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ABSTRACT Mechanical testing of collagenous tissues at different length scales will provide improved understanding of the
mechanical behavior of structures such as skin, tendon, and bone, and also guide the development of multiscale mechanical
models. Using a microelectromechanical-systems (MEMS) platform, stress-strain response curves up to failure of type I
collagen fibril specimens isolated from the dermis of sea cucumbers were obtained in vitro. A majority of the fibril specimens
showed brittle fracture. Some displayed linear behavior up to failure, while others displayed some nonlinearity. The fibril specimens showed an elastic modulus of 470 5 410 MPa, a fracture strength of 230 5 160 MPa, and a fracture strain of 80% 5
44%. The fibril specimens displayed significantly lower elastic modulus in vitro than previously measured in air. Fracture
strength/strain obtained in vitro and in air are both significantly larger than those obtained in vacuo, indicating that the difference
arises from the lack of intrafibrillar water molecules produced by vacuum drying. Furthermore, fracture strength/strain of fibril
specimens were different from those reported for collagenous tissues of higher hierarchical levels, indicating the importance
of obtaining these properties at the fibrillar level for multiscale modeling.

INTRODUCTION
Significant effort has been put into developing improved
methods to assess risk of bone fracture related to osteoporosis and to link known genetic defects to mechanical deficiencies arising from diseases like osteogenesis imperfecta
(OI) and Ehlers Danlos syndrome. These efforts include
multiscale modeling and experimental studies aimed at
isolating the mechanical behavior of relevant tissues at
discrete length scales. Multiscale molecular dynamics simulation has been used to study single collagen molecules
(1–3) and single collagen fibrils made of multiple collagen
molecules (4,5). Buehler and co-workers demonstrated the
effects of cross-link density (6) and mineralization (7) on
the mechanical properties of collagen fibrils. They also
showed that single-point mutation of collagen molecules
in OI results in softer collagen molecules (8) and softer
and weaker collagen fibrils (9), which contributed to a better
understanding of the molecular and microscopic mechanisms underlying OI. Experimental probing at specific
length-scales arises from the need to provide constitutive
parameter inputs for multiscale models and to test these
models to ensure they agree with measurement. As part of
this larger effort, we have worked on providing measurements of isolated collagen fibrils. In this article, we present
our first measurements of fibrils tested in bulk saline solution showing load to failure for 13 different test specimens.
There are only a few studies testing the mechanical properties of collagen fibrils. Small angle x-ray scattering
(10–13) was used to detect deformation of collagen fibrils
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inside tissue samples. This clever investigation separated
molecular stretching seen in the collagen molecular helix
diffraction signature from molecular sliding seen from the
D-spacing diffraction signature. However, forces were not
directly applied to individual fibrils, but calculated from
the total force applied to the bulk tendon. This resulted in
plots of the average response of thousands of fibrils rather
than the response of single fibrils. The statistical power of
such a study is quite high, but the ability to investigate individual failure mechanisms of a fibril is impeded by the averaging procedure. Recently, atomic force microscopy (AFM)
was used to perform tensile (14,15), bending (16–18), and
nanoindentation (19–22) tests on individual collagen fibrils.
These are elegant studies that benefit from using instrumentation widely available to many investigators. However, the
tensile and three-point bending experiments were limited to
strains of only a few percent and thus did not provide any
strength or toughness data. Nanoindentation was successfully used to investigate elastic modulus and hardness of
single fibrils. Because of tip curvature, the actual loading
of the fibril is complex. It is expected that the majority of
the applied force is along the fibril radial direction with
some force vectors also pointing along the axial direction.
In general, we consider this technique to be complementary
to our microelectromechanical systems (MEMS) technique
with indentation providing primarily radial direction
mechanics and MEMS providing primarily axial direction
mechanics.
We previously developed a MEMS technique to perform
uniaxial tensile tests on collagen fibrils in air at relative
humidities of 31–60% (23,24). While our previous reports
showed large strain behavior of fibrils with well-defined
boundary conditions, the devices used were limited to applicable strains of ~100% and applicable loads of ~35 mN, and
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the devices could not be actuated in bulk water. These tests
mimicked physiologically relevant conditions better than in
vacuo tests, but the lack of bulk water surrounding the fibrils
remained an issue of concern. In addition, while we were
able to break a few fibrils previously, the majority required
larger loads and displacements than our device could apply.
We have overcome all these problems with the device used
in the study reported below.
Water is a major constituent of collagenous tissues and an
important contributor to their mechanical behavior. A highresolution x-ray crystallography study (25) showed that
a collagen-like peptide was surrounded by a highly
structured network of water molecules, and neighboring
