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a b s t r a c t
Synchrotron X-ray diffraction is used to study in situ the evolution of phase strains during compressive creep
deformation in bovine bone and dentin for a range of compressive stresses and irradiation rates, at ambient
and body temperatures. In all cases, compressive strains in the collagen phase increase with increasing creep
time (and concomitant irradiation), reﬂecting macroscopic deformation of the sample. By contrast, compressive elastic strains in the hydroxyapatite (HAP) phase, created upon initial application of compressive load on
the sample, decrease with increasing time (and irradiation) for all conditions; this load shedding behavior is
consistent with damage at the HAP–collagen interface due to the high irradiation doses (from ~ 100 to
~ 9,000 kGy). Both the HAP and ﬁbril strain rates increase with applied compressive stress, temperature
and irradiation rate, which is indicative of greater collagen molecular sliding at the HAP–collagen interface
and greater intermolecular sliding (i.e., plastic deformation) within the collagen network. The temperature
sensitivity conﬁrms that testing at body temperature, rather than ambient temperature, is necessary to assess
the in vivo behavior of bone and teeth. The characteristic pattern of HAP strain evolution with time differs
quantitatively between bone and dentin, and may reﬂect their different structural organization.
© 2013 Elsevier B.V. All rights reserved.

1. Introduction
Hard bio-mineralized tissues such as bone and dentin have a
complex, hierarchically organized structure. Although structurally
different, in mammals both of these materials are composed of the
same components: a mineral phase (calcium hydroxyapatite, HAP),
a protein phase (mostly type-I collagen), and ﬂuid phases (water, saliva, or blood) [1,2]. Through a unique assembly of these phases, bone
and dentin exhibit a combination of high strength, high toughness,
high wear-resistance (for teeth), and self-repair (for bone), enabling
them to perform for years under physiological loads and at body
temperature. There is strong evolutionary pressure to achieve optimized mechanical properties in these tissues, given that bones are
the primary load-bearing structures of the body and that teeth enable
feeding. The study of the mechanical properties of healthy bone and
teeth is thus of interest, both fundamentally, and to provide a comparison with diseased or injured tissues. A thorough understanding
of the mechanics of bone and teeth under long-term loading is also

⁎ Corresponding author. Tel.: + 1 773 290 9094(cell), + 1 847 467 5416(work);
fax: + 1 847 491 7820.
E-mail addresses: anjalisinghal2007@u.northwestern.edu,
anjali.singhal@gmail.com (A. Singhal), alixdeymier2010@u.northwestern.edu
(A.C. Deymier-Black), almer@aps.anl.gov (J.D. Almer), dunand@northwestern.edu
(D.C. Dunand).
0928-4931/$ – see front matter © 2013 Elsevier B.V. All rights reserved.
http://dx.doi.org/10.1016/j.msec.2012.12.069

of interest for the success of bone and tooth synthetic implants or
replacement materials.
A number of studies have examined the elastic [3–10] and fracture
properties [11–20] of bone and dentin of humans, bovines, equines
and elephants which are relevant to rapid and transient loads. Less
attention has been devoted to the time-dependent behavior of these
tissues, which behave visco-elastically under long-term stresses.
Although not the most common loading condition for bone and
dentin, long terms stresses do occur due to muscular action or during
treatments of conditions such as scoliosis [21], the use of ribspreaders during thoracic surgery [22], and the use of orthodontic
braces [23]. Rimnac et al. [24] have studied the effects of stress,
temperature and microstructure on the macroscopic creep strains in
bovine femur, and demonstrated, using semi-empirical models, that
the creep rate is positively associated with the volume fraction of
secondary Haversian bone, temperature and stress. Jantarat et al.
[25] have shown a positive correlation (r 2 = 0.79) between the
macroscopic creep rate of dentin and stress (from human canines
and incisors). However, to truly understand the time-dependent
behavior of bone and dentin it is necessary to determine the response
of their individual phases in addition to the macroscopic behavior.
Combined X-ray wide- and small-angle scattering (WAXS/SAXS)
is a technique through which the mechanical coupling between the
mineral and protein phases can be assessed at the nanoscale via
average strains measured in these two phases. WAXS/SAXS using
high-energy (E = 70 keV) synchrotron X-rays has been previously
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used to determine the strains, in situ under an applied stress, in the
individual phases of metal-matrix composites [26–30], and biological
composites like fallow deer antler [31], canine bone [32,33], bovine
bone [34–39] and bovine dentin [40–44]. Recently, we used this
technique to explore creep deformation in bovine bone, but this
study was limited to a single temperature (37 °C) and a single
compressive stress (− 80 MPa) [36]. In this study, the magnitude of
the elastic strain in the HAP phase increases linearly with increasing
creep time due to load transfer from the visco-elastically deforming
collagen phase. This behavior is also observed in inorganic composites where the more compliant creeping matrix sheds load to the
stiffer reinforcement (whose strain thus increases) via a strong interface, as the bulk deformation of the sample increases [45]. Thus, the
mechanism associated with creep in bone and dentin appears to
follow classical composite mechanics. However, in a subsequent
study on creep of bone and dentin carried out at a single temperature
(37 °C) and stress (− 95 MPa) using the same technique, we
observed that, under much higher irradiation doses, the magnitude
of the compressive strain (and thus stress) carried by the HAP
phase decreased with creep time, while the compressive strain in
the ﬁbrils increased with time [35]. This load shedding from the
reinforcement to the matrix phase was assigned to damage of the
HAP–collagen interface degrading the transfer of load from the matrix
to the HAP platelets during creep [35].
In this study, we examine, for the ﬁrst time in a systematic
manner, the effect of the applied stress and temperature, on the
mechanisms of load transfer between HAP and collagen during creep
deformation of bovine bone and dentin which were subjected to high
radiation doses. With the use of the synchrotron WAXS/SAXS
technique, we investigate the effect of creep stresses in the range of
− 40 to − 110 MPa on bovine bone and dentin at two different
temperatures, 27 °C and 37 °C and a wide range of radiation doses
(580–9400 kGy).
2. Experimental procedures
2.1. Sample preparation
Fresh bovine femurs of a healthy 18-month old Black Angus cow
were obtained from Aurora Packing Company Inc. (North Aurora,
IL), within 1 hour of slaughter. The preparation procedures are
described in Ref. [39] but are summarized here. The femur was
cleaned of marrow and any attached ligaments using scalpels. With
an autopsy saw, the length of the femur was divided into 3 cylinders,
each ~ 2 cm in height. The cylinders were then stored in gauze soaked
with phosphate buffered saline (PBS) and frozen at − 20 °C until
further cutting. The total time elapsed between slaughter of the
animal and freezing of cut sections was ~ 5 hours. Prior to cutting,
one cylinder was thawed to room temperature. Transverse sections
of the cylinder, 5 mm in height, were cut using a low-speed diamond
wafering saw perpendicular to the femur long-axis. These transverse sections were further cut to obtain samples with sizes of 5.45
(± 0.01) × 3.88 (± 0.01) × 2.86 (± 0.01) mm 3. All cutting was done
in deionized water to maintain the hydration state of the samples.
Each sample was weighed on a precision balance three times, after
blotting out the excess water from the surface. Their dimensions
were measured three times with a point micrometer to calculate
the volume. The density of the samples was calculated by taking a
ratio of the average of the mass and volume measurements [46,47].
The samples were then stored in PBS and frozen at −20 °C until the
time of the experiment.
Front incisors were extracted using dental pliers and scalpels from
the lower mandible of another healthy 18-month old Black Angus
cow obtained from Aurora Packing Company Inc., within an hour of
death. The preparation of the samples, which has already been
described in detail in Ref. [40], is summarized here. The extracted

