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While the matrix/reinforcement load-transfer occurring at the micro- and nanoscale in nonbiological
composites subjected to creep deformation is well understood, this topic has been little studied in bio-
logical composites such as bone. Here, for the first time in bone, the mechanisms of time-dependent load
transfer occurring at the nanoscale between the collagen phase and the hydroxyapatite (HAP) platelets
are studied. Bovine cortical bone samples are subjected to synchrotron X-ray diffraction to measure
in situ the evolution of elastic strains in the crystalline HAP phase and the evolution of viscoelastic strains
accumulating in the mineralized collagen fibrils under creep conditions at body temperature. For a con-
stant compressive stress, both types of strains increase linearly with time. This suggests that bone, as it
deforms macroscopically, is behaving as a traditional composite, shedding load from the more compliant,
viscoelastic collagen matrix to the reinforcing elastic HAP platelets. This behavior is modeled by finite-
element simulation carried out at the fibrillar level.

� 2011 Acta Materialia Inc. Published by Elsevier Ltd. All rights reserved.
1. Introduction

Calcified tissues such as bone are highly complex composite
materials with remarkable properties (such as light weight, high
toughness and high strength) made possible by their unique com-
position and hierarchical architecture [1]. Bone is a three-phase
composite consisting of an inorganic mineral component, hydroxy-
apatite (HAP), a polymeric or proteinaceous component, collagen,
and fluid-filled porosity. The HAP and collagen combine to form
the basic building block of bone, the mineralized fibril. These fibrils
are the main components in the lamellae which constitute the bulk
of osteons. Cortical bone also contains haversian canals and
lacunae, which are responsible for its fluid-filled porosity.

Many of the macroscopic properties of calcified biological
materials—e.g. elastic modulus, proportional limit, toughness and
viscoelastic behavior—have been investigated in the bulk (e.g. by
compressive testing [2–5] and ultrasonic measurements [6–8]) or
over smaller volumes (e.g. by indentation and nanoindentation
[9–12]). Some of these macroscopic studies have shown that bone
undergoes creep deformation and stress-relaxation behaviors
[13–15]. Bulk experiments, however, do not provide information
about the relative contribution of the phases to the macroscopic
creep behavior of bone, where temperature- and time-dependent
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strain accumulates in the material. Rimnac et al. [15] have sug-
gested that the collagen is not responsible for creep which is in-
stead attributed to dislocations in the HAP mineral. Conversely,
other researchers [14,16] have suggested that collagen is solely
responsible for the creep of bone. These studies claim that creep
within the HAP phase is unrealistic at the low stress and low tem-
peratures usually employed for testing and hypothesize that the
known deformation and sliding of collagen fibrils observed in
unmineralized tendon is the cause of bone creep [17,18]. These dis-
crepancies in the existing literature suggest a need for further
studies using techniques that allow in situ quantification of the re-
sponse of the different bone phases during loading to determine
their contribution to the overall creep behavior of bone.

One such experimental technique, synchrotron X-ray diffrac-
tion, has been widely used to study the transfer of load from two
different crystalline phases (matrix and reinforcement) in nonbio-
logical composites such as metal matrix composites [19–21]. More
recently, it has also been used to determine the load-transfer
behavior of HAP and protein in bone and dentin under quasi-static
loading conditions without creep [22–26]. Diffraction has also been
used to determine the viscoelastic behavior of collagen in unmin-
eralized tendon [27–29]. However, to date, this method has not
been employed to determine the evolution of load partitioning
among these phases in bone (or dentin and enamel) during creep
loading. Such testing will help to determine how HAP and collagen
interact during creep deformation and shed light on the role, if any,
of HAP elastoplastic deformation and collagen fibril viscoelastic
ll rights reserved.
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sliding. Furthermore, knowledge about the behavior of healthy
bone and its different phases under creep conditions at body tem-
perature will shed light on creep behavior in damaged or diseased
bone, as well as address the issue of creep at stress concentrations
in bones (e.g. at crack tips, near damaged or diseased regions or
near artificial implants).

Finite-element modeling (FEM) is widely used to understand
the structure–property relationship of materials, and has also been
applied in bone mechanics research [30–36]. FEM simulation has
proven useful to explain and predict the elastic [33,36], viscoelastic
[31,34] and damage [30,35] mechanics in bone. However, FEM
simulation of bone and dentin has mostly been performed on the
higher levels of the structural hierarchy [30,31,33–36], with only
a few simulations at the collagen fibril level [32]; to our knowl-
edge, no FEM studies have focused on viscoelastic behavior of bone
at this level. Our recent study [37] showed that the FEM simula-
tions of elastic properties of HAP mineral and collagen phases in
bone at the nanoscale matched well with experimental data from
corresponding synchrotron measurements. Here, the elastic model
is expanded to include viscoelastic properties and interfacial inter-
actions in the FEM simulation to understand and predict the creep
behavior of bone subjected to long-term stresses, in conjunction
with experimental synchrotron studies of load transfer between
HAP mineral and collagen phases.
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2. Materials and methods