collagen helices did not directly contact one another.
Instead, water molecules mediated the interaction between
them. Another study (26) made direct measurements of
force-distance curves between collagen triple helices by
coupling the osmotic-stress technique with x-ray diffraction.
The external force from osmotic pressure dehydrated the
collagen fibrils resulting in diminished interaxial spacing
of the molecules within each fibril. Dry collagen fibrils
had an interaxial molecular spacing of 12 Å, whereas
hydrated fibrils had an interaxial spacing up to 18.5 Å.
Therefore, collagen molecules within hydrated fibrils were
separated by a water layer up to 6.5 Å thick. A later Raman
spectrum study (27) showed that the water within the fibril
was not bulk-like and continuously rearranged its Hbonding network as pressure was applied to the fibril. This
internal water might be expected to affect the mechanical
properties of the fibril in several ways. By pushing collagen
molecules apart, it would act to decrease interaction strength
among collagen molecules thereby weakening the fibrils.
Concomitantly, hydrogen bonding among the waters could
act as a stabilizing force-impeding glide between adjacent
molecules. Finally, hydrogen bonding between the internal
waters and specific amino-acid residues is expected to
contribute to the overall stability of each collagen molecule,
by forcing its minima, with respect to rotation and stretching, to occur at positions different than those for the dehydrated or semihydrated fibril. An earlier differential
scanning calorimetry study (28) confirmed this general
line of argument by showing that the glass transition temperature of gelatins containing collagen-like structures
decreased with increasing water content, suggesting that
the bound water acted as a natural plasticizer.
At the tissue level, altering water content of collagenous
tissues affects their elastic and viscous behavior. A nanoindentation study (29) on millimeter-scale rectangular cortical
bone samples demonstrated that elastic modulus increased
by more than a factor of 2 from a wet to a dehydrated state.
Another study used Brillouin light scattering to test rat tail
tendon at different relative humidity conditions (30). The
elastic moduli of the tendon collagen fibril bundles were
calculated from the sound velocity and tissue density. The
results showed elastic modulus decreased from 20 to 9
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GPa when the relative humidity increased from 0% to
85%, respectively. A study on ligaments (31) showed that
ligaments with higher water content (soaked in hypotonic
solutions) displayed greater cyclic load relaxation compared
to those with lower water content (soaked in hypertonic
solutions). Other experiments done on ligaments showed
that creep decreases with decreasing hydration (32,33).
Another work on tendons (34) showed that tendons relaxed
faster in hypotonic solutions than in hypertonic solutions.
At the fibrillar level, we expect collagen fibrils to behave
differently under different hydration states. In this article,
we present stress-strain data from 13 type I collagen fibril
specimens tested in vitro using a MEMS device showing,
for the first time to our knowledge, the in vitro fracture
behavior of isolated collagen fibrils. The results are discussed in comparison with our previous in air study (24),
with larger collagenous structures (35,36), and with molecular dynamics simulations (6,37).
MATERIALS AND METHODS
MEMS devices
MEMS devices designed and fabricated to test collagen fibrils in vitro were
similar to those used previously for in air studies (23,24). A typical
MEMS device (Fig. 1 a) contained a fixed pad (labeled FP), a movable
pad (labeled MP), a force gauge pad (labeled FGP), a force gauge (labeled
FG), a pushing hole (labeled PH), four anchor pads (labeled A), and four
tether beams (labeled T). One-hundred-mm-diameter silicon wafers were
sequentially coated with 3.5 mm of sacrificial SiO2, and 6 mm of polycrystalline Si (polysilicon), via low-pressure chemical vapor deposition.
Devices were patterned using optical lithography, then the polysilicon
was etched in a SF6 plasma. The remaining photoresist was removed in
aqueous H2SO4/H2O2, and devices were released by immersion in aqueous
hydrofluoric acid for 32 min, followed by rinsing in methanol and critical
point CO2 drying. The release etch dissolved all the sacrificial SiO2 beneath
the movable portions of the polysilicon device (labeled T, FG, FGP and MP
in Fig. 1 a). The majority of the sacrificial SiO2 beneath the large areas
(labeled A and FP in Fig. 1 a) remained to anchor the device.
Each experiment began by fixing a fibril specimen between the fixed and
movable pads as described previously (23,24). A sharp probe placed inside
the pushing hole enabled relative motion between fixed and movable portions
of the device resulting in uniaxial tension applied to the specimen. Four tether
beams provided support to the movable portion and ensured guidance of
motion in a uniaxial manner. A two-beam force gauge was used to measure
the force applied to the specimen. Each force gauge beam is 2.1-mm wide,
100-mm long, and 6-mm thick. Given the geometry of these beams and the
material properties of polysilicon (e.g., Young’s modulus ¼ 160 GPa and
Poisson’s ratio ¼ 0.22), the force needed to deform the force gauge beam
to a given displacement was modeled using nonlinear finite element analysis.
Thus, a load-displacement response of the force gauge was obtained.
The maximum force measurable before fracture of the force gauge beams
was ~17.5 mN, which was ~500 times larger than the maximum force of
our previous comb-drive-actuated devices, ~35 mN (24).

