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ABSTRACT 
 

 

Spinal fusion is currently the gold standard for surgical intervention of interverte-

bral disc (IVD) diseases leading to neck and back pain failing conservative treatments.  

However, fusion removes motion between the vertebrae and can result in adjacent level 

degeneration.  Total disc replacement (TDR) is an emerging treatment alternative that 

preserves motion, but materials found in clinically available devices bear little resem-

blance to the properties of the native IVD.  Poly(vinyl alcohol) (PVA) hydrogels are bio-

compatible, have mechanical behaviour similar to natural tissues, and properties that can 

be tuned by varying polymer concentration and physical crosslinking through freeze-thaw 

cycling.  Furthermore, their properties can be modified with the addition of nanofillers.  

In the present study, PVA hydrogels and its nanocomposites containing Laponite and 

bacterial cellulose (BC) were investigated in compression and crossing-paths wear for 

potential application in cervical TDR.  While increases in PVA concentration increased 

stiffness and decreased time-dependent response in neat PVA hydrogels, viscous re-

sponse increased with nanofiller addition.  BC addition also increased stiffness of the hy-

drogels without large changes in water content.  To measure wear in the hydrogels, a 

technique using three-dimensional ultrasound imaging was developed.  Wear volume and 

depth decreased with decreasing water content, while fatigue wear was eliminated with 

the addition of nanofillers in crossing-paths wear.  Finally, a two-component PVA hy-

drogel demonstrated that compression properties could be tailored by mimicking the 

natural IVD structure.  These results indicated that various parameters could be used to 

optimize the properties of PVA and PVA-nanocomposite hydrogels for applications in 

cervical TDR. 

Keywords: hydrogel, poly(vinyl alcohol), Laponite, bacterial cellulose, nanocomposites, 

mechanical properties, strain rate dependence, crossing-paths wear, three-dimensional 

ultrasound imaging, intervertebral disc 
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Chapter 1 
INTRODUCTION 

 

 

1.1  BACKGROUND AND MOTIVATION 

Neck and back pain affects many adults [1], leading to work absenteeism [2], dis-

ability claims [3, 4] and decreased quality of life [5].  Diseases of the intervertebral discs 

(IVD) are among the causes of neck and back pain [6, 7], which are becoming increas-

ingly important in an aging population.  IVDs maintain the space between vertebrae, al-

low for motion in the spine, distribute and transfer load to the vertebrae, and provide 

shock absorption [8]. IVDs are highly hydrated, and have low cell numbers and little to 

no vascularity [6].  Therefore, if they are injured or diseased, they have limited abilities to 

heal and regain function.  The focus of this thesis is in developing a material for cervical 

IVD replacement. 

Degenerative changes of the IVD include disc prolapse, endplate damage and loss 

of disc height [6].  Spinal fusion remains the gold standard for surgical treatment, but 

segmental motion is removed [7].  An emerging treatment alternative is artificial disc re-

placement, which preserves segmental motion at the affected level.  However, clinically 

available devices are comprised of materials that bear little resemblance in mechanical 

properties to the native tissue.  These treatments may lead to degeneration of the adjacent 

discs or failure of the implant, requiring further intervention [9]. 

Poly(vinyl alcohol) (PVA) is a biocompatible hydrophilic polymer that can be 

physically crosslinked to form a hydrogel, without potentially toxic chemical crosslinkers 

that could leach out if left unreacted [10].  PVA hydrogels can be formed to mimic the 

water content and mechanical properties of biological tissues [11, 12].  Many works, in-
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cluding those from our group, have demonstrated the use of low temperature thermal cy-

cling to produce PVA hydrogels for cardiovascular [11-16], orthopedic [17-25] and drug 

delivery applications [26, 27].  Parameters such as polymer concentration [23], number of 

freeze-thaw cycles [11, 23] and filler addition [13, 24, 28, 29] allow for highly tunable 

properties in PVA-based hydrogels. 

Nanocomposites (NC) are a class of materials in which at least one of the compo-

nents possess a dimension in the nanometer range.  Nanofillers have a very high surface 

area to volume ratio due to their small dimensions.  Since properties of a composite de-

pend on the properties of its components and their interfaces, only a small amount of 

nanofiller is required to significantly modify the properties of a matrix material [30].  

Two different nanofillers were added to PVA hydrogels in this thesis to investigate the 

effect of filler aspect ratio on hydrogel properties: Laponite, a low aspect ratio, synthetic 

inorganic clay; and bacterial cellulose, a high aspect ratio nanofibre derived from Aceto-

bacter xylinum fermentation. 

This work investigated the effects of PVA concentration and nanofiller addition on 

the compression and wear properties of hydrogels relevant to cervical IVD applications.  

Furthermore, a PVA hydrogel structure comprised of components of different PVA con-

centrations was produced to demonstrate that a coherent multi-component structure could 

be fabricated for a potential IVD replacement. 
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1.2  OBJECTIVES 

The main objective of this thesis was to determine the effects of composition on 

PVA and PVA-NC hydrogels with the goal of designing materials for potential applica-

tions in cervical IVD replacements. 

 The specific objectives were: 

1. To determine the effects of increasing PVA concentration, and adding Lapo-

nite and bacterial cellulose on the compression properties of PVA hydrogels 

(Chapter 4) 

2. To characterize the effects of crossing-paths wear as a function of PVA con-

centration and nanofiller addition, which included the development of a wear 

measurement technique using high frequency three-dimensional ultrasound 

imaging to quantify wear in soft materials such as PVA hydrogels (Chapter 5) 

3. To design a coherent, multi-component PVA-based hydrogel device based on 

the native IVD structure (Chapter 6) 
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Chapter 2 
LITERATURE REVIEW 

 

 

This chapter will examine the background and motivation behind the proposed 

treatment of severe cervical intervertebral disc disease by surgical replacement with a 

PVA hydrogel-based IVD prosthesis.  In order to develop a set of design criteria for the 

hydrogel material to be used in an artificial IVD, the properties of natural IVDs and cer-

vical total disc replacements (TDR) approved by the US FDA are reviewed.  Literature 

on PVA hydrogels and nanocomposites, as well as on potential nanofillers – particularly 

Laponite and bacterial cellulose – and consideration of the use of these materials in or-

thopedic devices are surveyed.  This was done to demonstrate the suitability of PVA hy-

drogels for IVD applications and to gain insight into how the materials could be com-

bined and tailored to achieve the desired properties for implementation in an IVD re-

placement device.  Furthermore, since articulating surfaces are found in all clinically 

available cervical TDRs, possible designs for a PVA hydrogel-based device could also 

incorporate articulation in which wear must be minimized.  Therefore, methods and re-

sults of characterizing wear of hydrogels, and the usage of three-dimensional ultrasound 

to image PVA hydrogels are presented. 

 

2.1  PREVALENCE OF NECK AND BACK PAIN 

Neck and back pain, which affects 70–85% of adults at some point in their lives 

[1, 5, 7], is the second most common cause of disability in the United States [1] and im-

pacts quality of life [5].  A 2002 US national survey found that within a three month pe-

riod, 4% of adults had experienced neck pain, 17% had low back pain, and 9% had both 
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[1].  Annual prevalence of neck pain in workers ranged from 11.0% in the United King-

dom to 47.8% in Québec, Canada [3], and limits work activities of up to 14.1% of work-

ers [2].  Work absenteeism accounted for up to 11.3% of all insurance claims with the 

Ontario Workplace Safety & Insurance Board [3].  Risk factors for neck and back pain 

include age, gender, ethnicity, health factors, activity levels, work conditions and socio-

economic status [1, 3, 31]. 

 

2.2  INTERVERTEBRAL DISCS 

     
Figure 2.1:  Human vertebral column (Gray, 1918) [32] (a).  IVDs are found between 
vertebrae in the cervical, thoracic and lumbar regions with the exception of C1 and C2.  
Anatomy of a cervical vertebra depicting nerve impingement due to herniated NP and 
joint degeneration (b); reproduced with permission from [33], Copyright Massachusetts 
Medical Society. 

 

IVDs are found between vertebrae in three regions of the vertebral column – cer-

vical, thoracic and lumbar (Figure 2.1), except for between C1 and C2 in the cervical re-

gion.  Along with the facet joints posterior to the disc, which limit the degree of mobility 

and protect the disc from shear stresses, IVDs allow for motion and articulations in the 
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spine [34].  IVD functions include maintaining disc space, allowing for flexion, exten-

sion, rotation and lateral bending between vertebral segments, transferring load to the 

vertebral bodies and absorbing shock [8].  This review focuses on axial compression 

properties and cervical IVDs, where data is available.  However, lumbar discs have been 

more commonly studied in the literature. 

 

2.2.1  Intervertebral Disc Anatomy 

IVDs are cartilaginous in nature and consist of the nucleus pulposus (NP), annu-

lus fibrosus (AF) and endplates (Figure 2.2).  They are composed of varying quantities of 

water, proteoglycans (PG), collagen and cells. 

 
Figure 2.2:  Structure of the intervertebral disc, consisting of the annulus fibrosus, nu-
cleus pulposus and endplate, and attached to the vertebral body.  Adapted from [35]. 

 

IVDs differ in shape between regions in the vertebral column (Figure 2.3).  In the 

cervical spine, cross-sectional areas of human cervical IVD range from 200 mm2 at C2–3 

to 400 mm2 at C6–7 [36].  Panjabi reported that the width and depth of cervical discs to 

be 16.0–23.5 mm and 12.0–18.0 mm, respectively.  Cervical disc height is approximately 

7 mm [37], but varies from 4.5 to 6.5 mm in cadaveric specimens [38]. 

Pooni et al. found that the NP cross-sectional area in a cervical disc was approxi-

mately 100 to 200 mm2 [36], though this is unlikely to be constant through the thickness 
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of the disc.  Within a healthy disc, the NP has a swelling pressure of 0.1–0.2 MPa in a 

recumbent position and up to 1–3 MPa when standing or lifting [35], and supports load 

through hydrostatic pressure.  Its dry weight is made up of proteoglycans (PGs) held in a 

collagen type II network.  The major component of PGs is aggrecan, composed of gluco-

saminoglycans (GAGs) such as keratin sulphate and chondroitin sulphate [6, 37].  Chon-

droitin sulphate possesses both sulphate and carboxylic acid groups, which enhances its 

water binding ability [37].  These fixed negative charges provide the osmotic potential 

that allows the tissue to swell, maintain pressure during loading and re-swell after load 

removal. 

The AF resembles fibrocartilage, and has highly organized layers of type I colla-

gen, the structure of which depends on the location of the disc [35, 37].  The AF experi-

ences tensile loads from the pressurized NP when an IVD is loaded axially, but can also 

withstand direct loading due to bending, rotation and translation. 

The endplates are calcified adjacent to the bone and hyaline in nature towards the 

disc [35].  Their average thickness is approximately 0.6 mm and thinnest at the centre 

[39].  Endplates allow for nutrients, proteins, waste, and water diffusion and transport 

into and out of the disc through marrow contact channels [40] and capillaries [41].  Fluid 

flow occurs primarily through the endplates into vertebral bodies.  Since the IVD sup-

ports loads through hydrostatic pressure arising from the NP, and there is approximately 

20% volumetric reduction each day due to water loss that is recovered with rest [42], 

transport of fluid through the endplates is important to the performance of the disc.  The 

 
Figure 2.3:  Shape of cervical, thoracic and lumbar IVD.  Redrawn from Pooni et al. 
[36]. 



 
   

 

 

8

resistance to flow is directional in isolated endplates; flow out of the disc is an order of 

magnitude higher than into the disc, such that load bearing could be achieved through the 

increase of hydrostatic pressure, and allows for rehydration of the disc during rest [40].  

Resistance increased for outward flow is a result of poroelastic compressive strain and 

loss of fluid.  The endplate is also selective to size and charge, impeding movement of 

large proteins and enzymes, as well as negatively charged ions such as sulphates and 

chlorides [43]. 

The proportion of extracellular matrix and cellular components in the IVD differs 

and is related to its function.  The relative proportions of water, collagen, PGs and cells in 

the NP, AF and endplates are summarized in Table 2.1. 

Table 2.1:  Amount of water, collagen, proteoglycans and cells in each component in the 
intervertebral disc structure.  Collagen and proteoglycans are reported as percentages of 
the dry weight. 

Component 
Nucleus pulposus 

[35, 37] 
Annulus fibrosus 

[35] Endplates [39, 44, 45] 
Water 70–90% 70–78% 54.1–57.5, 60.4% 
Collagen 20% 60–70% 65.6–66.4% 
Proteoglycans 30–50% 10% 15.1–19.6% 

Cell density 4x106 cells/cm3  9x106 cells/cm3 
250–325 cells/mm2 
(observed optically) 

 

With aging, water content decreases to approximately 70% in both the NP and AF 

[37], the demarcation between the two becomes less apparent and disc height decreases 

[35].  In the NP, collagen content increases along with a decrease in the amount and mo-

lecular weight of PG aggregates [6] as it becomes more solid than fluid-like [35].  A loss 

in pressurization in the disc may result in the inward bulging of the AF and load in com-

pression rather than tension [35].  Defects, such as cracks and fissures, and degeneration 

of the AF layers develop, which can further compromise the integrity of the disc and can 

lead to disc prolapse [6].  Exposed nucleus material, previously protected in an avascular 

environment, may elicit an inflammatory response following prolapse [34].  The end-

plates may become more loaded at the peripheries from the AF, which can lead to frac-

ture [35], allow the NP to bulge into vertebral bodies at high loads [6], or become sepa-

rated from the vertebral body [43].  Endplates may also become less porous, inhibiting 
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the transport of fluid, nutrient and waste and leading to chemical and mechanical changes 

in the disc [34]. 

 

2.2.2  Degenerative Disc Disease 

Back pain that is severe and chronic is often suspected to be discogenic [46], 

originating from the degenerated IVD [47], which may be due to disc prolapse, radial fis-

sures in the annulus and internal disc disruption [6].  A compromised IVD structure may 

lead to innervation towards the nucleus and endplates, compression of surrounding tissue, 

and abnormal stress distribution across the damaged disc during loading [6, 7].  Degen-

eration may be caused by aging-related loss of disc hydration, injurious loading, and de-

crease in nutrient supply and waste removal that affect cell synthesis or result in cell 

death [7, 35].  In low oxygen conditions, anaerobic cell activity leads to accumulation of 

lactic acid, inhibiting cell activity [6].  Cells are also sensitive to cyclic loading; an opti-

mum range of loading regimes allows for normal cell function, and maintenance and re-

pair of the extracellular matrix [48].  Mechanically accelerated disc degeneration could 

occur with immobilization, since loads that are too low reduce cell synthesis, or high 

rates, magnitudes or frequency of loading that result in disc damage [48, 49].  Disc de-

generation could be caused by genetics, aging, nutritional deficit or loading history.  It is 

precipitated by injury or fatigue failure, mediated by abnormal cellular response, and 

characterized by structural failure of the disc [6].  Degenerative disc disease describes a 

painful, degenerated disc and typically affects the cervical and lumbar regions of the 

spine. 

 

2.2.3  Intervertebral Disc Mechanics 

Cripton et al. [50] calculated the compressive forces acting on cervical IVDs 

based on pressures measured inside the discs in various neck positions (Table 2.2).  Discs 

possess an inherent hydrostatic pressure due to confinement of the NP by the AF, and due 

to forces from ligaments in the spine [51]. 
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Table 2.2:  Compressive force acting on cervical discs in various neck positions as calcu-
lated and presented by Cripton et al. [50] based on pressures measured inside the discs 
[52, 53] using Nachemson’s relationship [54] and disc dimensions from Pooni et al. [36]. 
Neck position Disc pressure (kPa) Compressive force (N) 
Reclining 310 53 
Upright 449 75 
Flexion (anterior bending) 590 100 
Extension (posterior bending) 910 155 

 

Moduli and maximum stress of IVDs increased from the cervical to lumbar region 

in a canine model [55].  Moroney et al. [56] tested adult human cervical disc segments 

and found that stiffness in compression was 492 ± 472 N/mm.  The large uncertainty may 

be due to the various stages of degeneration in the discs, but the age, gender and medical 

history of the discs were not available to the authors.  Degeneration tended to decrease 

compressive stiffness and increase shear stiffness.  Variation in compressive strength of 

IVDs from 2.8 to 13.0 kN was attributed to adaptive remodeling by Adams and Roughley 

[6]. 

 

2.2.3.1  Compressive Stress-Strain Behaviour and Strain Rate Dependence 

The stress-strain curves of IVDs loaded in compression are non-linear, described 

as having an initial toe region, up to 0.05–0.12 strain [55, 57], of low modulus before 

reaching the higher modulus linear region (Figure 2.4).  This may arise from the straight-

ening of the collagen crimp in the AF when it is loaded in tension, resulting in lateral 

bulging and the two regions on the stress-strain curve [55].  Physiological strain of the 

IVD in compression is up to approximately 15% [58]. 

Strain rate dependence in IVDs was demonstrated by Cassidy et al. [55] using a 

canine model.  Testing at strain rates from 1.67×10–5 to 1.67 s–1, moduli in the linear por-

tion of thoracic and lumbar IVD stress-strain curves were 50–130 MPa and maximum 

stresses were 6.5–19 MPa, and both increased linearly with the logarithm of strain rate.  

Linear dependence of stress and moduli on the log of strain rate were also demonstrated 
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in cartilage [59, 60].  Excised bovine caudal IVDs in compression also showed depend-

ence of final strain and stiffness on loading rates over six orders of magnitude from 0.3 

kPa/s to 30 MPa/s [57].  Stiffness of human lumbar IVDs also increased linearly with the 

log of displacement frequency by 45% from 0.001 to 1 Hz in dynamic compression, 

while phase angle decreased by 36% [61].  Both fluid flow and viscoelastic effects from 

the solid matrix were implicated in the frequency dependence of stiffness and phase an-

gle. 

Fluid flow depended on the frequency of loading [62].  There was increased 

transport of water and ions in the centre of the nucleus due to high levels of pressuriza-

tion at higher loading frequencies (0.1 and 1 Hz) whereas flow was greater at the periph-

ery of the annulus at 0.01 Hz.  These results are consistent with the initial bulging of the 

disc during rapid loading, and subsequent loss and redistribution of fluid, which occurs 

with slower rates of loading.  Depending on the rate of loading, pressurization of fluid 

serves to enhance the load bearing properties of the disc, while fluid loss contributes to 

the dissipation of energy.  The effect of hydration on compression modulus was also in-

vestigated by Race et al. [57].  Controlled fluid loss was induced through creep.  While 

 
Figure 2.4:  Stress-strain data of oxtail IVDs displaying low modulus toe regions and 
loading rate dependence [57].  Reprinted with permission from Race A, Broom ND, Rob-
ertson P. Effect of loading rate and hydration on the mechanical properties of the disc. 
Spine. 2000;25(6): 662–669. 
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modulus increased after 30 minutes of creep, the disc became more compliant after two 

hours of induced fluid loss that resulted in a loss of disc height.  This provides evidence 

that while the initial load bearing mechanism is through fluid pressurization, loss of fluid 

over time results in the transfer of load to the solid matrix. 

 

2.2.3.2  Stress Relaxation and Creep 

Stress relaxation of canine IVDs, tested at 100% humidity, at 0.05 and 0.15 strain 

resulted in less than 10% of the initial stress remaining after 30 minutes, and 5.1% and 

15.1% volume reduction, respectively, due to water loss [55].  However, the discs were 

tested at 100% humidity rather than immersed in a buffer, which may have affected the 

rate of water loss as the presence of ions could have an effect on osmotic pressure.  The 

mechanism for stress relaxation was postulated by the authors to be due to the transport 

of water from the disc through the endplates into the vertebral bodies. 

Burns et al. [63] performed creep testing on human thoracic and lumbar spine 

segments.  Equilibrium deformation was not always attained after 8 hours of loading, and 

permanent deformation occurred.  Lumbar discs experienced more creep than ones from 

the thoracic region, which may have been due to greater disc heights in lumbar discs.  

The Kelvin model of creep was found to be insufficient for fitting the creep data.  Al-

though a four-parameter model, consisting of two parallel Kelvin units, was found to be a 

better fit for the initial part of the creep curve, the three-parameter-solid model, which 

consists of a Kelvin unit in series with a spring, was found to be sufficient by the authors. 

In human thoracic and lumbar spine segments [64], the greatest deviation of the 

three-parameter-solid model fit from creep data was in initial part of the curve.  The ini-

tial strain was approximately 0.1 and increased by 20% after 30 minutes under the esti-

mated body weight.  Creep tests were performed in a sealed bag with the vertebral poste-

rior elements and ligaments intact.  It was also noted that testing was done immediately 

after thawing, from an unloaded state, but loading and activities during the day would 
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decrease disc height and increase stiffness.  Therefore, these testing conditions may have 

underestimated the stiffness and creep resistance of the IVDs. 

Degeneration resulted in lowered time-dependent viscoelastic response, leading to 

an increase in initial strain upon loading followed by lowered creep deformation over 

time [64, 65].  Swelling pressure in the disc decreased from 1–2 MPa in the normal disc 

to 0.03 MPa in a degenerate disc, and compression stiffness decreased from 1.0 MPa to 

0.4 MPa [35].  These would contribute to the detriment of load bearing and viscoelastic 

properties.  The decrease in swelling pressure is a consequence of a decrease in GAGs, 

which provide fixed negative charges to maintain an osmotic potential [62, 66]. 

 

2.2.3.3  Mechanical Properties of IVD Components 

Mechanical properties of the AF, NP and endplates have also been studied.  The 

AF is highly anisotropic and mechanical properties are dependent on location due to ori-

entation and spatial distribution of collagen fibres (Table 2.3).  The highest stiffness is in 

the circumferential direction and in the anterior outer portion of the disc [67, 68].  How-

ever, there was no difference in the linear region modulus between the outer and inner 

portion in the axial direction [67].  The moduli from the toe region of the stress-strain 

curves, which result from uncrimping of collagen fibres, were not significantly different 

between locations and orientations. 

Collagen fibres in the AF lamellae would orientate towards the direction of load-

ing with tensile strain, decreasing the angle between adjacent lamellae [68].  The change 

in orientation, along with collagen uncrimping, contributes to the difference between toe 

and linear region moduli.  The tensile toe modulus of outer AF tissue from human lumbar 

discs in the circumferential direction increased with degeneration to 5.68 MPa, correlat-

ing with decreased hydration and possible increase in tissue density [68, 69].  Orientation 

did not affect the modulus of AF under confined compression.  Confined compressive 

aggregate modulus varied from 0.56 to 1.1 MPa in human lumbar AF, with no significant 

difference between healthy and degenerated tissue [69].  With degeneration, decrease in 
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swelling and non-linearity of the equilibrium stress-strain curve suggest that the AF load 

bearing mechanism shifted from fluid pressurization to direct loading on the solid matrix. 

The NP was characterized as a weak gel, with storage modulus always greater 

than the viscous loss modulus in rheological studies [8], and stiffness is much lower than 

that of the AF [70].  The isotropic solid modulus of the NP was calculated from the ag-

gregate [71] and shear moduli [70] to be 0.14 MPa [72].  Dynamic shear stress was found 

to be frequency dependent, and energy dissipation decreased for degenerated discs due to 

increased solid-like behaviour [70].  Under unconfined compression between non-porous 

stainless steel plates, the equilibrium toe and linear moduli of human NP tissue were 3.25 

± 1.56 kPa and 5.39 ± 2.56 kPa, respectively, and relaxation at increments of 0.05 strain 

was approximately 66% after 5 minutes [73].  The NP supports load mainly by swelling 

and pressurization within the AF and between the endplates [74], and contributes to load 

distribution and energy dissipation [70]. 

Using indentation testing, the stiffness and strength of vertebral endplates were 

found to be greatest at the posterior and lateral positions and lowest in the centre [75].  

Stiffness was between 80 and 175 N/mm, and failure occurred between 60 and 180 N.  

However, since these tests were performed with the endplate still anchored onto the ver-

tebral bone, the spatially varying endplate thickness and the subsurface bone density may 

have influenced the results.  In confined compression against a porous filter, the aggre-

gate modulus of baboon endplates was found to be 0.44 ± 0.24 MPa [44].  Fluid pressuri-

zation was instantaneous with the application of load and decreased with time as load was 

Table 2.3:  Orientation and location dependence of tensile moduli of human lumbar an-
nulus fibrosus from non-degenerated intervertebral discs.  Data from Elliott and Setton 
[67] with additional data from Guerin and Elliott [68] for the outer circumferential AF. 
Direction Region of Tensile modulus (MPa) 
 stress-strain curve Outer Inner 
Circumferential Toe 2.52 – 2.53 1.70 ± 1.21 
 Linear 17.45 – 29.35 5.60 ± 4.67 
Axial Toe 0.27 ± 0.28 0.34 ± 0.21 
  Linear 0.82 ± 0.71 0.96 ± 1.17 
Radial  Toe 0.19 ± 0.04   – 
 Linear 0.45 ± 0.25    – 
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transferred to the solid matrix at equilibrium.  The authors postulated that fluid pressuri-

zation within the endplates is responsible for distributing stress across the endplate, al-

lowing for efficient load transfer from the disc to vertebral bodies. 

 

2.2.3.4  Summary 

The AF, NP and endplates in an IVD possess unique material, structural and me-

chanical properties that are related to the function of each component within the disc.  

Although the mechanical properties of individual components contribute to disc function, 

the mechanical properties of the intact IVD are also a function of hydration and the rate at 

which fluid and ions move in and out.  Inherent viscoelasticity of the tissue components, 

fluid pressurization and transport all likely contribute to time dependent properties in the 

disc [61].  Hydration, osmotic potential and fluid pressurization of the IVD are important 

determinants in energy dissipation, load bearing and load distribution in the spine.  The 

NP provides hydrostatic pressure to sustain and distribute load, while increases in disc 

pressure translate to circumferential tensile loads in the AF.  The endplates serve to regu-

late pressurization through the transport of fluid and ions, as well as maintain nutritional 

and waste removal requirements to preserve cell population and function in the disc.  

Loss in hydration decreases disc height and reduces the mobility of the joint.  Degener-

ated discs are characterized by pain, structural deficiencies, decreased swelling pressure 

and loss of function.  Depending on the severity of degeneration, treatment options are 

available for alleviating clinical symptoms and restoring function. 

 

2.2.4  Current and Emerging Treatments 

Discogenic neck pain may require surgical intervention if conservative treatments, 

such as rest, anti-inflammatory medication, traction and physical therapy [76], are not 

successful in relieving pain and restoring mobility.  Spinal fusion is the current gold stan-

dard for surgical treatment, in which bone growth is stimulated to join two adjacent ver-

tebral bodies following removal of the affected disc.  It may be performed with an auto-
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graft, associated with decreased fusion time but also an increased risk of donor site mor-

bidity, or an interbody cage, which can result in a solid fusion, maintain height and better 

positioning, but subsidence is a potential complication [76].  While successful in provid-

ing stability and removing the cause of pain, fusion also eliminates segmental motion, 

altering biomechanics and possibly leading to adjacent segment disease [34, 77].  92% of 

patients who have received fusion either due to trauma or degenerative changes devel-

oped adjacent segment degeneration five years after surgery, pointing to a biomechanical 

cause rather than inherent degeneration [77]. 

Other surgical procedures include removal of herniated disc material, without re-

storing nucleus volume [34], and decompression of the nerves or spinal cord by increas-

ing the spinal canal space.  In the cervical spine, fusion was more often performed (87% 

of initial surgeries) and had a lower rate of reoperation (4.9%) than non-fusion surgical 

procedures (10%) [78].  Non-fusion procedures are possibly providing symptomatic relief 

but further treatment would be required as the disease progresses. 

NP replacements have been investigated for surgical treatment of degenerative 

IVD.  By intervening before irreparable damage is incurred in the AF, NP replacements 

could provide proper loading on the annulus to encourage healing.  They should be able 

to transport nutrients to the AF to maintain and promote proper function of the annulus 

cell population since the AF has minimal vascularity [34].  However, NP replacements 

cannot be used when the annulus or endplates are compromised.  They are also more eas-

ily dislodged at the point of insertion [77].  Materials investigated for NP replacements 

include preformed or partially dehydrated synthetic hydrogels, and injectable elastomers 

and in situ curable polymers, such as silicone, polyurethane and protein-based hydrogels 

[79, 80].  In addition, a mechanical articulating lumbar NP replacement constructed from 

polyetheretherketone (PEEK) is currently being evaluated in clinical studies in the US 

[81]. 

Regenerative medicine strategies are being researched to reverse disc regenera-

tion, repair damaged tissue and fabricate a living replacement of the complex IVD struc-
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ture.  Reviews have been published on the mechanical requirements of tissue engineered 

discs and disc components [82], mechanobiology and response of cells to mechanical 

stresses [83], cell types and postnatal development [7], and the use of growth factors in 

disc regeneration [84].  Using a 3D-printing technique, a structure resembling the IVD 

was fabricated using degradable polyurethane, resulting in a concave up J-shaped uncon-

fined compressive stress-strain curve that reached a stress of 50 kPa at 0.5 strain [85].  

However, the scaffold would not be mechanically sufficient as an IVD replacement on its 

own. 

As an alternative to fusion, artificial total disc replacements (TDR) have been de-

veloped to preserve motion following removal of an affected disc. 

 

2.3  CERVICAL ARTIFICIAL DISCS 

The goal of artificial disc devices is to restore disc height and allow for segmental 

motion at the affected level, thereby avoiding immobilization following surgery, donor 

site complications, degeneration of adjacent discs, and allowing for faster return to nor-

mal activities [77].  Approved artificial cervical disc devices include the Bryan disc 

(Medtronic), Prestige (Medtronic) and Prodisc-C (Synthes) (Figure 2.5).  A review by 

Bartels et al. presents known artificial discs and available data on their range of motion 

and wear [86]. 

In a study of a workers’ compensation group [87], there was a greater risk of non-

unions with fusion, and more returned to work at 6 weeks after TDR than fusion.  Fur-

thermore, those with the Bryan disc returned to work sooner than those with the Prestige.  

Clinical outcomes of TDR, measured by pain, generally do not differ from fusion or have 

only minor improvements [76, 88].  However, TDR is associated with longer operative 

and recovery times [76, 88], as well as increased costs over fusion with an interbody cage 

[76].  The main advantage of TDR over fusion is the preservation of motion, the quality 

of which is related to implant design [89]. 
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The FDA approved version of the Prestige disc, Prestige ST, has a stainless steel-

on-stainless steel articulation and is secured with screws.  The latest iteration, Prestige 

LP, is fabricated with titanium alloy, rendering it compatible with magnetic resonance 

imaging, and is hardened with titanium carbide at the articulating surfaces for improved 

wear resistance.  In addition, it uses rails and roughened plasma sprayed surfaces rather 

than screws for fixation [77, 86, 90].  Prodisc-C has a cobalt chromium alloy articulating 

against an ultrahigh molecular weight polyethylene (UHMWPE) insert, in a ball and 

socket configuration [77].  Attachment to the vertebral bone is achieved using a keel and 

plasma sprayed titanium surface to encourage bone ingrowth [90].  The Prestige ST had a 

volumetric wear rate of 0.18 mm3 per million cycles (Mc), which was 0.19% of the total 

implant mass after 20 Mc [91].  Mass loss of UHMWPE in Prodisc-C due to wear was at 

a rate of 0.88 mg/Mc and the mean wear particle size was 0.37 μm [86].  UHMWPE wear 

particles are implicated in host response and aseptic loosening of artificial joints [92], but 

loosening and displacement of artificial discs could have serious consequences due to 

their location.  While the Prestige and Prodisc-C designs are reminiscent of artificial hip 

and knee joints, the Bryan disc design is closer to that of the natural IVD and therefore it 

is reviewed in further detail. 

