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Treatment options for damaged articular cartilage are limited due to its lack of vasculature and its unique
viscoelastic properties. This study was the first to fabricate a hyaluronan (HA)–polyethylene copolymer
for potential use in the replacement of articular cartilage and repair of osteochondral defects. Amphi-
philic graft copolymers consisting of HA and high-density polyethylene (HA–co-HDPE) were fabricated
with 10, 28 and 50 wt.% HA. Dynamic mechanical analysis was used to assess the effect of varying con-
stituent weight ratios on the viscoelastic properties of HA–co-HDPE materials. The storage moduli of HA–
co-HDPE copolymers ranged from 2.4 to 15.0 MPa at physiological loading frequencies. The viscoelastic
properties of the HA–co-HDPE materials were significantly affected by varying the wt.% of HA and/or
crosslinking of the HA constituent. Cytotoxicity and the ability of the materials to support mineralization
were evaluated in the presence of bone marrow stromal cells. HA–co-HDPE materials were non-cytotoxic,
and calcium and phosphorus were present on the surface of the HA–co-HDPE materials 2 weeks after
osteogenic differentiation of the bone marrow stromal cells. This study is the first to measure the visco-
elastic properties and osseocompatibility of HA–co-HDPE for potential use in orthopedic applications.

� 2010 Published by Elsevier Ltd. on behalf of Acta Materialia Inc.
1. Introduction

Articular cartilage lacks the vasculature to provide the cells and
nutrients necessary for healing, and has a limited capacity for self-
regeneration after injury or disease. When articular cartilage be-
comes damaged, the tissue structure and properties are altered,
eventually leading to joint pain, which affects millions of people
world-wide. Treatment options for partial or full-thickness articu-
lar cartilage lesions (i.e. osteochondral defects) involve the removal
of a small area of damaged articular cartilage, exposing subchon-
dral bone. Subsequent surgical techniques may include abrasion
arthroplasty, subchondral drilling, autologous osteochondral graft-
ing, periosteal–perichondral grafting and chondrocyte transplanta-
tion [1]. Autograft and allograft full-thickness osteochondral plugs
(containing both cartilage and subchondral bone) are harvested
from non-load-bearing areas of healthy tissue and implanted into
the defect on the articulating joint surface. These latter techniques
result in pain and morbidity at the donor site and subsequent dam-
age to adjacent tissue. Moreover, postoperative recovery requires a
period during which the repair is prevented from bearing weight.
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Hyaluronan (HA) is a biologically active glycosaminoglycan
found ubiquitously throughout the body, including the extracellu-
lar matrix of articular cartilage [2], and has a long-standing history
of use in numerous medical applications, including dermatology,
ophthalmology, otolaryngology, wound repair, drug delivery, tis-
sue engineering and osteochondral defect repair [3–7]. The use of
HA is advantageous because it is biocompatible and participates
in numerous biological functions [8,9]. HA–cell surface receptor
interactions activate a series of intracellular signaling pathways
and participate in the regulation of cell migration [10] and prolif-
eration [11], and the differentiation of mesenchymal stem cells
[12]. CD44–HA interactions are essential for maintaining normal
cartilage homeostasis, e.g. modulating cartilage metabolism by
linking cells with their extracellular environment [13,14]. HA has
the capacity to modify osteoblast behavior and plays an important
role in both the early and later stages of bone formation; in partic-
ular, high molecular weight HA is osteoinductive in vivo [14] and
significantly increases bone mineralization [15].

In the hydrated state, HA has the ability to bear compressive
forces and contributes to the hydrodynamic properties of artic-
ular cartilage. The dynamic, unconfined equilibrium modulus of
healthy articular cartilage has been reported to be 4–8 MPa at
physiological loading conditions [16,17]. Under compression, artic-
ular cartilage behaves like a poroelastic material, in which its re-
sponse to compressive loads is frequency and strain dependent.
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http://dx.doi.org/10.1016/j.actbio.2010.11.019
mailto:sjames@engr.colostate.edu
http://dx.doi.org/10.1016/j.actbio.2010.11.019
http://www.sciencedirect.com/science/journal/17427061
http://www.elsevier.com/locate/actabiomat


R.A. Oldinski et al. / Acta Biomaterialia 7 (2011) 1184–1191 1185
These properties are governed by the interrelationship between
the solid extracellular matrix constituents, interstitial fluid flow
[18], intact collagen network and a high concentration of the HA-
containing proteoglycan aggrecans [14]. However, HA, either in
its native state or as a physically crosslinked gel, is too compliant
for load-bearing applications such as articular cartilage replace-
ment [19].