Sample preparation
Type I collagen fibrils were isolated from the dermis of sea cucumber,
Cucumaria frondosa (38) (see section S1 in the Supporting Material for
details). The fibrils were visualized in solution using dark-field illumination
because they were too thin to be visualized in bright-field. Glass capillary
Biophysical Journal 99(6) 1986–1995
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FIGURE 1 Representative second-generation
MEMS device for collagen fibril in vitro fracture
test. (a) A low magnification SEM image of
MEMS device, consisting of a fixed pad (FP),
a movable pad (MP), a force gauge pad (FGP),
anchors (A), and tether beams (T). Compared
with the first-generation MEMS device used in a
previous in-air study (24), two new features were
added, including a pushing hole (PH) which allows
a sharp probe to mechanically push the device and
a force gauge (FG) consisting of two tether beams
connecting FGP and MP for force measurement.
(b) An optical image of a collagen fibril specimen
fixed onto a MEMS device. Three micron-size
epoxy droplets were used to fix the specimen,
including one on the movable pad and two on the
fixed pad. Three portions of collagen fibril specimen were visible. The middle portion (between
movable pad and fixed pad) was the testing piece
used for in vitro fracture test. The right portion
(between the two epoxy droplets on the fixed
pad) was used for diameter measurement.

tubes (TW100F-4, 1 mm OD/0.75 mm ID; World Precision Instruments,
Sarasota, FL) were pulled using a micropipette puller (PB-7; Narishige
International USA, East Meadow, NY) to fabricate glass micropipettes
with tip diameters smaller than 1 mm. The pulled micropipette attached
to a hydraulic micromanipulator (MMO-203; Narishige, Tokyo, Japan)
was used to transfer a specimen out of a 1–2 mL solution droplet and position it across the two MEMS device pads (labeled MP and FP in Fig. 1 a).
Once one fibril was attached to the pipette and we began to translate it
toward the air/water interface, a few other fibrils were often entrained in
the motion of the pipette tip. We only loaded specimens between the
pads that appeared by dark-field imaging to be single fibrils. The specimen
was fixed to the MEMS device using another pulled glass micropipette
attached to a separate micromanipulator (ITW Devcon, Danvers, MA) to
apply two small epoxy droplets (5 min and 30 min epoxies mixed in
a 1:1 ratio) over the ends of the specimen close to the edges of the movable
and fixed pads. A third epoxy droplet was placed on the fixed pad farther
away from the edge (Fig. 1 b) to facilitate cross-sectional area measurement
after the specimen had fractured. After in vitro fracture testing, it was difficult to find the specimen in the gauge region so the portion of specimen on
the fixed pad between the two epoxy droplets was used to obtain crosssectional area measurements. Though it required considerable skills, one
could reliably align a fibril specimen across the device >80% of the time
with enough practice and good manipulators. We intentionally designed
the movable and fixed pads of the device to have a triangular shape, so
the vertices pointing toward the gauge region could help the fibril alignment. The experiments failed if the fibrils were picked up by the probe
that was used to deposit epoxy droplets. Once a fibril specimen was
successfully fixed to a MEMS device, the epoxy droplets were allowed to
cure overnight in a covered petri dish containing wet lint-free tissue papers
(Kimtech Science Kimwipes; Kimberly-Clark, Dallas, TX). As we demonstrated in a previous in-air study (24), the epoxy droplets remain localized
and do not spread along the fibril. Briefly, we fixed a fibril to a MEMS
device, and then labeled it with fluorescent antibodies. Under fluorescence
imaging, antibodies clearly adhered to the fibril in the gauge region and not
the epoxy. Thus, antigenic sections of the collagen surfaces were still accessible for antibody binding after the epoxy was applied, indicating that the
epoxy remained on the pads and did not spread along the fibril. After the
epoxy droplets cured, ~200 mL 1 phosphate-buffered saline was placed
on the MEMS device completely immersing the specimen. The specimen
was allowed to rehydrate by storing it in a 4 C refrigerator for at least
24 h before the fracture test. Each MEMS device can only be used once
because there are epoxy droplets left on the pads from the first use and
Biophysical Journal 99(6) 1986–1995

the movable portions of the device become stuck to the substrate when
the solution evaporates.

In vitro fracture test procedure
MEMS devices with fibril specimens attached were mounted on a piezo
stage (P-517; Physik Instruments, Auburn, MA), and a sharp probe (either
tungsten or pulled glass micropipette, with a tip diameter of ~10 mm) was
placed in the pushing hole (labeled PH in Fig. 1 a) holding the movable
portion of the device stationary. The fixed portion of the device was moved
together with the piezo stage at a displacement rate of ~34 nm/s until the
test specimen fractured. A 60 water immersion objective lens (Fluor
60; Nikon, Tokyo, Japan) was used to visualize the devices in phosphate-buffered saline. A digital camera (Micropublisher 3.3 RTV;
QImaging, Surrey, BC, Canada) was used to capture images at a frame
rate of either 0.2, 0.4, or 0.5 fps while the specimens were being stretched
in vitro at room temperature. The displacement controlled by the piezo
stage and the sharp probe was the total displacement of the MEMS device,
which equals the sum of the fibril specimen displacement and the force
gauge displacement (i.e., dtotal ¼ dfibril specimen þ dforce gauge). There was
no way to independently control the displacement of the fibril specimen
or the displacement of the force gauge (i.e., the applied force). Thus, we
did not have a simple displacement-control or force-control testing system.

