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1. INTRODUCTION

The structural integrity of ‘‘hard’’ mineralized tissues
such as bone is of great importance, especially because
bone is the primary structural component of the body,
serving as a protective load-bearing skeletal framework.
As a structural material, bone is unique when compared
with other engineering materials because of its well-
known capacity for self-repair and adaptation to changes
in mechanical usage patterns (e.g., see Refs. 1–5). Unfor-
tunately, bone mass decreases with aging; furthermore,
elevation in bone turnover, concurrent with menopause in
aging women, can lead to osteoporosis, a condition of low
bone mass associated with an increased risk of fracture.
However, low bone mass is not the sole reason why bone
becomes more prone to fracture with age; indeed, the re-
cent realization that bone mineral density alone cannot
explain the therapeutic benefits of antiresorptive agents
in treating osteoporosis (6,7) has re-emphasized the ne-
cessity for understanding how other factors control bone
fracture. Much of this renewed emphasis is currently be-
ing focused on ‘‘bone quality,’’ where quality is a term used
to describe some, as yet not clearly known, characteristics
of the tissue that influence a broad spectrum of mechan-
ical properties such as elastic modulus, strength, and
toughness. Although there have been many studies on
how such mechanical properties vary with age, disease,
and changes in microstructure (8–30), there still remains
much to be determined about how variations within the
hierarchical microstructure of bone alter the fracture
properties.

The underlying microstructure of cortical bone is quite
complex. The basic building blocks, namely an organic
matrix (90% type-I collagen, 10% amorphous ground sub-
stance) and mineral phase (calcium phosphate-based
hydroxyapatite), are similar for all collagen-based miner-
alized tissues, although the ratio of these components and
the complexity of the structures they form varies with the
function of the particular tissue and the organ it forms.
The composition and the structure of bone are not invari-
ant; they vary with factors such as skeletal site, age, sex,
physiological function, and mechanical loading, making
bone a very heterogeneous structure. On average, how-

ever, the organic/mineral ratio in human cortical bone is
roughly 1:1 by volume and 1:3 by weight.

The hierarchical structure of bone (14,16,31) can be
considered at several dimensional scales (14). At nano-
scale dimensions, bone is composed of type-I mineralized
collagen fibers (up to 15 mm in length and 50–70 nm in di-
ameter) bound and impregnated with carbonated apatite
nanocrystals (tens of nm in length and width, 2–3 nm in
thickness) (14). These fibers are further organized at mi-
crostructural length-scales into a lamellar structure with
adjacent lamellae being 3–7 mm thick (16). Threaded
throughout this lamellar structure are the secondary ost-
eons (31) (up to 200–300mm diameter), large vascular
channels (up to 50–90 mm diameter) oriented roughly
along the longitudinal direction of the bone and sur-
rounded by circumferential lamellar rings, with so-called
‘‘cement lines’’ at the outer boundary.

Critical for developing a realistic framework for frac-
ture risk assessment is an understanding of the impor-
tance of bone’s microstructural hierarchies on its
mechanical properties. Indeed, the difficulty in under-
standing the mechanisms of fracture in bone clearly lies
in determining the role that the underlying microstruc-
tural constituents and morphology play in crack initiation,
subsequent crack propagation and final unstable fracture,
and in separating their effects on the critical fracture
events. It is the intent of this chapter to describe how
fracture mechanics, along with various characterization
techniques, have been used to begin developing such a
mechanistic framework for the fracture behavior of corti-
cal bone, and, where possible, to relate the specific tough-
ening mechanisms to the underlying nature of the
microstructure. The initial focus will be directed to the
large body of early literature that addressed these issues
by measuring ‘‘single-value’’ fracture toughness behavior,
using such parameters as the work of fracture, Wf, the
critical stress-intensity factor, Kc, or the critical strain-en-
ergy release rate, Gc. Secondly, more recent results that
address the fact that cracking in bone involves rising frac-
ture resistance with crack extension will be discussed, in
light of the salient mechanisms involved. Finally, the topic
of time-dependent damage and fracture is described in
terms of the specific mechanisms involved.

2. SINGLE-VALUE TOUGHNESS MEASUREMENTS

2.1. Fracture Mechanics

One method that is used to characterize the toughness of
materials uses the work of fracture, Wf, which is obtained
by dividing the area under the load-displacement curve
measured during the toughness test by twice the nominal
crack-surface area. This approach has been used for cor-
tical bone to quantify the toughness of nominally ‘‘flaw-
free’’ specimens (8,11,17,25,26,32) but suffers because re-
sults can be both specimen size- and geometry-dependent.
Consequently, work of fracture results generally are not
useful for comparing values determined in different stud-
ies that used different sample geometries, but may be used
successfully to assess trends when the nominal sample
size and geometry are held constant.
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Akin to other structural materials, the fracture of bone
is better characterized by linear-elastic fracture mechan-
ics. In this case, for an essentially linear-elastic material,
where any inelastic (e.g., yielding) behavior is limited to a
small near-tip region, the stress and displacement fields
local to the tip of a preexisting crack are described by the
stress-intensity factor, K. The stress-intensity factor may
be defined for mode I (tensile-opening loading), mode II
(shear loading), or mode III (tearing or antishear loading)
in terms of the geometrical crack configuration, applied
stress, sapp, and crack size, a, viz. (33):

KðI;II;IIIÞ ¼QsappðpaÞ
1=2; ð1Þ

where Q is a dimensionless parameter dependent on sam-
ple geometry and loading mode (i.e., mode I, II, or III) (Fig.
1). The resistance to fracture, or fracture toughness, is
then defined for particular mode of loading as the critical
value of the stress intensity, Kc, at the onset of unstable
fracture, typically computed from the peak stress. An al-
ternative fracture mechanics description, which has also
been used in studies on the toughness of bone, expresses
toughness in terms of a critical value of the strain-energy
release rate, Gc, defined as the change in potential energy
per unit increase in crack area at fracture, which may be
expressed as (33):

Gc ¼
P2

2B

dC

da
; ð2Þ

where P is the load, B the specimen thickness, and dC/da
is the change in sample compliance with crack extension
(the compliance, C, is the slope of the displacement-load
curve). It is important to note that for linear-elastic ma-
terials, G and K are uniquely related, viz.:

G¼
K2

I

E0
þ

K2
II

E0
þ

K2
III

2m
; ð3Þ

where E0 is the appropriate elastic modulus (E0 ¼ E in
plane stress, E=ð1 � n2Þ in plane strain, where E is Young’s
modulus and n is Poisson’s ratio), and m is the shear mod-
ulus (33). If linear-elastic conditions prevail (i.e., inelastic
deformation is limited to a small zone near the crack tip),

both Gc and Kc should give a geometry-independent mea-
sure of toughness, provided plane-strain conditions are
met, as described below. Some typical mode I fracture
toughness values measured for bone, tabulated from var-
ious sources, are summarized in Table 1
(13,17,19,26,29,30,32,34–40).