 

 
Figure 2.5:  Artificial cervical disc replacements: Prestige ST (A), Bryan (B), Prodisc-C  
(C) [77].  Reprinted with permission from Anderson PA, Rouleau JP. Intervertebral disc 
arthroplasty. Spine. 2004;29(23):2779–86. 
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2.3.1  BRYAN Disc 

The Bryan disc [77, 90, 93, 94] consists of a bioconvex, hyperelastic polyurethane 

core sandwiched between concave titanium shells and sealed with a stiffer polyurethane 

sheath, which prevents tissue ingrowth into the disc.  Fixation is through bone ingrowth 

into sintered titanium, which is osteoconductive.  Saline is injected into the core during 

implantation and provides lubrication. This design allows for axial compliance, shock 

absorption and unconstrained motion similar to the native IVD [95], which are not possi-

ble with the high modulus materials and design of the Prestige and Prodisc-C. 

Since articulating surfaces are sealed, wear particles from the polyurethane core 

should remain in the Bryan disc, shielding wear debris from potential host response.  In 

simulator testing, wear debris was contained within the disc [91].  Polymeric wear debris 

was found outside of the disc in some of the animals in primate and caprine models, but 

no inflammation or phagocytosis of wear particles was found [93].  The wear debris 

could have come from the damaged sheath or migrated from the core.  Also, polyurethane 

was not found in distant sites, unlike with polyethylene, poly(methyl methacrylate) and 

metal wear particles.  Clinical and radiological evaluations of patients with Bryan disc 

arthroplasties at one or two levels revealed no obvious signs of implant wear, loosening 

or osteolysis after eight years [95].  However, some intracellular debris and chronic in-

flammation was found in the periprosthetic tissue of retrieved Bryan discs, while no me-

tallic wear debris, acute inflammation or other adverse host response were found [91]. 

Wear of Bryan discs in simulator studies has been characterized.  One study [93] 

was conducted in bovine calf serum with an axial load of 130 N for 10 Mc combining 

flexion-extension and axial rotation, where one million cycles represents approximately 

one year of use.  The wear rate was 1.2 mg/Mc, or volumetric wear rate of 0.96 mm3/Mc.  

The particles were globular in shape, with an average diameter of 3.9 μm, much larger 

than the UHMWPE wear particles from Prodisc-C and on the higher end of the particle 

size range eliciting the greatest host response.  After 10 Mc of bending followed by 10 

Mc of axial rotation at a load of 150 N, a height loss of 0.75 ± 0.48% and volumetric 



 
   

 

 

20

wear rate of 0.57 mm3/Mc resulted, and no metal wear debris was detected [91].  The dis-

crepancy in wear rate could be due to the use of different loading profiles. 

Artificial discs may be susceptible to heterotopic ossification (HO) [96], when 

bone growth occurs in soft tissues or outside of the skeletal structure [97].  In TDR, it has 

been attributed to bracing after surgery, incomplete coverage of endplates by the im-

planted disc [94], and milling of bone and muscle damage during the insertion process 

[96], and may be prevented with nonsteroidal anti-inflammatory drugs (NSAIDs) [98].  

HO incidence of up to 66.2% has been reported in Prodisc-C [99].  While some studies 

did not find incidences of HO in the Bryan disc after 24 [88] and 12–43 months [100], it 

was found in 13–18% of patients with single level arthroplasty after 12–43 months in 

other studies [76, 101].  HO occurred in 47.6% of patients eight years after one and two 

level TDR with the Bryan disc, and all but one (83.3%) developed HO in the inferior disc 

after bi-level arthroplasty [95].  Fusion of the prostheses occurred in six cases (22%), 

three of which were from the bi-level group.  Since there is lower range of motion in the 

inferior level, the risk of HO and device fusion increases.  However, decreased range of 

motion due to HO and implant fusion had no effect on clinical outcome, as there was no 

increase in pain or limitations to activity.  Furthermore, adjacent level degeneration was 

found radiographically only in patients who had pre-existing degeneration prior to TDR. 

Three patients were given fusion after disc arthroplasty for adjacent level disease 

in [88].  Since fusion effectively developed in most patients with bi-level Bryan disc ar-

throplasty, the value of performing a subsequent TDR for adjacent level degeneration 

would have to be considered.  On the other hand, Sekhon et al. suggested that cervical 

arthroplasty with the Bryan disc may be performed after previous cervical fusion unless 

hypermobility is present or the facet joints were previously resected [100]. 

The Bryan disc offers a design closer to that of the natural IVD, has more favour-

able polymer wear characteristics and incidences of HO than Prodisc-C, and presents no 

metal wear debris, which is generated by the Prestige disc.  Subsidence of implants into 

vertebral bodies is a possible risk in lumbar disc arthroplasty [77], but it has not been dis-
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cussed with cervical TDR and may be prevented with a properly sized implant [98].  De-

spite favourable published clinical outcomes regarding cervical TDR, there was no sig-

nificant difference in pain between arthroplasty and fusion procedures 6 months to 2 

years after surgery [102].  The potential complications and cost of performing cervical 

TDR with currently available devices may also outweigh the clinical benefits when com-

pared to fusion, but the procedure shows promise as an alternative in the surgical treat-

ment of discogenic neck pain and in preventing fusion-related adjacent level degenera-

tion. 

 

2.4  PVA HYDROGELS 

PVA is a hydrophilic polymer that can be dissolved in an aqueous solution and 

crosslinked to form hydrogels with high water content.  Physical crosslinking eliminates 

the need for chemical crosslinkers that can be potentially toxic if left unreacted.  Thermal 

cycling by repeated freezing and thawing is one approach to physical crosslinking, allow-

ing for control over crosslinking through freezing and thawing rates, and the number of 

freeze-thaw cycles. Stress-strain curves of PVA hydrogels produced in this manner are 

similar in shape to natural tissues and these hydrogels have been investigated for use in 

implantable medical devices for a range of applications. 

 

2.4.1  Physically Crosslinked PVA 

PVA is able to crystallize through hydrogen bonding and weaker van der Waals 

forces [10].  Dissolved in an aqueous solution, PVA can be physically crosslinked to 

form hydrogels in a phase separation process, resulting in polymer-rich regions, in which 

crystallites are formed, and polymer-poor regions [103-105].  Methods to induce physical 

crosslinking in PVA include freeze-thaw (F-T) cycling and the addition of poly(ethylene 

glycol) (PEG) into PVA solutions [106-108]. 
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The structure and properties of F-T PVA hydrogls are dependent on the PVA so-

lution and processing factors.  Molecular weight may affect the size and number of crys-

tallites [10, 109], and increased polymer concentration results in an overall increase in the 

proportion of the polymer-rich region and decrease in porosity [110].  Freezing rates af-

fect the formation of ice crystals [111], while thawing rates have been found to affect gel 

formation and mechanical properties [11, 12, 112, 113], and hydrogels do not form at 

thawing rates above 10 °C/min [112].  However, controlled F-T cycling is not performed 

in some studies, which relied on freezing in a freezer held at constant temperature and 

thawing at room temperature, and could affect the structure of the hydrogel as freezing 

and thawing rates are not controlled [114-116].  As the number of freeze-thaw cycles 

(FTC) increases, the number and size of crosslinking crystalline domains increase, lead-

ing to a densification of the polymer-rich region, hydrogel stability [104, 105, 109, 117] 

and shrinkage [12], with a corresponding improvement in mechanical properties [13, 24, 

103, 105, 114].  There is a maximum number of FTCs beyond which results in no signifi-

cant difference in mechanical properties [12, 13, 103, 116].  The addition of salts and 

electrolytes impacts the gelation, swelling and mechanical properties of PVA hydrogels 

[27, 118-120].  Anisotropic tensile properties have also been introduced to PVA by 

stretching after one FTC before additional cycling, leading a higher modulus and an 

elongated structure in the direction of stretching [14].  PVA hydrogels fabricated through 

F-T cycling are stable in water up to 70 °C, at which point crystalline domains melt out 

[113]. 

Addition of poly(vinyl pyrrolidone) (PVP) to further stabilize freeze-thaw PVA 

hydrogels has been employed.  Thomas et al. found that 1% addition of PVP resulted in 

the lowest amount of polymer loss, and did not influence Young’s modulus of the hy-

drogels [121].  However, Ma et al. found that tensile and compressive moduli were maxi-

mized at PVP addition of 1 wt%, and negative effects were only apparent with additions 

greater than 4 wt% [122]. PVA-PVP blends have been investigated for use as nucleus 

pulposus and cartilage replacements [22, 116, 121-124]. 
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PEG could be added during PVA dissolution to induce phase separation when the 

solution temperature is lowered to room temperature.  The molecular weight of PEG af-

fected the properties of the gel [108], but this method does not offer the ability to tune 

properties through additional processing parameters during gelation.  Repeated dehydra-

tion and rehydration [108], and high temperature annealing [106] of these hydrogels after 

washing out the PEG were used to improve their creep resistance. 

 

2.4.2  Characterization of PVA Hydrogel Structure 

The study of PVA hydrogel structure has been undertaken using various analyti-

cal methods.  Differential scanning calorimetry (DSC) has been used to determine the 

degree of crystallinity of PVA.  PVA melting occurs between 190 and 235 °C, and the 

heat of melting (ΔHm) of 100% crystalline PVA is 138.6 J/g [125].  Hydrated PVA hy-

drogels have a significantly lower melting point due to the presence of a solvent [104, 

126, 127].  DSC has been performed at a rate of 5–10 °C/min up to 250 °C with nitrogen 

purging [109, 128] for dried hydrogels.  Hassan and Peppas [109] found that crystallinity 

ranged approximately from 30 to 60% in dried PVA hydrogels.  Crystallinity increases 

with number of FTCs, resulting from the formation of secondary crystalline domains and 

the growth of primary crystallites by up to 50% [104]. 

Fourier transform infrared spectroscopy [10, 125], nuclear magnetic resonance 

spectroscopy [104, 129] and x-ray diffraction (XRD) [117, 128] have also been used to 

determine crystallinity in PVA.  Using XRD, Ricciardi et al. [117] found that crystallite 

size in as-formed 11 wt% PVA-D2O hydrogels increased from 2.8 nm to 3.9 nm and 

dried hydrogels had a crystallinity of 44–50%.  Crystallite size was determined to be 3–8 

nm by small angle x-ray scattering (SAXS) [104] and approximately 3 nm by small angle 

neutron scattering (SANS) [105, 130].  SANS also showed that crystallites were sepa-

rated by 19–25 nm of amorphous polymer in the polymer rich region (Figure 2.6) [105], 

while cryogenic transmission electron microscopy (cryo-TEM) showed a separation of 30 

nm [104]. 
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Imaging techniques have been used to study the structure of physically 

crosslinked PVA hydrogels.  5-(4,6-dichlorotriazinyl)aminofluorescein (5-DTAF) label-

ling of PVA enabled examination of the hydrogels in a hydrated state using confocal laser 

scanning microscopy (CLSM) with fluorescence [106, 131].  Optical microscopy of PVA 

hydrogel slices showed that separation of polymer rich and polymer poor regions became 

more evident with increased PVA concentration and number of FTCs, with pore sizes of 

up to 50 µm [116], which increased with water content [19, 103].  The use of scanning 

electron microscopy (SEM) to examine hydrogel structure requires the removal of water 

due to the high vacuum environment in the microscope, but attempts should be made to 

maintain the pore structure [103, 132, 133].  Environmental SEM was also used to ob-

serve hydrogel structure in the hydrated state [123].  Our group has prepared PVA hy-

drogel cross-sections for SEM by ethanol dehydration, followed by CO2 critical point 

drying then freeze-fracturing in liquid nitrogen [16, 24]. 

Nakaoki and Yamashita [134] used DSC and Raman spectroscopy to characterize 

three states of water in the hydrogels: free water that freezes near 0 °C, freezable bound 

water, for which the endothermic peak is shifted to lower temperatures, and non-freezable 

 
Figure 2.6:  Schematic of PVA hydrogel structure produced by freeze-thaw cyling as de-
termined by SANS.  Cycle 0 represents the PVA solution before thermal cycling. Re-
printed with permission from [105]. Copyright 2007 American Chemical Society. 



 
   

 

 

25

water that is tightly bound to PVA molecules.  With increasing PVA concentration, the 

amount of free water and freezable bound water decreased, while the proportion of non-

freezable water increased with an increasing number of –OH groups.  This agrees with 

the model that pores are mostly filled with water while amorphous PVA molecules are 

swollen with water and held together by crystalline domains [117].  Pores in PVA hy-

drogels were found to be interconnected [115].  With increased F-T cycling, water mobil-

ity and diffusion coefficient decreased [114, 115]. 

 

2.4.3  Mechanical Properties 

Impact load testing showed that PVA with water content as low as 20% can pro-

vide better load damping and shock absorption than UHMWPE, transmitting a lower 

peak stress upon impact loading [18].  The non-linear concave-up or J-shape stress-strain 

curves of freeze-thaw PVA hydrogels resemble those of natural tissue in contrast to other 

synthetic polymers such as UHMWPE [11].  Viscoelastic mechanical behaviour has also 

been studied through stress relaxation, creep and dynamic mechanical testing.  The focus 

of this section will be on compression properties. 

 

2.4.3.1  Unconfined Compression 

In unconfined compression, cylindrical hydrogel samples are typically tested be-

tween non-porous platens and allowed to expand laterally while compressed.  Investigat-

ing the use of Salubria biomaterial for focal cartilage replacement, Stammen et al. [19] 

tested PVA hydrogels containing 20% and 25% PVA made with 0.9% saline.  Samples 

were equilibrated in water at 37 °C before testing, then compressed to 0.65 strain at strain 

rates of 100 and 1000%/min, but the authors did not specify if testing was done in air or 

fluid.  Strain rate dependence was apparent at high strains but not at low strains, likely 

from increasing pressurization with strain.  Tangent compressive moduli increased from 

approximately 2 MPa at 0.3 strain to 20 MPa at 0.65 strain in both hydrogels.  Extensibil-

ity decreased with increased PVA concentration; the failure stress and strain were 2.1 
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MPa at 0.6–0.62 strain for the 20% PVA hydrogel and 1.4 MPa at 0.45–0.47 strain for 

the 25% PVA hydrogel.  Strain rate dependence was not found in shear, in which sample 

volume is conserved, leading to the hypothesis that fluid flow contributed to the compres-

sive stress-strain behaviour and strain rate dependence. 

Millon et al. [24] tested 10% PVA hydrogels made using 1, 3 and 6 cycles of con-

trolled F-T cycling for cartilage replacement or other orthopedic applications.  Uncon-

fined compression was performed at 1, 10 and 100%/s to 0.45 strain in water at 37 °C.  

Strain rate dependence was also apparent only at high strains in 6 FTC hydrogels, and a 

statistical difference in stress at 0.45 strain was only found between strain rates of 1 and 

100%/s, which was 0.13–0.16 MPa.  Wang and Campbell [23] produced 3–40 wt% PVA 

hydrogels using the same F-T conditions as Millon et al.  Cylindrical sample dimensions 

were approximated to lumbar intervertebral disc dimensions, which are approximately 4 

cm in diameter and 1 cm in height [135].  Unconfined compression was performed at 3 

mm/min to approximately 0.25 strain.  Tangent moduli was lowest in 3 FTC-3% PVA 

and highest for 6 FTC-40% PVA, increasing with both number of FTC and PVA concen-

tration. 

Joshi et al. found that tangent compressive moduli of 6 FTC PVA hydrogels con-

taining 84% water and 1–5% PVP did not vary with PVP concentration [58].  Compres-

sive moduli were also determined after fatigue cyclic loading to 0.15 strain for up to 10 

million cycles at 5 Hz.  Tangent modulus decreased by 24% at 0.15 strain, but no change 

was found at 0.2 and 0.25 strain.  Permanent deformation of the hydrogels resulted in a 

5% increase in diameter and 17% decrease in height.  In Holloway et al., PVA hydrogels 

containing 1 wt% PVP and 10 to 35 wt% total polymer were compressed at a rate of 

100%/min to 0.15 strain in phosphate buffered saline (PBS) at 37 °C [116].  Compressive 

modulus in the linear portion of the stress-strain curve, between 0.01 and 0.05 strain, did 

not increase beyond 5 FTCs, and increased with polymer concentration. 
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Compressive moduli from the above studies are listed in Table 2.4.  There are dis-

crepancies in describing compressive moduli due to the non-linearity of stress-strain 

curves and strain rate dependence of PVA hydrogels.  Tangent moduli vary to a large de-

gree depending on the strain at which they were calculated, and strain rate may have an 

effect on the apparent stiffness.  Using only one portion of the stress-strain curve would 

not provide a complete representation of hydrogel behaviour.  Also, hydrogel composi-

tion, F-T cycling parameters, and testing conditions such as temperature and immersion 

in fluid all influence the compressive behaviour of PVA hydrogels. 

Table 2.4:  Compressive moduli from unconfined compression of freeze-thaw PVA hy-
drogels in the literature. 

Study 
PVA 
[%] 

Sol-
vent Additive FTC 

Test 
environment Strain rate 

Modulus [MPa] 
(strain) 

Stammen 
2001 [19] 

20, 25 0.9% 
saline 

– Unknown Water, 37 °C, 
equilibrated 
prior to testing 

100, 
1000%/min 

Tangent: 
  2.08–3.02 (0.3), 
  16.51–19.06 (0.6) 

Millon 
2009 [24] 

10 Water – 1, 3, 6 Water, 37 °C 100%/s Tangent: 
  0.039–1.18 (0.45) 

Wang 
2009 [23] 

3–40 Water – 1, 3, 6 Water, 37 °C 3 mm/min Tangent: 
  0.001–1.303 (0.05),
0.001–2.117 (0.20) 

Joshi 
2006 [58] 

11–15 Water 1–5% 
PVP 

6 PBS, 37 °C 100%/min Tangent: 
  0.23 (0.15), 
  0.4 (0.25) 

Holloway 
2011 [116] 

10–35 Water 1% PVP 6 PBS, 37 °C 100%/min Linear: 
  0.070–0.801 
  (0.01–0.05) 

 
 

2.4.3.2  Stress Relaxation, Creep and Dynamic Mechanical Properties 

Viscoelastic properties such as stress relaxation, creep and viscous damping may 

be desirable in a biomaterial for IVD applications, since these properties are found in the 

natural IVD.  PVA hydrogels also display viscoelastic behaviour.  In stress relaxation 

tests, 25% PVA hydrogels decreased to 45% of the initial stress after 24 hours at 0.2 

compressive strain [19], while 10% PVA also relaxed to approximately 45% of the initial 

stress after 1 hour at 0.45 strain [24].  Wang and Campbell [23] performed stress relaxa-

tion for only 30 seconds at 0.25 strain, and the degree of relaxation attained was less than 

20% for all compositions.  Their study found that rate of stress relaxation increased with 
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the stiffness of the material, increasing with both polymer concentration and number of 

FTCs.  The degree of stress relaxation was found to decrease with increasing polymer 

concentration in PVA hydrogels by Kobayashi [136].  However, the degrees of stress re-

laxation in PVA hydrogels are much lower than in the natural IVD, which decreases to 

less than 10% of the initial stress after only 30 minutes [55].  Compressive stress relaxa-

tion data was successfully fitted to a double exponential decay function by both Millon et 

al. [24] and Wang and Campbell [23], as was previously done for tensile stress relaxation 

[11, 13]. 

Stauffer and Peppas [114] examined creep in 15 wt% PVA with 2–5 FTCs by ap-

plying stress for 15 s.  However, only final strain was plotted against applied stress, and 

creep curves were not shown.  Final strains of 2 FTC hydrogels were 0.10 to 0.18, in-

creasing linearly with applied stress up to 3.5 MPa, while over the range of applied stress, 

5 FTC hydrogels had approximately the same final strain of 0.085.  Wang and Campbell 

[23] applied a compressive stress of approximately 0.2 MPa for 30 s in their creep tests.  

The increase in strain during creep was found to be highest in hydrogels with low poly-

mer concentrations.  For 15–40 wt% PVA hydrogels with 6 FTCs, the increase in strain 

ranged from 1.8 to 2.5%, but neither the initial nor final strain was specified.  Creep data 

in this study was fitted with the three-parameter-solid model used in IVD creep. 

PVA hydrogels were simulated by a poro-viscoelastic model consisting of the 

three-parameter-solid model for the solid phase and a fluid phase that can be exuded dur-

ing creep [137].  Creep strains of 0.1–0.2 were obtained experimentally for hydrogels 

containing 40–60% PVA after 8 hours at 0.5 MPa stress, and both initial and final strains 

decreased with increasing PVA concentration.  The poro-viscoelastic model successfully 

modelled creep behaviour in these hydrogels.  The solid polymer phase and flow of the 

fluid phase both likely contributed to viscoelastic properties. 

Dynamic properties of PVA hydrogels have been investigated in shear.  The stor-

age modulus tended to increase with increasing frequency of loading, but this effect ap-

peared to be small for frequencies up to 10 Hz [29, 138], and decreased with increasing 
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cyclic strains, which may have been due to polymer deformation that was not immedi-

ately recovered between loading cycles [119].  Tan δ decreased with increased loading 

frequency, indicating more elastic behaviour with faster loading [29].  PVA hydrogels 

can be characterized as highly elastic with tan δ values on the order of 0.01, compared to 

at least 0.1 in rubber, since the large proportion of water in hydrogels results in low inter-

nal friction [139].  By increasing PVA concentration from 15% to 20% in hydrogels con-

taining 3% HA, shear storage modulus increased while loss modulus remained similar, 

thus decreasing tan δ [29].  This indicates an increase in elastic behaviour with higher 

polymer content. 

In general, mechanical properties are dependent on the structure of PVA hy-

drogels, as stiffness increases with polymer concentration and F-T cycling.  Viscoelastic 

properties correlate with polymer concentration and modulus of the hydrogels.  Under 

compression, the role of water flow and permeability also appear to be important in load 

bearing, strain rate dependence, stress relaxation and creep in PVA hydrogels. 

 

2.4.4  Effects of aging and salt on PVA hydrogels 

Willcox et al. [104] investigated the aging of 1–12 FTC 19 wt% PVA hydrogels, 

produced using controlled F-T cycling, for up to one year.  Aging in water had a similar 

effect as additional F-T cycling, as crystallinity also increased.  Mass decreased by 8% 

for 1 FTC and 5% for 12 FTCs due to weeping of water that pooled on the surface of the 

hydrogels.  Hassan and Peppas also determined that polymer dissolution decreased with 

increasing number of FTCs, and that dissolved polymer was not from the crystalline re-

gion [109].  PVA hydrogels initially swelled as soluble PVA was replaced by water in the 

polymer-poor regions and smaller crystallites dissolved leading to an initial decrease in 

crystallinity [109, 112].  Shrinkage of the hydrogels occurred with aging, reaching equi-

librium swelling over time.  Modelling of crystallite dissolution showed that smaller crys-

tallites with lamellar thickness of less than 185 Å dissolved within 10 minutes, while 

those greater than 215 Å remained stable and provided stability for the hydrogel [140].  
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However, the model did not account for the increase in crystallinity over time.  Longer 

polymer chains were more likely to have entanglements that inhibit crystalline formation 

during F-T cycling, leading to a larger degree of rearrangement over time with higher 

molecular weight [109]. 

After 1000 hours of water flow through a packed column of PVA hydrogel beads, 

the modulus of the beads increased by approximately 25–35% [112].  PVA/PVP hy-

drogels that were fabricated, stored and tested in PBS also increased in compressive 

moduli after 56 days of aging, which was attributed to equilibration of the hydrogels [58].  

However, the amount by which modulus increased was not specified. 

In biomedical applications, implanted biomaterials would be in an environment 

with salts and other solutes.  PVA hydrogels may be made with solutions such as saline 

or PBS to approximate the in vivo environment.  However, the addition of salts has con-

sequences on the formation and properties of PVA hydrogels.  The addition of salts to 

PVA during dissolution decreases the freezing point of aquesous PVA solutions, which is 

to be expected due to the freezing point depression of water.  While Gordon reported the 

freezing point of PVA solutions in water to be –18.7 °C [141], solutions of PVA, theo-

phylline and 11% NaCl did not freeze until –30 °C [118].  Salts disrupt inter- and intra-

molecular hydrogen bonding in PVA and, above a certain concentration, also between 

PVA and water [142].  When prepared with low concentrations of NaCl (0.0125–0.0625 

M) rather than with distilled water, 2.5% PVA hydrogels gelled by liquid nitrogen freez-

ing and room temperature thawing decreased in crystallinity and became weaker [27]. 

Osmotic pressure effects have to be taken into account due to the high water con-

tent of hydrogels if they were prepared with a solution non-isotonic with their environ-

ment.  Volume change and swelling kinetics in response to changes in concentration in 

the external solution may be due to a combination of mobile ion diffusion, internal fric-

tional forces within the polymer network and between polymer and water, and the elastic 

response of the polymer network [143].  11% PVA hydrogels decreased in mass in 1–3 M 

NaCl solutions due to water loss [144].  Deswelling increased with the concentration of 
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the solution, resulting in 10–45% decrease in mass after 2600 minutes that was not com-

pletely reversible when placed back into water.  Since dissolved ions in salt solutions can 

move freely into the PVA hydrogel structure, osmotic pressure decreases over time, but 

this may not be the case in vivo due to the presence of macromolecules.  Spiller et al. 

[123] dissolved PEG with molecular weight of 20,000 g/mol into PBS to attain an os-

motic pressure of 0.95 atm, which was found to be a good in vitro model compared to ex 

vivo implantation into defects excised from cartilage in bovine femoral condyles.  10 wt% 

PVA/PVP hydrogels deswelled by approximately 23% and 65% after soaking for up to 4 

weeks in PBS and PEG solution, respectively.  Pores decreased in size and connectivity 

in PEG solution while porosity remained high in PBS alone.  Compressive moduli in-

creased by 50% in PBS and by 300% in PEG solution after four weeks.  With increasing 

PVA concentration, deswelling decreased in PEG solutions [116].  After 24 days, swell-

ing ratios were approximately 0.8 and 1 for 10% and 20% PVA hydrogels in PBS, and 

0.4 and 0.65 in PEG solution, respectively.  Being able to predict or mitigate dimensional 

changes of hydrogels in vivo is important because shrinkage may cause migration of hy-

drogel implants and unexpected change in mechanical properties. 

 

2.4.5  Biocompatibility 

Although PVA hydrogels are not cytotoxic, they are not adhesive to cells or tissue 

due to their hydrophilicity [10, 16, 145].  Surface modification or functionalization, as 

well as composites with cell attractive substances, have been used to increase cell affinity 

and proliferation on PVA hydrogel substrates to support tissue regeneration [16].  These 

strategies may be explored for fixation of a PVA hydrogel IVD replacement device to the 

vertebral bone. 

Host response to PVA implants in animal models has ranged from limited in-

flammatory reaction [17] to loose fibrous tissue [146] and fibrosis [22].  Inflammation 

was elicited only in the subchondral vertebral bone where PVA wear particles from a NP 

replacement were found, and not in the surrounding disc space where there was no wear 
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particles [146].  Particles of UHMWPE (50–300 µm), however, caused intense inflamma-

tion in rat knee joints while only mild reactions were found with PVA particles after two 

months [18]. 

PVA was implanted into rabbits as a meniscal replacement and no obvious signs 

of breakage or wear were observed up to two years [21].  PVA hydrogel mitigated the 

progression of osteoarthritis compared to knees treated with meniscectomy and there was 

only a slight increase in implant stiffness from the initial state.  The use of PVA hy-

drogels for resurfacing of cartilage was investigated in a canine knee model, in which a 

gap between the hydrogel implant and surrounding cartilage was observed [18, 147].  

There was a high rate of extrusion (20–33%) of a PVA hydrogel NP replacement that was 

implanted in baboon lumbar discs because of osmotic pressure-related shrinkage within 

the disc, and the implant was also slightly flattened [146].  These studies highlighted the 

implications of osmotic effects on shrinkage of hydrogels that affected their performance 

in vivo.  Due to the proximity of IVD implants to the spinal cord, implant migration and 

host response could have serious consequences. 

 

2.5  NANOFILLERS AND NANOCOMPOSITES 

Nanofillers are defined by materials having at least one dimension less than 100 

nm, and may be of various aspect ratios ranging from fibres to plates to spheres [148].  

They have large surface area to mass ratios due to their small size, leading to high filler 

connectivity and small interparticle separation when dispersed in a matrix compared to 

larger fillers [149].  Improvements on properties may be dependent on their size, shape, 

aspect ratio, modulus, dispersion, alignment and interaction with the matrix in a nano-

composite (NC) [150]. 

The interaction between nanofillers and the matrix becomes increasingly impor-

tant due to the high surface area of the fillers [148].  In a polymer matrix, strong interac-

tions result in adsorption of polymer chains onto filler surfaces, possibly leading to de-
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creased chain mobility and altered crystallinity.  Even at low nanofiller additions, the in-

terface may comprise a large proportion of the NC, resulting in properties changes not 

achievable in composites containing larger reinforcements at the same filler content.  

More stable and discrete nanofiller dispersion also results from strong interfaces.  Con-

versely, a poor interface would have negative effects on the mechanical properties.  Lar-

ger nanofillers [149] and those with higher aspect ratios [151] usually confer greater in-

creases in stiffness. 

The addition of clays, most commonly montmorillonite (MMT), to hydrophilic 

polymers has been investigated.  MMT is a naturally occurring smectic aluminosilicate 

that has hydrophilic surfaces.  Increasing amounts of MMT decreased crystallinity and 

melting temperature, and increased storage modulus [152, 153].  MMT was well dis-

persed and limits the mobility of amorphous PVA while crystalline PVA chains were 

folded parallel to the clay surface [152]. 

PVA was able to hydrogen bond to nano-silica particle surfaces to initiate nuclea-

tion upon annealing [154].  Crystallinity was found to increase to a maximum at 0.5 wt% 

silica addition.  At the same filler mass, silica of 22 nm gave the highest increase in crys-

tallinity, since smaller sizes resulted in insufficient space between particles for crystal 

growth, whereas larger ones resulted in a smaller number of nucleation sites.  It appears 

the effect of nanofiller addition on crystallinity, and presumably mechanical properties, 

may not be easily predicted and depends on factors such as size, aspect ratio, filler con-

centration and filler surface properties. 

 

2.5.1  Laponite 

Laponite is a synthetic smectic silicate clay with the chemical formula 

Na+
0.7[Si8Mg5.5Li0.3O20(OH)4]0.7− [155].  It is disc-shaped with a diameter of approxi-

mately 30 nm and a height of 1 nm.  The clay faces are negatively charged and sodium 

counter-ions balance the charges between clay discs, while the edges are positively 

charged.  In solution, sodium ions dissociate from the clay disc surfaces to form disper-
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sions due to electrostatic repulsion [156], while electrostatic attraction can result in edge-

to-face structures [155, 157, 158].  In solutions above a certain concentration or ionic 

strength, Laponite flocculates due to screening of electrostatic repulsion forces, allowing 

attractive van der Waals forces to dominate [157].  Oxygen and hydroxyl groups on La-

ponite help with the adsorption of hydrophilic polymers onto its surface [159]. 