Force-displacement curves obtained by digital
image correlation
To obtain force-displacement curves, images of the MEMS device collected
during the fracture test were compared with the zero load image using
digital image correlation (DIC). DIC has the ability to detect rigid body
motions with precision better than the Abbe diffraction limit (39,40). The
technique utilizes grayscale information in the image and applies it using
multi-image location analysis as opposed to the better-known single image
in-plane resolution analysis. Three separate sets of markers for DIC were
chosen to monitor the rigid body displacements of the fixed pad (d1), the
movable pad (d2), and the force gauge pad (d3), respectively. Customwritten MATLAB code based on the code developed by Eberl et al. (41)
was used to track the positions of the markers and determine the rigid
body displacements of the regions of interest (see Fig. S1 a in the
Supporting Material). Elongation of the fibril specimen was calculated
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by comparing relative displacements of the movable and fixed pads,
dfibril specimen ¼ d1 – d2 (Fig. S1 b). Deformation of the force gauge was
obtained by subtracting displacement of the force gauge pad from displacement of the movable pad, dforce gauge ¼ d2 – d3 (Fig. S1 b). Deformation of
the force gauge was converted to force applied to the specimen using the
force-displacement response obtained via finite element analysis. Thus,
force-displacement curves of fibrils were obtained (Fig. S1 c).
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locating the fibril and moving the AFM tip to the fibril. There is also
risk of breaking the MEMS devices when performing the coarse approach
to make contact. The purpose of performing this separate AFM experiment is that once we have established the conversion factor, we no longer
need to do it for every fibril.

RESULTS
Stress-strain curves

SEM images of collagen fibril specimens

Force-displacement curves were used to calculate nominal stress-engineering strain curves. We recognize that for experiments associated with
large strain and significant reduction in cross-sectional area, the true stress
(force divided by instantaneous area) and a higher-order strain may be
preferable. However, our choice allows for direct comparison with the
molecular dynamics results of Buehler (4,6,7) and Tang et al. (37) for the
same measures, and eliminates the need to measure the change in crosssectional area during testing (which we are unable to do). True strengths
are likely larger than what we report and the qualitative shapes of stressstrain curves may change when using true stress and a large strain measure
such as logarithmic strain. The nominal stress is given by

s ¼

F
;
A0

where F and A0 are applied force and initial cross-sectional area, respectively. The engineering strain is given by

3 ¼

d
;
l0

where d and l0 are the measured change in length and the initial gauge
length. The value l0 was measured as the distance between the edges of
the two epoxy droplets on either end of the gauge region. Scanning electron microscopy (SEM S4500; Hitachi, Tokyo, Japan) and atomic force
microscopy (AFM, Multimode Nanoscope IV; Veeco Instruments, Plainview, NY) were used to record radial and axial lengths needed to obtain
A0 and l0, respectively. We expected fibrils to dehydrate in the SEM
vacuum chamber resulting in aberrantly small radial measurements. To
account for differences between the in vacuo SEM measured crosssectional area and the in vitro cross-sectional area during fracture testing,
we performed a separate calibration experiment using AFM in liquid and
SEM in vacuo (see sections S2 and S3 in the Supporting Material for
details). This allowed us to determine a multiplicative enlargement factor
of 4.85, which is necessary to convert the in vacuo SEM measured areas to
in vitro mechanically
tested areas. In other words, the fibril diameter
pﬃﬃﬃﬃﬃﬃﬃﬃﬃ
in vitro is 4:85z2:20 times as large as that in vacuo. AFM imaging
of fibrils in liquid is difficult and time-consuming due to difficulty in

Fig. 2 shows SEM images of two collagen fibril specimens
on the fixed pads of their respective MEMS devices. The
cobblestone appearance of polysilicon grains is seen in
Fig. 2 a. The fibril specimen running from left to right in
the middle of Fig. 2 a is roughly cylindrical with a relatively
smooth surface. This smooth cylindrical appearance was
typical (nine out of 13 specimens) and consistent with
SEM fibril specimen images in our prior in air studies
(23,24). Although we could distinguish the smooth fibril
specimen from the rough polysilicon surface, a more
straightforward fibril diameter measurement could be
made if the polysilicon surface was smooth. To achieve
such a smooth substrate, we coated seven MEMS devices
with polyimide before fixing specimens to them. Fig. 2 b
shows a collagen fibril specimen on a polyimide-coated
fixed pad. In addition to the polyimide coating, this specimen was prepared with a different sputter coater than the
one used to produce the image in Fig. 2 a. (All specimens
were sputter-coated with ~5-nm-thick film of palladium
before SEM observation to enhance conductivity and image
resolution.) The specimen in Fig. 2 b shows the characteristic D-banding pattern of collagen fibrils and appears to
be three fibrils (indicated by arrowheads) twisted about
one another. Four out of 13 fibril specimens showed D-banding and all four of them showed multiple D-banding consistent with two or three fibrils coiled about each other.
Polyimide coating alone was not the reason that we saw
D-banding, because some specimens fixed onto polyimide-coated MEMS devices did not show any D-banding,
whereas some specimens fixed onto uncoated devices did
show D-banding. The appearance of D-banding was more