2.1. Sample preparation

A fresh bovine femur of the posterior leg of a healthy 18 month
old Black Angus cow was obtained from a local abattoir (Aurora
Packing Company Inc., North Aurora, IL). The bone was cleaned
of marrow, stored in gauze soaked with phosphate-buffered saline
(PBS) and frozen at �20 �C. After thawing the bone to room tem-
perature, parallel cuts were made perpendicular to the bone
long-axis, approximately 5.5 mm apart, with a Buehler Isomet-
1000 precision diamond wafering saw. Thereafter, parallel cuts,
4.5 and 3.5 mm apart, respectively, were made in the transverse
cross-section of the obtained sample. Parallelepipeds of dimen-
sions a = 3.0 ± 0.01 mm, b = 4.0 ± 0.01 mm and c = 5.0 ± 0.01 mm
were obtained, with the c dimension along the longitudinal direc-
tion of the femur. All cutting operations were done in deionized
water to maintain bone hydration. The two samples used here (la-
beled 1 and 2) were extracted from adjacent locations at the lateral
side of the femur, close to the mid-diaphysis region, with the a
dimension parallel to the radial direction (from the bone center
to the bone edge) and the b dimension parallel to the bone circum-
ference. After cutting, the samples were weighed with a precision
balance and the dimensions were measured with a point microm-
eter, taking three measurements each time. The samples were then
stored in PBS and frozen at �20 �C until the time of the X-ray
experiment.
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Fig. 1. Schematics of the experimental diffraction set-up showing representative
images of the wide- and small-angle X-ray diffraction rings obtained from sample 2
immediately after loading. The circles on the sample represent the 20 sampling
locations.
2.2. X-ray scattering measurements

All the mechanical tests were performed at the 1-ID-C beamline
of the Advanced Photon Source (APS) at Argonne National Labora-
tory. The two samples were thawed to room temperature prior to
testing. Uniaxial compressive load was applied with an MTS 858
hydraulic load frame with customized compression platens
adapted to maintain the hydration state of the samples during
loading, as described previously in Ref. [38]. A small watertight
container made of vinyl tubing was attached to the lower platen,
which allowed the sample to be fully immersed in PBS. To maintain
a constant temperature of 37 �C (designated as body temperature
in the following), the PBS was circulated through the container
from a nearby temperature-controlled bath.

Each sample was placed within the sample hydration set-up on
the lower compression platen such that the sample was loaded
along the bone longitudinal direction with the beam traversing
the sample along its smallest dimension. For each sample, an initial
wide angle X-ray scattering (WAXS) and small angle X-ray scatter-
ing (SAXS) pattern was recorded before mechanical loading. The
WAXS pattern, shown in Fig. 1, is obtained from beam interactions
with the mineral phase (HAP) of bone. The SAXS pattern (Fig. 1) is a
result of X-rays scattering from the regularly spaced HAP platelets
within the fibrils (average D-period of 67 nm). Both samples were
then loaded in �10 s to a compressive stress of �80 MPa which
was maintained constant for nearly 2 h. Although this high stress
is not physiologically relevant over long time scales, it was used
here to allow measurable creep strains to accumulate over labora-
tory time scales. However, these measurements are pertinent in
surgical situations where retractors are employed, applying large
forces to bones over a period of hours [39]. After loading, WAXS
and SAXS diffraction patterns were recorded alternately, with an
interval of 85 s between two successive WAXS, and therefore SAXS,
measurements. To minimize potential radiation damage, measure-
ments were made over a grid of 20 locations organized in two rows
of 10. The two rows were spaced 100 lm apart, 50 lm below and
50 lm above the vertical center of the sample, respectively (Fig. 1).
Horizontally neighboring locations were also spaced 100 lm apart,
spanning a horizontal range of 500 lm to the left of the horizontal
center and 400 lm to the right of the horizontal center when
aligned with the direction of the beam. Measurements started in
the top left-hand corner of the array traveling first along the hori-
zontal row from left to right and then moving down to measure the
locations in the bottom row also from left to right. To obtain mea-
surements for 2 h, the array was measured four times, resulting in
a total of 80 measurements per sample, each time starting again
with the top leftmost location.