teeth were stored in a mixture of PBS, 1% antibacterial and antifungal
solution and frozen at − 20 °C. The total time elapsed between
slaughter of the animal and freezing of extracted teeth was
~ 5 hours. Prior to cutting, the teeth were thawed to room temperature. Parallel cuts, 8 mm apart, were made with a low-speed diamond
wafering saw perpendicular to the tooth-growth direction. From each
tooth, 1–2 cylindrical root dentin samples were obtained, 7.5 mm in
height and with the natural cross-section of the tooth. The cutting
was done in deionized water to prevent drying of the dentin. To
calculate the apparent density, Archimedes tests were performed in
water. Further, to determine the accurate cross-sectional area of the
dentin cylinders, laboratory micro-CT was used [41]. The samples
were stored in PBS and frozen at − 20 °C until the time of the
experiment.
2.2. X-ray scattering experiments
Mechanical testing with concurrent X-ray diffraction was
performed at beamline 1-ID-C at the Advanced Photon Source,
Argonne National Laboratory (Argonne, IL 60432). Bone and dentin
samples were thawed to room temperature before testing. An MTS858 load frame applied compressive load along the femur long-axis
of the bone samples, and along the tooth growth direction of the
dentin samples. A hydration rig made of vinyl tubing was attached
to the lower platen to maintain the samples hydrated and at the
appropriate temperature. Tests were carried out at 27 °C (room
temperature) and 37 °C (body temperature). A schematic of the
setup is shown in Fig. 1, and is similar to the setup used in previous
works [36,39].
The bone and dentin samples were placed in the sample hydration
rig such that the X-ray beam passed through their vertical and horizontal centers, determined using absorption measurements. For
each experiment, an initial scattering measurement was taken at
zero applied stress on a single sample, after which the sample was
loaded in less than 10 seconds up to the desired stress level and
maintained at a constant value for the rest of the experiment, lasting
for 2–4 hours. Tests were done in two segments—high stresses ranging between − 90 and − 108 MPa and slightly lower stresses, ranging
between − 40 and − 75 MPa. All the stresses used here are signiﬁcantly higher than the stresses experienced in a physiological situation, which are in the range of 10–20 MPa as measured on a human
femur and tibia [48,49], but similar to our previous work on creep
in bone and dentin [35,36,44] where the main goal was to identify
deformation mechanisms in the limited synchrotron beam time
available.
In the ﬁrst experimental segment, bone samples were tested at
stresses of −95, −100 or −108 MPa at 27 (samples A–C) and 37 °C
(samples J–L). Dentin samples were tested at −90 or −100 MPa at
27 °C (samples M–O), and −90 or −95 MPa at 37 °C (samples P–R).
The sample treatment conditions along with their code names are
listed in Table 1. A parallel X-ray beam with 65 keV energy and
50× 50 μm 2 cross-section was used for these experiments. The results
from the tests on bone and dentin samples at − 95 MPa at 37 °C
(samples J and R) have been reported in our earlier work [43], and
are used here for comparison with the other stresses. Wide-angle
X-ray scattering (WAXS) patterns for the HAP phase were recorded
with a MAR 345 detector (2,300 × 2,300 pixels, 150 μm 2/pixel)
which was placed at a distance of 1,269 mm from the sample.
Small-angle X-ray scattering (SAXS) patterns for the collagen were
recorded with a PI-CCD detector (2,048× 2,048 pixels, 80 μm2/pixel),
placed at a distance of 4,000 mm from the sample. The exposure
times for the WAXS and SAXS measurements were 50 and 30 seconds
respectively, resulting in a total absorbed radiation dose of 24 kGy per
WAXS+ SAXS measurements, as indicated in Table 1. A total of 33
measurements were performed at regular time intervals on each
sample over a time span of 2–3 hours, resulting in an accumulated
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Fig. 1. Schematic of experimental setup for in situ synchrotron diffraction experiment at APS with experimental WAXS and SAXS patterns showing representative HAP and collagen
ﬁbrillar rings for bone sample K, respectively. The azimuthal angular ranges used for data analysis are indicated on each pattern by dashed arc-slices.