Various chemical crosslinking strategies aimed at improving the
mechanical properties of HA to better mimic those of articular car-
tilage have been explored. The HYAFF� 11 sponge is made from a
linear HA derivative in which the carboxyl groups are esterified
with benzyl groups, whereas the ACP™ sponges are crosslinked
derivatives of HA in which the carboxylic acid groups are linked
via an ester bond between hydroxyl groups on adjacent HA chains
[2]. Both HA-derived hydrogels were found to be biocompatible
and integrate with bone and cartilage [4]; however, under static
unconfined compression the Young’s moduli of HYAFF� 11 and
ACP™ sponges were 42.1 and 7.6–8.2 kPa, respectively, making
them much more compliant than articular cartilage. The modulus
mismatch between articular cartilage and tissue engineering con-
structs, such as HYAFF� 11 and ACP™, may harm surrounding
and opposing tissue by redistributing stresses in vivo, potentially
contributing to the initiation and development of post-traumatic
osteoarthritis. Hence, there is a need to develop stiffer HA-based
hydrogels with properties similar to articular cartilage to restore
function to a joint immediately after osteochondral defect repair.

Synthetic materials such as non-degradable poly(vinyl alcohol)
have been developed as permanent osteochondral plugs rather
than scaffolds for cartilage regrowth to overcome the limitations
of conventional techniques [20–22]. Poly(vinyl alcohol) and tita-
nium fiber mesh composite implants exhibited strong attachment
to canine femoral bone 12 months postoperatively [23,24]. How-
ever, the shear properties of the construct were insufficient due
in part to differences in the elastic moduli of the poly(vinyl alco-
hol) hydrogel and the titanium. In addition, poly(vinyl alcohol) is
not bioactive, and thus does not promote cartilage repair or bone
integration; long-term success therefore depends upon the
mechanical integrity of the poly(vinyl alcohol) hydrogel/titanium
fiber mesh implant as well as the integration of the implant with
host tissues. Insufficient mineralization will fail to stabilize the
implant and result in additional articular cartilage damage due
to micromotion. Thus, a permanent material for the replacement
of damaged osteochondral tissue has yet to be developed which
mimics the viscoelastic properties of articular cartilage and pro-
vides a means by which to stabilize the implant, such as osseoin-
tegration.

The various hydrogels designed for the treatment of osteochon-
dral defects do not provide viscoelastic properties comparable to
those of articular cartilage. Tissue engineering scaffolds may also
result in fibrocartilage or mineralized cartilage, which are unde-
sired, and bioinert synthetic polymers integrate poorly with sur-
rounding tissues. Biomaterials designed for osteochondral defect
repair must promote the health of adjoining tissues and provide
mechanical stability. The purpose of this study was to synthesize
and evaluate an HA–high-density polyethylene graft copolymer
(HA–co-HDPE) for the repair of osteochondral defects. Our long-
term goal is to create a permanent biomaterial which can replace
articular cartilage and match its viscoelastic properties while
supporting mineralization for bone integration and stabilization
of the implant. It was proposed that the copolymerization with
polyethylene would stiffen HA and that the viscoelastic properties
of HA–co-HDPE could be tailored as an articular cartilage replace-
ment by modifying copolymer composition (i.e. HA content and
covalent crosslinking). Furthermore, it was anticipated that the
HA–co-HDPE would be non-cytotoxic and support mineralization
due to the incorporation of HA.
2. Materials and methods

2.1. HA–co-HDPE synthesis and compression molding

Methods for producing an ammonium salt-complexed deriva-
tive of HA have previously been reported [25,26]. Briefly, HA (Gen-
zyme, 650 kDa) and hexadecyltrimethylammonium bromide
(CTAB) solutions were mixed together at room temperature to
form the precipitate, HA–CTA. A 0.1% (w/v) maleic anhydride graft
HDPE (MA–g-HDPE) (Solvay Plastics, 15 kDa, 3 wt.% MA) solution
was refluxed in xylenes then added to a 0.5% (w/v) HA–CTA solu-
tion in dimethyl sulfoxide. The solution was vigorously mixed for
12 h at 110 �C then vacuum dried at 50 �C for 72 h. The reaction
products were added to a 0.2 M NaCl solution to remove the
CTA+ salt. The HA–co-HDPE product was washed with ethyl alco-
hol, resuspended in deionized water, and vacuum dried at room
temperature. HA–co-HDPE was fabricated with theoretical weight
ratios (based on reactant stoichiometry) of 10%, 28% and 50% (10%-
HA, 28%-HA and 50%-HA).

