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a b s t r a c t
The elastic properties of dentin, a biological composite consisting of stiff hydroxyapatite (HAP) nanoplatelets within a compliant collagen matrix, are determined by the volume fraction of these two phases
and the load transfer between them. We have measured the elastic strains in situ within the HAP phase of
bovine dentine by high energy X-ray diffraction for a series of static compressive stresses at ambient temperature. The apparent HAP elastic modulus (ratio of applied stress to elastic HAP strain) was found to be
18 ± 2 GPa. This value is signiﬁcantly lower than the value of 44 GPa predicted by the lower bound load
transfer Voigt model, using HAP and collagen volume fractions determined by thermo-gravimetric analysis. This discrepancy is explained by (i) a reduction in the intrinsic Young’s modulus of the nano-size
HAP platelets due to the high fraction of interfacial volume and (ii) an increase in local stresses due to
stress concentration around the dentin tubules.
Ó 2010 Published by Elsevier Ltd. on behalf of Acta Materialia Inc.

1. Introduction
Dentin, the main component of teeth, is a composite with a
complex hierarchical structure consisting of nanocrystalline
hydroxyapatite (HAP) platelets embedded within an amorphous
protein matrix (mostly collagen, with some phosphoproteins),
along with ﬂuid-ﬁlled pores and dentinal tubules. These dentinal
tubules (1–2.5 lm diameter), hollow or protein ﬁlled tubes that
radiate from the pulpal cavity to the dentin surface, are surrounded
by a mineralized collagen matrix of intertubular dentin (ITD).
Within this matrix region and bordering each tubule is a 0.5 lm
collar of peritubular dentin (PTD), which is somewhat more mineralized than the surrounding IDT [1–4]. The tubule center to center
spacing is 5–10 lm, making them a signiﬁcant feature in the dentin structure [4]. This complex composite microstructure of dentin,
when combined with enamel, makes teeth some of the strongest,
toughest and most resilient bio-composites. Much research has
been devoted to the issue of crack nucleation and propagation in
teeth, in particular the interplay between the tough but weak dentin and the brittle but strong enamel, which is relevant to the ability of teeth to mitigate crack propagation during shock or fatigue
loading associated with occasional impact or long-term mastication [5–13]. A simpler, but no less important, issue relates to the
elastic behavior of teeth under quasi-static loading (e.g. during bit* Corresponding author. Tel.: +1 847 491 5933; fax: +1 847 491 7820.
E-mail address: alixdeymier2010@u.northwestern.edu (A.C. Deymier-Black).