Polymer solutions of Laponite and polyethylene oxide (PEO) in water have been 

investigated extensively.  Depending on Laponite and PEO concentrations, these solu-

tions can form reversible gels as PEO chains adsorb onto multiple Laponite surfaces, 

which act as crosslinks [160, 161].  Viscosity increases with the addition of Laponite to 

PEO solutions due to structural changes of the adsorbed polymer and bridging of Lapo-

nite particles [162], forming clusters or aggregates [163].  However, at high polymer and 

low Laponite concentrations, clay surfaces are saturated and thus the amount of bridging 

is likely to be minimal [162].  While solution viscosity was increased, the increase in re-

laxation time was lower in high concentration PEO solutions with small degrees of Lapo-

nite addition. 

In a polyurethane with a polar hard segment and a hydrophilic soft segment [164], 

Laponite particles in the hard segments were primarily exfoliated, while ones in the soft 

segment regions were intercalated or flocculated.  Crystallinity in the hard segments de-

creased with Laponite addition, but tensile toughness and extensibility decreased because 

of hindrance to molecular alignment in the soft segment with strain.  Additional tuning of 

NC properties may be possible by designing the filler dispersion within the specific ma-

trix.  By preferentially incorporating Laponite into the hard segments, the filler was able 

to hydrogen bond and reinforce the hard crystalline domains, increasing stiffness without 

sacrificing extensibility of the polyurethane since the soft segments were not affected 

[164, 165].  Laponite was suitable in this case due to their small size and could be located 

exclusively in the hard segments. 

The only example of PVA-Laponite NCs in the literature was in the form of an-

nealed membranes [159].  The PVA was rendered partially hydrophobic by grafting of N-
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tertiary butyl acrylamide at 2 mol% before Laponite addition.  Both melting temperature 

and crystallinity decreased with Laponite addition, indicating the formation of less stable 

crystallites.  Dynamic mechanical testing showed that storage modulus and tan δ, which 

is typically associated with the proportion of amorphous polymer, decreases with Lapo-

nite addition.  Since crystallinity decreased with Laponite, it was attributed to a stiffer 

amorphous phase in which Laponite impeded chain movement.  NC membranes had a 

smaller swelling ratio than unfilled membranes because Laponite functioned as crosslink-

ers, preventing swelling when placed in water.  However, as temperature increased, 

swelling increased in NC membrane while decreasing in the unfilled membranes due to 

the hydrophilic nature of Laponite. 

 

2.5.2  Bacterial Cellulose 

Bacterial cellulose (BC) can be produced by Acetobacter xylinum in either shaken 

or static culture [166].  The glucose units in cellulose are bound through β-1,4 linkages, 

and hydrophilicity is imparted by the three –OH groups on each glucose unit [167]; BC 

suspensions can possess up to 99% water [166].  BC has a degree of polymerization of 

4000–10 000 and fibre lengths ranging from 100 nm to several microns [168].  BC pro-

duced in our laboratory had a fibre diameter of 35–90 nm, 60% crystallinity, and 

modulus, determined by atomic force microscopy, of 78 ± 17 GPa [169].  Crystal 

modulus of BC found by theoretical modelling and experimental measurements are in the 

range of 100–160 GPa [167], but moduli of fibres would depend on the crystallinity and 

alignment of crystalline domains, which are hypothesized to be parallel to the fibre axis 

[169]. 

Reinforcement efficiency of a filler is affected by its aspect ratio and dispersion.  

As aspect ratio increases, there could be a tendency for fibres to become entangled, but 

the concentration threshold for filler connectivity decreases [166].  BC has been investi-

gated as a filler in the form of whiskers, fibres and as a component in double network hy-

drogels [166-168].  Matrix modulus is theoretically maximized at whisker fraction of 1 % 
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w/v with width of 10–20 nm and aspect ratio of 100, when filler connectivity occurs 

[170].  Further increase in both filler content and aspect ratio leads to no further en-

hancements, and negative effects on modulus as aggregation occurs at high filler content 

[166, 168].  Crystallinity of polycaprolactone and starch matrices increased with the addi-

tion of BC [166]. 

There are concerns of poor compatibility and moisture on NC properties with the 

addition of BC into hydrophobic matrices [166].  Surface modification of BC may be 

done to increase compatibility with the matrix.  Researchers have also taken advantage of 

surface reactions to produce a template for growth of calcium phosphate in simulated 

body fluid [171, 172].  BC was graft-polymerized with acrylic acid to provide nucleation 

sites for calcium phosphate growth [171].  Another group phosphorylated the primary 

alcohol group of the glucose unit using phosphoric acid (H3PO4) prior to incubation in 

CaCl2, forming nucleation sites for hydroxyapatite growth in simulated body fluid [172].  

Surface reactions could be used to modify BC to have the desired surface characteristics 

for use in a NC. 

 

2.5.3  PVA Hydrogel-Based Nanocomposites 

In PVA hydrogel-sulphonated polyester beads, addition of up to 1 wt% MMT, a 

plate-like nanoclay, served as nucleation sites for crystallization and increased crystallin-

ity, but steric hinderance decreased crystallinity above 5 wt% MMT [128].  The compres-

sive tangent modulus at 0.3 strain increased by 20% and 90% with 0.1% and 1% MMT 

addition, respectively, in 6 FTC-10% PVA hydrogels [173].  Graphene oxide, which has 

the form of hydrophilic nanosheets, was added at up to 1.0 wt% to F-T PVA hydrogels 

[174].  Water content was slightly higher in these NCs compared to pure PVA hydrogels 

due to the hydrophilic nature of graphene oxide.  The carboxylic acid and hydroxyl 

groups on graphene oxide may hydrogen bond with PVA, forming crosslinks and de-

creasing swelling at higher filler content.  Compressive stress at 20% strain increased by 

40% with 0.8 wt% filler addition. 
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The addition of nano-hydroxypaptite (nano-HAp) to PVA solutions before F-T 

cycling has been investigated for artificial cartilage applications.  TEM showed HAp par-

ticles formed agglomerates with sizes greater 100 nm, and their addition caused crystal-

linity in the hydrogels to decrease due to disruption of hydrogen bonds in PVA [175].  

Tensile strength increased with increasing addition of needle-like nano-HAp, while 

modulus improvement was greatest at 1.5 wt% [28].  SEM after vacuum drying showed a 

transition from round pores in unfilled PVA hydrogels to a dense fibrillated structure 

with the addition of nano-HAp.  In rheological tests, storage and loss moduli increased 

with increased HAp to a maximum of 6 wt% [29].  Crosslinks formed by hydrogen bond-

ing of fillers to PVA were hypothesized to strengthen the network.  However, agglomera-

tion of nanofillers tended to occur at high filler content, resulting in a decrease in rein-

forcement effectiveness [25, 29]. 

Bacterial cellulose-PVA NC hydrogels were investigated for cornea replacements 

[176].  Membranes of BC were soaked in PVA solution, followed by F-T cycling then 

dehydration and rehydration.  The resulting BC content was very high, ranging from 12–

27 wt%.  Crystallinity of PVA decreased with increasing BC, which the authors attrib-

uted to the hydrogen bonding between BC and PVA disrupting hydrogen bonding in 

PVA.  However, since the amount of PVA decreased with increasing BC, the decrease in 

crystallinity may be due to lower PVA concentrations.  Young’s modulus increased by 

48–126 times and tensile strength by 22–125%, while strain at the yield point decreased 

by 60–80%. 

Millon et al. investigated BC-PVA hydrogels in both tension and compression for 

cardiovascular and orthopedic applications [13, 24].  BC addition changed the shape of 

the tensile stress-strain curves, with modulus increasing sharply at 0.4 strain, compared to 

flatter curves from pure PVA hydrogels [13].  The addition of 0.61 wt% BC resulted in 

tensile tangent moduli 2 and 5 times that of unfilled 10 wt% PVA at 0.3 and 0.6 strain, 

respectively.  By increasing PVA concentration from 7.5 wt% to 15 wt% while keeping 

BC content at approximately 0.3 wt%, tangent moduli increased by 3 and 4.5 times at 0.3 
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and 0.6 strain.  Furthermore, F-T cycling beyond three or four cycles did not affect tensile 

properties of the PVA-BC hydrogels. 

In compression [24], the addition of 0.85 wt% BC to 10% PVA provided little 

improvement in stiffness compared to addition of 0.3 wt% BC, which resulted in a three-

fold increase in tangent modulus at 0.45 strain compared to unfilled 10% PVA.  Unlike 

under tension, the compressive tangent modulus of 3 FTC BC-PVA hydrogels at 0.45 

strain increased by approximately 36–50% with 6 FTCs.  Strain rate dependence was in-

vestigated using strain rates of 1, 10, and 100%/s.  While neat 10% PVA hydrogels were 

only strain rate dependent after 6 FTCs, the PVA-NC hydrogels displayed strain rate de-

pendence between 1 and 100%/s even with 1 FTC.  Stress relaxation did not level off in 

any of the hydrogels after 1 hour at 0.45 strain, and decreased from approximately 45% 

of the initial stress in 10% PVA to 20–30% for hydrogels containing BC.  SEM of frac-

ture surfaces from critical point dried PVA revealed larger pores in hydrogels containing 

BC.  It is possible that free water in larger pores was able to flow more freely from the 

hydrogel under constant stress, and hydrostatic pressure decreased to a larger degree over 

time. 

The addition of even small amounts of nanofillers can result in significant chang-

es in PVA hydrogel properties, which could be due to both the transfer of stress from the 

compliant hydrogel matrix to the stiffer reinforcement and to their effect on hydrogel 

structure.  Hydrogen bonding could be disrupted, resulting in a decrease in crystallinity.  

Furthermore, hydrogen bonding between nanofillers and PVA could serve as additional 

crosslinks that increase stiffness.  The water content and porous structure of F-T PVA 

hydrogels may also be altered with the addition of nanofillers that could impact hydrogel 

properties. 
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2.6  HYDROGEL-BASED ARTIFICIAL IVD 

In addition to NP replacements, hydrogel-based TDRs have been investigated. 

Wang and Campbell [23] studied a series of PVA concentrations and FTCs to determine 

combinations that match properties of the natural NP and AF.  Two combinations were 

found to match the NP, but no suitable replacement matched the stiffness of the AF for 

PVA concentrations up to 40% PVA and up to 6 FTCs.  The authors suggested that in 

unpublished data, PVA hydrogel components of different concentrations were adherent 

when fabricated using a two-step method to create an IVD device. 

Silva et al. [177] fabricated a lumbar IVD device by first producing an annulus of 

1 FTC-35% PVA then filling it with 30% PVA solution with no F-T cycling.  Both PVA 

solutions used a mixture of water and DMSO as the solvent.  The construct was subse-

quently swollen in water, in which the nucleus component absorbed a large amount of 

water and equilibrium swelling of both components was more than 80%. Creep testing 

was performed in water between porous plates for 11.5 h and repeated every 2 weeks.  

The specimen became stiffer with each additional test and experienced dimensional 

change due to viscous flow in the polymer matrix.  On its own, the nucleus was more 

permeable to water than the annulus, with water loss accounting for 13.25% versus 9.1% 

reduction in volume, though it was likely lower when surrounded by the annulus.  The 

device had similar properties to the natural IVD in fluid flow and loss, and transfer of 

stress from nucleus to the annulus when modelled using finite element modelling. 

A lumbar IVD device was made of a semi-interpenetrating network of poly(2-

hydroxyethyl methacrylate) (pHEMA) and poly(methyl methacrylate) (PMMA), and re-

inforced in the annulus region by poly(ethylene terephthalate) (PET)  fibres that were 

wound to simulate the alignment of collagen lamellae in the AF [178].  HAp-reinforced 

pHEMA/PMMA formed the endplates, likely to encourage bone ingrowth in vivo.  The 

compressive stress-strain curves had a toe region up to 9% strain followed by a linear re-

gion.  Strain rate dependence was similar to canine IVD in the linear region.  Strain rates 

of 1, 5 and 10 mm/min produced moduli of 84, 102 and 120 MPa, respectively.  How-
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ever, unlike the natural IVD, there was no significant strain rate dependence in the toe 

region.  Creep was lower than for the natural disc; the initial strain of 6.9% increased to 

12% over 4500 s, while the creep data was fitted to a four-component viscoelastic model.  

Dynamic compression showed that both storage and loss moduli increased with fre-

quency, and loss modulus was an order of magnitude lower than the storage modulus.  

Strain hardening was observed as the storage modulus increased with the number of load-

ing cycles.  The mechanical properties of the fibre-reinforced hydrogel device may be 

tuned by composition and the amount and winding angle of PET fibres, which impacted 

sample stiffness in PET-reinforced pHEMA/polycaprolactone discs [179]. 

These examples illustrate the feasibility of using hydrogels, including PVA hy-

drogels, in IVD prostheses.  Although pure PVA hydrogels may not be able to match the 

modulus of the annulus, reinforcement of the hydrogel matrix may lead to the desired 

properties.  Furthermore, by using PVA, tuning of individual properties of the annulus, 

nucleus and endplate components could be achieved using different formulations and 

number of FTCs while forming a cohesive device. 

 

2.7  WEAR TESTING 

Tribology is the study of the friction, wear and lubrication, which are important in 

IVD designs with articulations or motion between components to reduce friction and 

mitigate wear.  Although a low coefficient of friction (COF), between 0.001 and 0.03, is 

characteristic of animal and human joints [139, 180, 181], and desirable for artificial joint 

replacements, wear of the materials in artificial joints generates wear particles that could 

elicit undesirable host response, which may lead to implant loosening [182, 183].  Thus, 

minimizing wear should take precedence over lowering COF.  Studies of hydrogel tribol-

ogy have mainly been for applications in total artificial joints, hemiarthroplasty or focal 

replacement of cartilage.  Counter surface used in testing can be metals, ceramics, hy-

drogel or cartilage.  Tribological properties, particularly wear, of hydrogels are examined, 

and crossing-paths wear testing will also be reviewed. 
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Compliant materials, such as hydrogels, allow for a larger contact area and lower 

contact stresses, which enables the formation and maintenance of fluid film lubrication 

during motion [184].  Increasing the conformity of contacting surfaces resulted in a 

smaller increase in surface roughness after wear testing between hydrogels and cartilage 

[185].  A lower indentation creep modulus led to better friction and wear properties be-

tween pHEMA and stainless steel [186].  Water could also be squeezed out from hy-

drogels under load to form a boundary layer that decreases friction [106, 187].  A PVA 

hydrogel, like cartilage, was able to maintain a gap supported by a fluid film when 

pressed against a glass plate due to its hydrophilicity [18].  In contrast, UHMWPE and 

glass were separated by a narrow gap and fluid pressure dropped to zero rapidly upon 

loading.  The loss of fluid support would result in increased contact of solid surfaces, and 

could lead to increases in COF [185]. 

 

2.7.1  Lubricant 

The fluid environment in vivo contains salts, proteins and other solutes.  Never-

theless, tribological testing of hydrogels has been performed in air, water, salt and protein 

solutions, and synovial fluid.  The choice of lubricant could have a significant effect on 

wear of hydrogels.  Adhesive wear occurred in the absence of a lubricant between 

pHEMA hydrogel and stainless steel [188], and increased the COF between poly(acrylic 

acid) hydrogel (PAAc) and glass [187], and PVA hydrogel and titanium alloy [180].  

While there was no difference between using water and saline as a lubricant between 

PVA and stainless steel, the addition of bovine serum reduced the COF by up to 50% [25, 

122, 189, 190].  The interaction of proteins with sliding surfaces could have a conse-

quence on the formation of adsorbed protein layers and their lubrication properties [191-

193].  Other constituents in synovial fluid can also contribute to low friction and wear.  

The addition of phospholipids into HA-containing saline lubricant resulted in a decrease 

in COF from 0.015 to 0.01 in detergent-treated porcine shoulder joints [191].  In recipro-

cating tests between PVA hydrogels and CoCr, the COF averaged 0.1 in newborn calf 

serum, while testing in bovine synovial fluid resulted in an average COF of 0.036 [124]. 
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Brandt investigated the effect of lubricant composition in simulator testing of total 

knee replacements [194].  Alpha-calf serum (ACS) was found to have a similar protein 

composition and profile as synovial fluid, and dilution with PBS rather than distilled wa-

ter produced the equivalent osmolality.  The addition of salts could also influence the 

protein conformation in the lubricant.  To prevent microbial growth, antibiotic-

antimycotic was found to be more effective than sodium azide, which was used in some 

tribological studies of hydrogels [124, 185, 195].  The composition of the fluid environ-

ment around the cervical intervertebral disc is not currently known [196], but a lubricant 

composed of ACS, PBS and antibiotic-antimycotic was used in the study of PEEK-on-

PEEK for cervical disc implant applications [197]. 

 

2.7.2  Wear and Friction of Hydrogels 

Adhesive wear in hydrogels is assumed to be reduced by lowering friction [198]. 

Friction may also cause local temperature to rise, resulting in viscous flow at the surface 

and increased wear [199].  While COF correlated with wear in pin-on-disc tests of PVA-

HAp NC hydrogels against a titanium alloy sphere [199], no strong correlations were 

found between wear and friction in reciprocating tests [124, 188, 200].  This may be due 

to variation in sliding velocity along the wear track with reciprocating motion, in which 

friction peaks near the end of each cycle in reciprocating motion [188].  The wear factor 

in pin-on-disc testing was lower for PVA hydrogels than UHMWPE, but was up to 18 

times higher in reciprocating tests because velocity became zero at end of each stroke 

[18].  Since hydrogels are viscoelastic, lower velocities increase the amount of time for 

deformation to occur, thereby increasing contact area as conformity increases [199]. 

Unlike solid surfaces, friction in hydrogels is related to contact area, which in turn 

is dependent on the amount of deformation induced by load [139, 189, 190, 199].  Since 

hydrogels are viscoelastic, the lack of time for deformation to occur at higher velocities 

reduces contact area [199], and COF decreases with increasing sliding speed [25, 180, 

189, 190].  While increasing the diameter of the counter surface decreased contact 
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stresses and reduced deformation depth at the same load, the thickness of the lubrication 

film was also increased, thereby decreasing friction [25, 189].  It is possible that wear 

could be reduced with decreased contact stress by increasing contact area, but this would 

also increase the area on the hydrogel surface that is susceptible to wear damage. 

Since higher water content in hydrogels is associated with decreased modulus and 

contact stress, and increased contact area, it would impact both the COF and wear.  The 

COF tended to decrease with the increase in water content by decreasing polymer con-

centration [187, 188, 201], or addition of hydrophilic components such as alginate [202], 

polyacrylamide [106] and PVP [122].  However, the COF did not decrease further when 

water content was increased above 80% in PAAc hydrogels sliding against glass [187].  

Similarly, wear decreased by raising the water content of pHEMA hydrogels from 65% to 

75% [188], but increased in PVA/PVP hydrogels when water content increased from 

85% to 90% [124]. 

The effect of a nanofiller on the COF and wear depends on filler content.  The 

COF decreased with HAp addition of up to 4.5 wt% into PVA, beyond which the COF 

increased [25, 203, 204].  However, the method of HAp incorporation may be a factor.  

Mixing in of HAp increased both the COF and wear [199], while HAp formed in situ re-

sulted in wear similar to or lower than that of observed for neat PVA hydrogels [203].  

The COF and wear may decrease for low nanofiller additions because of improvements 

on hydrogel modulus, but at high filler addition or with inadequate mixing, particles may 

agglomerate.  This increases the likelihood for agglomerates to increase surface rough-

ness or cause third body wear. 

 

2.7.3  Characterization of Wear 

Wear in hydrogels has been characterized using a variety of methods including 

change in mass, depth of the wear track and wear volume.  Difference in total mass of 

hydrogels before and after testing was used to determine wear [181, 186, 199].  However, 

the change in mass could be affected by fluid exudation, changes in hydration or absorp-
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tion of lubricant molecules.  Therefore, wear was expressed as a percentage of change in 

dry mass by Katta et al. [124].  Depth of wear has been determined by the displacement 

of the counter surface pin against hydrogel surfaces [188] and by CLSM to obtain the 

maximum depth of the wear track profile [200].  However, the depth of a wear track in 

hydrogels is likely the sum of both deformation and wear [188, 201, 204].  Soaking in 

PBS for two days appeared to be successful in removing reversible creep in PVA/PVP 

hydrogels [124].  Wear volume was calculated from decrease in mass using the same 

density of 1.004 g/cm3 for PVA hydrogels with water contents ranging from 45% to 85% 

[205].  It was also estimated spectroscopically by adding potassium iodide indicator solu-

tion to saline lubricant containing PVA wear particles [18]. 

Surface roughness determination using CLSM [200] and profilometry [185, 195] 

was performed as a measure of surface damage.  SEM was also used to qualitatively ex-

amine wear surfaces.  In unfilled PVA hydrogels, abrasive wear was apparent at high 

contact pressures and pores were exposed [181].  With the addition of 100 nm HAp 

through mixing, HAp particles were pulled out and scratches could be seen in the direc-

tion of motion, but there was also evidence of fatigue wear [181, 203].  In situ formation 

of HAp in PVA solutions, however, resulted in predominately fatigue wear and delamina-

tion [203].  The size of hydrogel pores decreased with increased HAp [204] and silica 

[202] addition.  Pores in PVA hydrogels containing HAp were not as easily deformed or 

torn, and a low number of FTCs resulted in plastic flow and adhesive wear, while there 

was no apparent damage with higher FTCs [204].  However, these samples were dried in 

air and no special care was taken to preserve hydrogel structure, which may affect surface 

features when examined using SEM. 

Abrasive wear was found on the underside of hydrogel samples after tribological 

testing by Katta et al. [124].  This was caused by lateral expansion due to the high Pois-

son’s ratio of PVA hydrogels and a lack of lubrication underneath the sample.  North-

wood et al. used waterproof double-side tape for sample mounting [185, 195].  Fixation 

could be important in isolating wear of hydrogels to the direct effect of counter surface 

sliding. 



 
   

 

 

45

2.7.4  Crossing-Paths Wear 

Artificial discs, and other total joint replacements, have been shown to experience 

multidirectional sliding in vivo in retrieval studies [196, 206].  Unidirectional sliding of 

metal or ceramic counter surfaces on UHMWPE are associated with low wear rates since 

strain hardening results from the alignment of polymer molecules in the direction of slid-

ing, but also leads to softening in the perpendicular direction [207-209].  Thus, multidi-

rectional, or crossing-paths, sliding on UHMWPE caused intermolecular rupture and in-

creased wear when compared to unidirectional sliding, at rates of up to two or three mag-

nitudes higher [207].  The mechanism of wear for UHMWPE in unidirectional sliding 

was abrasion in the direction of motion, while there was evidence of adhesion, plastic de-

formation and fatigue in multidirectional sliding [209].  In contrast, metal-on-metal pairs 

have lower wear rates in multidirectional sliding than in linear sliding.  The reduction in 

wear is due to a polishing effect from crossing-paths motion, where abraded edges are 

folded back down into scratches, minimizing the likelihood of material removal [210]. 

Scholes and Unsworth suggested that wear testing using pin-on-plate reciproca-

tion with rotation could be a cheaper alternative than simulator testing when screening 

material pairs for use in articulating joint replacement devices [210].  The effect of cross-

ing-paths motion on sliding distance depends on the angle of rotation and contact radius 

between a spherical pin and a flat counter surface, which was modelled by Powell for 

wear of metal-on-metal contacts [211, 212].  However, simulator testing would be re-

quired for investigating wear rates in TDR devices.  Flexion-extension, axial rotation, 

lateral bending and dynamic axial loading were combined in simulator tests according to 

ASTM and ISO protocols [206].  ASTM F2423-05 does not require phasing of combined 

motions, resulting in unidirectional curvilinear wear tracks, while phasing of the com-

bined motions in ISO/FDIS 18192-1 (2006) resulted in oval shaped multidirectional wear 

tracks.  Consequently, the wear rate of a lumbar UHMWPE-CoCr TDR was 20 times 

greater using ISO than the ASTM protocol. 
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Northwood and Fisher [185] performed crossing-path tests on stainless steel, car-

tilage and three methacrylate-based interpenetrating network hydrogels, with water con-

tents of 14%, 19% and 37%, against bovine cartilage pins.  The steady-state COF was 

highest for stainless steel with rotation, increasing to 0.88 from 0.7 without rotation.  

COF for hydrogels (approximately 0.3) and cartilage (~0.05) were not affected by the 

addition of rotation.  Surface roughness was used to characterize the degree of wear resis-

tance in this study, which may not be sufficient to quantify wear.  In unidirectional recip-

rocation, the hydrogel with the highest water content had the lowest increase in surface 

roughness after wear testing.  With multidirectional motion, the hydrogel with the lowest 

water content, and thus the highest modulus and strength, possessed the lowest increase 

in surface roughness.  However, since the compositions of the hydrogels were not speci-

fied, it would be difficult to speculate the effect of rotation based solely on water content. 

 

2.8  HIGH FREQUENCY 3D ULTRASOUND IMAGING 

Ultrasound imaging (US) is a medical imaging technique that provides fast acqui-

sition rates [213].  Parallel brightness-mode (B-mode) image planes may be stacked to 

form three-dimensional (3D) images for imaging of a volume [214].  Clinically, US fre-

quencies are typically in the range of 2–15 MHz [213], but higher frequencies have been 

used for micro-ultrasound imaging of cardiac and tumour models in mice [215].  Fre-

quencies of 20 to 55 MHz can provide high resolutions of 30 to 60 μm [215].  3D US of 

porcine aortic valve cusps was successfully performed using a frequency of 40 MHz, 

which provided a B-mode image plane spacing of 32 μm [214].  However, as frequency 

is increased, attenuation also increases and imaging depth is sacrificed [213]. 

PVA hydrogels have been used as tissue mimicking phantoms for US with acous-

tic properties similar to human tissue [216-219].  Properties can be varied by choice of 

solvent (water or DMSO), water content, the number and rate of F-T cycles, and degree 

of hydrolysis, due to the effect of these parameters on hydrogel pore density [216, 217].  
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To preserve the acoustic properties of hydrogels, dehydration must be prevented during 

storage and imaging [216]. 

 

2.9  MOTIVATION FOR THESIS 

Clinically available artificial discs for the replacement of diseased cervical IVDs, provid-

ing an alternative to fusion, are composed of materials much stiffer than the natural tis-

sue.  With the exception of the Bryan disc, they do not have the shock absorbing and 

fluid flow properties of a healthy IVD.  F-T PVA hydrogels are highly tunable, can be 

produced with water content similar to IVD, and have a porous structure that allows for 

fluid flow under stress.  The addition of nanofillers could potentially provide reinforce-

ment and tuning of properties at low filler contents.  Design criteria for PVA-based hy-

drogel materials for IVD applications include sufficient stiffness to withstand in vivo 

loads, dimensional stability, strain rate dependence similar to the natural IVD, resistance 

to wear, biocompatibility and ease of manufacture.  The effects of Laponite and BC, nan-

ofillers with low and high aspect ratios, respectively, on PVA hydrogels were studied.  

Since the in vivo environment contains salts and other solutes, compression testing to de-

termine stress-strain, strain rate dependence, stress relaxation, creep and dynamic proper-

ties was performed in water and after aging in PBS.  Furthermore, deformation volume 

from crossing-paths wear testing, measured from 3D US images, and SEM were used to 

assess wear in the hydrogels, since current TDR devices all have articulating designs.  

Finally, the feasibility of producing a multi-component prosthesis, comprising of differ-

ent hydrogel compositions for the annulus and nucleus components, was investigated in a 

preliminary design to mimic the natural IVD structure. 
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Chapter 3 
MATERIALS AND METHODS 

 

 

3.1  MATERIALS 

Poly(vinyl alcohol) with molecular weight of 146 000–186 000 g/mol, 99+% hy-

drolyzed was used as received from Sigma-Aldrich (#363065, St. Louis, MO).  Laponite 

RD was used as obtained from Southern Clay (Gonzales, TX).  Bacterial cellulose was 

synthesized in our laboratory and purified from shaken cultures of Acetobacter xylinum, 

and was chemically modified to obtain phosphorylated BC by others in the laboratory.  

Water denotes the use of distilled deionized water. 

Phosphate buffered saline (PBS) was prepared in water with potassium phosphate 

(KH2PO4) (Caledon Laboratory Chemicals, Georgetown, ON), potassium chloride (KCl) 

(EMD Chemicals, Inc., Darmstadt, Germany), sodium chloride (NaCl) (Caledon, George-

town, ON) and sodium phosphate dibasic heptahydrate (Na2HPO4.7H2O) (Sigma Aldrich, 

St. Louis, MO) (preparation method in Appendix A). 

Alpha calf fraction serum (ACS), non-iron supplemented (Fisher Scientific # 

SH30212.03, HyClone Laboratory Inc., Logan, UT) and Gibco 100x antibiotic-

antimycotic (Invitrogen #15240-062, Burlington, ON) were used in the lubricant for 

crossing-path wear testing.  The antibiotic-antimycotic was delivered frozen, and was de-

frosted and pipetted into 5 mL portions before re-freezing in polypropylene centrifuge 

tubes.  Sapphire ball lenses (Edmund Optics #R63-227, Barrington, NJ), 9.525 mm di-

ameter and 0.010 μm RMS roughness, were used for the counter surface in crossing-paths 

wear testing.  The two-part epoxy used to bond sapphire spheres to acrylic was J.B. Weld 
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(Sulphur Springs, TX), while PR80 3M™ Scotch-Weld™ Rubber Toughened Cya-

noacrylate (3M, London, ON) was used to glue hydrogels to an aluminum substrate. 

 

3.2  PREPARATION OF PVA AND PVA-NANOCOMPOSITE HY-

DROGELS 

Eight PVA and PVA-nanocomposite (PVA-NC) hydrogel compositions were 

used in this thesis (Table 3.1); their preparation methods are described in this section.  All 

percentages describing compositions are based on mass. 

 

Table 3.1:  PVA and PVA-NC solution compositions. 
Solution 

composition 
Nominal PVA 

concentration [wt%] Nanofiller type 
Nanofiller 

content [wt%] 
10% PVA 10 – 0 
15% PVA 15 – 0 
20% PVA 20 – 0 
0.75% Lap-10%PVA 10 Laponite 0.75 
1% Lap-10%PVA 10 Laponite 1 
0.48% BC-10%PVA 10 Bacterial cellulose (BC) 0.48 
0.25% pBC-10%PVA 10 Phosphorylated BC 0.25 
0.4% pBC-10%PVA 10 Phosphorylated BC 0.4 

 

 

3.2.1  Preparation of PVA Solutions 

Poly(vinyl alcohol) was used as the matrix polymer in the hydrogels.  PVA pow-

der was dissolved at 10%, 15% and 20% into water in a reaction kettle held in a 90 °C 

water bath for 3 hours.  Mechanical stirring at 100 rpm was employed to ensure homog-

enization and a water-cooled condenser was used to minimize the evaporation of water 

[11, 13, 24].  10% was used as the base PVA concentration for compositions containing 

nanofillers because 10% PVA solutions have lower viscosities resulting in less air en-

trapment after dissolution and solution moulding.  10% PVA hydrogels are well charac-
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terized in our research group and previous studies were used as a basis for comparison 

[13, 14, 24]. 