Prior to melt processing, the melting temperature (Tm) of HA–
co-HDPE was determined by differential scanning calorimetry un-
der nitrogen (TA Instruments DSC 2920) according to ASTM D3418
(samples were heated from room temperature to 180 �C at a rate of
10 �C min�1). The average Tm of the different HA–co-HDPE formu-
lations was found to be approximately 100 �C. Thus, HA–co-HDPE
powder was compression molded at 110 �C under 8 MPa for
10 min in an inert atmosphere. The HA portion of the compres-
sion-molded graft copolymer was chemically crosslinked after
compression molding (select samples) via poly(hexamethylene
diisocyanate) [26], forming chemically crosslinked HA–co-HDPE
with 10, 28 and 50 wt.% HA (xlinked 10%-HA, xlinked 28%-HA,
xlinked 50%-HA).
2.2. Dynamic mechanical analysis

Cylindrical acellular HA–co-HDPE samples (10%-HA, xlinked
10%-HA, 50%-HA, xlinked 50%-HA) and MA–g-HDPE control, with
nominal heights of 2 mm and diameters of 4 mm, were soaked in
phosphate-buffered saline (PBS) at room temperature for 12 h
prior to testing (n = 3). Pure HA was not tested since it could only
be produced as a thin film after chemical crosslinking. An initial
quasi-static compression test was performed to determine the
upper strain limit of the linear viscoelastic range, and all samples
were tested using strains below this limit. Samples were precondi-
tioned in PBS for 20–25 min using the same loading profile used in
testing: samples were preloaded to 300 mN (23.87 kPa) and
dynamically compressed in load control with 10 lm strain ampli-
tude (0.5% strain). The storage (E0) and loss (E00) moduli were mea-
sured in unconfined compression under this load and strain
amplitude (Perkin Elmer Diamond DMA) at frequencies of 0.01,
0.1, 1 and 10 Hz while the samples were fully immersed in 37 �C
PBS solution.
2.3. Bone marrow stromal cell isolation and culture

Compression-molded HA–co-HDPE with 10 wt.% HA, chemically
crosslinked HA-co-HPDE with 10 wt.% HA (10%-HA, xlinked 10%-
HA), and tissue culture polystyrene controls were adhered to the
bottom of 24-well tissue culture plates with medical-grade adhe-
sive (Nexaband�, Abbot Laboratories) for the bone marrow stromal
cell (BMSC) study. Samples were disinfected with 70% ethanol,
rinsed with PBS, exposed to UV in a laminar flow hood for
10 min, and soaked in medium 2 h prior to seeding with BMSCs.
Studies were performed in triplicate for all samples. 10%-HA and
xlinked 10%-HA samples were chosen for the in vitro study because
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they were previously shown to have less of an impact on ALP pro-
duction, compared to the 28%-HA and 50%-HA groups, when cul-
tured with a human osteoblast cell line [27], and thus provided a
‘‘worse-case’’ scenario for osseogenic activity.

BMSCs were isolated from Wistar rats (Rattus norvegicus)
supplied by Harlan Sprague Dawley Inc. Limbs were aseptically
removed from recently killed animals. Soft tissue was removed
and the bones were briefly stored in cold PBS before isolating cells.
The metaphyseal ends of the bones were removed to expose the
bone marrow cavity. In a 50 ml conical tube, marrow was repeat-
edly flushed with culture medium (a-MEM with 10% fetal bovine
serum and 1% penicillin/streptomycin) using 10 ml syringes with
18 and 25 gauge needles. Medium containing cells and debris was
filtered with a 70 lm nylon filter into a clean tube. Cells were
seeded on samples in a 24-well plate at a density of 1 � 106 cells
well�1. Cells were cultured in the same medium as described above.
Cultures were incubated at 37 �C and 5% CO2 for the duration of the
study. Half of the medium was changed on day 4. On day 7, all the
medium was replaced with an osteogenic differentiation medium
consisting of a-MEM supplemented with 10% fetal bovine serum,
1% penicillin/streptomycin, dexamethasone (10�8 M), ascorbic acid
(50 lg ml�1) and b-glycerolphosphate (8 mM). The medium was
changed every 2 or 3 days with osteogenic medium up to 2 weeks.
The duration of the entire experiment was 21 days.