FIGURE 2 Two high magnification SEM images
of collagen fibril specimens. (a) The specimen appeared to be a single fibril on an uncoated fixed
pad. The fixed pad showed the typical grains of polysilicon and had a cobblestone-like appearance.
The collagen fibril specimen appeared to be a
cylinder with a relatively smooth surface, running
from left to right in the middle section. No clear
D-banding pattern of the specimen was observed.
This is not uncommon in SEM imaging of collagen
fibrils because the appearance of D-banding pattern
of collagen fibrils highly depends on the sample
preparation and imaging equipment. (b) The specimen appeared to be multiple fibrils entangled together and twisted with one another on a fixed pad coated with polyimide. The fixed pad appeared to be relatively smooth because of the polyimide coating. Multiple D-banding patterns (arrowheads in b) clearly indicate the existence of multiple fibrils (approximately
three fibrils in this case).
Biophysical Journal 99(6) 1986–1995
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likely related to the use of different sputter coaters.
However, under no circumstances were we able to reproducibly obtain D-banded patterns.
In our previously published tests, SEM images of all fibril
specimens appeared smooth and did not show any D-banding pattern (see Fig. 1 b in (23) and Fig. 2 b in (24)), leading
us to conclude that we had tested individual collagen fibrils.
In light of the four specimens showing multiple D-banding
patterns in our study and because the same method was used
to manipulate fibrils in all our studies, we now entertain the
possibility that all our tests may have been done on small
groups of entangled fibrils. Only two or three fibrils were
identified by SEM, suggesting that mechanical signatures
attributable to single fibrils should be readily measureable
in our load-deformation tests.
Stress-strain curves obtained from in vitro
fracture test
In vitro fracture tests were performed on 13 collagen fibril
specimens. The in vacuo measured specimen diameter is
in the range of 93–411 nm, similar to that reported previously (38). Considering the swelling due to hydration, the
in vacuo diameter was enlarged 2.20 times to obtain the
in vitro diameter range of 205–905 nm. The gauge lengths
ranged from 6.0 to 18.0 mm. Each specimen was monotonically stretched to fracture at a displacement rate of 34 5
1 nm/s, which corresponded to strain rates of 0.2–0.6%
per second. This range in strain rates existed because,
even though we used a constant loading rate, each specimen
had a different gauge length determined by the spacing
between the epoxy droplets holding the test specimen
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down. The variability in mechanical behavior can be categorized into three groups:
1. Linear response to brittle fracture (six specimens).
2. Multiple linear regions with discrete slopes before brittle
fracture (five specimens).
3. Multiple linear regions followed by a stepwise graceful
fracture region (two specimens).
The multiple D-banding patterns mentioned above were
distributed among all three types of behavior. However,
the two specimens in Group III, which displayed graceful
failure, had much larger diameters (657 nm and 905 nm)
than the other 11 specimens in Group I and II. It is likely
that the stepwise graceful failure region is a result of
multiple fibrils.
Fig. 3 shows the mechanical response of four representative collagen fibril specimens. Error bars indicate the
measurement uncertainty (see section S4 in the Supporting
Material for details). The specimen in Fig. 3 a was from
Group I and fractured at a stress (strain) of 290 MPa
(53%). The specimen in Fig. 3 b was from Group II and
was fit with a single change of slope at a stress (strain) of
90 MPa (6%), and eventually fractured at a stress (strain)
of 380 MPa (66%). The specimen in Fig. 3 c was also
from Group II and showed a double change of slope, with
a stress (strain) of 150 MPa (31%) at the first intersection
point and a stress (strain) of 240 MPa (59%) at the second
intersection point, and eventually fractured at a stress
(strain) of 270 MPa (99%). The specimen in Fig. 3 d was
from Group III and showed multiple linear regions with
a double change of slope at a stress (strain) of 20 MPa
(12%) and a stress (strain) of 50 MPa (39%), followed by

FIGURE 3 Mechanical behavior of four representative collagen fibril specimens. The four specimens display differing behavior during the in vitro
fracture test, as follows: (a) relatively linear
behavior all the way to brittle fracture; (b) two
linear regions with a single change of slope before
brittle fracture; (c) three linear regions with
a double change of slope before brittle fracture;
and (d) three linear regions with a double change
of slope before a stepwise graceful fracture region.
For the sake of clarity, the error bars are shown
every five data points. (Thick solid lines) Leastsquares fits to relatively linear regions. The initiation of damage is defined as the intersection of the
first two fitted lines (indicated by arrows). The
fracture point is defined as the point where
the stress dropped back to zero (indicated by solid
arrowheads). (d) Multiple drops in the graceful
fracture region (indicated by open arrowheads),
suggesting multiple partial fractures before the
complete fracture (solid arrowhead).