irradiation dose of 800 kGy over the span of the experimental time. All
the samples in this experimental segment will be referred to as “low
dose samples” in the text.
In a second experimental segment, only bone samples were tested
at lower stresses of − 40, − 55 and − 75 MPa at 37 °C (samples D–F)
following the same loading routine as samples J–L. A second series of
high stress experiments was also performed on bone samples
(labeled G–I) at stresses of − 95, − 100 and − 105 MPa at 37 °C.
After 1 hour of creep at creep stress of − 95, − 100 and − 105 MPa,
these samples G–I were unloaded to zero stress in − 19, − 20 and
− 17 MPa decrements respectively, and immediately reloaded to
their original creep stress in the same increments. The cycle of
creep (for 1 hour), unloading and reloading was then repeated
twice. In this work, the diffraction strain data collected during the
unloading and reloading steps are not reported. These data are
reported and discussed in our previous study on creep in bone and
dentin [35]. Diffraction measurements were done with a 78 keV
X-ray beam with a 50 × 50 μm 2 cross-section. The WAXS patterns
were recorded with a MAR 165 detector (2048 × 2048 pixels,
80 × 80 μm 2/pixel), placed at a distance of 782 mm from the sample.
The SAXS detector was the same as previously used. The WAXS and

SAXS exposure times were unchanged and resulted in a total
absorbed dose of 78 kGy per WAXS + SAXS measurement and an
accumulated dose of 7488 kGy over the 2–3 hour span of the experiment for samples D–F. The creep-unload samples (G–I) accumulated
a slightly higher dose of 9400 kGy until the end of their ~ 4 hour
experiment. All the samples tested in this second segment will be
referred to as “high dose samples” in the following text. The total
dose accumulated in the irradiated volumes up to the end of the
experiment is also indicated in Table 1. The attenuation of the X-ray
beam by the hydration rig and the PBS, before reaching the sample,
is calculated to be 14% [50], and has not been taken into consideration
for radiation dose calculations in Table 1.
2.3. Diffraction analysis
2.3.1. Strain measurement
The atomic-level periodicities in the HAP platelet diffract X-rays
following Bragg's law, producing a WAXS diffraction pattern as
shown in Fig. 1. The change in d-spacing within the platelet gives
the elastic strain in the HAP phase. The regular arrangement of the
HAP platelets within the collagen molecules results in periodic

Table 1
HAP volume content, apparent density, irradiation dose (per measurement and cumulative) and HAP and ﬁbrillar strain rates during creep at the testing conditions.
Sample

Bone

A
B
C
D
E
F
G
H
I
J
K
L
Dentin M
N
O
P
Q
R

Applied stress Temperature Radiation dose per measurement Total dose HAP fraction Collagen fraction Density
3

HAP strain rate Fibrillar strain rate

(MPa)

(°C)

(kGy)

(kGy)

(Vol. %)

(Vol. %)

(g/cm )

(με/min)

(με/min)

−95
−100
−108
−40
−55
−75
−95
−100
−108
−95
−100
−108
−90
–
−100
−90
–
−95

27
27
27
37
37
37
37
37
37
37
37
37
27
27
27
37
37
37

24
24
24
78
78
78
78
78
78
24
24
24
24
24
24
24
24
24

672
864
816
8034
7332
7722
9360
9204
8814
816
840
864
576
720
864
864
864
888

43
39
41
42
40
43
41
40
38
41
40
38
40
39
39
38
37
42

37
40
39
37
38
37
38
38
39
38
38
37
30
32
31
30
30
30

2.35 ± 0.01
2.21 ± 0.02
2.08 ± 0.01
2.21 ± 0.01
2.15 ± 0.02
2.21 ± 0.02
2.08 ± 0.01
2.19 ± 0.01
2.13 ± 0.01
2.15 ± 0.01
2.10 ± 0.01
2.16 ± 0.03
1.99 ± 0.02
1.97 ± 0.01
1.92 ± 0.01
1.93 ± 0.01
2.02 ± 0.02
1.98 ± 0.01

9.8 ± 1.0
14 ± 0.5
17 ± 0.6
12 ± 1.7
22 ± 1.1
21 ± 1.3
29 ± 1.5
51 ± 2.4
69 ± 2.3
17 ± 0.5
16 ± 0.7
33 ± 1.0
3.4 ± 0.4
4.6 ± 0.4
16 ± 0.4
8.3 ± 0.3
7.3 ± 0.4
8.2 ± 0.3

