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available, allows immediate weight-bearing,
has short recovery times, and has low longterm failure rates.
Based on the limitations of biological approaches to cartilage restoration, there are
ongoing eﬀorts to perform focal joint resurfacing with durable orthopedic materials
(e.g., cobalt-chromium alloy) to ﬁll chondral or osteochondral defects.[8,9] A primary
concern with these implants is that they do
not match the tribology and mechanical response of native cartilage, resulting in abnormal stress and opposing surface wear
that causes joint degeneration.[10,11] Incorrect placement of these implants can lead
to severe damage of the opposing cartilage
surface.[12] A review of the results of focal
metallic inlay resurfacing prosthesis indicates 20% of patients have to be converted
to arthroplasty after 4 years.[13]
Hydrogels can be created to have a similar stiﬀness and coeﬃcient of friction as cartilage, thereby addressing concerns related to abnormal stress and wear.[14] However, there is currently no way to secure a hydrogel into a cartilage defect site
with the same shear strength as the osteochondral junction
(7.25 ± 1.35 MPa).[15] One of the strongest tissue adhesives is
cyanoacrylate, which has been reported to achieve a lap shear
strength of 0.7 MPa between two pieces of cartilage.[16] In contrast, cyanoacrylate bonds nylon to nylon and steel to steel with
a shear strength of 2.8 and 7.3 MPa,[17,18] respectively. This comparison suggests that the presence of interfacial water in cartilage
(cartilage is 60–85% water by weight)[19] hinders the creation of
a stronger bond. Indeed, mussel and spider glues have mechanisms to displace interfacial water in order to create stronger
bonds.[20,21] Biological approaches to removal of interfacial water have inspired the development of dry, tissue-bonding doublesided tape and strong underwater adhesives.[22–24] Thus, the removal of interfacial water is an important strategy for forming
strong bonds to hydrogels.
Another strategy to form strong bonds with hydrogels is to
mimic the bonding of cartilage to bone.[25] The osteochondral
junction is characterized by a layer of collagen nanoﬁbers extending from the deep zone of cartilage into a mineralized region
that is attached to subchondral bone through an interdigitated
interface.[26,27] In this way, the collagen nanoﬁbers that give cartilage its excellent tensile strength also anchor it to the surface of
bone.

The repair of a cartilage lesion with a hydrogel requires a method for
long-term ﬁxation of the hydrogel in the defect site. Attachment of a hydrogel
to a base that allows for integration with bone can enable long-term ﬁxation of
the hydrogel, but current methods of forming bonds to hydrogels have less
than a tenth of the shear strength of the osteochondral junction. This
communication describes a new method, nanoﬁber-enhanced sticking
(NEST), for bonding a hydrogel to a base with an adhesive shear strength
three times larger than the state-of-the-art. An example of NEST is described
in which a nanoﬁbrous bacterial cellulose sheet is bonded to a porous base
with a hydroxyapatite-forming cement followed by inﬁltration of the
nanoﬁbrous sheet with hydrogel-forming polymeric materials. This approach
creates a mineralized nanoﬁber bond that mimics the structure of the
osteochondral junction, in which collagen nanoﬁbers extend from cartilage
into a mineralized region that anchors cartilage to bone.

Articular cartilage lesions, which most often occur in the knee,
have a limited intrinsic ability to heal and are associated with joint
pain and disability.[1] Common strategies for cartilage restoration, such as microfracture, have high failure rates (≈50% at 10
years) and prolonged rehabilitation times (12–18 months).[2–4]
Implantation of fresh osteochondral allografts can allow immediate weight-bearing and, with a survivorship of 82% at 10 years, is
the most successful strategy for treatment of cartilage defects.[5,6]
Unfortunately, the small supply of fresh allografts limits the
number of these procedures to around 1% of all cartilage repair
surgeries. Decellularized, shelf-stable allografts have very high
failure rates (72% in 2 years) characterized by delamination of
the articular cartilage in the graft due to collagen degradation.[7]
There is a clear need for a cartilage repair method that is widely
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Figure 1. A) Illustration of Nanoﬁber-Enhanced STicking (NEST). B) Image of a hydrogel bonded to a titanium plug with the NEST method. C) Tensile
stress–strain curves of BC-PVA-PAMPS hydrogels prepared from wet and freeze-dried BC, as well as freeze-dried and rehydrated BC-PVA-PAMPS (where
BC is bacterial cellulose, PVA is polyvinyl alcohol, and PAMPS is poly(2-acrylamido-2-methyl-1-propanesulfonic acid sodium salt). D) Sheer strength
obtained for the NEST method using an 𝛼-tricalcium phosphate (𝛼-TCP) cement compared to state-of-the-art hydrogel adhesives and the osteochondral
junction.