Biophysical Journal 99(6) 1986–1995
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a stepwise graceful failure region (indicated by the open
arrowheads), and fractured at a stress (strain) of 40 MPa
(126%). Individual stress-strain curves of the other specimens are shown in Fig. S4, Fig. S5, and Fig. S6.
Mechanical properties obtained from the stressstrain curves
Mechanical properties of collagen fibrils such as elastic
modulus, strength/strain at the initiation of damage, fracture
strength/strain, and toughness, were measured from the
stress-strain curves and will be discussed in the following
subsections. The two specimens in Group III had much
larger diameters and likely consisted of more fibrils than
the other 11 specimens. Thus, we only used the 11 specimens in Group I and II, with diameters ranging from
205 nm to 448 nm, for the following analysis.
Elastic modulus
All 11 specimens showed initial linear regions which were
least-squares fitted to single lines. The small strain elastic
modulus obtained from the slopes of the fitted lines was
470 5 410 MPa (mean 5 SD; range, 110–1470 MPa;
n ¼ 11).
Strength/strain at the initiation of damage
The five specimens in Group II showed nonlinear behavior
which was least-squares fitted to multiple lines. Previous
in-air experiments showed, using unloading curves, that
nonelastic behavior was present during loading (24). Thus,
the nonlinear behavior seen in our in vitro tests may be
attributed to the initiation of irreversible deformation mechanisms including the breaking of cross-links. Based on this
assumption, we defined the initiation of damage as the intersection of the first two fitted lines (arrows in Fig. 3). The
strength at the initiation of damage was 150 5 120 MPa
(mean 5 SD; range, 30–350 MPa; n ¼ 5), while the strain
at the initiation of damage was 24% 5 20% (mean 5 SD;
range, 6–55%; n ¼ 5).
Fracture strength/strain
The fracture point was defined as the first point followed by
a dramatic unrecovered drop in the stress (solid arrowheads
in Fig. 3). The in vitro fracture strength was 230 5 160 MPa
(mean 5 SD; range, 40–490 MPa; n ¼ 11), while the
in vitro fracture strain was 80% 5 44% (mean 5 SD;
range, 33–183%; n ¼ 11).
Toughness
The toughness, defined as the area underneath the stressstrain curve up to the fracture point, was 140 5 180 
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106 J/m3 (mean 5 SD; range, 7–660  106 J/m3; n ¼ 11).
As explained in a previous molecular dynamics simulation
study, because fibril specimens have relatively large aspect
ratios (length/diameter > 10), they can be associated with
snap-back instabilities in their force-displacement response;
both force and displacement decrease in the postpeak region
(see Fig. 7 in (37)). However, our fracture tests cannot
capture the potential snap-back response. As a consequence,
the toughness we reported here is likely an overestimation
of the energy dissipated in the failure process.
The spread in the mechanical properties reported above is
relatively large. The possible reasons are explained in
section S5 in the Supporting Material.

DISCUSSION
Comparison of mechanical properties of collagen
fibrils obtained in vitro versus in air versus in
vacuo
Previous work showed specimens tested under ambient air
conditions behaved differently from vacuum-dried conditions (24). In that study, only three out of 13 specimens
broke when tested in air, while all seven specimens broke
when tested after exposure to dehydration in the SEM
vacuum chamber. This was attributed to intrafibrillar water
present in the semihydrated in air samples that was removed
by vacuum drying. The data presented in this article were
obtained from specimens surrounded by bulk water during
testing. Mechanical properties of collagen fibril specimens
(including elastic modulus, fracture strength, and fracture
strain) obtained under these different experimental conditions (in vitro, in air, and in vacuo) are shown in Fig. 4. Specimens usually broke at very small strains after exposure to
dehydration in vacuo, resulting in insufficient data points
for determining the elastic modulus in vacuo. Thus, elastic
modulus is only shown for the in vitro and in air cases.
Fig. 4 a shows the elastic modulus obtained in vitro
(470 MPa) is significantly lower than that obtained in air
(860 MPa). Our in vitro results (110–1470 MPa) are in
reasonable agreement with earlier results obtained in
aqueous conditions using nanobending (70–170 MPa) (18)
and force spectroscopy (200–800 MPa) (15). However,
our result is two to three orders of magnitude larger than
that obtained in nanoindentation (1.2 5 0.1 MPa) (21).
This is probably a reflection of anisotropy in mechanical
properties which arises from the axial and radial alignment
of the collagen molecules within the fibril. Our finding that
collagen fibrils had a lower modulus in vitro than in air also
agrees with previous axial load deformation studies on
collagen fibrils (15,18). This trend is consistent with the
findings of Leikin et al. (26), who showed that increasing
states of hydration lead to increasing intermolecular radial
spacing within collagen fibrils. Furthermore, an NMR titration method utilizing spin-lattice relaxation at different
Biophysical Journal 99(6) 1986–1995
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1. At low hydration with correspondingly short intermolecular separation, a single water bridge (Ramachandran
water bridge (44)) forms every three peptide residues
between a positive amide group on one a-chain and
a negative carbonyl group on another a-chain in the
same collagen molecule.
2. At intermediate hydration with correspondingly intermediate intermolecular separation, three additional water
molecules per tripeptide bind in a hydrogen-bonded
network to the collagen as well as the Ramachandran
water bridge to form a four water-molecule chain
(Berendsen water chain or cleft water) per tripeptide in
the molecular grooves of the collagen triple helix.
3. At native full hydration with correspondingly large intermolecular separation, full monolayer coverage forms
with six water chains per cleft or 18 water chains per
collagen molecule.