−12 ± 2.4
−35 ± 2.9
−25 ± 2.2
−20 ± 3.3
−25 ± 2.8
−34 ± 3.5
−30 ± 5.9
−41 ± 9.8
−65 ± 9.1
−23 ± 2.3
−27 ± 1.7
−40 ± 4.8
−14 ± 0.8
−22 ± 1.1
−11 ± 1.5
−27 ± 1.2
−35 ± 2.0
−34 ± 1.4
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density differences, which scatter at smaller angles to produce the
SAXS pattern. SAXS thus measures the spacing between the HAP
crystals. The change in SAXS spacing occurs due to the combined
deformation of HAP and collagen and is taken as a measure of the
ﬁbrillar strain, as described in earlier works [34,35,39,41,51]. A
pressed Ceria (CeO2) powder disk is used as a standard to calibrate
the WAXS patterns which are then used to determine the strains.
The method of HAP and ﬁbrillar strain calculation has been
described in detail in Ref. [32], and is summarized here. First, for
HAP, the center of the peak of interest – (00.2) – in the diffraction
patterns is determined, as a function of azimuthal angle, in terms of
the radial distance from the center of the pattern. An invariant strain
point, r*, is determined as the point of intersection of the radius
versus azimuth plots for a single peak at different applied stresses.
Since, only single loads were used in this study a standard value of r*
calculated for bone and dentin in other studies was used. The radial position of the peak center at azimuthal angles of 90 ± 5° and 270± 5°
(highlighted in the WAXS pattern in Fig. 1) is then referenced to
the r* value to determine the longitudinal HAP strain (i.e., strain
along the macroscopic loading direction) at a particular load. A
similar analysis is carried out to calculate the longitudinal ﬁbrillar
strains from the 3rd order scattering peak. The scattering rings are
ﬁt over azimuthal angles of 90 ± 10° and 270 ± 10° (highlighted in
the SAXS pattern in Fig. 1) to calculate the longitudinal strains. In
this case, however, the radius at zero stress is used as a reference
to calculate the strain, because of incomplete rings which result
from the pronounced longitudinal orientation of the collagen ﬁbrils.
2.3.2. Peak orientation analysis
The intensity of the diffraction rings is normalized by the maximum intensity in the same ring, and plotted as a function of azimuth.
Crystals which are slightly misoriented with respect to the longitudinal direction will diffract at their corresponding orientation angles.
Peaks in intensity arise at the azimuths associated with preferred
orientations. An example of the plot of intensity at all the azimuthal
angles is shown in our earlier work [43]. The full-width at
half-maximum (FWHM) of the (00.2) reﬂection intensity peaks
(η-FWHM) is determined from the diffraction ring about 90 ± 15°
and 270 ± 15° [43]. This peaks’ η-FWHM is proportional to the degree
of 00l HAP alignment with respect to the longitudinal/loading direction, with a lower value representing higher alignment.
2.4. Volume fraction determination
Thermogravimetric analysis (TGA) was performed on all samples
after mechanical testing. Small specimens, weighing between 3 and
10 mg, were cut out from the compression samples using a lowspeed diamond saw. These small pieces were maintained hydrated
in PBS until the time of testing when they were blotted to remove
the surface water, and loaded into alumina TGA pans. The bone
samples were heated from room temperature to 680 °C in air, at a
rate of 10 °C/min and held at the maximum temperature for 10 min
before cooling down. By measuring total weight loss between 25
and 200 °C, as well as 200–500 °C (according to Refs. [52,53]), the
weight fractions of water, protein and HAP in the samples were determined. The dentin samples were heated using the same procedure.
The weight fractions were then converted to volume fractions using
densities of 3.2, 1.1 and 1 g/cm 3 for HAP, collagen and water respectively [54]. Given the heterogeneity in biological samples from one
location to the other [38,55], the volume fractions determined from
these TGA samples may not be exactly representative of those in the
diffracting volume, since they were obtained from an approximate
location where the X-ray beam passed through the sample during
the mechanical test. TGA measurements on two different volumes
obtained from samples B and F were performed to estimate