ing or chewing), where load transfer is expected to occur between
the stiff HAP platelets and the much more compliant protein matrix within the dentin. A better understanding of the micromechanics of load transfer within dentin may lead to better
prosthetics and dental ﬁllings and could also shed light on the
mechanical evolution associated with microstructural changes
within dentin due to aging, disease or injury.
Many studies have been conducted to measure the mechanical
properties of dentin and enamel, namely Young’s modulus, Poisson’s ratio and failure stress, in the bulk (e.g. by compressive testing [14–16], ultrasonic measurements [15,17,18]) or over smaller
volumes (e.g. by micro- or nano-indentation [19–22]). With these
methods the overall mechanical properties of dentin as a composite can be measured, but the mechanical interaction between the
two constitutive phases (the HAP crystals and the collagenous protein matrix) cannot be captured. During elastic loading of dentin,
stresses are expected to be transferred to the stiff, strong HAP
plates from the surrounding compliant collagen matrix. This will
result in an increase in strain in the HAP phase and a concomitant
decrease for the collagen phase, as compared with the strains that
would have been developed upon loading of each pure phase. Load
partitioning between the reinforcement and matrix phases has
been extensively studied in synthetic metal matrix composites
by synchrotron X-ray diffraction. This method allows the independent measurement of lattice strains in each of the crystalline
phases of the composite during mechanical loading [23–25]. Recently this method has been applied to measure, during in situ
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compressive deformation, elastic strains in the HAP phase in canine and bovine bone [26–29] as well as in deer antler [30]. In
teeth, however, synchrotron X-ray radiation has only been used
for imaging and mineral density measurement via micro-computed tomography (micro-CT) [31–37].
In this paper we apply synchrotron X-ray diffraction to determine elastic strains present in the HAP phase of dentin during
compressive loading. These measurements were performed on
the dentin of an entire tooth cross-section, and the results are discussed in terms of the load partitioning expected to occur between
the HAP platelets and the surrounding protein matrix.
2. Materials and methods
2.1. Dentin preparation
The lower jaw of an 18-month-old cow was extracted and collected at the Aurora Packing Company (Aurora, IL) 2–3 h after
death and immediately stored on ice. The ﬁrst right erupted deciduous incisor was removed from the jaw with dental tools within a
few hours of collection. The incisor was washed ﬁve times, for
20 min each, in phosphate-buffered saline (PBS) with 5% penicillin–streptomycin–amphotericin disinfectant solution (Invitrogen,
Carlsbad, CA). It was then soaked in 5% NaOCl solution at room
temperature overnight, followed by extensive washing in distilled
water to remove any pulp or remaining surface organic matter.
Although there is evidence that such treatments may remove collagen from the surface dentin [38–40], major effects on the diffraction results are unlikely, as the total sampling volume is expected
to be much larger than any small deproteinated surface area. The
disinfected incisor was then placed in PBS containing 50% glycerol
and stored at 80 °C. While glycerol is known to cause the destabilization of collagen ﬁbrils while stabilizing the collagen helix
[41–43], it has been shown that all of the effects of glycerol on
the mechanical properties of collagen are fully reversible upon
rehydration [44]. Further evidence from unpublished data shows
that similar tests done on dentin samples that were unbleached
and not treated with glycerol showed similar stiffness values to
those found here. Finally, freezing of the dentin samples was expected to have little to no effect on the mechanical properties of
dentin [45–47].
The incisor was later transferred to a 20 °C freezer to thaw the
PBS/glycerol solution. Upon thawing the tooth was cut within the
root section into a 7.5 mm tall pseudo-cylinder with the original
cross-section of the tooth. A ﬁrst cut was made 11 mm below the
gum line, perpendicular to the direction of growth, using a low
speed diamond saw (Isomet 1000, Buehler, Lake Bluff, IL). A second
cut was made 8 mm higher (3 mm below the gum line) parallel to
the initial cut (±0.023 mm). The tooth was kept hydrated with PBS
solution during mounting on the diamond saw and with distilled
water during the cutting process. The ﬁnal sample was an oblong,

hollow section of the root with cross-sectional elliptical axes of 4
and 7 mm and an elliptical pulpal cavity with 1 and 2 mm axes. A
photograph of the sample is shown in Fig. 1 and a micro-CT image
of the cross-section of the sample is shown in Fig. 2. The sample
was placed in PBS and frozen at 20 °C until the synchrotron
experiments could be performed.
2.2. Diffraction measurements
The high energy X-ray diffraction measurements were performed
at beam-line 1-ID-C of the Advanced Proton Source (APS) at the Argonne National Laboratory (Argonne, IL). Uniaxial compressive loading of the dentin cylinder was carried out using a custom built,
screw-driven load frame. The sample was slowly deformed along
its long axis at a cross-head displacement rate of 3.8 lm min1 until
failure. Force on the sample was determined using a 10 kN load cell.
Wide angle X-ray scattering (WAXS) measurements were taken at
ﬁve locations along the mesio-distal direction of the tooth for 30 s
(during which the continuously recorded macroscopic strain of the
sample increased by 0.02% and the sample was exposed to approximately 20 kGy). The monochromatic 80.7 keV X-ray beam used for
the diffraction measurements had a cross-sectional area of
50  50 lm, thus sampling an area large enough to contain multiple
dentinal tubules with both ITD and PTD. This allows for measurement of the average HAP strain in dentin. A schematic of the experimental set-up is shown in Fig. 1. The ﬁve locations were spaced
1 mm apart and located at the vertical center of the dentin sample,
with the beam traversing the sample from the lingual to the buccal
side, as shown in Fig. 2. This ﬁgure also shows that a thin layer of
cementum surrounded the dentin. The HAP WAXS rings were recorded using a GE Revolution 41RT Flat panel digital X-ray detector
(General Electric, Waukesha, WI) with a diameter of 400 mm placed
at a sample to camera distance of 1981 mm. A disk of pure pressed
ceria powder (CeO2, NIST Standard Reference Material SRM-674a),
inserted at the beginning and end of the diffraction series, was used
as a standard. During the entire experimentation time the sample
was kept hydrated with PBS.
2.3. Micro-CT
After diffraction measurements the sample was imaged by micro-CT using both a synchrotron system at the APS and a laboratory
system at Northwestern University. For the ﬁve months separating
the diffraction and the tomography measurements the sample was
maintained hydrated in PBS and frozen at 20 °C. The sample was
then taken to sector 2-BM-B of the APS where it was thawed, and
mounted in a PBS ﬁlled plastic tube. The tomography was done
using the standard conﬁguration of station 2-BM [48,49], at an Xray energy of 26 keV, with 0.125° rotation increment between projections and with magniﬁcation lens of 2.5 and 1.25 (producing
reconstructions with 2.8 and 5.6 lm isotropic volume elements,
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Fig. 1. Schematic of the experimental diffraction set-up showing a photograph of the bovine dentin sample. The height of the sample is 7.5 mm.
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Fig. 3. Representative WAXS pattern (quarter of detector area) for the dentin
sample (point 4 at a stress of 91 MPa).
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Fig. 2. Laboratory micro-CT image of the tooth middle cross-section containing the
ﬁve locations (numbered dotted lines) at which diffraction patterns were obtained.
Tooth components are marked C for cementum and D for dentin. The crack formed
after the last diffraction measurements. The missing cementum on the right side of
the image (white dotted line) spalled off the sample after the diffraction
measurements had been completed due to drying effects and sample damage due
to loading. The bright appearance of the cementum in this image is due to beam
hardening, which causes the outside shell of the sample to appear brighter as
compared with the center. In fact, absorption coefﬁcient measurements showed
that there was no measurable difference in mineralization between the dentin and
the cementum in this sample.