2.4. BMSC adhesion and proliferation

Cell responses to the hydrogels were investigated through cell
adhesion, viability (mitochondrial activity) and morphology. Cell
viability was measured after 1 and 4 days of culture (log phase
growth) using a commercially available MTT assay kit (Sigma).
Adhered cells were incubated at 37 �C for 3 h in a (3-[4,5-dimeth-
ylthiazol-2-yl]-2,5-diphenyl tetrazolium bromide (MTT) solution.
Mitochondrial dehydrogenases of viable cells cleave the tetrazo-
lium ring, yielding purple formazan crystals. Formazan crystals
were then dissolved in the MTT solvent with 10 vol.% Triton-X.
The optical density (OD) of the solvent is proportional to the mito-
chondrial activity of the cells on the surface. OD was measured at
570 nm using a spectrophotometer (FLUOstar Omega, BMG
Labtech, Durham, NC). Background absorbance at 690 nm was
subtracted from the measured absorbance. Blank samples with
no cells were used to normalize the data.

Cell adhesion was investigated using a commercially available
live/dead assay. Calcein–AM can penetrate live cell membranes,
where the AM is cleaved and the resulting calcein molecule fluo-
resces green (excitation/emission �495 nm/�515 nm). The cells
were incubated in 2 lM of calcein–AM solution in PBS for 45 min
and were imaged with a fluorescence microscope (Zeiss) with
appropriate filters. Ethidium homodimer-1 enters cells with dam-
aged membranes and undergoes a 40-fold enhancement of fluores-
cence upon binding to nucleic acids, thereby producing a bright red
fluorescence in dead cells (excitation/emission�495 nm/�635 nm).

2.5. BMSC differentiation

Cellular response to the hydrogels was investigated 1 and
2 weeks after providing the cells with osteogenic differentiation
medium. Intracellular protein content was used to look at cellular
functionality during differentiation and to normalize the calcium
assay data. Calcium and phosphate deposition on the hydrogels
was used to assess the osseoconductive properties. Hydrogels
and control substrates were removed from the culture media and
rinsed twice in PBS prior to analysis.

To determine the total protein content, the adhered cells were
lysed with Cell Lytic™ solution (Sigma) for 1 h. The total protein
content of the lysate was measured using a commercially available
protein assay and the absorbance of the solution was measured
using a plate reader at a wavelength of 570 nm. The absorbance
was then converted to protein content using an albumin standard
curve to determine the amount of intracellular protein.

In order to stain the hydrogels and controls for phosphate, they
were rinsed twice with cacodylate buffer and then immersed in 4%
paraformaldehyde (w/v) in cacodylate buffer for 10 min. They were
then rinsed with deionized water, and then a solution of silver ni-
trate in deionized water was added for 20 min, allowing the phos-
phate and silver nitrate to react to form a brown precipitate. The
reaction was stopped by rinsing three times with de-ionized water.
The hydrogels were dried in a desiccator and digital images of
stained surfaces were captured using a Canon PowerShot SD1000.

In order to stain the hydrogels and controls for deposited cal-
cium, they were rinsed twice in cold (4 �C) Ringer’s solution. They
were then immersed in cold 4% paraformaldehyde (w/v) in PBS
solution for 10 min, rinsed in cold deionized water, and submerged
in cold alizarin red solution (2 wt.%) in sodium hydroxide for
10 min. The hydrogels were rinsed three times with cold deionized
water and allowed to dry in a desiccator. Calcium forms an alizarin
red S–calcium complex via a chelation process, and the end prod-
uct is birefringent. Digital images of stained surfaces were captured
using a Canon PowerShot SD1000.