 

3.2.2  Preparation of PVA-Laponite Solutions 

Thermogravimetric analysis (TGA) was performed to determine the amount of 

water in the Laponite powder.  Approximately 10 mg of Laponite was place in the sample 

cell and heated from 25 °C to 500 °C at 10 °C/min. 

For Laponite-containing 10% PVA hydrogels, the required amount of Laponite 

was first dispersed by slowly adding to the total amount of water required for the polymer 

solution under magnetic stirring at 500 rpm.  The dispersion was stirred for 1 hour during 

which it went from cloudy to clear in appearance, indicating good dispersion of the nano-

filler.  Subsequently, it was placed in a sonicating bath for 1 hour then left at room tem-

perature for 1 day to allow water to hydrate the clay sheets [220].  After approximately 

24 hours, PVA was added to the dispersion and dissolved in the same manner as unfilled 

PVA solutions.  Two concentrations of Laponite-containing solutions were made: 0.75% 

Laponite in 10% PVA and 1% Laponite in 10% PVA.  However, longer dissolution times 

were used for these solutions, 4 hours for 0.75% Laponite solutions and 5 hours for 1% 

Laponite solutions, since PVA took longer to dissolve in the presence of Laponite. 

Laponite-containing PVA solutions were spin-dried and examined using transmis-

sion electron microscopy (TEM) to determine the uniformity and degree of dispersion.  

Images were taken with an accelerating voltage of 100 kV using the Philips CM-10 TEM 

fitted with a Hamamatsu digital camera at the Biotron Imaging & Data Analysis Facility 

(London, Ontario, Canada). 

 

3.2.3  Preparation of PVA-BC Solutions 

Bacterial cellulose (BC) was obtained purified and suspended in water.  Briefly, 

BC was harvested from shaken cultures of Acetobacter xylinum and autoclaved, then pro-
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cessed by adding 100 mL of 0.1 mol/L NaOH and heating to 90 °C for 90 minutes [169].  

After the mixture was cooled, it was washed and centrifuged, usually four to five times, 

until the supernatant becomes clear [221]. 

Phosphorylated BC (pBC) was obtained in ethanol after phosphorylation accord-

ing to the procedure found in [172].  Energy-dispersive X-ray spectroscopy found that the 

pBC contained between 12.58 and 15.4 atomic% phosphorus (Appendix B).  It was mag-

netically stirred with 2 L of water and filtered using a vacuum membrane filter assembly 

to remove as much of the solvent as possible, and repeated three times, to ensure ethanol 

was fully exchanged for water in the dispersion.  Finally, approximately 200 mL of water 

was added to the filtrate for the fibres to be uniformly dispersed using a magnetic stirrer. 

TEM of BC and pBC fibres was performed to examine their morphology.  A 0.1 

g/L suspension (dry weight) of each fibre was prepared by sonication with an ultrasonic 

probe set at 60 W for three minutes (Misonix XL-2000, Farmingdale, NY).  A drop of the 

suspension from a Pasteur pipette, approximately 200 μL, was left to settle on a Formvar 

carbon-coated 100 mesh copper grid (Electron Microscopy Science, Hatfield, PA) for 15 

minutes and the excess was blotted off.  Negative staining of the fibres was done with a 2 

% w/v solution of uranyl acetate for three minutes then rinsed.  Images were taken with 

an accelerating voltage of 80 kV using the Philips CM-10 TEM at the Biotron. 

Samples of the BC and pBC dispersions were weighed then dried in a 60 °C oven 

to determine the fibre dry weight in suspension.  The drying end-point was achieved 

when the mass of the dried BC or pBC did not decrease further after two subsequent 

measurements at an interval of 6 hours.  Water was added to the dispersions to the total 

amount required for the polymer solution.  PVA was then added and dissolved for three 

hours using the same method as for the other solutions.  The compositions made were 

0.48% BC, 0.25% pBC and 0.4% pBC, all in 10% PVA. 
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3.2.4  Pouring Solutions in to Moulds 

Polymer solutions were left to degas overnight to remove air bubbles.  The more 

viscous Laponite and BC containing solutions, in which air remained entrapped, were 

centrifuged at 5000 rpm for 15 to 30 minutes to remove air bubbles. 

The polymer solutions were poured into the appropriate moulds.  For compression 

testing, cylindrical samples were made using a 3/4" thick aluminum insert with 16 (4 × 4) 

reamed holes of 11 mm in diameter that was sealed between two sheets of natural gum 

rubber and two solid aluminum plates from existing moulds.  Samples for crossing-paths 

wear testing were cut from hydrogel sheets approximately 5 mm thick.  Hydrogel sheets 

were made using a rubber spacer of the desired sheet thickness sandwiched between two 

aluminum plates.  The side of the hydrogels used for wear testing was moulded on a pol-

ished aluminum plate. 

 

3.2.5  Freeze-Thaw Cycling 

The polymer solution-filled moulds were placed in a refrigerating/heating circu-

lating bath (VWR Brand, model 1187P) with 50% v/v ethylene glycol in water for freeze-

thaw (F-T) cycling.  They were cooled from 20 °C to –20 °C at a rate of 0.1 °C/min, held 

at –20 °C for 1 hour, then heated to 20 °C at 0.1 °C, for six cycles [13, 24].  Each freeze-

thaw cycle (FTC) took 14 hours and 20 minutes. 

Once removed from the moulds, the specimens were equilibrated in water for 24 

hours before further preparation or testing.  Equilibrated samples are denoted using the 

term “fresh.” 

 

3.2.6  Aging in Water and Solutions 

Hydrogels were placed in 1× PBS for 7 days prior to testing and also aged in dis-

tilled water for 7 days as a control.  Mass and volume of the samples were determined 
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before and after the 7-day aging period to assess the amount of mass loss and shrinkage.  

Mass was measured using an analytical balance (Metler, Columbus, OH) after blotting 

hydrogel surfaces.  ImageJ (U. S. National Institutes of Health, Bethesda, MD) was used 

to determine sample dimensions from images of the hydrogels, taken against a ruler for 

scale, in order to calculate sample volume.  Samples made using the cylindrical compres-

sion sample moulds were chosen for volume determination since the diameter and thick-

ness of hydrogels can be measured and volume was calculated using the formula, 

 
V = πr2h  (3.1)

where V, r and h are the volume, radius and height of the cylindrical shaped hydrogel. 

 

3.3  STRUCTURE STUDIES 

3.3.1  Scanning Electron Microscopy 

Since scanning electron microscopy (SEM) is performed under vacuum, dehydra-

tion of the hydrogels was required prior to imaging.  Critical point drying using carbon 

dioxide (CO2) was used to dehydrate the specimens, given that the porous structure of a 

hydrogel would otherwise collapse under normal drying conditions.  Critical point dry-

ing, sputter coating and SEM were all performed at the Biotron. 

 

3.3.1.1  Critical Point Drying 

Hydrogel samples were placed in 100% ethanol for at least one week prior to crit-

ical point drying. The samples were dehydrated using a Samdri PVT-3B critical point 

dryer (Tousimis Research Corp., Rockville, MD).  Drying was performed by first saturat-

ing the dryer chamber with CO2 then holding the temperature at 31 °C and pressure at 

1100 psi for one minute to obtain critical point dried samples.  Fractured cross-sections of 
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hydrogels were obtained by immersing the dried hydrogels in liquid nitrogen before frac-

turing [16]. 

 

3.3.1.2  Scanning Electron Microscopy 

Samples were mounted on 15 mm SEM stubs with an adhesive then were placed 

under vacuum (below 100 mTorr) to ensure complete removal of moisture.  Since PVA is 

a poor electrical conductor, the samples were sputter coated with palladium-gold for 5 

minutes at 8 mV to form a coating approximately 10 nm in thickness.  SEM images were 

obtained using the Hitachi 3400-N Variable Pressure Scanning Electron Microscope at 

the Biotron using an accelerating voltage of 5 kV and a working distance of approxi-

mately 10 mm. 

 

3.3.2  Differential Scanning Calorimetry 

Samples were vacuum dried in the presence of a desiccant until mass of the sam-

ples stabilized prior to DSC analysis.  Approximately 10 mg of each dried sample was 

placed in aluminum DSC pans.  The scan was performed under nitrogen flow of 50 

mL/min and at a heating rate of 10 °C/min from 50 °C to 250 °C [125, 128].  The area 

under the endothermic peak was used to determine the heat of melting in the sample.  

Crystallinity of the sample was calculated by, 

 
X[%] =

ΔHm,sample

ΔHm,PVA

×100% (3.2)

where X is crystallinity in %, ΔHm,sample is the endothermic peak of the sample in the DSC 

thermogram and ΔHm,PVA is ΔHm of 100% crystalline PVA, which is 138.6 J/g [109, 125, 

126].  Since PVA-NC hydrogels contained both PVA and nanofillers, the theoretical 

mass of the fillers was excluded and ΔHsample was normalized to the mass of only PVA in 

the hydrogels in calculating crystallinity of PVA-NC samples.  DSC of Laponite, BC and 

pBC showed that these nanofillers did not experience any thermal events in the tempera-

ture range tested. 
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3.4  MECHANICAL TESTING 

Compression testing was performed with a MTS Bionix 858 Universal Testing 

System fitted with a 5 kg load cell.  The load cell was connected to a computer through 

an Instron interface for control and data collection.  Stainless steel platens (Figure 3.1), 

30 mm in diameter, were set parallel to ensure even loading across the whole sample.  

For all compression testing, samples were tested in a similar manner to Millon et al. [24] 

in which cylindrical samples were preconditioned using 10 sinusoidal strain cycles be-

tween 0 and 0.25 strain, then left to relax for 1 hour prior to testing.  Tests were done in a 

fluid bath held at 37 °C to prevent dehydration of samples and to maintain an aqueous 

testing environment near in vivo temperature.  The composition and bath always corre-

sponded to the solution (water or 1× PBS) in which the hydrogel samples were stored or 

aged. 

 
Figure 3.1:  Stainless steel platens in a temperature-controlled bath used in compression 
testing of hydrogel cylinders. 
 

3.4.1  Unconfined Compression 

Hydrogel samples were strained to 0.45 strain at strain rates of 1%/s, 10%/s and 

100%/s, with 1 hour between each strain rate to allow samples to recover.  Tests were 

performed fresh and after aging for 7 days in 37 °C water, and after aging in 1× PBS at 

37 °C.  The same samples were used for the three strain rates, while different sets of 

samples were used for the different testing conditions. 



 
   

 

 

56

Unconfined compression stress-strain data for individual samples were fitted to a 

five-parameter exponential model to generate a stress-strain curve, 

 
σ = y0 + aebε + cedε

 (3.3)

where σ is the stress at strain ε, y0, a, b, c, d are fitting parameters.  This procedure was 

used to fit tensile data obtained for PVA hydrogels and was discussed in detail by Millon 

[222].  The procedure for the treatment of compression data is outlined in Appendix C. 

Tangent modulus (Etangent) curves were obtained by differentiating Equation 3.3 

with respect to ε, 

 Etangent = σ '= abebε + cdedε  (3.4)

and secant modulus (Esecant) at strain ε, was calculated using the relationship, 

 Esecant (ε) =
σ (ε)

ε
. (3.5)

While Etangent is an instantaneous modulus and describes the shape of the stress-

strain curve, Esecant is representative of the strain of the hydrogel at a given load or stress.  

σ, Etangent and Esecant were evaluated for individual samples at intervals of 0.05 strain then 

averaged over the sample set. 

 

3.4.2  Stress Relaxation 

Stress relaxation under compression was performed on samples after 1 week of 

aging in 1× PBS.  They were strained at a rate of 10%/s to 0.25 strain then held at 0.25 

strain for 1 hour.  The decrease in load due to stress relaxation in each sample was 

tracked.  Stress relaxation data for each sample was fitted to a 5-parameter exponential 

decay model with the equation, 

 σ
σ 0

=
σ R

σ 0

+ ae−bt + ce−dt  (3.6)
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where σ is the stress at time t, σ0 is the initial stress at t = 0, σR is the residual stress for 

∞→t , and a, b, c and d are fitting parameters.  A condition of σR/σ0=(1–a–c) was im-

posed such that σ/σ0=1 at t=0 in the fit.  The double exponential decay function is of the 

same form as the solution to the Maxwell-Wiechert viscoelastic model with two parallel 

Maxwell elements as described in Painter and Coleman [223]. 

 

3.4.3  Creep 

For creep testing, a load of 0.05 MPa stress was applied and maintained on each 

hydrogel sample for 1 hour.  The crosshead displacement was recorded and used to calcu-

late strain over time.  Samples aged in 1× PBS for 1 week were tested. 

 

3.4.3.1  Creep Modelling 

The creep data were fitted using three viscoelastic models (Figure 3.2) comprised 

of springs (Ei) and dashpots (ηi), representing elastic and viscous behaviour, respectively.  

σ0 is the applied compressive stress. 

The “three-parameter-solid” viscoelastic model, as illustrated in Figure 3.2a, was 

used by Burns et al. [63] and Keller et al. [64] to model the creep of intervertebral discs 

from humans, Kaleps et al. [65] and for rhesus money IVD, and Wang and Campbell [23] 

for PVA hydrogels.  Since iii E εσ = for a spring and )(tiii εησ &= for a dashpot, the solu-

tion to this model is, 
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which is the three-parameter exponential rise-to-maximum function,  

 ( ) 01)( yeaty bt +−= −  (3.8)

such that  E1, E2 and η1 can be calculated from a, b and y0. 
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Two four-parameter models, each with two springs and two dashpots, were used 

to attain a better fit to the creep data.  The Burger's model (Figure 3.2b), a Kelvin-Voight 

element arranged in series with a Maxwell element, was used by Gloria et al. [178] to 

model creep curves for a composite IVD prosthesis.  It has the solution, 
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of which the data were fitted to, 

 ctyeay bt ++−= −
0)1( . (3.10)

 

Likewise, the solution to the model described by Bausch et al [224] (Figure 3.2c) 

to model cell membrane mechanics is, 

 
Figure 3.2: Spring (Ei) and dashpot (ηi) models for viscoelastic creep; the “three-
parameter-solid” model (a), Burger’s model (b) and Bausch model (c). 
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which was fitted to, 

 
dtbeay ct +−= − )1(  (3.12)

In addition to the viscoelastic models in shown in Figure 3.2, an empirical 5-

parameter rise-to-maximum exponential model Equation 3.13 was also used to fit the da-

ta: 

 )1()1()( 0
dtbt eceat −− −+−+= εε (3.13)

where a, b, c and d are the fitting parameters.  This model allows for creep to asymptoti-

cally reach a maximum, unlike the four-parameter Burger’s and Bausch models for which 

∞→)(tε as ∞→t and would be physically unfeasible for a viscoelastic solid undergo-

ing compression. 

 

3.4.4  Cyclic Compression Testing 

Fresh and 1× PBS aged samples were compressed to 0.05 strain then held for 10 

seconds prior to starting sinusoidal compression cycles between 0.05 and 0.25 strain at 

frequencies of 0.5, 1 and 2 Hz for 120 cycles.  Stress and strain were both fitted against 

time to a four-parameter sinusoidal function, 
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b
tayy π2sin0  (3.14)

where y is the stress or strain, a is the amplitude (or half of the cyclic strain), b is the pe-

riod (the inverse of frequency) and c is the shift of the waveform in radians.  However, 

the large amount of data for all 120 cycles of testing could not yield a proper sinusoidal 

fit and thus only the last ten strain cycles were selected for the fit since there would be a 

lesser effect from relaxation of the samples.  For each pair of stress and strain fits against 

time, tan δ can be calculated using the formula 
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 ( )strainstress cc −= tantan δ  (3.15)

since the difference of the parameter c in the stress and strain fits from Equation 3.14 is 

the phase shift angle δ, in radians. 

 

3.5  CROSSING-PATH WEAR 

A crossing-path wear tester [211] was loaned to us by Prof. J. Medley (Depart-

ment of Mechanical and Mechatronics Engineering, University of Waterloo) for crossing-

paths wear testing of our PVA and PVA-NC hydrogels.  The crossing-path wear tester 

was designed by Powell and Havrlant, and used to test the wear of metal-metal pairs 

[211].  The tester can accommodate six samples at a time.  Sample holder and counter 

surface components were designed, with the assistance of the University Machine Ser-

vices, to retrofit the machine for testing of hydrogel samples.  Delrin holders fit onto the 

existing stainless steel base and hydrogel samples were clamped with a Delrin ring se-

cured by six screws.  A drawing of the sample holder is found in Appendix D. 

 
Figure 3.3:  Front view (left) and top view (right) of a retrofitted wear pod set up for 
crossing-paths wear testing. 
 

A sapphire sphere counter surface was chosen for its hardness and durability as 

the smooth counter surface, so that counter surface damage may be minimized [225].  It 
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was glued with epoxy to the inverted hemispherical surface machined into an acrylic post 

(Figure 3.4) then soaked for one week in water to leach out any unreacted epoxy compo-

nents. 

 
Figure 3.4:  Pin for crossing-paths wear testing consisting of a sapphire sphere counter 
surface glued with epoxy to an acrylic post. 
 

The lubricant was prepared according to Brandt [194, 226] and Austin [197], con-

sisting of 25% alpha calf serum (ACS) in PBS with antibiotic-antimycotic to prevent mi-

crobial growth; the composition is listed in Table 3.2. 

Table 3.2: Composition of the 25% alpha calf serum (ACS) lubricant for crossing-path 
wear testing. 

Component Amount (mL) 
Non-iron supplemented alpha calf serum 500 
1× PBS 1650 
100× antibiotic-antimycotic 5 

 

The ACS and antibiotic-antimycotic were defrosted and PBS was filtered using a 

0.45 μm membrane filter before mixing.  The lubricant mixture was divided into 200 mL 

portions and refrozen in individual polyethylene containers.  Portions were thawed in a 

refrigerator for 48 hours before use. 

Hydrogel samples were first equilibrated in PBS for at least 1 week prior to wear 

experiments to avoid shrinkage during testing in the ACS lubricant.  Due to the high 
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Poisson’s ratio of PVA hydrogels, the reciprocating normal load on the samples during 

testing caused lateral expansion of hydrogel under the load.  This resulted in wear on the 

underside of the hydrogel sample, which was also found by Katta et al. [124].  To prevent 

this undesired wear damage, the bottom of each hydrogel sample was glued with rubber-

toughened cyanoacrylate to a thin piece of aluminum roughened with 400 grit sandpaper 

(Figure 3.5).  The cyanoacrylate has a 24-hour cure time according to product specifica-

tions. 

 
Figure 3.5:  Aluminum backing glued to the underside of a hydrogel sample with rubber 
toughened cyanoacrylate to prevent wear on the bottom surface. 
 

The specimens were then clamped into the wear cell and trimmed to fit into the 

holder.  They were equilibrated in the ACS lubricant to allow the glue to cure for 2 days 

prior to wear testing.  The lubricant was changed prior to and at three days after com-

mencing wear testing [211].  The parameters for crossing-paths wear testing were a nor-

mal load of 5 N, stroke length of 8.5 mm, pin rotation of 28° and frequency of 1 Hz; test-

ing for 500 000 cycles took approximately 6 days at room temperature.  During testing, 

wear cells were wrapped with plastic wrap that was secured to the wear pin using twist 

ties to prevent lubricant evaporation.  Samples were weighed immediately before and af-

ter wear testing and again after equilibrating for 48 hours in fresh ACS lubricant to allow 

hydrogels to recover any reversible creep [124]. 
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3.5.1  Three-Dimensional Ultrasound for Characterization of Wear 

High frequency three-dimensional micro-ultrasound (3D US) was used to quan-

tify the volume of the wear track after crossing-paths wear testing.  Acquisition of the 3D 

US images must be performed within a medium, thus the samples could be imaged in 

PBS, eliminating concerns about hydrogel dehydration and without detriment to sample 

dimensions.  Hydrogels were soaked in PBS for 2 days [124] after removing from the 

ACS lubricant for weighing, and prior to 3D US.  The aluminum backing glued on to hy-

drogel samples before wear testing was removed, and hydrogel samples were pinned to a 

rubber damper mat to prevent ultrasound waves from reflecting from the bottom of the 

specimen container.  Images were obtained with the Vevo 770 ultrasound scanner (Visu-

alSonics Inc., Toronto, ON) at the Robarts Research Institute using a 40 MHz transducer 

with a focal length of 6 mm.  The procedure used to acquire images was adapted from 

Khan et al. [214].  The top surface of each specimen was positioned approximately 6 mm 

from the probe to correspond with its focal length.  The ultrasound probe was translated 

by a linear motor over 15.05 mm, which acquired B-mode images with a square field of 

view (FOV) of up to 15 × 15 mm, at a spacing of 0.032 mm.  This resulted in 3D US im-

ages formed by 473 parallel B-mode image planes. 

A MATLAB program (Appendix E) was written to extract B-mode image planes 

as a series of 512 × 512 8-bit TIFF images from each raw 3D US data file.  ImageJ was 

used to determine the area of the indent in each B-mode image.  Surfaces of hydrogel 

samples were assumed to be flat prior to wear testing and the indent, created by the com-

bined effects of wear and creep, was outlined using the polygon function in ImageJ and 

its area was measured.  The volume of the indent, V, in mm3 was then calculated by, 
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where Ai is the area of the groove of slice i, in pixel2, L is the height and width of the 

square FOV, in mm, and s is the spacing of the B-mode planes, in mm.  The maximum 

depth of the groove was also measured using ImageJ. 
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3.5.2  Scanning Electron Microscopy 

The wear surfaces and cross-sections of the hydrogels under the wear path were 

examined by scanning electron microscopy (SEM) after critical point drying with CO2 as 

was done in Section 3.3.1.  Samples were cut to fit the dimensions of the critical point 

dryer prior to drying.  The surfaces and cross-sections of the middle and end of the wear 

path were compared qualitatively to those from an unworn area on the same sample. 

 

3.6  TWO-COMPONENT HYDROGEL IVD STRUCTURE 

A mould was designed to produce a two-component hydrogel structure, composed 

of two different hydrogel compositions representing the annulus fibrous (AF) and nucleus 

pulposus (NP) of the natural intervertebral disc. 

 
Figure 3.6:  Set-up for 3D ultrasound imaging of the hydrogel samples after crossing-
paths wear testing.  The linear motor translated the ultrasound probe to acquire successive 
B-mode image planes for 3D images. 
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3.6.1  Mould Design 

The mould was constructed out of aluminum with a circular cross-section.  It con-

sisted of an outer tube of 20 mm inner diameter and a solid rod of 8 mm diameter to first 

produce the annulus component.  Circular positioning notches on the end caps allowed 

for centering of the inner rod.  Then each end cap, sealed with an o-ring to prevent leak-

age of polymer solution or the ethylene glycol coolant in the temperature-controlled bath, 

was secured to the outer tube with six screws.  A threaded vent was drilled into one end 

cap to allow excess solution to flow out and prevent air pockets in the annulus compo-

nent, which could be sealed with a screw.  The middle rod was removed and flat end caps 

were used for the addition of polymer solution to create the nucleus component.  The 

height of mould for the annulus and nucleus components was 7 mm, but its design would 

also allow the addition of components analogous to endplates after producing the annulus 

and nucleus. 

 

3.6.2  Two-Component Hydrogel Disc 

 
Figure 3.7:  Schematic of the two-component hydrogel disc, 7 mm in thickness, consist-
ing of an outer annulus component of 20 mm outer diameter and an inner nucleus com-
ponent of 8 mm diameter.  (All measurements in the diagram are in millimetres.) 
 

Solutions with a range of PVA concentrations were used for the two-component 

hydrogel disc (Figure 3.7).  Low concentration solutions of 1% and 3% PVA used for the 

nucleus component of the disc did not adhere well to the higher PVA concentration annu-

lus component, therefore, 20% and 10% PVA were chosen for the preliminary experi-



 
   

 

 

66

ment.  After 1 FTC on the 20% PVA annulus component, 10% PVA solution was added 

for the nucleus component, and the structure was subjected to six additional FTCs.  The 

hydrogel structure was equilibrated in distilled water for one day prior to mechanical test-

ing. 

 

3.6.3  Compression Testing of Two-Component Hydrogel Disc 

All compression testing of the two-component hydrogel was performed in water 

held at 37 °C.  Unconfined compression at strain rates of 0.001, 0.01, 0.1, 1, 10 and 

100%/s were used to compare with results from Cassidy et al. on canine IVD [55].  Since 

the slowest strain rates may cause irreversible deformation on the structure, the order of 

strain rates tested was 1, 10 and 100%/s with one hour between each test, 0.1 and 0.01%/s 

with 3 hours between the tests, then finally 0.001%/s.  Compression was performed to 

0.25 strain for each strain rate.  Load was reported in addition to stress because the cross-

sectional area is inhomogeneous, consisting of materials with two different compositions 

and properties. 

Stress relaxation was performed in the same manner as done in Section 3.4.2 to 

0.25 strain for one hour.  Creep testing was done as in Section 3.4.3 at a load of 40 N.  40 

N resulted in approximately 0.25 strain in the 20% annulus/10% nucleus PVA two-

component disc and is approximately half of the axial load experienced by an IVD in the 

cervical region with the neck in an upright position [50]. 

 

3.7  STATISTICS 

A sample size of five was used for studies in mass and volume decrease due to ag-

ing and unconfined compression (stress-strain), while n=3 was used for all others.  One-

way analysis of variance (ANOVA) and Holm-Sidak post-hoc analysis, which provides 

testing for all pairwise comparison and comparison versus control, were used to deter-

mine statistical differences (p<0.05). 
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Chapter 4 
COMPRESSION PROPERTIES OF PVA 
AND PVA-NANOCOMPOSITE HYDROGELS 

 

 

Intervertebral discs function to transfer and distribute load to the vertebral bodies, 

absorb shock, maintain disc space and allow for motion between vertebral segments.  Al-

though fusion of the vertebrae adjacent to a disease disc is the current gold standard for 

surgical treatment of pain related to disc degeneration, total disc replacement (TDR) is an 

emerging treatment alternative.  Several FDA approved devices, such as the Bryan disc, 

Prestige and Prodisc-C for cervical TDR, are clinically available.  TDR, unlike fusion, 

preserves motion between the vertebral bodies, preventing adjacent level degeneration.  

However, with the exception of the Bryan disc, they do not allow for shock absorption 

like in a healthy disc, and all of the discs incorporate articulating surfaces in their designs 

that result in wear and could generate wear particles.  In designing and selecting a mate-

rial for a potential artificial disc, the properties of the natural IVD should be considered.  

In addition to being able to withstand the loads imposed on the disc from various activi-

ties, IVDs are viscoelastic and display strain rate dependence, as well as high degrees of 

stress relaxation and creep.  They accomplish this through support and dissipation of load 

through fluid pressurization and flow in hydrated tissues, which contain a large amount of 

immobilized charges.  These charges may create a resistance to fluid flow out of the disc 

when loaded and allow for fluid flow back into the disc when load is removed.  Although 

IVDs have diurnal decreases in volume due to fluid loss, fluid is recovered during rest to 

regain disc height. 
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PVA hydrogels can be produced with large amounts of water and without the use 

of chemical crosslinkers for applications in medical devices.  Freeze-thaw cycling of 

PVA solutions of varying concentrations allows for tunable and stable viscoelastic hy-

drogels.  It may be possible to further modify PVA structure and properties with the addi-

tion of nanofillers.  Two hydrophilic nanofillers were chosen – Laponite, a low aspect 

ratio, charged inorganic clay, and bacterial cellulose, a high aspect ratio biologically-

derived fibre that was used both unmodified and phosphorylated, which added charged 

phosphate groups onto the fibre surface.  The hydrated and viscoelastic nature of PVA 

hydrogels may allow for fluid flow and time-dependent properties that characterize IVD 

behaviour, while the addition of fillers may provide reinforcement and impart charges 

into the hydrogel in the case of charged nanofillers.  Since these hydrogels are being in-

vestigated for use in a permanent artificial IVD device, dimensional stability and me-

chanical performance in a solution similar in osmolarity to fluids in the body are impor-

tant in determining their suitability for the application, and to prevent unintended implant 

shrinkage or mechanical property changes.  In this chapter, the effects of PVA concentra-

tion, nanofiller addition, and aging in water and PBS on unconfined compression and 

strain rate dependence were investigated.  Furthermore, the effects of composition on vis-

coelasticity were examined using stress relaxation, creep and cyclic tests in compression. 

 

4.1  COMPOSITION AND STRUCTURE OF HYDROGELS 

The structure of PVA and PVA-nanocomposite (PVA-NC) hydrogels could be in-

fluenced by polymer concentration and the type of nanofiller added.  In turn, pore struc-

ture and crystallinity may play a role in determining stiffness, viscoelasticity and fluid 

flow in the hydrogels.  Aging and osmotic pressure could also have an effect on swelling 

and crystallinity.  By understanding the impact of composition on structural and me-

chanical properties of PVA and its NC hydrogels, PVA concentration and nanofiller addi-

tion may be tailored to attain the properties required for applications in IVD replacement. 
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4.1.1 Laponite 

A TEM image of the dispersion of 1% Laponite in a 10% PVA solution is shown 

in Figure 4.1.  Some Laponite particles could be seen in small stacks.  Although the La-

ponite clay discs, which are 25 nm in diameter and 1 nm in thickness, were not discretely 

dispersed, the agglomerated particles were still within nanometer dimensions (<100 nm), 

maintaining a high surface area to volume ratio characteristic of nanofillers, which may 

allow for a high degree of property modification with low filler content. 

 
Figure 4.1: TEM of spin-coated 10% PVA solution with 1% Laponite showing disper-
sion of discrete discs, and agglomerated stacks (indicated by arrows). 

 

4.1.2  Bacterial Cellulose 

Phosphorylation did not appear to affect the morphology of BC when observed 

using TEM (Figure 4.2).  Fibre diameter remained approximately the same and shorten-

ing of fibres after modification was not observed.  Therefore, any effect of BC phos-



  70 
   

 

 

phorylation on hydrogel properties could be due to the presence of phosphate groups 

rather than changes in fibre morphology. 

   
Figure 4.2: TEM of bacterial cellulose (a) and phosphorylated bacterial ceullose (b) pre-
pared from dispersions in water. 

 

4.1.3  Water Content of Solutions and Hydrogels 

The water content of polymer solutions and hydrogels after six freeze-thaw cycles 

(FTC) is summarized in Table 4.1.  10% PVA solutions containing nanofillers had simi-

lar water contents to the unfilled 10% PVA solution, even though longer dissolution 

times were used for the Laponite-containing solutions.  The amount of water in the Lapo-

nite powder was determined by TGA to be approximately 11% of the total mass.  This is 

in agreement with the approximately 8% hydration in the Laponite crystal structure, and a 

moisture content of approximately 9.8% after handling and storage as reported by Cum-

mins [158].  Water added through the addition of Laponite would be small compared to 

the amount of water in the polymer solution.  This suggests that the hydrophilicity of La-

ponite may have prevented the evaporation of water during PVA dissolution. 