respectively). The lower resolution scan covered the entire specimen cross-section, while small sections of the cementum were
out of the ﬁeld of view in the higher magniﬁcation scan. Only
one slice was analyzed for each magniﬁcation, at a position equivalent to the plane sampled during the in situ loading measurements. In the high resolution slice linear attenuation coefﬁcients
were measured for ﬁve different locations associated with the sampling volumes in the dentin and cementum of the sample using ImageJ software [50].
Accurate information about the cross-sectional area of the sample was obtained through laboratory micro-CT measurements
using a Scanco Medical MicroCT 40 system (Scanco Medical,
Wayne, PA). The microfocus X-ray tube was operated at 70 kV
and 114 lA, and the beam passed through a 0.13 mm thick Be window on the X-ray tube and through a 0.50 mm thick Al ﬁlter before
encountering the sample. With this cone beam system 500 projections were collected over a 0.300 s integration time for each projection, with a 1024 pixel diameter. Reconstruction was on a
1024  1024 grid with 20 lm voxels (volume elements). Only
one slice equivalent to the previous synchrotron micro-CT and
in situ deformation measurement cross-sections was analyzed.
The cross-sectional area of the specimen at the approximate position where the X-ray scattering measurements were collected
was determined from reconstructed cross-sections using the Scanco software suite. In this determination the standard threshold for
bone histomorphometry suggested by the manufacturer, veriﬁed
for bone of adults of various species in the scanner used in this
study and conﬁrmed for bovine dentin, was used to differentiate
the mineralized tissue from the other less absorbing material, such
as the PBS and plastic container. Speciﬁcally, the threshold was 200
on a scale of 0–1000, corresponding to linear attenuation coefﬁcients of 0–8 cm1, respectively.
2.4. Diffraction analysis
A typical WAXS pattern for the HAP phase is shown in Fig. 3. The
near uniform intensity of the diffraction ring is evidence that the

HAP crystals in the dentin sample are much smaller than the diffraction volume and only weakly textured [25,51]. To determine
the lattice spacing, procedures similar to those presented in Young
et al. [23,25,53], Daymond et al. [51] and Wanner and Dunand [52]
were followed. First, the beam center, detector tilt and sample to
camera distance were determined with the program Fit2D
[54,55] using the CeO2 (200) and CeO2 (333) reﬂections of the ceria
standard, providing ‘calibration parameters’. These parameters
were then used to convert the sample diffraction patterns from polar to Cartesian coordinates. A MATLAB (www.mathworks.com)
algorithm was then employed to ﬁt speciﬁc crystallographic reﬂections, in this case the HAP (00.2), HAP (22.2) and HAP (00.4) reﬂections, as also chosen by Almer and Stock [27,28]. The proﬁle of the
peaks as a function of radial position was ﬁtted using a pseudoVoigt function to ﬁnd the average center of the peak intensity at
each angular position (g). The radial location of this peak center
(R) was then converted into a d spacing using calibration parameters and the X-ray wavelength. To obtain a HAP lattice strain, the
stress-free point (R0) was determined by plotting R vs. sin2(W),
where W = gh cos(g) and h is the Bragg angle, for all stresses and
determining the point of intersection. The internal lattice strain
of a speciﬁc reﬂection of HAP in the dentin can then be determined
as e(g) = (R0  R(g))/R0. From plots of e(g) vs. g the axial and transverse strain components e11 = e(90°) and e22 = e(270°), respectively,
can be found using equations derived by He and Smith for twodimensional detectors [56].