The amount of calcium deposited on materials was quantified
using a commercially available colorimetric kit (Bioassay Systems
QuantiChrom). Hydrogels and control substrates were removed
from culture wells, rinsed twice with PBS and incubated in 6 M
HCl for 2 h at room temperature to release and dissolve the cal-
cium on the surface. The amount of calcium deposition was mea-
sured using the o-cresolphthalein complexone method which
forms a colored complex that absorbs at 570 nm [28–30]. The color
intensity was measured with a spectrophotometer and calibrated
by a standard solution of known concentration.

Mineralization on the hydrogels was also investigated using
field emission scanning electron microscopy (SEM) (JEOL JSM-
6500F). The hydrogels were gently removed from the culture med-
ia and immersed in PBS for 5 min to remove unadhered cells and
proteins. The cells were then fixed in a fixing solution (3% glutaral-
dehyde with 0.1 M sucrose and 0.1 M sodium cacodylate in deion-
ized water) for 45 min, rinsed in a buffer solution (fixing solution
without glutaraldehyde), and then dehydrated in increasing con-
centrations of ethanol (30%, 50%, 70%, 90% and 100%) for 10 min
each. After dehydration the hydrogels were immersed in hexam-
ethyldisilazane (HDMS) for 10 min and then air-dried. The hydro-
gels were stored in a desiccator until further characterization.
They were then sputter-coated with 10 nm of gold and imaged
by SEM. Samples prepared for SEM were also examined for surface
elemental composition using an energy-dispersive X-ray spectros-
copy (EDX) probe (Thermo Electron, Noran system) attached to the
JEOL JSM 6500F microscope. EDX was used to detect mineraliza-
tion (calcium and phosphorus) on the samples. Instrument aper-
ture and probe current were adjusted to give a dead time of
between 15% and 20%. Surfaces were analyzed for 5 min at 5–
15 kV and a magnification of 100–5000� to provide a complete
profile of the different elements present. Spatial element mapping
was performed by grouping pixels with similar atomic spectra.

2.6. Statistical analysis

All the substrates were cultured and assayed in triplicate at
each time point specified. All the studies were conducted in tripli-
cate using different animals as the BMSC source for each study. The
data was pooled from the studies using different cell sources
(n = 9). All the statistics are presented here as mean ± standard
deviation. A two-tailed, unpaired t-test was performed to deter-
mine the statistical significance, defined as a P-value less than 0.05.
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3. Results

3.1. Dynamic mechanical analysis

Unconfined dynamic compression testing was performed to
determine the storage modulus, E0, loss modulus, E00, and tan d of
the various HA–co-HDPE formulations; the data is presented in
Fig. 1. Collectively, the E0 of the various copolymer compositions
were observed to range from 2.4 to 4.4 MPa at 0.01 Hz, 3.3 to
4.24 MPa at 0.1 Hz, 4.9 to 10.6 MPa at 1 Hz, and 6.7 to 15.0 MPa
at 10 Hz. The E0 for the MA–g-HDPE control, which was an order
of magnitude higher (significantly higher) compared to the HA–
co-HDPE samples, ranged from 35.5 to 76.0 MPa at 0.01 and
10 Hz, respectively. For all HA–co-HDPE samples, E0 increased as
loading frequency increased. The xlinked 28%-HA and 28%-HA
groups were the stiffest at all loading frequencies, while the
xlinked 10%-HA group was the most compliant. At all loading fre-
quencies, the xlinked 28%-HA group had a significantly higher
(P < 0.05) storage modulus compared to the xlinked 10%-HA group.

The MA–g-HDPE control exhibited significantly higher E00 com-
pared to all of the HA–co-HDPE samples. At 0.1 Hz, the E00 of the
MA–g-HDPE control peaked, then began to decrease, whereas the
E00 of the HA–co-HDPE materials increased with increasing loading
frequency. The 28%-HA and xlinked 28%-HA groups exhibited high-
Fig. 1. Storage moduli (E0), loss moduli (E00) and tan d (average ± standard deviation)
of HA–co-HDPE samples and a MA–g-HDPE control tested in dynamic unconfined
compression in PBS at 37 �C (n = 3).
er E00 values compared the other HA–co-HDPE groups. At 0.01 Hz,
the xlinked 28%-HA group had a significantly higher (P < 0.05) loss
modulus compared to the xlinked 10%-HA, 10%-HA and 50%-HA
groups; the 28%-HA also had a significantly higher loss modulus
compared to the xlinked 10%-HA group. At 0.1 Hz, the xlinked
28%-HA had a significantly higher loss modulus compared to the
50%-HA group (P < 0.04). At 1.0 and 10 Hz, the xlinked 28%-HA
group had a significantly higher loss modulus compared to the
xlinked 10%-HA group (P < 0.04).