2.2. Plane Stress Versus Plane Strain

In applying fracture mechanics, the specimen thickness,
B, may affect the measured toughness values as loading
conditions change from a state of plane strain to that of
plane stress. Plane strain here refers to a condition where
the out-of-plane strain is essentially zero, whereas with
plane stress, the out-of-plane stress is zero. If the sample
has a thickness significantly larger than the scale of local
inelasticity, Kc or Gc values should be thickness-, geome-
try-, and crack-size independent and a condition of plane
strain is said to exist. However, with thinner specimens,
the toughness values may be significantly higher and not
independent of such factors as conditions approach those
of plane stress. The ASTM standard for mode I fracture
toughness testing of metals (i.e., ASTM E-399) requires
that (41):

B � 2:5
KI

sY

� �2

ð4Þ

for plane-strain conditions to exist, where sY is the yield
stress of the material. As a result of variations in KI and
sY with factors such as species, location, and orientation,
the condition in Equation 4 may not always be strictly met
for fracture testing of cortical bone, particularly for hu-
man bone, which is of the most clinical interest. For ex-
ample, based on properties compiled in Ref. 42,
thicknesses ranging from B1–10 mm may be required to
meet plane-strain conditions in human cortical bone, de-
pending on location, age, and orientation, demonstrating
how Equation 4 may not always be easily satisfied for all
practical testing. It should be noted, however, that Equa-
tion 4 is typically considered conservative for most engi-
neering materials and its specific relevance to cortical
bone has not been thoroughly explored. In an early study,
no thickness dependence was found for mode I longitudi-
nal cracking (see Fig. 2 for details on orientation designa-
tion) in bovine femora for 1.8–3.8-mm thick specimens
(36); a similar conclusion was reached for mode I fracture
of bovine tibia, also in the longitudinal direction, where no
thickness dependence was seen between 0.5 and 2 mm
(37). Conversely, more recent studies by Norman et al. re-
port that the mode I toughness varied significantly with
thickness from 2–6 mm, becoming essentially constant af-
ter a thickness of 6 mm was achieved (38). Limited exper-
iments on human tibia also showed little change in mode I
toughness for 2–3-mm thick specimens (38). Thus, until
more extensive information on this subject is available,
caution should be used when comparing fracture data on
bone from different studies that used appreciably different
specimen thicknesses.

Mode I Mode III Mode II 

B

Figure 1. Schematic illustrating the different modes of loading:
mode I (tensile-opening loading), mode II (shear loading), and
mode III (tearing or antishear loading). Loading in vivo could in-
volve one or more of these modes.
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2.3. Effect of Loading Mode

Similar to most engineering materials, cortical bone shows
the least resistance to fracture under mode I loading. In-
deed, Norman et al. has shown average ratios of GIIc/GIc to
be 12.7 and 4.6 for longitudinal (C-L) fracture in human
tibia (43) and femur (10), respectively, for donors aged be-
tween 50 and 90 years. Similarly, higher GIIc values rel-
ative to GIc have been reported for human femoral neck as
well (22). A recent study focused on mode I, II, and III
fracture in bovine femora found GIIc/GIc and GIIIc/GIc to be
3.8 and 2.6, respectively, for longitudinal fracture and 3.4
and 2.9, respectively, for transverse fracture (44). Al-
though such results suggest mode III fracture may be eas-
ier than mode II, it is unclear whether this will be true for
all species, locations, orientations, and other variables. As
mode I fracture is the easiest failure mode, it has received
the most attention in the literature and, accordingly, will
be the subject of the rest of this chapter.

2.4. Effect of Orientation

Studies concerning the effect of orientation on the tough-
ness of bone (Fig. 2) have shown transverse cracking di-
rections (L-C and L-R) (i.e., where the crack must cut the
osteons) to be consistently tougher than orientations with
longitudinal cracking (C-L and R-L), where the crack
splits osteons along the longitudinal axis of the bone. In
bovine tibia, Behiri and Bonfield demonstrated a progres-
sive increase in toughness (from 3.2 to 6.5 MPaOm) as the
orientation of specimens was varied rotationally from the
longitudinal to transverse cracking directions (39). This
effect was quite strong, such that side grooving of speci-

mens was required to achieve straight crack propagation
in all but the longitudinal case, otherwise cracks would
kink toward the longitudinal direction (e.g., Fig. 3). In-
deed, KIc for transverse cracking was found to be up to
twice that for longitudinal cracking in bovine tibia (32,39)
and femora (32,44). Furthermore, a study on baboon fe-
mora showed an even larger effect, with a mean KIc for
fracture in the transverse direction some 3.5 times higher
than in the longitudinal direction (30). Finally, in human
humeri, similar behavior has been observed, with cracks
kinking B901 toward the longitudinal direction (anatom-
ically proximal-distal) when cracking in the transverse
direction was attempted, with transverse toughness (L-C)
reported to be 1.5 times the longitudinal (C-L) (5.3 versus
3.5 MPaOm); conversely, the C-R orientation, which splits
the osteons along the short axis, showed the lowest tough-
ness of 2.2 MPaOm (Fig. 4) (29). It should be noted that
the latter two studies did not use specimen side grooving
to ensure cracking in the transverse directions (Fig. 3),
and accordingly the transverse toughness values may be
lower bounds (i.e., the orientation effect may be even
larger than was reported in those studies). Fracture
toughness results for different orientations may be found
in Table 1.

2.5. Effect of Anatomical Location

Although comparisons of data from many different studies
may suggest differences in toughness with bone location, it
is difficult to separate other variables that might be in-
volved to determine the significance of such differences.
One study compared the toughness of femoral neck, fem-

Table 1. Examples of Mode I Single-Value Fracture Toughness Results for Cortical Bone Taken from Various Sources

Species Bone Orientation} Kc (MPaOm) Gc (J/m2) Test Geometry Ref.