2.5. Phase fraction determination
After X-ray diffraction the dentin sample was cut into 16 specimens with a volume of 1–3 mm3 (and masses of 3–10 mg) using a
low speed diamond saw. The specimens were maintained hydrated
during and after the cutting process. Thermo-gravimetric analysis
(TGA) measurements were performed using a Mettler Toledo
TGA/SDTA 851e Thermogravimetric analyzer. The samples were
maintained hydrated in PBS until immediately preceding measurement, when they were blotted dry and placed in an alumina pan.
Each sample was heated from ambient temperature to 650 °C at
a rate of 10 °C min1 and maintained at the maximum temperature
for 5 min. Weight fractions of water and collagen were determined
from the accumulated weight loss between 20 and 250 °C and between 250 and 600 °C, respectively, according to Holager [57]. Literature values of collagen and HAP density, 1.34 and 3.16 g cm3,
respectively [58,59], were then used to convert weight fractions
to volume fractions.
Inductively coupled plasma mass spectroscopy (ICP-MS) measurements of calcium and phosphorus content in a sample taken
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from the same root were performed at A&L Laboratories (Memphis,
TN) to independently assess the HAP fraction. The sample was sectioned in the same manner as that used during the in situ deformation experiments. The sample had a wet blotted mass of 253 mg
and a volume of 105 mm2, as determined from Archimedes measurements. The sample mass was determined from 10 measurements of the wet sample after surface blotting, from a dry
samples after air drying for 12 h and covering with a thin layer
of silicon vacuum grease, and from the same dry and greased sample immersed in water. The grease acts to ﬁll any open porosity on
the surface to obtain an accurate sample volume. After weighing
the sample, it was crushed into a large grained powder and sent
for chemical analysis as described above.
3. Results
Values of cross-head displacement and applied stress were used
to obtain a plot of stress vs. displacement for the macroscopic sample. This macroscopic stress–displacement curve was linear until
failure (which occurred at an applied stress of 107 MPa), indicating
that the dentin specimen acted purely elastically. The failed sample
exhibited a single branched crack traversing the full height of the
sample at an angle of 45°, visible in Fig. 2.
Fig. 4 shows, for location 3, plots of HAP elastic lattice strains
parallel (e11) and perpendicular (e22) to the loading direction as a
function of the applied stress (r), calculated from the applied force
divided by the cross-sectional area of the sample as determined by
micro-CT. These plots are linear, with slopes deﬁned as the apparent in situ elastic modulus of the HAP phase in the presence of protein, water and porosity in dentin. Best ﬁt to the data in Fig. 4
resulted in HAP apparent moduli values of Eapp
11 = r/e11 = 17 GPa in
the longitudinal direction, parallel to the loading direction and
Eapp
22 = r/e22 = 78 GPa in the transverse direction, perpendicular to
the direction of loading. The HAP strain at a 45° angle to the loading direction (e12) was approximately equal to 0 at all stresses, as
expected for uniaxial loading.
The residual strains present in the material at zero applied
stress in Fig. 4 were 1930 le for e11 and 450 le for e22. The average values for all of the points were 1710 ± 80 le for e11 and