Measurements were taken with a 65.7 keV X-ray beam with a
50 � 50 lm2 cross-section directed at the sample perpendicular
to its loading direction. The diffraction patterns were collected
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Fig. 2. Geometry of the two-dimensional FEM model for a mineralized collagen
fibril, consisting of tapered hydroxyapatite HAP platelets (H) surrounded by a
discretized collagen phase (C). Individual collagen blocks (corresponding to the
volume of one molecule) are linked with each other through springs (S) and are well
bonded to the HAP platelets. The interstitial spaces above and below the HAP
platelets are modeled as voids (V).
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on area detectors placed behind the sample, nominally perpendic-
ular to the direction of the beam. A GE amorphous silicon flat panel
detector with a 2048 � 2048 pixel grid and 200 � 200 lm2 pixel
size, placed at a distance of 1428 mm from the sample, recorded
the WAXS patterns which were calibrated by a pressed ceria pow-
der disc (CeO2, NIST SRM-674a) placed in the beam before and
after a measurement series. A Princeton Instruments SCX-TE/CCD
with a 1000 � 1000 pixel grid and 22.5 � 22.5 lm2 pixel size,
placed at a distance of 4050 mm from the sample, recorded the
SAXS patterns. To record both the WAXS and SAXS patterns at each
location, the GE detector was laterally translated out of the beam
direction to expose the CCD camera. The X-ray exposure times
were 1 s for each detector. A radiation dose of 0.7 kGy was
absorbed by the sampling volume at each measurement of both
WAXS and SAXS. Therefore, the accumulated radiation dose at each
measurement location, after cycling through the array four times,
was 2.8 kGy. This relatively low dose is not expected to
significantly affect the mechanical properties of the samples
[40–42].

2.3. X-ray scattering analysis

The longitudinal and transverse strains in the mineral and fibril-
lar phase are calculated as previously discussed in the literature
[24,43], with a summary given here. Changes in d-spacing between
the lattice planes in the HAP were used to determine elastic strains
in the mineral phase, described here as HAP strains. The basic dif-
fraction parameters were first obtained by analyzing the ceria dif-
fraction patterns using the Fit2D software [44]. The parameters
determined from this program—beam center, detector tilt and
specimen–detector distance—were input in a series of MATLAB
programs developed at APS. These programs first convert the
WAXS diffraction patterns from radial to Cartesian coordinates.
The rings are then fit using a pseudo-Voigt model giving the center
of each peak of interest, HAP(00.2), HAP(22.2) and HAP(00.4) in the
present case, as a radial distance from the beam center at various
azimuthal angles, R(g). The Cartesian plot for radial distance,
R(g), vs. azimuth, g, intersect at a single radius for all applied
stress levels, called the invariant radius R⁄. This stress-free point
is used to calculate the orientation-dependent deviatoric strains
as �ðgÞ ¼ ðR� � RðgÞÞ=RðgÞ. Strains measured at the azimuthal an-
gles of 90 ± 10� and 270 ± 10� give the longitudinal strain (along
the loading direction), while those of 0 ± 10� and 180 ± 10� give
the transverse strain.

In the case of the SAXS patterns, well-defined scattering max-
ima arise from the �67 nm D-period of the HAP mineral in the col-
lagen fibrils. In the case of mineralized tissue such as bone and
dentin, the primary SAXS contrast associated with these rings is
between the relatively dense HAP particles and the collagen phase
[45]. Changes in the radii of these SAXS peaks with applied load
therefore represent changes in the average HAP particle spacing,
which in turn results from cooperative deformation of both the col-
lagen matrix and the HAP particles. Thus, the SAXS-derived strain
provides the composite strain at the nanoscale level (without the
effects from the larger microstructure such as the osteons), and
is referred to here as the fibrillar strain. This fibrillar strain is mea-
sured from SAXS rings in a manner similar to the HAP strains from
WAXS rings, except that the third-order SAXS ring (corresponding
to a D-period of �67/3 = 22.3 nm) was only fit over azimuthal
ranges of 90 ± 10� and 270 ± 10� due to the preferred longitudinal
orientation of the mineralized collagen fibrils, which resulted in
incomplete rings. This orientation precluded measurement of the
stress-free invariant radius R⁄ which is instead taken as the value
R0(g = 0) when the sample is under zero load. Thus, in contrast
to the WAXS data, no information on residual strains in the SAXS
data is available.
2.4. Finite-element modeling

A two-dimensional model of the mineralized collagen fibril was
subjected to a FEM simulation using the software ABAQUS/
Standard (version 6.10-EF1). The unit cell, shown in Fig. 2, was
meshed using quadratic elements (element type CPE8R). Since
the diffraction experiments cannot distinguish between intra-
and extra-fibrillar HAP effects, the model has been reduced to only
the mineralized collagen fibril level with the assumption that all
the HAP platelets are intrafibrillar.