Bovine Femur Long 3.670.7 C(T) 36
Bovine Femur Long 2.4–5.2* 920–2780 C(T) 34
Bovine Femur Transverse 5.771.4 SEN(B) 40
Bovine Femur L-R 3.4–5.1# SEN(B) 32
Bovine Femur C-L 2.1–2.9# SEN(B) 32
Bovine Tibia Long 4.5–5.4* 760–2130 C(T) 35
Bovine Tibia Long 2.8–6.3* 630–2880 C(T) 37
Bovine Tibia Long 3.2 C(T) 39
Bovine Tibia Transverse 6.4 C(T) 39
Bovine Tibia L-R 4.5–6.6# SEN(B) 32
Baboon Femur Long 1.870.5 C(T) 30
Baboon Femur Transverse 6.270.7 SEN(B) 30
Baboon Femur Long 1.7–2.3Dagger C(T) 13
Human Femur L-C 6.470.3 SEN(B) 17
Human Femur C-L 5207190 C(T) 19
Human Tibia C-L 4007250 C(T) 19
Human Tibia C-L 4.1–4.3w 600–830 C(T) 38
Human Humerus C-R 2.270.2 SEN(B) 29
Human Humerus C-L 3.570.1 SEN(B) 29
Human Humerus L-C 5.370.4 SEN(B) 29
Human Femur Transverse 4.3–5.4 SEN(B) 26

Data are given in either K or G as reported by the authors. All reported values are mean values, standard deviations are given when possible.
}When specific orientation is unknown, cracking direction is given, see Fig. 2 for details.
*Range of mean values for several sets of data from samples tested at different loading rates.
wRange of mean values for two sets of data using samples of different thickness.
zRange of mean values for three sets of data using samples from different age groups.
#Range of mean values for two sets of data using samples stored in different media.
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oral shaft, and tibial shaft specimens from matched hu-
man cadeveric bones in order to isolate the effect of bone
location (19). For identically sized C-L oriented specimens,
the femoral shaft demonstrated significantly higher aver-
age GIc values relative to tibial shaft specimens (520 ver-
sus 400 J/m2). Although difficulties existed in comparing
femoral neck data directly because of sample size restric-
tions, results suggested a significantly higher toughness
than both the femoral and tibial shaft specimens. Thus, it
appears that bone location does indeed have an effect on
toughness; however, it is not yet clear what microstruc-
tural differences associated with various locations may
cause such toughness changes. Some toughness results for
different anatomical locations within the same species can
be found in Table 1.

2.6. Effect of Age

A critical issue with bone fracture is the problem of aging.
Indeed, a large number of studies that have looked at age-
related issues in the mechanical properties of bone have
implied a significant deterioration of the fracture tough-

Figure 2. Schematic illustrating the orientation code used by the
ASTM E399 fracture toughness standard (41). The first letter in
the designation refers to the normal direction to the crack plane,
whereas the second letter refers to the expected direction of crack
propagation. It is seen that the L-C and L-R orientations involve
transversely cutting the osteons, and accordingly, these orienta-
tions are commonly referred to as having a transverse cracking
direction in the literature. Conversely, orientations that split
apart the osteons along the longitudinal axis (R-L and C-L) are
commonly referred to as orientations with longitudinal cracking.
Often, the specific transverse or longitudinal orientation is not
given; however, the L-C and C-L orientations are the easiest to
machine, especially from smaller bones. Finally, the orientations
splitting the osteons along their short axes (C-R and R-C) are the
least common orientations found in the fracture literature.
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Figure 4. Variation in fracture toughness with orientation in
human humeral cortical bone. Note the significantly higher
toughness for the transverse (circumferential) orientation. The
toughness in the transverse (L-C) case was ascribed to deflection
of the crack because of the strong role of the cement line in that
orientation (29).

Figure 3. Optical micrograph illustrating B901 crack deflection
for an L-C oriented specimen into the longitudinal direction (in-
dicated by white arrows) along a cement line in human cortical
bone taken from the humerus.
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ness with age (8–11,13,17,19,22,26,30,45–47). Some re-
sults showing this trend may be seen in Fig. 5 (17). In
particular, aging has been associated with increased min-
eralization (46) and lowered collagen network integrity
(26), with resultant reduction in the elastic deformability
and toughness (5,13,17,19,26,30,46). Also, it has been sug-
gested that remodeling induced by increasing microdam-
age with aging (4) leads to an increase in the difference in
properties of the matrix (primary lamellar bone) and the
secondary osteons, implying a stronger role for the cement
lines and a reduction in the toughness (5,17,23,30). Thus,
a desire exists to understand the fracture properties of
bone as a function of age. Indeed, if specific age-related
changes within the microstructure of bone can be linked to
a reduced fracture resistance, progress can be made to-
ward creating successful treatments to combat these del-
eterious effects, which has led to numerous studies
centered on the role of microstructural changes in affect-
ing the fracture toughness, as discussed below.

2.7. Effects of Microstructural Factors

It has long been observed that changes in bone density
and mineral content may be associated with changes in
the toughness of bone; indeed, studies on human and bo-
vine bone have reported increases in toughness with in-
creasing dry and wet density (15,22,36), and decreases in
toughness with increasing mineral content (8,11) or po-
rosity (12). Although such results support the notion that
bone fragility and osteoporosis may be associated with
such factors, more recently it has become increasingly ap-
parent that these factors alone cannot explain, for exam-
ple, gender differences in fracture rates (48) and why
antiresorptive drugs can lower fracture risk independent

of bone mineral density (6,7). Furthermore, there have
also been studies that show fracture toughness to be in-
dependent of bone density or mineral content (13,30,49),
even when decreases in toughness with age were observed
(13,30).

In light of this information, excessive remodeling has
been suggested as a possible cause for increasing fracture
risk with age (6,7); such remodeling can lead to loss in
bone mass, but more importantly may also result in other
morphological changes to the microstructure of bone. With
regard to these microstructural factors, fractographic
studies have suggested that in vivo and in vitro fracture
occurs more readily in human bone where fewer and
smaller osteons exist (50). An in vitro fracture toughness
study of longitudinal cracking in human femur and tibia
specimens found higher toughness with smaller osteons
and increasing osteonal density (12); however, no signifi-
cant relationships with these factors could be found for
femoral neck specimens (22), which did not show a de-
crease in toughness with age.

