate near the theoretical strength of van der Waals

interaction. Equation (4) also shows why it is important to optimize the strength of

the lower level fibril structure via size reduction: the strength of the lower scale

fibrils directly contributes to the work of adhesion of the larger scale fiber. Taking

Dg ¼ 0:01 J/m2 , sth ¼ 20 MPa, L ¼ 100 mm, Ef ¼ 1 GPa, ’ ¼ 0:5, the work of

adhesion for the hairy tipped fiber is calculated to be Wad � 10 J/m2, a value much

larger thanDg. Such enhancement in work of adhesion by fibrillar structures has also

been reported or discussed by Jagota and Bennison [31], Persson [20], Gao et al.

[25], and Tang et al. [32]. Hence, slender hairs with large aspect ratios can signifi-

cantly increase the work of adhesion and contribute to the robustness of adhesion at

larger scales. However, the length of the fibrils cannot be too long, as there is an

instability leading to fiber bunching as the aspect ratio of the fibrils increases.

10.3.3 Anti-Bunching Condition of Fibrillar Array

In an array of slender hairs planted on a solid surface, the van der Waals interaction

between neighboring fibers will cause them to bundle together [7, 20, 33–36].

The anti-bunching condition is an important factor in the design of hairy adhesion

structures. The exact form of the anti-bunching condition depends on the geometry

of the fiber. For example, the anti-bunching condition for fibers of square cross

section has been discussed by Hui et al. [35] and Gao et al. [7]. Here, we focus on

cylindrical fibers that have been considered by Glassmaker et al. [33].

Consider two neighboring identical cylindrical fibers with circular cross

sections. When the separation 2w becomes small, the surface adhesive forces may
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cause them to bundle together, as shown in Fig. 10.4a. The stability condition can

be derived from the point of view of a maximum fiber length for spontaneous

separation of two fibers sticking together (e.g., [7]). In other words, given fiber

separation w and radius R, there exists a critical length Lcr beyond which lateral

bunching of neighboring fibers becomes stable configurations. Glassmaker et al.

[33] have derived the critical length for bunching of cylindrical fibers as

Lcr ¼ p4EfR

211gf ð1� n2f Þ

" #1=12
12Ef R

3w2

gf

" #1=4
(10.5)

Assuming that the fibers are distributed in a regular lattice pattern, one can relate

the fiber separation w, radius R to the area fraction ’ of a fiber array by

w ¼
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
’max=’

p
� 1

� �
R � � � � � � � � � ð0<’<’maxÞ (10.6)

where’max stands for the maximum area fraction of the given hair pattern. It can be

shown that ’max ¼ p=2
ffiffiffi
3

p
for a triangular lattice (Fig. 10.4b), ’max ¼ p=4 for a

square lattice (Fig. 10.4c), and p=3
ffiffiffi
3

p
for a hexagonal lattice (Fig. 10.4d). Inserting

(10.6) into (10.5) leads to

Lcr ¼ Ra
Ef R

gf

 !1=3 ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
’max=’

p
� 1

� �1=2
(10.7)

where a ¼ 33p4
25ð1�n2

f
Þ

� �1=12
:

Equation (10.7) has been derived for the lateral sticking between two neighboring

fibrils. Similar analysis can also be carried out for other possible bunching

configurations involving multiple neighboring fibers. We find that the critical fiber

Fig. 10.4 Anti-bunching condition of a fibrillar structure. (a) Configuration of self-bunching in an

array of fibers distributed in (b) square, (c) triangular, or (d) hexagonal patterns
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length for multiple fiber bunching is no less than that given by (10.7). It seems that

the anti-bunching condition between two fibers is the most critical condition against

bunching involving multiple fibers.

10.3.4 “Fractal Gecko Hairs”: Bottom-Up Designed
Hierarchical Fibrillar Structures

Given that the work of adhesion can be increased to a larger value by adopting a

“hairy” structure [20, 25, 31, 32], the critical length for flaw tolerant adhesion can also

be extended to a larger scale, according to (10.3). Meanwhile, the increase in work of

adhesionwith each level of added hierarchy should be limited by the maximum length

of the fibers allowed by the anti-bunching condition. In other words, bunching

between fibers provides an upper limit on how much the flaw tolerant length scale

can be extended by one level of hierarchy. In order to achieve flaw tolerant adhesion at

macroscopic length scales, multiple levels of hierarchy may be needed. To demon-

strate the principle of flaw tolerance via structure hierarchy, we propose a “fractal

gecko hairs” model, in which a hierarchical fibrillar structure is made from multiple

levels of self-affine “brush” structures, as shown in Fig. 10.5. In this fractal structure,

the tips of fibers at each level of hierarchy are assumed to be coated with a “brush”

structure consisting of smaller fibrils from one level below. The flaw tolerance and

anti-bunching conditions are applied to all hierarchical levels from bottom and up to

ensure robustness and stability at all levels. That is, the robustness principle of flaw

tolerance and the stability principle of anti-bunching are used to determine the fiber

geometry at different scales. The bottom-up construction of the desired hierarchical

structure is described in some detail below.

Fig. 10.5 Bottom-up design scheme of a hierarchical fibrillar structure. At each level, the fibers

depend on smaller fibrils from the lower hierarchical levels as effective “adhesive bonds” with a

surface. Interestingly, the fibers themselves act as “adhesive bonds” for larger fibers from higher

hierarchical levels
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At the lowest level of hierarchy, the failure process is governed by the van der

Waals interaction between the smallest fibers (ultrastructure) and a solid surface.

In this case, the maximum fiber radius ensuring flaw tolerant adhesion is given by

R1 ¼ 8DgEf

pð1� n2f Þs2th
(10.8)

where the work of adhesion is simply equal to the surface energy Dg due to van der
Waals interaction and sth is the theoretical strength of van der Waals forces.

In light of the anti-bunching condition of (10.7), the maximum fiber length of the

bottom level can be expressed as a function of the area fraction ’1 of this level as

L1ð’1Þ ¼ R1a
EfR1

gf

 !1=3 ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
’max=’1

p
� 1

� �1=2
(10.9)

With these parameters, the work of adhesion associated with the next (second)

level is given by

Wad
2 ð’1Þ ¼

s2thL1
2Ef

þ Dg
� �

’1 (10.10)

which is a function of the area fraction ’1. This function exhibits a maximum at a

specific value of’1 due to the opposing trends of variation of the parameters L1 and
’1: denser fibers with larger ’1 require smaller L1 for stability against bunching.

Therefore, we can choose the fiber area fraction ’1 to maximize the work of

adhesion at the next level according to (10.10). After ’1 is calculated, the fiber

length L1 is immediately determined by (10.9). In this way, all the structural

parameters characterizing the first level R1 , L1 , ’1 have been determined. Then,

by using (10.10), the work of adhesion for the second levelWad
2 is obtained as well.

We now advance further to design the second (next) level. The fiber radius is

again chosen to ensure flaw tolerant adhesion,

R2 ¼ 8Wad
2 Ef

pð1� n2f ÞðS2Þ2
¼ 8Wad

2 Ef

pð1� n2f Þð’1sthÞ2
(10.11)

where S2 ¼ ’1sth is the effective adhesion strength of the second level. Similarly,

the anti-bunching condition allows the fiber length to be determined as a function of

the area fraction ’2 as

L2ð’2Þ ¼ R2a
EfR2

gf

 !1=3 ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
’max=’2

p
� 1

� �1=2
(10.12)
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upon which the work of adhesion for the third level can be determined,

Wad
3 ð’2Þ ¼ Wad

2 þ ðS2Þ2L2
2Ef

 !
’2 ¼ Wad

2 þ ð’1sthÞ2L2
2Ef

 !
’2 (10.13)

Next, the area fraction ’2 is determined by maximizing Wad
3 ð’2Þ. Once ’2 is

known, the fiber length L2 is determined from (10.12). Hence all the structural

parameters, R2 , L2 , ’2 , for the second hierarchical level, as well as the work of

adhesion Wad
3 for the third level, have been determined.

An iterative procedure can now be described to determine the structural parameters

at all hierarchical levels, starting from the lowest level. Assuming we have completed

the design from the first to (n�1)-th levels so thatRi,Li,’i,W
ad
i (i ¼ 1; 2; � � � ; n� 1) as

well as Wad
n have been determined, for the n-th level (n > 1), the (maximum) fiber

radius ensuring flaw tolerant adhesion is given by

Rn ¼ 8Wad
n Ef

ð1� n2f ÞpðSnÞ2
¼ 8Wad

n Ef

ð1� n2f ÞpðsthFn�1Þ2
(10.14)

where

Sn ¼ sthFn�1; Fn�1 ¼ ’1’2 � � �’n�1 ¼
Yn�1

i¼1

’i (10.15)

is the effective adhesion strength of the n-th level. The (maximum allowable) fiber

length of the n-th level can then be expressed, according to the ant-bunching

condition, as a function of the area fraction ’n,

Lnð’nÞ ¼ aRn

ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
’max=’n

p
� 1

� �1=2 Ef Rn

gf

� �1=3

(10.16)

The work of adhesion for the (n + 1)-th level is

Wad
nþ1ð’nÞ ¼ Wad

n þ ðSnÞ2Ln
2Ef

 !
’n ¼ Wad

n þ ðsthFn�1Þ2Ln
2Ef

 !
’n (10.17)

The area fraction for the n-th level ’n can now be determined by maximizing

Wad
nþ1ð’nÞ, upon whichLn andWad

nþ1 can be readily calculated. This iterative, bottom-

up design procedure can be repeated until the desired size scale for flaw tolerant

adhesion is reached. Upon the knowledge of the fiber radius and area fraction of

each level, we can calculate the number of fibrils on the tip of a fiber at the next

higher level,
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Nf
n ¼ ’nðRnþ1=RnÞ2 (10.18)

as well as the net pull-off force at each hierarchical level,

Fn ¼ pR2
nSn (10.19)

Figure 10.6 shows the calculated hierarchical fibrillar structures following the

bottom-up design procedure described above. In the calculations, we have taken the

material properties of keratin as Ef ¼ 1:0 GPa, nf ¼ 0:3, Dg ¼ 10 mJ/m2, gf ¼ 5

mJ/m2, and sth ¼ 20 MPa. Three lattice patterns, triangular, square, and hexagonal,

for the fiber array are considered. As shown in Fig. 10.6a, b, both the fiber radius

and length increase exponentially with the hierarchy level. Under the selected

parameters, the critical fiber radius of flaw tolerant adhesion is only around

100 nm at the lowest level of structure. With hierarchical design, the flaw tolerant

radius increases to 1 mm with 2 levels, 1 mm with 3 levels, 1 m with 4 levels of

hierarchy. With 8 levels, the dimension of flaw tolerant radius has reached 1026 m,

which is an astronomical size! These calculations demonstrate the enormous

potential of a hierarchical structure for flaw tolerant adhesion. Figure 10.6c displays

the variation of the area fraction with the number of hierarchy levels. Interestingly,

the area fraction converges to a constant after the third hierarchy level for each fiber

layout pattern. Figure 10.6d shows the work of adhesion at different hierarchical

levels. In the first 6 levels, the triangular fiber pattern exhibits higher work of

adhesion than the other two patterns. With further increase in hierarchy levels, this

advantage is taken over by the hexagonal fiber pattern. Figure 10.6e shows the

effective adhesion strength, which decreases and asymptotically approaches zero

with the increasing hierarchy level. However, the net pull-off force, as shown in

Fig. 10.6f, increases exponentially with the hierarchy level. Figure 10.6g illustrates

the number Nf
n of fibrils on the tip of a fiber at the next level. We see that Nf

n

increases sharply with increasing hierarchy levels. Most results in Fig. 10.6 are

presented in the normalized form. The quantitative estimates based on the assumed

materials properties are tabulated in Table 10.1.

It is of interest to make a comparison between our calculated results with the

observed hierarchical structure in nature. Under the selected parameters, our results

show that the diameter and length of the first level fiber are 140 nm and 1.37 mm,

respectively. These values are not inconsistent with the dimension of the topmost

spatula hairs (stalk) of Tokay gecko (Gekko gecko), which is around 100–200 nm

wide and 0.5–3 mm long [2, 37]. [Note: These values are estimated from the

micrographs in the references.] The dimension of the second level of our bottom-

up constructed structure is around 7.56–11.34 mm wide and 286–491 mm long,

depending upon the pattern of the fiber array, while the size of a seta on gecko’s feet

is about 5 mm in width and 110 mm in length [37]. In addition, our calculation

predicts that the number of the lowest level fibrils accommodated by a fiber of the

second level is around 1,539–2,309, which is qualitatively similar to the observa-

tion of 100–1,000 spatulae/seta [3]. Furthermore, from our calculated results we
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evaluate the density Nf
2=pR

2
3 of the second level fiber to be 11,494 mm�2,

7,363 mm�2, 3,439 mm�2 for triangular, square, and hexagonal patterns, respec-

tively. This is also comparable to the observed density of gecko’s seta around

14,400 mm�2 [3]. Interestingly, in nature, the spatula density within single species

Fig. 10.6 Variations of (a) fiber radius Rn , (b) fiber length Ln , (c) area fraction ’n , (d) work of

adhesion Wad
n , (e) adhesion strength Sn, (f) pull-off force Fn, and (g) the number of fibers Nf

n as a

function of the hierarchical level n
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remains almost constant in spite of several orders of magnitude change in body

mass [38]. How do we understand this from a mechanics point of view? Within

single species, it is easier to adopt the same design for single contact element and

simply multiply this strategy by increasing the adhesion pad size. This strategy is

limited, since eventually the adhesion pad becomes too large and flaw sensitive.

New species will have to emerge with more sophisticated structural hierarchy.

It seems that gecko only adopts a few levels of hierarchical fibrillar structures to

achieve robust adhesion. A question then is: why has nature not evolved more

hierarchical levels, and thus larger adhesion species heavier than gecko? A possible

answer to this question is addressed in the following section.

Table 10.1 Calculated geometrical and mechanical properties of bottom-up designed fractal

gecko hair structure

n Rn (m) Ln (m) ’n Wad
n (J/m2) Sn(MPa) Fn (N) Nn

f

Triangular

1 7.0 	 10�8 1.37 	 10�6 0.5260 0.01 20 3.08 	 10�7 1.539 	 103

2 3.78 	 10�6 2.86 	 10�4 0.5169 0.15 10.52 4.73 	 10�4 2.2032 	 104

3 7.81 	 10�4 0.36 0.5079 8.26 5.44 10.43 7.9914 	 105

4 0.98 4.80 	 103 0.5079 2.67 	 103 2.76 8.33 	 106 9.2685 	 107

5 1.32 	 104 1.55 	 109 0.5079 9.31 	 106 1.4026 7.72 	 1014 5.2558 	 1010

6 4.26 	 109 3.41 	 1016 0.5079 7.72 	 1011 0.7123 4.06 	 1025 2.4676 	 1014

7 9.39 	 1016 2.11 	 1026 0.5079 4.39 	 1018 0.3618 1.00 	 1040 1.9399 	 1019

8 5.80 	 1026 2.39 	 1039 0.5079 7.0 	 1027 0.1837 1.94 	 1059 6.5330 	 1025

Square

1 7.0 	 10�8 1.37 	 10�6 0.4555 0.01 20 3.08 	 10�7 1.777 	 103

2 4.37 	 10�6 3.46 	 10�4 0.4477 0.13 9.11 5.47 	 10�4 2.7977 	 104

3 1.10 	 10�3 0.56 0.4398 6.49 4.08 15.50 1.1534 	 106

4 1.7691 1.06 	 104 0.4398 2.03 	 103 1.79 1.76 	 107 1.5865 	 108

5 3.36 	 104 5.35 	 109 0.4398 7.47 	 106 0.79 2.80 	 1015 1.1291 	 1011

6 1.70 	 1010 2.16 	 1017 0.4398 7.33 	 1011 0.35 3.16 	 1026 7.1761 	 1014

7 6.88 	 1017 3.0 	 1027 0.4398 5.72 	 1018 0.15 2.27 	 1041 8.4482 	 1019

8 9.53 	 1027 9.97 	 1040 0.4398 1.53 	 1028 0.067 1.91 	 1061 4.8744 	 1026

Hexagonal

1 7.0 	 10�8 1.37 	 10�6 0.3507 0.01 20 3.08 	 10�7 2.309 	 103

2 5.68 	 10�6 4.91 	 10�4 0.3446 0.10 7.01 7.10 	 10�4 4.3203 	 104

3 2.0 	 10�3 1.25 0.3386 4.20 2.42 30.37 2.2486 	 106

4 5.18 4.42 	 104 0.3386 1.24 	 103 0.82 6.90 	 107 4.2178 	 108

5 1.83 	 105 5.12 	 1010 0.3386 5.02 	 106 0.28 2.91 	 1016 4.5376 	 1011

6 2.12 	 1011 6.23 	 1018 0.3386 6.66 	 1011 0.0938 1.32 	 1028 5.0028 	 1015

7 2.57 	 1019 3.75 	 1029 0.3386 9.27 	 1018 0.0318 6.61 	 1043 1.2276 	 1021

8 1.55 	 1030 8.85 	 1043 0.3386 6.40 	 1028 0.0108 8.14 	 1064 1.8860 	 1028
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10.3.5 Fiber Fracture: An Upper Limit on Flaw Tolerant
Adhesion Design

In the preceding discussions, we have focused on failure along an adhesion

interface and implicitly assumed that the fibers themselves do not fracture.

In practice, as the adhesion strength is enhanced by introducing hierarchical fibrillar

structures, the fracture of fibers eventually rises to become the dominant issue for

failure at the system level. In other words, a robust adhesion system must be robust

against not only adhesion failure, but also fiber fracture.

Consider a single fiber at hierarchy level n. A penny-shaped crack is introduced

in the center of the cross section as a possible internal flaw. Other configurations of

crack-like flaws, such as edge/corner cracks/singularities, can be considered with-

out affecting the basic idea. The maximum tensile stress that this fiber can sustain

can be determined from the Griffith’s criterion [10] for crack growth as [39],

smax
n ¼

ffiffiffiffiffiffiffiffiffiffi
E�
f Gf

Rn

s ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
pRn=2a

p
gða=RnÞ (10.20)

where a is the crack radius, Gf is the fracture energy and

g
a

Rn

� �
¼ 1� 0:5a=Rn þ 0:148ða=RnÞ3ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi

1� a=Rn

p (10.21)

is a geometrical parameter. Considering a crack half the size of the fiber, i.e., a=Rn

¼ 0:5, (10.20) can be further reduced to

smax
n ¼ 1:63

ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
E�
f Gf =Rn

q
(10.22)

Fig. 10.7 Comparison

between the fracture strength

smax
n of a cracked fiber and the

n-th level adhesion strengthSn
of the bottom-up designed

fractal hairs. If smax
n >Sn,

adhesion failure is regarded as

the principal failure mode,

otherwise (smax
n <Sn) fiber

fracture is thought of as the

principal failure mode
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The relative significance of fiber fracture can be measured by a comparison

between smax
n and the effective adhesion strength Sn at the n-th hierarchical level. If

smax
n >Sn, adhesion failure is regarded as the dominant issue and further increase in

hierarchical levels can be considered. On the other hand, if smax
n < Sn, fiber fracture

is regarded as the dominant issue, hence an upper limit on the hierarchical design.

Taking Gf ¼ 5 J/m2 and E�
f ¼ 1 GPa, we compare smax

n and Sn for the fractal hair
structures constructed above. As shown in Fig. 10.7, for triangular and square fiber

layout, only fibers within the first two levels satisfy the condition smax
n >Sn; for the

hexagonal layout, this condition is satisfied for the first three levels. Hence,

although there is no upper bound for flaw tolerant adhesion via fractal hairs design,

crack-like flaws in the hairs themselves would impose a practical limit for the

usefulness of this strategy. Of course, above conclusions are based on the properties

of keratin, which is the material of gecko’s attachment system. Therefore, unless

new structural protein is formed, gecko seems to stand near the limit of evolution.

10.4 Releasable Adhesion

For geckos and insects, robust adhesion alone is insufficient for survival as these

animals also need to move swiftly on walls and ceilings; the reversibility of

attachment is just as important as the attachment. A conceivable strategy for

reversible adhesion is to design an orientation-controlled switch between attach-

ment and detachment, with adhesion strength varying strongly with the direction of

pulling. An ideal scenario of robust and releasable adhesion is that the adhesion

strength would be maintained near the theoretical strength when pulled in some

range of directions, but then dramatically reduced when pulled in another range of

directions. The switch between attachment and detachment can thus be accom-

plished simply by changing the pulling angles (e.g., by exerting different muscles).

Some known examples of anisotropic adhesion systems in which the pull-off force

varies strongly with the direction of pulling include an elastic tape on substrate

[5, 21, 40] and a single seta of gecko sticking on a wall [2, 7]. Here we show that

such behavior can actually be generalized to three-dimensional elastic solids as

long as there is sufficiently strong elastic anisotropy.

10.4.1 Directional Adhesion Strength of an Elastic Tape

For an elastic tape adhering on a substrate, as shown in Fig. 10.8a, Kendall [40]

showed that the critical force required to peel the tape off the substrate can be

written as
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F ¼ Etphd

ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
ð1� cos’Þ2 þ 2Dg=Etph

q
� ð1� cos’Þ

� �

¼ 2Dgdffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
ð1� cos’Þ2 þ 2Dg=Etph

q
þ ð1� cos’Þ

(10.23)

whereEtp denotes the Young’s modulus of the tape;h andd stand for the thickness and
width of the tape, respectively. For a given elastic tape, (10.23) indicates that the peel-

off force varies with the pulling angle ’. Taking Dg=Etph ¼ 10�4 (Dg ¼ 0:01 J/m2,

Etp ¼ 1:0 GPa, h ¼ 100 nm), Fig. 10.8a plots the variation of the normalized peel-off

force and its projection normal to the contact interface as a function of the pulling

angle ’ . It is evident that the peel-off force varies strongly with the pulling angle.

[Note: Recently, Chen and Gao [41] have generalized Kendall’s model to peeling of a

prestressed elastic tape on substrate, with results showing that a significantly large

prestress can cause spontaneous detachment at a critical angle, independent of the

magnitude of the peeling force. However, the role of prestress in reversible adhesion is

beyond the scope of this chapter and will not be discussed here.] Under the selected

parameter values, the normal projection of the peeling force exhibits a maximum

value around ’ � 7
.

10.4.2 Directional Adhesion Strength of a Single Seta

Autumn et al. [2] reported experimental data that the detachment force of a single

seta of gecko on a surface strongly depends on the orientation of pulling, with the

peak value achieved as the seta is pulled at an inclined angle of’ ¼ 30
with respect

Fig. 10.8 Releasable adhesion in one-dimensional structures. Variation of the pull-off force as a

function of the pulling angle for (a) an elastic tape and (b) a single seta of gecko on a surface

(adapted, with permission, from [7])
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to the tangent of the surface. Motivated by this experiment, Gao et al. [7] performed

finite element calculations of the pull-off force of a single seta and, as shown in

their results plotted in Fig. 10.8b, confirmed theoretically that the pull-off force of

gecko’s seta strongly varies with the pulling orientation, with the maximum value

achieved around ’ ¼ 30
.
In the case of single contact by an elastic tape or seta, the anisotropic behavior of

the pull-off force can be attributed to the asymmetric alignment and slender

structure of the contacting object. While this behavior suggests that the pull-off

force of a single hair in contact can be controlled by pulling in different directions,

an open question is whether the adhesive strength of a large array of fibers or a

macroscopic attachment pad in contact with a rough surface would show similar

behaviors. To address this question, we shall consider the issue of releasable

adhesion from the point of view of continuum interfacial failure mechanics.

We use theoretical modeling and numerical simulations to show that strong elastic

anisotropy on the continuum level, achieved via fibrillar microstructures or some

other means, plays a key role in releasable adhesion: a strongly anisotropic elastic

solid also exhibits a strong orientational dependence of the pull-off force, similar to

the behavior of a single seta studied by Gao et al. [7].

10.4.3 Directional Adhesion Strength of an Anisotropic
Elastic Material

To illustrate the intrinsic orientation-dependence of adhesion strength of an aniso-

tropic elastic material in contact with a rough surface, we consider the linear elastic

plane-strain problem shown in Fig. 10.9a where a transversely isotropic elastic half-

space (y� 0) is brought to contact with a rigid substrate. A plane-strain interfacial

Fig. 10.9 Releasable adhesion in three dimension. The pull-off stress of a strongly anisotropic

(transversely isotropic) elastic half-space sticking to a substrate. (a) An interfacial crack-like flaw

with width 2a is introduced as a representative contact flaw due to surface roughness or

contaminants. (b) Variation of the adhesion stress as a function of the pulling angle for the

anisotropic material in comparison with that for an isotropic material
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crack of size 2a is used to represent random contact flaws due to surface roughness

or contaminants. Although the actual adhesion strength depends on the crack size,

the ratio between the maximum and minimum pull-off stresses as the pulling angle

varies will be shown to be independent of the crack geometry and can be used as a

measure of the releasability of adhesion.

In this interfacial crack model, the longitudinal direction of the material (y0 axis)
is tilted at an angle y from the tangent of the substrate surface (x-axis). A remote

uniaxial tensile stress s1 is applied at an angle ’ with respect to the x-axis. The
transversely isotropic material is characterized by five independent elastic

constants: Et; El ; nt; nl and m . Et and El stand for the transverse (x0 direction)

and longitudinal ( y0 direction) Young’s moduli, respectively; nt and nl are Poisson’s
ratios associated with transverse (x0 direction) and longitudinal (y0 direction)

loading, respectively; m denotes the shear modulus in the x0�y0 plane.
We are interested in the pull-off stress of the above adhesion system as a

function of the pulling direction. This problem can be solved as a classical interfa-

cial crack between two dissimilar anisotropic elastic solids [42–47]. The energy

release rate induced by remotely applied normal and shear stresses (s1xy ; s
1
yy ) is

calculated to be [48]

G ¼ pað1þ 4e2Þ
4cosh2pe

½D22ðs1xy cos yþ s1yy sin yÞ2

þ D11ðs1xy sin y� s1yy cos yÞ2� (10.24)

where

e ¼ 1

2p
ln
1þ b
1� b

; b ¼ jW21ðD11D22Þ�1=2j;

D11 ¼ 1

Et

ffiffiffiffiffi
Et

El

r
ð1� n2t Þ1=2

El

m
þ 2

ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
ð1� n2t Þ

El

Et
� nl2

� �s
� nlð1þ ntÞ

" # !1=2

;

D22 ¼ 1

El
1� n2l

El
Et

� �1=2
El

m
þ 2

ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
ð1� n2t Þ

El

Et
� n2l

� �s
� nlð1þ ntÞ

" # !1=2

;

W21 ¼ �
ffiffiffiffiffiffiffiffiffi
1

EtEl

r ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
ð1� n2t Þ 1� n2l Et

El

� �s
� ð1þ ntÞnl

ffiffiffiffiffi
Et

El

r" #

(10.25)

For the uniaxial pulling stress s1 applied at an inclined angle ’, as shown in

Fig. 10.9a, the components s1xy and s1yy can be expressed as

s1xy ¼ s1 sin’ cos’; s1yy ¼ s1 sin’ sin’ (10.26)

Substituting (10.26) into (10.24) and then applying the Griffith’s criterion for

crack initiation G ¼ Wad lead to the adhesion strength
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s1cr ðy; ’Þ ¼
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
Wad pa=

p
sin’

ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
C½D22cos2ðy� ’Þ þ D11sin

2ðy� ’Þ�
q (10.27)

where

C ¼ ð1þ 4e2Þ
4cosh2pe

(10.28)

Given material constants and the anisotropy directiony, (10.27) indicates that the
adhesion strength varies as a function of the pulling angle’. To calculate the critical
(maximum and minimum) values as well as the corresponding directions, we solve

equation
@s1cr ðy;’Þ

@’ ¼ 0 and obtain

1þ D22=D11

1� D22=D11

cos’ ¼ cosð3’� 2yÞ;D22=D11 ¼
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
EtðEl � n2l EtÞ
E2
l ð1� n2t Þ

s
(10.29)

If the Young’s modulus in the longitudinal direction (e.g., along a fiber array) is

much larger than that in the transverse direction (e.g., transverse to the fiber

direction), i.e., El=Et � 1, (10.29) has two roots

’1 ¼ y; ’2 ¼ y=2þ p=2 (10.30)

corresponding to the directions of the maximum and minimum pull-off stresses,

respectively. The adhesion releasability thus can be measured by the ratio of the

maximum to the minimum pull-off stresses:

ðs1cr Þmax

ðs1cr Þmin

¼ ð1þ cos yÞ
2 sin y

D11

D22

� �1=2

¼ ð1þ cos yÞ
2 sin y

E2
l ð1� n2t Þ

EtðEl � n2l EtÞ
� �1=4

(10.31)

For small Poisson’s ratios, (10.31) suggests that the releasibility of adhesion

mainly depends on the stiffness ratio El=Et and the anisotropy direction y . The
stronger the anisotropy, the higher the releasibility of adhesion. Assuming nt ¼ nl
¼ 0:3, y ¼ 30
, andEl=Et ¼ 104, Fig. 10.9b plots the normalized pull-off stress as a

function of the pulling angle ’. We can see that the elastic anisotropy causes about

an order of magnitude change in adhesion strength as the pulling angle varies.

A switch between attachment and detachment can thus be accomplished just by

shifting the pulling angle between these two directions. In contrast, the adhesion

strength for an isotropic material with El ¼ Et and nl ¼ nt is much less sensitive to

the pulling direction. We conclude that strong elastic anisotropy can result in an

orientation-controlled switch between attachment and detachment. Similar

orientation-dependent behavior can also be seen from the adhesive contact between

a rigid sphere and an anisotropic elastic substrate [49].
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One might note that (10.27) implies an infinite adhesion strength in the limit of

’ ¼ 0. This is caused by the uniaxial tensile stress that we have assumed. Actually,

the limit ’ ¼ 0 should be characterized as sliding under an applied shear stress. If,

instead of pulling, we apply a remote shear stress s1xy , the critical shear stress

becomes

ðs1xy Þcr ¼
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
Wad pa=

p
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
CðD22cos2yþ D11sin

2yÞ
q (10.32)

which can be reduced to

ðs1xy Þcr ¼
2
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
Wad=pa

p
ffiffiffiffiffiffiffiffiffiffiffi
CD11

p (10.33)

when D22 � D11 and y ¼ 30
, and to

ðs1xy Þcr ¼
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
Wad pa=

p
ffiffiffiffiffiffiffiffiffiffiffi
CD11

p (10.34)

whenD22 ¼ D11 for the isotropic case. The results of (10.33) and (10.34) are shown

by the star symbols in Fig. 10.9b.

10.4.4 Directional Adhesion Strength of an Attachment Pad:
Numerical Simulation

To further verify the principle of orientation-controlled adhesion switch via strong

elastic anisotropy, we have also performed numerical simulations of the adhesion of

a strongly anisotropic attachment pad (mimicking the hairy structured tissue on

gecko’s feet) via a general-purpose finite element code Tahoe (http://tahoe.ca.

sandia.gov) with specialized cohesive surface elements for modeling adhesive

interactions between two surfaces. The constitutive relation for the cohesive surface

elements is specified in terms of a relation between the traction and separation

across the contact interface. Tahoe supports a number of traction-separation laws

including the Tvergaard-Hutchinson law [50] and the Xu-Needleman law [51].

In present simulations, we adopt the Tvergaard-Hutchinson law based on the

following interaction potential

FðlÞ ¼ dcn

ðl
0

�’ð~lÞd~l (10.35)

where
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l ¼
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
Dn

dcn

� �2

þ Dt

dct

� �2
s

(10.36)

Here, Dn denotes the normal separation and Dt the tangential separation; dcn and
dct are the corresponding critical separations. The force function �’ is taken to be

trilinear,

�’ðlÞ ¼
smaxl=L1

smax

smaxð1� lÞ=ð1� L2Þ;

8<
:

ðl<L1Þ
ðL1 < l<L2Þ
ðL2 < l< 1Þ

(10.37)

whereL1 andL2 define the values of l at which the cohesive force reaches the peak.
Taking the partial derivatives of the potential with respect to the normal and

tangential separations gives the normal and tangential tractions as

Tn ¼ @F
@Dn

¼ Dn

dcn

�’ðlÞ
l

(10.38)

Tt ¼ @F
@Dt

¼ dcn
dct

Dt

dct

�’ðlÞ
l

(10.39)

Clearly, Tvergaard-Hutchison law takes into account both normal and tangential

tractions with a constant work of adhesion

Wad ¼ 1=2ð1þ L2 � L1Þsmaxdcn (10.40)

The simulation system consists of a plane-strain anisotropic (transversely iso-

tropic) elastic pad adhering to a rigid substrate with a crack situated at the central

region of the contact interface (representing an adhesion flaw due to surface

Fig. 10.10 Releasable adhesion in an attachment pad. (a) Geometry of the attachment pad used in

FEM calculations. (b) Variation of normalized pull-off force with the pulling angle. Periodic B.C.:

periodic boundary condition
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roughness), as shown in Fig. 10.10a. A displacement-controlled load is applied on

the upper surface to make all the nodes on the upper surface have a uniform

translation. At a given translation, summation of all the nodal forces on the upper

surface gives the pulling force F with components Fx and Fy. The pulling angle is

then calculated via ’ ¼ tan�1ðFy=FxÞ. Periodic boundary conditions are applied on
left and right sides. For comparison, both the isotropic case and the anisotropic

cases are considered. The material constants and potential parameters for each

simulation case are listed in Table 10.2, where we adopt the calculated S3 and Wad
3

of the triangular hair pattern (see Table 10.1) as the effective adhesion strength and

work of adhesion, respectively, in simulating the detachment process of the pad.