The tan d data reflects the ratio of the trends in the E00 to the
trends in the E0 data. The HA–co-HDPE samples exhibited higher
tan d values than the MA–g-HDPE control at 0.1, 1.0 and 10 Hz.
At 0.01 Hz, the 28%-HA and xlinked 28%-HA groups had signifi-
cantly higher (P < 0.02) tan d values compared to the 10%-HA,
xlinked 10%-HA and 50%-HA groups. At 0.1 Hz, the xlinked 28%-
HA group had a significantly higher (P < 0.01) tan d compared to
the 10%-HA and 50%-HA groups. At 1.0 Hz, the 28%-HA and xlinked
28%-HA groups had significantly higher (P < 0.03) tan d values
compared to the 10%-HA group. At 10 Hz, the 50%-HA group had
a significantly higher (P < 0.05) tan d compared to the 10%-HA,
xlinked 10%-HA and xlinked 28%-HA groups. The xlinked 28%-HA
was significantly higher (P < 0.05) compared to the 10%-HA,
xlinked 10%-HA and 28%-HA groups.
3.2. BMSC adhesion and proliferation

BMSCs were viable on both HA–co-HDPE samples, 10%-HA and
xlinked 10%-HA, after 4 days of initial culture. The MTT absorbance
values for the 10%-HA and xlinked 10%-HA samples were not sig-
nificantly different at either time point; the results of the MTT as-
say after 1 and 4 days of culture are shown in Fig. 2. Cell adhesion
was investigated using a commercially available live/dead assay
after 4 and 7 days of culture. Representative images of live (stained
green) and dead (stained red) cells on the surface of 10%-HA and
xlinked 10%-HA samples are shown in Fig. 3; images were taken
at 10� magnification. A significantly higher number of live cells
are present on both materials after 4 and 7 days of culture com-
pared to dead cells.
3.3. BMSC differentiation

To investigate the ability of these materials to promote miner-
alization and osseointegration, cellular production of calcium
phosphate was examined after osteogenic differentiation of the
BMSCs using a calcium assay, aliziran red and von Kossa staining,
Fig. 2. MTT cytotoxicity assay results (average ± standard deviation) for HA–co-
HDPE samples and a tissue culture polystyrene control after 1 and 4 days of initial
culture.



Fig. 3. Fluorescent microscopy images taken at 10� magnification of BMSC-seeded hydrogels after 4 and 7 days of culture. Live cells = green; dead cells = red.

Fig. 4. Calcium assay results (average ± standard deviation) for bone marrow
stromal cell seeded HA–co-HDPE samples and a tissue culture polystyrene control 1
and 2 weeks after differentiation (n = 3).

Fig. 5. Total protein content measured using BCA assay (average ± standard
deviation) for HA–co-HDPE samples after 1 and 2 weeks of differentiation.

Fig. 6. Images of HA–co-HDPE samples and a tissue culture polystyrene control
stained for calcium and phosphate 2 weeks after differentiation.
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and SEM and EDS. The amounts of calcium measured for the 10%-
HA and xlinked 10%-HA materials were significantly higher
(P < 0.05) compared to the tissue culture polystyrene control for
all time points (shown in Fig. 4); the 10%-HA and xlinked 10%-
HA materials were not significantly different from each other.
The results of the BCA assay after 1 and 2 weeks of culture are
shown in Fig. 5.

Fig. 6 shows digital photographs of the stained surfaces (cal-
cium (red) on top; phosphate (brown) stain on the bottom)
2 weeks after differentiation. The intensity of the stain for both
HA scaffolds appeared to have similar intensities at both time
points. The von Kossa stains were very dark, indicating a dense
presence of phosphates on the surface, while the alizarin calcium
stain was less stark but still indicated a dense presence of cal-
cium on the hydrogel surfaces. For both stains, the TCPS control
revealed less mineralization. Calcium phosphate minerals in the
early form of spherulites or globules were observed after 1 week
of differentiation on HA–co-HDPE materials. SEM images after
2 weeks of differentiation of 10%-HA and xlinked 10%-HA sam-
ples are shown in Fig. 7, in addition to an EDS elemental compo-
sitional map of the HA–co-HDPE surfaces. EDS confirmed the
presence of calcium and phosphorus on the hydrogels, suggest-
ing mineralization.



