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Abstract 1 

Articular cartilage from a material science point of view is a soft network composite that plays 2 

a critical role in load-bearing joints during dynamic loading. Its composite structure, consisting 3 

of a collagen fiber network and a hydrated proteoglycan matrix, gives rise to the complex 4 

mechanical properties of the tissue including viscoelasticity and stress relaxation. Melt 5 

Electrospinning Writing (MEW) allows the design and fabrication of medical grade 6 

polycaprolactone (mPCL) fibrous networks for the reinforcement of soft hydrogel matrices for 7 

cartilage tissue engineering. However, these fiber-reinforced constructs underperformed under 8 

dynamic and prolonged loading conditions, suggesting that more targeted design approaches 9 

and material selection are required to fully exploit the potential of fibers as reinforcing agents 10 

for cartilage tissue engineering. In this study, we emulate the proteoglycan matrix of articular 11 

cartilage by using highly negatively charged star-shaped poly(ethylene glycol)/heparin 12 

hydrogel (sPEG/Hep) as the soft matrix. These soft hydrogels combined with mPCL melt 13 

electrospun fibrous networks exhibit mechanical anisotropy, nonlinearity, viscoelasticity and 14 

morphology analogous to those of their native counterpart, and provide suitable 15 

microenvironment for in vitro human chondrocyte culture and neocartilage formation. In 16 

addition, a high-order finite element methods (p-FEM) was developed in order to gain further 17 

insights concerning the deformation mechanisms of the constructs in silico as well as to predict 18 

compressive moduli. To our knowledge, this is the first study presenting cartilage tissue-19 

engineered constructs that capture the overall transient, equilibrium and dynamic 20 

biomechanical properties of human articular cartilage. 21 

Keywords 22 

biomimetics, hydrogels, fiber reinforcement, tissue engineering, articular cartilage, melt 23 

electrospinning writing, soft fibrous network composites  24 



 

 

 Introduction 1 

Nature transforms individually weak materials into high performance composites and hence, 2 

hard and soft structural biomaterials found in nature have spurred motivation for the design of 3 

materials with biomimetic properties [1–3]. Blueprints of nature’s hard structural materials such 4 

as bone, dentine and nacre have been widely applied to engineer new innovative materials [4–5 

7]. Yet, the combination of a bioinspired and a biomimetic strategy to create advanced soft 6 

network composites has remained largely unexplored. 7 

Fibers are the basic structural building blocks of many soft matrix tissues [8]. Heart valve, skin, 8 

intervertebral disc and articular cartilage are formed by stiff and strong collagen fibrils 9 

interspersed among a weak extracellular matrix (ECM). In addition to structural integrity, fibers 10 

can bring anisotropy and depth-dependent mechanical properties to natural materials with their 11 

orientation and density gradient [9,10]. Despite their fundamental role in natural tissues, it is 12 

only recently that a particular emphasis in the Tissue Engineering and Regenerative Medicine 13 

(TE & RM) community has been placed on fiber-reinforced hydrogels. Bio-textile substrates 14 

[11,12], solution electrospun [13,14] and non-woven [15] meshes have been incorporated with 15 

soft hydrogels for mechanical enhancement. However, the high fiber content, the limited 16 

architectural arrangement of fibers and low interconnected porosity, as well as the thickness in 17 

the resulting composites remain major drawbacks to fulfil the biological requirements for many 18 

TE & RM applications. To address these drawbacks, we recently introduced a reinforcement 19 

strategy for soft matrices in which hydrogels were strengthened with fibrous networks 20 

manufactured by means of Melt Electrospinning Writing (MEW) technology [16,17]. Results 21 

showed up to a 54-fold increase in the compressive modulus of these composite constructs, 22 

with the mesh only contributing less than 10 percentage of the construct volume [16,17]. 23 

However, fiber-reinforced constructs underperformed under dynamic and prolonged loading 24 



 

 

conditions, suggesting that more targeted design approaches and material selection are required 1 

to fully exploit the potential of fibers as reinforcing agents for cartilage tissue engineering.  2 

In this study, we aimed to develop enhanced fiber-reinforced hydrogels that could resemble the 3 

overall complex mechanical properties of the cartilage, including viscoelasticity and stress 4 

relaxation. We hypothesized that these unique features could only be achieved by carefully 5 

selecting a hydrogel that emulates the negatively charged proteoglycan matrix of articular 6 

cartilage. In order to do so, we chose star-shaped poly(ethylene glycol)/heparin hydrogel 7 

(sPEG/Hep) as the soft matrix. sPEG/Hep hydrogels are a bio-hybrid gel system consisting of 8 

a thiol-end modified star-shaped poly(ethylene glycols) (PEG) and negatively charged 9 

maleimide-functionalized heparin, cross-linked via a Michael addition reaction [18]. These 10 

hydrogels have a broad range of applications in TE & RM [19–23]. Along with sPEG/Hep, we 11 

have used fibrin gel as the second biomaterial in this study. Fibrin is a natural polymeric protein 12 

which is involved in critical blood coagulation processes. It is formed by fibrinogen, a plasma 13 

protein, when activated by the enzyme thrombin [24]. It has been implemented for engineering 14 

various tissues, including articular cartilage  [25,26]. Therefore, fibrin was considered as a 15 

suitable control material for the study. mPCL melt electrospun fibrous networks with different 16 

architectures were additive biomanufactured via MEW to reinforce these soft sPEG/Hep 17 

hydrogels.  18 

Mechanical tests were performed alongside a benchmark of native human articular cartilage 19 

and the reinforcement concept was further investigated using high-order finite element methods 20 

(p-FEM). Last, human articular chondrocytes were encapsulated and cultured for 14 days in 21 

fiber-reinforced sPEG/Hep in the presence and absence of mechanical loading to examine the 22 

in vitro performance of the constructs. To our knowledge, this is the first study presenting 23 

cartilage tissue-engineered constructs that capture the overall transient, equilibrium and 24 

dynamic biomechanical properties of human articular cartilage. 25 



 

 

 Materials and methods 1 

2.1 Biofabrication of fiber-reinforced hydrogel composites  2 

MEW, a technology combining additive manufacturing and electrospinning principles, was 3 

employed to manufacture the reinforcing fibrous networks, as described in detail elsewhere [27] 4 

(the schematic illustration of the device and the printing parameters are depicted in Figure 1a). 5 

Briefly, molten mPCL (100 Cº) was extruded through a 23G needle at a volumetric flow rate 6 

of 20 µl h-1. A high voltage of 12.0 – 12.5 kV was applied to the needle. Generated fine 7 

polymeric jet was collected on an aluminum collector plate at a translational velocity of 0.7 m 8 

min-1 in a layer-by-layer manner using a motorized X-Y stage controlled with a computer. 9 