To illustrate the anisotropy-induced releasability of adhesion, Fig. 10.10b plots

the normalized pull-off stress Fcð’Þ=ðAsmaxÞ as a function of the pulling angle ’.
In the anisotropic case, saturation of adhesion strength is observed in the vicinity of

’ ¼ y ¼ 30
, corresponding to a plateau of the curve in the range of 20
 <’< 40
.
If the pulling angle deviates from this range in either direction, the adhesion

strength decreases quickly to a lower plateau. This two-plateau adhesion strength

is ideal for rapid switch between attachment and detachment during animal move-

ment. The ratio between the maximum and minimum strengths reaches four for the

given geometry, giving rise to significant releasability. In contrast, for the isotropic

cases, no variation in pull-off force is observed as the pulling angle varies. There-

fore, we conclude that strong elastic anisotropy leads to releasable adhesion via an

orientation-controlled switch between strong and weak adhesion.

10.5 Conclusions

In this chapter, we discussed the basic principles of robust and releasable adhesion

in the hierarchical structures of gecko. The work has been inspired by comparative

studies of biological attachment systems in nature. For robust adhesion, we use a

bottom-up designed fractal hair structure as a model to demonstrate that hierarchi-

cal fibrillar structures can lead to robust adhesion at macroscopic scales. Barring

fiber fracture, we show that the fractal gecko hairs system can tolerate crack-like

flaws without size limit. However, in practice, as the adhesion strength is enhanced

by structural hierarchy, fiber fracture ultimately becomes the dominant failure

mechanism and places an upper bound on the size scale of flaw tolerant adhesion.

An optimal design is to introduce an appropriate number of hierarchical levels so

that the adhesion interface and the hairs have similar strength levels. For releasable

Table 10.2 Parameters used in FEM simulation

Isotropic case E ¼ 1:0 GPa, n ¼ 0:3

Anisotropic case Et ¼ 0:1 MPa, El ¼ 1:0 GPa, nt ¼ nl ¼ 0:3, m ¼ 10 MPa, y ¼ 30


Parameters for Tvergaard-Hutchinson model

L1 ¼ 0:1, L2 ¼ 0:9, smax ¼ 5:44 MPa, dcn ¼ dct ¼ 1:687mm (Wad ¼ 8:26J/m2)
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adhesion, we showed that strong elastic anisotropy allows the adhesion strength to

vary strongly with the direction of pulling. This orientation-dependent pull-off

force enables robust attachment in the stiff direction of the material to be released

by pulling in the soft direction. This strategy can be summarized as “stiff-adhere,

soft-release.”

The complex hierarchical structures in biology provide a rich source of

inspirations for physical sciences and industrial applications. The concepts

discussed in this chapter should be of general value in understanding biological

attachment devices and the design of synthetic adhesive systems in engineering

(e.g., [29, 36, 52, 53]). While we usually do not expect to capture all of the

bio-complexities in simple models, it is often important to break a complex problem

into many comprehensible sub-problems that can be understood using mechanics

principles. Here we have considered the effects of hierarchical energy dissipation

and elastic anisotropy on robust and releasable adhesion. Many other important

aspects of the problem, such as viscoelasticity and large nonlinear deformation,

have not been taken into account. Much further work will be needed to advance our

current understanding of bio-adhesion mechanisms. The studies on such problems

should be of interest not only to the mechanics community but also to a variety of

other disciplines, including materials science, biology, and nanotechnology.
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Part III

Regeneration of Interfaces:
Development, Healing, and

Tissue Engineering



Chapter 11

The Role of Mechanobiology in the Attachment

of Tendon to Bone

Andrea Schwartz and Stavros Thomopoulos

11.1 Introduction

The attachment of dissimilar materials is a major engineering challenge. Stress

concentrations would arise at the interface of two disparate materials unless the

interface was tuned to the mechanical mismatch. An effective biologic solution to

this problem can be seen at the attachment of a relatively compliant tendon to a

relatively stiff and brittle bone. A functionally graded tissue develops between

tendon and bone to provide a robust attachment (the “enthesis”) that alleviates

potential stress concentrations. The development and maintenance of this tissue is

driven by mechanobiology; muscle loading is necessary for the formation of a

transitional tissue between tendon and bone and a loss of loading in the adult

enthesis leads to rapid loss of mechanical integrity. This unique transitional tissue

is not recreated during healing, so surgical reattachment of these two tissues often

fails. This chapter describes structure–function relationships at the tendon enthesis

and the role of mechanobiology for the development and healing of the enthesis.

Studies have demonstrated that the tendon-to-bone insertion is a functionally

graded material with regard to its extracellular matrix (ECM) composition, its

structural organization, its mineral content, and its mechanical properties. The

fetal and postnatal development of a functionally graded enthesis requires muscle

loading. The role of loading during tendon-to-bone healing is more nuanced; low

levels of load are beneficial to healing while high levels of load are detrimental to

healing. A better understanding of mechanobiology at the insertion may help guide

rehabilitation strategies (e.g., protective immobilization followed by active motion)

and tissue engineering protocols (e.g., tissue-specific bioreactor designs) for

enhancing tendon-to-bone healing.
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11.2 Structure–Function Relationships at the Attachment

of Tendon to Bone

The attachment of tendon to bone represents a fundamental engineering challenge.

Relative to tendon, bone is a stiff, brittle material with an elastic modulus near 20GPa

in both tension and compression [1]. Conversely, tendon is relatively tough and

extensible with an elastic modulus of 450MPa in tension, while buckling in compres-

sion [2]. The attachment of two dissimilar materials lends itself to stress singularities

at the interface and an increased risk of fracture. In order to overcome these

challenges, the tendon-to-bone insertion is uniquely adapted to provide a smooth

transfer of stress between two dissimilar tissues. To accomplish this, the insertion has

transitional tissue characterized by structural and compositional gradients over a

range of length scales that give rise to graded tissue mechanical properties.

The risk of elevated stresses leading to failure has important implications for

orthopaedic interfaces, which have high rates of rupture and tearing. Two examples

of interfaces prone to injury are the rotator cuff in the shoulder and the anterior cruciate

ligament (ACL) in the knee. Surgical repair of these tissues is particularly difficult

because the surgeon must overcome the challenge of attaching two materials with

vastly different mechanical properties. This contributes to documented rates of re-

rupture as high as 20% for minor rotator cuff tears and up to 94% for massive rotator

cuff tears [3, 4]. Of note is that the functionally graded transitional tissue of uninjured

insertion is typically not recreated after surgical reattachment and healing [5–7].

11.2.1 Functionally Graded Morphology of the Mature
Tendon-to-Bone Insertion

From an anatomic perspective, two major types of attachments have been described

for tendon and bone [8]. The first type of attachment is termed “fibrous”; these

attachments insert into bone across a wide footprint, presumably to distribute loads

over a large area and reduce stresses. These insertions may include perforating

mineral fibers (“Sharpey’s fibers”) that interdigitate into the underlying bone [9].

This type of attachment is found at the insertion of the deltoid tendon and at the tibial

insertion of the medial collateral ligament. The second type of attachment is termed

“fibrocartilaginous”; these attachments are found at the bony insertions of the rotator

cuff and Achilles tendons (Fig. 11.1) [8, 10]. Fibrocartilaginous attachments, which

contain a unique transitional tissue adapted to withstand a complex stress environ-

ment, will be the primary focus of this chapter.

Fibrocartilaginous insertions are typically characterized by the presence of

multiple distinct zones easily identified under the light microscope (Fig. 11.1) [8].

The first zone is tendon proper, the middle zones are un-mineralized and

mineralized fibrocartilage, and the final zone is bone [8, 10]. Each zone is

characterized by a unique profile of cell morphology and ECM composition.

Tendon consists of fibroblast cells with a matrix rich in type I collagen and the
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proteoglycans decorin and biglycan [2, 11]. The tissue then transitions to a more

fibrocartilaginous morphology with rounder cell morphologies. The most abundant

collagens are types II and III, but collagen types I, IX, and X are also present along

with the proteoglycans decorin and aggrecan [11–15]. The mineralized fibro-

cartilage zone is characterized by the onset of mineralization, but it is distinct

from the underlying bone. The matrix is still characteristic of cartilage; rich in types

II and X collagen and aggrecan [12–16]. The final zone, the underlying bone,

consists of highly mineralized type I collagen.

While useful formakingqualitative comparisons, this description of the insertion as

consisting of discrete “zones” is likely an oversimplification. Rather than discrete

zones with abrupt transitions, the insertion consists of a graded morphology that is

critical to transferring muscle forces from tendon to bone without large elevations in

stress at the interface. Instead of an abrupt transition at the interface between the un-

mineralized fibrocartilage and mineralized fibrocartilage regions, there is a gradual

increase in mineral content. This mineral gradient was first described in a rat rotator

cuff model as a nearly linear increase over a narrow regionwithin the insertion [17]. A

graded interface has alsobeen identifiedat the cartilage-bone interface [18], suggesting

that this strategy of using mineral gradients to dissipate stress at bone-soft tissue

interfaces is also a feature common to other types of orthopaedic interfaces.

Microstructural variation in collagen fiber alignment is also a feature of the

mature insertion. Using a rat rotator cuff model, collagen fiber alignment was

measured with quantitative polarized light microscopy [12]. This experiment

demonstrated that collagen fiber alignment varies across the insertion from well

aligned in tendon through an increasingly disordered region of fibrocartilage before

becoming again more aligned in the underlying bone.

Fig. 11.1 Tendon attaches to bone across a functionally graded fibrocartilaginous transition site.

A schematic of the enthesis is shown in (a) and a toluidine blue-stained section from a rat

supraspinatus tendon-to-bone insertion is shown in (b)
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The structure of the mature insertion shares some similar features to the growth

plates of developing bone [19]. The growth plate is commonly divided into regions

based on mineralization state and cell morphology [20, 21]. The reserve zone

consists of small chondrocytes with little organization that are induced to prolifer-

ate in response to growth inducing stimuli. Cells of the proliferative zone are

organized into columns parallel to the long axis of the bone. Near the top of the

columns, cells become flattened in morphology while cells closer to the metaphysis

become hypertrophied and more spherical in morphology. In this hypertrophic

zone, cells become filled with calcium that begins to mineralize the matrix

surrounding the cells. The late hypertrophic zone is characterized by chondrocytes

undergoing cell death, interspersed with newly formed vascular channels that allow

osteoclasts and osteoblasts to remodel the mineralized matrix to form bone. The

fibrocartilage at the tendon enthesis also contains cells with a more rounded

chondrocyte-like morphology that are arranged into stacks perpendicular to and

spanning the mineralized interface [22]. Similar to the insertion, the growth plate

hypertrophic zone is characterized by graded variations of cell morphology, struc-

ture, and ECM composition, including mineralization.

The mature tendon-to-bone insertion has unique characteristics that contribute to

the mechanical performance of the interface. The transitional tissue within a tendon

enthesis utilizes a range of structural and compositional variations across a number

of length scales to effectively transfer muscle loads for joint motion. Strategies for

reducing stress concentrations at the insertion include a shallow tendon attachment

angle at the bone interface, shaping of transitional tissue morphology (i.e., splaying),

interdigitation of transitional tissue into bone, a compliant region, and functional

grading of the transitional tissue [12, 23–25]. These factors alone or in concert are

all capable of reducing stress singularities at the tendon-to-bone interface.

11.2.2 The Mechanical Consequences of Morphological
Gradients

The structural and compositional variations described above have mechanical

consequences. The microstructural arrangement of collagen fibers across the

enthesis reduces stress and strain concentrations at the attachment [25]. Using a

finite element model, it was demonstrated that the pattern of fiber alignment at the

rotator cuff enthesis reduces stresses at the interface via a disorganized compliant

region. Whereas engineering practice would be to interpolate between the mechan-

ical properties of dissimilar materials such as tendon and bone, experimental

evidence indicates that natural insertions contain a region that is more compliant

than either the soft tissue or bone. The existence of this compliant region has been

verified in several orthopaedic tissues. Biomechanical tensile tests on rat

supraspinatus tendons indicated that the tissue near the insertion had a lower

stiffness than the tendon midsubstance [12]. Stouffer et al. measured increased
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tensile strain in human patellar tendon-to-bone insertions compared to the tendon

midsubstance [26]. Micro-compression experiments in the ACL insertion and

meniscal attachments demonstrated that regions of uncalcified cartilage had lower

compressive moduli than calcified regions [27–29]. A recent optimization study has

provided some rationale for a compliant region between tendon and bone, a

seemingly illogical interfacial system [24]. Through numerical optimization of a

mathematical model of an insertion site, it was shown that stress concentrations can

be reduced by a biomimetic grading of material properties (i.e., a compliant zone

between tendon and bone) (Fig. 11.2).

The growth plate hypertrophic zone contains similar structural, compositional,

and morphological gradients to the tendon-to-bone insertion. These gradients also

contribute to variations in mechanical behavior that likely influence the tissue

response to mechanical loading. In rat growth plates, higher compressive strains

were detected in the hypertrophic region compared to the resting/proliferative region

[30, 31]. The resting zone is also stiffer than the combined proliferative and

hypertrophic zones [32, 33]. This result is consistent with the more compliant region

detected at the tendon- and ligament-to-bone interfaces.

The presence of a gradient in mineral content at the insertion also serves to

modulate the mechanical behavior of the tissue. Partially mineralized collagen

fibers result in a stiffness increase only for mineral concentrations above a “perco-

lation threshold” that corresponds to the formation of a continuous mineral net-

work. Modeling results demonstrate that an effective mechanical attachment is

created by combining the effects of a gradual increase in mineral content with

variations in collagen organization [34].

Fig. 11.2 The distribution of material properties for minimization of radial stress concentration

factor contains a biomimetic compliant band between tendon and bone (reproduced, with permis-

sion, from ref. [24])
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11.3 Mechanobiology in Musculoskeletal Tissue Homeostasis

and Development

A complex synergy between biophysical cues and biological processes gives rise

to the gradations in structure and composition observed at the tendon-to-bone

insertion. An improved understanding of the mechanotransduction mechanisms

by which the loading environment is linked to ECM production and ultimately to

tissue functional behavior will help guide the development of novel repair

strategies. Based primarily on mechanical cues, musculoskeletal tissues are con-

tinually remodeled throughout the lifespan. This enables tissues to heal after

injury and to adapt to environmental stimuli. The ability of musculoskeletal

tissues to remodel in response to the loading environment is critical, not only to

maintain mature tissue homeostasis, but also to direct the complex patterning

necessary for fetal and postnatal development.

Abnormal loading conditions that result from muscle paralysis, prolonged bed

rest, or overuse lead to pathological changes in the musculoskeletal system. Examples

of these conditions include repetitive loading-induced tendinopathies, unloading-

induced osteoporosis, joint instability-induced osteoarthritis, and paralysis-induced

developmental defects. For example, neonatal brachial plexus palsy often occurs

during difficult childbirth, resulting in paralysis and muscle imbalance in the shoulder

[35, 36]. This paralysis leads to defects in glenohumeral joint development leading to

severe functional impairments [37–39].

11.3.1 Mechanobiology in Adult Musculoskeletal Tissue
Homeostasis

It is well established that musculoskeletal tissues are sensitive to changes in the

mechanical loading environment. This is apparent for all tissues (bone,

fibrocartilage, and tendon) and cell types (osteoblasts, chondrocytes, and

fibroblasts) at the tendon-to-bone insertion. Bone is in a constant state of

remodeling. Old bone is resorbed by osteoclasts and new bone is deposited by

osteoblasts. Control of the relative rates of bone formation and resorption

determines whether bone mass is maintained, gained, or lost. The idea that bones

respond to biomechanical stimuli is attributed to what is now referred to as Wolff’s

Law of bone remodeling [40]. Bone structure adapts in response to the loading

environment; regions of lower stress are resorbed, leading to a net bone loss, and

regions of higher stresses are reinforced, leading to a net increase in bone. This

results in bone trabeculae that are aligned with the direction of principal stresses.

Studies in bone demonstrated that cortical thickness and trabecular architecture are

both modulated by the loading environment [41, 42]. For example, astronauts lose

2% of hip bone density per month in space and tennis players have increased bone

density in their dominant arm [43, 44]. While it is clear that mechanical forces are
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critical to bone maintenance, the exact biological mechanisms that transduce

changes in the loading environment to changes in the rate of tissue formation,

which ultimately affects tissue mechanical behavior, are less well understood.

Moreover, extremes of unloading and overloading of musculoskeletal tissues lead

to pathological conditions.

Articular cartilage serves to cushion the ends of bones and to reduce friction

during movement. Mature articular cartilage has a zonal structure through its depth

and is essentially an arrested bone growth front at the ends of long bones. The

morphology is classified into surface, middle, and deep zones, with variations in

structure, composition, and mechanical properties. The tensile modulus of the

superficial zone is higher than the deep zone, while the deep zone has a greater

compressive modulus [45, 46]. The two primary loading modes experienced by

chondrocytes in articular cartilage due to joint loading are hydrostatic stress and

shear stress. Chondrocytes subjected to high levels of compressive hydrostatic

stress produce type II collagen and aggrecan while suppressing vascularization;

all characteristics of a stable chondrocyte phenotype [47]. Shear stresses in cartilage

promote fibrillar collagen production. Tensile stress promotes vascular invasion

and ossification that result in advancement of the growth front [48]. Cyclic com-

pressive forces induced by joint loading are required to maintain the properties of

articular cartilage. Joint immobilization eliminates cyclic compressive stress,

activating the subchondral growth front and inducing degradation of the cartilage

layer, a characteristic of osteoarthritis [49]. This also occurs in regions of joints that

experience low levels of loading.

Tendons and ligaments are responsible for transmitting forces from muscle to

bone in the case of tendons and from bone to bone in the case of ligaments. Both are

essential for joint stabilization and movement. Like bone, tendon and ligaments are

remodeled in response to mechanical stimuli. Changes in tendon due to exercise

include an increase in the cross-sectional area and an increase in collagen turnover

[50]. Immobilization leads to a decrease in collagen synthesis and a decrease in

stiffness and tensile strength [51, 52]. Unloading of ligaments results in changes to

the composition and mechanical behavior of the tissue [51–54]. Moreover,

localized changes in the tendon loading mode (e.g., tension vs. compression) due

to wrapping around a bone pulley in a joint induces a more chondrogenic pheno-

type, with increases in the local proteoglycan content and downregulation of

angiogenic factors [55–60]. Based on these observations, it is clear that mechanical

stimuli are critical to the maintenance of skeletal tissues.

11.3.2 Mechanobiology in Fetal and Postnatal Development

Biophysical cues also drive developmental patterning and growth in the fetal and

postnatal musculoskeletal system [61]. Bones, tendons, muscles, and joints

are patterned in utero but development continues through postnatal stages. During
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the embryonic stage of development, loss of muscle loading leads to severe

musculoskeletal defects [62]. The Huetter-Volkmann law states that in develop-

ing bone, compressive stress reduces the bone growth rate, while tensile loads

accelerate it.

The impact of muscle loading on embryonic development has been examined

in several animal models. Chicken embryos have the advantage of an externally

laid egg and are thus particularly easy to manipulate with chemical paralysis

agents [63]. Mice are the most common model of mammalian development and

are well established for genetic manipulations. Mice originally developed to

examine the role of specific genes in development provide useful models of

muscle-less mice. Examples of this include mutations in Pax3 or a combination

of Myf5 and MyoD1, which both result in limbs without skeletal muscle [64, 65].

Muscle contractions in utero begin early in embryonic development. The magni-

tude of in utero forces increases dramatically when increases in muscle volume

are coupled with the forces that result from bone elongation (Fig. 11.3) [66]. In the

absence of muscle forces, there are defects in bone size, shape, and mineralization

[63, 66–68]. Joint cavitation does not occur, leading to bone fusion [67]. This is

the result of de-differentiation of joint progenitor cells, which return to a cartilage

phenotype [69]. Bone shaping is altered in the absence of muscle loading, with

defects observed in the knee joint, long bone cross-section, and the deltoid

tuberosity [69].

Fig. 11.3 (Top left) The ratio of the maximum and minimum second moment of inertia was lower

for paralyzed (darker shade) compared to control (lighter shade) femora (schematics of the

maximum and minimum cross-sectional moment of inertias are shown to the right of the plot

for control (top) and paralyzed (bottom) mice). (Top right) Micro-CT cross-sectional images are

shown for bones from paralyzed (right) and control (left) mice. (Bottom) The appositional radius,
as a function of angular coordinate, is shown for paralyzed and control mice (reproduced, with

permission, from ref. [66])
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Eliminating embryonic muscle forces also leads to defects in tendon and cartilage.

Tendon development is initiated, but tendon precursors are not maintained, in the

absence of muscle forces [65, 70]. Chondrocyte proliferation is decreased, altering

bone growth rates and contributing to the observed bone defects [71]. Furthermore,

the lack of joint cavitation results in the complete loss of articular cartilage surfaces

[72]. Compositional changes occur in developing cartilage as a result of immobili-

zation that lead to altered mechanical properties [73].

The importance of mechanical loading for development increases after birth.

At this point, the effects of joint contact forces due to body weight are added to the

effects of increasing muscle forces. Bone growth in postnatal chicks is significantly

arrested by adding only 10% of body weight using an external harness [74, 75]. The

reduction in bone length is reversed by removing the weight, but the resulting bones

have impaired structural and mechanical behavior.

The rate of long bone growth by endochondral ossification is sensitive to the

mechanical environment. Compression maintains the cartilage phenotype and slows

bone growth, while tensile loads along the long axis of the bone increase elongation

[76, 77]. Stokes and coworkers used three different animal models to demonstrate a

linear relationship between the applied axial stress and the bone growth rate using

externally applied loading plates pinned to the bones [76, 77]. This relationship held

for both tensile and compressive loading of proximal tibial growth plates and vertebral

bodies. The bone growth rate depends on the combined rates of cell division in the

proliferative zone, cell volume increases in the hypertrophic zone, and the rate of

chondrocyte maturation leading to mineralization [21]. The biological mechanisms

that enable cells to transduce forces into cell fates, and thematrix production processes

that control rates of bone growth are less well understood. It is likely that the

mechanisms described above that influence endochondral ossification also drive the

development of the unique transitional tissue at the enthesis.

11.3.3 Biological Molecules Critical to Skeletal
Mechanotransduction

Members of many distinct families of molecules have been implicated in

mechanotransduction pathways, all of which likely play roles in enthesis develop-

ment. These include, but are not limited to, ECM proteins (collagens, proteoglycans,

and glycosaminoglycans), growth factors (TGFbs, BMPs, FGFs), cytokines (IL1,

IL6), hedgehog family members (Ihh), matrix metalloproteinases (MMP-1, MMP-

13), and angiogenic factors (VEGF) [78]. Several mechanisms of cellular

mechanotransduction have been identified. Strains in the ECM are coupled to

cytoskeletal rearrangements through integrins in the cell membrane, which provide

a direct structural connection between the ECM and the cytoskeleton [79]. Other

cellular mediators of mechanotransduction include cell surface G-protein coupled

receptors, receptor tyrosine kinases, and stretch activated ion channels [80].
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Endochondral bone formation is regulated by the autocrine/paracrine signaling

of Indian hedgehog (Ihh) and parathyroid hormone-related protein (PTHrP)

(Fig. 11.4) [81–83]. Ihh is expressed by pre-hypertrophic and early hypertrophic

chondrocytes entering the early stages of terminal differentiation. This molecule

stimulates the proliferating chondrocytes by binding the membrane receptor

Patched (Ptch), which activates the membrane receptor Smoothened (Smo) and

stimulates synthesis of PTHrP. PTHrP expression then blocks further expression of

Ihh, establishing a negative feedback loop to provide fine control over the rate of

chondrocyte proliferation and maturation. The transcription factor Sox9 is a target

of PTHrP in the growth plate that likely influences maintenance of a stable

proliferating chondrocyte phenotype [84]. Sox9 has also been implicated in later

stages of chondrocyte hypertrophy [85]. Precise spatial and temporal control over

these and other extracellular signaling molecules and transcription factors is critical

to endochondral bone development.

Ihh expression in chondrocyte cultures is upregulated in response to tensile

stretching and is required for increased proliferation [86]. This mechanoresponse

gene is mediated downstream by BMP 2 and 4 and does not involve PTHrP. PTHrP

Fig. 11.4 Schematic

of chondrocyte maturation

at the growth plate (blue)
showing the Ihh/PTHrP

negative feedback loop and

selected biomarkers. Arrows
indicate positive regulation

and bars indicate negative

regulation
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has also been implicated in mechanotransduction pathways independent of

interactions with Ihh [87]. In this study, when tendon insertion sites were unloaded

by tail suspension or tendon transection, there was a significant decrease in PTHrP

expression. This decrease was more dramatic in the transection group compared to

the suspension group. Based on this, it is suggested that PTHrP might play a role in

the migration of tendon insertion sites in order to accommodate increases in bone

length during development. In support of this, there is increased osteoclastic

activity at the leading edge of the insertion site, while more osteoblasts are observed

at the trailing edge to allow bone growth.

Type X collagen is a well-described marker of chondrocyte maturation and of

the early stages of mineralization in endochondral bone formation [88]. Expression

of collagen X is limited to hypertrophic chondrocytes. This molecule is a

response to mechanical loading. In one study, collagen X mRNA was upregulated

after tensile stretch was applied to chondrocytes [89]. Other reports indicated

that collagen X expression and protein levels were reduced by compressive loading

in growth plate chondrocytes [90, 91]. These results are consistent with the idea

that tensile loading of developing bone increases mineralization, which leads to

longitudinal bone growth, while compressive loads have an arresting effect

on growth.

Scleraxis (Scx) is a transcription factor noted for its role in tendon development

[92–95]. Scx null mice have several defects in force transmitting tendons of the

limbs and have severely compromised movement [95]. Furthermore, this mutation

results in structural changes: increased disorder and decreased amounts of tendon

ECM likely contribute to the noted functional losses. Recently, several studies have

indicated a role for Scx in mechanotransduction. In vitro loading modulates Scx

expression in tenocyte cultures [96]. More specifically, in tendons, mechanical

force causes release of TGFbs from the ECM [97]. This activates the Smad

2 pathway through the TGFb receptor leading to upregulation of Scx in response

to mechanical loading. Loss of loading due to tendon transection or botulinum

toxin-induced paralysis results in decreased Scx expression, as demonstrated using

a ScxGFP reporter. In addition, Mendias et al. found that treadmill exercise

upregulates Scx expression [98].

Finally, connexins are a class of gap junction forming proteins that are important

to cellular mechanotransduction. Connexin 43 has been identified in bone [99, 100],

cartilage, and tendon [16]. Connexin expression is upregulated in tendon fibroblasts

subjected to cyclic loading [101, 102]. Connexin proteins assemble in the cell

membrane to form hemichannels or gap junctions to enable direct cell-cell commu-

nication. Selective loss of connexin 43 from bone cells results in a loss of the

mechanoresponsiveness of bone to both loading-induced bone formation and mus-

cle paralysis-induced bone loss [103–106]. The mechanoresponsiveness of

connexins and other molecules involved in direct cell-cell communication

underlines the importance of cell-cell communication in the response to mechanical

stimuli. The combined effect of the mechanotransduction mechanisms described

above is to regulate ECM synthesis and degradation, ultimately affecting tissue

function and development.
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11.4 Mechanobiology in the Development

of the Tendon-to-Bone Insertion

Muscle loading is necessary for the development of a functionally graded tendon-

to-bone insertion. This complex tissue has features of bone, ossifying cartilage, and

tendon and is typically subjected to a combination of compressive and tensile

stresses. As described in the previous section, mechanical signals are capable of

influencing the synthesis rate and composition of the ECM as well as cell fate in

developing musculoskeletal tissues. It is likely that biological factors involved in

mechanotransduction pathways in other orthopaedic tissues also impact enthesis

development. In order to achieve the complex graded microstructure and morpho-

logical characteristics of the insertion, it follows that there must also be spatial and

temporal interplay between gene expression and synthesis of ECM molecules.

These expression patterns are controlled by both genetic and biophysical cues

from the environment (i.e., muscle loading) and produce the complex gradients

found at the mature insertion.

While neo-tendon and bone are established early in fetal development, the

enthesis transitional tissue is often not evident until postnatal stages [107–110].

In an animal model, the supraspinatus neo-tendon was evident adjacent to develop-

ing humeral head bone at 15.5 days post-conception (dpc) [6]. In contrast, the

mature insertion, defined by the appearance of fibrocartilaginous transitional tissue,

was not identified until after birth. In mouse shoulders, an insertion region between

the supraspinatus tendon and bone begins to appear 1 week after birth and mature

fibrocartilage is not in evidence until 3 weeks after birth [108]. During this period,

the shoulder experiences large increases in limb loading as body weight and muscle

mass increase along with activity levels. It follows that large muscle forces are

likely necessary to drive the development of transitional tissues in the enthesis.

The insertion develops adjacent to the mineralizing epiphyseal cartilage of the

humeral head. Mineralization of the humeral head occurs through endochondral

ossification, a process that proceeds by mineralization of a cartilage template

followed by vascular invasion and remodeling of the mineralized cartilage template

by osteoclasts and osteoblasts [20, 111]. Chondrocytes from the cartilage anlage are

induced by biological and chemical factors to proliferate, resulting in an increase in

size or length of the cartilage template. Cells then enter a terminal differentiation

process beginning with hypertrophy, followed by mineralization of the cartilage

matrix, and finally cell death and matrix resorption and remodeling by recruitment

of angiogenic factors. This bone formation process is characteristic of the growth

plate region of long bones during fetal development that continues into postnatal

development.

In one example, Blitz et al. described the development of the deltoid tendon-

humeral tuberosity attachment (Fig. 11.5) [111]. It was observed that the deltoid

tuberosity formed via endochondral ossification in a two-phase process: initiation

was regulated by a signal from the tendons, whereas the subsequent growth phase

was muscle (i.e., load)-dependent. Specifically, Scx regulated BMP-4 production in
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tendon cells at their bony insertion site. When BMP-4 expression was blocked in

Scx expressing cells, the enthesis (and associated bone ridges) did not form. This

implicates BMP-4 as a key mediator of tendon-specific signaling for enthesis

formation. The key regulators of endochondral ossification, collagen II, Ihh,

PTHrP, and collagen X were expressed at the developing enthesis.

11.4.1 Development of Structural Gradients in the Enthesis

This section describes the developmental patterns that lead to the complex structure

and composition of the tendon-to-bone insertion. The temporal expression of ECM

molecules was described in detail using in situ hybridization experiments throughout

murine fetal and postnatal development [108]. At birth, the bone side of the

supraspinatus tendon-to-bone insertion was largely made up of un-mineralized

Fig. 11.5 Blitz et al. suggested the followingmodel for the contribution of both tendons andmuscles

to enthesis formation. Through a biphasic process, tendons regulate enthesis initiation and muscles

control its subsequent growth. Further research is necessary to determine the mechanism whereby

muscle contraction regulates enthesis development (reproduced, with permission, from ref. [111])
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type II collagen, characteristic of cartilage. Neonatal collagen II gene expression was

confirmed by in situ hybridization. The tendon side of the insertion expressed type I

collagen, which is characteristic of tendon and bone ECM. As mineralization of the

secondary ossification center proceeded over the first few weeks of postnatal

development, expression of collagen II became restricted to a narrow zone in the

transitional tissue of the insertion. Type I collagen was expressed by cells adjacent to

the band of collagen II expressing cells on the tendon side of the insertion.

Type X collagen was evident in a band of cells on the bone side of the insertion,

adjacent to the mineralizing front. Collagen X is typically localized to hypertrophic

chondrocytes in the growth plate prior to mineralization. At the enthesis, expression

of this marker persists after the large hypertrophic cells associated with mineraliza-

tion are no longer seen, suggesting that this molecule may play a role in maintaining

the mineralized interface. This result is consistent with the development of the rat

Achilles tendon [107].

As previously mentioned, the appearance of a mineral gradient in the transitional

tissue of the insertion likely plays an important role inmediating the transfer ofmuscle

loads from soft tissues to bone. In the mouse, a mineral gradient is evident near the

developing insertion as early as 1 week after birth (Fig. 11.6). The mineral gradient

coincides with the mineralizing front of the secondary ossification center in the

humeral head. The mineral gradient is first separated from the developing tendon by

a region of epiphyseal cartilage yet to be mineralized. In a murine model, the gradient

graduallymoves into the developing transitional tissue of the tendon-bone insertion as

the epiphyseal cartilage is mineralized between the first 2 weeks of postnatal growth.

Fig. 11.6 Spatial gradients in mineral (as determined using Raman spectroscopy) form between

tendon and bone at the developing entheses from the onset of endochondral ossification (7 days in

the mouse supraspinatus tendon-to-bone insertion, shown here)
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11.4.2 Biological Factors Necessary for Insertion Development

Development of the complex transitional tissue found at the tendon-to-bone

insertion requires precise spatial and temporal control of a range of biological factors

(Fig. 11.7). The development of transitional tissue occurs during postnatal develop-

ment when tendon and bone are already established, but still actively growing and

remodeling. In order for transitional tissue to develop at the interface, there must be

concurrent regulation of and interaction between the biological signals of tendon,

bone, and cartilage. Individually, all three tissue types are responsive to the mechan-

ical environment. Specific biological molecules native to each tissue type have been

implicated in the cellular response to the mechanical loading environment.

The mineralized side of the insertion is not yet mature bone during the early

stages of enthesis development. Instead, it is an immature epiphyseal cartilage

template undergoing endochondral ossification. At this stage of development, the

insertion shares many features with the growth plate. Biological factors identified at

precise spatial locations in the growth plate include: PTHrP, Ihh, Ptc, Sox9, and

type X collagen [20, 112]. Chemical gradients of these molecules are responsible

for maintaining the graded morphology of the growth plate. These factors have also

been localized to the developing tendon-to-bone insertion and may also impact

development of a graded insertion [107–110, 113].