This communication describes a new approach, nanoﬁberenhanced sticking (NEST), that combines the strategies of water
removal and nanoﬁber mineralization. The essence of this strategy, illustrated in Figure 1A,B, is to ﬁrst attach a dry nanoﬁbrous
layer to a porous base of interest before inﬁltration of the hydrogel
components. In this way, the adhesive or cement can penetrate
into the porous nanoﬁbrous network and create an interdigitating bond without the interference of water.
A recently reported cartilage-equivalent hydrogel composed of bacterial cellulose (BC), polyvinyl alcohol (PVA),
poly(2-acrylamido-2-methyl-1-propanesulfonic acid sodium salt)
(PAMPS), and 59% water proved to be an excellent candidate
for this strategy.[14] The BC nanoﬁbers in the hydrogel provide
a source of tensile strength similar to collagen nanoﬁbers in
cartilage. Although this hydrogel was previously prepared from
wet BC, we found that BC could be freeze-dried and inﬁltrated
with PVA and PAMPS to create a hydrogel with nearly the
same tensile strength (12.37 ± 3.83 MPa) as one that is not
freeze-dried (13.42 ± 3.86 MPa). As shown in Figure 1C, the
tensile strengths of hydrogels prepared by the inﬁltration of wet
or freeze-dried BC are well within the range of tensile strengths
reported for human cartilage (8.1–40 MPa).[28] In contrast, if
the full BC-PVA-PAMPS hydrogel is freeze-dried, the tensile
strength is only 9.62 ± 2.63 MPa. This result suggests the nanoﬁbrous BC can accommodate the formation of ice crystals by ﬁber
displacement without ﬁber fracture, whereas the molecularly
cross-linked hydrogel network is irreversibly damaged by ice
crystal formation.
Figure 1D compares the maximum adhesive shear strength
achieved for the NEST strategy with the previous work (see also
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Table S1, Supporting Information).[16,29–44] Mimicking the osteochondral junction, we mineralized the BC nanoﬁbers with
a hydroxyapatite-forming cement to achieve an adhesive shear
strength of 2.28 ± 0.27 MPa, a three-fold increase over the stateof-the-art. This is lower than the shear strength reported for
the human osteochondral junction (7.25 ± 1.35 MPa),[15] but is
similar to the shear strength reported for the bovine osteochondral junction (2.6 ± 0.58 MPa)[45] and human subchondral bone
(2.45 ± 0.85).[15] The rest of this communication describes the
experiments performed to arrive at this shear strength.
We focused on the use of 𝛼-tricalcium phosphate (𝛼-TCP) as
a hydroxyapatite-forming cement for attachment of the hydrogel
due to its biocompatibility, osteoconductivity, and shear strength
that exceeds that of cyanoacrylate.[46,47] By itself, 𝛼-TCP does not
act as an adhesive. Thus, we tested the addition of 10 wt% phosphoserine (PPS), a component of sandcastle worm glue,[48] to
promote adhesion. Hydroxyapatite is brittle and beneﬁts from
reinforcement,[49] so we tested the addition of 12 wt% stainlesssteel powder (SSP) with an average particle size of 150 µm to
hinder crack propagation.
To create samples for adhesive shear testing and study of the
cement by itself, a dry cement mixture consisting of 0.040 g PPS,
0.312 g of 𝛼-TCP, and 0.048 g of SSP was placed into a small dish,
0.140 mL of water was added, and the powder was rapidly mixed
with the water. Powders were also created without PPS or SSP to
examine the eﬀects of these additives. Approximately 0.150 mL
of the wet cement mixture was added on top of a porous titanium plug in a metal die with an inner diameter of 6 mm. The
plug consisted of a titanium alloy (Ti6Al4V) topped with a 1 mm
thick layer of 3D printed struts with a porosity of 70%. Figure 1A

2001119 (2 of 7)