The basic geometry of the bone model at the collagen fibril level
is based on a previous model used to examine the elastic properties
of bone [46], which was originally proposed by Jager and Fratzl
[47]. In the unit cell model for elastic properties, the authors took
into account the fibrillar structure including the 67 nm D-period of
the collagen assembly and the overlapping distribution of HAP
platelets in the axial direction. However, this basic geometry
ignores interactions between the collagen molecules which are
important under creep conditions. Using the previous elastic mod-
el as a starting point, a new fibrillar unit cell model is established,
as shown in Fig. 2. First, the collagen–HAP intersections are
smoothed by tapering the HAP platelets to avoid stress concentra-
tion effects. Second, since X-ray dosage was low, the bonding be-
tween these two phases is assumed to be perfect in the model.
Also, based on the fact that the collagen phase of bone is composed
of discrete collagen molecules, which are about 300 nm long and
1.5 nm in effective diameter [48], the previously assumed continu-
ous collagen geometry is modified as follows: because the individ-
ual collagen molecule in the axial direction is significantly longer
than both the assembly period (�67 nm) and HAP platelet (mostly
<100 nm long in the axial direction), it is improbable that the col-
lagen fibers will terminate exactly at the top or bottom of the min-
eral plate. Therefore, the formerly continuous collagen matrix is
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discretized into several adjacent long collagen blocks, representing
individual molecules. To simplify the calculation, only the inter-
faces between the two collagen blocks directly above or below
the platelets are considered, i.e. besides these interfaces, the inter-
actions between collagen molecules are ignored and the collagen is
considered as a single phase. This geometry (long molecule and
HAP platelet-like shape) implies the presence of a highly hydrated
and non-load-bearing region immediately above and below the
HAP platelets. In the model, this interstitial space is treated as a
void.

As shown in Fig. 2, the interface between adjacent collagen
blocks (molecules) is modeled as linked by weak springs to simu-
late collagen–collagen interactions. Since the strength of the cross-
links between collagen molecules is of the order of covalent bonds
[49] whose energy is normally around 420 kJ mol�1 [50], and since
the crosslink density is about 7.3 mol m�3 (based on a b = 25 case
in Ref. [49]), the stiffness of the crosslinks, and therefore the
springs in the model, is estimated at 3 MPa; this is the energy
per unit volume (product of 420 kJ mol�1 and 7.3 mol m�3) which
can be viewed as the energy generated by moving a unit area of
springs by one unit length.

In the present model, the HAP platelets have a length of 94 nm
based on the 50–100 nm range suggested by Ref. [51], a Young’s
modulus of 114 GPa [52] and a Poisson’s ratio of 0.28 [52]. Both
the width and the spacing of HAP platelets are taken as 3.5 nm
[53]. The collagen phase has a Poisson’s ratio of 0.25 [54]. To rep-
resent the viscoelastic properties of the collagen phase, an empir-
ical equation proposed by Sasaki et al. [27] for the relaxation
modulus of collagen E(t) is used:

EðtÞ ¼ E0A1 exp½�ðt=s1Þb� þ A2 expð�t=s2Þ; ð1Þ

where E0 = 5 GPa is the Young’s modulus of collagen (as measured
ultrasonically [55]), s1 and s2 are two relaxation times, b is the
stretch exponent on the first term (0 < b 6 1), and A1 and A2 are
the weighting fractions of the two terms (A1 + A2 = 1). Prior research
has shown that in most cases, s1 and s2 span 10–103 and 104–106 s,
respectively [16,56,57].

The loading of the model is the same as in the previously de-
scribed diffraction experiments. A compressive load is applied to
the top surface of the unit cell model while the bottom of the unit
is fixed in the loading direction and strict periodicity of the unit cell
(simulating a volume embedded within a large sample) is main-
tained in the lateral directions (x direction in Fig. 2). In other
words, the lateral displacements for every two nodes of equal
height on the two lateral boundaries are assigned to be the same.

The model provides the average HAP strain eHAP and collagen fi-
bril strain efib as a function of time, which can be directly compared
to experimental measurements. eHAP is obtained as the average
strain over all the elements in the whole HAP volume (correspond-
ing to average lattice strain in HAP measured by WAXS experimen-
tally); efib is taken as the strain of the unit cell, i.e. the displacement
of the top of the unit cell divided by the cell height of 67 nm (rep-
resenting the deformation of the periodic spacing of the HAP min-
eral in the collagen fibrils, measured by SAXS experimentally) [36].
Since the unit cell is assumed to be representative of the bulk (and
thus ignores the presence of any other phases or pores outside of
the fibril), the calculated efib is assumed to be equal to the macro-
scopic sample strain (measured experimentally on the sample).
3. Experimental and modeling results