PTHrP was originally described for its role in regulating the growth plate in a

negative feedback loop with Ihh [81–83]. Recently, PTHrP has been localized

to tendon and ligament entheses during postnatal development [87, 113]. More

specifically, it is localized to a group of fibroblast-like cells in the intermediate zone

between the tendon proper and the transitional tissue that inserts into the underlying

cortical bone [113]. Furthermore, PTHrP has been generally localized to periosteal

cells in addition to cells that will form the secondary ossification center of long

bones [113]. Elevated expression of PTHrP at tendon-to-bone insertions suggests

that PTHrP may be important to maintain the mineralized interface during devel-

opment. In the growth plate, PTHrP maintains chondrocyte proliferation and blocks

maturation and mineralization [20]. PTHrP may have a similar function for enthesis

development.

Fig. 11.7 Spatially and temporally controlled expression of a number of transcription factors,

growth factors, and transcription factors likely play important roles in enthesis development
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Scx is a transcription factor localized to mature tendon that is necessary for

tenogenesis and is found in tendon progenitor cells [92–95]. This molecule is a

critical mediator of enthesis development. In a recent study, Blitz et al. demonstrated

that Scx is necessary for initiation of development of the deltoid tuberosity, the

attachment site of the deltoid tendon on the humerus [111]. This insertion forms by

endochondral ossification and is necessary to create a stable attachment point for the

deltoid tendon. Scx expression in the tendon cells mediated BMP4 expression in

cells near the insertion. Subsequent growth of the insertion was dependent onmuscle

loading. Sox9 is a marker of a stable chondrocyte phenotype with important roles in

endochondral bone formation [84, 85]. Sox9 has additional roles in embryonic

development, and together with Scx helps determine chondrogenic vs. tenogenic

cell lineage [114].

11.4.3 Mechanical Factors are Required for Insertion
Development

In order to probe the effects of muscle loading on the postnatal development of the

tendon-to-bone attachment, it is useful to employ an animal model that can be

combined with biological and genetic manipulations. By injecting botulinum toxin

into the rotator cuff muscles of mice throughout postnatal development, effectively

paralyzing the shoulder and eliminating muscle forces, it is possible to isolate the

effects of loading on the development of the supraspinatus insertion. Using mice

enables thismodel to be combinedwith geneticmanipulation to investigate the role of

specific biological molecules implicated in mechanotransduction pathways. Botuli-

num toxin injections are routinely used to induce localized and reversible muscle

paralysis. Botulinum toxin chemically blocks the transmission of nerve impulses

through neuromuscular junctions. To study the role of muscle loading on enthesis

development, mice received botulinum toxin injections in one shoulder and saline

injections in the contralateral shoulder beginning within 24 h of birth [115–117]. The

saline group provided an internal control for paired statistical comparisons. A third

group of normal age matched mice was used as fully mobile controls.

This animal model displayed a similar phenotype to the human condition

neonatal brachial plexus palsy. In order to ensure that there was no effect of

botulinum toxin on shoulder development that wasn’t the direct result of muscle

paralysis, a group of animals received a neurotomy of the upper trunk of the

brachial plexus [118]. The phenotype of the neurotomy group closely mimicked

the botulinum toxin-injected group. Both groups showed a substantial decrease in

muscle volume compared to controls. Decreases in muscle volume and mass

correlated to decreases in muscle force generation in botulinum toxin-injected

shoulders compared to saline controls after 4 and 8 weeks of paralysis [117].

The shoulder muscle paralysis induced in this animal model resulted in striking

changes to tendon-to-bone insertion development (Fig. 11.8). Unloading caused

severe mineralization defects in the humeral head, including reduced overall volume
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and morphological changes. For example, the humeral head appeared flattened,

similar to observations in children with neonatal brachial plexus palsy. This

demonstrated that mechanical loading is critical for mineralization at the enthesis.

The lower mineral density observed in micro-computed tomography measurements

in the unloaded groups can at least in part be attributed to an increase in osteoclast

activity [115]. When osteoclast activity was blocked using a bisphosphonate drug,

there was a partial recovery of some bone mineralization measures [119]. Bone

volume was significantly recovered in a dose-dependent manner.

Removal of muscle loading also affected the development of a fibrocartilaginous

transition at the insertion (Fig. 11.8). Based on histological analysis, little to no

fibrocartilage was observed in the insertion after 8 weeks of paralysis [115].

Collagen fiber alignment, investigated using quantitative polarized light micros-

copy, indicated fibers were more disorganized in unloaded shoulders compared to

saline controls. Impaired mineralization, disordered fiber alignment, and a loss of

fibrocartilage transitional tissue in the insertions likely contribute to the overall

inferior mechanical properties of unloaded tendon insertions. Structural mechanical

properties (e.g., maximum force, stiffness) and material mechanical properties

(e.g., maximum stress, modulus) were decreased after 4 and 8 weeks of botulinum

toxin injections (Fig. 11.8).

Fig. 11.8 Muscle paralysis dramatically impaired the development of the supraspinatus tendon-to-

bone insertion in mice. (Top) A mature, compositionally graded insertion (“i”) is seen by 56 days

postnatally in normal mice (scale bar ¼ 200 mm). In contrast, the enthesis in paralyzed shoulders

appears disorganized, without a graded fibrocartilaginous transition between the supraspinatus

tendon (“s”) and the humeral head bone (“h”). (Bottom) Maximum stress and modulus were

significantly lower in the paralyzed group compared to the normal and saline groups
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Blitz et al. used genetically modified mice with muscular defects to examine the

role of muscle loading on enthesis development [111]. Consistent with the studies

described above, this study demonstrated that while muscle loading was not

required for initiation of enthesis formation, it was necessary for the subsequent

growth and maturation of the enthesis.

11.5 Mechanobiology in Tendon-to-Bone Healing

Repair of ruptures at the tendon-to-bone insertion is a persistent problem in

orthopaedic surgery. Rotator cuff tears are a common injury to the upper extremity

and involve reattaching tendons to the humeral head [120]. ACL injuries are also

very common and surgical reconstruction techniques use tendon grafts as ligament

replacements that must heal in bone tunnels [121]. Tendon and ligament injuries

can be classified as acute or chronic ruptures. Acute injuries are generally the result

of extrinsic factors, while chronic injuries also involve intrinsic factors such as

tissue degeneration and a predisposition toward injury. While acute tendon-to-bone

ruptures usually have reasonable healing outcomes, the problem of healing in the

case of a chronic injury is confounded by significant degeneration of the transitional

tissue that extends to the tendon and underlying bone. Several studies have

indicated that nearly all Achilles tendon ruptures have histological evidence of

degeneration [122]. In contrast to acute trauma of a healthy tendon, this type of

injury can result from the compounded effects of aging and overuse, often from a

lifetime of repetitive motion. Increased loading from overuse disrupts the tissue

homeostasis, alters tissue composition, and results in functionally inferior tissue

mechanical properties leading to injury.

The role of mechanobiology in healing is less clear than the role of

mechanobiology in development. Insights from development indicate that

mechanical forces are critical for establishing a functional tissue. However,

these forces are precisely modulated; cellular responses to physical stress lead

to changes in tissue structure and function, ultimately determining tissue mechan-

ical properties. A stress-adaptation feedback loop then leads to further remodeling

of the local matrix. The same principles apply to healing, where outcomes are

affected by a myriad of chemical, biological, and mechanical factors. The healing

situation, however, is complicated because the ideal loading environment that

leads to optimal healing is not well defined. Furthermore, the immune response to

injury complicates the biological mechanotransduction outcomes. Optimization

of healing will require a more precise understanding of the mechanisms of cell

responses to varying loading conditions. This presents a challenge for orthopaedic

surgeons attempting to optimize post-operative healing through rehabilitation-

controlled loading.
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11.5.1 Injury and Repair Result in a Loss of the Functionally
Graded Tendon-to-Bone Interface

Tendon-to-bone injuries are generally characterized by rupture of the tendon,

requiring repair of the tissue to its original bony footprint. Tendon-to-bone

healing can be roughly divided into three stages: inflammation, repair, and

remodeling. The inflammation stage involves recruitment of vascular cells, such

as erythrocytes and platelets, and immune cells, such as macrophages to the injury

site to resorb necrotic tissues via phagocytosis. The inflammatory cells also

recruit tendon fibroblasts for the repair phase, in which ECM (primarily collagen)

is synthesized and deposited at the injury site. The remodeling phase begins

approximately 2 months post-injury and is characterized by reduced cellularity

and matrix synthesis, as the tissue becomes more fibrous and is then remodeled

into scar-like tendon tissue [80].

Studies in rabbits, goats, and rats have verified that repaired interfaces have

inferior mechanical behavior, presumably because the functionally graded transition

between tendon and bone is not regenerated (Fig. 11.9) [5, 7, 123, 124]. The scar

Fig. 11.9 The functionally graded transition between tendon and bone is not regenerated (hema-

toxylin and eosin-stained images are shown under bright-field on the top row and under polarized

light on the bottom row) (reproduced, with permission, from ref. [129])
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tissue that forms at the interface has a larger volume than the native tissue, but is

functionally inferior. This may be explained by the dramatic decrease in the amount

of underlying bone and the loss of collagen fiber organization [125–128]. These

factors are compounded in the case of a chronic rupture, which is typically

accompanied by significant degeneration prior to injury, increasing the difficulty

of repair and the risk of re-rupture. While many factors contribute to the observed

decrease in tissue functional behavior, the main distinction between a healing and a

normal insertion is the near complete loss of transitional tissue in the enthesis.

11.5.2 Precise Control of Loading Is Needed
to Improve Healing

Immobilization of the limb or joint after a repair is often utilized to prevent disruption

of the recently reattached tissues during the early stages of healing. As previously

described, immobilization can have undesired effects on the nearby uninjured muscu-

loskeletal tissues, which require precisely defined loading conditions to maintain their

structure and composition. Due to this, a delicate balance between periods of immo-

bilization and controlled remobilization must be used to maximize healing while

reducing unwanted damage to nearby musculoskeletal tissues.

The role of cast immobilization in tendon-to-bone healing has been investigated

in a series of studies using a rat rotator cuff tendon model [7, 130–132]. Tendons

were surgically transected and reattached to the bony insertion, then assigned cast

immobilization, cage activity, or treadmill exercise for post-operative recovery. All

interfaces healed by a fibrovascular scar without evidence of a functionally graded

transitional tissue and an increased tendon cross-sectional area compared to normal

uninjured controls. The exercised group had a significantly larger cross-sectional

area compared to the cast immobilized group. Acute injury and repair diminished

the functional biomechanical performance of the bone tendon interface for all

injury groups compared to controls. The exercise group had less favorable mechan-

ical properties, collagen fiber alignment, and matrix composition than the cast

immobilized group. Furthermore, the increased joint stiffness due to post-operative

immobilization was eventually resolved [132]. Finally, passive motion after surgery

instead of exercise also increases joint stiffness [131]. The results of these studies

suggest that exercise is detrimental to healing in a rat rotator cuff, as it results in

more material accumulation at the healing interface with less desirable structural

and mechanical properties.

A possible mechanism for the poor healing observed with exercise has recently

been suggested by studies using a rat model of ACL reconstruction [133–135].

Cytokines produced by macrophages have been implicated in tendon-to-bone

healing and reducing the number of macrophages improves the biomechanical

behavior of the interface. Furthermore, immobilization seems to also block macro-

phage recruitment, thus contributing to improved interface healing [133].
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The result is that cast immobilization leads to improved healing; this has led to

further studies investigating the role of the mechanical environment in healing.

Cast immobilization is difficult to enact in a clinical setting because it depends on

patient compliance. Additionally, it does not completely remove all forces across

the healing insertion because some motion is possible and muscle forces are still

present. This led several investigators to probe the effect of complete removal of

muscle loading on healing. A rat rotator cuff acute repair model used Botulinum

toxin A injections to reversibly paralyze the supraspinatus muscle with and

without cast immobilization [136]. Botulinum toxin and cast immobilization

reduced the structural and mechanical properties of the healing insertion,

indicating that complete removal of loading was unfavorable to healing. This

result was corroborated by a study investigating healing of canine flexor tendon-

to-bone repairs [137]. This suggests that some muscle loading is necessary for

optimal healing.

A separate series of studies investigated the role of mechanical loading on

ACL healing in rats. Ligaments were surgically replaced by flexor digitorum

longus tendons in a bone tunnel. An in vivo joint loading system was used to

apply controlled axial loading daily to the healing insertion [138]. In a compari-

son of immobilization and cyclic loading, the loaded group had increased inflam-

matory macrophages at the tendon-bone interface and decreased bone formation

in the bone tunnel, but no differences in the biomechanical properties of the

interface [139]. A separate group of animals was used to evaluate a period of

immobilization followed by loading [140]. This study demonstrated an increase in

bone formation and load-to-failure compared to immobilization and early cyclic

loading groups. This suggests that a period of immobilization followed by loading

is beneficial to healing of ACL reconstructions. A separate study investigated the

effect of immobilization followed by exercise in a rat rotator cuff model. Immo-

bilization followed by exercise reduced the desired mechanical performance of

repaired tendons compared to immobilization followed by cage activity [141]. In

contrast to this, a recent report using a rat Achilles tendon rupture model indicated

that exercise early in the healing process combined with unloading by hindlimb

suspension improved healing compared to tendons that were unloaded without

exercise [142].

Taken together, the above results indicate that the healing tendon-to-bone

insertion is influenced by loading environment. The conflicting results indicate

that modulating the loading environment is just one factor among many that affect

healing outcomes. One conclusion that may be drawn from the above studies is that

complete unloading is detrimental to healing, either through chemical paralysis,

hindlimb suspension, or tendon transection away from the repair site. Furthermore,

excessive exercise is also harmful to the healing process. Optimal healing seems to

require a precise degree of loading that is extremely difficult to accurately predict

and control in laboratory or clinical settings (Fig. 11.10).
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11.6 Conclusions

The tendon-to-bone insertion is an example of a biological solution to the fundamental

problem of attaching two dissimilar materials. The enthesis possesses gradients in

structure and composition that help limit stress concentrations at the tendon-bone

interface. The development of the functional gradient requires muscle loading. The

healing insertion is also sensitive to its mechanical environment. However, a fine

balance must be reached between too much load (which can lead to damage) and too

little load (which can lead to a catabolic environment) to maximize tendon-to-bone

healing. Approaches for improving tendon-to-bone healing must focus on recreation

of a functionally graded transition between tendon and bone, either through manipu-

lation of the loading environment or though an engineered construct.
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Chapter 12

Soft Tissue to Bone Healing in Rotator

Cuff Repair

Leesa M. Galatz

12.1 Introduction

Tears of the rotator cuff tendons from their bony insertions are an extremely

important clinical problem. Rotator cuff disease is one of the most common

musculoskeletal disorders. In the United States, approximately 200,000 surgeries

per year are performed for rotator cuff tears and nearly 400,000 surgeries per year

are performed for rotator cuff tendinitis or partial rotator cuff tears [1]. Millions of

individuals are at risk for developing pain and disability secondary to rotator cuff-

related pathology. A recent analysis of cadaveric studies of rotator cuff tears

revealed a 30% prevalence of tears [2]. While the majority of tears are degenerative,

resulting from attritional changes in the tendon leading to attenuation, many occur

in traumatic settings as well.

Although rotator cuff repair is a common procedure in the orthopaedic setting,

healing of the tendons to bone after surgical repair is unpredictable, with failure rates

ranging from 20 to 94% [3–5]. Healing in the adult setting is a reparative rather than

a regenerative process, occurring via scar formation; the resultant tissue has signifi-

cantly lower structural and material properties compared to native, uninjured

tendon. Recently, innovations have been implemented to improve the strength of

the repair and to biologically augment the healing process. The purpose of this

chapter is to review the normal anatomy of the rotator cuff and its insertion site, to

discuss the factors affecting tendon healing and to highlight recent strategies for

improving healing of the injured rotator cuff.
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12.2 Normal Anatomy of the Rotator Cuff

and its Insertion Site

The rotator cuff muscles and tendons of the shoulder are a complex group of

muscles that play a critical role in maintaining strength and stability in what is

otherwise a biomechanically challenging joint. The shoulder is comprised of a

shallow socket (the glenoid), an osseous component of the scapula, and a relatively

large humeral head. The osseous structures result in a relatively unstable joint, thus

the soft tissue stabilizers of the shoulder are important for normal function of the

upper extremity. The static stabilizers of the shoulder include a ring of labral

cartilage located circumferentially around the glenoid, which serves to deepen the

socket, and the capsuloligamentous structures, which individually tighten at various

shoulder positions. The rotator cuff provides dynamic stability and is active in

nearly all phases of shoulder motion [6]. The contraction of the rotator cuff

effectively centers the humeral head on the glenoid, counteracting the upward

vector of the deltoid (Fig. 12.1).

The rotator cuff is comprised of four separate muscles (supraspinatus,

infraspinatus, teres minor, and subscapularis), all of which originate from the

scapula. The supraspinatus, infraspinatus, and teres minor muscles form the supe-

rior and posterior portions of the rotator cuff, and as they course laterally, they

merge and join to form a single tendinous structure that inserts on the greater

tuberosity (an osseous protuberance on the humeral head). The subscapularis arises

from the anterior portion of the scapula and attaches to the lesser tuberosity,

forming the anterior musculature of the shoulder.

Mature tendon has a highly organized and aligned structure. It is composed

primarily of collagen type I and is relatively acellular [7]. Tendon exhibits high

strength in response to tensile force and provides the mode of bony attachment for

most muscles in the skeletal system. The rotator cuff has a relatively hypovascular

area within what is known as the rotator cuff cable (Fig. 12.2). This hypovascular

Fig. 12.1 (a) The rotator cuff is made up of four muscles that arise from the scapula and insert

onto the humeral head. They are active during all phases of shoulder motion, centering the humeral

head on the glenoid. (b) The rotator cuff insertion site is comprised of tendon, unmineralized

fibrocartilage, mineralized fibrocartilage, and bone
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area can be visualized from the articular side of the tendon. There is a thickening of

the supraspinatus that forms a cable-like structure, within which is the hypovascular

zone. Tears of the rotator cuff often originate in this zone.

The insertion site of the rotator cuff to bone is comprised of four zones;

this transition provides a gradual transition from a compliant to a hard material [8,

9]. The zones include tendon, unmineralized fibrocartilage, mineralized

fibrocartilage, and bone (Fig. 12.1). There is a distinctive mineral gradient across

the zones, transitioning from completely unmineralized tissue in the tendon to

highly mineralized tissue in the bone. The purpose of this relatively gradual transi-

tion is to reduce the high stresses that would otherwise concentrate at the junction of

a compliant material (tendon) to a stiff material (bone) [10]. These high stresses may

otherwise result in a tear or attenuation of the tendon. The fibrocartilaginous

transition zone may therefore serve a protective role to the tendon as it inserts on

the tuberosity, allowing effective load transfer from the muscles to the bone.

12.3 Biology of Rotator Cuff Tendon-to-Bone Healing

Rotator cuff healing is characterized by a reparative rather than a regenerative

response [11, 12]. A disorganized fibrous interface develops at the insertion

consisting of biomechanically inferior tissue (Fig. 12.3). This tissue is later

remodeled, becoming more organized and able to bear higher loads. However,

the tissue never remodels to entirely resemble normal uninjured tendon.

Fig. 12.2 The rotator cuff cable is a relatively hypovascular area near the insertion of the rotator

cuff. Most tears arise in this area, which can be best appreciated from the articular side of the

tendon
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Histologically, the resultant tissue is hypercellular and hypervascular relative to

uninjured tissue. Biomechanical properties likewise never reach those of uninjured

tendon.

Tendon healing occurs in phases similar to those seen in typical wound healing

scenarios. An initial inflammatory phase is characterized by the presence of multi-

nucleated cells. Most of these cells are replaced by mononuclear cells, which are the

predominant cell type present for the next few weeks. In an acute repair rodent

rotator cuff model, metabolic activity, growth factor production, and cell prolifera-

tion reach a peak at 7–10 days [11], after which there was a gradual decrease to

baseline levels. While this timing may differ for repairs of chronic tears, and for

healing in humans, there is likely a short time period of cell proliferation and growth

factor production; this timing may provide a window for therapeutic manipulation.

The next phase of tendon healing consists of extracellular matrix production.

While normal tendon is comprised primarily of collagen type I, the healing

response is characterized by an initial production of collagen type III. Collagen

type III is typically seen in degenerated and injured tendon, and also in developing

tendon. It is a primary component of the early fibrous interface at the healing

tendon-to-bone junction. Collagen type I production begins at some point after

collagen type III and persists throughout the course of tendon healing.

Many different growth factors have been isolated at the healing rotator cuff

tendon-to-bone insertion [12, 13]. These include TGF-b, PDGF-BB, bFGF, and
various bone morphogenetic proteins (BMPs). These factors and many others likely

play significant roles in the biology of tendon healing. The exact roles they exert

remain a subject of continuing investigation.

Fig. 12.3 A 4-week specimen after a rotator cuff injury and repair demonstrates relatively

disorganized deposition of extracellular matrix components. Repair tissue is hypervascular and

hypercellular compared to normal tendon tissue. Toluidine blue stained section, solid line indicates
interface between healing tendon and bone (reproduced, with permission, from ref. [12])
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Experiments in animal models have demonstrated that the healing tendon-to-bone

insertion remains biomechanically inferior to the uninjured tissue, even in the long

term [14–18]. Structural properties reach approximately one half of normal between

8 and 16weeks, depending on themodel utilized. This gain in strength is due primarily

to an increase in the quantity of tissue produced at the healing site. The cross sectional

area of the healing tissue at the tendon-to-bone junction largely exceeds that of the

native insertion, accounting for the increase in pullout strength. However, when

normalizing the structural properties by the amount of tissue present in order to

determine tissuematerial properties, it is clear that the quality of thematerial produced

is vastly inferior to normal tendon. This outcome is characteristic of the scar-like

response that typifies early tendon healing.

Importantly, the graded fibrocartilaginous insertion site which characterizes the

uninjured rotator cuff attachment to bone is not recreated in the healing scenario.

The tendinous tissue that is generated does, with time, form a functional attach-

ment, but the fibrocartilage and mineralized fibrocartilage tissues characteristic of

the natural insertion are not reliably recreated. Some fibrocartilage cells may be

found at later healing time points, but they are typically few in number and lack the

distinct and organized morphology characteristic of the normal insertion site.

12.4 Patient-Specific Factors Affecting Rotator

Cuff Tendon Healing

In every published study that has evaluated the anatomic outcome after rotator cuff

repair using imaging modalities, a high percentage of unhealed tendons has been

reported. Failure rates range from 20 to 94% [3–5, 19]. Multiple factors, including

patient-related and technique-related factors, influence tendon healing.

12.4.1 Age

Age is likely the strongest biologic factor influencing rotator cuff healing. Most

studies that have stratified patients for age have revealed a significant relationship

between increased age and failure of healing [3, 4, 20–24]. The average age of the

patients who heal are in their mid-to-late 50s and the average age of the patients

who fail to heal is in the mid 60s. This information suggests that somewhere in the

early seventh decade of life, changes in biology and/or physiology are such that the

likelihood of healing even a small tear decreases dramatically.

This information has significant clinical implications. Surgical decision-making

is influenced by patient age. Older patients who are less likely to heal may be better

candidates for nonoperative treatment compared to younger patients, who are more

likely to heal and also have higher functional demands. These younger individuals

will benefit to a greater extent from operative repair.
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12.4.2 Tear Size

Tear size has also been shown to influence tendon healing; the larger the tear, the

lower the healing rate [25]. The threshold of tear size over which healing rates drop

significantly is unknown. Regardless, tears considered large or massive, involving

two or more tendons, have much lower healing potential. Care must be taken in

interpreting much of this data, however, as older individuals are more likely to have

larger tears, making age and tear size covariates. Larger numbers of patients must

be studied in order to accurately stratify the effect of these variables separately.

12.4.3 Muscle Degeneration

Muscle tissue is highly sensitive to its loading environment. When tendons detach

from their bony insertion sites, their respective muscles are unloaded and shortened,

leading to muscle atrophy and the accumulation of fibrous tissue and fat; this is

particularly apparent in the setting of a chronic tear [26–30]. Thus far, these changes

have been found to be irreversible [31, 32]. Muscle degeneration has clinical

implications for the feasibility of the repair. The degenerated muscles are much less

compliant than normal muscles, and they often cannot be mobilized from their

retracted position to the anatomic insertion on the humeral head. In instances where

the tendon can be mobilized and repaired, the construct is under high tension, leading

to early failure of the repair. Ideally, rotator cuff tears should be repaired prior to the

onset of these chronic degenerative changes in clinically indicated patients.

12.4.4 Smoking

Smoking has been shown to have an effect on tendon healing. In a rodent model,

rats were administered nicotine through a subcutaneous, continuous delivery

osmotic pump [33]. High nicotine levels resulted in decreased cell proliferation

and decreased collagen I production in the healing tissue. Mechanical properties

were inferior to saline controls at all time points tested and histological signs of

inflammation persisted longer in the nicotine specimens. Mechanical testing

revealed increased stiffness at later time points (8 weeks). The clinical implication

of the increased stiffness is not yet known. Smoking has also been shown in a

human study to increase the likelihood of developing a rotator cuff tear; in patients

with shoulder pain, individuals who smoke have a significantly greater chance of

having a rotator cuff tear [34]. A more recent history of smoking, a greater quantity

of cigarettes smoked, and a higher number of years smoking are all associated with

rotator cuff tears. The extent to which these factors influence healing remains a

subject of investigation.
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12.4.5 Medical Comorbidities

A number of animal studies have been utilized to ascertain the effects of various

medical comorbidities commonly seen in humans. Beason et al. performed a study

evaluating the healing characteristics of a patellar tendon defect in aged mice with

hypercholesterolemia compared to controls [35]. The tendons in the aged mice

with hypercholesterolemia had a higher than expected rupture rate as well as a

decreased elastic modulus, suggesting a negative cumulative effect of cholesterol.

Furthermore, patients with rotator cuff tears had higher total cholesterol,

triglycerides, and low density lipoproteins compared to an age matched control

group [36]. High-density lipoproteins were lower in the cuff tear group. These

results suggest that serum cholesterol may have a significant effect on the develop-

ment of rotator cuff tears, and this may represent a viable therapeutic target for

clinical management.

Non-steroidal anti-inflammatory medications are commonly used for pain relief

in the setting of tendon degeneration or injury. Animal studies have suggested that a

certain level of inflammation is necessary for normal tendon healing and

remodeling. A study investigating the effects of NSAIDs on rotator cuff healing in

a rat model found that both indomethacin, a cyclooxygenase 1 and 2 inhibitor, as

well as celecoxib, a specific cyclooxygenase 2 inhibitor, had detrimental effects on

tendon healing [37]. Histologic findings revealed a less organized tissue at the

healing site in comparison to controls, as well as persistent osteoclasts. Biomechani-

cal testing showed lower load to failure in both NSAID-treated groups. Most

clinicians recommend that patients not use these medications in the immediate

postoperative period, although further studies are necessary to determine the exact

period of time and dosing regimen after which it is safe to resume these medications.

Diabetes is another common medical comorbidity that may have an effect on

rotator cuff healing. Diabetes is known to affect microvascular environment of

tissues. A study utilizing a rodent model of induced diabetes was used to investigate

the effect of diabetes on rotator cuff healing [38]. Diabetes was induced preopera-

tively. Short-term results at 2 weeks showed reduced load-to-failure in the diabetic

group compared to the control group. This study may underestimate the effects of

diabetes compared to the chronically ill patients; longer term studies are necessary

to come to a definitive conclusion. No long-term healing studies exist to answer this

question in the human population.

Decreased bone mineral density is also associated with a higher failure rate after

rotator cuff repair. In a study of 272 patients evaluated by either computed tomog-

raphy or ultrasonography for rotator cuff integrity an average of 13 months after

repair, decreased BMD and fatty infiltration were associated with unhealed cuffs

[39]. These results are substantiated by a rat study in which the failure stress at the

supraspinatus insertion was evaluated [40]. The study compared female rats after

ovariectomies, half treated with bisphosphonates to improve bone density. Improv-

ing bone density improved the failure stress. These studies highlight the role of the

bone in the process of degeneration and repair.
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12.5 Surgical Factors Affecting Rotator Cuff Tendon Healing

The surgical factor receiving the greatest attention, and having the greatest effect

on rotator cuff healing, is repair construct. Historically, the distal end of the

rotator cuff tendon has been re-apposed to the bone using a single row of anchors.

However, a “double row” repair was popularized several years ago in response to

the relatively high failure rate of tendon healing after repair [41–44]. The goals of

this repair are to increase the mechanical strength of the repair and to better

recreate the anatomic footprint of the native insertion site. Apreleva et al. were the

first to evaluate the effect of a double row repair on recreation of a normal

footprint after repair in a cadaveric model [45]. They found that a double row

construct successfully increased the contact area between the repaired tendon and

the bony insertion site.

Several mechanical studies [43, 44, 46–49] evaluated the strength of the double

row repair in comparison to a single row repair and found improvement in the

overall strength of the repair. However, these results have not necessarily been

translated into improvements in structural healing or clinical outcomes. Many

studies report excellent results after a single row repair [50], often in spite of a

high rate of failure of healing. Furthermore, many studies show no difference or

only modest differences in healing between double and single row repair. Duquin

et al. [51] performed a systematic review of 23 eligible studies and found re-tear

rates significantly lower for double row repairs in tears greater than 1 cm in size.

Similarly, several recent high level studies comparing the two methods showed no

difference in clinical outcome, except in tears>3 cm, where strength was improved

with a double row repair [52, 53]. Further investigation is necessary to ultimately

determine the appropriate application of various repair techniques in given patient

populations.

12.6 Surgical Repair Techniques and Outcomes

12.6.1 Technique

A rotator cuff repair can be accomplished through either open or arthroscopic

techniques. Consistent with the current trend in surgery, there has been a shift

toward arthroscopic or minimally invasive techniques. A variety of devices and

instruments are commercially available to achieve a tendon-to-bone reattachment

in the shoulder.

Access to the joint is achieved via a posterior portal. An anterior portal is

established through the rotator interval (Fig. 12.4). A thorough examination of

intraarticular structures allows an accurate diagnosis and assessment for concurrent

pathology. The long head of the biceps arises from the supraglenoid tubercle and is

evaluated for tearing and attenuation. Attritional changes may be seen as the biceps
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exit the joint anterior to the supraspinatus through the intertubercular groove.

Cartilaginous surfaces are evaluated, as arthritic changes may contribute to pain

and mechanical symptoms postoperatively. The rotator cuff is visualized from the

articular surface (Fig. 12.5). Tear size and tendon delamination can be appreciated

from the intraarticular perspective, guiding surgical strategy during repair.

Fig. 12.4 The shoulder joint visualized from the posterior portal with an anterior portal through

the rotator interval (the space between the supraspinatus and subscapularis tendons). The humeral

head, glenoid, and biceps tendon are seen

Fig. 12.5 A rotator cuff tear is assessed from the articular side
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The repair is performed with the arthroscope and working instruments in the

subacromial space, between the rotator cuff tendon and the acromial process of the

scapula. An anterolateral portal creates access for working instruments. A limited

bursectomy allows visualization of the retracted tendon and the greater tuberosity,

the insertion site for the supraspinatus tendon. The edge of the tendon is debrided

with a shaver. The bone of the tuberosity is likewise debrided, removing remnants

of tendon tissue and exposing punctate bleeding bone. The bone is not decorticated,

as this will compromise subsequent anchor fixation.

A description of a double row repair follows [54]. As mentioned previously,

multiple methods of tendon-to-bone reattachment are possible; however, the basic

principles are the same. The tendon is mobilized from surrounding adhesions to

reduce tension on the repair. The tendon is then attached to the bone. The attach-

ment should be secure, minimize motion at the tendon bone interface, and maxi-

mize contact area at the tendon bone interface, yet not strangulate the tissue [41, 43,

44, 46, 47, 55]. The repair configuration should not be so tight that blood flow is

compromised. This may result in a tendon tear subsequent to mechanical attenua-

tion at the suture-tendon interface. Achieving the proper balance in these criteria is

challenging.

The suture anchors are then inserted through superior accessory portals; this

provides an optimal angle of insertion into the bone. A large cannula through the

anterolateral portal facilitates easy passage of instruments in and out of the

subacromial space, minimizing trauma to the deltoid muscle. The sutures are

retrieved through this cannula, placed in a suture-passing device, and passed

through the tendon (Fig. 12.6). Once all sutures have been placed through the

tendon, arthroscopic knot tying devices are used to tie the sutures, reducing the

tendon to the bone. The long ends of the sutures are brought laterally and anchored

to the lateral cortex using another anchor or two (Fig. 12.6). This configuration

helps achieve the goals of secure fixation, minimal motion, and maximal contact

between the tendon and bone.

Fig. 12.6 Anchors are placed into the greater tuberosity. The anchor is analogous to a small screw

with an eyelet through which sutures pass and is used to repair the tendon to bone. Anchors are

made from a variety of materials including metal, bioabsorbable, and nonabsorbable plastics.

The final repair of tendon to bone is shown on the right
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12.6.2 Influence of Structural Failure

Rotator cuff repair has a long history of largely good to excellent results, often in

spite of structural failure of the repair. However, range of motion and strength are

generally compromised to some extent with an unhealed cuff. This clinical scenario

often results in a painful shoulder with functional disability. This is particularly

important in the younger (ages 40–60 years) patient population, which is generally

still of working age. Patients with manual labor jobs, especially those that require

shoulder level or overhead activity, and those with high recreational shoulder

demands do poorly in the setting of a failed repair.

Gerber et al. reported a series of 27 patients after open rotator cuff repair [56].