410 ± 110 le for e22. Both values were close to those found in canine ﬁbula (e11 = 1440 le and e22 = 570 le) [27].
app
Values for Eapp
11 and E22 are plotted in Fig. 5 for the ﬁve locations
app
studied. The value of E11 was higher on the mesial side of the specimen as compared with the center, while the values for Eapp
22 were
constant, within experimental error. The variation in Eapp
11 was
probably not signiﬁcant, given various sources of uncertainty not
captured by the purely statistical errors (approximately ±0.5 GPa)
shown on the plot. Possible systematic errors include variations
in the cementum/dentin ratio, local variations in the HAP content,
non-uniform uniaxial loading due to the unmachined shape of the
sample or slight deviation in the parallelism of the sample faces.
The average effective moduli for the ﬁve locations were
app
Eapp
11 = 18 ± 2 GPa and E22 = 83 ± 12 GPa. Also plotted in Fig. 5 is
app
the apparent Poisson’s ratio of HAP in dentin (mapp ¼ Eapp
11 =E22 ),
which has an average value of 0.22 ± 0.03.
Use of an entire tooth cross-section in the present study demonstrates that high energy scattering methods may be used for
in situ stress measurements for entire extracted teeth (rather
than small machined dentin specimens). Measurements may
even be possible on the tooth–ligament–bone system of the
mandible, opening the possibility of in vivo measurements on
small animal models.
Fig. 6 shows a TGA plot graphing the mass of the dentin sample as a function of temperature. Two plateaux at 220 and
600 °C were interpreted as corresponding to the end of water
evaporation and collagen decomposition, respectively, from
which volume per cents of each phase were then calculated as
38.5 ± 1.4% for HAP, 31.0 ± 1.8% for water and 30.5 ± 1.89% for
collagen, as averaged from the ﬁve measurements. The measured
Ca/P ratio (determined by ICP-MS) was 1.7 and was close to the
stoichiometry of Ca10(OH)2(PO4)6, and the corresponding HAP
volume fraction was 35.2 ± 3.8%, in good agreement with the
TGA results. The linear attenuation coefﬁcients measured from
the synchrotron micro-CT data showed no signiﬁcant variation
at the ﬁve measurement locations across the tooth. The average
linear attenuation coefﬁcient for the ﬁve points was
1.63  103 ± 2  105 voxel1. This suggests that mineralization
throughout the tooth was constant.
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Fig. 6. Representative TGA plot for a small sample taken from the dentin specimen
previously used for diffraction. The ﬁrst and second plateau represent removal of
water and collagen, respectively.

4. Discussion
4.1. Volume fraction determination
The volume fractions determined by TGA and ICP-MS measurements showed a lower percentage of HAP in the test sample as
compared with the literature values of 45% HAP, 33% collagen
and 22% water for mature human dentin [1–4]. Due to the many
similarities between bovine and human dentin structure [60] and
radiodensity [61,62] it would have been expected that they would
also have similar compositions. This low level of mineralization in
the present bovine sample may be due to it being part of a primary
or deciduous tooth. Previous research has indicated that primary
dentin is less calciﬁed than its permanent counterpart [63,64]. This
observation was supported by nano-indentation studies showing
lower hardness in the deciduous teeth [1,65].

It is also possible that the primary tooth studied here was already affected by dental resorption [1,2,4] since the sample was
extracted from the ﬁrst incisor of an 18-month-old cow, which is
usually shed around month 24 [66]. However, the condition of
the tooth upon extraction and the presence of an intact cementum
layer and thick root wall suggest that no obvious resorption was
underway. As mineralized tissues are known for their variability
from individual to individual, it is also possible that the specimen
investigated here was from the low end of the distribution of dentin mineral levels found in the bovine population.
The presence of less mineralized cementum in the specimen
might also be responsible for the unexpectedly low overall mineral
level in the sample. Cementum is usually considered to be about
9% less mineralized than dentin in permanent human teeth (i.e.
41 vol.% HAP in cementum as compared with 45 vol.% in dentin)
[19], and cementum comprises over 20% of the tooth cross-section
in Fig. 2 and cannot be neglected. Micro-CT, however, showed no
measurable difference in the attenuation coefﬁcients of the two solid portions of the two tissues and, therefore, no difference in the
mineralization of the two collagen–HAP phases. Instead, it showed
that cementum has considerable porosity at the 10 lm level (presumably for attachment of periodontal ligaments anchoring the
tooth to the mandible), porosity that is absent in the dentin. Therefore, it is not surprising that conventional measurements would
show lower mineral content in the cementum compared with dentin, whereas the actual mineral levels within the two collagen–HAP
materials would be comparable.
4.2. Diffraction measurements
The value of 107 MPa for the compressive failure stress was far
less than the typical literature value of 275–300 MPa for permanent human dentin [14], or even 129 MPa for the ultimate tensile
stress of permanent bovine dentin [67]. This low failure stress is
likely due to size effects. The literature samples of solid 0.25–
1.02 mm high cylinders of 0.25 mm diameter of dentin [14] were
signiﬁcantly smaller and contained fewer stress concentrators than
the naturally shaped 7.5  7  4mm3 specimen used here. The decreased mineralization of deciduous bovine dentin as compared
with permanent bovine dentin could also be responsible. The low
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failure stress of 107 MPa also explains the reason for the strictly
linear plots, as previous work has shown that human permanent
dentin undergoes plastic deformation above a proportional limit
of 166 MPa [14].