reproducibility and show that the HAP volume fractions differ by an
average of 0.7% between the two measurements.
3. Results
3.1. Volume fractions and density
Results for TGA-determined HAP content of bone and dentin are
given in Table 1 for all samples, along with the applied stresses and
doses at which they were tested. The average volume fractions of
the HAP, collagen and water phases in bone are 41.0 ± 1.7, 38.0 ±
1.0 and 21.0 ± 1.7% respectively. The average density of the bone
samples is 2.17 ± 0.08 g/cm 3. Dentin samples show the same HAP
content, but lower collagen and higher water content: the average
volume fractions of HAP, collagen and water are 39.2 ± 1.7, 30.5 ±
0.8 and 30.3 ± 1.9% respectively. As expected from the lower fraction
of protein, the density is lower than for bone, with an average value of
1.97 ± 0.05 g/cm 3.
3.2. Creep
The HAP and ﬁbrillar strains in the bone and dentin samples are
shown as a function of time in Figs. 2–4 for all the stresses tested.
The initial residual strain has been subtracted from the HAP strains
plotted in Figs. 2a, b and 4 to eliminate the effect of variable initial
strain, thus facilitating comparisons between samples. In both bone
and dentin, the magnitude of the longitudinal compressive strains
(accrued on initial application of the stress) decreases in the HAP
phase and increases in the ﬁbrillar phase with time, at all the stresses
tested.
3.2.1. Creep plot shape
The shape of the strain vs. time curves (Figs. 2–4) can provide information as to the effect of time and applied stress on the load transfer from the collagen matrix to the HAP platelet. In the case of bones,
the HAP strain vs. time curves (Figs. 2a, 4) show three distinct stages:
(i) an initial slow decrease in the strain magnitude with time; (ii) a
rapid decrease in strain magnitude; and (iii) a leveling out where
the rate of decrease of the strain magnitude is slower, and can end
in a plateau. For bone, all the cases show this three-stage behavior
with the samples loaded at − 40, −55, − 75 and −108 MPa at
37 °C (Fig. 2a), and − 95, − 100 and − 105 MPa at 37 °C (Fig. 4)
ending in plateaus. The ﬁnal plateau occurs earlier (at about 80 min)
in tests done at low applied stresses (−40, −55 and −75 MPa),
compared to those tests run at higher stress (i.e., 123 min for the test
at −108 MPa in Fig. 2a). The plateau in Fig. 4 for the creep-unload
samples G–I occurred sooner, at 40–52 min, than samples J–L tested
at the same temperature but lower doses. Also, since stage (iii) begins
earlier than the ﬁrst unload in these samples (about 58 min), their
strain rates can be compared with the creep-only samples. The duration
of stage (i) also seems to be radiation-dose-dependent, lasting about
13 min for the high doses and lower stresses (− 40, − 55, and
−75 MPa and 7488 kGy) in comparison to the 30–53 min seen in the
samples tested at higher stresses and lower doses (compressive stress
greater than or equal to −90 MPa, 800 kGy). In the samples tested at
higher doses and higher stresses, i.e., samples G–I at 37 °C, stage (i)
lasts for about 8 min. The length of stage (i) in the samples measured
at multiple temperatures also shows a temperature dependence,
where stage (i) lasts for an average of 53 min in samples tested at
27 °C (A–C) compared to 30 min for those at 37 °C (J–L) tested at the
same “lower doses.”
In dentin, the HAP strain vs. time plots do not exhibit a clear three
stage shape (Fig. 2b). Most dentin samples, at both temperatures,
exhibit a stage (i) of slow decrease in strain magnitude (for about
13 min at 27 °C and 18 min at 37 °C) before reaching a slightly
steeper stage (ii) behavior. None of these samples have a stage (iii)
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a

b

Fig. 2. Graph of longitudinal lattice strain in HAP vs. time at 27 and 37 °C in (a) bone
(b) dentin.

or a plateau. Dentin sample O, tested at − 100 MPa and 27 °C, shows
no evidence of a stage (i) and instead has a very linear decrease in
HAP strain magnitude with time.
The shape of the ﬁbrillar strain curves is also different in bone and
dentin. In bone, the magnitude of the ﬁbrillar strains (Figs. 3a and 4)
initially increases at a fast rate at both temperatures, and levels out
towards the end of the 2–4 hour period of testing. The ﬁbrillar strains
in dentin (Fig. 3b) have a similar behavior at 37 °C, but the increase in
magnitude is linear throughout the experiments at 27 °C.
3.2.2. Strain rates
Although the shapes of the curves are important to understanding
the creep behavior of dentin and bone, one must also consider how
the magnitude of the strain rate is affected by changes in temperature,
applied stress, and radiation dose. These strain rates, corresponding to
the rates of decrease in the HAP elastic strain magnitudes and increase
in the ﬁbrillar strain magnitudes as a function of time, are calculated by
applying a best-ﬁt linear regression to the data points in the strain vs.
time plots of the two phases (Figs. 2–4). For samples where a

1471

a

b

Fig. 3. Graph of longitudinal strain in collagen ﬁbrils vs. time at 27 and 37 °C in (a) bone
(b) dentin.

non-uniform increase (or decrease) exists, for example where stage
(i) or (iii) behavior was present, the strain rates were calculated by taking a slope over the period of maximum increase (or decrease) corresponding to stage (ii).
In general the HAP strain rates are higher in bone than in dentin,
whereas the ﬁbrillar strain rates for the two materials are within error
of each other (Table 1). The HAP strain rates in bone are found to
generally increase with applied stress with R2 = 0.95 at 27 °C (samples
A–C, Fig. 5a) and for the samples measured at 37 °C, R2 = 0.59 at high
doses and low stresses (78 kGy/measurement, samples D–F in Fig. 5c),
R2 =0.99 at high doses and high stresses (78 kGy/measurement, samples G–I in Fig. 5c) and R2 =0.68 at lower doses (24 kGy/measurement)
and high stresses (samples J–L in Fig. 5a, c). As seen in Fig. 5a, these HAP
strain rates, when compared at equal doses (24 kGy/measurement) and
applied stresses (−95, −100, and −108 MPa), are greater at 37 °C
compared to 27 °C. The samples tested at a higher dose (G–I) have a
2–3 times higher strain rate than the samples tested at a lower dose
(J–L) at the same stresses and temperature, as seen in Fig. 5c. Also, the
ﬁbrillar strain rates in bone tend to increase with applied stress in a
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4. Discussion
4.1. Effect of irradiation

Fig. 4. Graph of longitudinal lattice strain in HAP vs. time at 37 °C for the creep/unload
samples in bone. The unload/load segments are demarcated by short vertical dashed
lines and their sequence is indicated by “I” and “II” in the ﬁgure.