The cement line, the boundary between secondary ost-
eons and the surrounding lamellar matrix, is another mi-
crostructural element thought to play a key role in the
fracture of bone. Indeed, both microcracks and macro-
scopic cracks have been observed to deflect along the ce-
ment lines upon encountering osteons (Fig. 3), leading to
the conclusion that the cement line must provide a weak
path for fracture (23,29,51–54). Furthermore, the weak
path provided by the cement lines may be responsible for
the strong orientation effects seen in the fracture of bone
(see section on Effect of Orientation) (i.e., the crack de-
flection of transverse cracks toward the longitudinal di-
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rection is likely because of the cement lines), as suggested
in Refs. 29,30.

Finally, changes in the mechanical properties of the
microstructural constituents, such as collagen, may also
have a significant effect on fracture resistance. Research
into the effect on the fracture toughness of collagen dena-
turation, achieved both thermally and chemically (25,55),
found significant decreases in the work of fracture of hu-
man femur specimens with increasing amounts of dena-
turation. Another study on the effect of storage in alcohol
vs. saline (32) reported an elevation in toughness with
storage in alcohol. It has been suggested that storage in a
similar solvent (methanol) increases the collagen cross-
link density in demineralized dentin (56); it is conceivable
that a similar phenomenon is responsible for the observa-
tions in Ref. 32.

3. RESISTANCE-CURVE BEHAVIOR

Although the use of a single-value measure of the tough-
ness, as has been discussed so far, is appropriate for many
materials, in cases where specific extrinsic toughening
mechanisms are active, such as in bone, the fracture re-
sistance actually increases with crack extension, thereby
promoting stable crack growth and requiring a so-called
resistance-curve (R-curve) fracture-mechanics approach
(33,57). This approach can be understood by appreciating
that crack propagation is governed by two distinct classes
of mechanisms: intrinsic mechanisms, which are micro-
structural damage mechanisms that operate ahead of the
crack tip, and extrinsic mechanisms, which act to ‘‘shield’’

the crack from the applied driving force and operate prin-
cipally away from the crack tip, in a frontal process zone or
in the crack wake (58–60). R-curve behavior is the natural
result of extrinsic toughening, as the toughness is a func-
tion of the length of the crack wake (58–60). Examples of
such extrinsic mechanisms seen in engineering materials
are crack bridging, phase transformations, and con-
strained microcracking, all of which develop as the crack
extends (Fig. 6). In such instances, crack extension com-
mences at a crack-initiation toughness, Ko, while sustain-
ing further crack extension requires higher driving forces
until a ‘‘plateau’’ or steady-state toughness is often
reached. The corresponding slope of the R-curve can be
considered as a measure of the crack-growth toughness.
Although important for understanding the fracture be-
havior of bone, R-curve analysis is also important for un-
derstanding the intrinsic and extrinsic mechanisms
involved in fracture, which is discussed in the current
and following sections.

Several recent studies (21,28,53,61–65) have revealed
rising R-curve behavior in bone (Fig. 7) (53,61,62,64,65),
indicative of the presence of active extrinsic toughening
mechanisms in the crack wake. One of the first R-curve
studies in bone, by Vashishth et al. (64) (Fig. 7a), looked at
crack propagation in human and bovine tibia (human do-
nor: 59 years old) for cracking in the longitudinal (prox-
imal-distal) direction. It was found that the toughness of
human and bovine bone specimens rose linearly from 1.6
to 2.5 MPaOm and from 3.9 to 7.2 MPaOm, respectively,
over crack extensions of B2.25 mm. Thus, Ko was found to
be 1.6 and 3.9 MPaOm for human and bovine bone, re-
spectively. A more recent study by Pezzoti and Sakakura

(b)

(c) (d)

collagen
fibers

microcracks

unmicrocracked
material

osteons

uncracked ligament 
bridgescrack tip

(a)

Figure 6. Schematic illustrations of some of the toughening mechanisms possible in cortical bone:
(a) crack deflection (by osteons), (b) crack bridging (by collagen fibers), (c) uncracked ligament
bridging, and (d) microcracking. One or more of these mechanisms can be expected to be active.
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(61) also reported a rising R-curve in bovine bone; how-
ever, after an initial rising portion, a steady-state (so-
called ‘‘plateau’’ toughness) was achieved, typical of many
materials that exhibit R-curve behavior (Fig. 7b). These
authors reported values of B3.2 MPaOm and
B5 MPaOm/mm for the initiation toughness and the (ini-
tial) slope, respectively. Similarly Malik et al. (65) re-
ported rising R-curve behavior for transverse crack
growth in equine bone (Fig. 7c); here, R-curves reached a
steady-state plateau, and in some cases decreased, with
mean Ko values of B4.38–4.72 MPaOm and mean slopes
(calculated from mean parameters reported in Ref. 65) of
1.06–2.57 MPaOm/mm. Additionally, linearly rising R-
curve behavior, with no apparent plateau, has been re-
ported for cortical bone from red deer antler (28).

The most recent work on R-curve behavior in human
bone involved longitudinal (proximal-distal) crack growth,
using the C-L orientation, in humeral bone (Fig. 7d: do-

nors 34–41 years old); an average crack-initiation tough-
ness, Ko, of 2.06 (S.D.¼0.19) MPaOm with the R-curves
monotonically rising over 5–7 mm (no plateau), with a
mean slope of 0.39 (S.D.¼ 0.09) MPaOm/mm, was re-
ported (53,62). These toughness results are slightly higher
than those of Vashishth et al. (64) for 59-year old human
tibial cortical bone tested in the same proximal-distal ori-
entation, where Ko values of B1.6–1.9 MPaOm and slopes
of B0.13–0.27 MPaOm/mm were measured. These differ-
ences may be the result of age-related variations in the
bone tissue, which were discussed earlier and will be ad-
dressed in further detail for R-curves below.