Nozzle-to-collector distance was kept at 15.0 mm. 10 

200, 400 and 600 µm pore-sized fibrous networks were printed with a laydown pattern of 0° – 11 

90° (50 mm x 50 mm x 1.5 mm), pre-programmed in G code. We have previously shown that 12 

fibrous networks having a pore-size within this range provide reinforcement effect to capture 13 

the transient mechanical properties of the native tissues [16,17]. These fibrous networks were 14 

then cut into 5.0 mm diameter round samples using a laser-cutting machine equipped with a 75 15 

W laser (ILS12.75, Universal Laser Systems, Inc. USA). A 7.5 W cutting power and 800 dots 16 

per inch (DPI) of dot density settings were used for the cutting process. The surface of the fibers 17 

was then modified in order to increase their wettability [28]. The laser-cut samples were 18 

immersed into a pre-heated 2.5 M NaOH (37 °C) for 30 mins. For uniform treatment, first, the 19 

samples in the solution were placed into a vacuum chamber for 5 min to remove the entrapped 20 

air bubbles. The rest of the etching process was carried out in a 37 °C incubator. Samples were 21 

then rinsed in double-distilled water several times to remove NaOH residues and reach pH 7, 22 

and finally dried overnight in a vacuum desiccator at room temperature. Wettability was 23 

evaluated by performing contact angle measurements (FTA200, Poly-Instruments Pty. Ltd., 24 



 

 

Australia) on treated and untreated fibrous networks with 200-µm fiber spacing (n=3 for each 1 

group) (Figure S1). 2 

Polymer-peptide conjugates for sPEG/Hep hydrogels were prepared as previously described 3 

[18]. Briefly, four-armed maleimide terminated poly(ethylene glycol) (PEG-Mal; Mn = 4 

10.0x103; PDI = 1.08) was purchased from JenKem Technology USA Inc. (Allen, USA). All 5 

four arms were then conjugated to an MMP-cleavable peptide synthesised in-house. Heparin, 6 

sodium salt, porcine intestinal mucosa (14,000 g/mol) was purchased from Merck Millipore, 7 

(Darmstadt, Germany) and conjugated with six maleimide groups per heparin molecule in-8 

house. Subsequently, hydrogels with a molar ratio (γ) of 1.5, 3.36 mg of heparin-maleimide 9 

conjugate (MW = 15,000) and 5.35 mg of PEG-(MMP)4 conjugate (MW = 15,920) were each 10 

re-suspended in 75 μL of phosphate buffered saline (PBS). The solutions were mixed at a ratio 11 

of 1:1. Fibrin was prepared by polymerization of a 72-110 mg mL-1 human fibrinogen solution 12 

with a 2 IU mL-1 human thrombin solution (Artiss, Baxter AG, Austria) (1:1 volume ratio). The 13 

2 IU mL-1 thrombin solution was prepared from a 4 IU mL-1 solution diluted in 40 mM Calcium 14 

Chloride (CaCl2). This concentration was previously tested to optimize the clotting time of 15 

fibrin during the injection molding process. All precursor hydrogel solutions were gently mixed 16 

to ensure homogeneity and subsequently centrifuged to remove any air bubbles. A positive 17 

displacement pipette was used to inject freshly prepared hydrogel precursor solutions into the 18 

wells of a custom-made injection mold (5.0 mm diameter and 1.0 mm height), with or without 19 

a fibrous network (Figure 1e). The mold was kept at 37 C° for 30 min to ensure crosslinking. 20 

Samples were stored in Dulbecco’s Modified Eagle Medium (DMEM) (Sigma Aldrich) in a 21 

humidified incubator at 37 °C and 5% CO2, and allowed to swell for 24 to 32 h before 22 

evaluation. 23 



 

 

2.2 Morphological characterization 1 

Field Emission Scanning Electron Microscope (FE-SEM; Carl Zeiss Microscopy GmbH, 2 

Germany) was used to analyze the fibrous network morphology and to quantify the diameter of 3 

the fibers. Diameter measurements were conducted on FE-SEM micrographs of the fibrous 4 

networks by analyzing randomly selected fibers (n=50) using ImageJ (National Institutes of 5 

Health, USA). The general morphology of the hydrogel and fiber-reinforced hydrogel 6 

constructs was evaluated under a stereomicroscope (Leica M125, Leica Microsystems, 7 

Germany) to investigate the structural order of the fibrous networks in the hydrogels, the quality 8 

of the hydrogel infiltration, and the presence of any air pockets. Additional magnetic resonance 9 

micro-imaging was performed on non-translucent fibrin-based samples (n=3) using a 300 MHz 10 

Bruker Avance magnetic resonance spectrometer equipped with a 7.0 Tesla magnet and 11 

micro120 imaging gradients (Bruker, Germany) for the same purpose (Figure S2). T2-weighted 12 

images were acquired using an MSME pulse sequence at 256 x 256 µm in-plane resolution, 16 13 

averages, and a field of view of 10 mm using 7.0 ms echo and 1000.0 ms repetition time settings. 14 

2.3 Estimation of volumetric hydrogel fraction of fiber-reinforced hydrogel constructs 15 

The hydrogel content of the fiber-reinforced hydrogels was determined volumetrically. The 16 

weight of the fibrous networks was first measured using a microbalance and then used to 17 

calculate the true fibrous network volume for each sample (VolumeFibrous networks = MassFibrous 18 

networks / DensitymPCL), (DensitymPCL = 1.145 g cm-3), (n=30).  It was assumed that the pores of 19 

the fibrous networks and the remainder of the mold space (5.0 mm diameter and 1.0 mm height) 20 

were completely filled with hydrogel. The volumetric hydrogel fraction of the final composites 21 

was therefore estimated using the following equation: 22 

(Volumetric	hydrogel	fraction	 % 	 x	100)   23 

 (1) 24 



 

 

Since this formula does not take into account the swelling of the hydrogels, the calculated values 1 

indicate the theoretical hydrogel fraction of the constructs immediately after the molding 2 

process. 3 

2.4 Mechanical testing and analysis 4 

All mechanical tests were carried out in an unconfined compression arrangement on a custom-5 

made platform using an Instron MicroTester fitted with a 5 N load cell (5848, Instron, 6 