FIGURE 4 Comparison of mechanical properties of collagen fibril specimens obtained at different experimental conditions (i.e., in vitro, in air, and
in vacuo), including the (a) elastic modulus, (b) fracture strength, and (c)
fracture strain. The data obtained in vitro, in air, and in vacuo were displayed by symbols B, 6, and ,, respectively. The mean and standard
derivation of each mechanical property are indicated by  and the error
bar. The elastic modulus obtained in vitro was significantly lower than
that obtained in air (panel a). The fibril specimens tested after imaging in
the SEM vacuum chamber fractured at significantly smaller strength (panel
b) and strain (panel c) than those tested in vitro and in air. Due to the large
data scattering and limited number of data points, other mechanical properties (data not shown) did not show statistically significant differences when
tested at different experimental conditions.

levels of hydration developed by Fullerton and co-workers
(42,43) was used to investigate the structural arrangement
of water molecules around collagen molecules during
sequential dehydration of bovine flexor tendon. They
showed that there are three changes in water motion with
hydration level:
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In other words, with increasing water content and
increasing intermolecular separation, the water molecules
around a collagen molecule continuously change their structural arrangement from single water bridges to water chains
and then to a monolayer of interfacial water. Because the
interaction forces between molecules in a fibril are inversely
proportional to their separation distance, the more highly
hydrated fibrils are expected to show both more freedom
to rotate without impinging on their neighbors (intramolecular contribution to modulus) as well as more freedom to
slide axially with respect to their neighbors (intermolecular
contribution to modulus).
Fig. 4 b shows a monotonic trend of decreasing fracture
strength going from in vitro (230 MPa) to in air
(200 MPa) to in vacuo (90 MPa). Similarly, Fig. 4 c shows
a monotonic trend of decreasing fracture strain going from
in vitro (80%) to in air (42%) to in vacuo (4%). Assigning
statistical significance to this trend is complicated by the
fact that we were only able to break three of the fibril
specimens using our previous-generation electrostatically
actuated devices (the devices used to collect all the in-air
data reported in this article). The very tight grouping of
the in vacuo data does, however, allow us to assign statistical
significance to that data mean, it being lower than either of
the others. Evidently, the plasticizing effect water has on
collagen (28) is present under both in vitro and in air conditions but is extinguished upon vacuum dehydration. Moreover, the amount of water needed to obtain plasticization
is not able to reenter the vacuum-dried fibril specimens
over a time period of a few hours after being reintroduced
to ambient air conditions.