Recently, results demonstrating the effects of aging on
R-curve behavior in human bone (C-L orientation) have
been reported (66). Results for three distinct age groups
(34–41 years, 61–69 years, and 85–99 years) are presented
in Fig. 8 (66) and clearly indicate a degradation in the
toughness of bone with age. Specifically, the crack-initia-
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tion toughness, Ko, decreased from 2.06 (S.D.¼ 0.19)
MPaOm for the 34–41 year group to 1.96 (S.D.¼ 0.18)
MPaOm for the 61–69 year group to 1.22 (S.D.¼ 0.20)
MPaOm for the 85–99 year group. The slope of the R-
curve, which reflects the crack-growth toughness, also de-
creased from 0.39 (S.D.¼0.09) MPaOm/mm for the 34–41
year group to 0.16 (S.D.¼ 0.06) MPaOm/mm for the 61–69
year group to 0.07 (S.D.¼ 0.03) MPaOm/mm for the 85–99
year group. For comparison, the toughness data of Va-
shishth et al. (64) for 59-year old human tibial cortical
bone, tested in the same proximal-distal orientation,
agrees very well with these trends with Ko values of
B1.6–1.9 MPaOm and slopes of B0.13–0.27 MPaOm/mm
being reported, although it is possible that anatomical lo-
cation (tibia vs. humerus) may be a confounding variable.
These results clearly indicate that a decrease in the initi-
ation toughness with age not only exists, but a decrease in
the crack growth toughness exists as well. It should be
noted that it is the combination of these two factors that
contribute to the reported declines in single-value (over-
load) toughness with age discussed earlier. Nevertheless,
it is important to understand these changes on a micro-
mechanistic level, and specifically how any variation in
microstructure associated with aging may separately af-
fect the intrinsic and extrinsic toughening mechanisms.
Some progress has been made in this regard, as discussed
in the next section.

4. MECHANISTIC ASPECTS OF FRACTURE

4.1. Intrinsic Mechanisms of Fracture

Historically, models for bone fracture have been based on
the concept of the critical fracture event being strain-con-
trolled (67–69) (i.e., that fracture occurs when some crit-
ical strain (as opposed to a critical stress) is locally
achieved). Recently, experiments have been conducted to
verify this hypothesis. Using a double-notched four-point
bend geometry, Nalla et al. showed that the onset of the
local fracture events in cortical bone is consistent with
strain-controlled fracture by noting that crack initiation
occurred at points of maximum strain, as opposed to
points of maximum stress (29).

The intrinsic fracture mechanisms for cortical bone are
poorly understood; however, several important factors
that are thought to affect the intrinsic toughness may be
identified. First, the cement lines within the bone micro-
structure are thought to provide an intrinsically weaker
path for fracture relative to the rest of the microstructure,
as mentioned earlier and evidenced in Fig. 3. Accordingly,
the local properties of the cement lines should play a
prominent role in determining the overall intrinsic tough-
ness of cortical bone for many loading configurations. In-
deed, the higher density of osteons, and their associated
cement lines, in older bone may be a significant factor in
causing the degradation in intrinsic toughness with aging
(66,70). Additionally, another factor that likely leads to the
aging-related decrease in the intrinsic toughness is a de-
gradation in the quality of the collagen, a factor that has
also been implicated in deterioration of mechanical prop-
erties of demineralized bone (71). Indeed, nanoindentation
and atomic force microscopy results indicate that the
structure and mechanical properties of collagen from older
bone (85–99 years old) are significantly deteriorated when
compared with younger bone (34–41 years old) (70). Fur-
thermore, deep ultraviolet Raman spectroscopy results
suggest changes in the collagen molecular bonding con-
sistent with an increase in the nonreducable cross-link
content with aging, providing further evidence that
changes in the collagen may be related to the lower ob-
served toughness (70).

4.2. Extrinsic Toughening Mechanisms

In contrast to the intrinsic mechanisms of fracture, far
more progress has been made in understanding the mech-
anisms of extrinsic toughening in bone, which are respon-
sible for the rising R-curve behavior (see section 3).
Extrinsic toughening mechanisms act away from the
crack tip, in the surrounding material or in the crack
wake, and cause a local reduction in the stresses felt at the
crack tip. Although early studies attributed the rising
toughness with crack extension observed in bone to the
mechanism of constrained microcracking (21,28,64), more
recently it has been shown that crack bridging is in fact
the primary mechanism responsible for such behavior
(29,53,61,62), where intact bridges of material across the
crack sustain part of the applied load (Fig. 9) (29). As at
first glance these mechanisms may sound similar, it is
important to understand the differences in the mechanics
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man cortical bone. A decrease in the initiation toughness with age
exists and the growth toughness (reflected by the slope of the R-
curves) is essentially eliminated over the range of ages investi-
gated [courtesy: Nalla et al. (66)].
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involved with each mechanism. With constrained micro-
cracking, the formation of microcracks is in the damage
zone ahead of the crack tip; this damage zone is left in the
wake of the crack as it extends, and is reasoned to increase
the (extrinsic) toughness because of (1) the volume expan-
sion within the damage zone from the formation of micro-
cracks, which if constrained by surrounding rigid material
exerts a compressive stress at the crack tip, and (2) the
reduction in modulus that occurs within this zone (72,73).
However, these effects are offset at least in part by the
presence of a microcracked region ahead of the crack that
can act to lower the intrinsic toughness. Indeed, a lower
toughness has been observed in highly microcracked bone
(74), indicating that the benefits of extrinsic toughening
would need to be high for this mechanism to be effective.
As a general toughening mechanism, the toughening ef-
fects of microcracking are invariably small, and the mech-
anism has largely been discounted as a significant source
of toughening in all but a few multiphase ceramic mate-
rials with high internal residual stresses (75).

In contrast, crack bridging is a toughening mechanism
where uncracked material bridges the crack wake and
sustains part of the applied load that would otherwise
contribute to crack growth. In bone, this bridging occurs in
the form of so-called uncracked ligaments, often hundreds
of micrometers in size, or by individual collagen fibrils
over much smaller dimensions (29,53,61,62,76). Un-
cracked ligament bridges have been shown to provide
the majority of extrinsic toughening that contributes to
R-curve behavior (53,62), whereas collagen fiber bridging
is hypothesized to play a role in resisting the propagation
of microcracks (76). The uncracked ligaments provide a
particularly potent form of toughening and are created
either by the nonuniform advance of the crack front or by
the imperfect linking of microcracks, which initiated

ahead of the crack tip, with the main crack. Thus, al-
though microcrack formation may lead to bridging, the
mechanics of the two mechanisms are quite different.
Crack bridging acts to reduce the stress intensity experi-
enced at the crack tip, Ktip, relative to the applied stress
intensity, Kapp, by an amount typically referred to as the
bridging stress intensity, Kbr, viz:

Ktip ¼Kapp �Kbr: ð5Þ

The reduction in stress intensity is because bridges in the
crack wake sustain a portion of the applied load. As
bridges develop with crack extension, Kbr increases with
crack extension as well, resulting in rising R-curve be-
havior. A steady-state ‘‘plateau’’ toughness may be
reached under conditions where bridges are created and
destroyed at the same rate, at which point Kbr essentially
becomes constant.