Australia). The platform had a glass bottom with a calibration scale bar and was equipped with 7 

a digital microscope camera underneath to capture images from below. Samples were 8 

completely submerged in DMEM at 37 °C during the tests to prevent their dehydration and to 9 

simulate a physiological environment. A compressive strain of ~30% of the construct height 10 

was applied at a displacement rate of 0.01 mm s-1, and the compressive modulus (E) was 11 

determined from the slope of the linear region of the stress vs. strain plots between 10-15% 12 

strain (n=6). Stepwise stress-relaxation tests were performed to evaluate the equilibrium 13 

behavior of the samples (n=4). First, a 0.01 N tare load was applied. The samples were then 14 

subjected to 5% ramp compressive strain steps, each followed by a relaxation period (600 s for 15 

hydrogels; fiber-reinforced hydrogels and articular cartilage; and 300 s for fibrous networks 16 

alone), to a total of 20% strain. Stress-relaxation criterion was <10 Pa s-1. The stress-relaxation 17 

curves of the samples which haven’t relaxed in the given time were extrapolated until they met 18 

the stress-relaxation criterion set. A two-phase exponential decay function was used to fit the 19 

curves (R2 > 0.999) and for the extrapolation (GraphPad v6.05, USA). Stress/strain curves of 20 

the relaxation points were plotted, and the slope was used to determine the equilibrium modulus 21 

(EEq.). Images of the samples were captured at the beginning (0% strain) and the end (20% 22 

strain) of the stress-relaxation tests. The images were then processed with ImageJ to quantify 23 

the lateral dimensional changes of the samples in response to the axial compression to calculate 24 

Poisson’s ratio (ν) in equilibrium. At the end of the stress-relaxation tests, samples were 25 



 

 

subjected to one hundred cycles of a sinusoidal compressive strain at a 2.5% amplitude and a 1 

frequency of 0.1 Hz. Dynamic mechanical properties of the samples (storage (E') and loss (E'') 2 

moduli, as well as loss factor (E''/E')) were evaluated at the last compression cycle using the 3 

viscoelastic theory, with σ  and ε  being the amplitudes of stress and strain, respectively, and 4 

δ the phase shift [29]. 5 

( 	 cos δ)          (2) 6 

 ( 	 sin δ)          (3) 7 

Articular cartilage samples were treated similarly (n=6 for uniaxial compression test, n= 4 8 

stepwise stress-relaxation test followed by dynamic mechanical test). Articular cartilage was 9 

obtained with institutional ethics approval from consenting patients undergoing total knee 10 

replacement surgeries for osteoarthritis. Full-thickness cartilage explants were harvested from 11 

macroscopically healthy areas of the lateral femoral condyle (diameter = 5 mm, height = ~1.2 12 

– 2.0 mm) of one donor (71-year old male).  13 

Mechanical properties of NaOH-treated fibers were investigated with tensile tests. Due the 14 

limited resolution of the available load cell (5N) to test very fine fibers, thirty of these fibers 15 

were printed in a wall-like shape for testing instead of being tested individually (Figure S3). To 16 

ease the handling, the fibers were secured within a cardboard frame [30]. Tensile tests were 17 

conducted by pulling the fibers at a displacement rate of 0.01 mm s-1 using an Instron 18 

MicroTester (n=10).  19 

2.5 Measurement of the water release rate from hydrogels in compression tests 20 

The water retention ability of the hydrated hydrogels under a compressive load was evaluated 21 

using a similar loading protocol applied for testing the compressive modulus of the samples 22 

(20% total strain, 0.01 mm s-1). In contrast, however, this test was performed in air, allowing 23 



 

 

the collection of the extruded fluid from hydrogels on the testing platform after compression. 1 

The extruded fluid around the compressed samples was collected using low lint content wipers 2 

(KimWipe) before releasing the compression to prevent potential water reuptake. Tested 3 

samples were put into pre-weighed tubes to prevent the samples from losing weight due to 4 

evaporation. The weight of the hydrogels before and after compression was compared to 5 

determine the amount of water lost. 6 

2.6 Equilibrium partitioning of an ionic contrast agent-microcomputed tomography (EPIC-7 

µCT) 8 

An EPIC-µCT study was performed to investigate the negative charge density of the hydrogels. 9 

Specimens were immersed in a mixture of 40% (v/v) ioxaglate (Hexabrix, Aspen, Australia) in 10 

DMEM at room temperature on a rocker for 12 h. Samples were then imaged in a µCT 40 11 

scanner (Scanco Medical, Brüttisellen, Switzerland) and processed using the Scanco µCT 12 

software [31]. Gray scale images from the EPIC-µCT scans were processed with ImageJ to 13 

quantify the means of the gray values in the images (Figure S4). 14 

2.7 Simulations  15 

The numerical experiments were conducted by using the p-version of the finite element method 16 

(p-FEM) on hexahedral elements. Both of the constituents of the models were assumed to be 17 

isotropic, behave linearly, and deform elastically. In the computational mesh, each fiber was 18 

modelled by three elements forming a solid with an octagonal cross-sectional surface, while the 19 

hydrogel was modelled by elements filling the space between the fibers. The element maximum 20 

and minimum lengths were associated to the fibrous network pore size and fiber diameter, 21 

respectively. The p-FEM method has been shown to be suitable for such elements with high 22 

aspect ratio [32]. A linear-elastic material model was adopted in the present study. The material 23 

parameters (compressive modulus (E) and Poisson's ratio (ν)) were assigned to each fiber- and 24 

hydrogel-element. Experimental data were used as the input for the simulations: EsPEG/Hep = 25 



 

 

34.99 kPa; EmPCL = 317.18 MPa. Poisson’s ratio of sPEG/Hep was measured to be 0.45 ± 0.03 1 

in the stress relaxation tests. However, since the purpose of the simulations was to measure the 2 

stiffness of the constructs at rapid loading, it was assumed that there was not enough time for 3 

the water to leave the hydrogel. Therefore, 0.495 was assigned for the ν value of hydrogel phase 4 

while considering that the hydrogel behaves as an almost incompressible material when loaded 5 

at high strain rates. Poisson’s ratio of bulk mPCL was defined as 0.3. Idealized models of 6 

constructs were tested in the simulations. Models consisted of 24x24, 12x12 or 8x8 pore units 7 

for the 200-µm, 400-µm or 600-µm pore size fibrous networks, respectively.  8 

The fiber-elements share the face associated to other fiber contact surfaces, resulting in an 9 

infinite-strength fiber to fiber bonding. Since the fibrous networks consist of repeating units in 10 

z-direction, two layers of fibers were simulated. Moreover, the symmetry of the fibrous 11 

networks allowed simulating only one quarter of the geometry. Therefore, we imposed 12 

symmetry boundary conditions on the symmetry faces of the model to reduce computational 13 

cost. The compression was enforced by a strong Dirichlet boundary condition on the bottom 14 

face while the remaining faces were subjected to a homogeneous Neumann boundary condition. 15 