non-linear fashion with R2 = 0.20 at 27 °C (samples A–C, Fig. 5a) and
linearly for measurements at 37 °C, with R 2 = 0.91 at 78 kGy/
measurement and low stresses (samples D–F in Fig. 5c), R 2 =
0.96 at 78 kGy/measurement and high stresses (samples G–I in
Fig. 5c) and R2 = 0.92 at 24 kGy/measurement and high stresses (samples J–L in Fig. 5c). The ﬁbrillar strain rate does not seem to be greatly
affected by temperature, as there is no clear difference between the
samples measured at 27 °C and 37 °C with stress. The ﬁbrillar strain
rates also do not show a clear dependence on the irradiation dose on
the samples as seen in Fig. 5c.
In the dentin samples, the HAP strain rates at 27 °C are greater at
− 100 MPa (sample O) than at − 90 MPa (samples M and N), and do
not show any change with stress at 37 °C (Fig. 5b). The ﬁbrillar strain
rates also show no change with stress at 37 °C but decrease at 27 °C
(R 2 = 0.51) (Table 1). The small number of different stresses
measured for the dentin samples, makes it difﬁcult to determine
what effect the stress may have on the HAP or ﬁbrillar strain rate of
the dentin samples. Conversely, when comparing the four samples
measured at − 90 MPa (samples M and N at 27 °C and samples P
and Q at 37 °C) as shown in Fig. 5b, it is apparent that the HAP and
ﬁbrillar elastic strain rates are signiﬁcantly greater at 37 °C than at
27 °C.

3.2.3. Peak orientation
For all bone and dentin samples, the azimuthal full-width at half
maximum, η-FWHM, of the (00.2) peak intensities about η = 90°
and 270° exhibits a slight increase with time before becoming
constant. Fig. 6a shows representative examples of η-FWHM as a
function of time for bone and dentin at −95 MPa and 37 °C. For this
ﬁgure, the average η-FWHM is 57.9 ± 0.5° for dentin and 49.4 ±0.5°
for bone. The average η-FWHM over all the samples, irrespective of
stress or temperature, is larger for dentin, 60.0± 1.5° than bone,
53.8± 1.6°. As shown in Fig. 6b, the increase in the η-FWHM width
shows a correlation with the applied stress in bone at 37 °C (R2 = 0.71
for the low stresses at 78 kGy/measurement and R2 = 0.96 for the
high stresses at 24 kGy/measurement) but not at 27 °C (R2 =0.22).
No correlation between η-FWHM and stress was found for the dentin
samples. The increase in peak width does not show a correlation with
temperature in either bone or dentin.

For all dentin and bone samples studied here, the overall creep
behavior of the two phases was the same; the HAP strain decreased
with creep time while the ﬁbrillar strain increased. The opposite
behavior is found in bone samples that underwent creep at a stress
of − 80 MPa at 37 °C and with minimal irradiation (2.8 kGy) [36].
In the low irradiation dose situation, stress is transferred from the
viscoelastically deforming collagen matrix to the reinforcing and elastic HAP, as expected for a composite with well bonded reinforcement
[45,56,57]. The opposite trend seen here (HAP shedding load back to
the matrix as the composite creeps) has been described in our previous experiments [35] for bone and dentin samples tested at − 95 MPa
and 37 °C and under high-dose irradiation conditions (637 kGy). In
this earlier study [35], we proposed, as an explanation for this behavior, that the high doses of X-ray irradiation is accompanied by a
delamination damage at the HAP–collagen interface. This interface
is composed of electrostatic and Van der Waals type of interactions
[58–62] making it relatively prone to damage; in particular the
calcium-mediated electrostatic bonds can be broken due to collagen
side-chain decarboxylation as a result of X-ray irradiation [63].
When coupled with continuous loading during creep, the interface
becomes severely damaged and delaminates, thus changing the
behavior of HAP from load accumulating in the case of an undamaged
interface to load shedding [35]. This results in the observed decrease
in the HAP elastic strains with creep. However, during loading, the
collagen matrix is still continuously deforming due to a combination
of elastic deformation through protein coiling and plastic deformation by collagen intermolecular sliding [64]. As a result, the ﬁbrillar
strains increase with creep. The effect of irradiation on the HAP
rates can also be seen from the greater HAP strain rates in samples
tested at a higher irradiation dose (G–I) as compared to those
measured at lower doses (J–L) under equal stresses and temperature
conditions (Fig. 5c). This suggests that as the irradiation dose
increases, the HAP–collagen interface in the highly irradiated sample
is more severely damaged and delaminates at a faster rate on loading,
resulting in a more rapid decrease in the HAP strains as a function of
time.
The shape of the HAP bone strain vs. time curves (Figs. 2a, 4) can
be interpreted based on the relative rates of (a) damage (due to stress
and radiation) which causes a release of HAP strain and (b) rate of
load transfer to HAP from the collagen which increases the HAP
strain. During stage (i), the HAP strain remains constant or decreases
very slowly. During this early period, the interface is minimally damaged allowing the collagen to transfer some load; however, the high
levels of stress and increasing dose during measurements both
damage the interface, lowering the efﬁciency of load transfer. At a
certain point in time, the combination of interfacial damage due to
irradiation and high interfacial shear stresses causes the interfaces
to fail allowing the collagen molecules to slide relative to each other
as well as at the HAP–collagen interface. During this time, in stage
(ii), the HAP is less constrained by the collagen and the initial elastic
strain is released. In the ﬁnal stage, stage (iii), the interfacial damage
accumulation reaches equilibrium where no more strain can be dissipated in the HAP platelets. The HAP strain rate then slows and
plateaus. This plateau is always at a non-zero value, likely due to
the remaining bonding forces of water surface tension or Van der
Waals interactions at the interface. It has also been theorized that
irradiation induced collagen cross-linking may serve to constrain
the HAP platelets slowing their relaxation [44].
In dentin, stage (ii) begins very soon after loading (Fig. 2b). This
suggests that the HAP–collagen interface is damaged more rapidly
in dentin than in bone. However, dentin exhibits a slower HAP strain
rate than bone, implying that the rate of strain loss in the HAP is not
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solely controlled by interfacial damage but also by structural or organizational parameters [2,40,65]. The internal structure of dentin is
such that the collagen ﬁbrils are distributed with their axis tangential
to the circumference of the tubules which themselves radiate from
the pulp cavity to the dentino-enamel junction in planes perpendicular to the applied stress [66]. The internal structure of bone, on the
other hand, is more textured, with the collagen ﬁbrils being mostly
oriented along the bone long axis (direction of compression) [67].
This difference in ﬁbril orientation can be seen in the higher 00.2
peak η-FWHM found in dentin than in bone (Fig. 6a), suggesting a
broader distribution of platelet orientations. The signiﬁcant orientation spreads prior to deformation in both dentin and bone make
detection of changes challenging; nonetheless some trends can be
observed as described below. This less aligned arrangement of the
collagen ﬁbrils within the dentin will result in greater geometric
hindrances on the collagen intermolecular sliding compared to that
in bone where the ﬁbrils are mostly aligned along the same direction.
With limitations on the sliding of collagen molecules, the interfacial
shear strain will be restricted thus preserving the interface and
lowering the HAP strain rate. The similarity in the ﬁbrillar strain
rates between the bone and the dentin indicates that the collagen
plastic deformation, which is controlled by collagen intermolecular
sliding as seen in tendon [64], is reduced in similar amounts by load
transfer to the HAP platelets, as expected given the similar HAP
fractions in bone and dentin,.
4.2. Effect of stress