For human and bovine bone, examinations using both
microscopy (Fig. 9) and x-ray tomographic techniques
(Figs. 10 and 11) (29,53,61,62,66) has verified the exis-
tence of both collagen fiber bridges near the crack tip and
uncracked ligament bridges far into the crack wake. Fur-
thermore, characterization of such bridging in bone have
revealed that, in human humeri, bridging zones contain-
ing uncracked ligament bridges extend some 5–6 mm be-
hind the crack tip, and that such bridges do indeed sustain
load (53). Specifically, quantitative estimates of the con-
tribution of bridging to the toughness of human humeri
have been made using both experimental compliance data
and theoretical bridging models (53,62). Such results were
in agreement with actual levels of toughening observed
from R-curve measurements, with Kbr B1–2.5 MPaOm.

Experiments have also been conducted to assess the
bridging stresses in the crack wake in bone. Pezzotti et al.

10 µm

(a) (b)

(c) (d)

10 µm

100 µm 

1µm  

Figure 9. Scanning electron micrographs illus-
trating crack bridging. For the transverse (ra-
dial) orientation, (a, b) evidence of uncracked
ligament bridging (indicated by black arrows),
and (c) possible collagen fibril-based bridging
(indicated by black arrows). For the longitudi-
nal orientation, (d) evidence of uncracked liga-
ment bridging (indicated by black arrow). The
white arrows in (a)–(d) indicate the direction of
nominal crack growth [courtesy: Nalla et al.
(29)].
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(61) used Raman microprobe spectroscopy to measure
bridging stresses over a distance of 100mm behind a crack
tip in bovine femur. Results indicated stresses as high as
200–300 MPa within the first 10 mm of the crack tip, but
falling off to B10–50 MPa at a distance of 100 mm behind
the tip. Such results gave highly localized measurements,
with a 1 mm probe diameter, measuring to a depth of
20 mm. Using compliance-based experiments, estimates
of the average through-thickness bridging stresses were
also made for human humeri (53). From this study, aver-
age peak bridging stresses were found to be in the range 7
to 17 MPa near the crack tip, and to decay over distances
of 5 to 6 mm within the bridging zones in the crack wake.
The lower bridging stresses deduced in the latter study
may in part be because of species variation; however, more
importantly, it must be considered that the average
through-thickness behavior is measured in that case. Ac-
cordingly, although the stresses may be very high locally
for discreet bridges, when the through-thickness behavior
is considered, it is offset by surrounding unbridged regions
unable to support any load (see Ref. 53).

With regard to aging effects on crack bridging, R-curve
results show a clear decrease in the extrinsic toughening

contribution (i.e., Kbr) for older bone (Fig. 8). Two likely
factors exist that govern this loss of extrinsic toughening,
namely a reduction in the number of bridges or the quality
of the bridges that form in aged bone (66,70). With regard
to the former, direct observations of fewer and smaller
bridges behind crack tips in aged (85–99 years old) relative
to younger (34–41 years old) bone have been made using x-
ray tomography (Fig. 11). Indeed, Fig. 11c clearly shows
that that fewer bridges exist at given location behind the
crack tip and that the bridging zone extends a shorter
distance. Additionally, as discussed, evidence mounts that
the stiffness of individual collagen fibers is lower in older
bone (70), a factor that would decrease the load-bearing
capacity of bridges in the crack wake and correspondingly
lower the toughening contribution. Furthermore, bridges
composed of degraded collagen may be weaker and break
prematurely, a factor that may contribute to the lower
quantity of bridges seen in older bone. However, it is ap-
parent that much must still be determined, and both
quantitative and qualitative assessments of the role of
bridging are currently being undertaken in order to
achieve an improved mechanistic understanding of the
aging effect on bone fracture.

Haversian
canals

crack

uncracked
ligaments

20 µm 

50 µm 

Haversian
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crack

50 µm 
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Haversian
canal

uncracked
ligaments

Figure 10. 3D tomographic reconstructions
of sections of a crack in the longitudinal ori-
entation are shown. Note that the crack ap-
pears to follow the cement lines bordering the
osteons. Uncracked ligaments are indicated.
The white arrow in each case is the direction of
nominal crack growth [courtesy: Nalla et al.
(50)].
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5. TIME-DEPENDENT FRACTURE

Although most clinical fractures are the result of a single
overload, or dynamic, fracture event, clinical significance
exists for fractures that occur over time (i.e., stress frac-
tures) as a result of periods of sustained loading or cyclic
loading (5,77–79); the resulting stable cracking is known
as subcritical crack growth. Stress fractures are a well
recognized clinical problem with incidence rates of 1–4%
often being reported (5,78), with even higher rates cited
for adolescent athletes and military recruits (5,77,79).
They are commonly seen within a few weeks of a sudden
systematic increase in the loading patterns experienced by
the bone, when the time elapsed is insufficient for an ad-
aptational response to alleviate the deleterious effects of
the increased stress levels (5). In addition, cyclic loading
can be a factor in so-called ‘‘fragility’’ fractures commonly
seen in the elderly, where increased fracture risk exists
because of reduced bone quality as a result of osteoporosis
(5).

Early data on subcritical cracking under sustained
quasistatic loading came from studies on bovine tibia
and femur specimens where the effects of crack velocity
on cortical bone toughness in the longitudinal direction
were investigated. Results showed higher driving forces
(K or G) were needed to grow cracks at higher velocities
over the range of B10�5–10� 3 m/sec (34,35,37). Attempts
to grow cracks at faster rates resulted in catastrophic fail-
ure, along with a change in fracture morphology and a
lower toughness. More recent studies (53) that have fo-
cused on slow crack growth in human humeri, also in the

longitudinal (C-L) direction, report similar results but
over a much larger range of growth rates (B10� 9–
10�4 m/sec); higher stress intensities were again needed
to grow cracks at higher growth rates (Fig. 12) (53). Such
behavior is analogous to that displayed by many engineer-
ing materials, such as ceramics and metals, which can ex-
hibit time-dependent crack growth under sustained
quasistatic loading (33,57). In engineering materials,
such behavior is typically associated with environmental
effects, although it is unclear what role, if any, the phys-
iological environment plays in subcritical cracking behav-
ior in cortical bone. A peculiar feature observed in cortical
bone, however, is that at growth rates below B10� 9 m/s,
significant crack blunting (crack-tip rounding) occurs that
eventually leads to crack arrest (Fig. 13) (53). Thus, even
without remodeling, bone has a mechanism to arrest the
growth of subcritical cracks driven by static (noncyclic)
loads.