σap
Collagen
fibrils

3σap

σ

x
B

4.2.1. Apparent stiffness
The average value for the apparent in situ elastic modulus of
HAP in dentin, Eapp
11 = 18 ± 2 GPa, was lower than the apparent
HAP elastic modulus reported previously. With the same techniques as presented here, Almer and Stock [28] measured
Eapp
11 = 32.8 GPa in canine ﬁbula with a mineral content of
36.5 vol.% and Akhtar et al. [30] found Eapp
11  21 GPa in fallow deer
antler with a mineral content of 30.0 vol.%. This suggests that load
transfer from the collagen phase to the HAP phase occurs to a
greater extent in bovine dentine (thus reducing the apparent modulus), and this may be due to differences in microstructure and the
ratio of collagen to ﬂuid ﬁlled porosity, as well as size, structure
and spatial distribution of the mineral platelets. The apparent Poisson ratio of HAP in dentin is quite close to the pure HAP Poisson
ratio of 0.27 [68]. A lower bound for the apparent elastic modulus
of HAP, Eapp
HAP (corresponding to an upper bound for the stress, and
thus elastic strain, carried by HAP for a given composite strain)
was found using the Voigt composite model:

Eapp
HAP ¼ EHAP V HAP þ Ecol V col þ EH2 O V H2 O

ð1Þ

where EHAP , Ecol and EH2 O are the bulk elastic moduli of HAP, collagen
and water, respectively, and V HAP , V col and V H2 O are the volume fraction of these phases. In this model Eapp
HAP has the same value as the
overall composite modulus, since the strain in both the HAP phase
and the composite are the same. Using the aforementioned experimental TGA phase volume fractions and literature values of
EHAP = 114 GPa, Ecol = 1 GPa and EH2 O = 0 GPa [69,70], Eq. (1) predicts
a value of 44 GPa for Eapp
HAP , which is more than twice our experimental value.
There are two main possible reasons for this discrepancy in the
value of the apparent elastic modulus: (i) an increase in the local
stress at the regions being measured; (ii) a decrease in the stiffness
of the HAP crystals. These are described in what follows. A third
hypothesis, which assumes that a fraction of the HAP phase is
non-load-bearing, thus reducing the value of VHAP in Eq. (1), can
be eliminated. This is because this situation would result in asymmetric broadening of the diffraction peaks upon loading due to the
variation in strain between the load-bearing and non-load-bearing
HAP platelets. Such broadening was not observed at any of the ﬁve
positions across the sample nor at any azimuthal angle, consequently eliminating this possibility.
4.2.2. Stress concentration effects
The ﬁrst hypothesis considers that the stress to which the diffracting HAP platelets are subjected is higher than the average applied stress due to stress concentration near the tubules in dentin.
Calculation of the apparent modulus assumes that the applied
stress is evenly distributed throughout the sample. However, in
this experiment the tubule long axes run perpendicular to the
compression direction and thus produce local stress concentrations, magnifying the stress to which HAP platelets are subjected
beyond the far ﬁeld value. The strain reported in Fig. 4 is based
on changes in the (00.2) diffraction ring diameter along the azimuth parallel to the loading direction. Since the (00.2) planes lay
perpendicular to the c axis of the crystals (Fig. 7) this portion of
the diffraction ring reﬂects only those HAP particles aligned with
their c axis parallel to the direction of loading, i.e. those contained
within collagen ﬁbrils with their long axis parallel to the applied
load. Collagen ﬁbrils in dentin are mainly arranged with their long
axis tangential to the tubule circumference and lie in the plane per-

c-axis
(00.2)

tubule

A

C

HAP crystal

Fig. 7. A schematic of (00.2) planes in a HAP platelet, shown at left, illustrates how
the preferentially sampled crystals were located in axially aligned ﬁbers (highlighted in red). In turn, these ﬁbers were most likely found besides the tubules (A)
where the stress concentration was highest (see plot top right) as compared with
the top and bottom of the tubule (B). Average stress concentration factors
calculated over the distance [AC] = 1–5 lm are found to be in the range 1.2–1.8.
(For interpretation of the references to colours in this ﬁgure legend, the reader is
referred to the web version of this paper.)