The degree of water loss after F-T cycling decreased with increasing PVA con-

centration, which could be due to smaller amounts of free water in the polymer solution 
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[134].  Less water was expelled from the 10% PVA-NC hydrogels than the unfilled 10% 

PVA control after 6 FTC.  The nanofillers allowed hydrogels to retain more water, most 

likely due to their hydrophilicity [159, 174]. 

 

4.1.4  Porous Structure of Hydrogels 

SEM images of cross-sections of critical point dried hydrogels indicated that in-

creasing the concentration of PVA in the hydrogels resulted in smaller pores and in-

creased the amount of polymer-rich regions as shown in Figure 4.3.  The decrease in pore 

size [103] and thickening of polymer-rich regions [116] with increasing polymer concen-

tration were also previously observed in F-T PVA hydrogels. 

In contrast, the addition of Laponite (Figure 4.4), BC and pBC (Figure 4.5) re-

sulted in larger pores in the PVA-NC hydrogels when compared to the unfilled 10% PVA 

hydrogel.  pBC also appeared to have increased pore size compared to BC addition. 

Table 4.1:  Water contents of unfilled PVA and 10% PVA-NC solutions and hydrogels 
(n=5) after 6 FTC. 

Water content (%) 
Hydrogel Solution After 6 FTC 

Water loss after 6 
FTC (%) 

10% PVA 88.83 85.6 ± 0.1 3.7 ± 0.1 
15% PVA 83.24 80.6 ± 0.1 3.2 ± 0.2 
20% PVA 75.76 75.67 ± 0.09 0.1 ± 0.1 
0.75% Lap-10% PVA 87.93 86.2 ± 0.2 1.9 ± 0.2 
1% Lap-10% PVA 88.45 85.8 ± 0.3 3.0 ± 0.3 
0.48% BC-10% PVA 87.81 85.61 ± 0.07 2.50 ± 0.09 
0.25% pBC-10% PVA 87.93 85.92 ± 0.06 2.28 ± 0.07 
0.4% pBC-10% PVA 88.76 86. 9 ± 0.1 2.1 ± 0.1 
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Figure 4.3: SEM of fractured cross-sections of critical point dried unfilled 10% PVA (a), 
15% PVA (b), and 20% PVA hydrogels (c). 
 
 

Figure 4.4: SEM of 0.75% (a) and 1% (b) Laponite-filled 10% PVA NC hydrogel frac-
tured cross-sections. 
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4.1.5  Aging of Hydrogels in Water and PBS 

Hydrogels prepared in distilled water experienced shrinkage when placed in PBS 

due to the osmotic effect of the presence of salt in the solution.  1× PBS has an ionic 

strength of 0.171 mol/L and an osmolarity of 0.313 mol/L.  Consequently, water would 

move out of a hydrogel into the solution while salts migrate into the hydrogel [116].  Hy-

drogels were also placed in water as a control to study the effects of aging independent 

from the influence of osmotic pressure. 

 

Figure 4.5: SEM of fractured cross-sections of 0.48% BC (a), 0.25% pBC (b), and 0.4% 
pBC (c) in 10% PVA. 
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4.1.5.1  Decrease in Mass and Volume 

Mass and volume decreased in all of the hydrogels after 7 days in both water and 

PBS.  Normalized mass and volume profiles are illustrated in the example in Figure 4.6, 

showing that most of the change occurred within the first 72 hours. 

 

 
Figure 4.6:  Profile of decreasing mass (a) and volume (b) of hydrogels over 7 days of 
aging in water and PBS (0.48% BC-10% PVA-NC hydrogels shown).  Mass and volume 
are expressed as fractions of their initial values. 



  75 
   

 

 

PVA hydrogel shrinkage in water [112] and deswelling in salt solutions have been 

found to equilibrate over time [116, 123, 144].  Hydrogel mass and volume after 7 days 

in water and PBS is shown in Figure 4.7. 

 

 
Figure 4.7:  Mass (a) and volume (b) after 7 days of aging in water and PBS for unfilled 
PVA and 10% PVA-NC hydrogels, expressed as fractions of their initial values.  All 
samples experienced decreases in mass and volume. 
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Aging hydrogels in PBS resulted in a greater decrease in hydrogel mass than ag-

ing in water for all of the hydrogels.  The decrease of hydrogel volume in PBS was also 

higher than aging in water, with the exception of Laponite-filled 10% PVA-NC hy-

drogels, which were not statistically different.  Increasing PVA concentration to 20% 

PVA resulted in the lowest mass and volume change after aging in water, while 1% La-

ponite addition, and all BC and pBC additions offered lower mass loss in water compared 

to 10% PVA.  In PBS, increases in PVA concentration and the addition of nanofillers 

both resulted in statistically significant reduction in mass loss relative to the unfilled 10% 

PVA control.  Only 20% PVA in water, and 15% PVA and Laponite-filled hydrogels in 

PBS had statistically lower decreases in volume after aging than 10% PVA.  The large 

uncertainties associated with change in volume compared to change in mass could be due 

to variability in dimensional change between the hydrogel samples or the level of preci-

sion of the method of volume determination. 

 

4.1.6  Crystallinity of Hydrogels 

 

 
Figure 4.8:  Crystallinity determined by DSC in dried PVA in unfilled PVA and 10% 
PVA-NC hydrogels. 
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The crystallinities of hydrogels before and after aging in water are shown in 

Figure 4.8.  In the present study, there was no significant difference in crystallinity with 

increasing PVA concentration or with the addition of BC and pBC, but crystallinity de-

creased with the addition of Laponite.  No significant difference was found between fresh 

hydrogels and hydrogels aged in water for all compositions. 

 

4.2  UNCONFINED COMPRESSION OF HYDROGELS 

IVDs contribute to the support of compressive loads in the vertebral column, 

along with loads from rotation, flexion-extension and lateral bending.  A material used in 

an IVD replacement should be of sufficient stiffness to withstand loading from activities, 

and have similar mechanical properties to the native disc in order to prevent modifica-

tions in biomechanics that could result in adjacent level degeneration.  By studying the 

effects of composition on the compression properties of PVA and PVA-NC hydrogels, 

the stiffness, shape of the stress-strain curve and degree of strain rate dependence may be 

tuned for IVD applications by varying parameters such as polymer concentration and 

nanofiller addition.  Osmotic pressure in the in vivo environment may also impact the 

mechanical properties of the hydrogels, and thus should be accurately predicted to avoid 

unintended changes in mechanical performance. 

The effects of composition and aging treatment on unconfined compression 

stress-strain curves, stiffness and strain rate dependence of PVA and PVA-NC hydrogels 

were determined.  Polymer concentration, the type of nanofiller added and aging of PVA 

and PVA-NC hydrogels all influenced the compression properties of the hydrogels stud-

ied.  While composition had an effect on hydrophilicity and structure of these hydrogels, 

the water content and structural properties such as porosity and crystallinity would in turn 

impact mechanical properties. 
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4.2.1  PVA Concentration 

Increasing PVA concentration resulted in a significant increase in the stiffness of 

neat PVA hydrogels.  The stress-strain curves of fresh 6 FTC 10, 15 and 20% PVA hy-

drogels, tested at a strain rate of 100%/s, are shown in Figure 4.9. 

 
Figure 4.9: Effect of PVA concentration on stress-strain curves from unconfined com-
pression of fresh unfilled PVA hydrogels, tested in 37 °C water at a strain rate of 100%/s. 

 

Due to their non-linear stress-strain curves, both tangent and secant modulus were 

used to characterize the stiffness of the PVA and PVA-NC hydrogels. While tangent 

modulus (Etangent) describes the instantaneous stiffness at a particular strain, secant 

modulus (Esecant) represents the degree of deformation in a material under a certain stress.  

Since the stress-strain curves of the hydrogels were non-linear and concave up in shape, 

Etangent was larger than Esecant (Table 4.2).  Etangent was determined using the derivative 

with respect to strain of the 5-paramenter exponential equation used to fit stress-strain 

data (Equation 3.4).  Meanwhile, Esecant at a given strain was calculated by dividing stress 

by the strain (Equation 3.5).  The difference between the two was more apparent at higher 

strains, as stress increased at a higher rate with increasing strain. 
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While higher PVA concentrations in unfilled hydrogels were able to increase 

stiffness throughout the range of strains tested, the non-linearity of the compressive 

stress-strain curves was also decreased.  By increasing PVA concentration from 10% 

PVA to 15% and 20% PVA (Figure 4.9), Etangent increased by 69% and 137%, and Esecant 

increased by 83% and 180% at 0.25 strain, respectively.  These were proportionally 

higher than increases in moduli at 0.45 strain as Etangent increased by 32% and 48%, and 

Esecant by 54% and 101%, for 15% and 20% PVA, respectively. 

Table 4.2:  Tangent and secant moduli of fresh PVA hydrogels at 0.25 and 0.45 strain 
tested at a strain rate of 100%/s. 

Modulus [MPa], at 0.25 strain Modulus [MPa], at 0.45 strain Hydrogel 
Tangent Secant Tangent Secant 

10% PVA 0.36 ± 0.02 0.19 ± 0.02 2.0 ± 0.1 0.50 ± 0.03 
15% PVA 0.61 ± 0.02 0.343 ± 0.009 2.61 ± 0.08 0.77 ± 0.01 
20% PVA 0.85 ± 0.01 0.523 ± 0.006 2.93 ± 0.08 1.01 ± 0.01 

 

4.2.2  Nanofiller Addition 

 
Figure 4.10:  Effect of Laponite addition on the stress-strain curves of fresh 10% PVA 
hydrogels, tested in 37 °C water at a strain rate of 100%/s. 



  80 
   

 

 

The stress-strain curves of Laponite-filled hydrogels did not differ from 10% 

PVA (Figure 4.10).  Thus, both tangent and secant moduli were the same with 0.75% and 

1% Laponite addition as the unfilled 10% PVA hydrogel (Table 4.3). 

Table 4.3:  Tangent and secant moduli of fresh Laponite-filled 10% PVA-NC hydrogels 
at 0.25 and 0.45 strain tested at a strain rate of 100%/s. 

Modulus [MPa], at 0.25 strain Modulus [MPa], at 0.45 strain Hydrogel 
Tangent Secant Tangent Secant 

10% PVA 0.36 ± 0.02 0.19 ± 0.02 2.0 ± 0.1 0.50 ± 0.03 
0.75% Lap 0.34 ± 0.01 0.178 ± 0.005 1.90 ± 0.08 0.48 ± 0.01 
1% Lap 0.34 ± 0.01 0.179 ± 0.007 1.89 ± 0.08 0.48 ± 0.01 

 

The addition of BC and pBC into 10% PVA hydrogels increased stress above 0.25 

strain when compared to the unfilled 10% PVA hydrogel (Figure 4.11), matching the 

stress of the 20% PVA hydrogel at 0.45 strain.  Filler content and phosphorylation did not 

affect the stiffness of BC- and pBC-filled PVA hydrogels. 

 
Figure 4.11:  The effect of BC and pBC addition on fresh 10% PVA hydrogels, tested in 
37 °C water at a strain rate of 100%/s.  The stress-strain curves of 10% and 20% PVA 
highlights the difference in shape from those of BC- and pBC-filled hydrogels. 
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Secant modulus increased by 28–46% and tangent modulus by 41–59% at 0.25 

strain with BC and pBC addition from those of 10% PVA, but they were approximately 

two and three times, respectively, higher than the control at 0.45 strain (Table 4.4).  

While the secant modulus of hydrogels containing BC and pBC were similar to that of 

20% PVA at 0.45 strain, despite having similar water contents to 10% PVA, the tangent 

modulus clearly illustrates the steep increase in modulus at higher strains.  The addition 

of BC and pBC resulted in increased non-linearity compared to unfilled and Laponite-

filled PVA-NC hydrogels, displaying a low modulus region up to approximately 0.25 

strain followed by a high modulus region on the stress-strain curves. 

Table 4.4:  Tangent and secant moduli of fresh BC and pBC-filled 10% PVA-NC hy-
drogels at 0.25 and 0.45 strain tested at a strain rate of 100%/s. 

Modulus [MPa], at 0.25 strain  Modulus [MPa], at 0.45 strain Hydrogel 
Tangent Secant Tangent Secant 

10% PVA 0.36 ± 0.02 0.19 ± 0.01 2.0 ± 0.1 0.50 ± 0.03 
0.48% BC 0.57 ± 0.01 0.273 ± 0.007 5.8 ± 0.3 1.08 ± 0.03 
0.25% pBC 0.534 ± 0.008 0.256 ± 0.007 5.4 ± 0.2 1.02 ± 0.02 
0.4% pBC 0.50 ± 0.01 0.240 ± 0.006 5.7 ± 0.3 1.02 ± 0.03 

 

 

4.2.3  Effect of Aging in Water and PBS 

Along with decreasing mass and volume, aging the PVA hydrogels in both water 

and PBS increased tangent and secant moduli (Figure 4.12).  Figure 4.13 shows the tan-

gent and secant moduli at 0.45 strain of 10% PVA-NC hydrogels before and after aging 

in water and PBS.  Hydrogels containing Laponite and BC increased in both tangent or 

secant modulus after aging, but there was no difference between aging in water and PBS.  

With BC and pBC additiong, aging had no effect on tangent modulus with BC and pBC 

addition, while only 0.48% BC and 0.25% pBC addition after aging in PBS resulted in 

increase in secant modulus.  In contrast to the unfilled PVA hydrogels, there was no dif-

ference between aging in water or in PBS for hydrogels containing nanofillers. 
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Figure 4.12:  Tangent (a) and secant (b) moduli of unfilled PVA hydrogels at 0.45 strain, 
tested at a strain rate of 100%/s fresh, and after one week of aging in water and PBS. 
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Figure 4.13: Tangent (a) and secant (b) moduli of 10% PVA-NC hydrogels at 0.45 strain, 
tested at a strain rate of 100%/s fresh, and after one week of aging in water and PBS. 
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4.2.4  Strain Rate Dependence 

The stress-strain curves for strain rates of 1%/s, 10%/s and 100%/s differ to vary-

ing degrees depending on composition.  The curves for the 1% Laponite-10% PVA-NC 

hydrogel, after one week of aging in PBS, are shown in Figure 4.14 illustrating the effect 

of strain rate on the stress-strain curves. 

 
Figure 4.14:  Stress-strain curves of 1% Laponite-10% PVA hydrogels, tested after one 
week of aging in PBS at strain rates of 1, 10 and 100%/s, demonstrating strain rate de-
pendent behaviour. 
 

The stress at 0.25 strain were not statistically different across the three strain rates 

for all of the hydrogels.  As found by Millon et al. [24], statistical difference in stress at 

0.45 strain for fresh 10% PVA hydrogels was only found between strain rates of 1 and 

100%/s in the present study.  Stress at 0.45 strain was also not statistically different be-

tween 10 and 100%/s for 20% PVA, fresh and after aging in water, and 0.48% BC in 

10% PVA after aging in PBS.  All other compositions and aging treatments resulted in 

strain rate dependence across the three strain rates tested. 
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By plotting stress at a specified strain against the logarithm of strain rate, a linear 

relationship could be found.  However, in order to compare between the range of stiffness 

for the different compositions, the stress obtained from the three strain rates were pre-

sented as the percentage change from stress at 1%/s at the respective strain.  The linear 

relationship between stress and logarithm of strain rate is shown graphically for the 1% 

Laponite-10% PVA-NC hydrogel in Figure 4.15.  Slopes of the linear fits were used to 

quantify degree of strain rate dependence. 

 
Figure 4.15:  Linear relationship between change in stress from 1%/s and logarithm of 
strain rate.  The slope was used to quantify the degree of strain rate dependence.  Fits for 
1% Laponite-10% PVA hydrogels, tested fresh, and after aging for 7 days in water and 
PBS, are shown. 
 

Strain rate did not have a large effect on stress at low strains, but it was apparent 

at higher strains.  In addition to a lack of statistical difference between strain rates for 

stress at 0.25 strain, some fits had low degrees of correlation and the largest slope of the 

linear fits was 3.8 %/log(%/s) for fresh 10% PVA hydrogels.  Slopes for 0.45 strain 

(Figure 4.16), however, ranged from approximately 8.4 to 19 %/log(%/s), with R2 values 

of at least 0.8 indicating there was a strong linear relationship between stress and strain 

rate.   
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Figure 4.16:  Degree of strain rate dependence at 0.45 strain for unfilled PVA (a) and 
10% PVA-NC (b) hydrogels.  Linear fits have R2 of at least 0.8225.  oNo statistical dif-
ference in stress at 0.45 strain between strain rates of 1%/s and 10%/s.  xNo statistical dif-
ference in stress at 0.45 strain between strain rates of 10%/s and 100%/s. 
 

Increasing PVA concentration appeared to decrease strain rate dependence in the 

hydrogels (Figure 4.16a).  Aging did not have a clear effect on strain rate dependence.  
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Degree of strain rate dependence increased with the addition of nanofillers, notably with 

BC and pBC addition (Figure 4.16b). 

 

4.3  STRESS RELAXATION AND CREEP 

The natural IVD experiences stress relaxation and creep due to fluid flow from 

the disc after load application.  This prevents instantaneous decrease in disc height [178], 

and provides energy dissipation, shock absorption and even stress distribution to the ver-

tebrae after load is applied [227].  Stress relaxation is the decrease in stress over time by 

holding a specimen at constant strain, whereas creep is the deformation of a material over 

time under load.  Both tests are used to assess viscoelasticity of polymers since viscous 

flow results in time-dependent response to deformation and stress [228].  However, in 

IVDs [55, 64] and hydrogels [137], the fluid flow under load plays a role in reducing 

fluid pressure and increasing compressive deformation through volume reduction.  The 

degree of stress relaxation and creep are examined to determine the suitability of PVA 

and PVA-NC as a replacement material in comparison to the natural IVD. 

 

4.3.1  Stress Relaxation 

As PVA concentration increased, the degree of stress relaxation at 0.25 strain de-

creased (Figure 4.17).  Hydrogels with higher PVA concentrations had decreased water 

content, which could have resulted in decreased viscous behaviour.  The addition of La-

ponite resulted in an increased degree of stress relaxation after one hour when compared 

to the unfilled 10% PVA control, as shown in Figure 4.18.  BC and pBC addition also 

resulted in increased stress relaxation (Figure 4.19) compared to 10% PVA.  The amount 

of BC or pBC added appears to affect the degree of stress relaxation in the hydrogels – 

the addition of 0.48% BC had the highest degree of relaxation while 0.25% pBC had the 

lowest. 
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Figure 4.17: Stress relaxation at 0.25 strain of unfilled PVA hydrogels in PBS.  Increased 
PVA concentration resulted in decreased stress relaxation. 
 

 
Figure 4.18: Stress relaxation at 0.25 strain of Laponite-containing 10% PVA-NC hy-
drogels in PBS in comparison to 10% PVA.  Addition of Laponite resulted in increased 
stress relaxation. 
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Figure 4.19:  Stress relaxation at 0.25 strain of BC and pBC-containing 10% PVA-NC 
hydrogels in PBS compared to 10% PVA.  Addition of BC and pBC resulted in increased 
stress relaxation. 
 

After aging in PBS, the amount of stress relaxation decreased in unfilled PVA hy-

drogels and did not differ in Laponite, BC and pBC-filled hydrogels (Figure 4.20).  The 

decrease in stress relaxation with aging was most apparent in 15% and 20% PVA hy-

drogels. 

 

4.3.2  Creep 

Creep data were fitted to the viscoelastic models described in Section 3.4.3.1.  

The four-parameter models (Equations 3.9 and 3.11) and the 5-parameter exponential 

rise-to-max equation (Equation 3.13) yielded similar fits.  Though the difference was 

minimal, these models appeared to provide a better fit for the data than the three-

parameter-solid model (Equation 3.7) in the initial part of the curve, close to t=0, but did 

not level off to the same degree towards the end of the test, as shown in Figure 4.21.  

These differences were also found by Burns when comparing between three and four-

parameter viscoelastic models in fitting creep data of human IVDs [63].  For the length of  
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Figure 4.20:  Stress remaining after one hour of stress relaxation at 0.25 strain in unfilled 
PVA (a) and 10% PVA-NC hydrogels (b) tested fresh in water, and after 7 days of aging 
in PBS. 
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the test, the four-parameter models fitted more closely with the shape of the data and thus 

were used to generate the creep curves for comparisons between PVA and PVA-NC hy-

drogels. 

 
Figure 4.21:  Creep data of a 10% PVA sample tested fresh in 37 °C water at a constant 
stress of 0.05 MPa, and fitted with the three-parameter-solid, and the four-parameter 
Burger’s and Bausch viscoelastic models. 
 

Increasing PVA concentration decreased the amount of creep in the unfilled hy-

drogels (Figure 4.22).  This is in agreement with stress relaxation results since with a 

lower degree of relaxation, a smaller increase in strain would be needed to maintain a 

constant load during creep.  Furthermore, since hydrogels with higher PVA concentra-

tions were stiffer, lower initial strains resulted from the applied stress of 0.05 MPa. 

Adding nanofillers increased creep, and as such, the creep curves of the 10% 

PVA-NC hydrogels were less flat than the unfilled 10% PVA control.  This was also ex-

pected from the stress relaxation results.  Creep in the Laponite-containing 10% PVA-NC 

hydrogels was higher than in 10% PVA (Figure 4.23). 
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Figure 4.22:  Creep curves of unfilled PVA hydrogels in 37 °C PBS at a stress of 0.05 
MPa for one hour.  Increased PVA concentration results in reduction of the initial strain 
and creep. 
 

 
Figure 4.23:  Creep of Laponite-filled hydrogels compared to 10% PVA in 37 °C PBS at 
a stress of 0.05 MPa for one hour.  Addition of Laponite resulted in increased creep. 
 



  93 
   

 

 

BC and pBC addition produced stiffer hydrogels than unfilled 10% PVA, result-

ing in smaller initial strains.  However, it is apparent from Figure 4.24 that BC- and pBC-

filled 10% PVA-NC hydrogels had higher creep strains than 10% PVA that are depend-

ent on the amount of pBC added.  Although both pBC-filled hydrogels had similar initial 

strains, 0.4% pBC addition resulted in a larger increase in strain that may be due to a 

higher water content compared to 0.25% pBC-10% PVA-NC hydrogels. 

 
Figure 4.24:  Creep of BC and pBC-filled hydrogels compared to 10% PVA in 37 °C 
PBS at a stress of 0.05 MPa for one hour.  Addition of BC and pBC resulted in increased 
creep. 
 

Figure 4.25 summarizes the increase in strain after 1 hour in of creep testing be-

fore and after aging in PBS.  While creep decreased in unfilled 15% and 20% PVA hy-

drogels after aging in PBS, 10% PVA and PVA-NC hydrogels either had increases in 

creep or no change after aging. 
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Figure 4.25:  Percent increase in strain after creep testing at 0.05 MPa stress for one 
hour.  The increase of PVA concentration (a) decreased creep, while the addition of nano-
fillers into 10% PVA (b) increased the amount of creep in the hydrogels. 
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4.4  CYCLIC COMPRESSION TESTING 

Since IVDs experience dynamic loads in vivo, PVA and PVA-NC hydrogels were 

tested with sinusoidal compressive strain cycles.  Through 120 sinusoidal strain cycles at 

0.5, 1 and 2 Hz, the maxima and minima in stress were found to slightly lag behind those 

of strain due to viscoelasticity in all of the hydrogels.  This was indicative of viscous 

damping, which is characterized by tan δ – a higher degree of damping corresponds to a 

greater phase shift, δ, between stress and strain, and a larger amount of energy dissipated. 

The tan δ values of the unfilled PVA and 10% PVA-NC hydrogels from strain 

frequencies of 0.5, 1 and 2 Hz after aging in PBS are shown in Figure 4.26.  Tan δ was 

largest in the 20% PVA hydrogel tested at 2 Hz.  The addition of nanofillers also in-

creased tan δ in the 10% PVA-NC hydrogels compared to the unfilled 10% PVA, and BC 

and pBC addition had greater impact than did Laponite. 

 

4.5  DISCUSSION 

4.5.1  Structure of PVA and PVA-NC Hydrogels 

SEM of fractured hydrogel cross-sections in Millon et al. also showed a more 

open pore structure with the addition of BC in 10% PVA [24].  Increasing PVA concen-

tration, and therefore decreasing water content, resulted in a thickening of the polymer-

rich region and smaller water-filled pores.  The addition of Laponite, BC and pBC to 

10% PVA increased pore sizes in the PVA-NC hydrogels.  The differences in structure 

may be due to a change in the phase separation process during F-T cycling in the pres-

ence of hydrophilic nanofillers, since they may disrupt hydrogen bonds in and between 

water and PVA. 
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The increase in polymer concentration resulted in a lower amount of water ex-

pelled during F-T cycling (Table 4.1) and increased swelling ratios after aging in water 

and PBS (Figure 4.7a). Hassan and Peppas reported that crystallinity increased by in-

creasing PVA concentration from 7% to 15%, but the increases were greater between 7% 

 

 
Figure 4.26:  Tan δ for unfilled PVA (a) and 10% PVA-NC (b) hydrogels aged and 
tested in PBS.  Viscous damping increased as strain frequency was increased, and with 
increases in polymer concentration and nanofiller addition. 
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and 10% than between 10% and 15% PVA [109].  As PVA concentration increased, more 

polymer molecules would occupy a given volume in solution, allowing them to form 

crystallites more readily during F-T cycling, which could result in less molecular rear-

rangement during aging.  However, no significant difference was observed between 10%, 

15% and 20% PVA in the present study (Figure 4.8).  Crystallinity in PVA hydrogels was 

also found to increase after aging in water [104, 115], but Hassan et al. found initial de-

creases in crystallinity due to dissolution of crystallites with lamellar thickness less than 

185 Å, which resulted in the initial swelling of hydrogels [109, 140].  Swelling of the 

amorphous region may have induced organization with aging.  Decrease in crystallinity at 

the beginning of the aging period, followed by increase in crystallinity with continued 

aging could have resulted in little or no change in crystallinity, as observed in the PVA 

and PVA-NC hydrogels. 

Mass loss and shrinkage was observed in previous studies of aging in water and 

salt solutions of PVA hydrogels fabricated through F-T cycling.  Lozinksy et al. reported 

shrinkage in 1 FTC-PVA hydrogel beads that equilibrated after two weeks of water flow 

through a bead-packed column following an initial swelling ratio of up to approximately 

1.3, but there was no net change in mass because of the large initial swelling [112].  In 

Willcox et al., mass loss of 19 wt% PVA hydrogels aged for up to a year ranged from 8% 

for hydrogels produced with 1 FTC to 5% for those with 12 FTC due to weeping of water 

that pooled on the surface [104].  These hydrogels were sealed during aging to prevent 

evaporation of the exuded water.  At lower PVA concentrations, polymer chains would 

have more mobility, and water would be displaced as ordering increases during aging, 

resulting in increased deswelling.  Mass loss in our 6 FTC-20% PVA hydrogels after 7 

days in water was approximately 9%.  Hassan and Peppas found that initial swelling of 

the polymer structure facilitated molecular rearrangement in F-T PVA hydrogels placed 

in water [109].  Immersion of our 20% PVA hydrogels could have could have led to in-

creased ordering and a larger degree of deswelling compared to Willcox et al. 

Patachia et al. demonstrated that mass loss due to deswelling from PVA hydrogels 

equilibrated after approximately 25 hours in 1–3 M salt solutions, resulting in swelling 
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ratios of 0.5–0.95 that decreased with increasing solution concentration [144].  Using 

PVA concentrations similar to those of the current study, Holloway et al. obtained swell-

ing ratios of approximately 0.75 and 0.9 for 5 FTC 10% and 20% PVA/PVP hydrogels, 

respectively, that equilibrated after 7–10 days in PBS [116].  While PVP has been found 

to lower polymer loss from PVA hydrogels [121], mass loss after aging in PBS was lower 

in our 10% PVA hydrogels, with a swelling ratio of 0.83 after 7 days.  The use of con-

trolled F-T cycling and an additional F-T cycle may have resulted in a more stable crystal 

structure, preventing deswelling during aging.  Conversely, our 20% PVA hydrogels had 

a lower swelling ratio of 0.85 than the 0.9 found by Holloway et al.  The molecular 

weight of the PVA used in Spiller was 89 000–98 000 g/mol [116], compared to 146 

000–186 000 g/mol in our studies.  There could be a larger degree of molecular rear-

rangement leading to deswelling in our 20% PVA hydrogels in comparison because 

longer chain lengths could have inhibited formation of crystalline domains during F-T 

cycling due to decreased mobility [109], the effect of which would be less significant 

with 10% PVA due to a higher water content.  The presence of PVP, at 1% of the poly-

mer content, may have also affected swelling compared to pure PVA hydrogels, contrib-

uting to the differences in swelling ratios. 

More water was retained in the PVA-NC hydrogels after F-T cycling (Table 4.1) 

and aging in water (Figure 4.7a), which could be due to increased hydrophilicity.  In wa-

ter, annealed Laponite-filled PVA-NC membranes had increased swelling as temperature 

was increased up to 60 °C, while swelling decreased in unfilled PVA membranes, which 

was attributed to the hydrophilic nature of Laponite [159].  Water content was 1–2% 

higher in PVA-NC hydrogels containing graphene oxide than pure PVA hydrogels due to 

the hydrophilic nature of the fillers, which possesses carboxylic acid and hydroxyl groups 

[174].  However, swelling of these hydrogels with aging was not investigated.  With the 

addition of BC into hydrophobic matrices, there were concerns of poor compatibility and 

moisture between BC and the polymers [166].  In a hydrophilic matrix, BC may contrib-

ute to increased material hydrophilicity and swelling. 
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The nanofillers could also have reduced chain rearrangement in the PVA-NC hy-

drogels by providing sites for adsorption of PVA molecules, decreasing polymer mobil-

ity.  Adsorption of PVA molecules onto filler surfaces and disruption of hydrogen bond-

ing would inhibit movement of the polymer chains, preventing chain folding and contrib-

uting to the decrease in crystallinity in NC hydrogels [29, 148, 159, 176].  Decreases in 

crystallinity in PVA-NC hydrogels with the addition of Laponite were found using DSC 

(Figure 4.8).  Their addition may have disrupted the formation of hydrogen bonds in PVA 

during F-T cycling [159, 175, 176], impeding the formation of crystalline domains, and 

increasing the proportion of amorphous polymer and the proportion of amorphous poly-

mer that could be swollen with water.  This could explain the higher water content and 

decreased mass loss due to deswelling during aging with the addition of Laponite.  In 

previous studies, graphene oxide was able to hydrogen bond with water as well as PVA, 

forming crosslinks in the polymer that limited swelling of the hydrogels at filler content 

above 0.6% [174], while oxygen and hydroxyl groups on Laponite resulted in adsorption 

of hydrophilic polymers onto its surface [159].  PEO chains adsorbed onto multiple clay 

surfaces with Laponite acting as crosslinks to form gels when induced by shaking [160].  

Viscosity also increased with the addition of Laponite to PEO solutions due to adsorbed 

polymer and bridging of Laponite particles [162]. 

BC, which has a large number of alcohol groups due to its glucose subunits, 

should be able to hydrogen bond with PVA to allow for polymer adsorption.  0.48% BC 

addition into 10% PVA had the lowest decrease in mass after aging in PBS.  This may 

suggest that surface chemistry, aspect ratio and concentration of the filler play a role in 

decreasing mass loss due to increased PVA adsorption and reinforcement of the hydrogel 

to prevent shrinkage.  However, the decrease in crystallinity from the 10% PVA control, 

while significant in Laponite-filled PVA, was not in BC- and pBC-containing hydrogels, 

suggesting that the difference in filler size [154] and shape could also play a role in re-

ducing crystallization, and that PVA could be intercalated between clay sheets [164].  