At a minimum of 2-year follow-up, 17 patients healed their tear and had an

excellent outcome. The patients with re-tears had a poorer outcome based on

Constant score, subjective shoulder value, pain, and ability to perform activities

of daily living. A series of 20 patients with known structural failure were evaluated

at 3-year follow-up [57]. Overall, outcomes were improved over preoperative

values. Rotator cuff tendons and muscles were evaluated by MRI and compared

to preoperative studies. Fatty degeneration increased over time in the supraspinatus

and infraspinatus muscles. Muscle atrophy was also seen in the supraspinatus.

Glenohumeral arthritis was also increased over time. Seventeen of the patients

were very satisfied or satisfied, and poorer outcomes correlated with larger tear size,

severity of fatty degeneration of the muscles, and the presence of arthritis. This

same group of patients was reevaluated 9 years after surgery [32]. Overall, the

clinical improvement seen initially did not deteriorate, despite increased fatty

degeneration in the muscles.

Zumstein et al. reported a series of 27 patients at 3 and 9 years following open

rotator cuff repair [58]. Thirty seven percent were re-torn at 3 years and 57% were

re-torn at 9 years. The patients with an intact repair had better results, as measured

by outcome score and strength. Fatty degeneration progressed in all torn tendons.

The size of re-tears progressed over the time interval studied. Healed repairs

appeared to protect against progressive fatty degeneration. Interestingly, the same

group of investigators reported on clinical and structural results after repair of

single tendon tears and found that repair may halt the atrophy of the supraspinatus,

but not reverse it [31]. Similarly, fatty degeneration either remained stable or

progressed, even in patients with healed tears. Further investigation is necessary

to elucidate the pathophysiology of these muscle changes, as well as the potential

effect of repair.

Dodson et al. followed a group of patients with known structural repair-site

failures an average of 3 years after repair [59]. The initial good clinical results did

not decrease over time; however, range of motion and strength measurements

decreased. The size of the re-tear increased and none of the tears healed. Muscle

architecture was not evaluated in this study. Miller et al. examined rotator cuff

repairs with ultrasound for repair-site integrity at regular intervals for 2 years after

surgery [60]. All tears were originally greater than 3 cm. Forty-one percent of the
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tears recurred (9 patients). Seven tears recurred within 3 months. The remaining

tear recurred within 6 months. Tears in this study were stable after 6 months.

Outcome scores (Western Ontario Rotator Cuff) were worse in the group with

recurrent tears compared to the group with healed tears.

Not all patients do poorly after failure of healing after rotator cuff repair. Galatz

et al. reported a series of 18 patients 2 years after a single row arthroscopic repair

[3]. Seventeen of the cuffs tears had recurred. However, there were significant

improvements in function and American Shoulder and Elbow Surgeons outcome

scores. This same cohort of patients was reevaluated 10 years after the index

procedure (unpublished data). Fifteen of the original 18 were available for review.

Only two had subsequent procedures—one had a revision repair and one had a joint

replacement. There were no changes in outcome score, range of motion, or level of

pain over the time course studies. Many patients, however, had progression of

degenerative changes in the glenohumeral joint.

There are many other studies citing no differences between patients with healed

and unhealed cuffs [61–64]. Overall, future investigations in both the clinical and

basic science realms will help elucidate issues with regard to rotator cuff tendon

healing. Measurement tools as well as patient demographics will likely have an

important influence on the relationship between healing and outcome. Regardless, it

is unusual to have a poor outcome in the setting of a healed repair.

12.7 Future Strategies to Enhance Rotator Cuff Healing

Strong potential exists for improving rotator cuff tendon-to-bone healing using a

variety of biological strategies. Platelet rich plasma (PRP) has been safely used for

human application; however, use of growth factors, matrix metalloproteinase

(MMP) inhibitors, tissue engineered scaffolds, and stem cells have only been

studied using animal models.

12.7.1 Growth Factors

In one study, osteoinductive protein extract containing BMPs 2 and 7, transforming

growth factor (TGF) b 1 and 3, and fibroblast growth factor (FGF) was delivered via

collagen sponge to the rotator cuff healing site in a sheep model [65]. Compared to

controls, the treated group had a greater volume of reparative tissue and bone

present at the healing interface, a more apparent fibrocartilage interface, and a

greater load to failure 6 and 12 weeks after repair. The growth factors BMP 12, 13,

and 14 have been identified during tendon fetal development and hold great

potential for enhancing tendon repair [13, 66–68]. BMP 12 has been shown to

induce the formation of tendon-like tissue in mature animals [69, 70]. BMP 12

application to the rotator cuff healing site using a collagen sponge resulted in
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increased tensile strength and stiffness of the repair [71]. FGF is active in various

phases of tendon healing and promotes connective tissue formation and remodeling.

It also activates the release of other growth factors such as TGF bs and BMPs. Used

in a rat model, FGF improved biomechanical and histological properties 2 weeks

after repair, but the results did not persist at 4 and 6 week time points [72].

TGF b3 is a compelling growth factor for enhancing repair, as it is associated

with scarless soft tissue healing of tendon and skin in early stages of development.

In one rat study, sustained delivery of the growth factor to the rotator cuff healing

site was facilitated using a heparin-binding fibrin matrix [73]. There were improve-

ments in cellularity, vascularity, and cell proliferation in the reparative tissue.

Structural properties were improved 4 weeks after repair. In another rat study, a

calcium phosphate matrix with TGF b3 was used to augment the repair [74]. The

load-to-failure was improved in these repairs compared to untreated controls and

compared to the calcium phosphate matrix alone. Bone volume was increased at the

attachment site based on computed tomography evaluation. The ratio of collagen I:

III was increased, indicating a more regenerative rather than scar-mediated healing

response. While no growth factor is currently approved for use in rotator cuff repair,

there is great potential for their use in future clinical cuff applications.

12.7.2 Matrix Metalloproteinases

MMPs are a family of proteinases that are involved in the maintenance and

remodeling of extracellular matrices on connective tissue. They work in concert

with tissue inhibitors of MMPs (TIMPs) to maintain homeostasis of the remodeling

process and a balance between reparative and degenerative processes. MMPs have

a role in injury response, age related degenerative processes, and repair. Doxycy-

cline is an MMP inhibitor, and its use in a rat model of injury and repair resulted in

some biomechanical improvements as well as improved collagen organization at

early time points [75]. Alpha 2-macroglobulin is another inhibitor of MMPs. While

some qualitative increase in fibrocartilage formation was identified at the healing

site using this inhibitor, there were no improvements in biomechanical properties of

the repair [76].

12.7.3 Tissue Engineering

Recently, an explosion of interest in tissue engineering strategies for use in rotator

cuff repair has occurred, with the goal of not only improving biomechanical

strength of the repair, but also utilizing a scaffold for delivery of cells and growth

factors. Some early studies have utilized polyurethane mesh patches with some

success [77]. Nanofiber scaffolds of PLGA with a novel distribution of mineralized

and unmineralized regions have recently been investigated [78]. In one study,
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human rotator cuff fibroblasts were cultured on the scaffold [79]. The fibroblasts

deposited a proteoglycan and collagen matrix onto the scaffold, which contained

both collagen types I and II. A fibrocartilage transition zone was also identified.

12.7.4 Stem Cells

There has been recent interest in the field of orthopaedic surgery in utilizing

mesenchymal stem cells to assist with regeneration. Studies have evaluated the

effect of stem cells specifically in the setting of rotator cuff repair using rodent

models. Application of bone marrow derived mesenchymal stem cells alone did not

improve rotator cuff healing based on biomechanical and histological evaluation

[80]. Similarly, bone marrow derived stem cells transfected with BMP 13 did not

effect healing [81]. There was no difference in the amount of new cartilage

formation, collagen fiber organization, or biomechanical properties. However,

when bone marrow derived stem cells were transduced with scleraxis (a transcrip-

tion factor necessary for tenogenesis), there was improvement in rotator cuff

healing. Its expression in osteoblastic cell lines may also induce chondrocyte-like

gene expression, which may be important at the bone-tendon junction. When stem

cells transfected with adenoviral-mediated scleraxis were applied to the rotator cuff

healing site in a rodent model, there were improvements in biomechanical and

histological properties [82]. These studies highlight the potential value of mesen-

chymal stem cells as a delivery mechanism for factors which may improve healing

of the rotator cuff.

12.7.5 Platelet Rich Plasma

PRP is a sample of autologous blood with high concentrations of platelets above

baseline values. Its application has been used for tendinopathy, muscle injury, and

tendon and ligament healing [83, 84]. PRP use is compelling, as it contains

multiple growth factors, cytokines, and other proteins, all of which are active at

various phases of muscle or tendon healing. There are several commercially

available preparation systems, each one varying slightly from another. Generally,

the application of PRP works well in vitro [85–87]. Fibroblasts treated with PRP

have demonstrated increases in growth factors, MMP production, and collagen

production. Increases in cell proliferation and tendon regenerate material have

also been noted.

Unfortunately these benefits have not consistently translated to clinical

improvements. Randelli et al. demonstrated the safety of application of PRP in

the human setting [88]. Multiple other studies have not shown an improvement in

tendon healing with the use of PRP. Weber et al. presented a study showing no

differences in a randomized controlled study (Weber et al., presented at the
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American Shoulder and Elbow Surgeons Open Meeting, 2010). Jo et al. performed

a level 2 study which also demonstrated no clinical difference [89]. There was a

lower re-tear rate in the treated group, but the difference was not statistically

significant. Randelli et al., in a follow-up study of 2 years, showed improvement

in pain scores at early timepoints; however, the differences did not persist at longer

timepoints and there was no benefit of PRP application in larger tears [90].

Castricini et al. also showed no difference in outcome scores or tendon integrity

based on MRI [91]. Bergeson et al. showed no benefit of fibrin matrix in a

prospective study [92]. Alternatively, there is one recent human study which

showed that the application of PRP fibrin matrix resulted in better healing of rotator

cuff tears measuring less than 3 cm [93]. However, there were no differences in

clinical outcomes. Taken together, these studies shed concern over the potential

applicability of PRP for rotator cuff repair in the clinical setting. Based on currently

available scientific information, there is no strong evidence to support its use.

12.8 Conclusions

The repair of the rotator cuff to its humeral head insertion presents a major

challenge due to the disparity in the properties of the two tissues. Healing of tendon

to bone is characterized by the formation of a fibrovascular scar and bone loss,

leading to a repaired attachment that is prone to rupture. Further complicating the

repair is the muscle degeneration that is typical in the retracted rotator cuff muscle

(s). Current surgical treatment techniques attempt to securely attach the torn tendon

to its bony footprint using an arthroscopic approach and a double-row suturing

technique. Future treatment approaches may include delivery of growth factors and/

or mesenchymal stem cells to stimulate regeneration of a fibrocartilaginous

insertion.

References

1. AAOS by group. The Burden of Musculoskeletal Disease in the U.S. (2011) American

Academy of Orthopedic Surgery, Rosemont, IL pp. 129–179

2. Reilly P, Macleod I, Macfarlane R, Windley J, Emery RJH (2006) Dead men and radiologists

don’t lie: a review of cadaveric and radiological studies of rotator cuff tear prevalence. Ann R

Coll Surg Engl 88:116–121

3. Galatz LM, Ball CM, Teefey SA, Middleton WD, Yamaguchi K (2004) The outcome and

repair integrity of completely arthroscopically repaired large and massive rotator cuff tears.

J Bone Joint Surg Am 86-A:219–224

4. Boileau P, Brassart N, Watkinson DJ, Carles M, Hatzidakis AM, Krishnan SG (2005)

Arthroscopic repair of full-thickness tears of the supraspinatus: does the tendon really heal?

J Bone Joint Surg Am 87:1229–1240

12 Soft Tissue to Bone Healing in Rotator Cuff Repair 273



5. Kamath G, Galatz LM, Keener JD, Teefey S, Middleton W, Yamaguchi K (2009) Tendon

integrity and functional outcome after arthroscopic repair of high-grade partial-thickness

supraspinatus tears. J Bone Joint Surg Am 91:1055–1062

6. Soslowsky LJ, Carpenter JE, Bucchieri JS, Flatow EL (1997) Biomechanics of the rotator cuff.

Orthop Clin North Am 28:17–30

7. Kumagai J, Sarkar K, Uhthoff HK, Okawara Y, Ooshima A (1994) Immunohistochemical

distribution of type I II and III collagens in the rabbit supraspinatus tendon insertion. J Anat

185(pt 2):279–284

8. Shaw HM, Benjamin M (2007) Structure-function relationships of entheses in relation to

mechanical load and exercise. Scand J Med Sci Sports 17:303–315

9. Benjamin M, Evans EJ, Copp L (1986) The histology of tendon attachments to bone in man.

J Anat 149:89–100

10. Thomopoulos S, Williams GR, Gimbel JA, Favata M, Soslowsky LJ (2003) Variation of

biomechanical, structural, and compositional properties along the tendon to bone insertion site.

J Orthop Res 21:413–419

11. Galatz LM, Sandell LJ, Rothermich SY, Das R, Mastny A, Havlioglu N, Silva MJ,

Thomopoulos S (2006) Characteristics of the rat supraspinatus tendon during tendon-to-bone

healing after acute injury. J Orthop Res 24:541–550

12. Thomopoulos S, Hattersley G, Rosen V, Mertens M, Galatz L, Williams GR, Soslowsky LJ

(2002) The localized expression of extracellular matrix components in healing tendon inser-

tion sites: an in situ hybridization study. J Orthop Res 20:454–463

13. W€urgler-Hauri CC, Dourte LM, Baradet TC, Williams GR, Soslowsky LJ (2007) Temporal

expression of 8 growth factors in tendon-to-bone healing in a rat supraspinatus model.

J Shoulder Elbow Surg 16:S198–S203

14. Carpenter JE, Thomopoulos S, Flanagan CL, DeBano CM, Soslowsky LJ (1998) Rotator cuff

defect healing: a biomechanical and histologic analysis in an animal model. J Shoulder Elbow

Surg 7:599–605

15. Edelstein L, Thomas SJ, Soslowsky LJ (2011) Rotator cuff tears: what have we learned from

animal models? J Musculoskelet Neuronal Interact 11:150–162

16. ColemanSH,Fealy S, Ehteshami JR,Macgillivray JD,AltchekDW,WarrenRF,TurnerAS (2003)

Chronic rotator cuff injury and repair model in sheep. J Bone Joint Surg Am 85-A:2391–2402

17. Derwin KA, Baker AR, Codsi MJ, Iannotti JP (2007) Assessment of the canine model of

rotator cuff injury and repair. J Shoulder Elbow Surg 16:S140–S148

18. Gerber C, Schneeberger AG, Perren SM, Nyffeler RW (1999) Experimental rotator cuff repair.

A preliminary study. J Bone Joint Surg Am 81:1281–1290

19. Lafosse L, Brozska R, Toussaint B, Gobezie R (2007) The outcome and structural integrity of

arthroscopic rotator cuff repair with use of the double-row suture anchor technique. J Bone

Joint Surg Am 89:1533–1541

20. ProvencherMT,Kercher JS, Galatz LM, ElattracheNS, FrankRM, Cole BJ (2011) Evolution of

rotator cuff repair techniques: are our patients really benefiting? Instr Course Lect 60:123–136

21. Tashjian RZ, Hollins AM, Kim H-M, Teefey SA, Middleton WD, Steger-May K, Galatz LM,

Yamaguchi K (2010) Factors affecting healing rates after arthroscopic double-row rotator cuff

repair. Am J Sports Med 38:2435–2442

22. Keener JD, Wei AS, Kim HM, Paxton ES, Teefey SA, Galatz LM, Yamaguchi K (2010)

Revision arthroscopic rotator cuff repair: repair integrity and clinical outcome. J Bone Joint

Surg Am 92:590–598

23. Harryman DT, Mack LA, Wang KY, Jackins SE, Richardson ML, Matsen FA (1991) Repairs

of the rotator cuff. Correlation of functional results with integrity of the cuff. J Bone Joint Surg

Am 73:982–989

24. Lichtenberg S, Liem D, Magosch P, Habermeyer P (2006) Influence of tendon healing after

arthroscopic rotator cuff repair on clinical outcome using single-row Mason-Allen suture

technique: a prospective, MRI controlled study. Knee Surg Sports Traumatol Arthrosc

14:1200–1206

274 L.M. Galatz



25. Oh JH, Kim SH, Kang JY, Oh CH, Gong HS (2010) Effect of age on functional and structural

outcome after rotator cuff repair. Am J Sports Med 38:672–678

26. Liu X, Manzano G, Kim HT, Feeley BT (2011) A rat model of massive rotator cuff tears.

J Orthop Res 29:588–595

27. Cheung S, Dillon E, Tham S-C, Feeley BT, Link TM, Steinbach L, Ma CB (2011) The

presence of fatty infiltration in the infraspinatus: its relation with the condition of the

supraspinatus tendon. Arthroscopy 27:463–470

28. Zingg PO, Jost B, Sukthankar A, Buhler M, Pfirrmann CWA, Gerber C (2007) Clinical and

structural outcomes of nonoperative management of massive rotator cuff tears. J Bone Joint

Surg Am 89:1928–1934

29. Kim HM, Dahiya N, Teefey SA, Keener JD, Galatz LM, Yamaguchi K (2010) Relationship of

tear size and location to fatty degeneration of the rotator cuff. J Bone Joint Surg Am

92:829–839

30. Kim HM, Galatz LM, Lim C, Havlioglu N, Thomopoulos S (2011) The effect of tear size and

nerve injury on rotator cuff muscle fatty degeneration in a rodent animal model. J Shoulder

Elbow Surg 61(4):613–621

31. Fuchs B, Gilbart MK, Hodler J, Gerber C (2006) Clinical and structural results of open repair

of an isolated one-tendon tear of the rotator cuff. J Bone Joint Surg Am 88:309–316

32. Jost B, Zumstein M, Pfirrmann CWA, Gerber C (2006) Long-term outcome after structural

failure of rotator cuff repairs. J Bone Joint Surg Am 88:472–479

33. Galatz LM, Silva MJ, Rothermich SY, Zaegel MA, Havlioglu N, Thomopoulos S (2006)

Nicotine delays tendon-to-bone healing in a rat shoulder model. J Bone Joint Surg Am

88:2027–2034

34. Baumgarten KM, Gerlach D, Galatz LM, Teefey SA, Middleton WD, Ditsios K, Yamaguchi K

(2010) Cigarette smoking increases the risk for rotator cuff tears. Clin Orthop Relat Res

468:1534–1541

35. Beason DP, Abboud JA, Kuntz AF, Bassora R, Soslowsky LJ (2011) Cumulative effects of

hypercholesterolemia on tendon biomechanics in a mouse model. J Orthop Res 29:380–383

36. Abboud JA, Kim JS (2010) The effect of hypercholesterolemia on rotator cuff disease. Clin

Orthop Relat Res 468:1493–1497

37. Cohen DB, Kawamura S, Ehteshami JR, Rodeo SA (2006) Indomethacin and celecoxib impair

rotator cuff tendon-to-bone healing. Am J Sports Med 34:362–369

38. Bedi A, Fox AJS, Harris PE, Deng X-H, Ying L, Warren RF, Rodeo SA (2010) Diabetes

mellitus impairs tendon-bone healing after rotator cuff repair. J Shoulder Elbow Surg

19:978–988

39. Chung SW, Oh JH, Gong HS, Kim JY, Kim SH (2011) Factors affecting rotator cuff healing

after arthroscopic repair: osteoporosis as one of the independent risk factors. Am J Sports Med

39:2099–2107

40. Cadet ER, Vorys GC, Rahman R, Park S-H, Gardner TR, Lee FY, Levine WN, Bigliani LU,

Ahmad CS (2010) Improving bone density at the rotator cuff footprint increases supraspinatus

tendon failure stress in a rat model. J Orthop Res 28:308–314

41. Ahmad CS, Stewart AM, Izquierdo R, Bigliani LU (2005) Tendon-bone interface motion in

transosseous suture and suture anchor rotator cuff repair techniques. Am J Sports Med

33:1667–1671

42. Pauly S, Fiebig D, Kieser B, Albrecht B, Schill A, Scheibel M (2011) Biomechanical

comparison of four double-row speed-bridging rotator cuff repair techniques with or without

medial or lateral row enhancement. Knee Surg Sports Traumatol Arthrosc 19:2090–2097

43. Park MC, Elattrache NS, Tibone JE, Ahmad CS, Jun B-J, Lee TQ (2007) Part I: footprint

contact characteristics for a transosseous-equivalent rotator cuff repair technique compared

with a double-row repair technique. J Shoulder Elbow Surg 16:461–468

44. Park MC, Tibone JE, Elattrache NS, Ahmad CS, Jun B-J, Lee TQ (2007) Part II: biomechani-

cal assessment for a footprint-restoring transosseous-equivalent rotator cuff repair technique

compared with a double-row repair technique. J Shoulder Elbow Surg 16:469–476

12 Soft Tissue to Bone Healing in Rotator Cuff Repair 275
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Chapter 13

Soft Tissue-to-Bone Healing in Anterior

Cruciate Ligament Reconstruction

John M. Solic and Scott A. Rodeo

13.1 Introduction

The anterior cruciate ligament (ACL) acts as the primary restraint to anterior

translation of the tibia and is a secondary restraint to varus and valgus stress [1, 2].

It is estimated that 800,000 ACL tears occur annually in the USA, with the majority

occurring in individuals 15–30 years of age; however, this number may rise if

activity levels of middle aged patients increase. Nonoperative treatment of ACL

ruptures in patients with high activity levels leads to high levels of functional knee

instability, as well as meniscal and cartilage injuries [3–5]. The most common

treatment for ACL tears in active patients is reconstruction with intra-articular

grafts. ACL reconstruction is reliably able to improve knee stability and reduce

the incidence of subsequent meniscus tears [6–9]. However graft failure remains a

challenge in ACL reconstruction with failure rates ranging from 5 to 27% [7, 10, 11].

The ideal graft choice for ACL reconstruction remains controversial. The ideal

graft should have structural properties similar to the native ACL and should allow

secure early fixation, rapid biologic incorporation, and minimal donor site morbidity.

Graft options include autograft and allograft donor tissue. Autograft options include

the patellar, hamstring, and quadriceps tendons. Allograft options include patellar,

hamstring, quadriceps, achilles, and anterior and posterior tibialis tendons. Selection

of a graft is complex and includes factors such as patient age and activity level,

comorbidities, history of previous surgery and graft harvest, and future demand.
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Regardless of graft choice, successful ACL reconstruction relies on incorporation of

the graft into the bone tunnel. All graft choices except patellar tendon grafts require

tendon-to-bone healing within one or both bone tunnels.

13.2 Biology of Normal Tendon-to-Bone Attachments

The attachment of tendon to bone represents a unique biologic and biomechanical

challenge. There is a significant difference between the stiffness of the tendon and

bone, which creates a high level of stress at their interface. In native tendon-to-bone

attachments, this mismatch is dampened by the presence of a unique zone of

transitional tissue at the enthesis. This transitional zone acts to transfer stress

between tendon and bone by graduated change in the structure, composition, and

mechanical properties [12].

Two types of entheses exist: direct and indirect insertions. Direct insertions

(fibrocartilagenous entheses) have tendon fibers that pass directly into the cortex

over a small surface area. The superficial fibers insert into the periosteum and deep

fibers attach to bone at right angles or tangentially [13]. The microscopic structure

of direct insertions consists of four zones with gradual transitions between each

zone (Fig. 13.1). These zones include: tendon, uncalcified fibrocartilage, calcified

Fig. 13.1 Photomicrographs showing the (a) Safranin O staining, (b) Hematoxylin & Eosin

staining, and (c) polarized microscopic image of the direct tendon-to-bone insertion. Note the

gradual transition of the four zones at the direct tendon-to-bone insertion. Magnification �20; B
bone; CFC calcified fibrocartilage; UCFC uncalcified fibrocartilage; T tendon (reproduced, with

permission, from ref. [13])
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fibrocartilage, and bone. There is a tidemark representing the mineralization front

between the calcified and uncalcified fibrocartilage zones. This gradual change in

tissue composition and biomechanical properties is believed to allow more efficient

load transfer between tendon and bone. Examples of direct insertions include: the

ACL, achilles tendon, patellar tendon, rotator cuff, and femoral insertion of the

medial collateral ligament (MCL).

Indirect insertions (fibrous entheses) include the tibial insertion of the MCL and

the deltoid insertion on the humerus. There is no fibrocartilage transitional zone and

the tendon fibers pass obliquely along the surface and insert over a broader area via

Sharpey’s fibers [13, 14]. In this way, the tendon collagen fibers become continuous

with the underlying bone.

13.3 Tendon Graft-to-Bone Healing in ACL Reconstruction

Healing of a tendon graft in a bone tunnel following ACL reconstruction takes place

in four phases: inflammatory phase, proliferative phase, matrix synthesis, and

matrix remodeling (Fig. 13.2). The inflammatory phase begins shortly after graft

implantation. There is recruitment of inflammatory cells and marrow-derived stem

cells to the tendon graft interface as early as 4 days [15]. These inflammatory cells

release cytokines and growth factors including transforming growth factor (TGF)-

beta and platelet-derived growth factor (PDGF). These cytokines may contribute to

the formation of a fibrous scar tissue interface between the bone and tendon graft

[15]. There is also an ingrowth of blood vessels and nerves that may be due to

growth factor stimulation or hypoxia [16, 17]. The graft is covered by a vascular

synovial envelope by 6 weeks and the intrinsic vasculature matures gradually for at

least 5–6 months [18].

The acute inflammatory phase is followed by a period of proliferation of the

inflammatory and marrow-derived stromal cells. In the matrix synthesis phase, a

provisional matrix consisting of type III collagen and some type I collagen is

deposited. This is subsequently degraded by matrix metalloproteinases (MMPs)

and serine proteases, and new matrix with progressive bony ingrowth is deposited.

During matrix remodeling, the graft, interface tissue, and new bone remodel to

create a collagen fiber attachment between the graft and host bone [19, 20].

In the normal uninjured ACL, the transition zone is a direct type insertion with a

fibrocartilagenous interface. The nature of the healing attachment between the

tendon graft and bone tunnel is debatable, with animal models demonstrating

both direct and indirect types of insertions. Some animal studies have demonstrated

chondrocytes present at the graft bone interface early in the healing process

[21–24]. Other studies have demonstrated an indirect attachment with the presence

of Sharpey’s collagen fibers at the interface (Fig. 13.3) [25–28].

In a dog model, Rodeo et al. evaluated the progression of collagen fiber conti-

nuity between the graft and host bone [25]. At 2 weeks, the earliest time point of

sectioning, there was evidence of a highly cellular, fibrous interface tissue between
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Fig. 13.2 Schematic of basic

phases of tendon graft-to-

bone healing in animal

models

Fig. 13.3 Histological section of bone-graft interface. Present were the Sharpey’s-like fibers

(arrows) anchoring the soft tissue graft (G) to the bone tunnel (B) after 12 weeks of healing in a

goat model. The presence of these fibers correlates with the interface strength (Hematoxylin &

Eosin stain �20) (reproduced, with permission, from ref. [31])



the tendon and bone along the length of the bone tunnel. The authors noted

progressive maturation of this interface over time. By 12 weeks, Sharpey’s fibers

were clearly present at the interface. At the 2, 4, and 8-week time points, the

specimens failed by pullout of the tendon from the bone tunnel. However, at 12

and 26 weeks, all specimens failed by pullout of the tendon from the loading

apparatus or midsubstance rupture. This progressive strength was accompanied

by increasing amounts of bone ingrowth and mineralization. Other animal studies

have also demonstrated that the mechanical strength of the tendon-to-bone interface

can be correlated to the degree of bony ingrowth, mineralization, and maturation of

the provisional tissue [29, 30].

The degree of healing and Sharpey’s fiber presence between the graft and host

bone is not uniform circumferentially along the length of the tunnels [13, 20, 24,

26, 32]. The reasons for this variation are not known, but it may be related to

differences in the mechanical and biologic environments at different points along

the graft. The graft, along its course, may see different degrees of micromotion as

well as different morphologic types of bone with varying capacities to influence

ingrowth into the graft. Both rabbit and rat models have demonstrated that healing

within the tibial tunnel, as determined by histologic analysis, was inferior compared

to the femoral tunnel [19, 33]. It has been suggested that this may be related to the

observation that the femoral aspect of the graft is exposed along its length to

cancellous bone, but the tibial tunnel has dense cancellous bone only at the segment

closest to the articular portion of the graft. This postulation is supported by a study

using a rabbit model that showed better healing when the graft was inserted into a

cancellous bone tunnel vs. a marrow-filled space [34].

13.4 Factors Affecting Graft Healing in ACL Reconstruction

13.4.1 Graft Source

Allografts have become a viable option for ACL reconstruction and provide some

potential advantages compared to autograft, including decreased surgical time and

the elimination of donor site morbidity [35]. Shino et al. [36] showed in a dog

model that there were no differences in revascularization, mesenchymal cell infil-

tration, and remodeling between deep frozen patellar tendon allograft and autograft.

The mean maximal tensile strength was similar at 30 weeks. Nikolaou et al. also

found no differences in the histology and revascularization of patellar tendon

autografts and allografts in a dog model [37]. The ultimate load-to-failure and

stiffness were similar between both graft types and reached 90% of control ligament

strength by 36 weeks.

Several other studies have found significant differences in the biomechanical

and histologic properties of allografts vs. autografts. In a goat model, comparing

bone-tendon-bone autograft to deep frozen allograft, the autograft group had
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increased density and number of small diameter collagen fibrils. At 6 months, the

autograft group also had higher ultimate load-to-failure and less anterior tibial

translation [38]. In a dog model evaluating fresh soft tissue allograft and autograft

at 6 months, the autograft group demonstrated a more organized four-layer insertion

site compared to a less organized site in the allograft group [39].

Most of the studies using animal models to compare allograft vs. autograft use

different processing and sterilization techniques, different graft tissues, and different

methods of evaluating histologic and mechanical properties. This makes drawing

comparisons between studies difficult.

13.4.2 Graft Fixation Techniques

Graft fixation is a critical aspect of ACL reconstruction. Biomechanical testing has

shown that graft materials have higher initial strength than the native ACL [40–42].

However, multiple studies have shown that by 6 weeks after graft transplantation,

the strength of the graft material is significantly decreased due to the intrinsic

remodeling that takes place within the graft [43, 44]. Therefore, prior to “biologic

fixation” by graft incorporation, the initial mechanical fixation must be secure

enough to allow for early rehabilitation in the first 3 months, which can produce

forces of 450–500 N [45].

There are several different fixation techniques that can be used for initial fixation

of soft tissue grafts (Fig. 13.4). These devices can broadly be divided into suspen-

sory (fixation achieved outside the tunnel) and intra-tunnel (fixation achieved

within the bone tunnel). Multiple biomechanical studies have evaluated the initial

strength of these various devices; however, direct comparisons are difficult due to

the wide variation in fixation and testing methods in these studies.

Even less is known about the influence of these various fixation devices on the

biologic incorporation of soft tissue grafts. In a sheep model, Weiler et al. evaluated

Fig. 13.4 Left: Tibial side soft tissue devices. A: WasherLoc, B: spiked washer, C: Intrafix, D:

BioScrew, E: SoftSilk, F: SmartScrew. Right: Femoral side soft tissue fixation devices. A:

EndoButton, B: Bone Mulch Screw, C: RigidFix, D: Bioscrew, E: RCI Screw, F: SmartScrew

(Left panel reproduced, with permission, from ref. [46]. Right panel reproduced, with permission,

from ref. [47].)
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graft-tunnel healing using an Achilles tendon autograft fixed with a biodegradable

poly-(D, L-lactide) interference screw [22]. They found that at 6 weeks only a partial

interstitial fibrous zone existed between the graft and bone tunnel. At 24 weeks, all

specimens had a tunnel entrance site that resembled a normal appearing ligament

attachment site with a bony bridge between the intra-tunnel graft and the insertion

site. At 52 weeks, the insertion site showed the normal four zones associated with

direct tendon-to-bone attachments.

Despite this encouraging result, in their biomechanical analysis the authors

found that in the early postoperative period the mechanical properties of the graft

were significantly decreased [48]. There was no graft pullout after 24 weeks,

suggesting that long-term fixation was not compromised. Other authors have

also found similar decreases in early load-to-failure of soft tissue grafts fixed

with bio-absorbable interference screws and better early fixation strength with

suspensory fixation [49, 50]. The clinical implications of these findings are not

clear, as a recent meta-analysis suggested that fixation of hamstring grafts with

interference screws on the femoral side may be associated with a lower rate of

clinical failures [51]. However, there is a general tendency for many surgeons to

recommend a less aggressive rehabilitation protocol and timeline with the use

of soft tissue-only grafts.

13.4.3 Bone Tunnel Properties

Although not supported by strong basic science data, it is generally thought that

increasing the amount of graft in the tunnel and making the fit as tight as possible

increase the security of tunnel healing. In an extra-articular canine model, Greis

et al. demonstrated a statistically significant increase in load-to-failure with an

intraosseous graft length of 2 cm vs. 1 cm [52]. Additionally, a tighter fit of the

graft in a 4.2 mm diameter tunnel also had a significantly higher load-to-failure

compared to a 6 mm diameter tunnel.