3.1. Scattering results

For the two samples loaded at �80 MPa, Fig. 3 shows the mac-
roscopic creep behavior in a plot of macroscopic strain (calculated
from the crosshead displacement and corrected for machine com-
pliance) vs. time. As the stress was ramped to the final value of
�80 MPa, the macroscopic sample strain increased rapidly, achiev-
ing (mostly) elastic values of �4100 and �3000 le (�0.41% and
�0.30%, first solid points in Fig. 3) for samples 1 and 2, respectively,
measured 10 s after the maximum stress had been reached. Then,
under a constant �80 MPa stress, the sample strain increased in
a nonlinear manner for �10 min to strain values of approximately
�5200 and �4300 le, respectively, corresponding to a primary-
like creep region. Finally, the strain accumulated linearly with time
until the end of the 2 h experiment, corresponding to a secondary
(steady-state) creep period. The macroscopic creep strain rates, de-
fined as the slope of the macroscopic strain vs. time plot in the lin-
ear region of Fig. 3, are �3.2 ± 0.2 and �1.1 ± 0.2 le min�1 for
samples 1 and 2, respectively.

Fig. 4a,b plots all 80 measured HAP elastic strains as a function
of creep time. The strain measured in the HAP before loading is
�1300 and �1700 le for samples 1 and 2, respectively (first hol-
low square points in Fig. 4a,b). This residual strain is known to
be present in natural bone samples, and may increase crack resis-
tance [23,24]. The initial elastic strain under load, i.e. the first HAP
elastic strain measured 10 s after loading, was �3800 and
�3700 le for samples 1 and 2, respectively. Thereafter, the HAP
elastic strain increases much more slowly in a near-linear fashion
with time, at rates of �1.2 ± 0.5 and �1.1 ± 0.4 le min�1 for sam-
ples 1 and 2 (i.e. at an average rate of �1.2 ± 0.6 le min�1). These
strain rates may, however, be affected by spatial variations of the
bone mechanical properties due to differences in bone porosity,
mineral content or structure [58]. Therefore, by taking X-ray mea-
surements at 20 different locations within each sample to mini-
mize X-ray dose, not only are the effects of creep time on phase
strain being measured, but the spatial compositional and structural
effects are also assessed. To deconvolute the effect of the creep
time and spatial property variations, HAP elastic strain rates were
also calculated individually for each of the 20 locations, for which
four strain measurements exist at intervals of 28 min (Fig. 4a,b
show vertical lines delineating these four cycles). However, due
to the small number of measurements taken at each location, the
errors on these 20 HAP elastic strain rates are relatively large, aver-
aging 1.3 and 1.0 le min–1 for samples 1 and 2, respectively. By
taking the average of these 20 slopes measured at each location,
the average location-dependent HAP strain rate can be calculated.
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For sample 1, the average slope across all 20 locations is
�0.4 ± 1.4 le min�1, while for sample 2 it is �0.9 ± 1.0 le min�1

(errors are standard deviations), close to the previous values
(�3.2 ± 0.2 and �1.1 ± 0.2 le min�1) calculated by using all 80
points.

Due to the short exposure time and relatively weak SAXS peaks,
fitting errors for the fibrillar strain measurements were much lar-
ger than for HAP strain measurements. To eliminate outliers that
may skew the results, any measurement with an error on the ring
radius along the loading axis (R(90�) and R(270�)) larger than two
standard deviations from the mean error (0.2 pixels from the mean
for both samples) were ignored. Out of the 80 measurements taken
for each of the samples 1 and 2, only 6 and 4 measurements,
respectively, were deemed to be outliers and removed from the
data (as shown by crosses in Fig. 4a,b). Even with the increased
noise in the fibrillar data which can be seen in Fig. 4a,b, it is appar-
ent that fibrils behave similarly to the HAP particles, i.e. the strain
on the fibrils increases very rapidly upon initial loading (elastic
strain of ��2000 le), and then much more slowly and linearly
with continuing time. The fibrillar strain rates, calculated from
the slope of all 80 of the strain measurements irrespective of loca-
tion, are �3.2 ± 3.8 and �1.0 ± 3.5 le min�1 in samples 1 and 2,
respectively, resulting in an average fibrillar creep rate of
�2.1 ± 5.2 le min�1.

Using the same procedure described above to deconvolute the
effects of location and creep time, the strain rates at each of the
20 locations were calculated from their four fibrillar strain mea-
surements. Locations that had strain excluded as outlier were not
considered. Sample 1, which had 14 usable locations, displayed
an average slope of �4.5 ± 14 le min�1. Sample 2, with 16 usable
locations, showed an average slope of �1.6 ± 12 le min�1.
3.2. Finite-element modeling results

In the FEM model described above, the matrix behavior is given
by Eq. (1) which has four parameters: s1, s2, b and A1/A2. Since s1 is
between 10 and 103 s, the effect of the first term fades away rap-
idly and the long-term creep behavior is mostly determined by
the second term (s2 > 104 s). The parameters s1 = 100 s and b = 1
[31] were fixed, because of the lack of data in the first several min-
utes of measurement. Therefore, only two undetermined parame-
ters are left: s2 and A1/A2. To determine these two parameters,
the average creep rates of both the mineral and fibrillar phases ob-
tained by simulation were fit to the average corresponding strain
rates from the two samples as measured experimentally by WAXS
and SAXS (deHAP/dt = �1.2 ± 0.6 le min�1 and defib/dt = �2.1 ±
5.2 le min�1). By using the fact that the collagen modulus at long
times (in the mechanical measurement range) is about 1 GPa [51],
a reasonable fit to the experimental HAP and fibrillar creep rates is
obtained for s2 = 105 s and A1/A2 = 6. Both of these values are well
within the accepted range [31].