© 2020 Wiley-VCH GmbH

www.advancedsciencenews.com

www.advhealthmat.de

Figure 2. Image of an 𝛼-tricalcium phosphate (𝛼-TCP) cement sample A) before and B) after shear testing. C) Stress–strain curves for diﬀerent cement
compositions. D) Scanning electron microscopy (SEM) image of the fracture surface for the sample containing stainless-steel powder (SSP) and phosphoserine (PPS) that was pressed at 250 MPa. E) Eﬀect of composition and pressing on adhesive shear strength (n = 3, mean ± SD). F) SEM image
of the fracture surface for the sample made with SSP and PPS without pressing. G) Eﬀect of the strut structure on adhesive shear strength (n = 3). The
p-values from one-way ANOVA are labeled as *p < 0.05, **p < 0.01, ***p < 0.001, and ****p < 0.0001.

includes a rendering of the strut structure in the computer-aided
design (CAD) ﬁle used for 3D printing. Scanning electron microscopy (SEM) images of the powder used for 3D printing and
the printed strut structure are shown in Figure S1 (Supporting Information). The titanium plug is 6 mm in diameter and 6.35 mm
in height. A second titanium plug was immediately placed into
the die with the porous layer in contact with the wet cement, and
the sandwich structure was pressed together for 1 h at 250 MPa.
Samples were also made without the application of pressure to
test the eﬀect of this step on shear strength. The application of
pressure has previously been demonstrated to reduce the poros-
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ity of calcium phosphate cements, thereby improving their compression and ﬂexural strength,[50–52] but the eﬀect of pressure on
the adhesive shear strength of an 𝛼-TCP cement has not been
reported. The sample was placed into water at 85 °C for at least
24 h to facilitate the transformation of 𝛼-TCP into hydroxyapatite
and was stored in water until just prior to shear testing. Figure S2
(Supporting Information) shows the X-ray diﬀraction (XRD) pattern of the 𝛼-TCP cement before and after hydration, conﬁrming
the conversion to hydroxyapatite.[53] Figure 2A shows an image
of the sandwich structure in which the 𝛼-TCP cement bonds two
titanium plugs.
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Shear testing was performed on a Test Resources 830LE63
Axial Torsion Test Machine equipped with a 100 lb load cell and a
custom-made shear testing ﬁxture (see Figure S3, Supporting Information). A cross-head displacement rate of 2 mm min−1 was
used for all the measurements.
Figure 2B is an optical image of the cement fracture surface after shear testing, indicating cohesive failure. This particular sample contained SSP, PPS, and was pressed, but all cement samples
exhibited a similar cohesive fracture surface. A previous study of
a PPS-containing 𝛼-TCP cement demonstrated that failure can
be partially adhesive for bonding smooth titanium plugs but becomes cohesive when the cementitious bond is made between
porous titanium surfaces.[14]
Figure 2C shows typical stress−strain curves for shear testing
of cements with diﬀerent compositions, and Figure 2D shows
the average and standard deviation of the strength for three samples of each composition. The cement composition with the highest adhesive shear strength (4.76 ± 0.55 MPa) was pressed at
250 MPa and contained both SSP and PPS, in addition to the
𝛼-TCP cement. Without the pressing step, the adhesive shear
strength decreased to 3.29 ± 0.33 MPa. The SEM image of the
fracture surface for the pressed sample in Figure 2C shows the
hydroxyapatite crystals at the fracture surface were thicker than
the ﬂake-like hydroxyapatite crystals that grew in samples that
were not pressed (Figure 2E). Both surfaces diﬀer substantially in
morphology from the spheroidal 𝛼-TCP cement particles (Figure
S4, Supporting Information). Thus the application of pressure
not only changes the porosity but also the crystal morphology of
the hydroxyapatite in the cement, with the stronger sample consisting of a thicker hydroxyapatite crystal morphology.
Without PPS, the adhesive shear strength decreased to
1.68 ± 0.07 MPa. Without the SSP, the adhesive shear strength
decreased to 1.70 ± 0.06 MPa. Thus, SSP, PPS, and mechanical pressing were all necessary to maximize the adhesive shear
strength of the cement.
Next, we studied how the structure of the 3D printed titanium
layer aﬀected the shear strength between two titanium plugs.
Two changes were made: 1) decreasing the porosity from 70% to
30% and 2) decreasing the thickness of the strut layer from 1 to
0.5 mm. As shown in Figure 2F, both changes led to a decrease in
the adhesive shear strength (although the decrease was not statistically signiﬁcant), so the 1-mm-thick layer with a porosity of
70% was used for the rest of the experiments.
After optimizing the adhesive shear strength of the cement
and the structure of the porous titanium layer, we studied the
attachment of the titanium plugs to the hydrogel in a sandwich
structure. Testing was performed with a cement composed of
10 wt% PPS, 78 wt% 𝛼-TCP, and 12 wt% SSP. The cement mixture consisting of 0.080 g PPS, 0.624 g of 𝛼-TCP, and 0.096 g of