Other studies have questioned the need for a snug (“line-to-line”) graft fit and for

maximizing intraosseous length. In an intra-articular canine model, a tunnel diam-

eter difference of 2 mm on the tibial side did not influence ultimate load-to-failure

[53]. Using the same model to evaluate the effect of intraosseous graft length, it was

shown that with 5 mm of intraosseous graft vs. 15 mm there was no difference in

histological and biomechanical parameters of graft healing at 6 weeks [54]. How-

ever, in an intra-articular goat model, reconstructions with 15 mm of intraosseous

graft resulted in significantly more anterior translation at 6 weeks vs. those with

25 mm of intraosseous graft [55]. At 12 weeks, there were no significant differences

with respect to anterior translation, in situ forces, stiffness, ultimate failure load,

and ultimate stress.
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13.4.4 Tunnel Position

The ideal position of tunnel placement is an important and highly debated topic in

current ACL reconstruction. Despite no universal consensus on the optimal tunnel

position or method of achieving it, tunnel misplacement is generally accepted to

be one of the main causes of failure of ACL reconstruction [56–58]. Several

biomechanical lab studies have shown that graft placement in a position closer to

the anatomic footprint results in better initial biomechanical stability and knee

kinematics [59–61]. There is also data that supports that separately reconstructing

the two functional bundles of the ACL (anteromedial and posterolateral) better

reproduces native knee kinematics and provides superior clinical results [62–68].

Much less is known about the effect of tunnel position and single vs. double bundle

reconstruction on graft healing and incorporation.

In an extra-articular rabbit model, a soft tissue graft was placed perpendicular to

the tibia to create an aperture with compressive forces on one side and tensile forces

on the other side [69]. The tensile end showed more abundant Sharpey’s fibers early

and a direct type insertion with four zones after 6 months. On the compressive side,

there was chondroid formation and woven bone at the tendon-bone interface. In an

intra-articular goat model, Ekdahl et al. [70] evaluated the effects of two nonana-

tomic reconstructions and one anatomic reconstruction of one of the two bundles of

the native ACL. The anatomic tunnel placement group had less tibial tunnel enlarge-

ment and fewer osteoclasts within both the tibial and femoral tunnels. There was also

more vascularity, which has been previously shown to correlate with graft strength

[71] on the femoral side. Biomechanically, the anatomic reconstruction group had

less tibial translation and lower in situ forces than the nonanatomic tunnel groups.

13.4.5 Graft-Tunnel Motion and Rehabilitation

The effect of graft motion and subsequent mechanical loading during the healing

process is a complex interaction that is not fully understood. In their normal state,

ligaments and tendons show sensitivity to variable mechanical demands and tend to

demonstrate an increase in tensile modulus in response to increasing loads. Stress

deprivation has also been shown to be associated with a decline in mechanical

properties [30, 72–75]. It is also well known that bone is sensitive to variable

mechanical loads. Stress deprivation leads to decreased bone mineral density and

resorption while increasing loads stimulate increased bone formation and improved

mechanical properties [76–78].

It is less clearly known how mechanical loads affect tendon-to-bone healing in

the setting of tendon repair and ligament reconstruction. In a canine flexor tendon

model, Thomopoulos et al. found that muscle loading significantly improved

biomechanical properties compared with unloaded repairs [75]. In contrast, the

same group found that early exercise after rotator cuff repair in a rat model led to a

diminished healing response compared to a group that was immobilized [74].
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Animal models of ACL reconstruction have also shown variable effects of early

loading on graft healing. In a rabbit model, Sakai et al. showed that histologic graft

incorporation and graft load-to-failure were improved in animals that were

immobilized vs. a group that was allowed normal cage activity postoperatively [79].

Rodeo et al. showed an inverse relationship between graftmotion in different locations

of the bone tunnel and histologicmarkers of healing [32]. Using a ratmodel, Bedi et al.

evaluated the effects of cyclical axial loading producing approximately 2% strain

performed at various time points [80]. Animals were assigned to immobilization or

loading immediately, on postoperative day 4, or on postoperative day 10. The delayed

loading groups demonstrated improved mechanical and biologic healing parameters

including increased load-to-failure, increased new bone formation inside the bone

tunnel, higher levels of anabolic ED2+ macrophages and reduced tendon-bone inter-

face fibrous tissue, catabolic ED1+ macrophages, and osteoclasts (Fig. 13.5). The

authors hypothesized that the application of physiologic loadsmay bemost effective if

initiated after resolution of the acute inflammatory reaction to surgical trauma.

Fig. 13.5 Immunohistochemical staining for ED1+ macrophages on axial section of the tibial

tunnel from animals subjected to (a) immediate loading and (b) delayed loading. The delayed-

loading specimen demonstrates significantly reduced quantity of catabolic ED1+ macrophages. A

similar finding of decreased number of osteoclasts, identified by tartrate-resistant acid phosphatase

(TRAP) staining, is noted in the delayed loading specimen (d) vs. the immediate loading specimen

(c) (adapted, with permission, from ref. [80])
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The significance and translation of these findings to clinical practice is yet to be

determined. There is data to support that early aggressive rehabilitation protocols

may contribute to tunnel enlargement and theoretically more stress at the tendon-

bone interface [81, 82]. There is also good data supporting early motion, early

weight bearing, and closed chain kinetic exercises in successful ACL rehabilitation

protocols [83–87]. More studies are needed to understand how different postopera-

tive rehabilitation protocols influence biologic healing and clinical outcomes.

13.5 Techniques for Improving Graft Healing

The slower and more variable rates of incorporation of tendon grafts used in ACL

reconstruction have generated a strong interest in strategies to augment and improve

the healing process. These include growth factors, biomaterial augmentation,

biologic modulation, cell therapy, biophysical modalities, and gene therapy [13].

13.5.1 Growth Factors

Bone formation is critical for tendon graft-to-bone healing and the addition of

growth factors has been shown to improve the graft healing process. In a sheep

model, PDGF increased vascular density and collagen fibril number at 6 and 12

weeks and increased load-to-failure at 6 weeks [88]. In an intra-articular canine

model, transforming growth factor-b1 (TGF-b1) improved the density of perpen-

dicular collagen fibrils and load-to-failure vs. controls [89].

In a rabbit model, Anderson et al. used a type I collagen sponge carrier that

contained a mixture of bovine bone-derived bone morphogenetic protein (BMP)-2,

BMP-7, TGF-b1, TGF-b2, TGF-b1, and fibroblastic growth factor [90]. Compared

to controls, the treatment group had significantly higher load-to-failure values and

more extensive new bone and cartilage formation at the graft bone interface. Other

growth factors including vascular endothelial growth factor (VEGF) [91] and

granulocyte colony stimulating factor [92] have shown improved histological

and biomechanical properties when introduced at the tendon-bone interface.

13.5.2 Biomaterials

Calcium phosphate has a chemical composition similar to bone and has been used as

a bone void filler and osteoconductive material in the setting of fractures with bone

loss. These properties make it an attractive option as an augment to the tendon-bone

interface to encourage bone formation and inhibit fibrous tissue deposition.

Various forms have been investigated in lab studies and show encouraging early
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results. These include integrating the calcium into the tendon graft [24], injectable

tricalcium phosphate [93], hydroxyapatite (HA) cement [94], HA powder in

collagen gel [95], and magnesium-based bone adhesive [96].

Another scaffold that has been studied extensively is the periosteum.

Periosteum contains multipotent mesodermal cells, chondroprogenitor, and

osteoprogenitor cells [97–100]. Periosteum-enveloped grafts have been shown

to have improved histologic and biomechanical parameters [101]. There has

been some clinical experience with periosteum graft augmentation. Robert and

Es-Sayeh used a periosteal flap harvested from the superior and medial

metaphysis of the tibia and wrapped it around the proximal aspect of the four-

strand graft near the outlet of the femoral tunnel [102]. The augmented group

demonstrated a significant reduction in enlargement of the articular side of the

tunnel. In a prospective case series, Chen et al. reported good clinical results as

measured by instrumented laxity, Lysholm, and International Knee Documenta-

tion Committee scores in 62 patients who were evaluated at 2 years after recon-

struction with hamstring graft augmented with periosteum [103]. The same group

published a larger series of 312 patients with a similar graft technique and good

clinical objective and subjective outcomes at mean follow-up of 4.6 years [104].

It is important to note that none of these series had a control group of standard

hamstring ACL reconstruction for comparison.

13.5.3 Cell and Gene Therapy

The concept of using periosteum as a natural source of delivering progenitor cells to

the tendon-bone interface has been expanded to include the delivery of various cell

types through many different mechanisms. Chen et al. used a hydrogel with

photoencapsulated periosteal progenitor cells and BMP-2 to improve histologic

healing, pullout strength, and stiffness in a rabbit ACL reconstruction model [105].

Others have used autologous mesenchymal stem cells [23, 106, 107], synovial

mesenchymal stem cells [108], and bone marrow aspirates [109] to demonstrate

improved graft-tunnel healing.

One of the limitations of direct delivery of growth factors and biomaterials is the

inability to provide a sustained and prolonged exposure. This challenge may be able

to be met with advancements in gene therapy. Martinek et al. used a tendon graft

infected with adenovirus-BMP-2 gene to significantly improve histologic healing

parameters as well as stiffness and ultimate load-to-failure [110]. Wang et al.

demonstrated similar results using a plasmid cytomegalovirus BMP-2 delivery

system in a rabbit model [111]. While promising, gene therapy techniques have

additional safety and regulatory issues that add complexity to their transition into

clinical practice.
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13.5.4 Biologic Modulation

Opportunities exist for modulating several biologically active agents that have

been shown to play a role in the healing process after ACL reconstruction.

Following ACL injury [112] and reconstruction [113], the level of MMPs

increases in the intra-articular environment. In a rabbit model, the use of an

intra-articular injection of alpha-2-macroglobulin (a known MMP inhibitor)

after ACL reconstruction was evaluated [27]. The control group demonstrated

an increased concentration of intra-articular MMPs and less organized and vascu-

lar connective tissue at the bone-tendon interface. The treatment group had more

mature interface tissue, more Sharpey’s fibers between the graft and bone, and a

significantly higher load-to-failure at both 2 and 5 weeks.

Given that healing of the graft within the tunnel is dependent on bone ingrowth,

it is believed that excessive osteoclast activity within the tunnel may contribute to

bone resorption, tunnel widening, and poor healing. Rodeo et al. evaluated the

effects of osteoprotegerin (OPG), an inhibitor of osteoclast activity, and receptor

activator of nuclear factor-kappa B ligand [114], an osteoclast activator in a rabbit

ACL reconstruction model [115]. In the OPG-treated limbs, there were significantly

fewer osteoclasts and significantly more bone at the tendon-bone interface when

compared to controls and the receptor activator of nuclear factor-kappa B ligand

(RANKL)-treated limbs. The OPG group also had a smaller average tunnel area and

significantly increased stiffness compared to the RANKL group. Other techniques

of biomodulation, including macrophage inhibition [116] and enhanced angiogen-

esis using hyperbaric oxygen [117], have shown promise in improving histologic

and biomechanical parameters of graft healing.

13.5.5 Biophysical Modalities

Mechanical stimulation, electrical stimulation, pulsed electric magnetic fields, and

ultrasound therapy have been applied in various clinical settings to augment soft

tissue and fracture healing. Ultrasound therapy is a noninvasive mechanism of

delivering mechanical energy transcutaneously. It has been shown to promote

osteoblast proliferation and angiogenesis in the lab setting [118–120]. Clinically

it has been shown to accelerate delayed fracture healing and soft tissue repair [121,

122]. In an ovine ACL model, Walsh et al. demonstrated that low-intensity pulsed

ultrasound (LIPUS) could improve tendon osteointegration, vascularity, stiffness,

and peak load [71]. Furthermore, other studies have shown similar promise in

applying LIPUS to tendon-bone healing in animal models [123].
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13.5.6 Effect of Mechanical Load

Further information about the effect of mechanical load on healing between soft

tissue and bone may help identify methods to improve healing by modulating the

postoperative mechanical environment. It is likely that specific types and

magnitudes of mechanical loading, as well as specific timing, will affect healing.

Moreover, it is possible that “biologic augmentation” modalities, such as cytokines

and stem cells, will be affected by the concurrent mechanical environment. It is

clear that there is a complex interaction between biology and biomechanics. For

example, it may be found that exogenous agents to improve healing may be more

effective if applied after early tendon-to-bone healing has occurred. Further

investigations are required to expand our understanding of the complex interplay

between biomechanical factors and the cellular and molecular events in soft tissue

healing.

13.6 Conclusions

ACL reconstruction is a commonly performed procedure; given the demand of an

increasingly active middle-age population, its prevalence is likely to increase.

Essential to successful ACL reconstruction is biologic incorporation of the graft,

regardless of the type of graft or source. Basic science and clinical data suggests that

graft healing depends on many factors including but not limited to graft source, graft

fixation technique, tunnel position and bone quality, and timing and magnitude of

load applied during the rehabilitation period. The effects of changes in these

variables, as well as their interactions, are the subjects of ongoing investigation.

Recent data also suggest that modifying the graft healing process with growth

factors and biologic augmentation will have a role in improving ACL reconstruction

outcomes in the future.
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Chapter 14

Engineering Graded Tissue Interfaces

Neethu Mohan and Michael Detamore

14.1 Complexity at the Interface

Tissues in biological systems are arranged in discrete layers with gradient

interfaces, in which each layer has a definite role. Together they form a functional

organ. The interface has a complex structure with tissue-specific cell types, extra-

cellular matrix, biological signals, and mechanical properties. At the interface,

there is a well-defined pattern of chemical and physical gradients to enable a

smooth transition from one tissue to another with different functions. The impor-

tance of protein and chemical gradients during development, chemotaxis [1, 2],

capillary sprouting, wound healing [3–5], and axonal growth in nervous tissue [6] is

well documented. Developmental biologists have for many years known the impor-

tance of cell organization, boundaries, and interfaces between tissues in regulating

tissue development. The three-dimensional form of organisms is achieved through a

process called pattern formation. The general features of animal body plans are

initially laid out during embryogenesis in broad strokes. The differential fates are

specified along the rostral–caudal axis. During subsequent development, the cells

that make up the field itself are defined; further specific signaling centers are

established within the field, which serve to provide positional information; and

finally, cells differentiate in response to additional cues according to their already-

encoded positional information [7].

A similar patterning is present at tissue interfaces. The most widely studied

interfaces include cartilage–bone, ligament–bone, tendon–bone, tendon–ligament,

and dentin–enamel junctions. Transitions are observed in composition, architec-

ture, mechanical properties, and biological functions. The chemical gradients

constitute the gradient in extracellular matrix (ECM) proteins, growth factors,

and other biochemical components. The spatial localization and gradient length of
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these signals are integral to their function. A gradient is also observed in

physical properties such as stiffness, porosity, and topology. A gradual transition

in physico-chemical and biological properties is required to connect these

mechanically mismatched tissues for smooth coordination of their functions.

The cues present in the ECM guide major cellular processes such as cell–cell

interaction, proliferation, migration, and differentiation. Cells in turn interact and

remodel the surrounding ECM to maintain the respective tissue phenotype at

the interface.

Studies have also shown that tissue interfaces undergo gradual changes in their

properties with age and play important roles in diseases [8]. For example, the zone

of calcified cartilage forms the interface between cartilage and bone for transmit-

ting force, attaching cartilage to bone, and limiting diffusion of nutrients from

bone to the deep layers of cartilage [9]. The structure and the height of this

interface is a relatively constant percent of articular cartilage. The permeability

of the bone–cartilage interface to water and solutes varies with age [10].

Advancement of the calcified region toward the articular surface is observed

with age and has been associated with traumatic osteochondral defects [11] and

in diseases like osteochondritis dissecans (OCD) and osteoarthritis [12] that affect

both the articular cartilage and bone. Damage to interfaces affects the function of

two integrated tissues and efforts to restore the interface using artificial implants

have not been successful to a great extent. Tissue engineering offers a promising

approach to recreate the interface using a combination of tissue-specific cells,

three-dimensional scaffolds, and biological signals. In vitro engineering of

these gradient interfaces requires creation of biomimetic materials with controlled

spatial and temporal features to direct cell response, tissue formation, and tissue

function.

14.2 Major Tissue Interfaces

14.2.1 Cartilage–Bone Interface

Cartilage is a smooth, white, glistening tissue that lines diarthroidal joints and

helps in the very low friction movement of joints and in resisting compression. It

is a highly hydrated, avascular, aneural tissue, consisting of chondrocytes dis-

persed in an interpenetrating network of type II collagen and proteoglycans. Bone,

on the other hand, is a highly organized rigid connective tissue composed of

osteoclasts, osteocytes, and osteoblasts with abundant intercellular matrix in the

form of type I collagen fibers and stiffening inorganic substances. The articular

cartilage–bone transitional junction possesses a complex, zonal architecture that

varies in composition, structure, and biomechanical properties to allow for

smooth transition from articulation at the joint surface to rigid attachment at the

subchondral bone. This strong and stable interface, termed the “tidemark”, is
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characterized by an undulating basophilic band. A major contributing factor to

the stability of this interface is the smooth compositional transition from

un-mineralized cartilage to mineralized bone. This continuous interface has a

gradual increase in calcium phosphate mineral content from 0 to 75% across the

zone from articular cartilage to subchondral bone. The collagen fibrils extend

across this tidemark, ensuring a continuous organic phase [13, 14]. The arrange-

ment of hypertrophic chondrocyte cells, type X collagen, and the orientation of

collagen fibrils form a definite pattern at the interface. The height of the interface

is maintained by a balance between the progression of the tidemark into the un-

mineralized cartilage and changing into bone by vascular invasion and bony

remodeling. The permeability of this interface to nutrients varies with age.

The interface plays an important role in diseases affecting both bone and

cartilage. Osteochondral defects due to traumamay lead to necrosis of chondrocytes,

loss of proteoglycans, and empty lacunae in the subchondral bone with multiple

extensive fracture lines through the zone of calcified cartilage. An osteochondral

defect is a lesion that initiates in the subchondral bone that leads to separation

and instability of the overlying articular cartilage [15]. The zone of calcified

cartilage that is quiescent in adults gets reactivated in osteoarthritis and progres-

sively calcifies the un-mineralized cartilage. This might contribute to cartilage

thinning, which would increase the intensity of forces across the uncalcified carti-

lage, leading to more damage. Moreover, parallel cracks at the tidemark would

result from the shear forces at the interface [16]. The horizontal splitting was

found at increasing frequency with increased age and degree of osteoarthritic

involvement [12].

14.2.2 Ligament–Bone/Tendon–Bone Interface

This tissue interface exhibits a multi-tissue transition consisting of four distinct,

continuous regions of ligament, un-mineralized fibrocartilage, mineralized

fibrocartilage, and lamellar bone [17]. The insertion of ligaments or tendons

into bone is mainly achieved through a fibrocartilage interface. The non-

mineralized fibrocartilage matrix consists of ovoid chondrocytes and collagen

types I and II within the proteoglycan-rich matrix. The mineralized fibrocartilage

zone contains hypertrophic chondrocytes surrounded by a mineralized matrix and

type X collagen [17–19]. The fibrocartilage transformation from an un-

mineralized to a mineralized state adds significant insertional strength to the

interface and makes it highly resistant to avulsion. The gradient structure

eliminates high levels of stress at the interface, providing effective transfer of

mechanical load from tendon to bone [20]. An injured anterior cruciate ligament

(ACL) fails to regenerate the intervening fibrocartilage at the enthesis. Failure

rates for rotator cuff repair (which requires tendon to bone healing) have been

reported to be as high as 94% [21].

14 Engineering Graded Tissue Interfaces 301



14.3 Regenerative Medicine Strategies to Engineer

Tissue Interfaces

Regeneration is defined as restoration of a tissue/organ to normal function following

an injury. Tissue engineering aims to create a biological substitute to replace or

repair tissue function by combining cells, scaffolds, and signaling molecules. In vivo
tissue engineering offers a tremendous advantage over traditional in vitro
approaches in that a functional tissue is fully integrated within the host physiology

by allowing cells to grow in an environment that physically and chemically repre-

sents the microenvironment of the damage and repair process. Engineering connec-

tive tissue interfaces is rather complex, as this requires combination of cells of

different phenotypes, scaffolds of different material types and physico-chemical

properties, and signals for different biological functions. The scaffolds aid in the

presentation of this information that includes a 3D template to form the tissue

structure, biological cues for cell adhesion, differentiation, and maturation. Differ-

ent approaches employed to regenerate tissue interfaces and fabricate biomimetic

scaffolds are briefly discussed in the following section.

14.3.1 Cells in Engineering Interfaces

The importance of cell–cell interactions for the formation of tissue interfaces have

been examined by coculturing cells relevant to the tissue types like fibroblasts,

osteoblasts and chondrocytes [22, 23] in specific 3D microenvironments. A study

by Jiang et al. [24] looked into the effect of coculture of chondrocytes and

osteoblasts for osteochondral regeneration. Their results indicated that

chondrocytes and osteoblasts supported the formation of a mineralized tissue within

the proteoglycan-collagen-rich matrix. A promising approach is to promote tissue

synthesis, derived from single source progenitor cells that will be differentiated in

the construct to chondrocytes and osteoblasts. A recent study by Cheng et al. [25]
created a stem cell-derived osteochondral interface using an interface-specific

microenvironment in 3D configuration, via multilayered cocultures. Mesenchymal

stem cells (MSCs) were encapsulated in collagen microspheres and differentiated to

chondrogenic and osteogenic functional units. These pre-differentiated functional

microspheres were aggregated to form a trilayer scaffold with chondrogenic

microspheres on top, osteogenic microspheres at the bottom, and an intermediate

undifferentiated layer of MSCs in collagen microspheres. The study identified

chondrogenic medium as the optimal medium for the culture of the trilayered

constructs that generated a continuous calcified interface with hypertrophic

chondrocytes and type X collagen. Coculture of cell types relevant to the interface

might enhance the integration of different tissues at the interface, but the use of

progenitor cells from a single source and differentiating them to respective

phenotypes in response to biological cues is a more promising approach.
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14.3.2 Engineering Graded Scaffolds: Why Are Graded
Structures Required?

Gradients in porosity, pore size, and mineral composition have functional

consequences with regard to stiffness, permeability, and biological activity in

tissues. These parameters are highly interrelated; a gradient in mineral content

and porosity results in a gradient in stiffness. Porosity and pore size have an effect

on permeability, while pore size and surface morphology are likely to influence

phenotypic expression. Studies have indicated that graded patterns of biologic

molecules were the driving force for migrating cells [26]. Gradients of secreted

signaling proteins were found to guide the growth of blood vessels during normal

and pathological angiogenesis [27]. Earlier attempts to engineer the osteo-

chondral interface used methods to fabricate independent layers and further

integrated the two components together by suturing or gluing [28, 29]. Fabrication

of bi/tri/multilayered scaffolds with distinct phases resulted in an abrupt or

discrete interface created by the joining of two materials [30]. There was a severe

lack of integration at the interface, limiting the biological performance of the

regenerated tissue. Consequently, investigators explored methods to construct

scaffolds with graded structures and better integration for a smooth transition of

properties at the interface. Malafaya and Reis [31] fabricated a chitosan-based

bilayered scaffold by a particle aggregation method where cross-linked chitosan

served as the chondrogenic layer and hydroxyapatite (HA) incorporated collagen

formed the osteogenic phase. HA was incorporated into collagen by random

assembly of particles. The cross-linking of collagen and the contact points of

adjacent HA particles formed the bonding sites, thereby creating a highly

interconnected network to overcome any risk of delamination. Ahn et al. [32]

designed a biphasic scaffold combining hyaluronic acid and atellocollagen for the

chondral (i.e., cartilage) phase and HA and beta-tricalcium phosphate for the

osseous (i.e., bone) phase. The two phases were freeze-dried together to create the

intermediate zone in which both the chondral phase and the osseous phase

coexisted. Thus scaffolds that can guide the chondrogenic and osteogenic differ-

entiation of cells in different regions of the same matrix were developed. Further-

more the challenge was in maintaining the appropriate chondrogenic and

osteogenic phenotypes under a single set of cell culture conditions [28, 33].

Spalazzi et al. [34] designed a triphasic scaffold system mimicking the multi-

tissue organization of the native ACL-to-bone interface. Polyglactin knitted mesh

sheets formed the ligament phase, PLGA microspheres were used for the un-

mineralized fibrocartilage interface, and PLGA microspheres with bioactive glass

formed the osteogenic phase. The three phases were further sintered to form the

trilayer scaffold. Osteoblasts seeded on the osteogenic phase and fibroblasts

seeded on the ligament phase migrated to PLGA microspheres to form a

fibrocartilage interface. The study pointed out that tissue-specific gene expression

was observed in each of these phases and cocultured scaffolds maintained a higher

degree of structural integrity than the acellular scaffolds.
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A continuously graded osteochondral construct that simultaneously regenerates

both cartilage and bone and promotes proper integration at the interface may be the

most promising way to firmly anchor a cartilage substitute to natural surrounding

tissues. Graded variations in extracellular matrix architecture and properties at the

tissue interface are nature’s solution for connecting mechanically mismatched

tissues. Creating chemical and material gradients to mimic the heterogeneity of

cellular environments may be beneficial for engineering of interfaces.

14.3.3 Gradients in Growth Factor Concentrations

Cells in developing organs and tissues have the ability to detect and respond to

various types of signaling gradients by chemotaxis [35] for viability, migration,

proliferation and differentiation. A variety of growth factors, like the members of

transforming growth factor (TGF)-b family and bone morphogenetic proteins

(BMPs) [36, 37], insulin-like growth factors (e.g., IGF-1) [38], and fibroblast

growth factors (FGFs) [39], have shown promising roles in the regeneration of

cartilage, bone, and ligament. Independent deliveries and cocktails of these growth

factors have been delivered through scaffolds at various dose and release regimes in

an attempt to optimize the engineered tissue growth [40–42]. Oh et al. fabricated

fibril-based scaffolds with increasing gradients of three different growth factors as a

tool to investigate the cell response to chemotaxis (Fig. 14.1). Cylindrical scaffolds

with a surface area gradient were fabricated by centrifugation of PCL/F127 fibers.

Growth factors were immobilized onto heparin that was further linked to these

fibers via hydrogen bonding [43].

The presence or absence of these signaling molecules, their relative amounts,

spatial arrangements, and the temporal sequence in which they are presented need

to be carefully examined while engineering interfaces. Wang et al. [44] reported
the use of a single concentration gradient or reverse gradient of (BMP-2) and

(IGF-1), encapsulated in microspheres for osteochondral tissue engineering. They

found that calcium deposition and osteogenic markers, Collagen I, and bone-

sialoprotein (BSP) showed a corresponding increase of transcription level along

the (BMP-2) gradient. The presence of the hypertrophic chondrogenic marker Col

X also showed an increasing trend along the gradient. The presence of (IGF-1)

enhanced the effect of (BMP-2) in inducing osteogenesis and chondrogenesis.

However not much has been discussed in detail about the structure of the

interfaces. Engineering dual tissues and their interfaces require coordinated

activity of multiple growth factors. This can involve cooperative or opposing

activities between the signals and cross-talk and reciprocal interactions between

signaling pathways. The ability of graded signals to control patterning of cell

phenotype and tissue-specific extracellular matrix at the interface was also

investigated by Dormer et al. [45]. Phillips et al. [46] looked at zonal organization
of osteoblastic and fibroblastic cellular phenotypes for bone–soft tissue interface

by a one-step seeding of fibroblasts onto scaffolds containing a spatial distribution
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of retrovirus encoding the osteogenic transcription factor Runx2/Cbfa1. Gradients

of immobilized retrovirus, achieved via deposition of controlled poly(L-lysine)

densities, resulted in spatial patterns of transcription factor expression, osteoblas-

tic differentiation, and mineralized matrix deposition. They found that the graded

distribution of mineral deposition and mechanical properties were maintained

when implanted in vivo in an ectopic site.

Even though many growth factor cocktails have been investigated, due to the

complexity of the biological environment at the interface, an appropriate composi-

tion and pattern have yet to be determined. Great care must be given in the design of

appropriate carriers and to tailor the retention time, biological activity, and release

kinetics of growth factors at specific sites within two engineered tissues and their

interface.

Fig. 14.1 Schematic diagrams for the successive binding of heparin and growth factor onto the

fibril surface of a PCL/F127 cylindrical scaffold and the formation of 3D growth factor gradient on

the scaffold (reproduced, with permission, from [43])
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14.3.4 Graded Structure in Hydrogels and Stiff Polymers

Gradient scaffolds made from both hydrogels and stiffer materials have been explored

in an effort to match the soft tissue–bone interfaces. Hydrogels may mimic the ECM

in terms of their high water content, viscoelasticity, and/or diffusive transport

characteristics [47, 48]. They can further be tailored to mimic a 3D microenviron-

ment within a tissue. Due to advances in material chemistry, a wide range of

hydrogels have been synthesized with tunable physical, chemical, and functional

properties. Commonly employed polymers for 3D hydrogel fabrication include

blends or copolymers of alginate, agarose, gelatin, hyaluronic acid, chitosan, poly

(ethylene glycol) (PEG), and collagen. Various methods have been developed to

create chemical and physical gradients on hydrogel scaffolds. Holland et al. [42]
used a multi-step cross-linking procedure to fabricate multilayered oligo(poly(eth-

ylene glycol) fumarate) (OPF) osteochondral scaffolds with good integration

between layers. Hydrogels with concentration gradients in the cell-adhesion ligand

Arg-Gly-Asp-Ser (RGDS) [49], gradients in elastic modulus or pore size [50, 51],

and fibril density have been widely explored. Physical gradients that were several

hundreds of microns in length were fabricated by making different concentrations of

pre-polymer solutions that were allowed to diffuse into each other and further

stabilized by appropriate cross-linking methods. Multiple growth factors and

proteins have been immobilized in different directions in hydrogels and their

concentration-dependent response in rate and orientation of cell migration has

been studied. Chemical gradients of encapsulated signals were also made by

microfluidic channels embedded in hydrogels [52], or by pumping different polymer

solutions at controllable flow rates [53] that were further stabilized by photo or

thermal cross-linking methods [54, 55]. Stepwise stiffness gradients and patterned

interlocking blocks of different stiffnesses have been produced in hydrogels [56].

These techniques have been used to create gradients of soluble factors, proteins,

beads, and even cells within hydrogel networks [44, 57, 58]. Du et al. [58]

demonstrated a technique to rapidly produce centimeter scale concentration

gradients of cells and microbeads by flow convection and high fluidic shear in a

microfluidic channel. They were able to generate cross-gradients in particles and

hydrogels by using alternating flows, superposing gradients of two species resulting

in anisotropic material gradients. Chatterjee et al. showed that scaffolds with

increasing gradients of compressive modulus can direct osteoblast differentiation

and mineralization [59]. Hydrogels with mineral gradients were generated when

osteoblasts were encapsulated in PEG hydrogels with an increasing gradient of

modulus from 10 to 300 KPa (Fig. 14.2). This is a promising approach for engineer-

ing seamless tissue interfaces for hard and soft tissues without the use of expensive

growth factors [59].

Chemical and physical gradient structures to mimic tissue interfaces can be

developed by combining these gradient protocols with appropriate cross-linking

methods. A recent review on “Biomimetic gradient hydrogels for tissue engineer-

ing” [60, 61] elaborately discussed all of these aspects that have been investigated
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for in vitro engineering tissues. However, these strategies have not been widely

explored to recreate all the complexities at the interfacial junction of tissues.

Bone substitute materials, calcium phosphates, hydroxyapatite (HA), and

bioglasses are biocompatible and have the capacity to bond directly to bone.

When combined with polymeric materials, these components impart high stiffness

and compressive strength. Li et al. [62] made a continuous linear gradient in

calcium phosphate content across the surface of a nanofiber mat that could be

used for repairing the tendon-to-bone insertion. This gradient was obtained

by varying the incubation time of the nanofiber mat in simulated body fluid.

The graded material design produced a change in the mechanical properties of

Fig. 14.2 Deposited mineral gradients induced by hydrogel stiffness gradients after 42 days and

77 days culture of encapsulated osteoblasts. Deposition of mineral at the stiffer ends of the

gradients caused a change in appearance from transparent to white (reproduced, with permission,

from [59])
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material that reduced the stress concentrations at the interface. Pre-osteoblasts

preferentially adhered and proliferated in regions with higher calcium phosphate

content along the gradated scaffold. Liu et al. [63] prepared a gradient collagen/

nano-HA composite scaffold, by a biomimetic diffusion-precipitate method.

Nano-HA was crystallized in the interior of a collagen scaffold to form a composi-

tional and structural gradient. Kon et al. [64] looked into fabrication of multilayered

gradient artificial ECMs composed of type I collagen and HA. The cartilaginous

layer, consisting of Type I collagen, had a smooth surface. The mineral phase,

represented by magnesium-hydroxyapatite, was directly nucleated onto collagen

fibers during their self-assembling. The intermediate (tidemark-like) layer consisted

of a combination of collagen and HA. The compositions of type I collagen and HA

varied in each region (cartilage region: 100% type I collagen; transition region: 40%

HA and 60% type I collagen; and bone region: 70% HA and 30% type I collagen).

The intermediate and the lower layers were obtained by nucleating nanostructured

nonstoichiometric hydroxyapatite into self-assembling collagen fibers, similar to the

natural biological neo-ossification process. Chondrocytes were seeded only in the

cartilage region and the scaffolds were transplanted into the osteochondral defect.

The regeneration of bone and cartilage was found to significantly enhance with these

graded artificial ECMs compared to that of the control group in sheep model as well

as in early clinical trials in human beings [65].

Hydrogel scaffolds are good candidates for engineering the soft tissues at the

interface. They can be chemically modified to couple peptides to enhance cell

adhesion, and are good delivery vehicles for bioactive signals and cells. Gradients

in these encapsulated components can be obtained by simple diffusion, flow

convection or by creating microfluidic channels within the hydrogels. Hydrogels

with gradients in material composition, porosity, and mechanical properties can be

fabricated by interdiffusion of two different polymers and by effective cross-

linking. A gradient in osteoconductive hydroxyapatite is a promising approach to

enhance mineralization as well as stiffness to match the mechanical properties of

the soft–hard tissue interface. Osteoconductive inorganic materials can be effi-

ciently nucleated within the hydrogels and integration at the interface can be

achieved by diffusion of hydrogels into the bony phase along with appropriate

cross-linking methods.