This simplified model represented the entire geometry. The compressive modulus (E) was 16 

computed from the extrapolated internal energy of the system. Namely, the exact internal 17 

energy was approximated by extrapolation of a sequence of internal energies obtained by p-18 

extension, as described in detail elsewhere [33]. 19 

2.8 In vitro testing 20 

2.8.1 Cartilage explant preparation, chondrocyte isolation and expansion culture 21 

Articular chondrocytes were isolated from macroscopically normal full-thickness cartilage of a 22 

67-year old male donor based on a protocol previously described [34]. All human articular 23 



 

 

cartilage explants were collected with patient consent and ethical approval from the Prince 1 

Charles Hospital and Queensland University of Technology (Ethics RM: 1400001024).   2 

Cells were propagated on tissue culture plastic dishes (seeded at 3000 cells cm-2) in low-D-3 

glucose chondrocyte basal medium (DMEM with 2 mM GlutaMAX™, 10 mM 4-(2-4 

hydroxyethyl)-1-piperazineethanesulfonic acid (HEPES), 0.1 mM nonessential amino acids, 50 5 

U mL-1 penicillin, 50 µg mL-1 streptomycin, and 0.5 µg mL-1 amphotericin B (Fungizone®) (all 6 

from Invitrogen, CA, USA), 0.4 mM L-proline and 0.1 mM L-ascorbic acid (both from Sigma-7 

Aldrich), supplemented with 10% fetal bovine serum (FBS) (Hyclone, Logan, UT, USA). All 8 

cells and cell/hydrogel constructs were maintained at 37 °C in a humidified 5% CO2/95% air 9 

CO2 incubator and the culture medium changed every 3-4 days. 10 

Passage 1 human articular chondrocytes were encapsulated in sPEG/Hep with and without melt 11 

electrospun fibrous networks by first re-suspending the cells in the hydrogel precursor solution 12 

at 10 million cells mL-1. In order to benefit from the superior biological properties of the 13 

hydrogel [20,35], we have chosen composites reinforced with 600μm pore-sized fibrous 14 

networks for our preliminary in vitro study, which presented the highest volumetric hydrogel 15 

fraction among our samples. Cell/hydrogel constructs with and without the fibrous networks 16 

were cultured in serum-free high-D-glucose basal chondrocyte medium (see above for 17 

composition) with ITS-G (100 × dilution), 1.25 mg ml-1 bovine serum albumin (BSA), 0.1 µM 18 

dexamethasone (all Sigma-Aldrich) and 10 ng ml-1 transforming growth factor beta 3 (TGF-β3) 19 

(GroPep, Adelaide, SA, Australia). 20 

2.8.2  Cell Viability Assay 21 

At days 1 and 14 of culture, live and dead cells were visualized with fluorescein diacetate (FDA) 22 

and propidium iodide (PI) (both Sigma-Aldrich), respectively. Cell/hydrogel constructs were 23 

washed in PBS, incubated in a solution containing 10 µg ml-1 FDA and 5 µg ml-1 PI in PBS for 24 



 

 

5 min at room temperature, and then washed in PBS again. Images were captured using a Carl 1 

Zeiss fluorescence microscope, and the percentage of viable cells was determined using ImageJ 2 

software (National Institutes of Health, USA). 3 

2.8.3 Biaxial mechanical stimulation and gene expression analysis 4 

Constructs were pre-cultured under free swelling conditions for 14 days to allow for 5 

chondrocyte re-differentiation and formation of a protective pericellular matrix [34] before 6 

mechanical stimulation. Unconfined biaxial mechanical stimulation was carried out in a custom 7 

shear and compression bioreactor system housed in an incubator. Loading was facilitated by 8 

polytetrafluoroethylene (PTFE) plungers driven by two orthogonally aligned micro linear 9 

actuators (T-NA Micro Linear Actuators, Zaber Technologies, Vancouver, Canada) with a 10 

resolution of ˂ 50 nm and a repeatability of ˂ 1 µm. Constructs were dynamically loaded for 1 11 

h at 1 Hz at a compressive strain of ~ 20% of construct height and a shear amplitude of 0.4 mm. 12 

Our previous experiments suggested that mRNA levels peaked at 2 h post-completion of 13 

mechanical loading [34]. Therefore, quantitative real-time polymerase chain reaction (qRT-14 

PCR) was conducted 2 h after loading had ceased. 15 

Constructs were homogenized in 1 ml of TRIzol reagent (Invitrogen), and total RNA was 16 

isolated according to the manufacturer’s instructions (n=6). A SuperScript™ III First Strand 17 

Synthesis System (Invitrogen) was used to synthesize complementary DNA (cDNA). DNase 18 

and RNase digestions were performed before and after cDNA synthesis, respectively. qRT-19 

PCR was carried out using SybrGreen® Mastermix (Invitrogen) and a QuantStudio™ 7 Flex 20 

Real-Time PCR system (Applied Biosystems). The cycle threshold (Ct) value of each gene was 21 

normalized to the geometric mean of the housekeeping genes RPL13A using the comparative 22 

Ct method (2-ΔCt). Primer sequences were used as published previously (COL1A1 [36], COL2A1 23 

[36], ACAN [36], PRG4  [36],  RPL13A [37]). 24 



 

 

2.9 Statistical analysis 1 

All quantitative data were evaluated with GraphPad v6.05 (GraphPad Software, Inc., USA) and 2 

expressed as means ± SD. Statistical significance was determined using Student’s t-test or one-3 

way ANOVA followed by Tukey Kramer test for pair-wise comparisons, where appropriate, 4 

with p<0.05 considered significant 5 

 Results and discussion 6 

3.1 Morphology of fibrous networks, hydrogels and fiber-reinforced hydrogels 7 

Representative FE-SEM micrographs of the network architectures printed via MEW at 200, 400 8 

and 600 µm fiber spacing and 0° - 90° lay-down pattern are shown in Figure 1b-d. Irrespective 9 

of fibrous network type, the fibers exhibited continuity and a consistent average fiber diameter 10 

of 21.36 ± 1.37 µm along each construct. This fibre diameter provides higher surface area to 11 

volume ratio in comparison to conventional melt-extrusion based additive manufacturing 12 

techniques such as fused deposition modelling [38] and bioextrusion [39], where filament 13 

diameters of >~250 µm are often reported. Although the accuracy of the fiber positioning 14 

decreased when the fiber spacing was reduced, the intended 0°-90° crosshatch architecture was 15 

highly coherent for all the fibrous networks. For the fibrous networks with a 600-µm fiber 16 

spacing, fibers were deposited with high accuracy on top of each other along the entire 17 

thickness, whereas for the fibrous networks with a 200- and 400-µm fiber spacing, a small 18 

number of fibers were also found in between the pores. Gross morphology characterization of 19 

the resulting fiber-reinforced hydrogels by via both stereomicroscopy and MRI demonstrated 20 

the high infiltration degree of the gels into the pores of the fibrous networks, and only few small 21 

air bubbles entrapped within constructs were identified (Figures 1f and g). 22 



 