Fig. 7. SEM image (A) and EDS map and spectra (B–D) of HA–co-HDPE samples (10%-HA = left, xlinked 10%-HA = right) 2 weeks after differentiation; calcium and phosphorus
were shown to be present. SEM images were taken at 500� magnification.
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4. Discussion

This study investigated the viscoelastic properties, cytotoxicity
and biomineralization potential of novel HA–co-HDPE materials
as permanent implants for the repair of osteochondral defects.
HA was incorporated to utilize its viscoelastic and osseoinductive
properties, while HDPE was grafted onto HA to improve the mate-
rial’s stiffness compared to HA hydrogels. The individual mechan-
ical properties of HA and HDPE differ significantly from those of
articular cartilage, HA being much more compliant and HDPE being
much stiffer than articular cartilage [4,18]. The novel HA–co-HDPE
materials exhibited mechanical behavior characteristic of healthy
articular cartilage, indicating promise as a permanent replacement
for cartilage in osteochondral defects. The viscoelastic properties of
the HA–co-HDPE materials were dominated by the presence of
HDPE; modifying the weight per cent of HA in the HA–co-HDPE
did not result in a significant correlation between moduli values
and per cent HA. The crystalline domains and tie molecules (e.g.
physical crosslinks) within the HDPE increased the stiffness of
the HA–co-HDPE materials compared to HA-based hydrogels. The
HDPE stiffening of the HA material is akin to the stiffening effect
of collagen fibers on the HA-rich extracellular matrix of cartilage.
It is also clear that the introduction of HA did significantly alter
the mechanical performance of the HDPE, resulting in a much more
compliant material. While HDPE has a much higher modulus than
the range of moduli reported for cartilage in the literature, the HA–
co-HDPE materials tested herein have moduli values closer to
those reported for articular cartilage [16,31].

The dynamic modulus of articular cartilage varies depending on
the age and species of the animal, location, loading frequency [32]
and tissue preparation method. Although a tissue sample control
was not used for this study, the parameters of the dynamic
mechanical analysis enable us to make comparisons between the
properties of the experimental samples and articular cartilage.
Loading frequencies of 0.01–10 Hz were used in the current study
as they represent physiologically relevant frequencies [33]. The
compressive strain amplitude of 0.5% used for the current study
is relatively low compared to some testing regimes of 5–20% strain
used by other researchers [16]. In addition, lower preloads and
compressive strain amplitude were used in this study because all
samples had to be tested under the same conditions and these
were the highest preload and strain amplitude that the dynamic
mechanical analyzer could apply to the relatively stiff MA–g-HDPE
control samples. Since the samples in this study and in other
studies were all tested within their respective linear elastic ranges,
comparisons can be made between the dynamic moduli, which
should not be strain amplitude dependent within the linear elastic
regions of the respective materials.

At 0.1 Hz, the unconfined dynamic stiffness of articular cartilage
has been reported as 4–8 MPa. The storage moduli for the HA–co-
HDPE materials were very similar to those of articular cartilage at
0.1 Hz, and ranged from 3.7 to 8.1 MPa (Fig. 1). The storage modu-
lus for the MA–g-HDPE control was 42.9 MPa at 0.1 Hz. Tan d rep-
resents the damping capacity of the material or the ratio of energy
dissipated (E00) to energy stored (E0). The HA–co-HDPE samples had
higher tan d values (i.e. more energy dissipation) than the MA–g-
HDPE samples. It was expected tan d would decrease with an in-
crease in loading frequency; this was not seen in all of the materi-
als over the test range. Future work may investigate the HA–co-
HDPE behavior under larger strains and directly compare it to car-
tilage tissue tested under the same conditions.