Since Laponite, BC and pBC addition would have decreased chain mobility due to poly-

mer adsorption onto nanofiller surfaces, this could have conferred stability, and may have 
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reduced molecular rearrangement leading to deswelling during aging in the PVA-NC hy-

drogels.  As mechanical properties of a hydrogel depend on its polymer concentration 

[13, 19, 116], both the presence of the nanofillers and their effect on crystallinity and wa-

ter content could have an influence on the unconfined compression properties of PVA-

NC hydrogels. 

 

4.5.2  Compression Properties 

All of the PVA and PVA-NC hydrogels had concave-up, “J-shaped,” stress-strain 

curves in which modulus increased with strain, in a manner similar to biological tissues 

and unlike synthetic polymers [11, 13, 24] such as UHMWPE used in joint replacements.  

Silva et al. related fluid permeability in PVA hydrogels to its void ratio, which is the ratio 

of fluid to solid [177].  The void ratio is strain dependent as fluid is exuded with increas-

ing strain.  Stiffness would increase with strain as PVA concentration increases and per-

meability decreases, leading to increased fluid pressurization.  Unconfined compression 

of the unfilled PVA hydrogels in the current study showed that stiffness increased with 

PVA concentration, which has also been demonstrated in previous studies [23, 116].  

While modulus increased with PVA concentration, the difference between tangent and 

secant moduli decreased, indicating that non-linearity in the stress-strain curves de-

creased with decreased water content (Table 4.2).  A lower increase in modulus with 

strain for hydrogels with higher PVA concentration could be the result of less free water 

[134] and lower permeability [177], which would reduce water exudation with strain. 

The change in tangent and secant moduli after aging increased with increasing 

PVA concentration (Table 4.5).  Both Etangent and Esecant increased by more than 50% in 

20% PVA hydrogels aged and tested in PBS, despite having the lowest decrease in mass 

and volume after aging out of the hydrogels tested.  Since aging tends to increase the 

crystallinity [104, 115] and polymer concentration [115] of PVA hydrogels, it is likely 

that changes in the crystalline domains and deswelling were responsible for the increase 

in stiffness to varying degrees depending on the hydrogel composition.  However, DSC 
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results in the present study showed no significant increase in degree of crystallinity after 

aging (Figure 4.8), the increase in stiffness may be largely due to the decrease in water 

content in the PVA hydrogels. 

Table 4.5:  Change in tangent and secant modulus at 0.45 strain after one week of aging 
in water and PBS for unfilled PVA hydrogels tested at 100%/s. 

Change in Etangent with aging (%) Change in Esecant with aging (%) 
Hydrogel Water PBS Water PBS 
10% PVA 18 ± 1 27 ± 2 18 ± 1 33 ± 2 
15% PVA 35 ± 1 47 ± 2 33 ± 1 47 ± 2 
20% PVA 40 ± 2 55 ± 2 37 ± 1 52 ± 1 
 

The increase in stiffness for 10% PVA was on the same order as found by Lozin-

sky et al. after aging in water that resulted in hydrogel deswelling [112], and higher than 

the 20% increase in linear compressive modulus for 10% PVA/PVP hydrogels after 1 

week of aging in PBS in Spiller et al. [123].  However, the modulus obtained by Spiller 

was from the linear region of the stress-strain curve, obtained after preloading to 0.1 

strain then compressing to a total of 0.16 strain at an unspecified strain rate.  Further-

more, PVP was added to stabilize F-T PVA hydrogels and lower polymer dissolution 

[121], which may have also prevented greater increases in modulus with aging. 

There were no apparent changes in the stress-strain curves with the addition of 

Laponite (Figure 4.10).  Water contents of Laponite-filled PVA-NC hydrogels were simi-

lar to 10% PVA, but crystallinity was 22% and 41% lower with additions of 0.75% and 

1% Laponite, respectively.  Stiffness in PVA hydrogels increases as crystallinity in-

creases with F-T cycling [13, 24, 103, 105, 114, 116].  However, the addition of Laponite 

resulted in decreases in crystallinity that did not lead to changes in the unconfined com-

pression stress-strain curve compared to the 10% PVA hydrogel.  While there was a de-

crease in the proportion of crystalline domains that form the physical crosslinks, adsorp-

tion of PVA molecules on Laponite may have acted as additional crosslinks [160], and 

provided reinforcement by the formation of a stiffer amorphous phase, in which polymer 

chain movement was confined and impeded by adsorption to Laponite filler surfaces 

[159, 164].  The opposing effects of decreased crystallinity and reduction of molecular 
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movement with the addition of Laponite did not have a net impact on unconfined com-

pression of 10% PVA hydrogels, but would affect time-dependent viscoelastic properties 

relevant to applications in IVD replacement. 

BC and pBC addition increased non-linearity in which modulus rapidly increased 

above 0.25 strain (Figure 4.11). The large surface area of the high aspect ratio BC and 

pBC would also allow for a strong interface, contributing to its reinforcing efficiency [13, 

24].  Since PVA and BC both possess alcohol groups, hydrogen bonding would be possi-

ble at the interface between the filler and hydrogel matrix. While the filler-matrix inter-

face may have been affected by phosphorylation, electrostatic repulsion of negatively 

charged phosphate groups could have led to more discretely dispersed nanofibres.  Since 

some of the alcohol groups were substituted, hydrogen bonding between PVA and pBC 

could be decreased.  The charged groups could also have a greater affinity for water, and 

bind water more tightly, preventing fluid flow from the hydrogel structure during uncon-

fined compression. 

The stress-strain curves of BC- and pBC-filled 10% PVA-NC hydrogels were all 

similar despite the varying amounts of BC and pBC added.  Since the phosphate group 

substitution along the BC backbone is heavier than the original –OH group, there would 

be fewer nanofibres for a given mass of pBC than BC.  However, Millon et al. also did 

not find a large difference between additions of 0.3% and 0.85% BC in 10% PVA in un-

confined compression [24], and so the current results were not unexpected.  In a study of 

electrospun PVA nanofibres reinforced with carbon nanotubes (CNT), modulus was not 

dependent on CNT loading but increased as CNT aspect ratio was increased, agreeing 

with theoretical models that improvements in reinforcement efficiency mostly depended 

on filler aspect ratio [229].  This could explain the increase in hydrogel stiffness in the 

current study and in Millon et al. with BC and pBC addition, in which stiffness was 

largely independent of the amount that was added.  Since phosphorylation did not appear 

to change the dimensions of BC fibres or the stress-strain curves of the hydrogels, aspect 

ratio could be a factor in PVA hydrogel reinforcement. 
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Hydrogels containing Laponite had similar increases in tangent and secant moduli 

at 0.45 strain after aging in both water and PBS, with larger increases in moduli than 10% 

PVA after aging in water, and similar increases in moduli to 10% PVA after aging in 

PBS (Table 4.6).  Since the decrease in water content after aging in water was similar for 

unfilled 10% PVA, and 0.75% and 1% Laponite-filled 10% PVA-NC hydrogels, which 

were 1.690 ± 0.003%, 1.888 ± 0.004% and 1.488 ± 0.006%, respectively, the addition of 

Laponite may have resulted in structural changes such as adsorption of PVA to the filler 

surface that resulted in a larger increase in modulus after aging in water.  Aging in PBS, 

however, did not affect hydrogels containing Laponite to the same degree as the unfilled 

10% PVA hydrogel, decreasing in water content by 3.81 ± 0.01% and 3.68 ± 0.01% with 

0.75% and 1% Laponite addition, respectively, rather than 4.277 ± 0.008% for 10% PVA.  

This may be due to charges that had been introduced into the Laponite-filled PVA-NC 

hydrogels through the clay nanofiller, making them less susceptible to deswelling due to 

osmotic pressure.  BC- and pBC-containing hydrogels had the lowest increase in moduli 

with aging.  Since the main contribution of stiffness in these hydrogels at 0.45 strain may 

be nanofibre reinforcement, the effect of aging, osmotic pressure and decrease in water 

content would not have the same effect on BC- and pBC-filled hydrogels as in the other 

hydrogels. 

Table 4.6:  Change in tangent and secant modulus at 0.45 strain after one week of aging 
in water and PBS for 10% PVA-NC hydrogels tested at 100%/s (– indicates no statistical 
change). 

Change in Etangent with aging (%) Change in Esecant with aging (%) 
Hydrogel Water PBS Water PBS 
10% PVA 18 ± 1 27 ± 2 18 ± 1 33 ± 2 
0.75% Lap 28 ± 1 28 ± 1 28 ± 1 31 ± 1 
1% Lap 24 ± 2 27 ± 2 26 ± 2 34 ± 2 
0.48% BC 11 ± 1 14 ± 2 14 ± 1 20 ± 2 
0.25% pBC – – – 8.1 ± 0.3 
0.4% pBC – 7.9 ± 0.4 8.2 ± 0.6 13.8 ± 0.6 

 

Change in mass with aging did not have a clear relationship with the resulting 

change in stiffness.  PVA-NC hydrogels had smaller decreases in mass and volume than 

10% PVA, but aging had a larger effect on the modulus of Laponite-filled hydrogels than 
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10% PVA, and BC- and pBC-filled had little to no change in stiffness.  However, stress 

at 0.45 strain varied linearly with water content as shown in Figure 4.27.  As such, the 

increase in stiffness with aging may largely be due to the decrease in water content. 

 
Figure 4.27:  Linear relationship of stress to water content in unfilled PVA and 10% 
PVA-NC hydrogels, fresh and after aging in water and PBS (strain: 0.45, strain rate: 
100%/s).  Hydrogels filled with the high aspect ratio BC and pBC were stiffer than un-
filled and Laponite-filled hydrogels relative to its water content. 

 

The unfilled PVA hydrogels had a larger dependence on water content than the 

10% PVA-NC hydrogels.  The slope of the linear fits of stress vs. water content for the 

unfilled PVA hydrogels, and Laponite-filled and BC-/pBC-filled 10% PVA-NC hy-

drogels were –0.0314, –0.0211 and  –0.0228 MPa/% water, respectively.  However, the 

dependence on water content for the unfilled 10% PVA hydrogels only was –0.0200 

MPa/% water, indicating that greater increases in stiffness could be achieved with higher 

initial PVA concentrations.  Figure 4.27 also shows that Laponite-filled hydrogels had 

stiffness similar to neat PVA hydrogels and did not show any net improvement with La-

ponite addition, while BC and pBC-filled hydrogels were stiffer even with similar water 

contents to 10% PVA due to higher aspect ratio of the filler.  Although addition of nano-

fillers to PVA hydrogels of higher concentrations were not investigated in this study, Mil-
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lon et al. was able to increase tensile tangent modulus by 3 and 4.5 times at 0.3 and 0.6 

strain, respectively, by raising PVA concentration from 7.5% to 15% while keeping BC 

content constant at 0.3% [13].  Reduction of water content with the increase in PVA con-

centration in the presence of BC or pBC could present an opportunity to increase stiffness 

to what would be required for a cervical IVD device. 

 

4.5.3  Strain Rate Dependence 

Stress correlated linearly with the logarithm of strain rate in the PVA and PVA-

NC hydrogels (Figure 4.15).  The slope of this linear fit was used to quantify strain rate 

dependence (Figure 4.16).  The linear relationship between compressive yield stress and 

logarithm of strain rate had been previously found in amorphous thermoplastic polymers 

[230-232].  The relationship was predicted by the classic Eyring model [233], which 

could be simplified to a linear function between stress and log strain rate.  At the yield 

point, molecular movement is believed to be due to an activated process and is purely 

viscous.  Wendlandt et al. also found that the linear relationship can exist at strains above 

the yield point [230].  Since hydrogels are viscoelastic in nature, the logarithmic relation-

ship between stress and strain rate may have arisen from the viscous nature of the mate-

rial.  Another possible contribution is the movement of water through the porous structure 

of hydrogels during compression.  Whether the relationship between stress and logarithm 

of strain rate is due to a physical process or of an empirical nature, the slope of this fit 

could be used to quantify strain rate dependence for the purposes of comparison.  Strain 

rate dependence of the PVA and PVA-NC hydrogels was not apparent at low strains, and 

so stress at 0.45 strain was used for comparison between hydrogel compositions. 

Viscous flow would contribute to strain rate dependence in the PVA and PVA-NC 

hydrogels, resulting in the logarithmic dependence on strain rate.  At slow strain rates, 

there would be sufficient time for viscous flow to proceed with increasing strain, but at 

high strain rates, viscous flow is slow compared to the rate of deformation, and a higher 

stress would be required to compress the hydrogel to the same strain.  In hydrogels with 
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higher PVA concentrations, viscous flow may be decreased, resulting in decreased strain 

rate dependence.  Increase in strain rate dependence with the addition of Laponite may be 

due to increased viscous flow.  In aqueous solutions of Laponite and PEO that form re-

versible gels with shaking, PEO molecules adsorbed onto clay surfaces were deformed 

and desorbed as shear is introduced into the system, exposing the surface for further 

polymer adsorption to bridge Laponite particles [161].  In response to strain, PVA mole-

cules adsorbed onto nanofiller surfaces in Laponite-filled PVA-NC hydrogels may also 

be deformed and desorbed, resulting in increased molecular movement.  This, along with 

decreased crystallinity in the Laponite-filled hydrogels, would lead to increased viscous 

flow compared to unfilled PVA hydrogels.  Meanwhile, the presence of nanofillers may 

also increase resistance to viscous flow since Laponite, BC and pBC may impede chain 

motion. 

Since fluid flow with strain depends on the permeability of the hydrogel [137, 

177], the rate at which load is applied could affect the response of the hydrogel.  At low 

strain rates, fluid flow would have sufficient time to proceed, and load would mainly be 

born by the solid matrix.  At high rates of loading, fluid flow could be slow compared to 

strain rate, and the hydrogels would experience fluid pressurization and internal stress.  

These events increase the energy required for deformation, and strain rate dependence 

arises.  At higher PVA concentrations, there is an increased proportion of bound water in 

the hydrogels that cannot be exuded with compressive deformation regardless of strain 

rate.  Reducing the amount of fluid that can be exuded may play a role in reducing strain 

rate dependence with increasing PVA concentration.  With the addition of Laponite, BC 

and pBC, an increase in hydrophilicity may have decreased rate of fluid flow, increasing 

fluid pressure upon high rates of loading. 

 

4.5.4  Stress Relaxation and Creep 

The PVA and PVA-NC hydrogels tested did not relax completely after one hour 

of stress relaxation (Figures 4.17–4.19), which was also observed in previous studies.  
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Millon et al. reported that after one hour at 0.45 strain, relaxation was not complete in 

10% PVA hydrogels and PVA-BC hydrogels, which relaxed to 45% and 20–30% of the 

initial stress, respectively [24].  Relaxation continued to increase after 24 hours in 25% 

PVA hydrogels studied by Stammen et al., which relaxed to 45% of the initial stress at 

0.2 strain [19].  Since stress relaxation tests in the current study were performed at 0.25 

strain for one hour, the degrees of stress relaxation were lower than those found in the 

other two studies, with the PVA and PVA-NC hydrogels retaining between 45% (0.4% 

pBC-10% PVA) and 78% (20% PVA) of the initial stress (Figure 4.20). 

During stress relaxation, fluid would flow out of the structure until hydrostatic 

pressure is equilibrated under constant strain.  In creep, sustained application of load 

would lead to fluid flow from the hydrogel to relieve fluid pressurization. While increases 

in PVA concentration in the hydrogels would reduce fluid permeability [137, 177], the 

amount of water available to be exuded under load would also decrease [134], resulting 

in decreased stress relaxation and creep.  Other studies have also found that creep de-

creased as water content decreased in PVA hydrogels [19, 137]. 

The addition of Laponite resulted in increased stress relaxation and creep possibly 

due to increased viscous flow and initial fluid pressurization.  Decreased crystallinity in 

Laponite-filled hydrogels would have resulted in increased swelling of the amorphous 

regions and a higher propensity for polymer molecules to deform under stress [223].  De-

sorption of polymer from filler surfaces during loading could also increase chain mobil-

ity.  Thus, there would be increased dissipation in stress and hydrogel deformation 

through viscous flow and increased movement of polymer molecules.  Laponite-filled 

hydrogels had approximately the same water content as 10% PVA and therefore could 

have similar fluid permeability based on the ratio of fluid to solid volume [137, 177], but 

fluid permeability could also depend on the pore structure.  However, the addition of La-

ponite may have allowed water to bind more tightly due to increased hydrophilicity, re-

ducing exudation of fluid during the initial deformation and increasing fluid pressuriza-

tion in the hydrogel.  0.75% Laponite-10% PVA hydrogels had a slightly higher water 
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content than the other two hydrogels, which could have resulted in a greater amount of 

creep. 

In contrast to Laponite-filled hydrogels, crystallinity with BC and pBC addition 

was similar to the unfilled 10% PVA hydrogel.  Increased hydrophilicity of BC- and 

pBC-filled hydrogels would also increase fluid pressurization upon loading and subse-

quent reduction of fluid support that increased with filler content.  Millon et al. also saw 

an increase in stress relaxation with higher BC content, which was attributed an increase 

in viscoelasticity through the addition of BC [24]. 

Aging in PBS decreased the amount of stress relaxation (Figure 4.20a) and creep 

(Figure 4.25a) in neat PVA hydrogels.  The effect of water content on stress relaxation is 

a possible explanation for this observation for these hydrogels.  Since PVA hydrogels in-

creased in polymer concentration and stiffness with aging, they would undergo less stress 

relaxation and creep in the same manner as increasing PVA concentration.  Meanwhile, 

stress relaxation did not differ after aging in PBS in hydrogels containing Laponite, BC 

and pBC (Figure 4.20b).  Although PVA-NC hydrogels became stiffer in unconfined 

compression due to the decrease in water content with aging, higher proportions of amor-

phous PVA in the case of Laponite, desorption of PVA molecules from filler surfaces, 

and increase in hydrophilicity would still have contributed to creep due to viscous and 

fluid flow when compared to unfilled hydrogels (Figure 4.25b).  The presence of free 

ions in PBS could have disrupted hydrogen bonding between PVA and BC after aging 

that resulted in the increase in creep in the BC-filled hydrogel.  Creep in pBC-filled hy-

drogels, however, was not affected by aging in PBS as it also had a minimal effect on 

modulus.  If either aging or the presence of ions negatively affect the interface between 

PVA molecules and certain nanofillers, then pBC could be the preferred choice as a nan-

ofiller for long-term use since it appears to be least affected by aging. 

A limitation of performing creep tests in the MTS Bionix 858 UTS was the re-

sponse of the actuator.  The controller was set to load-control mode since a constant load 

was specified for creep tests, but feedback from the load cell was required as crosshead 



  109 
   

 

 

position was varied in order to maintain the load.  At times, the actual load on the hy-

drogels deviated by as much as 373 gf (3.65 N) from the specified load as crosshead posi-

tion overcompensated for creep and overshot the target load.  This resulted in data that 

was noisy, as observed in Figure 4.21. 

 

4.5.5  Cyclic Compression Testing 

As polymer concentration increased, the density of the polymer network and vis-

cosity increased as well.  A decrease in water content would increase internal friction in 

the polymer, thereby increasing tan δ.  Gong stated in [139] that tan δ is approximately 

0.01 for PVA hydrogels, although this value may be from dynamic testing in shear, and 

frequency and PVA concentration were not specified.  The presence of large amounts of 

water in PVA hydrogels decreased internal friction, resulting in low tan δ values that 

would increase with an increase in polymer concentration.  Increases in tan δ with fre-

quency in the hydrogels could be due to the resistance to polymer chain motion in the hy-

drogel, resulting in viscous damping where energy is dissipated.  Since 10% PVA had a 

high water content, it would have the lowest internal friction where increases in strain 

frequency did not affect tan δ (Figure 4.26a).  Yang et al. [234] found that the loss 

modulus of PVA hydrogels dominated at high frequencies, and since tan δ is the ratio of 

loss modulus to storage modulus, tan δ would therefore increase with increased fre-

quency.  The increase in loss modulus was attributed to the effects of viscous movement 

of polymer molecules in the hydrogel that become more significant at high frequencies.  

Resistance to viscous flow would be more pronounced in hydrogels of higher PVA con-

centrations since more polymer molecules would occupy a given volume. 

The increase in tan δ with the addition of Laponite, BC and pBC could be due to 

increased viscous flow of PVA chains in the hydrogels (Figure 4.26b), as discussed in the 

above section on stress relaxation and creep.  Resistance to viscous flow was further in-

creased with the addition of BC and pBC since tan δ increased to a greater extent.  This 

would result in higher viscous loss than with Laponite, possibly due to adsorption and 
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hydrogen bonding of PVA to the nanofiller surface, and hindrance of chain movement by 

the stiffer nanofibre.  This further supports the hypothesis that BC addition increases vis-

cous response in PVA hydrogels by Millon [13, 24]. 

While this test provided an insight into the dynamic compressive behaviour of 

PVA and PVA-NC hydrogels, long-term testing should be performed in the future to de-

termine whether there are permanent deformation and fatigue effects after a high number 

of loading cycles.  Joshi et al. [58] performed compressive cyclic loading on a 15% 

PVA/PVP hydrogel nucleus pulposus replacement to 0.15 strain at 5 Hz, up to 10 million 

cycles to assess fatigue.  While tangent modulus from unconfined compression decreased 

by 24% at 0.15 strain after 10 million cycles of fatigue cycling, it was not affected at 

higher strains.  Permanent deformation of the hydrogels, which should be minimized in 

an IVD device to prevent loss of disc height, resulted in a 17% decrease in height, along 

with a 5% increase in diameter, but no change in polymer concentration was found. 

 

4.5.6  Comparison to the Natural IVD and Application to IVD Device 

Design 

In the IVD, the nucleus pulposus (NP) provides swelling potential and becomes 

pressurized to support load, as the annulus fibrosus (AF) confines and resists tensile loads 

placed upon it by the NP [135].  Meanwhile, the endplates regulate fluid flow to and from 

primarily the NP and the vertebral bodies [40, 41].  It is the regulation of fluid flow that 

allows the IVD to experience strain rate dependence, and high degrees of stress relaxation 

and creep [55].  At high rates of loading, fluid pressurization is increased and the disc 

bulges so that water content does not decrease as quickly, possibly explaining the de-

crease in tan δ with high loading frequencies [62].  In addition to collagen, which confers 

structural support [135], fixed charges on the large amounts of proteoglycans in the IVD 

provide the osmotic potential for fluid to flow back into the disc once load is removed to 

recover disc height and prevent permanent deformation [37]. 
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The stress-strain curves of the natural IVD are highly non-linear, displaying an in-

itial low modulus toe region and a high modulus region beyond 0.05–0.1 strain [55, 57].  

A toe region in this range of strains was not observed in the PVA and PVA-NC hy-

drogels.  However, with the addition of BC and pBC into 10% PVA hydrogels, the transi-

tion from low to high modulus region occurs at approximately 0.25 strain (Figure 4.11). 

The tangent and secant moduli of the PVA and PVA-NC hydrogels at 0.45 strain 

were 1.2–5.8 MPa and 0.38–1.0 MPa, respectively, and much lower than the linear 

modulus of IVDs, which were approximately 11–34 MPa [56].  While the PVA and 10% 

PVA-NC hydrogels tested were not of sufficient stiffness as a cervical IVD replacement, 

the relative effects of composition, particularly with nanofiller addition, on strain rate de-

pendence could still be examined.  As such, even though the healthy human IVD experi-

ences up to approximately 0.15 strain physiologically [58], the modulus at 0.45 strain was 

used for comparison between strain rates in this study since strain rate dependence was 

more apparent at higher strains. 

Strain rate dependence in compression has been observed in IVDs studied by Cas-

sidy et al. [55].  The maximum stress from the stress-strain curves of IVDs, which were 

left attached to the vertebral bone and tested at strain rates of 1.67×10–5 to 1.67 s–1, was 

shown to vary linearly against the logarithm of strain rate in that study.   Using the same 

procedure as for the PVA and PVA-NC hydrogels, we determined the slope of this linear 

relationship to be 17.5 %/log(%/s) (R2 = 0.9562) for the canine IVDs.  While strain rate 

dependence in the canine IVDs was apparent at strains above the toe region, little to no 

strain rate dependence was observed in PVA and PVA-NC hydrogels at low strains.  

However, the degree of strain rate dependence for the canine IVDs was similar to 0.48% 

BC- and 0.4% pBC-10% PVA-NC hydrogels at 0.45 strain, which ranged from 16.0 to 

19.2 %/log(%/s) (Figure 4.16b). 

Cassidy et al. [55] found that after stress relaxation, water content decreased in 

canine IVDs preferentially from regions of high water content in and around the nucleus, 

with fluid moving through the endplates and into the vertebral bodies.  Rate dependence 
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in IVDs was also believed to be due to the transport of water.  Since load bearing due to 

hydrostatic pressure occurs in IVDs, decreased volume loss with compressive strain at 

high strain rates would increase fluid pressure inside the disc [61, 235].  At slow strain 

rates, in which volume loss due to fluid flow is greater, bulging of the annulus to accom-

modate the nucleus with increased compressive strain would be less pronounced, result-

ing in lower circumferential strains on the collagen lamellae in the AF.  The lamellae 

have a low modulus toe region up to 0.1 strain [55, 57], in which there was no strain rate 

dependence as reorientation of the lamellae and uncrimping of collagen occurs, followed 

by a high modulus region, in which the stretched fibres are loaded in tension [68].  Lower 

circumferential strains on the AF with lower strain rates would then result in lower 

stresses in the IVD as it is compressed.  The viscoelasticity of the natural tissue matrix is 

also implicated in strain rate dependence of the IVD [55, 61].  However, the natural IVD 

is multi-component and anisotropic, and in contrast, the PVA and PVA-NC hydrogels in 

the current study were isotropic materials.  The mechanism of strain rate dependence in 

the PVA and PVA-NC hydrogels could also be due to the flow of fluid from the hy-

drogels during compression.  Increased hydrophilicity in PVA-NC hydrogels leading to 

increased pressurization upon loading could contribute to increased strain rate depend-

ence, as could increased viscoelasticity due to increases in the amount of and resistance 

to viscous flow. 

Compared to the natural IVD, in which stress relaxed to less than 10% of the ini-

tial stress just after 30 minutes at 0.05 and 0.15 strain [55], the degree of stress relaxation 

in PVA-based hydrogels was much lower at 0.25 strain.  The greatest amount of stress 

relaxation was found in the 0.48% BC-10% PVA hydrogel, in which stress decreased to 

approximately 52% and 50% of the initial stress after 30 minutes and 60 minutes, respec-

tively.  Non-porous platens were used in stress relaxation testing of hydrogels in the cur-

rent study as well as in Millon et al. [24] and Stammen et al. [19], which found similar 

degrees of stress relaxation.  This would have prevented fluid flow from the top and bot-

tom of the hydrogels.  In contrast, the IVDs were tested while still attached to the verte-
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bral bodies, which would allow fluid flow through the endplates into the vertebrae, result-

ing in greater rates of stress relaxation due to increased fluid flow. 

Human IVDs have been found to increase in strain by 20–108% after 30 minutes 

of creep [23, 64].  Strain did not reach equilibrium deformation after 30 minutes under 

the estimated body weight at the lumbar disc level [64] or 15 hours at 177.92 N [63].  

Creep in the PVA and PVA-NC hydrogels in this study was low compared to human 

IVDs.  Unfilled PVA increased in strain by 10–25% after 1 hour, and by 30–40% with 

nanofiller addition (Figure 4.20).  However, we used a low creep stress in this study, 

equal to approximately 25–33% of the stress used in the IVD tests, since the hydrogels 

were more compliant than the natural IVD, and the initial strains in the IVDs were ap-

proximately half of those in the 10% PVA and PVA-NC hydrogels.  Although creep in 

IVDs is an important mechanism for energy dissipation following loading, a low degree 

of creep in the hydrogels would be desirable from the viewpoint of engineering design.  

The decrease in IVD height due to fluid is recovered each day during rest [42].  In poly-

meric systems however, viscous flow of amorphous regions could lead to unrecoverable 

deformations that would have implications for the performance of the device in vivo, 

since the disc space could decrease in height and would eventually require intervention.  

Viscous movement of PVA molecules in PVA and PVA-NC hydrogels may cause per-

manent deformation to occur.  However, the hydrophilicity of the PVA-NC hydrogels 

may also encourage swelling and fluid flow back into the structure upon removal of load 

to aid in restoring height during rest.  Future investigations of viscoelastic properties 

should include testing of the hydrogels between porous platens since endplate permeabil-

ity also has an impact on both creep and creep recovery of IVDs [235].  Porous platens 

would allow for unimpeded fluid flow back into the hydrogels for determining the rate of 

creep recovery.  Furthermore, unconfined compression testing between porous platens 

may have implications on stress-strain curves, and decrease modulus and strain rate de-

pendence. 

Previous studies of human lumbar IVD [63, 64] and PVA hydrogels [23] have re-

ported the elastic and viscous component parameters from the three-parameter-solid 
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model fits (Equation 3.7).  E1, E2 and η1 from PVA and PVA-NC hydrogels tested after 

aging in PBS are tabulated in Table 4.7 along with the range of values from human IVDs 

and 3%–40% PVA hydrogels found in literature. 

Table 4.7:  Parameters of elastic and viscous components from fitting of the three-
parameter-solid model to creep data from unfilled PVA and 10% PVA NC hydrogels af-
ter aging in PBS, and of human lumbar IVD and PVA hydrogels from literature. 
Material E1 (MPa) E2  (MPa) η1  (MPa·s) 
10% PVA 0.77 ± 0.09 0.221 ± 0.005 2400 ± 300 
15% PVA 2.8 ± 0.8 0.336 ± 0.006 5100 ± 700 
20% PVA 4.6 ± 0.3 0.49 ± 0.02 8600 ± 800 
0.75% Lap-10% PVA 0.45 ± 0.05 0.204 ± 0.007 910 ± 30 
1% Lap-10% PVA 0.54 ± 0.08 0.213 ± 0.005 1130 ± 10 
0.48% BC-10% PVA 0.65 ± 0.09 0.26 ± 0.01 2000 ± 200 
0.25% pBC-10% PVA 0.70 ± 0.06 0.238 ± 0.005 1500 ± 200 
0.4% pBC-10% PVA 0.6 ± 0.1 0.233 ± 0.005 1100 ± 200 
Human lumbar IVD [63] 4.162 – 207.3 2.935 – 49.93 16340 – 2098000 
Human lumbar IVD [64] 4.204 – 10.48 1.057 – 2.245  – 
3–40% PVA hydrogels [23] 0.0800 – 63.22 0.0119 – 1.112   – 

 

The elastic parameters of the three-parameter-solid model, E1 and E2, varied with 

the modulus of the material, as indicated by their increase in 15% and 20% PVA hy-

drogels compared to 10% PVA hydrogels.  Increases in the viscous parameter, η1, in 

higher PVA concentration hydrogels were due to decreases in time-dependent creep de-

formation.  E2 was higher with the addition of BC and pBC than 10% PVA due to lower 

initial strains.  It is interesting to note that η1 decreased compared to 10% PVA in hy-

drogels containing Laponite and pBC, which carry charges, but not with BC addition.  