 

 1 

Figure 1. (a) Graphical representation of a MEW device showing the optimized printing 2 

parameters used to manufacture reinforcing fibrous networks for this study. These parameters 3 

yield a sustainable Taylor cone formation and a stable polymeric jet, as shown. MEW enabled 4 

a good control over the deposition of the fibers, where the intended 0°-90° crosshatch 5 

architecture and the 200-µm (b), 400-µm (c), and 600-µm (d) fiber spacing of the printed 6 

fibrous networks were highly regular and coherent. Fibers exhibit a good continuity with a 7 

consistent average diameter of 21.36 ± 1.37 µm along each construct. Magnified insets 8 

highlighting the pore size and laser cut edges of the fibrous networks show  a custom-made 9 

injection molding system used for the preparation of fiber-reinforced hydrogels (e), and 10 

stereomicroscopy images of fibrin (f) and sPEG/Hep (g) hydrogels, with and without 11 

reinforcing fibrous networks. 12 



 

 

3.2 Mechanical properties of hydrogels, fibrous networks, fiber-reinforced hydrogels and 1 

biomimetic reinforcement mechanism of soft network composites   2 

The majority of fiber-reinforced samples, especially sPEG/Hep matrix composites, displayed a 3 

pronounced J-shaped stress/strain (σ/ε) curve during unconfined compression (Figure 2a). This 4 

distinctive behavior, characterized by a gradual increase of the tangent modulus with increasing 5 

extension, is particularly common in natural fiber-reinforced soft matrix tissues, including 6 

articular cartilage [40,41]. In natural materials, this mechanical response is mostly attributed to 7 

the uncoiling and straightening of the collagen fibrils at low displacement rates inside a soft 8 

matrix until the fibrils start bearing the load [40]. An analogous behavior was observed at a 9 

macroscopic level when compressing the fiber-reinforced hydrogels (Video S1). Importantly, 10 

the range of the recorded stress values reached those of articular cartilage. Composite samples 11 

first exhibited a very low and flat stress profile at a compressive strain of approximately < 2.5% 12 

(toe region), which started to increase substantially with increasing compressive strain (heel 13 

region; approximately between 2.5 – 10% strain). At the heel region, slightly sagged/kinked 14 

fibers aligned and stretched, leading to a sharp upward transition on the σ/ε curve. Finally, once 15 

the fibers of the composites became taut, σ/ε profiles displayed a linear trend, similar to the 16 

native cartilage behavior. It is important to emphasize that some hydrogels also displayed a 17 

nonlinearity, likely due to the alignment and tensioning of their polymer chains [42–44]. 18 

Although the video capturing the deformation of a fiber-reinforced hydrogel and the high range 19 

of the resulting stress values strongly suggest that the nonlinearity of fiber-reinforced hydrogels 20 

was primarily originating from the reformation of the fibers, hydrogels may also, to some 21 

extent, have contributed to the nonlinear behavior at a molecular level. 22 



 

 

 1 

Figure 2. Mechanical properties of hydrogels, fibrous networks, fiber-reinforced hydrogels and 2 

biomimetic reinforcement mechanism of soft network composites: (a) Representative stress-3 

strain graphs of hydrogels and fiber-reinforced hydrogels in comparison to articular cartilage 4 

exhibiting J-shaped curve. Fiber alignment and stretching at the different stages of compression 5 

were schematically illustrated; and (b) Unconfined compressive moduli (E) of fibrous 6 

networks, hydrogels, fiber-reinforced hydrogels and articular cartilage. Different Roman 7 

numerals and the asterisk indicate a significant difference between each group (n = 6, p < 0.05). 8 

 9 

Compressive moduli (E) of fibrin (EFibrin) and sPEG/Hep (EsPEG/Hep) alone were 10.6 ± 2.5 and 10 

35.0 ± 5.9 kPa, respectively (Figure 2b). Similarly, E of the fibrous networks alone was 11 



 

 

considerably low in comparison to that of human articular cartilage (ENetwork 600µm = 43.0 ± 6.2 1 

kPa; ENetwork 400µm = 52.8 ± 13.7 kPa; ENetwork 200µm = 67.5 ± 12.3 kPa, and ECartilage = 1629.0 ± 2 

256.5 kPa) (n=6). Remarkably, E of the fiber-reinforced hydrogels was up to 29-fold and 42-3 

fold higher than EFibrin and EsPEG/Hep, respectively, and up to 4-fold and 14-fold higher than 4 

EFibrin+ ENetwork and EPEG/Hep+ ENetwork, respectively, suggesting that reinforcement is occurring 5 

through a synergistic interaction between the fibrous network and hydrogel constituents. 6 

According to our observations and previous findings [16,17], fibrous networks alone fail under 7 

compressive loads due to buckling, fiber delamination and misalignment or skewing of the 8 

entire construct and therefore, they possess only limited compressive mechanical strength. This 9 

is in line with the fact that fibers are often stronger in tension in comparison to compression. 10 

Also, due to their poor mechanical properties, hydrogels lose integrity and undergo mechanical 11 

failure at low magnitudes of forces. However, the incorporation of fibrous networks within the 12 

hydrogels overcomes the limitations of both constituents of the system (Figure 2b). In the 13 

composites, the hydrogels expand laterally between the pores of the fibrous networks under 14 

compressive loads, thus stretching the fibers. This allows fibers to carry the compressive loads 15 

applied to the composites in tensile form. Simultaneously, the integrity of the soft hydrogel 16 

matrix is maintained due to the confinement of high-modulus fibers. Inclusion of different 17 

fibrous networks in hydrogels led to different degrees of mechanical reinforcements (Table S1). 18 