The simulated phase strain vs. time curve and fitted relaxation
modulus of collagen phase are shown in Fig. 5. These best-fit
parameters generated deHAP/dt = �0.9 le min–1 and defib/dt =
�2.1 le min�1, which are in the error range of the experimental
average HAP strain rate of �1.2 ± 0.6 le min–1 and average fibrillar
creep rate of�2.1 ± 5.2 le min–1 (which is also very close to average
macroscopic creep rate �2.2 ± 0.3 le min–1). The model also cap-
tures the lack of a primary creep region for the HAP strain. However,
the model shows a primary-like creep region for the fibrillar strain
which is not observed in the SAXS strain data. The initial HAP strain
due to elastic loading obtained from the model is about �3100 le
(sum of �1600 le from the applied stress calculated in the model
and �1500 le, the average residual strain determined experimen-
tally), which is in general agreement with the experimental value
of �3700 le. The fibrillar strain in the post-primary creep zone ob-
tained from the model is about �5000 le, which is in agreement
with macroscopic measurement value (��5000 le) but larger than
the SAXS measurement value (��2000 le). The von Mises stress
evolution in the unit cell model during the creep simulation, for
an applied stress of �80 MPa, is shown in Fig. 6. It is apparent that
the stress in the collagen phase is being transferred to the mineral
phase during the creep process in the first 20 min of the experiment.
Beyond that time, no significant evolution can be observed in the
contour plot of von Mises stress (Fig. 6). The average von Mises
stress in the collagen phase decreases from 18 MPa (in the initial
elastic state, just after loading) to 14 MPa (in the final state after
2 h of creep), while the average von Mises stress in the HAP phase
increases from 179 to 192 MPa.
4. Discussion

Only two samples were subjected to creep experiments due to
the limited access to synchrotron beam time and given the



Fig. 5. (a) Plot of collagen relaxation modulus vs. time (Eq. 1) using the
parameters obtained from fitting the experimental data. (b) Plot of average HAP
and fibrillar strains as a function of creep time at -80 MPa as determined by FEM
calculations (-1500 le is added to the HAP strain curve due to residual strain in the
mineral phase).
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exploratory nature of these novel experiments, whose goal was to
identify mechanisms, rather than provide high-precision creep
data with statistically determined error bars. While this pair of
samples illustrates the level of reproducibility within neighboring
positions in a bone, future large-scale, multi-sample experiments
will be needed to quantify reproducibility across various animals,
and for various regions in a femur in a given animal.

4.1. X-ray scattering

The average experimental macroscopic creep strain rate of the
bone samples, �2.2 ± 0.3 le min–1 (Fig. 3), is of the same order as
room temperature steady-state creep rates in bovine cortical bone
of �9.7 and�1.0 le min–1, calculated from the empirical equations
derived from experimental measurements by Fondrk et al. (over
25–120 MPa) [59] and Rimnac et al. (over 71–115 MPa) [15], as
modified by Bowman et al. [14].

The magnitude of the fibrillar strain is lower than expected,
with elastic strain values below that of the HAP platelets. This re-
sults from the lack of an accurate invariant stress point for the
fibrillar measurements. All of the fibrillar strain values are calcu-
lated in relation to the D-period measured at no load. Error in this
initial measurement causes a shift in the rest of the fibrillar strains.
Therefore although the magnitude of the fibrillar strain may not be
accurate, the relative evolution with time is correct.

The fibrillar strain (Fig. 4a,b) shows an increase with increasing
creep time. This is expected, as the fibrillar strain represents the
cooperative deformation of the HAP and collagen (and therefore
of the mineralized fibril strain) which is anticipated to scale di-
rectly with the average macroscopic strain. This is because the
sampled mineralized fibrils are aligned with the loading direction
and compose the bulk of the bone sample, which is itself accumu-
lating compressive strain along the loading axis with increasing
time. The fibrillar creep is a measure of the bone composite creep
without accounting for macroscopic structures such as osteons or
porosity. Therefore the near identical values obtained for the mac-
roscopic and fibrillar strain rates suggest that bovine cortical bone
creep rate is controlled by fibrillar deformation rather than other
larger-scale deformation mechanisms such as lamellae sliding or
the collapse of porosity.