The addition of unmodified BC did not have a significant effect on the viscous compo-

nent of the model compared to 10% PVA according to the value of η1.  Hydrogen bond-

ing between BC and PVA could have resulted in a better interface between the nanofiller 

and the polymer, and hydrogen bonding within PVA was not disrupted.  This suggests 

that while the addition of BC increased the modulus of PVA hydrogels, creep could be 

significantly increased by the addition of charges to the hydrogels through fillers.  The 

parameters for 10% PVA and PVA-NC hydrogels were one order of magnitude lower 

than the minimum values in Burns et al. [63], and although E1 in 20% PVA approached 
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those of human IVDs, E2 and η1 were still much lower than the natural disc.  Wang and 

Campbell indicated that 40% PVA hydrogels had E2 values in the range of those found in 

Keller et al. [64], but η1 values were not given for these hydrogels.  Higher concentration 

PVA hydrogels may provide the stiffness required to match the initial strains of the natu-

ral IVD.  It may also be possible to use nanofillers of different characteristics, such as 

aspect ratio and fixed charges, in tuning creep properties to match those of natural IVDs. 

Increasing PVA concentration to 20% PVA (Figure 4.26a) was able to increase 

the value of tan δ to the range found by Costi et al. from dynamic compression of human 

IVDs (0.10–0.16) [61].  The addition of nanofillers was also able to increase tan δ to 

varying degrees (Figure 4.26b).  However, while tan δ either remained constant or in-

creased with increasing frequency in PVA and PVA-NC hydrogels, it decreased by 36% 

with increasing frequency between 0.001 and 1 Hz in IVDs.  Costi et al. pointed to the 

effects of fluid pressurization and flow on tan δ when loaded in compression [61].  While 

the tan δ increase in the PVA and PVA-NC hydrogels could be in part due to viscous 

flow, which plays a role in energy dissipation in the hydrogels, decrease in tan δ at higher 

frequencies in IVDs is likely due to decreased fluid flow and increased fluid pressuriza-

tion.  Bulging of the IVD would compensate for compressive deformation as volume is 

preserved [236], and fluid pressurization would result in increased elastic behaviour in 

the IVD. 

 

4.5.7  Proposed PVA Hydrogel IVD Design 

In order to attain the modulus required to function as a cervical IVD replacement, 

higher PVA concentrations must be used in the hydrogel, which would decrease non-

linearity in the stress-strain curve and result in low degrees of stress relaxation.  This may 

not be desirable in a potential IVD replacement if it eliminates the low modulus toe re-

gion, the function of which may be to provide compliance for shock absorption as load is 

applied, while the high modulus region provides support of load and prevents excess de-

formation.  A decrease in stress relaxation may result high residual stresses in the mate-
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rial as sustained loads are applied.  However, although stress relaxation and creep of the 

hydrogels were lower than the natural IVD, lower degrees of creep may be advantageous 

in preventing large deformations.  Nanofiller addition could be an effective method of 

modifying PVA hydrogel properties without drastically decreasing water content of hy-

drogels, and only a small amount is required to modify properties.  Laponite, BC and 

pBC addition would increase stress relaxation in PVA-NC hydrogels, and BC and its de-

rivatives in particular may be able to increase modulus at high strains while preserving a 

low modulus at low strains. 

The shrinkage and extrusion of a PVA hydrogel NP replacement was demon-

strated following implantation into baboons [146].  20% PVA hydrogels had the highest 

resistance to decrease in mass and volume after aging in PBS (Figure 4.7), which could 

mitigate the possibility of shrinkage and migration after device implantation in a solute-

rich fluid environment in vivo.  Since PVA and PVA-NC hydrogels increase in modulus 

with aging, this could be exploited to obtain a stiffer hydrogel if the increase in modulus 

with aging could be well characterized and reproduced.  By fabricating hydrogels in wa-

ter then storing them in an osmotic solution, handling of a higher concentration polymer 

solution with increased viscosity could be avoided.  Also, using a solution with similar 

osmolarity [123] to store a hydrogel device may mitigate the effects of aging following 

implantation.  Conversely, with the addition of BC and pBC, aging in PBS resulted in a 

lower change in modulus, stress relaxation and creep than unfilled PVA hydrogels, which 

may be beneficial as hydrogel properties would be more predictable. 

PVA hydrogels possess a high Poisson’s ratio [58, 124] of approximately 0.45–

0.5 [138, 237, 238].  During unconfined compression, there would be circumferential ten-

sile forces on the structure due to lateral expansion.  Since BC is a fibrous reinforcement, 

it may resist lateral expansion at high strains.  The hydrated porous structure could also 

be subjected to tension due to hydrostatic pressure upon compression, which is similar to 

the behaviour of cartilage tissue and collagen under stress before reaching equilibrium 

[239].  The AF in the natural IVD, which consists of aligned collagen lamellae, also re-

sists circumferential tensile loads from pressurization of the NP during compression [6, 
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82].  BC and pBC, therefore, could be used to impart the desired stress-strain behaviour 

to PVA hydrogels by mimicking the function of collagen fibres in natural tissues, includ-

ing those in IVDs.  While nanofibres were isotropically dispersed in the BC and pBC 

PVA-NC hydrogels tested, circumferential alignment of these fibres may offer a method 

to limit lateral expansion and improve compressive modulus in an IVD device. This was 

done with poly(ethylene terephthalate) fibres in previous studies by Ambrosio and work-

ers, in which a toe region below 0.1 strain was observed on the stress-strain curves of 

pHEMA-based hydrogel IVD devices [178, 179].  Since BC and pBC-filled PVA hy-

drogels possess a toe region of up to approximately 0.25 strain, alignment of BC nanofi-

bres in PVA-NC hydrogels may also be a potential method to limit toe region strain to the 

range found in the natural IVD. 

Further studies into the composition and structure of these hydrogels to achieve 

the similar degrees of strain rate dependence as the natural IVD at low strains should be 

pursued.  The role of rate dependence in the natural IVD is likely to limit deformation 

with high loading rates, preventing damage to the surrounding tissue by maintaining disc 

height.  Increased fluid pressure inside the disc would also assist in distributing and trans-

ferring the load to the vertebral bodies.  The effect of strain rate on fluid flow in the hy-

drogels could be investigated by comparing the degree of lateral expansion during uncon-

fined compression and decrease in water content over a range of strain rates.  If fluid flow 

could be modulated at different strain rates, it would influence fluid pressurization and 

lateral expansion.  A higher degree of strain rate dependence would therefore be possible 

through a mechanism similar to the natural IVD.  In designing a PVA hydrogel-based 

disc design, the structure and function of components in the native IVD could be mim-

icked.  Creating a multi-component structure to limit fluid flow at the peripheries of a hy-

drogel device and to resist lateral expansion is a possible strategy to increase fluid pres-

surization, thereby increasing stiffness, and strain rate dependence at lower strains.  Since 

fluid permeability in PVA hydrogels, as modelled by Silva [177] and Liu [137], is related 

to the ratio of fluid to solid in the hydrogels, fluid flow could be limited by using higher 
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PVA concentration hydrogels for the annulus and endplate components than the nucleus 

component of a hydrogel device to increase fluid pressurization. 

The Bryan disc design is based on the structure of the IVD.  It consists of a hy-

perelastic polyurethane (PU) core forming biconvex articulating surfaces between tita-

nium alloy endplates, and saline is injected into the device during implantation to lubri-

cate the wear surfaces [77, 90, 93, 94].  The core is surrounded and sealed by a stiffer PU 

sheath that contains the saline lubricant and wear particles, as well as prevent tissue in-

growth.  Kurtz stated that the sheath is permeable to water [90], but there are no other 

references attesting to the permeability of the sheath.  However, it is unclear whether 

fluid flow through the sheath would contribute to pressurization and energy dissipation in 

the Bryan disc.  The stiffness of the PU core is also unclear.  Studies modelling the bio-

mechanics of the Bryan disc after implantation have used moduli of 25 MPa [240] and 70 

MPa [241] for the core.  A modulus of 25 MPa would be comparable to the stiffness of 

the cervical IVD, but both values are much lower than the moduli of UHMWPE, used in 

Prodisc-C, and metal alloys in the Prestige disc.  However, the relatively low modulus of 

the PU core resulted in a displacement of 5–10 times greater than Prodisc-C and Prestige 

under load [240], which placed higher forces on the facet joints at the implanted level 

[241].  Increased range of motion of the Bryan disc would also increase strain on the fac-

ets and surrounding tissues, but the potential for heterotopic ossification and fusion of the 

artificial disc is decreased [240, 242].  Compared to Prodisc-C and Prestige, which use 

keels and rails for fixation, the convex endplates of the Bryan disc distribute stress more 

evenly while the PU core absorbs more energy [240].  This lowers the risk of subsidence 

of the implant into the vertebral bodies, but the potential still exists.  The use of a hy-

drogel material that has similar mechanical properties to the native IVD and supports 

fluid flow in an IVD device should allow for recovery of natural motion at the affected 

level and decrease the risk of complications in TDR. 

 



  119 
   

 

 

4.6  CONCLUDING REMARKS 

PVA hydrogels produced through F-T cycling were chosen for investigation as a 

material for intervertebral disc replacement.  They were fabricated without a chemical 

crosslinker and have concave up stress-strain curves similar to the natural IVD.  Increas-

ing PVA concentration increased stiffness, and decreased strain rate dependence, stress 

relaxation and creep.  The addition of Laponite, BC and pBC nanofillers to 10% PVA 

resulted in increased hydrophilicity and pore sizes of the hydrogels.  Laponite addition in 

10% PVA-NC hydrogels decreased crystallinity but did not decrease stiffness, while BC 

and pBC addition increased hydrogel stiffness above 0.25 strain.  Furthermore, the 10% 

PVA-NC hydrogels experienced increased strain rate dependence, stress relaxation and 

creep compared with the unfilled 10% PVA hydrogel.  Meanwhile, aging the PVA and 

PVA-NC hydrogels in water and PBS decreased their mass and volume, and increased 

stiffness. 

While the PVA and PVA-NC hydogels examined in this study were not of suffi-

cient stiffness for application in the cervical IVD, modulus improvements could be 

achieved through the increase of PVA concentration and addition of nanofillers.  The op-

timization of a PVA-based hydrogel device with similar stiffness, viscoelastic behviour, 

fluid flow and height recovery as the natural IVD could involve a combination of pa-

rameters including PVA concentration, nanofiller characteristics and concentration, and 

the fabrication of a multi-component structure to introduce location specific properties. 
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Chapter 5  
CROSSING-PATHS WEAR OF PVA 
AND PVA-NANOCOMPOSITE HYDROGELS 

 

 

Cervical TDR devices like the Prestige, Prodisc-C and Bryan discs integrate ar-

ticulating surfaces into their designs, necessitating investigation of their tribological prop-

erties.  Crossing-paths wear testing was performed to determine the suitability of PVA 

and PVA-NC hydrogels in articulating TDR designs since they are subjected to multidi-

rectional sliding in vivo.  The volume of the wear track after crossing-paths wear, which 

combined rotation with linear reciprocating motion, was determined using high frequency 

three-dimensional ultrasound (3D US) imaging. The wear surfaces and cross-sections of 

the hydrogels under the wear track were also examined using SEM to investigate the type 

of wear damage incurred. 

 

5.1  CROSSING-PATHS WEAR TESTING 

While unidirectional sliding of UHMWPE against metals or ceramics results in 

low rates of wear due to alignment of polymer molecules and orientation hardening, mul-

tidirectional wear in the polymer increases significantly due to intermolecular rupture of 

UHMWPE [207-209].  Crossing-paths wear testing is appropriate in TDRs because they 

experience multidirectional wear in vivo [196, 206].  Linear reciprocation with rotation 

between potential sliding pairs was presented as a cost-effective method for screening of 

materials using crossing-paths testing prior to simulator studies [210].  To compare be-

tween hydrogel compositions, crossing-paths wear testing was performed for 500 000 
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cycles against a spherical sapphire counter surface pin, applied with a normal load of 5 N.  

The crossing-paths wear tester had a linear stroke length of 8.5 mm with 28° pin rotation 

at 1 Hz (Figure 5.1).  These parameters were based on the combined in vivo motion of 

20° flexion-extension and 14° axial rotation at C5-C6, which was doubled to maximize 

the tested area of the sample and ensure the feasibility of the mechanical design in the 

tester [212].  Volume and depth of the wear track after crossing-path wear testing were 

determined using high frequency 3D US images after a period of recovery of two days 

each in ACS lubricant and PBS.  The hydrogel surface and cross-sections under the wear 

track were examined using SEM following critical point drying. 

 
Figure 5.1:  Schematic of crossing-paths wear testing on PVA and PVA-NC hydrogel 
surfaces.  The 9.525 mm diameter spherical sapphire counter surface pin was translated 
linearly over a length of 8.5 mm and rotated over 28° for each stroke under a normal load 
of 5 N.  Each sample was tested at a frequency of 1 Hz for 500 000 cycles. 

 

5.2  VOLUME AND DEPTH OF WEAR TRACK 

Brightness-mode (B-mode) US image planes were acquired in slices perpendicu-

lar to the surface of the hydrogel while the US probe was translated along the length of 

the wear track to obtain the 3D US image. The 40 MHz US transducer had a resolution of 

approximately 30 μm at the 15 mm×15 mm field of view used to cover the width of the  
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Figure 5.3:  B-mode images from 3D US of hydrogels showing the cross-sections of 
wear tracks in 10% PVA (a), 20% PVA (b), and nanocomposites of 10% PVA with 1% 
Laponite (c), 0.48% BC (d) and 0.4% pBC (e). 

 

wear tracks, and sample surfaces were placed near the 6 mm focal length to ensure opti-

mal imaging so that image acquisition did not involve contact with the hydrogel.  Volume 

of the wear track was determined from the sum of the areas of the indent in B-mode 

planes, assuming the initial surface was flat (Figure 5.2).The indents imaged in B-mode 

Figure 5.2:  B-mode plane from 3D US showing the flat surface of 10% PVA hydrogel 
before testing (a), outlining of the indent on the top surface of the hydrogel to determine 
area using the polygon function in ImageJ (b), and a schematic of indent outlining (c). 
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planes after crossing-paths wear testing of selected hydrogels are shown in Figure 5.3.  

The depth of the indent was smaller in 20% PVA than in unfilled 10% PVA and 10% 

PVA-NC hydrogels. 

Consequently, 10% PVA and PVA-NC hydrogels had greater wear track volumes 

than unfilled hydrogels of higher PVA concentrations (Figure 5.4).  Wear volume from 

crossing-paths wear was likely a combination of the loss of material and permanent creep 

deformation.  The maximum depth, found near the middle of the wear tracks, was also 

determined (Figure 5.5), which followed a similar trend as volume loss in the samples.  

Our results indicated that the addition of nanofillers did not significantly affect the vol-

ume or depth of the wear track in 10% PVA-based hydrogels after crossing-paths wear 

testing, whereas the increase in PVA concentration resulted in significant decreases in 

wear volume and maximum wear depth. 

 

5.3  WEAR TRACK SURFACES AND SUBSTRUCTURE 

Examination of surface damage could be used to determine the mechanism and 

consequence of wear on the hydrogels.  This would be useful for evaluating the suitabil-

ity of using the material in an IVD device with articulating surfaces that result in wear.  

Furthermore, since the reciprocating wear tests produced cyclic loading on the hydrogels, 

the structure under the wear track could be altered by fatigue loading.  The cross-sections 

under the wear track were exposed by freeze-fracturing critical point dried hydrogels. 

After crossing-paths wear testing, the samples had an indented wear track (Figure 

5.6) that was observed visually to have a duller surface than the unworn region, indicat-

ing surface damage.  Immediately after wear testing, the ends of the wear track were 

deeper than the middle portion (Figure 5.6b), but this was not apparent after 2 days of 

creep recovery.  The middle and end portions were examined to determine if there were 

any differences in the surface and underlying structure with respect to location of the 
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Figure 5.4:  Volume of the indent created after crossing-paths wear testing on unfilled 
PVA hydrogels (a) and 10% PVA-NC hydrogels (b), measured using ImageJ on 3D US 
image planes. Wear testing was performed under a normal load of 5 N with a linear recip-
rocating stroke length of 8.5 mm and 28° pin rotation at 1 Hz for 500 000 cycles.  The 
spherical sapphire counter surface was 9.525 mm in diameter. 
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Figure 5.5:  Maximum depth of wear tracks after crossing-paths wear testing on unfilled 
PVA hydrogels (a) and 10% PVA-NC hydrogels (b), measured from 3D US image planes 
using ImageJ.  Wear testing was performed under a normal load of 5 N with a linear re-
ciprocating stroke length of 8.5 mm and 28° pin rotation at 1 Hz for 500 000 cycles.  The 
spherical sapphire counter surface was 9.525 mm in diameter. 
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wear track.  After wear testing, the wear track was slightly yellowed from testing in the 

presence of the ACS lubricant. 

  
Figure 5.6:  Schematic showing the unworn portion of the hydrogel, and middle and ends 
of the wear track (a), and a photograph of a hydrogel sample immediately after wear test-
ing (b).  The wear track was slightly yellow in colour from the ACS lubricant and the 
ends of the wear track were more indented than in the middle. 
 
 

5.3.1  Surface of Unworn Areas 

The unworn areas of the hydrogel surfaces (Figure 5.7) appeared flat and smooth, 

though there was some evidence of imperfections that appeared as pores on the surfaces.  

SEM images showed that addition of nanofillers affected the surface morphology of PVA 

hydrogels.  While the addition of 0.25% pBC resulted in a surface that resembled unfilled 

PVA hydrogels, fewer pores were visible on the surfaces with Laponite, BC and 0.4% 

pBC.  Since these surfaces were from unworn sections of the hydrogel samples used in 

crossing-paths wear testing, debris from hydrogel wear was deposited on some of the sur-

faces. 

 

5.3.2  Wear Track Surfaces 

In SEMs of the wear track surfaces, porous structure of the hydrogels became 

visible with wear (Figure 5.8 and Figure 5.9).  There were scratches along the wear track 
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in the direction of reciprocating motion indicating abrasive wear.  Some worn surfaces 

also appeared to have plastic flow and adhesive wear. The wear scars were aligned along 

the direction of reciprocating motion, and the effect of rotation did not appear to be sig-

nificant. 

 

  

  

  
Figure 5.7:  SEM of critical point dried unworn sections of hydrogel samples after cross-
ing-paths wear testing: 10% PVA (a), 20% PVA (b), and 10% PVA-NC filled with 1% 
Laponite (c), 0.48% BC (d), 0.25% pBC (e) and 0.4% pBC (f).  Debris on the hydrogel 
surfaces was likely material worn away from wear testing. 
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5.3.2.1  PVA Hydrogels 

Scratches on the worn 10% PVA surface were accompanied by permanent com-

pressive deformation adjacent to the abrasions.  In addition, cracks were formed in the 

middle portion of the wear track surface (Figure 5.8a) that may have been due to fatigue 

wear.  There was increased surface damage at the ends of the wear track (Figure 5.8b), 

where the porous structure appeared elongated and some material had broken off, which 

could be a combination of adhesive and fatigue wear. 

The surface of the 20% PVA wear track appeared flattened as a result of adhesive 

wear and plastic deformation (Figure 5.8c,d).  Scratches in the direction of motion were 

also present, indicating abrasive wear.  The thick dark scar shown at the end of the wear 

track (Figure 5.8d) could have been the result of third-body wear, either from wear debris 

or a foreign particle, rather than from counter surface asperities.  Compared to the un-

Middle End 

  

  
Figure 5.8: SEM of the middle (left column) and end (right column) portions of the wear 
track surfaces of critical point dried the 10% PVA hydrogel (a, b) and 20% PVA hy-
drogel (c, d).  Arrows indicate the direction of linear reciprocation. 
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worn surfaces (Figure 5.7a, b), 20% PVA appeared smoother after crossing-paths wear 

testing, while 10% PVA appeared less smooth. 

15% PVA (not shown) had a combination of the plastic deformation found in 

20% PVA and abrasions.  The scratches did not have adjacent deformations like those in 

10% PVA, possibly due to higher creep.  In general, increased hydrogel concentration 

resulted in less surface damage when observed qualitatively under SEM, in addition to 

decreased wear volume and depth. 

 

5.3.2.2  PVA-NC Hydrogels 

There was no evidence of the surface cracking in the 10% PVA NC hydrogels that 

was found on the unfilled 10% PVA hydrogel surface.  Selected SEM images from the 

worn surfaces of the PVA-NC hydrogels are shown in Figure 5.9.  The addition of Lapo-

nite resulted in a smoother unworn surface (Figure 5.7c), but their larger pore size was 

apparent on the surface of the wear track.  Abrasive wear in the form of scratches were 

found on these hydrogels, and were more severe at ends (Figure 5.9b) of the wear track 

than in the middle (Figure 5.9a).  Indentation around scratches that was found on 10% 

PVA was also on the 0.75% Laponite-10% PVA surface (not shown), but was not appar-

ent on 1% Laponite-10% PVA.  Adhesive wear was also more evident at the ends of the 

wear track.  

The addition of 0.48% BC to 10% PVA resulted in a rough surface with large, 

raised patches in the middle portion of the wear track (Figure 5.9c).  Those could be areas 

where BC fibres were located, conferring a higher modulus and higher wear resistance.  

The end of the wear track had a patchy appearance (Figure 5.9d) that could have been 

due to unevenness of the surface, and there appeared to be fibres pulled out from the sur-

face.  Scratches and cracks were not obvious on the surface, so the mechanism of wear 

was likely adhesive wear.  With 0.25% pBC, abrasive wear was obvious (Figure 5.9e, f), 

but the wear track was smooth compared to 10% PVA and the other PVA-NC hydrogels. 
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Middle End 

  

  

  

  
Figure 5.9: SEM of the middle (left column) and end (right column) portions of the wear 
track surfaces of critical point dried 10% PVA-NC hydrogels filled with 1% Laponite (a, 
b), 0.48% BC (c, d), 0.25% pBC (e, f) and 0.4% pBC (g, h).  Arrows indicate the direc-
tion of linear reciprocation. 
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Some small fibres could be seen in and around voids on the surface of 10% PVA-

0.25% pBC, and while some raised clumps were found on the hydrogel surface (Figure 

5.9e).  By increasing pBC concentration to 0.4% pBC, abrasive wear was decreased.  

However, an uneven surface was easily observed and could have affected wear during 

crossing-paths wear testing.  Clumping of pBC could have led to areas where the linear 

wear pattern was disturbed and fibres were partially pulled out from the surface (Figure 

5.9g).  The ends of the wear track (Figure 5.9h) suffered more damage than the middle 

portion where there was increased abrasion, adhesive wear and plastic deformation.  

Randomly dispersed pBC fibres not aligned in the direction of linear reciprocating mo-

tion were also apparent.  Similar to increasing PVA concentration, addition of nanofillers 

appeared to decrease the depth of the scratches on the surface. 

 

5.3.3  Subsurface Structure 

The underlying porous structure was examined using SEM after freeze fracturing 

of the critical point dried hydrogels.  This was done to determine if creep and fatigue af-

ter crossing-paths wear testing had caused any change in the hydrogel structure.  Changes 

in structure could alter mechanical properties and durability of the material that affect the 

performance of the hydrogel in a device over time. 

Figure 5.10 shows SEM images of the porous hydrogel structure under the wear 

track.  Compared to the structure prior to wear testing (Figures 4.3–4.5), the porous struc-

ture under the wear tracks had compressed pores and areas of low porosity, possibly due 

to collapsed pores, or had no noticeable changes, depending on hydrogel composition.  

Material surrounding the pores that remained did not appear torn or fractured.  10% PVA 

(Figure 5.10a) and 15% PVA (not shown) both had some areas of flattened pores and 

high solid polymer density.  10% PVA-0.75% Laponite (not shown) also exhibited some 

solid areas.  Meanwhile, the porous structure of 20% PVA (Figure 5.10b), and 10% PVA 

containing 1% Laponite (Figure 5.10c) and 0.48% BC (Figure 5.10d) were similar to the 
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Figure 5.10: SEM images of liquid nitrogen freeze-fractured, critical point dried hy-
drogel cross-sections under the wear track of unfilled 10% PVA (a) and 20% PVA (b), 
and 10% PVA-NC containing 1% Laponite (c), 0.48% BC (d), 0.25% pBC (e) and 0.4% 
pBC (f).  Pores under the wear tracks were collapsed and deformed in 10% PVA and 
10% PVA-0.25% pBC. 
 

unworn structure (Figure 4.3c, Figure 4.4b and Figure 4.5a, respectively).  Hydrogels 

containing pBC had pores that appeared deformed throughout the wear track for 10% 

PVA-0.25% pBC (Figure 5.10e).  Although the cross-section of the middle portion of the 

wear track of 10% PVA-0.4% pBC (Figure 5.10f) was similar to the unworn cross-
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section (Figure 4.5c), the pores under the ends of the wear track were deformed, resem-

bling the porous structure under the 10% PVA-0.25% pBC wear track (Figure 5.10e).  In 

hydrogels with deformed pores, the direction of pore deformation did not appear to have 

a preferred orientation and varied through the hydrogel structure. 

 

5.4  DISCUSSION 

In previous studies that have quantified wear of hydrogels using wear depth, the 

effects of material loss and creep deformation were not distinguished from one another 

[188, 201, 204].  In hydrogels of higher polymer concentrations, smaller wear volumes 

and depths could be due to lower degrees of creep deformation.  With higher moduli, 

these hydrogels may not be as susceptible to damage.  Lower strains in stiffer hydrogels 

could also lead to decreased contact area, decreasing the surface area that would be sus-

ceptible to wear damage.  However, there is no simple method to separate the effects of 

material loss due to generation of wear debris from those of creep deformation in wear 

volume in hydrogels, and further studies to decouple the two would be required. 

Reversible creep was allowed to recover over a period of two days in PVA/PVP 

hydrogels prior to characterizing wear after tribological studies by Katta et al. [124].  In 

an attempt to determine wear through mass loss after crossing-paths wear testing, the 

PVA and PVA-NC hydrogels were placed in fresh ACS lubricant for two days of recov-

ery.  However, mass loss of the hydrogels determined before, during and after crossing-

paths wear testing was inconsistent across the samples.  This could have been due to fluid 

loss under the load from clamping of the hydrogel in the sample holder.  Therefore, mass 

loss from the hydrogels was an ineffective method of characterizing wear in this experi-

mental setup.  The hydrogels were equilibrated for an additional two days in PBS to re-

move lubricant components prior to 3D US imaging in PBS since the composition of the 

fluid medium can affect speed of sound and thus distance measurements [243].  Since 

any reversible creep should be recovered after two days according to Katta et al., the 

amount of recovery for the additional two days would be negligible. 
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Decreases in volume (Figure 5.4a) and depth (Figure 5.5a) of the wear track with 

the increase in PVA concentration are likely dependent on deformation from loading, 

since hydrogel stiffness increased with PVA concentration as found in Chapter 4.  Free-

man et al. also found an increase in wear depth with increased water content in recipro-

cating tests of pHEMA hydrogels against stainless steel [188].  The relationship between 

wear volume and modulus of PVA and PVA-NC hydrogels from the present study is 

shown in Figure 5.11.  While the applied load of 5 N would have resulted in different 

strains in the various hydrogels depending on their stiffness, the secant modulus at 0.25 

strain was chosen as a value for comparison since strains would be close to or below 0.25 

stain at 5 N, and the stress-strain curves of the hydrogels were relatively linear in this 

range. 

 
Figure 5.11:  Wear volume versus secant modulus (1%/s strain rate) for unfilled PVA 
hydrogels and 10% PVA-NC hydrogels in PBS.  Wear volume decreased with increased 
PVA concentration as 10% PVA-based hydrogels had significantly greater wear volumes 
compared to 15% and 20% PVA hydrogels. 

 

Wear volume after crossing-paths wear appeared to be dependent on PVA con-

centration rather than modulus.  Since the volume of the wear track is a combination of 
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permanent deformation due to creep and material loss from crossing-paths wear, the 

stiffer 15% and 20% PVA hydrogels experienced less creep and were likely more resis-

tant to wear than the 10% PVA-based hydrogels.  However, the amount of wear may de-

pend on both contact area and contact stress, which are functions of hydrogel stiffness.  

While stiffer hydrogels experience less deformation, and therefore would have a smaller 

contact area with the counter surface, the contact stress would also be higher.  A higher 

contact stress could reduce the thickness of the lubrication layer, bringing the surfaces to 

closer proximity and increasing the likelihood of wear to occur in the area of contact [25, 

184, 189].  Furthermore, even though the strain after creep testing increased in the 10% 

PVA-based hydrogels with nanofiller addition, they had similar values for the wear track 

depth and volume to those of the unfilled 10% PVA.  This may be due to recovery of re-

versible deformation after removal of the load by the hydrogels, particularly ones con-

taining Laponite and pBC.  The presence of charges in these hydrogels may have pro-

vided osmotic potential for fluid to flow back into the structure, and allowed volume re-

covery after load-induced fluid exudation.  This is similar to the mechanism by which 

negatively charged proteoglycans in the structure aid in the recovery of disc height after 

load removal in natural IVDs [37]. 

There were large variations in the volume (Figure 5.4) and depth (Figure 5.5) of 

the wear track between PVA and PVA-NC hydrogel samples of the same composition.  

This was likely due to variability in sample flatness, of which some irregularity in surface 

geometry was observed in the image planes adjacent to the wear track (Figure 5.12).  The 

area and height measurements, however, were performed with the assumption that sam-

ples were completely flat prior to testing.  This was more apparent in the 10% PVA-based 

hydrogels than in 15% and 20% PVA hydrogels as sample flatness improved with in-

creases in PVA concentration.  Therefore, it would be beneficial to ensure all hydrogel 

samples were flat prior to testing.  Imaging the sample prior to testing in order to deter-

mine initial volume for comparison to sample volume after testing may also be a possible 

method of overcoming measurement variations. Reducing measurement error would help 
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determine if wear track volume and depth are consistent across samples, and elucidate the 

effects of nanofiller addition on the formation of the wear track. 

Despite the variation in wear volume and depth measured in this study, high fre-

quency 3D US was a fast and effective tool for imaging small deformations in PVA hy-

drogels after crossing-paths wear testing.  Since the US probe does not contact the hy-

drogel surface, deformation due to load during imaging is thus avoided.  The same 3D 

US system was used as a non-destructive method to measure the thickness of tissue layers 

in aortic valve cusps [214].  PVA hydrogels have been used as tissue-mimicking phan-

toms in US imaging [216-219], and as such, the technique was well suited for imaging 

the wear samples in this study.  Furthermore, since it was the edge between the hydrogel 

and PBS that was segmented and used in determining the area of the wear track indent in 

each B-mode plane, the measurement is independent of the speed of sound through hy-

drogels of different compositions [216, 217].  Speed propagation error and the effect of 

attenuation with high frequency US through the thickness of the hydrogels could there-

fore be avoided [243].  This technique could be used as long as there is a difference in 

impedance between the fluid and the material being imaged to result in the reflection of 

sound. 

Table 5.1 summarizes the measurement of wear depth and volume in hydrogels 

from literature and the current study. 