EComposite increased with decreasing fiber spacing, likely because of the higher reinforcing filler 19 

ratio. It should be noted that the scope of the study was not only to design composites with 20 

biomimetic mechanical properties, but also to utilize the attractive biological properties of soft 21 

hydrogels. In this regard, hydrogels were retained as the primary constituent of the composites 22 

where the volumetric hydrogel fraction of the fiber-reinforced samples was 88.4 ± 0.3%, 91.9 23 

± 0.2 % and 94.4 ± 0.3 % for the constructs reinforced with 200-µm, 400-µm, and 600-µm 24 

pore-sized fibrous networks, respectively (n=30). 25 



 

 

To compare the time-dependent mechanical properties of the fibrous networks, hydrogels and 1 

soft network composites with articular cartilage, we performed step-wise stress-relaxation tests 2 

consisting of 4 steps of 5% compressive strain ramps, each followed by an equilibrium period 3 

in an unconfined compression (n=4). As seen in the stress vs. time (σ/t) profiles (Figure 3a), 4 

fibrous networks did not show a high degree of relaxation over time. It has been shown that 5 

substrates exhibiting a high degree of stress relaxation upon loading enhance the spreading, 6 

proliferation and regulate the fate of mesenchymal stem cells, suggesting that stress-relaxation 7 

is a fundamental criterion of biomaterials design when culturing mechanosensitive cells [45]. 8 

Similarly to fibrous networks alone, such relaxation behavior was not present in sPEG/Hep 9 

hydrogels (Figure 3c). In contrast, the stress decay of fibrin was very sharp and deep after each 10 

compression ramp, and equilibrium was reached with rapid relaxation (Figure 3b). 11 

Nevertheless, none of the hydrogels and fibrous networks alone displayed an σ/t profile 12 

comparable to that of articular cartilage, and the resulting equilibrium moduli (EEq.) values were 13 

considerably lower (Figure 3d). Although the relaxation of articular cartilage was slightly 14 

slower, Figures 3b-c show that the mechanical response of fiber-reinforced hydrogels to a 15 

stepwise stress-relaxation test resembles that of the native tissue. Specifically, sPEG/Hep + 16 

200-µm fibrous network samples displayed similarity to articular cartilage both mechanistically 17 

and magnitude-wise (for numerical comparison, see Table 1). 18 



 

 

 1 
 2 

Figure 3. (a-c): Typical stress-behavior of fibrous networks (a), fibrin and fiber-reinforced 3 

fibrin (b), sPEG/Hep, fiber-reinforced sPEG/Hep and articular cartilage (c), in response to ramp 4 

displacements. (d): Unconfined equilibrium moduli (EEq.) of hydrogels, fibrous networks, fiber-5 

reinforced hydrogels and articular cartilage. (e): Epic-µCT scans of cell-free fibrin and 6 

sPEG/Hep with reinforced counterparts illustrating the differences in the negative charge 7 

density. (f): Poisson’s ratio (ν) of hydrogels, fibrous networks, fiber-reinforced hydrogels and 8 

articular cartilage. 9 

 10 

Figure 3c depicts that once articular cartilage is exposed to external mechanical stimuli, it 11 

exhibits a high compressive stress that diminishes gradually over time. This can be explained 12 

by the complex dynamic interplays between the interstitial fluid and the solid constituents of 13 

the tissue [46–48]. Previous studies suggested that the exudation of the interstitial fluids does 14 

not occur rapidly. and therefore, compressive loads applied at high strain rates promote the 15 



 

 

pressurization of these fluids restrained by the crosslinked solid constituents of the tissue 1 

[49,50]. Also, this pressurization induces the collagen fibrils of the tissue, which are considered 2 

to have low resistance in compression compared to their ability to carry tensile loads, to 3 

undertake the loads in tensile form [48,51,52]. Thus, articular cartilage exhibits high stress 4 

peaks when loaded at high strain rates [53,54]. Conversely, the transient response of the tissue 5 

is more similar to that of the equilibrium when it is subjected to displacements at low strain 6 

rates [55]. After each stress peak, eventual relaxation occurs gradually through the 7 

reorganization of the solid matrix constituents and the redistribution or loss of the interstitial 8 

fluid [56]. 9 

Since kinetics and outflow of interstitial fluid govern the strain- and time-dependent mechanical 10 

properties of the tissue, we investigated the behavior of water in our hydrogels under 11 

compressive loading. We first compressed the hydrogel-only samples to 20% strain and 12 

measured the water loss upon loading gravimetrically. Similarly to hydrated soft tissues, 13 

hydrogels are known to undergo both volumetric and gravimetric changes through water loss 14 

in response to a compressive loading [57]. We also observed weight reductions of 22.0 ± 6.6% 15 

and 1.9 ± 0.6% in compressed fibrin and sPEG/Hep hydrogels, respectively. Results are in 16 

accordance with the fact that heparin is a highly negatively charged glycosaminoglycan (GAG), 17 

and thus, it strongly attracts water through dipole-dipole interactions [58]. Hence, water 18 

molecules absorbed by sPEG/Hep hydrogels may have a reduced degree of freedom and 19 

therefore. compression-induced water outflow from the hydrogel matrix would be hindered. To 20 

test this hypothesis, we compared the fixed negative charge density of the samples by 21 

equilibrium partitioning of an ionic contrast agent-microcomputed tomography (EPIC-µCT) 22 

[59] using ioxaglate, a negatively charged contrast agent. Results showed that the intensity of 23 

the signal from the contrast agent, depicted in red coloring, was weaker in sPEG/Hep-based 24 

constructs compared to fibrin-based samples, likely because of the stronger repulsion of the 25 



 

 

agent (Figure 3e and Figure S4). This confirmed that sPEG/Hep has a higher fixed negative 1 

charge density than fibrin, indicating that water binds more strongly to the sPEG/Hep. 2 

Furthermore, Poisson’s ratio (ν), a material property which is defined as the negative ratio of 3 

transverse to longitudinal strain, of the constructs was measured during the stepwise stress-4 

relaxation tests (Figure 3f). Results showed that νFibrin was 0.03 ± 0.01, indicating that 5 

compressed fibrin undergoes a significant volumetric loss, whereas νsPEG/Hep was 0.45 ± 0.03, 6 

which indicates a good volumetric conservation in long-term loading. Since hydrogels are 7 

primarily made of water, an almost perfectly incompressible material, they are very likely to 8 

exhibit a high initial ν when loaded at high strain rates. Therefore, both types of hydrogels give 9 

rise simultaneously to matrix pressurization and fiber-tensioning mechanisms similar to those 10 

observed in native articular cartilage at rapid loading. This was reflected on the σ/t curves of 11 

fiber-reinforced composites as high stress peaks. However, owing to its high water retention 12 

capacity, sPEG/Hep expands laterally with an initial ν value close to 0.5 and maintains a good 13 

volumetric stability as measured by νsPEG/Hep (0.45 ± 0.03) under prolonged loading conditions. 14 