pendicular to the tubule axes, as shown in Fig. 7 [71]. Therefore,
the axially loaded collagen ﬁbrils are most prevalent in the area besides the tubules (point A in Fig. 7), where stress concentrations
are the highest, as compared with the top and bottom of the tubule
(point B), where the magnitude of the stress is unchanged. As a result, the platelets contributing to the diffraction ring azimuth associated with the loading direction are those witnessing the highest
stress concentration. To estimate the level of stress concentration,
simple closed-form equations for a cylindrical hole in an inﬁnite
plate under compression were used [72]: the maximum stress concentration factor was 3, immediately next to the cylindrical tubule
(point A), dropping to the far ﬁeld value of unity away from the
hole. Making the assumption that the axially arranged ﬁbrils were
mostly located at a distance of 1–5 lm from an average sized tubule of 1.2 mm diameter, the line average over the distance
[AC] = 1–5 lm in Fig. 7 gives a mean stress concentration factor
of 1.8–1.2. Taking the average stress concentration factor of 1.5
increases the value of Eapp
HAP to 27 GPa, which is still lower than
the lower bound of 44 GPa previously calculated from Eq. (1).
4.2.3. Stiffness of nanosized HAP platelets
The second hypothesis considers the possibility that the reported literature values for the modulus of bulk, pure HAP
(EHAP = 114 GPa) may not apply to the present nanoscale HAP platelets. A low stiffness for nanoscale platelets can be justiﬁed by: (a)
the presence of an amorphous or disordered layer on the surface
of the platelets; (b) size effects related to the extreme thinness of
the HAP platelets; (c) environmental effects. Each of these is discussed in the following paragraphs.
Although the presence of clear diffraction patterns proves that
some of the HAP platelets were crystalline, it does not eliminate
the possibility that a fraction of the HAP platelets were amorphous.
The elastic modulus of amorphous HAP (created inorganically via a
highly energetic process) has been reported as 70–80 GPa [73,74],
which is signiﬁcantly lower than that of crystalline HAP. This
causes a decrease in the average stiffness of the platelets and a decrease in the apparent stiffness of the crystalline phase. X-ray and
electron microscopy indicated that HAP nano-crystals formed by
aqueous methods maintained an amorphous component, sometimes seen as a 1–2 nm thick coating on their surface [75,76]. Since
studies suggest that crystalline biological HAP platelets may be
formed from an amorphous precursor [77,78], it seems plausible
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that a small amorphous layer may remain present in the platelets.
The effect may be large because a single unit cell thick coating
(1 nm) on an average sized platelet of 4  20  70 nm represents
over 56% of the total platelet volume. With a 34% decrease in the
elastic modulus as compared with crystalline HAP (from 114 to
75 GPa), the presence of such an amorphous coating would decrease the overall platelet modulus to 92 GPa. Using a modiﬁed
version of Eq. (1), in which EHAP V HAP is replaced by
ECHAP V CHAP þ EAHAP V AHAP , where the superscripts C and A represent crystalline and amorphous HAP, respectively, the new calculated
apparent elastic modulus of crystalline HAP in dentin drops from
44 to 36 GPa. This decrease is signiﬁcant, but insufﬁcient to match
the stress–concentration corrected value of 27 GPa.
This amorphous effect may be further enhanced by increased
disorder in the biological HAP. Fourier transform infrared spectroscopy and TGA studies on bone [79] and teeth [80] have shown that
biological HAP in dentin has 2–3% of carbonate substitution, and
this amount increases with age. These trigonal carbonates mostly
substitute for tetrahedral phosphate structures within the crystal
[81], causing the overall HAP structure to become disordered and
the bonds to weaken. This decrease in crystallinity of the sample
could be responsible for a decrease in the elastic modulus of the
platelet. Although the low percentage of substitutions cannot explain the large discrepancy in the elastic modulus of the HAP crystals, it may contribute partially to this effect.
Secondly, a decrease in the elastic modulus of the HAP crystals
may be caused by their nanometric size. It is well established that
the elastic modulus of most materials changes signiﬁcantly between a bulk macroscopic size and a nanoscopic size, due to the
accentuated role of surfaces and interfaces in small volumes [82].
Most metal thin ﬁlms with thicknesses below 30 nm show decreases in their elastic moduli due to interfacial effects, such as
grain boundary sliding or the decreased modulus of grain boundaries [83–91]. Many fewer studies have been performed for the
case of ceramics. However, it has been shown that diamond-like
carbon thin ﬁlms undergo a decrease in elastic modulus as their
thickness decreases [92–94]. This decrease can be as much as
44% of the elastic modulus (360 GPa at 6 nm vs. 640 GPa at
125 nm thickness) [92]. Using semi-continuum models on platelike nanomaterials a 27% decrease in the modulus for NaCl was
predicted for thin ﬁlms with less than 10 atomic layers [95]. If
the HAP nano-platelets with an amorphous layer underwent a similar decrease of 30% due to size effects, then the HAP platelet stiffness becomes 65 GPa. This decreases the apparent modulus of HAP
in dentin calculated from the modiﬁed equation (1) to 25 GPa,
close to the stress–concentration corrected value of 27 GPa.
Some ceramics, such as ZnO, have shown an increase in the
elastic modulus when made into 80 nm diameter nano-wires
[96,97]. This increase was caused by the formation of a stiff outer
layer during contraction of the near surface bonds [96,97]. This
observation, apparently contradicting the assumptions of the previous paragraph, highlights the importance of the surrounding
environment on the properties of materials with such high surface
areas. For example, the elastic modulus of 150 nm thick SiO2 ﬁlms
has been shown to decrease from 67 GPa when tested in a dry
atmosphere to 57 GPa in a wet one [98]. This decrease is most
likely due to surface bonding of hydroxyl groups [98]. In the case
of HAP in dentin the surface is bound to water and hydroxyl groups
[99], which can create a hydrated surface layer [100]. Furthermore,
the elastic modulus of surface carbonate substituted HAP has been
shown to decrease by approximately 12% when immersed in water
[99]. These observations suggest that the surface of the HAP crystals in dentin may not only be amorphous, but also have a low elastic modulus due to interfacial surface behavior. The 12% decrease
due to water addition would bring the HAP platelet stiffness to
57 GPa and the HAP apparent modulus to 22 GPa, which is be-