14.3.5 Gradients in Pore Architecture

The scaffold design should incorporate anisotropic pore architecture to accommo-

date the different types of cells and ECM distribution at the interface. Studies have

suggested that the pore size and substrate surface influence the cell morphology and

phenotypic expression, while porosity influences the cell proliferation. Research has

revealed that 70–120 mm pores were suitable for chondrocyte ingrowth [66],
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40–150 mm for fibroblast binding [67], and 100–400 mm for bone regeneration [30],

depending on the porosity and the scaffold materials used [68, 69]. Thus, the

dimensions of scaffold pores can depend on the cell type. Awell-engineered scaffold

should be tailored with the appropriate pore sizes and porosities to meet the needs of

the specific cells and tissues.

One method reported for generating a porosity gradient was to stack porogen

mixture layers containing different volume fractions and/or particle sizes. O’Brien

et al. [68] fabricated collagen-based, porous tubular scaffolds with a graded

structure to facilitate the study of myofibroblast migration during peripheral

nerve regeneration. Oh et al. [70] fabricated scaffolds with a porosity and pore

size gradient along the cylindrical axis by a centrifugation method. They reported

that the porosity and the pore size ranges of the scaffold could easily be varied by

adjusting the angular velocity. The in vitro and the in vivo studies on this gradient
scaffold indicated that 380–405 mm pore sizes showed better cell proliferation for

chondrocytes and osteoblasts, while the scaffold section with 186–200 mm pore

sizes was better for fibroblast growth. Fu et al. [71] looked into the influence of

pore architecture on bone regeneration. Hydroxyapatite scaffolds with approxi-

mately the same porosity (65–70%) but two differently oriented microstructures,

described as “columnar” (pore diameter 90–110 mm) and “lamellar” (pore width

20–30 mm), were prepared by unidirectional freezing of suspensions. The colum-

nar scaffolds with the larger pore width provided the most favorable substrate

for cell proliferation and function. They concluded that HA scaffolds with the

columnar microstructure and unidirectional pores favored bone repair applications

in vivo. Hsu et al. [72] fabricated porous ceramic implants with graded pore

structures to mimic the bimodal structure of cortical and cancellous bone. Func-

tionally graded scaffolds were made by vacuum impregnating an HA and tri-

calcium phosphate (TCP) ceramic slurry into a polyurethane foam that was

stitched or press fitted to form gradient templates. No interfacial weakness was

observed by the three point bending testing in these scaffolds. Sun et al. [73]
reported that minute pores that determine the surface topography had an influence

on the osteoconductivity. Osteoblasts cultured on porous silicon with pores on the

order of 1 mm enhanced osteoblast viability andmineralization, and maintained the

expression of the biomarkers of bone formation when compared to nanoscale pores

(50 nm or less). The pores and the surface topography influenced cell spreading,

mechanical signal transduction, and osteoconductivity.

Previous studies have suggested that different pore sizes favor the growth of

chondrocytes, fibroblasts, and osteocytes. Porosity and pore size play a role in

directing cell migration and altering permeability of the scaffolds. Scaffolds with

gradients in porosity have been obtained by stacking porogens of different sizes, by

centrifugation, varying the freeze drying conditions, or by using 3D plotters.

Even though gradients in pore architecture are not a critical element in the design

of scaffold for interface engineering, they were found to have significant influence

on the cell infiltration and behavior, vasculature, and mechanical properties at

the interface.
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14.3.6 Gradients in Mechanical Properties

Mechanics-based differentiation may be critically interdependent with extracellular

matrix composition, and this may regulate cell behavior. Matrix stiffness affects

cytoskeletal signaling elements that regulate differentiation, cell spreading [74], cell

motility [75], and matrix assembly [76]. Specific ligands together with substrate

compliance regulate differentiation [77]. To better suit the functions at the interface,

the scaffold needs to be designed for varying mechanical properties which can be

achieved by changing the porosity across the scaffold, as porosity is more dominant in

determining the scaffold mechanical properties than pore size. It has been

hypothesized that this stepwise transition in stiffness is important for the proper

functioning of cartilage and distribution of forces. Sharma et al. [78] identified that a
mechanical gradient in substrate and ligand loading could direct tenogenic and osteo-

genic differentiation of stem cells, so these could be considered as potential design

variables for engineering a functional interface between tendon and bone. More

recently, biphasic but monolithic materials were fabricated by joint freeze-drying

and chemical cross-linking of collagen-based materials (mineralized or coupled with

hyaluronic acid), as well as by ionotropic gelation of alginate-basedmaterials (with or

without hydroxyapatite ceramic particles), which achieved specific mechanical

properties (e.g., elasticity or compression strength) [79].

To engineer a functional muscle-tendon tissue, Ladd et al. [80] developed a

scaffold with regional variations in mechanical properties and strain profiles to

mimic native muscle-tendon junction (MTJ). Muscle tissue is highly compliant,

with reported moduli values ranging from 0.012 to 2.8 MPa [81, 82]. Tendon tissue

is stiffer in terms of tensile loading with reported moduli of 500–1850 MPa

[83–86]. The junction serves as an interface to reduce stress-concentrations and

failure at this interface [87]. The scaffold possessed both a compliant/high strain

region, a stiff/low strain region, and an intermediate region fabricated by a

co-electrospinning method. PLLA fibers with high stiffness, strength, and low

ductility were used to engineer tendon, and PCL fibers that were less stiff and

more ductile were used as the muscle scaffolding system. Co-electrospinning

resulted in a scaffold that had high stiffness and low compliance on one end yet

low stiffness and high compliance on the other. The middle region possessed an

intermediate stiffness and strain, which are analogous to the tendon, muscle, and

junction. The dual scaffolding system promoted the attachment of myoblasts and

allowed them to differentiate into myotubes and also supported fibroblasts.

The application of medical imaging systems together with computer-aided design

(CAD) has largely dealt with the problem of matching anatomical requirements of the

tissue engineered scaffolds [88]. A bio-plotter system can control design factors,

including pore size and shape, porosity, strand orientation, strand distance, and inter-

connectivity. In stereolithography, a gradient in size and volume fraction of the pores

can be introduced by adding a linear term to the equation used to describe the pore

architecture [89]. Park et al. [90] reported that PCL scaffolds fabricatedwith controlled

pore architecture using rapid prototyping methods have a higher mechanical strength

and promote better cell infiltration than scaffolds fabricated by salt leaching methods.
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Liu et al. [91] used a multi-nozzle low-temperature deposition and manufacturing

(M-LDM) system to make mechanically graded scaffolds using heterogeneous

materials, hierarchical porous structures, and different hydrophilicity. This system

could be effectively used for designing interfaces. Using CAD, the structure, pore

sizes, and porosity of two phases and interface could be designed initially. Further

graded structures could be fabricated using multi-nozzle and appropriate polymer

combinations. A Computer Aided System for Tissue Scaffolds (CASTS) aims to

bring automated production of graded scaffolds by providing a scaffold library data-

base that correlates scaffold porosity values and the corresponding compressive

stiffness and integrates this into the design process [92].

The soft tissue–bone interface has varying mechanical properties. Cell spreading,

motility, and phenotypic expression are found to be influenced by substrate stiff-

ness. A gradient in mechanical properties may be considered a key element for

engineering two tissues for smooth transfer of stress at the interface as well as for

regulating cell behavior. Scaffolds with gradients in mechanical properties can be

fabricated by blending polymers of different stress/strain behavior or by nucleation

of osteoconductive inorganic materials to mimic the tissue properties at the inter-

face. A gradient in porosity is also found to affect the mechanical properties of the

scaffolds. Advanced medical imaging systems like MRI and microCT help

to capture the micro-architecture of the interface, which together with the

bio-plotters/CAM can be used to recreate the complex tissue-interface structures

with specific mechanical requirements.

14.3.7 Graded Structures Using Nanofibers

Attempts have been made to fabricate graded scaffolds using nanofibers that mimic

the native ECM structure. Nanofibers have the advantage that they can be conve-

niently functionalized by encapsulation or attachment of bioactive species to control

the differentiation and proliferation of seeded cells. Additionally, the nanofibers can

be readily assembled into a range of arrays or hierarchically structured by

manipulating their alignment, stacking, or folding [93]. Nie and Wang [94] reported

the use of PLGA/hydroxyapatite composite nanofibers to deliver BMP-2 plasmid

DNA. Coaxial electrospinning was designed to produce a core-shell structure of the

nanofiber, which can encapsulate and release drugs more efficiently [95]. Nanofibers

were fabricated combining biodegradable polymers with inorganic bioactive

materials for osteogenic differentiation and calcification of bone matrix. This design

was to mimic the collagen fibers with hydroxyapatite nanocrystallites in the native

bone [96]. Organic–inorganic composite nanofibers made of gelatin-HA, collagen-

HA, and chitosan-HA have been designed to mimic the ECM of bone [97–99].

Furthermore, instead of adding particulate inorganic materials, degradable and bioac-

tive hybrid nanofibers were produced through the hybridization of inorganic and

organic phases in solution, by the sol-gel process. This process increased the chemical

stability by forming a hybridized network [100]. The approach of using bioactive

inorganic phases in concert with degradable polymers is continuing to attract attention
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in finding suitable matrices for the regeneration of bone and its interfaced zone.

Patterned electrospun mats were developed using electro-conducting templates [101].

A functionally graded nonwoven mesh of polycaprolactone incorporated with

TCP nanoparticles was fabricated using a hybrid twin-screw extrusion/

electrospinning (TSEE) process to engineer the fibrocartilage–bone interface

[102]. This technology utilized a time-dependent feeding of various solid and liquid

ingredients. Their melting, dispersion, de-aeration, and pressurization together with

electrospinning were confined within a single process. Three distinct yet continuous

phases were fabricated for the ligament, interface, and bone regions. The interface-

relevant cell types fibroblasts, chondrocytes, and osteoblasts were tri-cultured on

this scaffold and implanted subcutaneously in athymic rats. The results indicated

that the multiphase scaffold design and tissue-specific distribution of cells resulted

in the formation of a fibrocartilage-interface like tissue. A phase-specific distribu-

tion of mineralized matrix was observed corresponding to the bone region. In a

recent study, haptotactic and durotactic gradients were introduced in hyaluronic

acid-based electrospun scaffolds by varying the extent of methacrylation units and

the amount of RGD peptide. These gradients were made by modifying

Fig. 14.3 (a) Schematic of electrospinning apparatus. Gradients were created in the z direction

(scaffold depth) by modulating flow rates of Polymer 1 and Polymer 2, which were mixed prior to

the spinnerette and electrospinning. (b) Change in pump flow rate with time for Polymer 1 and

Polymer 2. (c) Electrospinning solution (Polymer 1 solution contained a fluorescent dye, whereas

Polymer 2 solution did not) was collected from the spinnerette every hour for 8h, prior to

electrospinning, and the fluorescence was measured as shown. A decrease in fluorescence intensity

with time verifies the potential gradient formation at the spinnerette and therefore potential

gradient formation in the electrospun mat. (d) SEM micrographs show similar fiber morphology

on the top and bottom of an electrospun gradient scaffold (scale bar = 10 m) (reproduced, with
permission, from [103])
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electrospinning protocols as shown in Fig. 14.3. Gradients were found to enhance

cell infiltration and direct cell migration [103].

It should be emphasized that while multiphase scaffolds consist of different

phases, a key criterion for interface engineering is that these phases must be

interconnected and pre-integrated with each other, thereby supporting the formation

of distinct yet continuous multi-tissue regions. Furthermore, interactions between

cells relevant to the interface will help in the formation, maintenance, and repair of

interfacial tissue.

Electrospinning is an efficient technique to recreate the hierarchical structures

present in the ECM. Nanofibers made from collagen, their blends with other

polymers and hydroxyapatite have been found to favor tissue-specific cell response.

However, depth of cell infiltration and diffusion constraints are some of the major

concerns with this technique. Thus, refinements need to be introduced into the

existing electrospinning parameters to make scaffolds of larger size, with graded

structures and mechanical properties, and for co-spinning of cells and bioactive

molecules.

14.4 Limitations of Discrete Layers and Approaches for

Strengthening the Interface Using Continuous Gradients

Discrete layers can severely affect the interconnection between pores of two layers

at the interface. This can severely hinder cellular infiltration and migration into the

scaffold. The discontinuities at the scaffold interface could also negatively

influence the fluid flow between the two regions, which would in turn affect nutrient

and waste transport. Moreover, abrupt stress transfer can occur at the interface

and can result in stress concentrations which may weaken the scaffold and cause

delamination at the interface between two regions. The evolution to continuous

gradient scaffolds from biphasic scaffolds is schematically represented in Fig. 14.4.

As such, there is a need for a strategy to design and build scaffolds with appropriate

continuous functional gradients to support interface regeneration.

Harley et al. [104] described a method called liquid phase co-synthesis to

fabricate a multilayered scaffold with a continuous gradual interface. The scaffolds

were made by interdiffusion of a type II collagen-glycosaminoglycan copolymer to

mineralized, type I collagen-glycosaminoglycan suspensions followed by freezing

at a constant rate and lyophilization. Liquid-phase co-synthesis produced an inter-

face across a zone of interdiffusion, inside which intermixing of the two

suspensions was obtained to form a soft continuous interface.

Bretcanu et al. [86] made a continuous gradient scaffold by casting a bioglass

slurry on preformed polyurethane sponge templates that were compressed at

different rates in an aluminum mold to obtain a continuous gradient in porosity.

The organic polyurethane foam was then burned out by sintering at high

temperatures. This simple method could be used for scaffolds with different

shapes and porosity profiles.
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Continuous gradient-based bioactive signal delivery systems have recently been

applied in the area of interfacial tissue regeneration. Various strategies have been

developed to create gradients of bioactive signals. Studies have shown that within a

tissue and at the interface the biological activity is maintained by the coordinated

activity of multiple signals. At the interface, the presence of biological signals in the

adjacent neighboring tissue enhances the stability of the other.

Wang et al. [44] looked into the influence of a continuous linear or reverse gradient

of IGF-1 and BMP-2 for osteochondral regeneration. The growth factors were

encapsulated in PLGA or silk microspheres and suspended in alginate/silk solution.

A continuous gradient of growth factors in alginate/silk scaffolds was fabricated.

Representative sections of the scaffold along the linear gradient were analyzed for

osteogenic and chondrogenic markers. The results of the study indicated that hMSCs

Fig. 14.4 Continuously

graded designs attempt to

make higher resolution in

physical and chemical

properties (adapted, with

permission, from [108])
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exhibited osteogenic and chondrogenic differentiation along the concentration

gradients in the single gradient of BMP-2 and reverse gradient of BMP-2/IGF-1, but

not the IGF-1 gradient system. They also pointed out that the carrier systems also have

a significant role in the delivery and release kinetics of growth factors that might

influence gene expression.

Our group followed the approach of making continuous gradients of bioactive

signals using a microsphere-based technology [105]. Microspheres allowed encap-

sulation of bioactive signals and the gradient technology enabled localization of

signals at specific sites within the scaffold. A precision particle fabrication process

was used to make monodisperse microparticles and programmable syringe pumps

were used to create the gradient profiles. Continuous gradient osteochondral

scaffolds were fabricated using PLGA microspheres encapsulated with a chondro-

genic signal TGF-b1 or osteogenic signal BMP-2. A schematic representation of

fabrication process is shown in Fig. 14.5. These microspheres were collected in a

mold and sintered to form a 3D osteochondral scaffold with continuous opposing

gradients of chondrogenic and osteogenic signals. Microspheres enabled control

over growth factor concentrations and release kinetics and the sintering conditions

and the microsphere size enabled control over the pore sizes of the scaffold. The

microspheres together with our gradient technology enabled spatial localization of

bioactive signals, and this approach was useful for fabricating an integrated scaffold

that favored simultaneous triggering of osteochondral induction. The continuous

gradient scaffolds outperformed the biphasic constructs in GAG and calcium

content when seeded with human umbilical cord mesenchymal stromal cells over

a 6-week period [45]. We also explored the possibility of making continuous

stiffness gradient scaffolds by orienting the PLGA microspheres and CaCO3

incorporated PLGA microspheres using this technology [106].

Scaffolds with a continuous gradient in bioactive signals and material composition

might guide tissue-specific differentiation of progenitor cells at the interface.

Fig. 14.5 Microparticle and scaffold fabrication process. (a) Microspheres were made from a

polymer stream (20%w/v PLGA containing growth factors) and annular carrier stream (0.5%w/v

PVA in ddH2O) with an ultrasonic transducer; (b) Programmable syringe pumps created a gradient

in microsphere types (adapted, with permission, from [108])
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A continuous gradient in porosity and mechanical properties also enables smooth

stress transfer at the interface. Thus, scaffolds with a continuous gradient in their

properties can be a promising candidate for interface tissue engineering.

14.5 Conclusions

From a surgical and commercial standpoint, an ideal graft for regeneration of a

tissue interface would be an off-the-shelf product. The option of creating a cell-free

implant capable of inducing orderly and durable tissue regeneration is still under

investigation. An ideal scaffold is expected to have innate ability to stimulate

organogenesis rather than serving as a structural template for three-dimensional

deposition of ECM. Engineering of functional interfaces with structural hierarchy,

bioactive signal patterning, and appropriate mechanical properties is emerging as a

major challenge for the current generation of tissue engineers.

Cells play the most important role in co-engineering of two tissues and their

interface. Even though co-culture of relevant cells is straightforward, the use of a

single progenitor cell source and differentiating them into cells of an appropriate

phenotype at the interface in response to biological cues will be a more efficient

method. Patterning of biological signals is nature’s approach for tissue development.

During the development and wound healing process, growth factor patterns enable

the homing of progenitor cells that result in appropriate cell density; this is followed

by condensation and tissue-specific differentiation of cells. This homing and con-

densation process could be effectively activated during in vivo tissue repair by

patterning of biological signals on 3D scaffolds [107]. Bioactive growth factors

have a significant influence on maintaining cell phenotype at the interface. Use of

single or multiple signaling molecules, their relative amounts, spatial arrangements,

and the temporal sequence in which they are presented need to be carefully exam-

ined while engineering interfaces. The growth factor carriers need to be tailored for

proper encapsulation to retain the bioactivity and release kinetics. Hydrogels have

been widely explored as a matrix for engineering soft tissue–bone interfaces. They

are flexible for signal encapsulation, bio-functionalization, and are suitable for

engineering soft tissues. Multiphase scaffolds using hydrogels and stiff polymers

with a continuous interface are good candidates for interfacial tissue engineering.

Integration at the interface can be obtained by interdiffusion of the two polymers and

appropriate cross-linking methods to attain a smooth gradient in properties. Studies

have shown that gradients of pore size influence cell behavior by regulating cell

morphology, proliferation, ECM deposition, and vascularization. The porosity and

mechanical properties of the scaffolds must be tailored to improve the stress transfer

at the interfacial junction. Gradient distribution of osteoconductive materials like

hydroxyapatite, CaCO3, and TCP in a monolithic scaffold may be a promising

approach to enhance stiffness and osteoconduction. The cell types at the interface

respond to the different micromechanical environments experienced locally and

remodel their surroundings. Continuous gradients can overcome the limitations of
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abrupt distinct layers and enable a smooth transition of properties, and may be better

suited for addressing the regeneration of interfaces between tissues with drastically

different mechanical behaviors. Electrospinning is a good technique to engineer

graded structures that mimic the native ECM, but the ability to recreate the mechan-

ical properties of the tissue with electrospinning may be questionable. Recent

approaches to incorporate bioactive molecules and osteoconductive materials and

methods to make layer by layer scaffolds show a promising trend. Advanced

fabrication designs using CAD enable the fabrication of gradient structures similar

to tissue interfaces. Therefore, use of biomimetic scaffolds with transitions in

physico-chemical and biological signals similar to native tissue interfaces may

significantly improve our efforts for in vitro and in vivo engineering of interfaces.

Native (uninjured) tissue interfaces show transitions in cell type, structure,

composition, organization of ECM, chemical signals, mineralization, mechanical

properties, and biological function. An ideal scaffold should be able to accommo-

date all of these transitions to transmit the properties of one tissue to another.

However, it is rather complex to incorporate all of these transitions in the engineer-

ing of graded scaffolds for interfaces. It should be remembered that the scaffolds are

only temporary structures that signal the host cells to infiltrate and synthesize the

native tissue. Therefore, the importance is not in the complexity of the architecture

or the physico-chemical properties of the 3D scaffolds, but rather in the ability of

this temporary matrix to direct cells to form an interface similar to native tissue.
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Chapter 15

Engineering Fibrous Tissues

and Their Interfaces with Bone

Jennifer Lei and Johnna S. Temenoff

15.1 Introduction

Each year, musculoskeletal injuries in the United States (of which 45% result in

damage to tendons and ligaments) result in costs of approximately $30 billion [1].

Surgical treatment is necessary in fibrous tissue injuries because tendons and

ligaments are relatively non-vascular and acellular, making natural healing slow

and ineffective [2, 3]. Unfortunately, surgical repair using autografts, or graft tissue

from the injured patient, can create problems of donor site morbidity. Additionally,

surgical repair using allografts, or frozen tissues taken from cadavers, can poten-

tially induce an immune response [4–6]. For these reasons, significant research on

tissue engineering of fibrous tissues and their interface to bone is underway with the

goal of generating new methods for injured tendon and ligament regeneration.

Tissue engineering combines the use of cells, scaffolds, and exogenous factors.

However, before these techniques are implemented in the clinic, it is important to

optimize the cell types, materials, and external factors to best recreate and regener-

ate the tissue.

To successfully design a tissue-engineered replacement, the normal function,

structure, and mechanical properties of the tendon or ligament must be understood

and mimicked. The process of tendon and ligament healing is also an important

factor in developing tissue engineering approaches because diverse injuries and

subsequent secondary pathologies require different methods of regeneration.

Furthermore, next-generation tissue-engineered graft alternatives must consider
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the best means, biologically and mechanically, to anchor these fibrous tissues to the

surrounding joint to restore full function to the patient.

In this chapter, background information about the structure, composition, and

function of tendons and ligaments is reviewed.Different types of injuries and the events

of native tissue healing are summarized, aswell as current reconstruction techniques for

injured tissues. This basis will facilitate the understanding of current tissue engineering

approaches for fibrous tissues and their interfaces, reviewed in the second half of this

chapter. In particular, a discussion of the advantages and disadvantages of the cell

sources, scaffolds, and exogenous factors currently used for creating tissue-engineered

tendon/ligaments, as well as their interfaces with surrounding bone, is presented,

followed by an examination of the remaining challenges that must be overcome before

clinical adaptation of these strategies can be realized.

15.2 Physiology and Function

Successful tissue engineering and regenerative medicine methods are based on the

structure–function relationship of tendons and ligaments. Tendons and ligaments

are bands of connective tissue that transmit forces and facilitate joint movement

[7, 8]. The tensile and compressive strength of these tissues is derived from the

hierarchical organization of the fiber structure and is a key aspect in tissue replace-

ment. Therefore, this section summarizes the structure-function relationship in

tendon/ligament tissue.

Tendons and ligaments are similar in biochemical structure, but differ in function.

The tendon is a fibrous band of connective tissue that connects muscle to bone.

Tendons transmit forces, in the form of muscle contractions, to bones, thereby

facilitating locomotion and joint stability [9, 10]. Ligaments connect bones to adjacent

bones. They restrict and guide joint motion and provide joint stability. In contrast to

tendons, ligaments are pliable but not elastic [11]. The structure of these fibrous tissues

enables them to withstand large tensile loads generated by musculoskeletal

components during active motion along the longitudinal direction of the tissue [12].

15.2.1 Structure and Biochemical Composition

Tendons and ligaments have a hierarchical structure. Tropocollagen, a triple helix

molecule with two alpha-1 collagen chains and one alpha-2 collagen chain, is the

basic structural unit of fibrous tissues. These molecules self-assemble and crosslink

to form collagen microfibrils, the smallest unit in the fibrillar structure [12].

Microfibrils arrange end-to-end in bundles to form fibril structures. Crosslinking

of fibrils increases Young’s modulus, increases tensile strength, and reduces strain

at failure [10, 13]. Fibrils are arranged into units of fibers surrounded by the

endotenon or endoligament, a layer of loose connective tissue that interfaces with

blood vessels, lymphatics, and nerves [14].
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Fiber bundles gather into fascicles or secondary fiber bundles that form the

characteristic crimp pattern seen in many tendons and ligaments. Secondary fiber

bundles are surrounded by epitenon or epiligament, which serve as a loose connec-

tive layer for blood vessels, lymphatics, and nerves. Surrounding the connective

tissue layer is the paratenon that reduces friction and enables smooth movement

between neighboring tissues [15]. Long tendons and ligaments are sometimes

enclosed in a synovial sheath to further decrease friction [11, 16]. The size of the

fiber bundles is related to the macroscopic size and function of the tendon and

affects the mechanical strength of the tissue [17]. Larger fascicles are found in big,

weight-bearing tendons such as the Achilles tendon, and smaller fibrils are gener-

ally found in the digital tendons.

Biochemically, the composition of tendon and ligaments is similar. In addition

to collagen that comprises the fiber bundles, these tissues contain water (55–70% by

weight), cells, and other extracellular matrix (ECM) components such as elastin,

proteoglycans, and glycoproteins [11]. Each component is discussed in more detail

in the following sections.

15.2.2 Cells

Cells compose only 20% of total tendon volume [18]. Fibroblasts, elongated and

spindle-shaped, are the main cell type found in fibrous tissues and lie parallel with

the collagen fibers [11]. Communication among neighboring cells occurs through

the formation of gap junctions [16, 19]. The main action of fibroblasts is to secrete

molecules that form the ECM to provide structural support during mechanical

loading of the tissue. Thus, these cells have the ability to adapt to an environment

of increased mechanical loading through changes in gene expression and ECM

protein synthesis [3, 10, 20].

15.2.3 Extracellular Matrix

The ECM of tendon and ligament tissues consists of collagen, elastin,

proteoglycans, and glycoproteins. The ECM components comprise 80% by dry

weight of the total tissue volume [3, 21–23]. The interactions of the ECMmolecules

provide the mechanical strength and properties of the fibrous tissue. Each compo-

nent is discussed in detail in the following sections.

15.2.3.1 Collagen

Besides water, the largest component of the ECM of tendons and ligaments is

collagen. In tendons, 75–85% of the dry weight of the tissue consists of collagen,
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compared to the 70–80% in ligaments [18, 21]. Collagen type I is the predominant

fiber in tendon and ligaments, constituting 95 and 90%of the total collagen content in

each tissue, respectively [10, 18, 21]. In this molecule, three left-handed helices with

a base peptide unit of glycine-proline-hydroxyproline assemble to form fibers with a

right-handed superhelix in a coiled structure [13]. The superhelical strands then pack

next to each other to form collagen microfibrils [14], as previously described. This

structure accounts for the tissue’s high tensile strength and relative inelasticity [21].

Other major collagens found in tendon and ligament include types III and V.

Collagen type III forms smaller and less organized fibrils than collagen type I,

which can decrease mechanical strength. It is present in the endotenon/

endoligament and the epitenon/epiligament and is synthesized during early phases

of remodeling and repair [24]. Collagen V is cross-linked to other collagen types

and regulates fibril growth [25, 26]. Additionally, collagens II, VI, IX, X, XI, and

XII are all found in trace amounts [27, 28].

15.2.3.2 Elastin

In tendons and ligaments, elastin accounts for 2–3% and up to 10–15% of the dry

weight of the tissue, respectively [10, 21]. Elastin is an insoluble globular protein

that contains large hydrophobic domains and adopts a coiled arrangement in a

relaxed state [10]. Stretching causes the coils to unravel and exposes the hydropho-

bic domains to water, creating a thermodynamic driving force for the coils to return

to their original configuration. Elastin and microfibrillar proteins contribute to the

recovery of a crimped structure after an applied strain [10].

15.2.3.3 Proteoglycans

Proteoglycans contain protein cores with covalently attached glycosaminoglycans.

Glycosaminoglycans are complex carbohydrate molecules that provide proteoglycans

with unique properties [25]. Two groups of proteoglycans exist in fibrous tissues:

small leucine-rich proteoglycans and large modular proteoglycans. In fibrous tissues,

proteoglycansare foundin relatively small amounts (1–5%dryweight) trappedbetween

collagen fibers and fibrils [14]. Their negative charge plays a large role in attracting

water in the tendon and ligament tissue and creates repulsion forces in proteoglycans

that provide the tissue with the ability to resist high tensile and compressive loads [25].

Proteoglycans also can create space between collagen fibers, thus enabling diffusion

of water-soluble molecules, the migration of cells, as well as allowing fibers to slide

past each other in response to compressive or tensile load [16, 25].

Decorin is the most abundant proteoglycan found in tendons. Its main function is to

maintain and regulate collagen fibril structure.Decorin is considered a key regulator in

matrix organization and is associated with remodeling in a tendon under tensile forces

as evidenced by the observation that the skin of decorin-deficient mice was not able to

withstand tensile strain [29, 30]. Fibromodulin, similar to decorin, binds to collagen
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fibers and acts as a modulator of collagen fibrogenesis [25]. It is expressed in high

levels in tendons and contributes to tendon strength [31]. Biglycan is another proteo-

glycan found in tensile regions of tendons and ligaments. It can bind to collagen fibrils

as well as transforming growth factor-b (TGF-b) in the tissue, thus participating

in collagen fiber maturation and contributing to the regulation of cell proliferation

[32, 33]. Aggrecan, a large aggregating proteoglycan found particularly in areas

subject to compression, possesses more than 100 chondroitin sulfate and keratin

sulfate glycosaminoglycan chains attached to the core. This negatively charged

proteoglycan increases osmotic pressure, resulting in better hydration and higher

compressive stiffness of the tissue [25].

15.2.3.4 Glycoproteins

Tendons and ligaments contain scarce amounts of several types of glycoproteins in

the ECM. Glycoproteins are made up of proteins with attached carbohydrates.

Tenascin-C and fibronectin are the main glucoproteins present in fibrous tissues.

Tenascin-C interacts with collagen fibrils to provide mechanical stability in the

ECM [34]. It is upregulated in response to mechanical loading or growth factors

like TGF-b and can inhibit cell adhesion by blocking b1-integrin receptor

interactions [35–37]. Tenascin-C can also bind to fibronectin, which is located on

collagen surfaces and can facilitate wound healing [38–40]. Fibronectin may be

involved in the organization of collagen type III into bundles and has been shown to

act as a template in collagen fiber formation during remodeling [41].

15.2.4 Tendon- and Ligament-Bone Interface

The structure of the tendon-/ligament-bone interface is distinct from the structure of

the rest of the tissue. Insertion structure and composition of the fibrous tissue into the

bone varies depending on the specific attachment [7]. However, the insertion site can

be generally characterized as a fibrous enthesis (indirect) or a fibrocartilaginous

enthesis (direct) [42]. In indirect interfaces, the tendon or ligament attaches to the

bone through collagen fibers (known as Sharpy’s fibers) that directly extend into

the bone at an acute angle. In direct interfaces, four transition zones of tissue exist

(Fig. 15.1). The first zone is characterized as fibrous connective tissue and contains a

similar structure and composition to that of normal tendon and ligament. Collagen

fibrils lay parallel to each other and fibroblasts surround the fiber matrix. The next

zone, uncalcified fibrocartilage, contains larger fibril bundles that are not aligned in a

parallel manner. Collagen type II and aggrecan are the predominant proteins found

in this region. Their presence enables resistance to compression and dissipation of

stress at the interface. This ensures that the deformation and loading of the fibrous

tissue is not concentrated at the bone surface [43]. Other collagen types, including

collagen type VI, IX, X, XI, and XII, are found in trace amounts in this area and
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can strengthen the bone insertion connection by reducing stress concentrations at the

bone interface [10]. The following zone, calcified fibrocartilage, contains hypertro-

phic chondrocytes and collagen X. This region is characterized as similar to

mineralized tissue. The fourth zone is characterized as calcified bone and provides

a secure attachment of the tissue to the bone interface. This region contains

osteoblasts, osteoclasts, osteocytes, and mineralized collagen I fibers [43]. Fibrous

interfaces are typically found on the shafts of long bones and fibrocartilaginous

interfaces are typically found at joint surfaces, such as the knee joint, or at short

bones, such as the wrist or ankle [16, 44].

Because the two components of this interface have opposing mechanical

properties (tendons and ligaments are strong in tension and bone is optimized for

compression) [10, 21], there is a need to gradually transition the mechanical

properties from one tissue to another. The uncalcified and calcified regions in a

fibrocartilaginous enthesis (direct insertion) are able to effectively transmit loads

and have been shown to increase Young’s modulus across the different zones

[45, 46]. When using tissue engineering methods to reconstruct the interface, results

must ensure that this mechanical transition is recreated to reduce stress

concentrations and prevent failure at the insertion site.

Fig. 15.1 Tendon-/ligament-

bone interface.

The fibrocartilaginous

enthesis (direct insertion) is

composed of four transitional

zones: fibrous tissue region,

uncalcified fibrocartilage

region, calcified fibrocartilage

region, calcified bone region.

(Reproduced, with

permission, from Yang

and Temenoff [7])
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15.2.5 Mechanical Properties

Tendon and ligaments are viscoelastic tissues that exhibit time-dependent creep and

stress relaxation rates. This is most likely caused by the interactions between water

and the components of the ECM [14]. Below 4% strain, tendons exhibit elastic

behavior, meaning that the tissue returns to its original length after strain release.

Above 4% strain, loading causes microscopic and macroscopic failure [47]. The

stress–strain curve depicts the viscoelastic behavior of a fibrous tissue (Fig. 15.2).