Thus, stress peaks were more pronounced in sPEG/Hep- than fibrin-based fiber-reinforced 15 

composites. Also, the resulting equilibrium moduli of reinforced sPEG/Hep hydrogels were 16 

higher than EEq of the reinforced fibrin hydrogels and reached that of articular cartilage. 17 

Similarly to articular cartilage, flow kinetics of interstitial water controls the matrix 18 

pressurization/relaxation levels within the fiber-reinforced hydrogels and therefore plays a key 19 

role in the transient and equilibrium mechanical behavior. As reviewed by Ateshian, both 20 

experimental findings and theoretical models suggest that pressurization of the interstitial fluid 21 

of ECM is the primary regulator of the excellent lubrication mechanism of articular cartilage 22 

[60]. The friction coefficient of the tissue is at its lowest when the load is primarily carried by 23 

the pressurized fluid. We hypothesize that fiber-reinforced hydrogels might express a similar 24 

self-lubricating behavior due to the observed hydrogel and fluid pressurization in response to 25 



 

 

compressive loading. Lastly, Poisson’s ratio of the reinforced hydrogels was significantly lower 1 

than that of their hydrogels only counterparts, suggesting that the lateral expansion of the 2 

reinforced hydrogels is partially constrained by the fibers (Figure 3f). It was suggested that, due 3 

to the compaction of the solid constituents of the tissue, the permeability of articular cartilage 4 

decreases as the compressive strain increases [61]. The reduction in the radially directed 5 

permeability was shown to be significantly higher than the axially directed permeability [62]. 6 

In reinforced hydrogels, while the polymeric network of the hydrogel matrix becomes denser 7 

with increasing compression, the size of lateral pores between the fibers is also gradually 8 

decreasing. Considering that fibers do not allow fluids to pass through them, we expect that 9 

fiber-reinforced hydrogels may show a similar anisotropic strain-dependent permeability. 10 

Soft matrix tissues, including articular cartilage, exhibit viscoelasticity [56]. Despite being one 11 

of the essential characteristics of natural materials, viscoelasticity is often overlooked in the 12 

design and characterization of biomaterials [63]. It is also known that alteration of substrate 13 

viscoelasticity has a direct influence on the behavior of seeded cell populations [64,65]. To 14 

investigate the viscoelasticity of our constructs, we performed dynamic mechanical analysis by 15 

applying one hundred cycles of a sinusoidal compressive strain at an amplitude of 2.5% and 16 

frequency of 0.1 Hz (Figure 4a-c). As expected, fibrous networks alone exhibited a considerably 17 

low loss factor (loss modulus (E'')/storage modulus(E')), a parameter defined as the ratio of 18 

viscous liquid-like behavior to elastic solid-like behavior. This is an indication of prominent 19 

elasticity. sPEG/Hep was also found to be highly elastic. Conversely, fibrin displayed a 20 

considerably high loss factor, indicating high energy dissipation efficiency. However, fibrin’s 21 

low loss modulus value significantly restricts its capacity to damp high applied loads. Fiber 22 

reinforcement had different effects on E''/E' with respect to the hydrogel type, either increased 23 

or decreased, but E''/E' of the resulting composites were closer to that of articular cartilage. 24 

Both E' and E'' of the composites were significantly higher than those of their hydrogel alone 25 



 

 

and fibrous network alone counterparts, and closer to that of articular cartilage (Figure 4b-c). 1 

Specifically, sPEG/Hep hydrogels reinforced with a 200 µm fibrous network displayed a 2 

viscoelasticity similar to that of articular cartilage, characterized by E', E'' and E''/E'. This may 3 

represent a significant advantage for applications that require high energy dissipations such as 4 

high load-bearing tissue substitutes. 5 

 6 

Figure 4. Dynamic mechanical properties of the fibrous networks, hydrogels, fiber-reinforced 7 

hydrogels and articular cartilage, including: (a) Loss factor (E''/E'), (b) Storage (E'), and (c) 8 

Loss (E'') moduli. Different Roman numerals and the asterisk indicate a significant difference 9 

within each group (in the mechanical tests; n = 4 and p < 0.05). 10 

 11 

Table 1. Basic biomechanical properties of hydrogels and selected fiber-reinforced hydrogels 12 

compared to native articular cartilage. *Poisson’s ratio (ν) of the samples was measured in step-13 

wise stress relaxation tests. 14 

 Compressive 

Modulus (E) (kPa) 

Equilibrium 

Modulus (EEq.) 

(kPa) 

Equilibrium 

Poisson’s Ratio 

(ν)* 

Loss Factor (tanδ) 

Fibrin 10.61 ± 2.51 2.27 ± 0.29 0.03 ± 0.01 0.50 ± 0.03 

sPEG/Hep 34.99 ± 5.87 27.80 ± 3.09 0.45 ± 0.03 0.07 ± 0.04 

Fibrin + 

200µm 

network 

316.73 ± 71.34 199.00 ± 11.86 0.02 ± 0.01 0.18 ± 0.03 



 

 

sPEG/Hep + 

200µm 

network 

1497.05 ± 138.26 370.97 ± 88.94 0.07 ± 0.04 0.13 ± 0.02 

Human 

articular 

cartilage 

(experiments) 

1629.30 ± 256.48 452 ± 104 0.12 ± 0.06 0.12 ± 0.02 

Human 

articular 

cartilage  

literature) 
~1750-2250 [63] 

~200-400 [63], 

~200-580 [66] 

~250-500 [67] 

~0-0.1 [68–70], 

0.16 [66], 

0.26 [54] 

~0.15-0.25 [67] 

~0.16-0.17 [63] 

3.3 Simulations 1 

To further advance our insights into the reinforcement mechanism at rapid loading, a numerical 2 

model was developed using the p-version of the FEM (p-FEM). The basic discretization 3 

principle of p-FEM is based on keeping the computational mesh fixed and improving the 4 

accuracy by increasing the polynomial degree of each mesh-element [71]. This is in contrast to 5 

the classical approach available in commercial software, where the size of the elements 6 

composing the mesh is decreased to obtain higher accuracy (h-FEM). High-order FEM has been 7 

shown to provide more accurate results in elements with high aspect ratio at a lower cost 8 

compared to h-FEM [32]. Because of the idealization of the geometry and the absence of 9 

plasticity in the simulations, the fibrous networks alone exhibited a higher stiffness in silico 10 

compared to experimental samples. Simulated and experimental data were otherwise in good 11 

agreement both qualitatively and quantitatively (Figure 5a-d) (Video S2). In fibrous network 12 

alone samples, the load was primarily carried by the fiber junctions whereas the fibers in the 13 

reinforced model were also carrying tensional load because of the expanding gel. Simulations 14 

also revealed that fiber-reinforced hydrogels have a mechanical anisotropy. E of fiber-15 

reinforced hydrogels was highly dependent on the loading direction (from top or side), in 16 

contrast to bulk hydrogels. 17 



 