Comparison with larger collagenous structures
(i.e., fibril bundles, fascicles, and tendons)
Some mechanical properties determined at the fibrillar level
were different from those obtained from larger collagenous
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structures in the literature (13,35,36,46,47) (see Table S1 in
the Supporting Material), indicating the importance of
testing these mechanical properties at the fibrillar level for
multiscale modeling. There was a relatively clear trend in
the fracture strain, which decreased from 80% (1–3 fibrils,
present work) to 22% (fibril bundles (35)), 11% (fascicles
(36)), and 6% (tendon (36)). In other words, the fracture
strain decreased with increasing specimen diameter. This
suggests one of two possible failure mechanisms for
collagen tissue substructures. First, larger structures fail
by slippage among fibrils rather than by fracture of individual fibrils. Second, defects within larger structures result
in stress concentrations with concomitantly high localized
strains causing fibrils at the point of failure to fracture, while
the overall strain of the larger assembly never gets much
larger than 10%.
While the fracture strength of collagen fibril specimens
was higher than those obtained from larger structures
(35,36), there was no clear trend in the fracture strength
with respect to the diameters of these different structures.
This is consistent with the failure mechanism proposed
involving failure by slippage among fibrils rather than fracture of individual fibrils. It is known that ground substance
exists in all the structures larger than fibrils. If ground
substance is weaker than the collagen fibril, then the larger
structure will fracture in the ground substance at a lower
strength than the fibril. Once the ground substance is introduced at the suprafibrillar level, fracture strengths are
expected to remain approximately constant.
For elastic modulus, our fibrillar data were comparable to
studies at fibril bundle, fascicle, and tissue levels. The
finding that collagen fibrils had a similar elastic modulus
to larger collagenous structures suggests that individual
fibrils rather than the other components, such as interfibrillar
cross-links and/or interfibrillar glycosaminoglycan bridges,
determine the stiffness of collagenous tissues.
Comparison with molecular dynamics simulation
A molecular dynamics simulation by Buehler (6) demonstrated that collagen fibrils could show dissipative deformation after yield when the fibril had a low cross-link density,
or have a brittle-like deformation when the fibril had a high
cross-link density. However, Buehler’s initial fibril model
(6) contained only two collagen molecules along the fibril
length. A more recent study using the same model applied
to longer test pieces (37) demonstrated that fibrils of at least
10 molecules along their length exhibited only brittle fracture with no graceful ductile-like character.
The minimum length of our tested specimens was 6 mm.
Assuming the length of a collagen molecule is 300 nm
(48), our fibril specimens contain at least 20 collagen molecules along the fibril length. According to the findings by
Tang et al. (37), we should only observe brittle failure.
Indeed, a majority (11 out of 13, in Group I and II) of the fibril
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specimens displayed brittle behavior, while the two in Group
III which showed graceful failure had the largest diameters
and consisted of many fibrils. It is likely that the stepwise
graceful fracture of the two fibrils in Group III is attributable
to their multiple fibril construction. One model that would
explain this involves having fibrils of unequal lengths within
the gauge region. The shortest fibril reaches its failure point
first, causing a stepwise drop before the remaining fibrils
pick up the load. This could occur multiple times until finally
the entire remaining specimen fails. Another model to
explain the stepwise behavior, even if the multiple fibrils
have similar lengths in the gauge region, involves a specimen
in which some fibrils are weaker than others (e.g., containing
more defects). The weakest fibril in the specimen fractures
first. At the moment when this fibril breaks, the force applied
to the remaining specimen stays the same but the stress
increases because of the decreased cross-sectional area.
This increased stress strains the specimen considerably
causing it to elongate. As mentioned in Materials and
Methods, we can only control the total displacement of the
MEMS device, which equals the sum of the fibril specimen
displacement and the force gauge displacement (i.e.,
dtotal ¼ dfibril specimen þ dforce gauge). Thus, when the specimen
elongates, the force gauge displacement decreases, resulting
in a decreased measured load producing a drop in the plotted
stress-strain curve when a fibril breaks. The other fibrils in the
remaining specimen would hold the load until the next weakest fibril breaks. This process repeats until all fibrils in the
specimen break. One reason why this stepwise behavior
might not be seen with the smaller fibrils is that if only two
or three fibrils exist in the gauge region to start, failure of
one fibril might be sufficient to overload the remaining fibrils
causing the whole system to fail at once. This would lead to
the observed brittle failure seen with the smaller diameter test
specimens.
The fracture strains (33–183%) of collagen fibril specimens obtained in this experiment agree well with those
(10–125%) obtained via molecular dynamics simulation
(37). This indicates that the choice of input parameters
used in the molecular dynamics simulation of Tang et al.
(37) were appropriate for obtaining a match with our
in vitro experiment. The elastic modulus and the fracture
strength of collagen fibrils determined from our in vitro
experiments, however, were one to two orders of magnitude
lower than the computational results. As Buehler (6) and
Tang et al. (37) pointed out, this is an expected discrepancy
because the theoretical model used an extremely large
deformation rate compared to experimentally or physiologically relevant rates. In addition, their models did not
consider spatial inhomogeneities of cross-link distributions,
changes of molecular properties along the molecular length,
and realistic size boundary condition. All these factors result
in larger elastic modulus and larger fracture strength of
collagen fibrils from the molecular dynamics simulation
compared with the experiments.
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Another possibly important discrepancy between the
molecular dynamics model and our experiments involves
water. In Buehler’s molecular dynamics simulation (1,4,6),
full-atomistic modeling with explicit water was used to study
individual collagen molecules and assemblies of two
collagen molecules. These results were used to derive parameters for the mesoscale molecular dynamics simulation in
which each collagen molecule was represented by beads connected by different types of springs. The geometry used
during the explicit water part of the computation allowed
for bulk water bonding to occur in almost every direction
moving radially away from the collagen. In a real fibril, the
presence of nearest-neighbor collagen molecules prevents
bulk water bonding from occurring inside the fibril. Because
water contributes a large portion of the total energy of formation in the collagen fibril system, this may play a large role in
defining the mechanics of the system.
CONCLUSIONS
We performed in vitro fracture tests on type I collagen fibril
specimens isolated from sea cucumber dermis using MEMS
devices. We obtained stress-strain curves from 13 specimens
with diameters in the range of 205–905 nm, which to our
knowledge are the first measurements of in vitro fracture
behavior of these biologically ubiquitous submicron-size
objects. Three types of different mechanical behavior were
observed, including
1. A relatively linear region all the way to brittle fracture.
2. Multiple linear regions before brittle fracture.
3. Multiple linear regions followed by a stepwise graceful
fracture region.
A majority (11 out of 13) of the specimens showed brittle
failure, while the two largest specimens showed graceful
failure which may be a result of multiple fibrils. After
excluding the two largest specimens, we found an elastic
modulus of 470 5 410 MPa, a fracture strength of 230 5
160 MPa, a fracture strain of 80% 5 44%, and a toughness
of 140 5 180  106 J/m3 in vitro. The collagen fibril specimens displayed statistically significantly lower elastic
modulus in vitro than in air. However, there are no statistically significant differences in the other mechanical properties such as the fracture strength, the fracture strain, and the
toughness when comparing the in vitro study to the in air
study. Both the fracture strength and fracture strain obtained
in vitro and in air are significantly larger than those obtained
in vacuo, indicating the difference rises from the lack of intrafibrillar water molecules produced by vacuum drying.
Some mechanical properties of collagen fibrils, such as
the fracture strength and fracture strain, were significantly
different from those obtained at the fibril bundle, fascicle,
and tissue levels, confirming the importance of obtaining
these properties at the fibrillar level for multiscale hierarchical modeling. Future work could include a study of the
Biophysical Journal 99(6) 1986–1995
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effect of cross-link density, genetic variation, and mineralization on the mechanical properties of collagen fibrils.
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