The toe region (1.5–3.0% strain) results from gradual straightening of the crimped

areas of the collagen fiber [10, 21]. The crimp pattern allows the tissue to respond

rapidly to sudden strain loads and acts as a shock absorber to prevent damage from

excessive loading [9, 48]. As strain increases, the tendon or ligament exhibits a

linear elastic response to stress. In this region, fibers have become parallel and lose

all crimp appearance. The slope created due to the linear stress–strain response is

referred to as the Young’s modulus and ranges from 1 to 2 GPa [8, 21]. At the end of

this region, microfractures of collagen fibers occur. This yield point ranges from

5–7% strain [10, 21]. Beyond the elastic yield point, macroscopic failures of

collagen fibers occur in an unpredictable manner in the failure region. Tearing of

the fibers is observed around 12 – 15% strain and results in rupture of the tissue.

Failure strength of fibrous tissues ranges from 50–150 MPa [21]. Through animal

experimentation, it has been shown that tensile strength, elastic stiffness (Young’s

modulus), and weight of the tendon can increase in response to greater physical

activity [8].

15.3 Injury and Healing

Understanding the types of fibrous tissue injuries and general stages of the healing

process is significant because different injuries may require varied tissue engineer-

ing approaches that may be employed at specific times during healing to best restore

the tissue. The following sections will provide an overview of the classifications of

tendon and ligament injuries, the natural healing process, and the current recon-

struction procedures and their limitations.

15.3.1 Injuries

Injuries are classified as acute or chronic and direct or indirect [49]. Direct injuries

are caused by non-penetrating injuries from accidents resulting in rupture or

tearing. On the other hand, indirect injuries are often the result of acute tensile

load and chronic overuse and demonstrate repetitive microtrauma [3, 23]. This

class of injury is often referred to as tendinosis or tendinopathy in tendons [50].

15 Engineering Fibrous Tissues and Their Interfaces with Bone 329



Acute and chronic injuries are caused by both intrinsic and extrinsic factors.

Intrinsic factors include age, gender, biomechanics, systemic diseases, (e.g., rheu-

matoid arthritis), and genetic factors [51]. Extrinsic factors are external stimuli,

such as, physical load, environment, occupation, and training [51].

15.3.2 Healing

Understanding the events of healing in tendons and ligaments is important because

tissue engineering techniques attempt to mimic or promote the environment and

events of this process. Healing of tendon and ligaments after traumatic injury

occurs in three overlapping phases: inflammatory, proliferation, and remodeling

[28, 52]. The inflammatory phase occurs immediately after the injury. A hematoma

is formed and erythrocytes and leukocytes are recruited. Within the first 24 hours,

monocytes and macrophages release pro-inflammatory chemicals to increase vas-

cular permeability, initiate angiogenesis, and attract fibroblasts at the site of injury.

An increase in water, collagen type III, glycosaminoglycans, and fibronectin is

observed, which stabilizes the formation of new ECM [3].

Fig. 15.2 Typical stress–strain curve for bovine patellar tendon. A tendon stress-strain curve

exhibits behavior representing the toe region, the linear elastic region, the yield point, and the

failure region (plot courtesy of Dr. Yongzhi Qiu)
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After a few days, the proliferation phase begins, marked by active fibroblast matrix

synthesis [3]. The newly formed ECM exists as a disorganized network; collagen type

III formationpeaks during this phase andwater and glycosaminoglycan concentrations

remain high [53]. It is believed that these changes help optimize collagen synthesis and

the gradual conversion from collagen type III to collagen type I [42, 54]. The healing

tissue can remain in the proliferation stage for up to 6 weeks [52].

The last phase, remodeling, is characterized as having decreased fibroblast size

and slowed matrix synthesis. The collagen fibers align themselves along the long

axis of the tendon. Collagen type I content and crosslinking increases, and glycos-

aminoglycan, water, and DNA content have returned to levels of a normal tissue.

The healing tissue can take up to a year to develop the functional strength of the

uninjured tissue [54, 55].

15.3.3 Current Reconstruction Techniques

The standard treatment for tissue replacement uses autografts [56–58]. This procedure

has shown to improve cell proliferation, promote new tissue growth, and initially

exhibit sufficient mechanical strength for normal function [4, 23, 59]. However, over

time, an anterior cruciate ligament (ACL) autograft is not capable of providing

complete stabilization to the knee under torsion loads [28]. This failure may be caused

by the lack of revascularization at the injury site, which is necessary for long-term

success of the surgical graft. Lastly, there is a scarce availability of tissue because this

procedure takes tissue from the injured patient, creating the limitation of donor site

morbidity [4, 27, 59–61] Another procedure for tissue replacement uses allografts [27,

60]. Tissues are often taken fromcadaver patellar tendon, hamstring tendon, orAchilles

tendon [4, 60]. Although this procedure eliminates the limitation of donor site morbid-

ity, it carries the risk for disease transmission and is subject to limited availability

[60–62]. Additionally, sterilization of allografts to prevent an immune response alters

the mechanical properties of the tissue [4, 60]. Furthermore, graft surgeries do not

address replacement of the tendon or ligament to bone interface [63, 64].

15.4 Tissue Engineering of Fibrous Tissues

In response to the aforementioned limitations of tissue grafts, a myriad of means to

engineer tendons and ligaments has been developed over the past 15 years. Ideally,

tissue engineering methods will regenerate injured tissue to sufficient mechanical

strength to restore function and promote cell growth [27]. Approaches examined to

date include using varied cell types seeded on both natural and synthetic bio-

materials. Additionally, such constructs may be further stimulated with biological

and/or mechanical signals. Each of these key aspects in tendon and ligament tissue

engineering is discussed in depth in this section.
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15.4.1 Cells

A main component of the tissue engineering approach to regeneration of fibrous

tissues is the availability of appropriate cells. The presence of cells is imperative to

remodeling because they promote proliferation, cell-cell signaling, and ECM for-

mation. Fibroblasts are the main cell type found in tendons and ligaments. Many

laboratories have developed fibroblast-seeded scaffolds and have successfully

shown that fibroblasts can adhere and proliferate on a variety of materials

[65–68]. These cells secrete typical tendon and ligament ECM molecules, such as

collagen type I, III, and proteoglycans. One concern with using this cell type is the

availability of native tendon and ligament fibroblasts because they are difficult to

harvest without using invasive surgery [27].

Another potential cell source for tissue regeneration is dermal fibroblasts. This

cell type can be easily obtained from the skin, which eliminates availability issues.

It has been shown that these cells can adhere to and proliferate on collagen fiber

scaffolds and silk sheets [69–71]. One study has shown that dermal fibroblasts have

the ability to proliferate faster than native ligament counterparts when cultured

in vitro and in vivo [68]. Autologous ACL and skin fibroblasts were retrieved from

rabbits, labeled, seeded onto a collagen fiber scaffold, and incubated in vitro. The
results revealed that after 3 days, the number of skin fibroblasts attached to the fiber

scaffold was significantly more than the numbers of attached autologous fibroblast,

suggesting increased cell proliferation [68]. After incubation, fibroblast-seeded

collagen fiber scaffolds were implanted into the knee joints of the rabbits that

served as cell donors. Viable dermal fibroblasts remained attached to the scaffold

for at least 4 weeks. Dermal fibroblasts have also been shown to upregulate gene

expression and secrete tendon and ligament ECM components like collagen type I

and III when treated with growth factors [72, 73]. Although experiments involving

dermal fibroblasts have shown positive results for cell proliferation and ECM

formation [74], concerns remain about whether dermal fibroblasts will behave

similarly to native tendon/ligament fibroblasts after transplantation into a new

environment.

Stem cells have also been extensively explored for orthopedic tissue engineering

applications. For fibrous tissue regeneration, mesenchymal stem cells (MSCs) from

bone marrow sources have been widely investigated [9, 75]. MSCs can differentiate

into osteoblasts, chondrocytes, myoblasts, and adipocytes, as well as tendon/liga-

ment fibroblasts [76, 77]. One study has shown that a collagen type I construct

seeded with bone marrow-derived MSCs had greater structural and material

properties than constructs without cell seeding [78]. These constructs were

implanted in defect rabbit Achilles tendons and evaluated 4, 8, and 12 weeks

later via biochemical analysis and examination of fiber structural organization.

Over time, MSC-seeded constructs resulted in better alignment of cells and colla-

gen fibers than the unseeded controls [78]. Another experiment studied the mechan-

ical properties of MSC-seeded collagen type I gels implanted in injured rabbit

patellar tendons [75]. Four weeks after implantation, maximum stress, Young’s
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modulus, and strain energy density were significantly increased over the unseeded

implant controls. Results also revealed an increased number of tenocytes and the

formation of a larger collagen fiber bundle in the MSC-seeded implants [75]. These

studies concluded that MSCs delivered to an injury site can improve the biome-

chanics, structure, and overall function of the tissue [75, 78].

MSCs can also adhere to and proliferate on scaffolds and secrete ECM

molecules found in native tendon and ligament tissue [79–82]. Human MSCs

seeded on RGD-modified silk scaffold and incubated in vitro for 21 days demon-

strated upregulation of gene expression for collagen type I, collagen type III, and

tenascin-C by day 14 [81]. MSCs have also been shown to improve wound healing,

as seen by the increased mechanical properties and increased cell and fiber organi-

zation 26 weeks after implantation into a patellar tendon gap defect in a rabbit

model [80, 83].

In sum, these findings suggest that MSCs are good candidates for tendon and

ligament tissue engineering [84]. However, specific genes and/or surface markers

that define a MSC from other stromal-derived cells have not been identified, which

may pose problems in confirming purity of cell source [85]. Similarly, before MSCs

can be used consistently for tendon/ligament tissue regeneration, specific protocols

must be developed to promote MSC differentiation toward a fibroblastic lineage,

while suppressing differentiation towards other cell types.

Another cell source for fibrous tissue engineering is MSCs derived from human

embryonic stem cells (hESCs) [86]. hESCs are cells from an early embryo that can

be expanded nearly indefinitely while in the undifferentiated state and have the

ability to develop into any cell type in the body [87]. One study investigated

the potential of hESC-derived MSCs (hESC-MSCs) for tendon regeneration [88].

The cells were formed into sheets in vitro, creating engineered tendons that were

implanted into defect patellar tendons in rats. After 4 weeks, hESC-MSC tendon

implants showed more collagen fiber formation than in fibrin-treated controls and

the tissue appeared to be dense with higher cell numbers with spindle-like

morphologies [88]. Using cell-labeling techniques, hESC-MSCs were seen to be

distributed around the injury site 2 weeks after implementation. These cells, under

microscopy, were characterized as having spindle-like morphologies and were

oriented along the direction of mechanical force. From real time-polymerase

chain reaction (RT-PCR) analysis, it was seen that collagen type III, collagen

type XIV, and tenascin-C had high gene expression after 2 weeks, indicating that

these cells were able to improve tendon repair through upregulation of ECM

molecules [88]. Gene expression of two key growth factors for tendon healing,

TGF-b3 and basic fibroblast growth factor (bFGF), was also detected 2 weeks after

implantation, suggesting that hESC-MSC are able to promote repair in part through

expression of soluble factors [88]. One major challenge of using hESCs themselves

in fibrous tissue engineering is that their pluripotency and self-renewal causes

concern for spontaneous differentiation and the resulting formation of teratomas,

a benign tumor composed of various cell types [89]. Therefore, an intermediate step

to differentiate hESCs into multipotent cells, such as the MSCs examined in this

study, may be required before this cell type can be applied in vivo.
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15.4.2 Scaffolds

Scaffolds may be used to deliver cells and provide a structural support at a site of

injury. Scaffolds must allow for cell attachment, contain pores for secretion of

appropriate ECM molecules, allow bioactive molecules to access the cells, inte-

grate into the injured tissue area, and have the ability to translate mechanical cues

from the environment to the engineered construct [90]. Integration into the tissue is

achieved by designing biodegradable materials that degrade at the same rate new

tissue is formed [27].

Poly(esters) are a common synthetic scaffold material for tendon and ligament

tissue engineering. This class of fibers can be manipulated to form woven matrices

that enhance mechanical strength [91]. Polymer degradation is achieved hydrolyti-

cally and the byproducts are metabolically removed or remain inert. The most

common poly(esters) include poly(lactic acid) (PLA), poly(glycolic acid) (PGA),

and poly(lactic-co-glycolic acid) (PLGA) [92]. A study using a twisted PLA

scaffold seeded with human MSCs resulted in upregulation of collagen type I,

tenascin-C, and decorin gene expression after 15 days in culture [93]. These results

suggest that a PLA scaffold allowed for homogenous cell seeding and fibroblastic

gene expression, making this material a promising scaffold candidate for ligament

tissue engineering. Another study using PGA as a scaffolding material reported the

ability to restore mechanical capacity of tendon gap defects in a hen flexor tendon

model [94]. After 14 weeks, histology revealed that the engineered PGA scaffold

with autologous tenocytes had undistinguishable structure to native tendon tissue

and biomechanical analysis demonstrated higher breaking strength of PGA

scaffolds comparable to normal tendon strength [94]. Lastly, knitted PLGA seeded

with bone marrow stromal cells implanted into an Achilles tendon gap defect in

rabbits demonstrated tissue regeneration and improved mechanical properties after

12 weeks [95]. Immunohistochemical assays revealed the formation of collagen

type I and collagen type III fibers in regenerated tissue and mechanical testing

characterized the scaffold construct as having a tensile modulus similar to that of a

normal tendon control [95]. Synthetic polymers are advantageous because the

composition of the material can be easily controlled [92]. These biomaterials are

easy to tailor for specific applications and are more readily available than natural

materials because they can be synthesized in a laboratory setting. However, because

synthetic materials are not found in native tissue, they have less ability to direct

tissue growth without further biological modification [96].

In contrast, naturally based scaffolds are advantageous over synthetic materials

because many are already found in the body, therefore it is believed that these

materials may incorporate and be remodeled more like native tissues [92]. In

addition, many already possess bioactive molecules that can interact with seeded

cells. However, unlike synthetics, one drawback of naturally based materials is that

it may be difficult to obtain large enough amounts of pure product for clinical scale-

up [96]. Since collagen composes the bulk of fibrous tissues for tendon and

ligament applications, natural scaffold materials often utilize collagen fibers in
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the form of a porous sponge. MSCs seeded on these materials have increased ECM

gene expression and protein deposition both in vitro and after in vivo implantation

in rabbit patellar and Achilles tendon [97–99]. However, collagen fibers acquired

from animals must be processed to remove foreign pathogens to minimize disease

transmission [91]. Collagen can also easily be degraded, which causes the matrix to

rapidly lose mechanical strength [91, 100]. Crosslinking can slow down the process

of degradation and the rate of mechanical property loss. However, this technique

can introduce potential toxic residues in the form of crosslinking agents [91].

Silk, a protein fiber from silkworms, can also be used as a naturally derived

scaffold for tendon and ligament tissue engineering. Silk is composed of a fibroin

core and a glue-like sericin cover. Silk fibers have high Young’s modulus values

when compared to PLA and collagen [101] and undergo relatively slow proteolytic

degradation in vivo [27]. However, over long periods of time, degradation is

mediated by a foreign body response. In one study, 12 weeks after silk was

implanted in the abdomen wall of a rabbit, tensile strength of the fibers decreased

80% from their original value and histology revealed a decrease in number of fibers

over 2 years [102]. While the mechanical properties of silk are promising, there is a

concern of the potential negative immune response because it is not a native

material found in the body [79, 91].

15.4.3 Exogenous Factors

A number of biochemical and mechanical signals can be used to manipulate cell

and scaffold interactions for fibrous tissue engineering. Various exogenous factors

have been identified that improve tendon and ligament cell proliferation and matrix

formation in vitro and in vivo [8], which could be harnessed to improve production

of engineered tendon/ligaments in vivo or ex vivo. This section discusses both

soluble factors (i.e., growth factors) that improve cellular response and the use of

bioreactors to create controlled culture systems for tissue-engineered cell and

scaffold constructs.

15.4.3.1 Soluble Factors

TGF-b, platelet-derived growth factor (PDGF), bFGF, and insulin-like growth

factor-1(IGF-1) have all shown to upregulate fibroblast proliferation and ECM

production [73, 103, 104].

TGF-b: TGF-b increases collagen and proteoglycan gene expression and synthesis

in fibroblasts [105–107]. In vitro studies have examined the effects of the introduc-

tion of TGF-b1 at different concentrations (0.12–25 ng/mL) in culture media [72].

Human dermal fibroblasts showed a significant increase in gene expression of

collagen type III after 3 days [72]. In another study, proteoglycan production

15 Engineering Fibrous Tissues and Their Interfaces with Bone 335



of canine ligament fibroblast was measured via gel filtration chromatography [107].

After 24 hours, cells cultured with a 1 mg/mL solution of TGF-b1 resulted in

significantly higher proteoglycan synthesis than the growth factor-free control

[107]. In vivo studies have also been performed to evaluate the effects of growth

factors on healing of an injured ACL [108]. TGF-b1 was administered to rabbits at

the site of an overstretched injury in the right ACL. After 12 weeks, results revealed

that the application of 4 ng of TGF-b1 significantly enhanced the healing in the

injured site, as seen through increased stiffness of the tissue and increased maxi-

mum load values [108]. It is suggested that this is the result of increased collagen

type I production in the matrix network.

PDGF: An in vitro study with a canine model was performed to examine the effects

of single and combined growth factors on cell proliferation and collagen produc-

tion. Fibroblasts isolated from the intrasynovial flexor tendon were cultured in

media containing 10 ng/mL of PDGF and/or 10 ng/mL bFGF. After cell culture

for 24 houes, cell proliferation, determined via thymidine incorporation, in the

presence of PDGF increased 13-fold when compared to the no-growth factor

control [73]. When PDGF and bFGF were combined, both cell proliferation and

collagen synthesis, measured by 3H-proline incorporation, increased in a dose-

dependent manner from 5 to 40 ng/mL [73].

It has been shown that PDGF increases mechanical properties of ligament tissue

in vivo [109]. This study used a rabbit model to introduce PDGF at concentrations

of 400 ng and 20 mg into the ruptured right medial collateral ligament. After 6

weeks, results demonstrated that both doses of PDGF caused a significant increase

in cross sectional area when compared to the negative-growth factor control [109].

Stiffness and ultimate elongation values were significantly higher than the control

values for 20 mg dose of PDGF, suggesting that the growth factor enhanced

structural properties during healing [109].

bFGF: As evidenced in the study described above, bFGF can stimulate cell

proliferation [73]. In addition, bFGF increases migration of rat tendon fibroblasts

in an in vitro wound model at dosages ranging from 0–50 mg/L. At 10 mg/L, bFGF
“wound” closure was most accelerated. Through measurement of 5-bromo-2-

deoxyuridine incorporation, the mechanism for this process was identified as cell

proliferation [110].

IGF-1: IGF-1 acts to promote matrix synthesis and cell proliferation [111–113].

IGF-1 mRNA and protein levels have been shown to increase at injury sites in soft

tissues. This upregulation can help the healing process because IGF-1 increases

proliferation activity that is associated with the inflammatory and proliferation

stages of healing [104].

Growth factors also play a role in MSC maintenance and differentiation. The

previously mentioned growth factors have all shown to increase MSC growth and

tendon/ligament ECM production [114–116]. In addition, growth and differentia-

tion factors (GDF) 5, 6 and 7, classified in the bone morphogenetic protein (BMP)

family, play a major role in tendon and ligament differentiation.
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GDF 5, 6, 7: In vivo studies have shown that injection of GDF 5, 6, and 7 improve

healing capacity of injured tendons in rats and rabbits [117–120]. In a rat model,

GDF 5 and GDF 6 at concentrations of 0, 1, and 10 mg were soaked on a collagen

sponge. After 14 days, it was seen that failure loads increased for rat Achilles

tendons implanted with the treated sponge when compared to untreated collagen

sponge controls. Histology revealed that the application of GDF 5 and GDF 6

resulted in cell-abundant regions distributed around the collagen sponge [117].

The introduction of these factors can also promote new tendon and ligament

tissue formation [121]. Another study used GDF 5, 6, and 7 implanted subcutane-

ously and in the quadriceps muscle of rat models. In the subcutaneous implant,

after 21 days, light microscopy and electron microscopy were utilized to observe

collagen type I with structure resembling newly formed tendon tissue. Northern blot

analysis and PCR revealed mRNA expression of elastin, decorin, and collagen type

I [121]. When implanted into the quadriceps muscle, light microscopy images

confirmed crimped neotendon-/neoligament-like tissue formation in GDF implants

after 10 days [121]. Overall, the results of this study support that GDF 5, 6, and 7

can influence differentiation of connective tissue precursor cells to tendon and

ligament cells.

Growth factor experiments have shown success in promoting cell proliferation,

differentiation, and matrix production in a variety of both in vitro and in vivo
models of tendon/ligament healing. However, further studies must be undertaken

to better understand the specific intracellular pathways involved and the effects of

combining different growth factors simultaneously or in a temporally controlled

manner before optimal growth factor regimens for improving fibrous tissue

production from cell-scaffold constructs can be identified.

15.4.3.2 Bioreactors

To improve tissue formation within cell-scaffold constructs, bioreactor culture

systems have been explored for a variety of tissue engineering applications.

Bioreactors can be divided into two classes: constructs that can be directly

implanted into the body and the in vivo environment acts as the bioreactor, or

constructs that can be placed in an ex vivo cell culture system to control and

maintain the biochemical and physical environment [8]. An in vivo bioreactor

system provides a native environment for cell culture, but fine control of signals

is lost and understanding of regulatory pathways is not clear. An ex vivo bioreactor

allows for the control and introduction of biochemical and physical signals, which

can help promote cell proliferation, differentiation, and tissue development. In

particular, ex vivo tensile stimulation has been reported to induce cellular prolifera-

tion, fibroblastic differentiation, cellular alignment, and ECM synthesis and

remodeling [122–125]. In addition, this type of bioreactor may, in turn, provide

better understanding of tissue development associated mechanosensitive signaling

pathways. However, concern remains over scalability of ex vivo bioreactors for

clinical scale production of engineered constructs.
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Cells can respond differently when cultured in a two-dimensional (2D) or a

three-dimensional (3D) system [126]. 2D culture allows for confluent and uniform

cell seeding, but does not create an environment similar to the native tissue

environment, while 3D cultures can more closely mimic natural tissue architec-

ture. In a bioreactor, a 3D environment allows mechanical stimulation to be

uniform across and through the scaffold. Mechanical stimulation in the form of

cyclic tensile stress has been recently identified as a critical component in

the tissue engineering approach for tendon and ligament regeneration [127].

The widely used Tissue Train® culture system is a method for culture that

provides tensile loading of cells in a 3D matrix or hydrogel [128]. The system

consists of a loading well plate to first seed the matrix or gel and cells on a flexible

membrane. The loading well plate is removed and a loading post is attached.

When a vacuum is applied to the loading post, the membrane deforms the sides of

the flexible membrane and, thus, the construct undergoes uniaxial strain [129]. In

one study using this system for tendon/ligament applications, avian tendon

fibroblasts were suspended in a collagen type I gel in each well of the culture

plates. The loading regimen consisted of uniaxial cyclic strain of 1% at 1 Hz for

1 hour/day up to 11 days. Histological staining revealed cells aligned in the

direction of the axial load, similar to what is found in native tendon tissue.

Mechanical testing also revealed that the elastic modulus increased over time

with strain and the ultimate tensile strength was significantly higher than that of

the non-loaded controls [129].

In other experiments using bioreactors for tensile stimulation, human patellar

tendon fibroblasts were cultured and seeded on micro-grooved silicone surfaces and

subject to uniaxial stretch at 0, 4, and 8% at 0.5 Hz for 4 h. After stretching, cells

were incubated statically for 4 hours and then analysis was performed. RT-PCR

results revealed that stretching induced increased gene expression of collagen type I

and collagen type III. Enzyme-linked immunosorbent assays (ELISA) of proteins

released into the media also indicated increases in collagen type I in the media for

stretched cells [122]. The results of this study confirm that strain is necessary for

fibroblast ECM protein expression. The stimulation of cyclic loading is also

necessary for fibroblasts to adopt an elongated spindle shape that is seen in native

fibroblasts [123, 130].

MSCs under mechanical strain have also been shown to increase fibrous tissue

ECM gene expression and protein production [27, 115, 127, 131, 132]. In one study

that applied a 10% translational followed by a 25% rotational strain on collagen

gels seeded with bone marrow-derived cells for 14 days, real time RT-PCR results

indicated collagen type I, collagen type III, and tenascin-C were upregulated

in strained samples when compared to the baseline measurements of the control

group and immunostaining images detected the presence of collagen type I and III.

In addition, mechanically stimulated constructs did not show an upregulation

of typical markers for bone and cartilage (i.e., bone sialoprotein and collagen

type II) [132].
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15.5 Tissue Engineering of Fibrous Tissue

Interfaces with Bone

The enthesis, or site of attachment of the tendon or ligament to the bone, is a

common focus of tissue overuse injuries that can lead to rupture [133]. Engineering

fibrous tissue-bone interfaces is challenging as constructs must address the required

mechanical properties and physiology of two very disparate tissues. The native

interfacial tissue’s fibrocartilaginous composition also differs significantly from the

tissues on either side (tendon/ligament and bone). However, enthesis tissue engi-

neering is similar to regenerating the midsubstance of the tendon or ligament in that

cells, scaffolds, and exogenous factors have been explored to recreate the insertion

site, although more complex combinations of these basic elements may be required

than for regular fibrous tissue engineering. This section will discuss concepts of co-

culture of different cell types, phasic and gradient scaffolds, and delivery of soluble

factors to regenerate the transition from fibrous tissue to bone.

15.5.1 Cells

Co-culture methods enable the interaction between two different cell populations in

a controlled system. Such systems have been proposed to aid interface tissue

engineering, as well as understanding the developmental processes resulting in the

formation of the fibrous tissue-bone insertion [46]. At the tendon-/ligament-bone

insertion site, fibroblasts, chondrocytes, hypertrophic chondrocytes, and osteoblasts

have been identified [12, 13, 18, 134]. A study performed using a co-culture of

monolayer bovine osteoblasts with a condensed micromass of bovine chondrocytes

found that, over 21 days in vitro, cell number remained constant over time for both

cell types. In addition, there was little glycosaminoglycan deposition present in co-

culture experiments when compared to the chondrocyte culture control, and alkaline

phosphatase activity remained constant over time, as opposed to increasing over

time in the osteoblast-only control. It was shown that co-culture had no effect on

osteoblast collagen type I gene expression, but mineralization was delayed [135].

These results suggest that the interactions between the two cell types affect the

phenotype of both cells; however, further studies need to be performed to understand

the type of specific interactions that are responsible for the alterations observed.

Co-culture experiments have also been performed utilizing bovine ACL

fibroblasts and osteoblasts from trabecular bone fragments of neonatal calves

[136]. This co-culture model was created in a tissue culture well with a permeable

hydrogel divider in the middle. By day 7, fibroblasts and osteoblasts had migrated

to the interface region of the hydrogel. Alkaline phosphatase activity in the co-

culture peaked at day 14 and decreased through day 28, whereas the osteoblast

control culture demonstrated increasing intensity of alkaline phosphatase staining

over 28 days. Glycosaminoglycan deposition (measured by Alcian Blue staining)
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did not change over time in the co-culture and collagen type II and aggrecan

expression (measured by RT-PCR) were elevated after 28 days [136]. Mineraliza-

tion was also observed to remain relatively low levels in the co-culture samples.

The results of the study indicate that co-culture may be an important aspect to

include for creation of the fibrocartilaginous tissue that is found at the insertion

point. However, further experiments examining additional cell types and/or soluble

factors to improve the amount and integration of this fibrocartilaginous tissue with

juxtaposing bone and fibrous tissues are needed before engineering of a more

complete fibrous tissue-bone interface can be achieved.

15.5.2 Scaffolds

The scaffold design for an interface region needs to recapitulate the complex

structure of the native tendon/ligament to bone insertion site. The scaffold should

exhibit a gradient of structural and mechanical properties that mimics the native

tissue [137]. A stratified or multi-phased scaffold is able to achieve this characteris-

tic. Scaffold phases must also have the ability to integrate into the native tissue after

implantation. This can be achieved by using gradually degradable biomaterials.

A study has been performed to develop a triphasic scaffold with co-culture for the

ligament-bone interface [138]. This scaffold is modeled after the native structure, in

which “Phase A” was designed with a PLGA mesh for fibrous tissue formation and

seeded with human fibroblasts, “Phase B” contained PLGA microspheres for

fibrocartilage culture, and “Phase C” utilized sintered PLGA and bioactive glass

with human osteoblasts for bone formation. After 42 days, fibroblast and osteoblast

cells migrated to “Phase B” and increased matrix production similar to the interface

region, while cell specific matrices were secreted for “Phase A” and “Phase C”

[138]. When a triphasic system with tri-culture of bovine fibroblasts in “Phase A,”

chondrocytes in “Phase B,” and osteoblasts in “Phase C” was implanted in vivo in a
subcutaneous rat model, matrix production compensated for the decrease inmechan-

ical properties of a degrading scaffold and phase specific controlled matrix hetero-

geneity was maintained 2 months after implantation [139]. These results show that

stratified scaffolds have the potential to promote multiple zones of tissue regenera-

tion in a single scaffold system [137].

As an alternative to a construct containing discrete phases, a graded scaffold has

also been examined for fibrous tissue-bone interface regeneration [140]. This

gradient was achieved by controlling the location of a retrovirus for osteogenic

transcription factor Runx2/Cbfa1 on a collagen I scaffold. Dermal rat fibroblasts

were seeded on these scaffolds and osteogenic and fibroblastic cell activity was

studied. After 42 days of in vitro culture, microCT imaging revealed zonal organi-

zation of mineral deposition and fibroblastic ECM on the graded scaffold. Quanti-

tative RT-PCR confirmed upregulated expression of osteogenic specific markers in

fibroblasts at regions of dense retroviral coating. These constructs were then

implanted into ectopic subcutaneous sites of syngeneic rats. After 14 days in vivo,
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microCT imaging revealed mineral deposition was present in areas of high retrovi-

ral coating only. This experiment demonstrates proof-of-concept evidence for a

means to create a single scaffold that can exhibit properties of a native interface

region containing graded mineralization.

Phasic and gradient scaffolds both aim to recreate the tendon/ligament to bone

interface. Phasic scaffolds are limited by the lack of continuous transitions between

different zones. However, the gradient scaffolds developed to date pose the prob-

lem of requiring gene transfection agents to achieve the desired biological outcome.

While promising early results have been obtained, for both techniques, reestablish-

ment and regeneration of the interface region has not been successfully shown

in vivo, therefore additional experiments are required. Effects of biological, physi-

cal, and chemical stimulation on these constructs also have not been explored [137].

Therefore, significant further work in this area is required before these approaches

could be implemented clinically for interface regeneration.

15.5.3 Soluble Factors

The growth factor BMP-2 has been shown to stimulate tendon-/ligament-bone

interface healing [141–143]. BMP-2 was incorporated into a poly(ethylene glycol)

(PEG)/hyaluronic acid hydrogel with periosteal progenitor cells to direct fibrocar-

tilaginous attachment and new bone formation in a healing tendon model [141].

This construct was implanted in the knee joints of white rabbits for up to 6 weeks.

After this time, RT-PCR revealed that osteogenic markers of collagen type I and

osteopontin were present, and the cartilage specific markers of collagen type II and

aggrecan were expressed. Histological findings demonstrated that in hydrogels with

BMP-2, the graft interface contained organized collagen fibers and Sharpy-like

fibers after 3 weeks [141]. This study suggests improved graft fixation may be

achieved clinically with a BMP delivered from a PEG-based hydrogel.

Another study aimed to develop a method for improving the integration of grafts

for the replacement of ACL. Semitendinosus tendon grafts were infected with a

retroviral adenovirus-BMP-2. These tendon grafts were implanted and replaced the

native ACLs of rabbits [142]. Over the course of 8 weeks after surgery, a four-zone

interface was histologically visible and higher failure loads and stiffness levels

when compared to grafts without BMP-2 were observed [142]. Overall, this study

demonstrates the potential of BMP-2 gene transfer to improve the integration of

tendon grafts to bone after reconstruction surgery.

Delivery of soluble factors has been a recent advance in engineering fibrous

tissue interfaces and, as the above studies indicate, holds promise in enhancing

current graft fixation and providing possible means to create fully integrated tissue-

engineered bone-ligament-bone grafts. However, further experiments are required

to better understand the signaling pathways involved and the effects of temporal

combinations of growth factors on tissue formation, bone tunnel healing, and graft

fixation in order to further optimize these approaches.

15 Engineering Fibrous Tissues and Their Interfaces with Bone 341



15.6 Conclusions

When rupture of tendon or ligaments occurs, graft surgeries can be performed to

restore function. However, these grafts are often not able to recreate original

mechanical properties, such as ultimate strength and elongation [4]. For this reason,

tissue engineering approaches have been investigated that possess the potential

to overcome the shortcomings of surgical procedures by fully restoring the

native tissue architecture and composition, including the fibrous tissue to bone

interface.

Fibrous tissue engineering utilizes cells, scaffolds, and/or exogenous factors in

various combinations. Cell types most commonly investigated include autologous

fibroblasts, dermal fibroblasts, and MSCs because they have demonstrated secretion

of tendon-/ligament-specific matrix molecules under the proper culture conditions

[74]. Both natural and synthetic scaffolds can act as cell carriers at a site of injury,

but must be optimized to facilitate cell attachment, differentiation, and upregulation

and secretion of ECM components while providing sufficient mechanical stability

at the defect site. Lastly, exogenous factors, such as growth factors and bioreactor

systems, have been explored to enhance cell culture environments and promote

tissue regeneration both in vivo and ex vivo.
While the means to regenerate fibrous tissues has been extensively studied,

engineering of the fibrous tissue interface to bone has not been explored in the

same depth. Interface tissue engineering has significant implications because cur-

rent graft surgeries do not restore interface structure or function [63, 64]. Similar to

engineering fibrous tissues, interface engineering combines cells, scaffolds, and

exogenous factors, although more complex construct designs may be required than

for regular fibrous tissue engineering.