Both the overall and point-dependent HAP strain rates, which
were within error of each other, showed an increase in HAP elastic
strain with increasing creep time. Since pure HAP is not expected
to undergo significant creep (plastic) strain at these experimental
stresses and temperatures, this time-dependent HAP strain is elas-
tic and associated with load transfer from the viscoelastically
deforming collagen. This increase in HAP elastic strain is expected
given the composite structure of bone consisting of a collagen ma-
trix with discontinuous, reinforcing HAP platelets. In nonbiological
composites, load is transferred from the creeping matrix phase to
the elastic reinforcement with increasing creep time, causing an in-
crease in elastic strain in the latter phase [60–62]. Here, the same
process is taking place: the more compliant, viscoelastically creep-
ing collagen matrix transfers load to the stiffer, purely elastic HAP
platelets, causing an increase in the HAP elastic strain with time,
even though the HAP alone has no time-dependent response.

The small differences between the overall and point-dependent
HAP strain rates, suggests that there is little variability in the
mechanical properties between the different sampling locations
in the samples. The properties of bone are known to vary with loca-
tion, e.g. due to the presence of osteonal bone which is less stiff (by
4–17%) than the surrounding interstitial bone [63–65]. Thus, if the
X-ray beam samples more osteons in a given location, higher elas-
tic strains may be measured. However, given the approximately
random arrangement of osteons in bone, the sampling volume of
each 50 lm � 50 lm � 3 mm location should include 10–15 ost-
eons (200–300 lm in diameter), minimizing the intra-sample var-
iability. The large errors on the fibrillar point-dependent strain
rates are not due to intra-sample variations, but to experimental
errors associated with the variability of the diffraction data shown
in Fig. 4. This variability is due to the low irradiation exposure
times needed to minimize damage to the bone samples that also
result in low signal-to-noise ratios for the SAX scattering peaks,
making strain analysis more difficult.

Even with experimental error, the average strain rate of the HAP
(�1.2 ± 0.6 le min–1) and the fibrils (�2.1 ± 5.2 le min–1) are sim-
ilar in magnitude. This suggests that, in cortical bone, collagen is
able to transfer load to the HAP very efficiently, thus requiring a
strong interface between the two phases. This close correlation be-
tween the strain rates also suggests that, for the creep times stud-
ied here, the creep rate of bone is not controlled only by the
collagen or the HAP crystallites but by the cooperative deformation
of both. Macroscopic creep deformation can also accrue by damage
at the HAP/collagen interface, a case that is not considered here.

4.2. Finite-element modeling

Despite its many simplifications, the present two-dimensional
mineralized collagen fibril model (Fig. 2) successfully reproduces
the experimental phase and sample strain rates with two adjust-
able parameters, both of which take physically credible values. In
the model, the bonding between the collagen and mineral phases
is assumed to be perfect. This assumption is based on the fact that
the X-ray dose for the measurement is relatively low, which will



Fig. 6. Von Mises stress contour plot of the FEM unit cell model during creep under an applied stress of �80 MPa: (a) immediately upon loading (t = 0), (b) t = 20 min, (c) final
state (t = 120 min).
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cause little damage to the mineral–collagen interface [66]. A well-
bonded interface between the two phases enables load to be effi-
ciently transferred from the collagen to the HAP platelets. In the
current model with no debonding (i.e. no sliding between collagen
and mineral phases), any separation between adjacent collagen
blocks (molecules) should also be limited. This is confirmed in
the model, as varying the spring stiffness values between 1 and
50 MPa has very little effect on the predicted creep rates. While
relative slipping of neighboring collagen blocks (molecules) was
not considered directly in the model, this effect can be extracted
from the viscoelastic properties of collagen phase. The viscoelastic
properties of collagen phase has contributions from two different
mechanisms [31]: (i) molecular contraction, which has a shorter
relaxation time (the first term in Eq. (1)); and (ii) molecular slip-
page, which has a longer relaxation time (the second term in Eq.
(1)). From the simulation results, the slippage mechanism provides
only a small contribution to the viscoelasticity of collagen phase
(A2/A1 = 1/6, i.e. a seventh of the total strain is due to slippage), un-
der the stress considered here. Sasaki et al. [27] reported that the
slippage effect between collagen molecules becomes significant
when a tensile stress applied on a bovine tendon is larger than
8 MPa. While the magnitude of the stress in this study is higher
(�80 MPa), it is compressive and it is applied on mineralized bo-
vine bone where the mineral platelets bear most of the stress, so
the effective stress on the collagen phase is smaller than the ap-
plied stress. In fact, once creep reaches a steady state, the average
von Mises stress calculated in the collagen phase is below 15 MPa,
which is of the same order as the critical value determined by Sasa-
ki et al. [27]. Therefore, the assumption that slipping between col-
lagen molecules does not occur in our samples is credible.