 

 1 

Figure 5. Simulated displacement behavior and deformed configurations of: (a) sPEG/Hep 2 

alone, (b) 600 µm fibrous network, and (c) sPEG/Hep + 600 µm fibrous network composite for 3 

a given compression level (20% strain). Compressive moduli values (d) were determined from 4 

the simulations in comparison to the experimental data. (EPEG/Hep and EPCL values measured 5 

in the experiments were used to model the hydrogel and fibers in silico, respectively. νGEL was 6 

taken as 0.495 assuming that the hydrogel phase is nearly incompressible at rapid loading and 7 

νmPCL was taken as 0.3). 8 

 9 

In addition to the experimentally identified quantitative and behavioral similarities between the 10 

soft composite networks and the native articular cartilage, a morphological analogy could also 11 

be drawn. Indeed, collagen fibrils of articular cartilage are mimicked by microfibers, and 12 

interstitial water and proteoglycans are presented by the water-saturated hydrogel matrix. In the 13 

case of sPEG/Hep hydrogels, signs of charge-driven-osmosis were identified. This 14 

phenomenon is also present in articular cartilage and is speculated to stem from the negative 15 

charges of proteoglycans [56]. In this regard, with a high negative charge density and a strong 16 

water retention capacity, heparin crosslinked with PEG brings another dimension to the 17 

biomimetic concept through the mechano-electrochemical emulation of the tissue. 18 



 

 

3.4 Cell viability and cellular response to physiologically relevant loading 1 

In vitro studies were carried out to demonstrate the capacity of fiber-reinforced hydrogels to 2 

provide a suitable microenvironment for chondrocyte culture and neocartilage formation. In 3 

order to benefit from the superior biological properties of the hydrogel [20,35], we chose 4 

composites reinforced with 600μm pore-sized fibrous networks for our preliminary in vitro 5 

study, which presented the highest volumetric hydrogel fraction among our samples. Human 6 

chondrocytes were encapsulated in sPEG/Hep hydrogels with and without fiber-reinforcement 7 

and cultured under static conditions for 14 days before a 1 h unconfined biaxial mechanical 8 

stimulation to investigate cellular response to physiologically relevant loading. A high cell 9 

viability (> 80%) was observed in hydrogels with and without reinforcement, at both days 1 10 

and 14 (Figure 6a-c). Short-term compressive/shear stimulation led to an up-regulation of the 11 

chondrogenic marker genes ACAN and COL2A1, as well as the de-differentiation marker 12 

COL1A1 in sPEG/HEP hydrogels without fiber reinforcement (Figure 6d-e). The transcriptional 13 

response of chondrocytes encapsulated in fiber-reinforced sPEG/HEP to loading was, however, 14 

less distinctive, suggesting that dynamic culture parameters such as the applied strain level, 15 

loading frequency, and loading duration may require further optimization to induce statistically 16 

significant anabolic responses similar to sPEG/HEP alone. Interestingly, the expression levels 17 

of ACAN, COL2A1, and the superficial chondrocyte marker PRG4 were generally higher than 18 

in sPEG/HEP alone while COL1A1 expression was similar, suggesting improved chondrogenic 19 

differentiation of the cells encapsulated in fiber-reinforced constructs (Figure 6e). While we 20 

have not investigated the underlying mechanisms in the present study, it is likely that 21 

chondrogenesis was promoted by increased hydrostatic pressure (HP) within fiber-reinforced 22 

constructs compared to sPEG/HEP alone. It is well established that HP promotes proteoglycan 23 

and collagen type II mRNA and protein expression of chondrocytes cultured on monolayer, 24 

scaffolds, or in scaffold-less 3D constructs, leading to tissue-engineered cartilage constructs 25 



 

 

with improved physicochemical properties [72]. Similar to the predominant mechanism 1 

governing the compressive properties of native cartilage, fixed negative charges facilitated by 2 

co-polymerised heparin in our system attract water which leads to hydrogel swelling. While 3 

non-reinforced gels can swell freely until equilibrium is reached, fiber-reinforcement restricts 4 

hydrogel swelling analogous to the collagen network in articular cartilage which, in turn, leads 5 

to enhanced compressive strength and chondrogenesis facilitated by HP. 6 

 7 

Figure 6. Viability of the encapsulated human chondrocytes in: (a) sPEG/Hep, and (b) fiber-8 

reinforced sPEG/Hep at day 14. c) Quantification of the viable and dead cells. d) Photo of the 9 

biaxial loading bioreactor and the schematic representation of a gel being mechanically 10 

stimulated with the loading protocol used. e) Gene expression levels of encapsulated cells under 11 



 

 

free swelling and loaded conditions (data were normalized to the housekeeping gene RPL13A). 1 

The asterisk indicates a significant difference (p < 0.05). 2 

 Conclusion 3 

To our knowledge, this study is the first to present biofabricated fiber-reinforced hydrogels that 4 

capture the overall transient, equilibrium and dynamic mechanical behavior of articular 5 

cartilage. sPEG/Hep hydrogels were reinforced using highly-ordered melt electrospun network 6 

architectures to mimic the wide-ranging biomechanical performance of articular cartilage. 7 

These soft network composites were found to be viscoelastic, mechanically nonlinear and 8 

anisotropic. The constructs also exhibited enhanced biological performance, as depicted by high 9 

chondrocyte viability and differentiation under physiologically relevant loading. Moreover, 10 

because of the high negative charge density and strong water retention capacity of the heparin-11 

crosslinked with PEG leading to a charge-driven osmosis, a mechano-electrochemical 12 

emulation of the cartilage tissue was achieved. Finally, computational simulations were in line 13 

with the experimental findings. Together, our data suggest that the bioinspired soft matrix fiber-14 

reinforcing concept used in this study in combination with computational models could not only 15 

be employed for cartilage tissue engineering, but may also allow for the deterministic design of 16 

biomechanically robust composites for other tissue engineering applications such as skin, heart 17 

valve or breast.  18 
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