HA–co-HDPE was developed for use in the permanent replace-
ment (i.e. not as a tissue engineering scaffold) of articular cartilage
and repair of osteochondral defects [34]. Since BMSCs are found
naturally in vivo, and since articular cartilage replacements are of-
ten anchored in place via osseointegration with subchondral bone,
their interaction with hydrogels was investigated [35]. BMSCs
seeded on crosslinked and non-crosslinked HA–co-HDPE materials
did not exhibit cytotoxic effects, assessed using an MTT assay
(shown in Fig. 2). Fluorescent images of BMSCs seeded on the
HA–co-HDPE materials indicated that more live cells were present
than dead ones at both time points (shown in Fig. 3). Live cells
were also seen on the tissue culture polystyrene control (images
not shown). The cells appear to be round in shape as opposed to
spread out on the surface of the HA–co-HDPE hydrogels. It has
been reported in the literature that BMSCs cultured on porous
hydrogels exhibit a round morphology on the surface of the mate-
rials [36] and tend to migrate into the bulk of the material [37].
Therefore, it was theorized that the cells migrated into the material
and proliferated rather than remaining on the surface, since few
cells were seen on the surface of the materials after 3 weeks of cul-
ture [38]. This theory is supported by the increase in calcium con-
tent on the HA–co-HDPE materials and the increase in intracellular
protein concentration over the culture period of 2 weeks.

The performance and clinical relevance of a biomaterial de-
signed for bone integration relies heavily on its ability to accelerate
the cellular production of organic and inorganic extracellular ma-
trix, in order to integrate with surrounding osseous tissue. EDS
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analysis was performed on HA–co-HDPE materials before differen-
tiation to demonstrate that no calcium or phosphorus was present
on the sample; therefore, mineralization was cell-based as a result
of BMSC differentiation to osteoblasts and not due to protein inter-
action with the HA-containing materials. The SEM images and cor-
responding EDS maps shown in Fig. 7 demonstrate the ability of
the differentiated BMSCs to deposit inorganic matrix compounds
on the HA–co-HDPE materials. The surfaces of the HA–co-HDPE
materials appeared smoother before differentiation compared to
the rough, rocky appearance of the materials after differentiation.
The intensity of the calcium and phosphorus deposition on the
HA–co-HDPE materials was significantly greater compared to the
tissue culture polystyrene control, which is attributed to the bioac-
tive component, HA, and not deposition of some form of calcium
phosphate from the medium used for cell culture. This was also
true for the calcium assay and was seen on the EDS images from
SEM. The mineral morphology is well supported in the literature
as evidence of an early phase of biomineralization [37–38].

This study was limited by the absence of an articular cartilage
tissue control for the direct mechanical analysis experiments.
Properties of articular cartilage reported in the literature cover a
broad range; this can be explained by the intrinsic differences in
the material properties of tissue from different species, the age of
specimen and the location of the specimen in the joint space/body.
However, this study does confirm that the HA–co-HDPE material
may be tailored to match a range of properties that includes those
of cartilage. Another limitation of this study was the exclusion of a
non-seeded HA–co-HDPE material from the cell study. The back-
ground assay data from the HA–co-HDPE acellular controls would
have further verified the enhanced deposition of mineralized ma-
trix by differentiated BMSCs. The interior of the materials after cell
seeding should be examined in the future via cryomicrotoming and
subsequent SEM and EDS analysis or histological staining to deter-
mine if mineralization occurred within the bulk of the HA–co-
HDPE materials. In addition, examination of the effects of varying
the molecular weight of HA on the viscoelastic properties and bio-
activity should be investigated in the future in order to optimize
the HA–co-HDPE for orthopedic applications.
5. Conclusions

HA–co-HDPE is a melt-processable bioactive material, with vis-
coelastic properties similar to those of articular cartilage, and sup-
ports BMSC differentiation and mineralization. HDPE was
incorporated to enhance the viscoelastic properties of HA. The re-
sults of this study demonstrate that by adjusting the constituent
weight ratios in the final composite and incorporating chemical
crosslinking, the viscoelastic properties more closely resemble
those of articular cartilage. The storage moduli values for HA–co-
HDPE show promise for use in replacing articular cartilage. HA–
co-HDPE materials have been shown to be non-cytotoxic in their
crosslinked and non-crosslinked states, and provide a suitable
microenvironment to support mineralization as well as BMSC dif-
ferentiation into osteoblasts. These findings suggest that HA–co-
HDPE holds promise as a permanent implant for the immediate
treatment of osteochondral defects that could mimic the dynamic
properties of cartilage while permitting osseointegration with the
subchondral bone.
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Appendix A. Figures with essential colour discrimination

Certain figures in this article, particularly Figures 3, 6 and 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/j.actbio.2010.11.019.
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