SSP was placed into a small dish, 0.280 mL of water was added,
and the powder was rapidly mixed with the water. Then 0.150 mL
of the wet cement mixture was added on top of the porous titanium plug in the die. The BC sheet was placed on top of the cement in the die, and an additional 0.150 mL of the wet cement
mixture was added on top of the BC sheet. A second porous titanium plug was then placed on top of the BC sheet in the die to
create a sandwich structure. The sandwich structure was pressed
for 1 h at 250 MPa. The sample was placed into water at 85 °C for
24 h to facilitate the transformation of 𝛼-TCP into hydroxyapatite.
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The sample was then placed into a hydrothermal reactor with a
mixture of PVA (40 wt%) and DI water (60 wt%) to inﬁltrate PVA
into the BC layer. The sample was frozen at −78 °C and thawed
to room temperature to further increase the strength of the PVA
hydrogel. The sample was then soaked in a solution containing AMPS (30 wt%), cross-linker (N,N′-methylenebisacrylamide,
60 × 10−3 m), and heat initiator (I2959, 50 × 10−3 m) for 24 h.
The hydrogel was heat cured at 60 °C for 8 h and the sample was
soaked in DI water for at least 24 h. An image of the ﬁnished
sample is shown in Figure 3A.
An image of the fracture surface after adhesive shear testing is
shown in Figure 3B. For the fracture surface between the two titanium plugs in Figure 2B, the titanium prongs are visible through
the cement, suggesting that the metal prongs were in contact
prior to fracture. In contrast, for the fracture surface with the BCPVA-PAMPS hydrogel between the titanium plugs in Figure 3B,
the titanium prongs are not visible. Instead, the white, ﬁbrous BC
layer is covering the prongs on the right plug, and the hydrogel
inﬁltrated into the remaining BC is covering the prongs on the
left. This shows that the hydrogel completely penetrated through
the BC layer in between the plugs. This fracture surface, as well
as other similar fracture surfaces not shown, also suggests that
fracture took place close to the interface between the hydrogel
and cement in the BC layer. This may be due to stress concentration at the interface between the relatively soft hydrogel and hard
cement. Previous studies of shear fracture of the osteochondral
junction similarly show that fracture of the osteochondral junction occurs at the tidemark, i.e., the border between cartilage and
mineralized cartilage, presumably due to stress concentration at
this interface.[45] Figure 3D shows SEM images of the left and
right fracture surfaces in Figure 3B, showing the presence of BC
and hydrogel on both surfaces. We could not observe hydroxyapatite at the fracture surface after hydrogel inﬁltration.
Figure 3C shows typical stress−strain curves for diﬀerent hydrogel compositions, and Figure 3E shows the adhesive shear
strength and standard deviation of three samples for each condition. With BC only in between the two titanium plugs, the adhesive shear strength was 0.58 ± 0.23 MPa, eight times lower than
the shear strength of the cement without the BC. This again indicates the cement is attached to the BC layer rather than forming a
continuous bond through the BC layer. We note that, as shown by
the SEM image in Figure S4 (Supporting Information), the size
of the 𝛼-TCP cement particles is 6.6 ± 4.9 µm, which is much
larger than the pores in the BC layer. Therefore, even though a
large pressure is applied to the sandwich structure, the 𝛼-TCP
particles did not completely penetrate through the BC layer. To
conﬁrm this, we created disks consisting of BC pressed into the
cement at 250 MPa, put them into water at 85 °C for 24 h to
form hydroxyapatite, and broke the disks in half to image the BCcement interface. Figure 3F shows hydroxyapatite crystals can be
found up to about 10 microns from the cement-BC interface, with
their frequency decreasing with increasing distance from the interface. This interface shows that the BC is indeed mineralized
by the hydroxyapatite. The hydroxyapatite did not extend into the
BC beyond about 10 microns. Figure S5 (Supporting Information) shows the BC 40 microns from the interface with cement is
completely devoid of hydroxyapatite.
Inﬁltration of PVA into the BC layer increased the strain at failure, but not the adhesive shear strength. Inﬁltration of PAMPS
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Figure 3. Image of sample for testing hydrogel-cement adhesive shear strength A) before and B) after shear testing. C) Typical stress−strain curves for
hydrogels with diﬀerent compositions. D) Scanning electron microscopy (SEM) images of the fracture surfaces in (B). E) Adhesive shear strength and
standard deviation of diﬀerent hydrogel compositions (n = 3). F) Cross-section SEM image of hydroxyapatite mineralizing the bacterial cellulose (BC)
nanoﬁbers. G) Eﬀect of the hydrogel processing on adhesive shear strength (n = 3). The p-values from one-way ANOVA are labeled as *p < 0.05, **p <
0.01, ***p < 0.001, and ****p < 0.0001.