c

Fig. 5. Plot of HAP and ﬁbril strain rates at different temperatures for matching stresses
in (a) bone and (b) dentin. (c) HAP (closed symbols) and ﬁbrillar (open symbols)
strain rates as a function of applied stress for bone measured at 37 °C at the same irradiation dose level.

In general, the magnitude of the HAP strain rate increases with
increasing applied stress in bone at both 27 and 37 °C and at both
irradiation doses per measurement (Fig. 5a, c). The magnitude of
the ﬁbrillar strain rates in bone also increases with applied stress.
Most materials which exhibit stress-relaxation behaviors show an
increased macroscopic deformation rate with increased applied load
during creep [68]. Therefore, it is expected that that strain rate of
the ﬁbril, which represents the HAP–collagen composite smallest
unit and composes the bulk of bone and dentin, also increases with
applied stress. The increase in the magnitude of the HAP strain rate
with increasing load indicates that the extent of interfacial damage
is not purely dependent on radiation damage but also on the applied
load. This further supports the hypothesis that the interfacial damage
is caused by a combination of chemical debonding due to irradiation
damage and mechanical debonding due to interfacial shear stresses.
As the magnitude of the compressive applied load grows, the interfacial stresses increase causing the bonds to break more rapidly, thus
releasing the stored elastic strain in the HAP more quickly. As can
be seen in Fig. 5c, identical ﬁbrillar strain rates were reached at
− 75 MPa with 78 kGy/measurement and at − 108 MPa with
24 kGy/measurement and HAP strain rates at − 55 and − 75 MPa
with 78 kGy/measurement were higher than the HAP strain rates
at − 95 and − 100 with 24 kGy/measurement. This supports the
hypothesis that higher irradiation doses lead to higher levels of
interfacial damage [35]. Even though the applied stress is 30–50%
greater at the higher stresses, the strain rate is approximately the
same, possibly because the higher irradiation dose has chemically
damaged the interface in the sample tested at the lower stresses more
extensively.
As mentioned above, both the HAP and the ﬁbrillar strain rates do
not always exhibit linear behavior with applied stress. With the
limited number of samples and the small sampling volumes used
here, sample inhomogeneities can have a signiﬁcant effect. Mineral
and protein content in the bone and dentin samples can have an
important effect on the load transfer and creep behavior. There is a
negative correlation between the HAP strain rate and the HAP content
(R = − 0.2), and positive correlation between HAP strain rate and
protein content (R = 0.53) in all the samples (bone and dentin)
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The η-FWHM of the 00.2 peaks at 90 ± 15° and 270 ± 15°
increases slightly with time for all the samples of bone and dentin
tested here (Fig. 6a), suggesting the HAP crystals are tilting away
from their original longitudinal alignment as creep strain accumulates. This behavior is as expected for a ﬁber reinforced composite,
with longitudinally aligned ﬁbers in a creeping matrix, deforming
under compression, where the ﬁbers are deﬂected away from the
loading axis with increasing creep time [69–71]. In bone, the
η-FWHM increases with stress (Fig. 6b) at 37 °C for both irradiation
and stress conditions, but shows no trend at 27 °C. The η-FWHM in
dentin samples do not show stress dependence at any temperature
(Fig. 6b). For the dentin samples as well as the bone samples, the
small number of samples and stresses (N = 3) make it difﬁcult to
detect a trend. However, an increase in η-FWHM with stress in
bone at 37 °C is expected, considering the fact that a greater stress
imposed on ﬁbers would cause more tilting.
4.3. Effect of temperature

b

Fig. 6. (a) Plot of HAP 00.2 intensity peak FWHM as a function of time for −95 MPa at
37 °C in bone (sample G) and dentin (sample R). (b) Plot of the 00.2 Intensity peak
FWHM rate as a function of stress at 27 °C (blue) and 37 °C (red) for bone (closed symbols) and dentin (open symbols).