Cyclic loading also can lead to subcritical crack growth;
indeed, fatigue failures have been studied quite exten-
sively in cortical bone, particularly because fatigue dam-
age is considered to be of key importance in understanding
stress fractures (2,5,27,42,74,80–104). In traditional
terms, fatigue is typically characterized in terms of the
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Figure 11. 2D tomographic reconstruction slices showing typical cracks in specimens taken from
the (a) Young (34FL) and (b) Aged (85FR) groups at spaced intervals from the crack tip. Black
arrows point out several uncracked ligament crack bridges. (c) The fraction of such bridges with
distance from the crack tip quantitatively showing the smaller bridge area fractions and bridging-
zone size in the older bone [courtesy: Nalla et al. (66)].
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Figure 12. Results showing the time-dependent subcriti-
cal crack-growth behavior of human cortical bone, in terms
of the growth rates, da/dt, as a function of the stress in-
tensity, K, for growth rates 410�9 m/s. Attempts at ac-
quiring data for growth rates o10� 9 m/s were
unsuccessful owing to substantial crack blunting over the
time scales involved [courtesy: Nalla et al. (53)].
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Figure 13. Time-elapsed optical micrographs
showing the (a) time-dependent crack extension
(clearly seen in bottom micrograph, as indicated by
black arrows) that occurs over a time scale of sev-
eral hours, and (b) time-dependent crack blunting
behavior in human cortical bone. Note also the ev-
idence of uncracked ligament bridging and the lack
of crack blunting on the shorter time scale in (a).
The direction of nominal crack growth is from left
to right [courtesy: Nalla et al. (53)].
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total life to failure as a function of the alternating stress,
termed the stress-life or ‘‘S/N’’ approach. This method in-
volves the estimation of the number of cycles required to
induce complete failure of a (nominally flaw-free) ‘‘smooth-
bar’’ specimen under prescribed stress levels, where the
measured fatigue lifetime represents the number of the
cycles both to initiate and propagate a (dominant) crack to
failure1 (105). Such an approach has been widely used for
bone to investigate a wide variety of issues, including age
(89), donor species (90), cyclic frequency (42,83,96,106),
testing geometry (42,89,93), loading mode (88,95,99), fa-
tigue-induced damage accumulation (74,88–90,97), and its
role in inducing in vivo repair (remodeling) and adapta-
tion (4); these roles are briefly discussed below.

The effect of aging on the fatigue behavior has been
addressed by Zioupos et al. (89) who reported higher fa-
tigue lifetimes for femoral bone taken from a 27-year old
as compared with a 56-year old donor (Fig. 14a). The same
authors also showed that bovine femoral bone is stronger
in tensile fatigue than red deer antler (Fig. 14b) (90). Data
for bovine and human bone from a number of other studies
are included in Fig. 14. Although confounding factors such
as differences in test frequency, loading mode, and tem-
perature make direct interpretation difficult, data from
Swanson et al. (81) for human bone and from Carter and
Caler (84) for bovine bone suggest that human bone is
weaker than bovine bone in fatigue. However, it has re-
cently been suggested that such differences may be age-
related—most data for human bone, for obvious reasons, is
from aged donors, and as such would be expected to have
poorer mechanical properties (5). A definite effect of fre-
quency on the S/N behavior exists, with higher frequen-
cies giving higher fatigue-cycle lifetimes (83,96,106), as
discussed below in the context of mechanistic aspects for
bone fatigue. Loading mode and test geometry have also
been reported to have an effect on fatigue lifetimes. Zero-
compression loading generally gives only slightly higher
lifetimes (10–15%) than zero-tension loading (106), al-
though data from Pattin et al. (88) suggest a higher crit-
ical threshold exists for damage accumulation during
fatigue under compressive loading (4000 me vs. 2500me).
Vashishth et al. (95) reported a reduction in fatigue life-
times when torsional loading was superimposed on ten-
sion-compression axial loading; similar results were seen
for torsion as compared with compressive axial loading
(99). With regards to test geometry, three-point bending
has been claimed to induce less stiffness loss (reflective of
fatigue damage) as compared with four-point bending (93);
data in Ref. 89 further suggests that fatigue lifetimes in
human bone are progressively decreased by testing in
(four-point) bending, rotating cantilever, and zero-tension
loading. Both latter studies presumably reflect that fa-
tigue damage will accumulate more readily in test geom-

etries with larger statistical ‘‘sampling’’ volumes. These
reported results of the fatigue of bone are, on the whole, in
line with the typical fatigue behavior displayed by most
common engineering materials (105), although variations
in variables such as temperature, donor age, and so on
complicates comparisons between studies.

(a)

27 years 

56 years 

220

200

180

160
150
140
130

120

110

100

70

50

40

60

80

90

0 1 2 3 4 5 6 7

a b

d

c

e

Cycles to failure (10x)

S
tr

es
s 

(M
P

a)

(b)

220

240

260

200

180

160
150
140
130
120

110

100

70

50

40

60

80

90

0 1 2 3 4 5 6 7

Cycles to failure (10x)

S
tr

es
s 

(M
P

a)

a

b

c

e
d

Bone

Antier

Figure 14. Fatigue stress-life S/N data for bone: (a) The effect of
age in reducing the fatigue lifetimes is evident (open symbols- raw
data, closed symbols- modulus-corrected data). Dotted lines
(marked a–e) show data from other studies (see Ref. 89 for de-
tails), (b) The effect of species on fatigue lifetimes is shown. In
addition to data for bovine femoral bone and red deer antler, dot-
ted lines (marked a–e) show data from other studies: a,d,e- hu-
man, b,c- bovine (see Ref. 90 for details) [courtesy: Zioupos et al.,
(89,90)].

1Resulting S/N curves in certain materials, such as steels, can
exhibit a plateau in the stress-life plot at B106 cycles and beyond,
which corresponds to a cyclic stress termed the fatigue limit, be-
low which failure in principle does not occur (105). In the absence
of a fatigue limit, a fatigue endurance strength is generally de-
fined as the alternating stress to give a specific number of cycles
to failure, typically 106 or 107 cycles (105).
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Despite the plethora of fatigue data, mechanistically
the role of fatigue loading in bone is still somewhat un-
certain. Microdamage in bone was first reported over 40
years ago in the work of Frost (107), and a number of more
recent studies have looked at methods of imaging such
damage (108–110), how fatigue cycling can induce it
(74,88–90,97), the loss is mechanical properties because
of such damage (88), and the role of damage in triggering
remodeling in vivo (4). Indeed, this aspect of fatigue in
bone is one of the most studied; for further details, the
interested reader is referred to the excellent review in Ref.
5.