into the BC layer also did not signiﬁcantly increase the strength
and led to a smaller increase in the strain at failure than PVA due
to the more brittle nature of the PAMPS hydrogel.[14] However,
the inﬁltration of both PVA and PAMPS into the BC layer lead to
an increase in the adhesive shear strength to 1.70 ± 0.18 MPa, an
increase of almost 300%. These results indicate the hydrogel
components are penetrating into the BC layer and that both components are necessary to achieve a larger adhesive shear strength
than BC alone. The large increase in strength after the inﬁltration of the PVA-PAMPS hydrogel may be attributed to the hydrogel ﬁlling the porous structure of the BC-cement interface (Fig-
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ure 3F). The hydrogel may also increase the strength of the interface by bridging the BC network, thereby helping to spread the
load across a greater number of BC nanoﬁbers.
The adhesive shear strength can be further improved by performing multiple freeze−thaw cycles on the PVA hydrogel. It
has previously been shown that multiple freeze−thaw cycles increase the tensile strength of PVA ﬁlm.[54] Therefore, we applied
seven cycles of freezing and thawing to the PVA after the inﬁltration into the BC, and before inﬁltration of the PAMPS. Multiple
cycles of freezing and thawing increase the adhesive shear
strength to 2.28 ± 0.27 MPa (see Figure 3G). This is within the
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range of the shear strength between cartilage and subchondral
bone (2.45 ± 0.85 MPa), indicating the strength of this interface
may be suﬃcient for attachment of the hydrogel to a porous titanium implant that allows for bone ingrowth. We also tested
extending the time for diﬀusing the PVA into the BC layer by
heating in the hydrothermal reactor for 3 days instead of 1 day
at 110 °C. This processing change did not improve performance,
indicating that the PVA is fully diﬀused into the BC layer within
24 h.
In order to clarify the extent to which the cement improved
the adhesion to the BC-PVA-PAMPS hydrogel, we tested control
samples in which the titanium plugs were adhered together only
with the BC-PVA-PAMPS hydrogel. Figure S6 (Supporting Information) shows an image of the sample before and after shear testing. The fracture surface suggests the hydrogel-titanium sample
underwent adhesive failure rather than the cohesive failure exhibited by the samples made with cement. The shear strength
was 0.37 ± 0.17 MPa for this hydrogel-titanium sample, 4.6 times
lower than the 1.70 ± 0.18 MPa shear strength achieved by using
cement to attach the hydrogel to titanium. Thus, the presence
of the cement leads to a dramatic enhancement of the adhesive
shear strength.
In summary, we have described a new strategy, NEST, for forming bonds to hydrogels three times stronger than the state-ofthe-art. NEST involves the formation of an adhesive bond to a
nanoﬁbrous sheet in the dry state, followed by the formation of a
hydrogel within the nanoﬁbrous sheet. An example of NEST was
illustrated using an 𝛼-TCP cement containing phosphoserine for
adhesion and stainless steel micropowder for reinforcement. The
cement undergoes hydrolysis to form hydroxyapatite ﬂakes that
mineralize a ≈10-micron-thick layer of the nanoﬁbrous sheet of
BC. This bond is strengthened further after inﬁltration of PVA
and PAMPS into the BC sheet, resulting in nanoﬁber-mediated
attachment between the hydrogel and cement. These results
show strong bonds to hydrogels can be achieved by mimicking
the nanoscale structure of the osteochondral junction, namely
the mineralization of the collagen nanoﬁbers that give cartilage
its tensile strength. Although we have focused on the use of 𝛼TCP cement, other adhesives and cements may be employed with
the NEST strategy. NEST may prove useful for creating hydrogelcapped titanium implants for cartilage resurfacing, in which the
porous titanium base facilitates osseointegration and long-term
ﬁxation.

Supporting Information
Supporting Information is available from the Wiley Online Library or from
the author.
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