which could possibly account for the non-linearity. An increase in the
number of HAP platelets per unit volume would result in the applied
load being distributed over more reinforcements. This means that
each individual platelet carries less stress (or elastic strain), and
thus the HAP–collagen interfacial stress decreases, together with the
HAP strain rate. A higher HAP content also decreases the ﬁbril strain
rate (R = − 0.40 for all the samples in the present work) by stiffening and strengthening the composite and inhibiting collagen
intermolecular sliding. Similarly, higher collagen content will
increase the compliance of the material, resulting in higher shear
stresses due to intermolecular sliding within the collagen network
as well as collagen molecular sliding at the HAP–collagen interface.
This will cause an increase in the HAP strain rate.
The dentin HAP strain rates show no clear trend with applied stress
(Fig. 5b). The limited number (N= 2 at each temperature) of different
applied stresses and the small differences in the magnitude of these
applied stresses prevent the determination of a trend. However, the
pairs of repeated measurements at −90 MPa for both 27 °C and 37 °C
illustrate the repeatability of the measurements. At both temperatures,
the difference between the two measured samples was ~1 με/min.

In both materials, the magnitude of the HAP strain rates increases
with increasing temperature, from 27 °C to 37 °C, as shown in Fig. 5a
in bone, and 5b in dentin. The magnitude of the ﬁbrillar strain rate
also increases with temperature for bone and dentin, except in bone
at − 100 MPa. This suggests that the rate of collagen sliding, which
results in increased deformation and interfacial damage, increases
with temperature. This is supported by the fact that the strength of
the hydrogen bonds, electrostatic interactions and hydrophobic interactions that hold the collagen molecules together [6,72] decrease
with an increase in temperature [6,72,73], increasing the collagen
compliance, thus facilitating collagen sliding. The outliers at −100 MPa
in bone are probably a result of differences in the composition or structure between the two sampled volumes. Although the macroscopic
density and HAP content is not different between the two samples
(B and K), the X-ray diffraction volume is comparatively small and
is subjected to the large intra-sample variations present in biological
hard tissue, as discussed for dentin in Ref. [43].
In bone, the shorter stage (i) in HAP at 37 °C compared to 27 °C
suggests that the damage rate is higher at the higher temperature. The
shape of the strain versus time curves in dentin, on the other hand,
does not show a change with temperature (Fig. 2b). It is expected that
damage would set in sooner and occur to a larger extent at the higher
temperature (37 °C) because, beyond the increased collagen compliance, the strength of the hydrogen bonds and charged interactions at
the HAP–collagen interface also become weaker [73,74] with increased
temperature. The relatively weaker interface allows a faster rate of
delamination as seen from an increase in the HAP strain rates. The ﬁbrillar strain rates also increase with temperature due to the overall
increase in the compliance of the composite at a higher temperature.
Thus, these data conﬁrm that the deformation of bone and dentin is
temperature-dependent, and that mechanical properties of these
biological materials should be determined at body temperature to
achieve an accurate understanding of their in vivo performance.
The increase in η-FWHM with time does not show any correlation
with temperature in either bone (Fig. 6a) or dentin. This is contrary to
what one would expect since the relatively weaker bonds at 37 °C
would permit greater sliding between the collagen molecules [64,75,76]
than at 27 °C, allowing for a greater tendency for misalignment. It is
unclear why such behavior is not seen but it is possible that the tilting
behavior is not only controlled by the collagen compliance but also by
other structural parameters such as mineral content in the ﬁbril, ﬁbril
orientation, or location within the larger hierarchical framework.
5. Conclusions
Synchrotron X-ray diffraction is used to study the strain evolution
in the phases of highly irradiated bone and dentin as a function of
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[25]
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applied compressive stresses, ambient (27 °C) and body temperature
(37 °C), and irradiation dose. The strain evolution during creep
(decreasing for HAP and increasing for ﬁbrillar strain) is consistent
with the hypothesis that delamination takes place at the HAP–collagen
interface, at all stresses and temperatures tested here. The temporal
evolution of HAP elastic strains in bone is complex under creep but
follows a common pattern: an initial stage of slow strain decrease is
followed by a rapidly decreasing stage, ﬁnally ending in a strain plateau.
The extent of these three stages depends on the applied stress, temperature and accumulated radiation dose in bone. The HAP elastic strains in
dentin, by contrast, decrease in a more linear fashion, indicating earlier
onset of interfacial damage. In both bone and dentin, the HAP platelets
tilt away from the loading direction as creep proceeds.
The HAP elastic strain rates are compared directly between bone
and dentin; the greater strain rates in bone than those in dentin are
likely due the differing hierarchical structures in the two materials.
The magnitude of the HAP and ﬁbrillar strain rates in bone increase
with applied stress indicating greater damage. HAP platelet tilting in
bone also increases with increased stress at higher temperatures.
There were too few dentin samples and measured stresses to realistically determine the effect of stress on the dentin creep behavior.
The magnitude of the HAP strain rate is greater at body temperature
(37 °C) than room temperature (27 °C) at the same applied stress in
both bone and dentin. This is probably because bonds at the collagen–
collagen and HAP–collagen interfaces become weaker with increasing
temperature, promoting more sliding and delamination. This conﬁrms
prior studies indicating that testing at body temperature, rather than
ambient temperature, is necessary to appropriately capture the in vivo
behavior of bone and teeth.
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