tween the measured value of 18 ± 2 GPa and the stress–concentration corrected value of 27 GPa.
In summary, although none of the above explanations independently explains the low apparent elastic modulus of the HAP in
dentin, their combination forms a credible argument for such a discrepancy. The lower elastic modulus of biological HAP may also
play an important role in increasing the toughness of dentin. With
a decreased HAP stiffness the dentin will be better able to absorb
large strains upon loading or impact, therefore maintaining the
integrity of the entire tooth under harsh mechanical conditions.
Also, the presence of an amorphous or hydrated layer surrounding
the crystalline HAP may help create a gradient in stiffness between
the collagen matrix and the HAP platelets, improving the ability to
transfer load. These effects may be useful for the future development of tougher, more realistic dental materials.
5. Conclusions
The longitudinal apparent in situ Young’s modulus of HAP was
measured during elastic deformation of bovine dentin as
18 ± 2 GPa, using high energy X-ray diffraction. This value is much
lower than the Young’s modulus of bulk HAP, 114 GPa, indicative
of substantial load transfer from collagen to HAP. Using experimentally measured volume fractions of HAP, collagen and water
a lower bound model signiﬁcantly overestimates the apparent
modulus of HAP in dentin. This is explained by considering that:
(i) X-ray diffraction measurements preferentially record strain in
HAP platelets subjected to stress concentration near tubules; (ii)
the stiffness of the HAP crystals within dentin may be much lower
than in the bulk (57 vs. 114 GPa). The latter effect can be justiﬁed
by considering the nanometric size, chemical composition and
amorphous structure of the HAP in dentin. These conclusions show
that the view of dentin as a simple composite of pure collagen and
bulk HAP is too simpliﬁed and that the biological origin of tooth
HAP, as well as its complex structure, must be taken into account.
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Appendix A. Figures with essential colour discrimination
Certain ﬁgures in this article, particularly Figs. 1 and 3–7, are
difﬁcult to interpret in black and white. The full colour images
can be found in the on-line version, at doi: 10.1016/
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