A comparison of the shape of the macroscopic strain curve
(Fig. 3), the experimental phase strain curves (Fig. 4) and the mod-
eling strain curves (Fig. 5) provides insights about how the com-
posite creep behavior differs from the phase creep behaviors. In
Fig. 3, there is a clear presence of primary nonlinear creep in the
first �10 min after loading. During that same time period, the
experimental phase strains also increase, though purely linearly
(Fig. 4). The FEM simulation (Fig. 5) accurately predicts the lack
of primary creep in the HAP strains, but shows nonlinear creep
for the fibrils after initial loading. This discrepancy is probably
caused by the large errors and small number of measurements in
the fibrillar strain over the first 10 min of deformation. The scatter
in these measurements may be concealing a zone of primary creep.

It is important to recognize the limitations of the simulation
work. Since the simulation work is done by FEM, which is based
on continuum mechanics, but the unit cell model is at the nano-
scale, three key assumptions of the simulation work and their
influence on the simulation results must be addressed. First, it is
assumed that the Young’s modulus of the mineral platelets is the
same as that reported for bulk crystalline HAP. However, the min-
eral platelets are very thin in natural mineralized collagen fibrils, in
most of the cases less than 5 nm [53]. Based on the crystal struc-
ture of HAP [67], there are only a few unit cells in the thickness
direction of the platelets. Studies have shown that the outer layer
of mineral platelets is amorphous [68]; therefore, the large surface-
area-to-volume ratio of the platelets can significantly change their
properties. By using a simplified core–shell model, the overall
modulus of the mineral platelets can be depressed to values as
low as 95 GPa [37] (compared with 114 GPa used in the current
simulation). To address this effect, the unit cell model can be ap-
plied but with this modified modulus of mineral phase. Second,
the properties of the collagen phase in bone are assumed to be
homogeneous and isotropic, which may, however, be incorrect
due to the complex nanoscale structure of the collagen phase
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and constrained volume effects (e.g. collagen molecules above
mineral platelets vs. collagen molecules between mineral plate-
lets). This problem is partially solved by considering the complex
structure in the model (see Fig. 2), and further relieved by the sim-
ulation results showing that the interactions between collagen
molecules contribute weakly to the viscoelastic properties of the
collagen phase. In fact, the equation proposed by Sasaki et al.
applies to both tendon (which has a relatively homogeneous struc-
ture) and bone cases, but with different parameters [16,18,27,56].
The choice of parameters in the equation can provide the equiva-
lent overall properties of the collagen phase. Third, the bonding
between the collagen and mineral phases is assumed to be perfect.
This is based on the fact that, in the experiment, both X-ray
irradiation dosage (2.8 kGy) and mechanical loading (�80 MPa)
are relatively small. However, with the combination of the above
two effects and the stress concentration effect, debonding might
occur on a small portion of the interfaces between the two phases.
However, as long as most of the interface is bonded, the load can be
transferred from the collagen to the mineral phase, as in a syn-
thetic platelet-reinforced composite. Thus, we believe that the unit
cell model captures the major mechanisms active during the creep
of bone samples.
5. Conclusions

The viscoelastic strain at the fibrillar level and the associated
time-dependent load transfer from collagen to HAP platelets were
measured in bone for the first time, using a combination of wide-
and small-angle synchrotron X-ray scattering. For bovine cortical
bone subjected to a compressive stress of �80 MPa, compressive
strain measured macroscopically on the whole sample accumu-
lates near linearly with time after an initial period of nonlinear
strain accumulation. In the linear region, strain measured macro-
scopically over the whole sample accumulates at a similar rate as
strain measured at the nanoscale by synchrotron X-ray diffraction
at the fibrillar level, which encompasses the elastic deformation of
the HAP platelets as well as the viscoelastic deformation of the sur-
rounding collagen fibers within the fibril. Furthermore, the rate of
accumulation of elastic strain in the HAP platelets is similar to the
fibrillar strain rate, indicating that load is being continuously shed
from the creeping protein matrix to the elastic HAP platelets, as
previously reported for many nonbiological composites, and
implying a well-bonded interface. Finite-element modeling con-
firms this hypothesis, by showing that increases in the HAP and
fibrillar strain rates of the same magnitude as measured by X-ray
diffraction can be obtained for the HAP and the mineralized fibrils
when the two phases are well bonded.
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Appendix A. Figures with essential colour discrimination

Certain figures in this article, particularly Figures 1–6, are diffi-
cult to interpret in black and white. The full colour images can be
found in the on-line version, at doi:10.1016/j.actbio.2011.08.014.
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