Many challenges remain before the ultimate goal of recreating tendon/ligaments

and their interfaces can be achieved. In addition to identifying a cell source with

appropriate expansion capabilities and a scaffold with proper degradation and

biological activity, it is difficult to fully implement a protocol for introducing

exogenous factors such as growth factors or mechanical stimulation when under-

standing of the signaling pathways by which these stimuli act has not been fully

elucidated. While results of proof-of-concept experiments are promising, tendon-/

ligament-bone interface tissue engineering provides an additional set of design

constraints in order to create regions that vary in mechanical properties and

composition. Therefore, the current combination of cells and scaffolds must be

optimized in vitro and further in vivo studies must be performed to confirm the

efficacy of these methods in restoring the transitional region.

While these challenges may appear daunting, recent advances in scaffold synthe-

sis and fabrication, basic biological understanding of both tendon and ligament

development as well as signaling pathways underlying mechanotransduction, and

identification of new potential cell sources hold promise to address the limitations of

current tissue-engineered constructs. Therefore, continued interdisciplinary research

to create the next generation of approaches that harness new findings from such
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disparate fields as materials science, chemical and mechanical engineering, and cell

biologywill undoubtedly lead to greatly improved tissue engineering-based therapies

for tendon and ligament injuries as well as promote quick and efficient translation for

future clinical use.
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Chapter 16

Synthesis of Layered, Graded Bioscaffolds

Daniel W. Weisgerber, Steven R. Caliari, and Brendan A.C. Harley

16.1 Introduction

The extracellular matrix (ECM) is a complex 3D structure of matrix proteins and

proteoglycans that defines the extrinsic environment surrounding cells. Biomaterials

are often designed to explicitly mimic distinct features of this microenvironment.

Approaches to design “monolithic” biomaterials—uniform 3D structures that pres-

ent a defined combination of structural, compositional and biomolecular cues—have

improved markedly, and are responsible for many fundamental advances in our

understanding of how cells interrogate and respond to their microenvironment. For

example, previous canonical works have established the significance of biomaterial

composition [2, 3] and soluble factor supplementation [4–6] as critical regulators of

cell behavior, stem cell fate, and biomaterial regenerative potential. However, with

these advances has also come an increasing understanding that in many cases

monolithic structures are insufficient. Notably, many tissues in the body contain a

degree of heterogeneity or patterning. A critical class of such is found in tissues

containing interfaces. In this chapter we concentrate on the design and development

of two distinct biomaterial composites for orthopedic tissue engineering. First, the
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native osteochondral (cartilage-bone) interface provided the motivation for creating

techniques to fabricate multi-compartment collagen-glycosaminoglycan (GAG)

scaffolds (CG scaffolds); this structure contains region-specific compartments as

well as gradients of ECM proteins and soluble biomolecules (growth factors,

proteins, cytokines) across the interface. Second, the development of a tendon

regeneration strategy has required implementation of bioinspired composite

structures to generate bioactive, porous scaffolds that maintain sufficient

mechanical integrity. Although focused on orthopedic tissue engineering, the

methods discussed here have broader applicability to many other tissue systems.

Critically, both case studies provide valuable information regarding the integration

of defined layers, compartments, and gradations into a single biomaterial structure.

16.2 Collagen-GAG Scaffolds: History of Applications

The ECM is a fibrillar network of structural proteins (collagens, proteoglycans,

etc.), specialized proteins for cell adhesion (fibronectin, laminin, etc.), and other

tissue-specific materials such as hydroxyapatite in bone [7]. The ECM defines the

physical morphology of tissues and the local environment in which cells reside.

Tissue engineering scaffolds are used as 3D analogs of the native ECM to heal or

modify tissues in a controlled manner. In order to be successful, these scaffolds

must be able to recapitulate integral aspects of the ECM microenvironment while

supporting a range of physiological cell processes.

As analogs of the native ECM, collagen-GAG materials possess several vital

characteristics for successful tissue engineering scaffolds, including a 3D micro-

structure with a high degree of pore interconnectivity, tunable degradation and

resorption rates, surface ligands for cell adhesion, and mechanical integrity [7, 8].

CG biomaterials were first developed in the 1970’s through a collaborative effort

between Dr. Ioannis Yannas, a professor at Massachusetts Institute of Technol-

ogy, and John F. Burke, a surgeon at Massachusetts General Hospital. Originally

developed for regenerative repair of full-thickness skin wounds, CG biomaterials

have been utilized in a plethora of tissue engineering studies, both in vivo as

regenerative templates for skin, peripheral nerves, conjunctiva, and a range of

orthopedic tissues (bone, cartilage, tendon, intervertebral disk) [9–12] as well as

in vitro as 3D microenvironments to probe more fundamental questions about cell

behaviors and cell–matrix interactions [13–15]. Scaffold microstructure (poros-

ity, mean pore size, pore shape, interconnectivity, specific surface area) [9, 12,

15–23] and mechanical properties (Young’s modulus, yield stress) [24–33] have

been shown to be key factors that can influence cell behaviors such as adhesion,

motility, contraction, stem cell differentiation, gene expression, and overall

bioactivity [9].

CG scaffolds are traditionally created from a suspension consisting of

co-precipitated collagen (typically type I) and glycosaminoglycan content in a

weak acetic acid solution [9]. The collagen backbone of this scaffold provides

352 D.W. Weisgerber et al.



controllable biodegradation rates and products, native ligands to aid cell attach-

ment, and relatively weak antigenicity/immunogenicity [34, 35]. GAGs were added

to the collagen material for several reasons beyond that of ECM biomimicry. First,

the co-precipitation of collagen with GAG increased the open-cell nature of the

scaffold, facilitating cell penetration and subsequent metabolic support; the CG

composite was also more resistant to degradation, thereby reducing the need for

heavy crosslinking that would otherwise leave the material brittle [35]. Not surpris-

ingly, the addition of GAG was also shown to significantly improve material

mechanical integrity [35]. While chondroitin sulfate remains the primary GAG

constituent, additional GAGs can be added for tissue-specific reasons, such as the

generation of a collagen-hyaluronic acid (HA) scaffold for cartilage tissue engi-

neering [36]. Homogenization and acidic co-precipitation (pH<3.2) of the collagen

with GAG content also destroys collagen’s quaternary structure (without

denaturing the collagen). This resulted in unique hemostatic properties for CG

materials through the limitation of platelet aggregation in vivo normally associated

with collagen materials [35]. CG scaffolds are typically fabricated from a suspen-

sion containing between 0.5 and 1% w/v collagen and 0.05–0.1% w/v GAG [7].

These values were selected so that the resultant scaffolds have high porosities to

enable rapid cellular infiltration and diffusive transport processes, but also because

of the inherent difficulty in processing collagen-GAG suspensions with higher

solids content without denaturing the collagen due to the increased temperature

and shear stresses required for complete mixing.

The scaffold structure is created via lyophilization [7]. Briefly, the CG suspen-

sion is frozen at a specified temperature and rate [19, 37], resulting in a continu-

ous, interpenetrating network of ice crystals surrounded by fibers of CG co-

precipitate termed struts. Sublimation of the ice crystals at a low vacuum

Fig. 16.1 ESEM image of the pore structure of the CG scaffold (Tf ¼ �40�C). Scale bar: 100 mm.

(Reproduced, with permission, from Pek et al. [38])
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(<200 mTorr) produces a highly porous scaffold where the scaffold pore size and

shape is defined by the size and shape of the ice crystals formed during solidifica-

tion (Fig. 16.1) [38]. Modifying suspension freezing rate, final freezing tempera-

ture, and inclusion of annealing steps have all been shown to significantly alter

final scaffold pore structure [19, 37, 39]. These scaffolds resemble low-density,

open-cell foams, with an interconnected network of struts and are typically

fabricated with relative densities (r*/rs) significantly less than 5% (porosities

greater than 95%).

Recently, CG fabrication schemes have been modified to enable integration of

calcium phosphate (CaP) mineral content into the prototypical CG scaffold [40–42],

including control over themineral to organic ratio (CaPmass fraction) of the collagen-

GAG-CaP (CGCaP) triple co-precipitates (0–80 wt%) in order to cover a range that

includes themineral content of developing osteoid and natural (cortical) bone (75wt%

CaP) [40, 43]. CGCaP scaffolds are of particular interest for orthopedic applications

due to their potential to mimic the native biochemistry of bone, notably the creation of

an interpenetrating collagenous matrix (organic) and CaP (mineral) network, as well

as the significant improvement in overall mechanical properties of the CGCaP

scaffolds relative to non-mineralized CG scaffolds [44–46]. The addition of a mineral

phase to the classic CG scaffold archetype enabled the development of composite

materials with the requisite biochemical and biomechanical properties for bone and

interfacial tissue engineering. CGCaP scaffold technology has been used as the basis

for creating multiphase collagen scaffolds for the repair of interfacial tissues, notably

osteochondral defects [40, 41, 47].

16.3 Multi-compartment Scaffolds for Interfacial

Tissue Engineering

Tissue interfaces are found throughout the body; they link distinct tissue

compartments with a stable interface most often containing gradients in ECM

content (i.e., collagens, GAGs, CaP) and soluble biomolecules (i.e., growth factors,

proteins, cytokines) across the interface. Notably, articular joint surfaces contain

two distinct tissue types, bone and articular cartilage, meeting at a smooth, stable

interface (the “tidemark”). A major contributing factor to the stability of the

osteochondral interface is the smooth compositional transition between mineralized

bone and unmineralized cartilage [48] that occurs as CaP content gradually

decreases from the levels found in the subchondral bone plate (~75 wt%) across a

zone of calcified cartilage to zero in articular cartilage. Over this same transition,

type II collagen content dramatically increases from zero in the subchondral bone to

the levels found in native cartilage. Most significantly, collagen fibrils extend across

this tidemark from each side, ensuring a continuous organic phase [49–51]. Here we

describe integration of CG and CGCaP scaffold technologies to develop a multi-

compartment collagen scaffold for the repair of orthopedic interfaces.
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16.3.1 Fabrication of Osteochondral CG-CGCaP Multi-
compartment Scaffolds

In designing a multi-compartment scaffold, important factors to control include the

chemical and microstructural composition of each compartment and the interfacial

region. A liquid phase co-synthesis method was developed to enable fabrication

of multi-compartment CG scaffolds for osteochondral tissue engineering. This

multi-compartment scaffold was designed to be a single biomaterial construct

containing distinct osseous (bone) and cartilagenous (cartilage) regions

(compartments), each with distinct microstructural, chemical, and mechanical

properties that are connected via a continuous interface [47]. The osseous compart-

ment for subchondral bone regeneration was made from type I collagen, chondroi-

tin sulfate, and CaP while the cartilagenous compartment for cartilage regeneration

was composed of type II collagen and chondroitin sulfate. Using this new fabrica-

tion scheme, distinct CG and CGCaP suspensions are created containing ECM

components representative of each tissue compartment.

The continuous interface is created by layering the cartilagenous compartment

and the osseous compartment suspensions in a conventional freeze-drying mold,

but then incorporating a processing step to enable partial diffusive mixing between

the two suspensions near their interface. Once the region of interdiffusion was

created between the suspension layers, freeze-drying was used to form the final

multi-compartment scaffold microstructure (Fig. 16.2) [47]. This fabrication

method prevents complications often observed in layered scaffolds containing

abrupt interfaces such as those created when suturing or gluing distinct phases

together post-fabrication. In these cases delamination due to stress concentrations,

foreign body contamination (from glue or other adhesive), and inefficient cellular

transport between scaffold phases can be a significant problem [47]. The differen-

tial chemistry, microstructure, and mechanics of the osseous and cartilagenous

compartments enable these layered scaffolds to exhibit compressive deformation

behavior that mimics behavior observed in natural articular joints [47, 52]. The

continuous interface between scaffold regions may also be critical for the recapitu-

lation of native interfacial physiology for tissues such as ligament and tendon [47].

16.3.2 Methods of Characterizing Multi-compartment
CG-CGCaP Scaffolds

It is imperative to develop quantitative analysis techniques to consider the biophysical,

compositional, and biomechanical properties of multi-compartment scaffolds.

Experimental characterization of multi-compartment CG scaffold properties such

as chemical composition, pore morphology (size/shape), relative density, perme-

ability, and mechanics have been used to describe distinct scaffold features. Experi-

mental characterization has also been supplemented by modeling approaches that

enable a more complete understanding of the microenvironment presented by the
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CG structure to distinct cells or populations of cells. While it is possible to mechani-

cally separate the multi-compartment scaffold and perform analysis on individual

compartments, methods that enable simultaneous analysis of discrete regions from

within a single gradient or multi-compartment scaffold are especially useful.

Scaffold composition can be assessed by a number of analytical tools, notably

dimethylmethylene blue (DMMB) assay to determine GAG content, hydroxypro-

line assay to determine collagen content, and mass subtraction to determine CaP

content [40]. Further, CaP phase can be determined via subsequent X-ray diffrac-

tion (XRD) analysis of the scaffold regions [40, 41]. In order to qualitatively

describe the distribution of CaP mineral content within the multi-compartment

scaffold, combined SEM imaging and energy dispersive X-ray spectroscopy

(EDX) can be used to show both the local pore microstructure at the interface and

to determine the mineral content and spatial distribution of mineral within the

scaffold (Fig. 16.3) [47].

Fig. 16.2 Schematic of liquid phase co-synthesis scheme. Type II collagen-GAG (CG) suspen-

sion (blue) is carefully layered on top of collagen-GAG-CaP (CGCaP) suspension (tan) and

allowed to interdiffuse. Interdiffusion followed by freeze-drying creates a gradient interface

between the two compartments that mimics the physiology of natural articular joints.

(Reproduced, with permission, from Harley et al. [47])
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CG microstructure (pore size and morphology) is best quantified via a

stereological approach. Longitudinally and transversely oriented scaffold samples

are embedded in glycolmethacrylate, sectioned, stained, and observed using optical

microscopy. A linear intercept approach can resolve a best-fit ellipse representation

of the pore morphology. Dimensions of the ellipse (major and minor axes) allow

calculation of both an equivalent mean diameter and a mean pore aspect ratio

[14, 19, 37, 53]. Micro-computed tomography (microCT) has also been used to

analyze pore microstructure [14, 19, 37, 54], though it often requires significant use

of contrast agents to enable accurate visualization of the non-mineralized CG

content. For subsequent discussion of mechanics and permeability in this chapter,

a model multi-compartment scaffold variant (CG compartment mean pore size:

219 � 27 mm; CGCaP compartment: 200 � 42 mm; Interface region: 208 � 20

mm) will be described.

Cellular solids modeling approaches have proven to be useful tools in the

description and characterization of CG scaffold pore geometry and microstructural

properties (e.g., pore shape, specific surface area) [55, 56]. CG scaffolds have been

primarily modeled as low density, open-cell foams using a tetrakaidecahedral

(14-sided polyhedron) unit cell. Application of modeling approaches using the

tetrakaidecahedral unit cell with CG scaffolds has led to estimations of a number

of keymicrostructural features of the CG scaffolds, notably scaffold-specific surface

area (surface area divided by the volume of the scaffold) [19, 21], mechanical

behavior [57], strut geometry and deformation [14, 15], and permeability (SA/V)

[58]. A key parameter used in these analyses is the relative density (r*/rs) of the
scaffold, which is also equivalent to (1�% porosity). Relative density (r*/rs) is
defined as the ratio of the density of the scaffold (r*) divided by the density of the

solid material the scaffold was fabricated from (rs).
Mechanical testing has been performed to determine both the standalone moduli

of individual scaffold compartments and the behavior of the multi-compartment

scaffolds. Results have demonstrated that these scaffolds possess nonlinear

stress–strain behavior with three distinct regions (linear, collapse plateau, and

densification) as is characteristic of low density open-cell foams (Fig. 16.4) [47].

Fig. 16.3 Left, middle: SEM shows the continuity of collagen fibers at the interface between the

CG (blue line) and CGCaP (tan dashed line) compartments. Scale bars: 500 mm (left), 200 mm
(middle). Right: energy dispersive X-ray spectroscopy (EDX) superimposed on SEM image of the

multi-compartment CG-CGCaP scaffold demonstrates the localization of Ca and P mineral content

in the CGCaP (bone) compartment. (Reproduced, with permission, from Harley et al. [47])
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Further, the elastic modulus of the individual struts that define the scaffold network

has also been characterized [57]; scaffold modulus has also been shown to remain

consistent in orthogonal planes of isotropic scaffolds [57], but vary significantly

between orthogonal planes of anisotropic scaffold variants [53]. The mechanical

behavior of CGCaP scaffolds under compression as well as the modulus of the

individual mineralized struts have also been evaluated [41, 46]. These results offer

insight to the mechanical properties of a standardized set of CG materials. For the

model multi-compartment scaffold, the CG compartment exhibited a modulus of

9 � 1 kPa, while the CGCaP compartment possessed a modulus of 155 � 17 kPa.

Fig. 16.4 Top: Stress–strain curves of CG, CGCaP, and CG-CGCaP (Tf ¼ �10�C) scaffolds,
each demonstrating the distinct linear, collapse plateau, and densification regimes characteristic

of low density open-cell foams. Bottom: Ultrasound elastography images, corresponding to

applied strains of 0.0, 0.3, and 0.6, illustrate the local strain experienced in the CG-CGCaP

scaffold
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Analysis of the multi-compartment scaffold showed a modulus of 23 � 2 kPa, with

the low modulus suggestive of compartmentalization of all scaffold deformation in

the softer CG region. Serial microCT analysis has been used to depict the behavior of

individual compartments within the multi-compartment osteochondral scaffold; the

softer cartilagenous compartment experienced more deformation compared to the

osseous compartment (negligible strain) [47]. Recently, ultrasound elastography

approaches have been used to depict local strain in the discrete scaffold

compartments of a multi-compartment scaffold, confirming localized scaffold

deformation in the non-mineralized region under compressive loads (Fig. 16.4).

Scaffold permeability varies significantly across the multi-compartment CG

scaffold. Permeability of tissue engineering scaffolds is a critical design parameter

to be controlled as it influences the diffusion of cytokines, nutrients, and waste

throughout the scaffold prior to material vascularization; further, biomaterial

permeability has also been shown to significantly impact cell migration processes

and scaffold biodegradation rates, amongst others [59]. Material permeability also

affects fluid pressure fields and shear stresses within the construct, additional

potential stimuli for functional adaptation [60]. Permeability of tissue engineering

scaffolds is dictated by a variety of microstructural characteristics including poros-

ity, pore size and orientation, pore interconnectivity, fenestration size and shape,

specific surface area, and applied strain. Cellular solids approaches have been

utilized to build descriptive models of scaffold permeability that accurately capture

the effect of scaffold pore size, relative density, and applied strain on overall

scaffold permeability [58]. When examining the model multi-compartment scaf-

fold, the permeability of each compartment was found to behave as predicted by the

previously described cellular solids model; however, the permeability of the entire

multi-compartment scaffold was found to match that of the mineralized layer. Here,

the mineralized compartment provided the limiting resistance due to its smaller

pore size and higher relative density. The findings that multi-compartment scaffold

mechanical properties match the CG compartment while the bulk permeability

matches the CGCaP compartment, while not surprising, underscore the importance

of continuing to develop methods to quantitatively analyze region-specific

properties within heterogeneous biomaterials.

16.3.3 Clinical Application of Multi-compartment
CG-CGCaP Scaffolds

The weak antigenicity/immunogenicity of the collagen/GAG content within the CG

scaffold as well as its controllable biodegradability, previous FDA-approval, and

overall history in clinical applications [34, 35] make CG scaffolds an attractive

target for clinical translation. Multi-compartment CG-CGCaP scaffolds are cur-

rently being developed and tested for orthopedic interface regeneration applica-

tions. The first generation multi-compartment CG-CGCaP scaffold is currently
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undergoing clinical trials as an osteochondral regeneration template after successful

in vitro and preclinical trials demonstrated that these scaffolds can successfully

integrate into bone defects and show preliminary bony substitution and mineraliza-

tion as well as improved chondrogenesis in the CG compartment [61, 62]. Addi-

tionally, the liquid-phase co-synthesis technique holds promise for the regeneration

of not only osteochondral defects, but also other physiological interfaces such as the

tendon-bone junction.

16.4 Core-Shell Composites for Orthopedic Tissue Engineering

Connective tissues such as tendon and ligaments transmit mechanical loads and

enable normal locomotion. These tissues are also commonly injured with over 17

million injuries occurring each year with annual costs in the tens of billions of

dollars in the United States alone [63]. The most serious injuries require surgical

intervention; such tendon and ligament injuries are responsible for hundreds of

thousands of surgical procedures each year in the United States [8, 63].

One of the key challenges of orthopedic tissue engineering is to create scaffolds

that are bioactive and can support tissue regeneration while remaining mechanically

competent. The most common biomaterial designs for tendon and ligament tissue

engineering are electrospun or woven polymer mats [64–66].While these constructs

can be designed with tensile moduli approaching the level of tendon, electrospun

mats are dense and essentially 2D materials with inadequate permeability, porosity,

and biodegradability. Highly porous scaffolds are alternative biomaterials that could

potentially supersede many of these drawbacks. Porous scaffolds have excellent

permeability and can be fabricated from natural, biodegradable materials. However,

these types of materials are typically orders of magnitude too weak for tendon

applications. To attempt to overcome this limitation, there are several common

methods of scaffold mechanical enhancement that do not have adverse effects on

construct bioactivity. For tendon and ligament scaffolds these include the creation of

aligned microstructure to mimic the native tissue architecture [65, 67] and mechani-

cal stimulation of cell-seeded scaffold constructs [68–71]. While these methods can

marginally improve construct mechanical properties, they have not been successful

in reaching levels of native tendon.

While the multi-scale properties of tendon cannot be replicated by current

biomaterials technologies, composite materials have shown promise for complex

tissue engineering applications. Nature provides an alternative design scheme for

tendon tissue engineering applications: core-shell composites. Plant stems combine

a porous core with a dense shell to aid osmotic transport (core) while maintaining

sufficient tensile/bending stiffness (shell); many bird beaks also combine a dense

shell and porous core to enhance compressive strength and mechanical efficiency

[72]. This type of material has also been utilized to engineer high strength metal

tubing [73]. Mauck et al. have recently fabricated composites for intervertebral disk

tissue engineering consisting of an agarose gel mimicking the central nucleus
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pulposus integrated with layered, aligned nanofiber mats mimicking the annulus

fibrosus region [74, 75].

The CG scaffold-membrane composite paradigm was developed to avoid the

typical tradeoff for porous tissue engineering scaffolds between mechanical

properties (Young’s modulus: E*) and bioactivity (permeability: k and porosity: e).
Briefly, previous experimental and cellular solids modeling studies have shown

that scaffold modulus increases with (r*/rs)
2 (and is not affected by pore size)

but that scaffold permeability increases as (1�(r*/rs))
3/2 [57, 58]. Hence, to

increase CG scaffold elastic modulus by the two or three orders of magnitude

necessary for tendon applications (minimum 100 MPa hydrated modulus), the

corresponding increase in relative density would have adverse effects on overall

scaffold bioactivity (permeability and porosity). Taking inspiration from core-

shell structures in nature [56], the scaffold-membrane composite design can help

overcome these limitations.

16.4.1 Fabrication of Aligned CG Scaffold-Membrane
Composites via Liquid–Solid Phase Co-synthesis

The core-shell CG composite paradigm was implemented using the same

technologies developed to create multi-compartment CG scaffolds for

osteochondral tissue engineering. Here a high density (high tensile strength) CG

membrane was combined with a low density (porous) aligned CG scaffolds into a

single biomaterial via a liquid–solid phase co-synthesis method [1, 47] (Fig. 16.5).

As a precursor for using these composites for tendon repair, the scaffold core

contained a longitudinally aligned, anisotropic pore microstructure fabricated

using a recently developed directional freeze-drying approach [53]. The aligned

microstructure was hypothesized to improve construct regenerative capacity by

increasing the modulus in the direction of alignment and by providing contact

Fig. 16.5 Schematic of CG core-shell composite design
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guidance cues to cells. Scaffold cores were fabricated from a suspension of type I

microfibrillar collagen and chondroitin sulfate [53].

The composite shell was created from a novel CG membrane fabricated via an

evaporative process from the same precursor suspension as the CG scaffold. Briefly,

degassed CG suspension was pipetted into Petri dishes and allowed to air dry in a

fume hood, resulting in a dense CG sheet with thickness on the order of tens to

hundreds of microns [1]. The amount of CG content within the suspension, mediated

by either total suspension volume or suspension density, correlated to the thickness

of the resultant membrane [1]. CG membranes displayed a consistent relative

density (75%) significantly larger than that of the scaffold core (0.6%); membrane

stiffness could be further modulated via post-fabrication crosslinking procedures.

Scaffold-membrane constructs were created via liquid–solid phase co-synthesis

[1, 47] while degree of scaffold core anisotropy was separately modulated via a

directional solidification approach. Membrane pieces were cut to size, rolled, and

placed directly into a PTFE mold containing a copper bottom used to induce

directional solidification [53]. The CG suspension was then pipetted inside the

rolled membrane and allowed to hydrate the membrane [1]. The degree of mem-

brane incorporation can be tuned by adjusting the hydration time of the membrane

in the scaffold suspension prior to freeze-drying. The mold was then placed on a

precooled freeze-dryer shelf where the significant disparity in thermal

conductivities (kCu/kPTFE ~ 1,600) promoted unidirectional heat transfer through

the copper bottom during lyophilization. Conventional sublimation was then used

to remove the ice content from the frozen CG suspension, resulting in core-shell CG

composites containing an aligned pore microstructure [53]. The porous CG core

and dense CG shell are integrated into a single continuous biomaterial that

combines excellent porosity, permeability, and bioactivity with increased mechan-

ical competence necessary for tendon applications. SEM analysis of the scaffold

core shows elongated, aligned pores in the scaffold longitudinal plane as a result of

unidirectional heat transfer; in contrast, pores in the scaffold transverse plane are

circular and more isotropic (Fig. 16.6). The CGmembrane displays a dense network

of fibrillar collagen content and shows excellent integration with the CG scaffold in

scaffold-membrane composites. Additionally, the membrane does not delaminate

from the scaffold core during the freeze-drying process or after hydration [1].

16.4.2 Characterization of CG Membrane Physical
and Mechanical Properties

CGmembranes were fabricated via an evaporative process with thicknesses varying

over an order of magnitude (23–240 mm) (Fig. 16.7) [1]. The thickness could be

adjusted by changing the amount of solid collagen-GAG material used during

fabrication. Despite differences in thickness, the relative density was consistently

in the 0.75–0.80 range (CG scaffold relative density: 0.006). Swelling ratio tests

revealed that all membrane variants were at least 90% hydrated after 30 min in PBS
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(data not shown). Mechanically, membranes are isotropic in plane and both physical

(dehydrothermal: DHT) and chemical (1-ethyl-3-[3-dimethylaminopropyl]

carbodiimide hydrochloride: EDAC) crosslinking methods can be used to further

crosslink the membranes [1]. As expected, significantly crosslinking was

introduced via EDAC treatment. Notably, the highest crosslinked CG membrane

displayed ~7–10-fold increases in modulus over non-crosslinked controls [1],

comparable to increases seen for CG scaffolds treated with the same crosslinking

strategies [57].

Fig. 16.6 (a) SEM of

longitudinal CG scaffold

section displaying aligned,

elongated pore structure. Scale

bar: 100 mm. (b) SEM of

transverse CG scaffold section

displaying round, isotropic

pore structure. Scale bar:

100 mm. (c) SEM of scaffold-

membrane interface showing

integration of two materials.

Scale bar: 1mm. (Reproduced,

with permission, from Caliari

et al. [1])
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16.4.3 CG Scaffold-Membrane Composites: Experimental
and Theoretical Results

Following successful fabrication of aligned CG scaffold-membrane composites, the

mechanical properties of these materials were described using experimental and

theoretical techniques. The aligned CG scaffold core demonstrated superior mechani-

cal properties in the direction of alignment compared to isotropic controls [1], a result

consistent in the literature and that correlated with modeling analyses of anisotropic

cellular solids [56, 65, 67].

Fig. 16.7 (a) SEM of membrane cross-section illustrating dense, layered fibrillar organization.

Scale bar: 10 mm. (b) Membranes can be produced over a wide range of thicknesses (23–240 mm)

with consistent relative density (0.75–0.80) (n ¼ 17). Error bars: Mean � SD. (Reproduced, with

permission, from Caliari et al. [1])
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After separate mechanical characterization of aligned CG scaffolds and CG

membranes, CG scaffold-membrane composites were fabricated and characterized

using membranes ranging in thicknesses from 23 mm (0.5% 1�) to 155 mm (1%

2� wrapped twice around scaffold). These scaffolds demonstrated dramatically

increased tensile moduli over CG scaffold controls (no membrane shell) with a 36-

fold increase observed for the 155 mmmembrane thickness. Experimental results were

compared to predictions from layered composites theory. Layered composites theory

has previously been used to accurately predict the tensile properties of multicompo-

nent materials based on the relative size of the individual components and their

separate moduli [1]. CG core-shell composite Young’s modulus ðE�
compositeÞ can be

predicted by the rule of mixtures as a function of scaffold core Young’s modulus

ðE�
scaffoldÞ , membrane shell Young’s modulus E�

membrane , composite radius (r), and
membrane thickness (t) [1]:

E�
composite ¼ E�

scaffold

ðr � tÞ2
r2

 !
þ E�

membrane 1� ðr � tÞ2
r2

 !
(16.1)

Experimental results correlate well with theoretical predictions, especially for

composites with the two thicker membranes (78, 155 mm) (Fig. 16.8). The close

Fig. 16.8 Core-shell composite Young’s modulus (n ¼ 6) compares favorably to layered

composites theoretical prediction. The close agreement is indicative of integration of the mem-

brane shell with scaffold core. Shell thicknesses: 23, 45, 78, and 155 mm. Error bars: Mean � SD.

(Reproduced, with permission, from Caliari et al. [1])
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agreement of the experimental results with the theoretical predictions indicates

that the core-shell scaffolds behave like layered composites, implying adequate

integration of the membrane with the scaffold (Fig. 16.6c) [1].

Finally, the capability of CG scaffold-membrane composites to support tendon

cell (TC) attachment, proliferation, and long-term viability was assessed. TC

metabolic activity and number were measured over a 14-day in vitro culture period
in aligned CG scaffolds with (CG-membrane) and without (CG) membrane shells

(Fig. 16.9) [1]. Early (1 day) results demonstrated that addition of the membrane

shell did not significantly affect metabolic activity (p ¼ 0.10) (Fig. 16.9b). Inter-

estingly, cell number was significantly increased in CG-membrane scaffolds

(Fig. 16.9a). This is likely due to the effect of the dense membrane shell in

preventing the cell solution from leaking out of the porous scaffold after seeding.

This hypothesis is corroborated by previous work demonstrating that collagen

membrane wraps can effectively keep nutrients and soluble factors localized to

Fig. 16.9 (a) CG-membrane scaffolds support significantly higher TC number at day 1 (n ¼ 6)

and similar cell number at days 7 and 14 (n ¼ 6) compared to CG scaffolds. Both groups show

large increases in TC number from day 1 to day 7 and from day 7 to day 14. (b) CG scaffolds

display higher TC metabolic activity at day 1 (n ¼ 18), significantly higher bioactivity at day 7

(n ¼ 12), and higher TC metabolic activity at day 14 (n ¼ 6). Both groups show large increases in

TC metabolic activity from day 1 to day 7. Error bars: Mean � SD. (Reproduced, with permission,

from Caliari et al. [1])
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the wound site in vivo [76, 77]. Both groups showed dramatic increases in cell

number and metabolic activity at day 7. After 14 days of culture there were no

significant differences between the groups in tendon cell proliferation or metabolic

activity (Fig. 16.9a–b), indicating that the core-shell constructs have adequate

permeability to support the nutrient and metabolite transport necessary for

sustained cell viability and proliferation.

16.5 Conclusions

Porous, 3D biomaterials have been used extensively for a variety of tissue engineering

applications, primarily as analogs of the ECM capable of inducing regeneration of

damaged tissues and organs. CG scaffolds are an important class of these materials

that have been applied as regeneration templates for a wide variety of wounds. Here,

two new classes of CG scaffolds were described. First we described multi-

compartment CG scaffolds, where distinct regions of the scaffold can contain distinct

compositional, mechanical, and microstructural properties. Notably, a liquid phase

co-synthesis method has been created to allow these distinct scaffold compartments

to be linked via a continuous interface. The second class of materials are scaffold-

membrane CG composites; here CG membrane structures were integrated into the

scaffold structure in order to significantly improve the mechanical competence of a

CG scaffold without sacrificing scaffold porosity. In both cases, modeling

frameworks were introduced in order to better understand the observed changes in

microstructural andmechanical parameters. Additionally, in the case of the first class

of composites it was important to explore methodologies that allow regional charac-

terization of the scaffold due to the heterogeneous nature of thematerial. Both classes

of materials should also be amenable to integration with photolithographic

techniques recently developed in our laboratory to immobilize distinct groups of

biomolecules within CG scaffolds in a spatially definedmanner [78]; this approach is

expected to facilitate creation of gradient and compartment-specific biomolecular

(i.e., growth factors, ligands) patterns within these and other CG scaffold variants.

Overall, thematerials described here provide an exciting basis for future experiments

targeted at developing regeneration templates for orthopedic interfaces as well as

other classes of gradient and interfacial tissues.
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