One critical issue is whether fatigue damage is time- or
cycle-dependent (or indeed both). One approach to address
this issue has been to examine the role of test frequency on
S/N behavior—a time-dependent mechanism is implied if
the times-to-failure for different test frequencies are iden-
tical. Such studies, from Caler and Carter (106), Lafferty
and Raju (83), and Zioupos et al. (96), suggest that tensile
fatigue in bone can be time-dependent, because when plot-
ted with respect to time, the effect of test frequency [0.002–
2 Hz in (106) 30–125 Hz in (83), and 0.5–5 Hz in (96)] on
the fatigue lifetimes is essentially eliminated (5,96). To
explain these observations, Carter and Caler (111), and
subsequently Taylor (5), have suggested that a transition
exist in bone from a ‘‘creep’’ —dominated to a fatigue-dom-
inated regime with decreasing stress levels. Although a
classic creep mechanism may not actually contribute to
this effect, it seems clear that the subcritical cracking be-
havior described above plays a role in this transition exists
(100). However, because failure times in fatigue include
both crack initiation and propagation stages, S/N results

are not easy to interpret. Furthermore, in bone, where an
inherent population of flaws/cracks typically exists, the
crack initiation life may be less important. For this reason,
many recent studies on the fatigue of bone have concen-
trated instead on the crack propagation life.

To analyze crack propagation lives, a fracture mechan-
ics methodology, termed the damage-tolerant approach,
may be used where the crack-propagation rate, da/dN, is
assessed in terms of the range in stress-intensity factor,
DK, defined as the difference between the stress intensity
at the maximum and minimum of the loading cycle (Fig.
15) (100,104,112). Fatigue lives may then be determined
from the number of cycles required for an incipient crack
to grow subcritically to a critical size, as defined by frac-
ture toughness, using information relating da/dN to DK
(105). The first such characterization of fatigue-crack
growth in bone, by Wright and Hayes (112), used longitu-
dinally oriented bovine bone specimens to measure crack-
growth rates for long cracks (i.e., cracks that are large as
compared with the microstructural features of the under-
lying material) over growth rates of da/dN B7 � 10� 7 to
B3 � 10� 4 m/cycle. These results were fitted to a simple
Paris power-law formulation (113):

da=dN¼CðDKÞ
m; ð6Þ

where C and m (Paris exponent) are scaling constants;
values of m were found to be between 2.8 to 5.1. Although
Wright and Hayes’ data did suggest some effect of cyclic
frequency on crack-growth rates, their results were not
conclusive. A subsequent study, by Gibeling et al. (104),
measured a Paris exponent of mB10 for transverse crack-
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Figure 15. Variation in in vitro fatigue-crack growth
rates, da/dN, as a function of the stress-intensity
range, DK. Data shown as individual points are for
crack growth in the longitudinal (proximal-distal)
orientation in human humeral cortical bone (100).
Also included (as dotted lines) are data from Wright
and Hayes (112) for longitudinal crack growth in bo-
vine bone and from Gibeling et al. (104) for trans-
verse crack growth in equine bone.
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growth rates of B6 � 10� 10 to B1 � 10� 5 m/cycle in
osteonal equine bone. For human bone, only one study
has been reported to date; here, Nalla et al. (100) mea-
sured m values of B4.4–9.5 for longitudinal fatigue-crack
growth rates over a wide range from B2 � 10� 10 to B3 �

10�5 m/cycle in human cortical bone taken from the hu-
merus. This work further showed a transition from pre-
dominantly time-dependent cracking at higher DK values
to a true fatigue (cycle-dependent) mechanism at lower DK
values, with this transition occurring at crack growth
rates near 5 � 10� 7 m/cycle. Although a specific mecha-
nism for subcritical crack growth under static loading has
not been proposed, the cyclic mechanism in bone has been
reasoned to involve crack extension via alternating blunt-
ing and resharpening of the crack tip (100), not unlike
what is seen in many ductile materials, such as metals
and polymers (105). Figure 16 shows a schematic of this
proposed mechanism.

Finally, extrinsic toughening is another factor that
must be considered when assessing the fatigue behavior
of cortical bone. Evidence for increasing crack growth re-
sistance with crack extension has been observed in studies
on surface cracks in cortical bone from human humeri and
femera (94,102), and this effect has recently been associ-
ated with crack bridging (102). Bridges that form in the
crack wake may sustain loads that reduce the local stress
intensity range, DK, experienced at the crack tip, affecting
the corresponding crack growth rates. As seen with the
fracture toughness, this behavior leads to a crack size ef-
fect on the fatigue properties (i.e., the crack propagation
resistance increases as the bridging zone develops). An-
other important factor that influences the growth micro-
cracks in cortical bone is crack deflection because of
cement lines, which in many cases causes microcracks to
arrest (101,103) and may also be responsible for the for-
mation of crack bridges as cracks imperfectly reconnect
after deflecting around secondary osteons along the ce-
ment lines.

6. CONCLUDING REMARKS

Biological materials such as bone are complex structural
materials with mechanical properties dictated by a hier-
archical microstructure and an ability to (1) repair them-
selves and (2) adapt to changing environmental and
loading conditions. Accordingly, it is not surprising that

the problem of understanding the fracture of bone is
equally complex. By addressing the intrinsic and extrin-
sic toughening mechanisms, clearer ideas have emerged of
late as to the nature of the fracture resistance of bone.
However, a mechanistic understanding of the increased in
vivo fracture risk associated with factors such as aging,
disease, or cyclic loading, and how they relate to fracture
properties measured in vitro, is still relatively limited. The
ultimate goal is to determine the specific mechanisms in-
volved in the fracture and fatigue of bone, and to discover
how these mechanisms relate to features within the hier-
archical microstructure of bone. Such an understanding
will greatly aid the development of treatments or preven-
tion methods for conditions such as bone fragility and
osteoporosis, which specifically target the key microstruc-
tural aspects that provide the fracture resistance of bone.
As noted above, progress has been made with regard to a
mechanistic understanding of bone fracture, but the de-
gree of understanding is still limited. Consequently, the
authors believe that bone fracture will continue to remain
an area of intense research for the foreseeable future.
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