  
Figure 5.12:  Examples of deviations from flatness at the surface of hydrogels in B-mode 
3D US planes away from the wear track: 10% PVA showing a slightly irregular surface 
(a), 0.75% Laponite in 10% PVA with convexity at the surface (b), and 0.4% pBC in 
10% PVA with concavity at the surface (c). 
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While depth was used in characterizing wear of hydrogels in the literature, it is 

representative of only one dimension of wear.  Wear volume would be more useful since 

it takes into account the three-dimensional form of the wear track.  Wear factor could also 

be easily calculated for comparisons to other studies that use different loads and test 

lengths.  By using high frequency 3D US as a wear measurement technique for hy-

drogels, both wear depth and volume values could be generated from the images. 

Oka et al. used UV-Vis spectrophotometry to determine PVA hydrogel wear from 

the saline lubricant containing wear particles after staining with potassium iodide indica-

tor [18].  The wear factors determined using spectrophotometry would be considerably 

less than using the 3D US technique, as only wear particle volume and not deformation, 

was taken into account.  This study also used a hydrogel pin and a ceramic plate in the 

pin-on-plate wear test, so that the hydrogel pin was in constant contact against the ce-

ramic plate, in contrast to the periodic contact of a point along the wear track of a hy-

drogel disc with a rigid pin.  Since ACS lubricant was used in the current study, spectro-

scopic determination of wear may require consideration of the presence of proteins.  This 

method may be adapted to determine the relative effects of creep and wear on formation 

of the wear track in the hydrogels, which remains to be discerned, in order to appropri-

ately determine wear rate and wear factor in PVA hydrogels when comparing to other 

materials used in TDR and other joint replacement devices.  In an attempt to isolate mate-

rial loss from deformation, Katta et al. [124] measured wear of PVA/PVP hydrogels by 

drying the samples before and after testing.  The hydrogels were vacuum dried after fab-

rication to determine initial mass, rehydrated for testing, then dehydrated again to deter-

mine the final mass.  Thus, wear determined from this study was of the dry polymer 

mass.  However, the wear particles presented for host response in vivo environment 

would be from the hydrated hydrogel, and should be correlated to the dry wear mass if 

this method were to be used for wear determination in hydrogels.  Although not likely to 

impact the measurement of mass loss due to wear, the authors did not specify whether the 

hydrogels were able to fully rehydrate after initial dessication prior to wear testing, since 

this step may alter hydrogel properties from its as-made state. 
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Displacement of the counter surface pin during reciprocating wear testing of 

pHEMA hydrogels was used to characterize wear depth by Freeman et al. [188].  How-

ever, in addition to permanent deformation and material loss, the depth may be overstated 

due to compression of the hydrogels by the axially loaded pin.  Indeed, the average pin 

displacement of approximately 0.25 mm under a 6 N axial load in pHEMA hydrogels 

was higher than the wear depths in unfilled PVA and PVA-NC hydrogles from the cur-

rent study, even though water content was much lower at 25–35%.  However, since the 

test duration was only 30 minutes, hydrogels were not allowed to recover after testing, 

and no information was provided on stiffness of the pHEMA hydrogels, it would be diffi-

cult to compare the degree of wear as a result of wear testing in the two studies. 

Wear volume was determined from mass loss by using a PVA hydrogel density of 

1.004×10–3 g/mm3 in Suciu et al. [244], in which the authors stated that hydrogel density 

was found to be independent of hydrogel water content and degree of polymerization. 

Wear of hydrogels was characterized by mass loss in studies by Bavaresco et al. [186] 

and Wu et al. [181, 199].  However, similar to wear determination by wear depth and 

volume, determination of wear through mass loss in hydrogels could also be problematic.  

The difference in mass before and after testing could be due to a combination of wear, 

exudation of fluid due to load, and adsorption and absorption of lubricant components 

such as salts and proteins.  The contribution from each process would be difficult to sepa-

rate.  The hydrogels in Suciu et al. were allowed to recover for 24 hours for every hour of 

testing to minimize load-induced fluid loss that could have led to reduction of mass loss 

and deformation compared to continuous testing.  Wear factors calculated from the vol-

umes of the wear tracks for 10% PVA and PVA-NC hydrogels were approximately 3–

4.5×10–4 mm3/Nm, and approximately 3–5×10–5 mm3/Nm for 15% and 20% PVA.  Com-

parable to the results of the current study, Suciu et al. found that wear factors were on the 

order of 10–5–10–4 mm3/Nm in F-T 23% PVA hydrogels with a PVA molecular weight of 

198 000 g/mol after 105–106 anterior-posterior displacement cycles against stainless steel 

[205].  In comparison, wear factors found by mass loss after crossing-paths wear testing 
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of UHMWPE pins against stainless steel were in the range of 10–7 to 10–6 mm3/Nm [208, 

245]. 

Yasuda et al. used confocal laser scanning microscopy as a non-contacting 

method of measuring wear depth in polyacrylamide and cellulose based double network 

hydrogels.  A line scan of the wear scar profile was obtained at a cross-section near the 

centre of the wear scar, which was used to determine depth of wear and surface rough-

ness [30].  However, this only characterized a small portion of the wear scar.  We at-

tempted to characterize the wear track volume after crossing-paths wear testing using 

CLSM under both phase contrast and fluorescence.  A fluorescent label, 5-DTAF, was 

tagged to the worn hydrogel sample after equilibrating in 0.15 M sodium bicarbonate so-

lution [31-33].  However, the solution caused hydrogel shrinkage due to osmotic pres-

sure, similar to aging in PBS.  Image stitching and stacking was required in order to cover 

both the lateral dimensions and the depth of wear.  Since the lowest magnification objec-

tive for the microscope was 5×, at least one hour was needed to acquire multiple image 

stacks in the area of interest.  Thus, there were concerns of the hydrogel drying during 

data acquisition since they cannot be immersed during imaging with CLSM.  This issue 

was avoided with 3D US since imaging must be performed with the hydrogels in solu-

tion.  The depths measured using CLSM by Yasuda et al. were one order of magnitude 

lower than those in the PVA and PVA-NC hydrogels, despite having similar water con-

tents.  The double network hydrogels have either higher wear resistance, or greater rates 

and degrees of creep recovery than the PVA and PVA-NC hydrogels. 

Our measurements of wear depths in the PVA and PVA-NC hydrogels were 

slightly higher than the wear depths of 0.01–0.12 mm found by Zhang et al. in HAp-filled 

15% PVA against bovine cartilage at a contact stress of 0.58 MPa after one hour [204].  

By increasing the number of FTCs and the amount of HAp in the hydrogels, modulus in-

creased while wear depth, which included both material loss and viscoelastic deforma-

tion, decreased.  Cartilage is a more compliant surface compared to the sapphire counter 

surface used in the current study, which may have reduced deformation in the hydrogels.  

Similarly, after only one hour of testing, there was less time for creep to take place.  
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However, the initial contact stresses on the PVA and PVA-NC hydrogels were lower, es-

timated using Hertzian theory [25, 197, 238] to be between 0.09 MPa for unfilled and 

Laponite-filled 10% PVA, and 0.18 MPa for 20% PVA.  Zhang et al. did not appear to 

have allowed viscoelastic deformation to recover prior to measuring wear depth, so the 

measured depth likely included reversible deformation. 

Northwood and workers characterized the degree of wear resistance using surface 

roughness in methacrylate-based hydrogels [185, 195].  In unidirectional reciprocating 

tests, the hydrogel with the highest water content had the lowest increase in surface 

roughness [195].  In contrast, the hydrogel with the lowest water content possessed the 

lowest increase in surface roughness after crossing-paths wear testing [185].  In the pre-

sent study on PVA and PVA-NC hydrogels, wear volume and depth were lowest in 20% 

PVA, which had the lowest water content of the hydrogels tested.  However, neither the 

volume nor depth of the wear track was reported by Northwood and Fisher [185], which 

was the only study on multidirectional wear testing of hydrogels in the literature.  While 

surface roughness could be used to characterize the wear track surface, it is not sufficient 

to quantify the degree of wear.  In addition, surface profilometry was used to measure 

surface roughness, which makes use of a contacting stylus to map the surface.  The au-

thors reported that the method produced repeatable measurements and no detectable sur-

face damage, and was fast enough to prevent sample dehydration [195].  However, this 

may not be an appropriate method for a compliant hydrogel since the stylus may com-

press or tear the hydrogel during surface scanning.  As a non-contacting and non-

destructive imaging method that is performed in fluid, there is no risk of sample damage 

or dehydration with 3D US, regardless of material composition and strength.  As such, 

3D US could also be used to measure wear volume and depth at various points during 

testing to determine wear rate with respect to number of wear cycles, as well as rate of 

recovery with respect to time. 

Wear rates in simulator tested TDRs were lower than in PVA hydrogels despite 

higher applied loads in simulator testing.  The volumetric wear rate of the stainless steel 

in Prestige ST, after simulator testing of 10 million cycles (Mc) of flexion-extension at 
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150 N and 5 Mc of combined lateral bending and axial rotation at 50 N, was 0.18 

mm3/Mc [91].  In Prodisc-C, the wear rate of UHMWPE was 0.88 mg/Mc, however, the 

load was not specified [86].  The wear of polyurethane (PU) in the Bryan disc depended 

on the testing protocol.  After 10 Mc of combined flexion-extension and axial rotation at 

130 N, the volumetric wear rate was found to be 0.96 mm3/Mc [93], but it was 0.57 

mm3/Mc after 10 Mc of flexion-extension was followed by 10 Mc of axial rotation at 150 

N [91].  Since flexion-extension and axial rotation were performed separately in the latter 

study, the wear patterns would be largely unidirectional.  This could be the reason for 

higher wear rates when the two motions were combined in the former study.  Meanwhile, 

the Bryan disc was predicted to have a decrease in height of 0.023 mm after 1 Mc at 150 

N of non-combined motion in a simulator [91], but it was not clear if this would be due to 

wear only, or to what degree creep would contribute to deformation of the PU core.  In 

contrast, 20% PVA had the lowest wear depth of 0.062 ± 0.006 mm in the current study, 

despite a much lower applied load and number of wear cycles than used in the testing of 

the Bryan disc.  Further increases in polymer concentration could be one of the options in 

lowering the degree of deformation to preserve disc height, which would be desirable for 

the application of PVA hydrogels in IVD replacement. 

Wear factor tended to decrease with increasing PVA concentration and molecular 

weight [18, 205], which are parameters that could be used to minimize wear.  While the 

current results also indicated that low wear volume and depth could be achieved with a 

high PVA concentration hydrogel, the implications of nanofiller addition are unclear.  

Since nanofillers could be used to impart mechanical properties desirable in an IVD de-

vice such as modulus enhancement, strain rate dependence and creep recovery, their im-

pact on wear should be further investigated.  In future studies, improvements to the use of 

3D US in wear measurements and development of a reliable method of measuring mate-

rial loss would enable the determination of how PVA concentration and nanofiller addi-

tion could minimize both deformation and generation of wear debris in the hydrogels, 

which are desirable in an articulating TDR design. 
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In the SEM images in Figure 5.7, variation of the unworn areas of hydrogel sur-

faces with composition could be due to interaction of the polymer solution with the alu-

minum substrate.  Others have found that the substrate on which a hydrogel is formed 

influenced the structure at the hydrogel surface.  Hydrophobic substrates resulted in 

lower crosslinking densities and dangling linear chains that have less shear resistance, 

which resulted in lower frictional stress [139] and reduced wear factor up to 50 000 simu-

lator walking cycles [244].  Increased hydrophilicity of polymer solutions containing 

nanofillers could have caused increased crosslinking against the hydrophilic oxide pas-

sivation layer on the aluminum substrate, resulting in smoother surfaces to reduce wear 

resistance. 

In Figure 5.8 and Figure 5.9, the ends of reciprocating wear track surfaces had 

higher degrees of damage.  During direction changes, lower speeds of the counter surface 

increase the time for polymer chain adsorptions [139] and deformation of the hydrogel to 

occur [199].  Gong and Osada also hypothesized that friction due to adhesion predomi-

nates at slower speeds [139, 246].  Increased adhesion and decreased separation between 

the surfaces may have resulted in increased adhesive and abrasive wear damage.  In con-

trast, as maximum speed during reciprocating motion occurs the middle of the wear track, 

an increase in lubricant layer thickness would increase separation between the surfaces 

and reduce surface damage. 

The surface of 10% PVA appeared to have fatigue cracking and wear (Figure 

5.8a, b).  Oka et al. had also found fatigue wear to be the main mode of wear in recipro-

cating wear tests of PVA hydrogels under “severe” conditions, but the parameters of the 

test were not specified [247].  In contrast, the wear mechanisms of hydrogels of higher 

PVA concentrations and those containing nanofillers were mainly abrasive or adhesive 

wear.  The higher modulus of 20% PVA would have produced lower conformity and 

higher contact stresses with the counter surface, which may have decreased the lubrica-

tion film thickness [25, 189].  This would bring the two surfaces into closer proximity for 

contact with asperities [139], resulting in the abrasions shown in Figure 5.8c.  Higher 

contact pressures also resulted in increased abrasive wear in unfilled PVA hydrogels 
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tested against stainless steel in Wu et al. [181].  In addition, increased solid content and 

material modulus, and decreased porosity all likely contributed to increased wear resis-

tance at higher polymer concentrations.  Hydrogels with smaller pore sizes had smoother 

wear surfaces, possibly due to a lower surface roughness after the underlying porous 

structures were exposed [202].  Large pores in PVA-NC hydrogels exposed by wear 

likely contributed to surface damage because of increased surface roughness, and wear 

would have been perpetuated by the relatively low modulus of the material.  Zhang et al. 

found that as pore size decreased with addition of nano-HAp, pores were not as easily 

damaged [204], although it would be unclear if this were due to smaller pores or in-

creased material strength. 

In BC and pBC-filled hydrogels (Figure 5.9c–h), addition of nanofibrous fillers 

may have influenced wear.  Surface features, likely from the distribution and random 

alignment of the nanofibres, were observed on the worn hydrogel surfaces, especially 

with higher filler content.  The material surrounding the nanofibres appeared to be de-

formed around the fillers, where the fibres may have strengthened the polymer and pre-

vented plastic deformation and wear.  Pull-out was more prominent in BC-filled hy-

drogels compared to those with pBC, possibly due to electrostatic repulsion leading to 

more discretely dispersed pBC fibres.  Any filler pull-out in Laponite-filled hydrogels 

would not be observed at the magnification used to image wear surfaces due to their 

small size.  In studies of pin-on-plate unidirectional wear in PVA-HAp hydrogels against 

stainless steel by Wu and workers, the addition of HAp through mixing resulted in 

scratches in the direction of motion, as well as evidence of particle pull-out, which was 

not apparent in hydrogels containing in situ-formed HAp [181, 203].  Mixed HAp were 

approximately 500 nm in length and 70 nm in width, while the largest dimension of in 

situ HAp was less than 50 nm.  The HAp particles would be much stiffer and of a lower 

aspect ratio than BC and pBC nanofibres, which could have resulted in detachment from 

the PVA hydrogel matrix rather than deformation as seen in the BC- and pBC-filled hy-

drogels.  In addition to surface damage from filler pull-out, detachment of stiffer nano-

fillers could lead to third-body wear. 
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Although hydrogel samples were soaked in PBS solution after testing, additional 

rinsing should be done in future studies to remove wear debris observed on unworn sur-

face sections of the hydrogels.  Figure 5.7 shows that wear debris generated from PVA 

and PVA-NC hydrogels could adsorb onto the surface.  This could in turn affect wear by 

acting as third-body wear particles, or by modifying contact and adhesion of the counter 

surface with the hydrogel surface. 

In wear testing of UHMWPE against a Si3N4 ceramic ball [209], SEM of the 

polymer surface showed that the main mechanism in linear reciprocating wear was abra-

sion in the direction of motion.  However, in crossing-paths configurations, there was 

evidence of adhesive wear from fibrous piling, shredding and cavities.  Ripples caused by 

plastic deformation, cracking and pitting due to fatigue also contributed to increased loss 

of material in crossing-paths wear of UHMWPE.  In unidirectional sliding, polymer 

chains of UHMWPE align in the direction of sliding, but during crossing-paths motion, 

wear increases due to intermolecular rupture in the direction perpendicular to chain 

alignment [207-209].  Pin-on-plate unidirectional sliding between UHMWPE pins and 

stainless steel also revealed abrasive and adhesive wear mechanism, in addition to plastic 

deformation [248].  In simulator testing of active® L [206], a lumbar TDR with 

UHMWPE articulating against CoCrMo endplates, the mechanisms of wear were abra-

sive and adhesive wear, plastic deformation and creep.  There was no evidence of pitting, 

delamination, crack formation or fatigue wear after 17 million cycles. 

PVA hydrogels had similar types of wear after crossing-paths wear testing as 

UHMWPE – abrasive and adhesive wear, plastic deformation and fatigue.  However, un-

like the hydrophobic solid polymeric material of UHMWPE, the PVA and PVA-NC hy-

drogels tested consist of large proportions of water within porous polymer networks.  

Thus, the evolution of wear of these surfaces against a counter surface would differ.  Oka 

et al. found that PVA hydrogels were able to maintain fluid film pressure and separation 

against glass, in contrast to UHMWPE which saw fluid pressure drop rapidly after load-

ing and resulted in a narrow fluid gap [18].  This may have reduced contact with counter 

surface asperities in the hydrogels, and as such, the effect of rotation was not apparent in 
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SEM images of the surfaces.  Depending on load, sliding velocity and lubrication, 

UHMWPE may experience a rise in surface temperature during sliding that could nega-

tively affect mechanical properties, creep and wear of the polymer [249, 250].  Since 

PVA hydrogels are composed of large amounts of water that could absorb heat, it may be 

possible to mitigate surface temperature elevations, and heat-induced wear would be 

avoided.  However, all of the hydrogels suffered from wear damage that exposed the po-

rous structure on the surface.  Since these hydrogels have relatively low stiffness and 

strength, which would increase the likelihood and amount of wear, further investigation 

into the amount and type of wear from PVA hydrogels in an articulating TDR design is 

required when considering the generation of wear debris in vivo, as well as the longevity 

of the implant with respect to wear, creep and fatigue. 

In SEMs of hydrogel cross-sections (Figure 5.10), at least some of the porous 

structure was maintained under the wear track, possibly due to pressurization of fluid in-

side the pores.  No breakage of the material surround pores was found, and damage to the 

porous structure was probably limited to permanent deformation of pores.  Since 20% 

PVA had a small wear track volume, its structure was maintained as expected.  Pores in 

the PVA-NC hydrogels were not as easily deformed.  In the case of Laponite and pBC-

reinforced hydrogels, pores were deformed, but most did not collapse.  The addition of 

charges through nanofillers to PVA hydrogels may aid in preserving the porous structure 

and recovery of deformation as a result of osmotic pressure.  This should warrant further 

study to design a hydrogel that could provide strain rate dependence and shock absorp-

tion in response to load, as well as rapid recovery upon the removal of load.  However, 

without mechanical testing of the hydrogels after wear testing, any effects of fatigue load-

ing from reciprocating wear on moduli and strength could not be determined.  Joshi et al. 

[58] performed compressive fatigue loading to 15% strain on PVA/PVP hydrogels (16% 

polymer) up to one million cycles.  Unconfined compression testing after fatigue loading 

showed that while stress-strain curves were flattened up to 15% strain, fatigue loading did 

not affect the curves at higher strains and there were no significant differences in moduli.  

The authors concluded that the hydrogel structure did not change during fatigue loading.  
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However, there have not been any investigations to date on changes in hydrogel structure 

after wear testing or fatigue loading to our knowledge. 

The loss of porosity in a hydrogel structure may affect stiffness, fluid flow and 

viscoelastic properties.  A decrease in porosity could decrease permeability of a hydrogel 

to fluid flow, akin to increasing polymer concentration in hydrogels [137, 177].  As 

shown in Chapter 4, increasing PVA concentration in unfilled PVA hydrogels resulted in 

decreased non-linearity of the stress-strain curve and lower dependence of modulus on 

strain.  Since structural changes after 0.5 Mc of reciprocating crossing-paths wear ap-

peared to involve a densification and no breakage or tearing of the PVA-based hydrogel 

porous structure, the mechanical properties of the bulk hydrogel may not have deterio-

rated.  However, the number of wear cycles used in this study was small, and therefore, 

fatigue of the hydrogels should be characterized when testing is extended to higher num-

ber of cycles to represent the in vivo lifetime of the implant. 

 

5.5  CONCLUDING REMARKS 

There is an acute lack of multidirectional wear studies on hydrogel materials in 

the literature, which is relevant to the development of hydrogels for IVD replacements, as 

well as for applications in cartilage and joint replacements.  Crossing-paths wear testing 

incorporating linear reciprocation and pin rotation was performed on PVA and PVA-NC 

hydrogels to investigate their potential use in articulating TDR designs and the effect of 

composition on wear.  High frequency 3D US, a non-destructive technique, was applied 

to determine wear track volume and depth of the hydrogels while immersed in fluid.  

Since 3D US imaging does not involve contact with the compliant hydrogels, deforma-

tion due to load during contact is eliminated during wear measurement. This method 

could be applied to quantify wear in hydrogels and other viscoelastic materials that are 

difficult measure using conventional techniques. 
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Wear volume and depth were successfully decreased with increases in PVA con-

centration, but did not change with the addition of nanofillers.  Increases in PVA concen-

tration and the addition of nanofillers appeared to eliminate fatigue damage on the hy-

drogel surfaces as well.  Wear damage was more severe at the ends of the wear track than 

in the middle portion.  After crossing-paths wear, increases in PVA concentration and the 

addition nanofillers prevented deformation and collapse of the porous structure under the 

wear tracks.  Further studies to separate wear volume from creep deformation is required 

to determine resistance to wear and establish if PVA-based hydrogels are suitable in TDR 

designs that incorporate articulation. 
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Chapter 6 
DESIGN OF A MULTI-COMPONENT 
PVA HYDROGEL-BASED 
CERVICAL IVD PROSTHESIS  

 

 

A multi-component PVA hydrogel-based IVD device was proposed in Chapter 4 

to improve stiffness, strain rate dependence and control fluid flow in order to achieve 

compressive properties of the natural cervical IVD.  A PVA hydrogel prototype com-

posed of different polymer concentrations for the annulus and nucleus was fabricated us-

ing a modular process, allowing for unique hydrogel compositions for each component in 

the cervical IVD prototype.  The endplates, though not pursued in this study, may be later 

added to the construct.  PVA concentrations of 20% and 10% were chosen for the annu-

lus and nucleus, respectively, for the two-component hydrogel produced via freeze-thaw 

cycling.  Unconfined compression, strain rate dependence, stress relaxation and creep of 

the prototype were investigated in the two-component hydrogel construct, and compared 

to the compression properties of single component PVA hydrogels studied in Chapter 4. 

 

6.1  IVD PROTOTYPE COMPOSITION 

The PVA hydrogel-based IVD device proposed in Chapter 4 suggested that the 

nucleus component should have a high degree of swelling, while the annulus should have 

a lower permeability to limit fluid flow, similar to the analogous components in the natu-

ral IVD.  The annulus should also possess a high stiffness to resist tensile loads due to 
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Figure 6.1:  Photograph of the two-component PVA hydrogel prototype with concentric 
20% PVA annulus and 10% PVA nucleus components.  The dotted circle delineates the 
interface between the two components. 

 

pressurization of the nucleus.  As such, the nucleus component could be composed of a 

lower PVA concentration hydrogel than the annulus. 

A combination of a 20% PVA annulus and a 10% PVA nucleus was chosen for 

the prototype to correspond with the unfilled PVA hydrogels discussed in Chapter 4.  At 

0.25 strain, 20% and 10% PVA hydrogels had tangent moduli of 0.85 ± 0.01 MPa and 

0.36 ± 0.02 MPa, and secant moduli of 0.523 ± 0.006 MPa and 0.19 ± 0.02 MPa, respec-

tively.  The 20% PVA solution for the annulus component was gelled with one FTC be-

fore adding the 10% PVA solution for the nucleus, and the two components had a strong 

interface after six additional FTCs.  The mould for the hydrogel IVD prototype has an 

annulus diameter of 20 mm, a nucleus diameter of 8 mm, and a height of 7 mm.   These 

dimensions were chosen based on cervical IVD width and depth of 16.0–23.5 mm and 

12.0–18.0 mm, respectively [38], a NP volume of 15% of the total disc [251, 252], and a 

disc height of 4.5–7 mm [37, 38].  A circular, rather than elliptical [36], cross-section was 

chosen for the prototype since it was a simpler geometry for both mould fabrication and 

measurement of cross-sectional area for mechanical testing.  The circular profile was also 
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successfully implemented in the Bryan disc.  Since PVA hydrogels tended to shrink after 

F-T cycling, the average diameter of the annulus and nucleus in the hydrogel construct 

became 19.25 ± 0.05 mm and 7.4 ± 0.2 mm, respectively, for the three samples fabri-

cated, as shown in Figure 6.1. 

 

6.2  UNCONFINED COMPRESSION 

The 20%/10% PVA hydrogel construct was tested at six strain rates from 

0.001%/s to 100%/s (Figure 6.2), corresponding approximately with the strain rates used 

in Cassidy et al. to test canine IVDs [55].  Load was reported in addition to stress because 

of the inhomogeneous cross-section.  The concave up J-shape was retained in the stress-

strain curves for the prototype, which also displayed a small toe region up to 0.02 strain 

as shown in the curves for one of the prototype samples in Figure 6.2a.  While the 5-

parameter exponential growth model used to fit stress-strain curves of single component 

hydrogels generally provided a good fit for the two-component hydrogel, it was not able 

to fit the toe region of the two-component hydrogel (Figure 6.2b). 

The average fitted load and stress-strain curves for three trials of the 20%/10% 

PVA hydrogel prototype are shown in Figure 6.3.  They were found to be repeatable and 

the standard deviations in load for each of the six strain rates were small. 

 

6.2.1  Strain Rate Dependence 

The degree of strain rate dependence of the two-component hydrogel was charac-

terized by determining significant difference between load at 0.25 strain at the tested 

strain rates, and the slope of the linear fit between load and logarithm of strain rate.  

There were no statistical differences in load at 0.25 strain between 0.001, 0.01 and 

0.1%/s, and between 1, 10 and 100%/s, similar to 10% PVA (Table 6.1).  In contrast, 
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Figure 6.2:  Data from unconfined compression of the 20%/10% PVA two-component 
hydrogel (Sample 1) at strain rates between 0.001%/s and 100%/s (a), and the data from 
0.001%/s fitted with the 5-parameter exponential growth model (b).  The model was not 
able to fit the toe region between 0 to 0.02 strain. 
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Figure 6.3:  Average loading curves from unconfined compression of the 20%/10% PVA 
two-component hydrogel, tested at strain rates from 0.001%/s to 100%/s. 
 

load at 0.25 strain using a strain rate of 1%/s was statistically different from 10 and 

100%/s in 20% PVA.  However, there was a larger spread in the data for the hydrogel 

prototype than for 20% PVA, and a sample size of three was used, rather than five in the 

single component hydrogels. 

Table 6.1: Statistical differences in load at 0.25 strain found between strain rates for the 
two-component and single component PVA hydrogels (p < 0.05). 
Specimen Significant difference in load at 0.25 strain 

between strain rate [%/s] pairs 
20%/10% PVA prototype 0.001/1, 0.001/10, 0.001/100, 0.01/10, 0.01/100, 0.1/100 
10% PVA None 
15% PVA 1/100, 10/100 
20% PVA 1/10, 1/100 

 

A linear relationship between change in load and the logarithm of strain rate was 

also found for the two-component hydrogel, as shown in Figure 6.4.  Since load is pro-

portional to stress by the cross-sectional area of the sample, fitting to either load or stress 

would yield the same slope. 
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Figure 6.4:  Linear relationship between change in load at 0.25 strain from 1%/s and 
logarithm of strain rate for the 20%/10% PVA two-component hydrogel prototype. 
 

The slopes of the linear fits at 0.25 strain for the prototype, 10%, 15% and 20% 

PVA hydrogels, and canine IVD are tabulated in Table 6.2.  The slope of the two-

component hydrogel was between those of 10% and 20% PVA, but was closer to that of 

10% PVA than 20% PVA.  However, strain rate dependence, evaluated at 0.25 strain, 

remains lower than the canine IVDs tested by Cassidy et al. [55]. 

Table 6.2: Slopes from linear fits of percent change in load from 1%/s at 0.25 strain to 
logarithm of strain rate of two-component and single component PVA hydrogels, and ca-
nine IVD.  (R2 values of the fits are shown in parentheses.) 

Specimen Slope at 0.25 strain 
20%/10% PVA prototype 3.677 (0.9905) 
10% PVA 3.835 (0.9680) 
15% PVA 2.971 (0.9777) 
20% PVA 2.441 (0.8581) 
Canine IVD [55] 17.5 (0.9562) 
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6.3  STRESS RELAXATION AND CREEP 

Stress relaxation of the two-component hydrogel prototype at 0.25 strain was less 

than that of 10% and 20% PVA hydrogels, even though it was expected to fall between 

the two single component hydrogels (Figure 6.5).  The hydrogel construct appeared to be 

approaching a higher equilibrium stress, and thus a smaller degree of relaxation. While 

canine IVDs relaxed to less than 10% of the initial stress after 30 minutes [55], the hy-

drogel prototype retained more than 80% of its initial stress after 1 hour. 

 
Figure 6.5:  Stress relaxation at 0.25 strain of the 20%/10% PVA two-component hy-
drogel prototype after 1 h was decreased compared to 10% and 20% PVA. 
 

In creep, strain increased rapidly at the beginning of the test in the two-component 

hydrogel (Figure 6.6).  None of the models used to fit the creep data from single compo-

nent hydrogels were able to fit this feature in the initial part of the creep curve (Figure 

6.6a). While the four parameter viscoelastic models (Equations 3.9 and 3.11) and double 

exponential rise-to-max (Equation 3.13) model all provided better fits than the three-

parameter-solid model (Equation 3.7), the double exponential model yielded the closest 

fit for strain near t=0. 
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Figure 6.6:  The four-parameter viscoelastic models and the double exponential model 
provided better fits than the three-parameter-solid viscoelastic model for Sample 1 of the 
20%/10% PVA two-component hydrogel prototype (a).  The average creep curves for the 
two-component hydrogel prototype under an axial load of 40 N, and for 20% and 10% 
PVA under an applied stress of 0.05 MPa (b). 
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Compared to 10% and 20% PVA, the creep curve of the hydrogel prototype was 

flatter and had a sharper increase in strain near t=0 (Figure 6.6b).  The average increase in 

strain was 8.9 ± 0.5% after one hour of creep for the hydrogel prototype, whereas it was 

22.9 ± 0.4% and 15.6 ± 0.4% for 10% and 20% PVA, respectively.  The decrease in 

creep was in spite of a higher applied stress in the two-component hydrogel, approxi-

mately 0.14 MPa, versus 0.05 MPa for 10% and 20% PVA. 

 

6.4  DISCUSSION 

6.4.1  Prototype Design and Performance 

In choosing PVA hydrogel concentrations for the nucleus, it was important for the 

nucleus component to have a high degree of swelling, as well as the ability to form a 

strong interface with the annulus component in the final hydrogel construct.  Results from 

Wang and Campbell suggested that a 3 FTC-3% PVA hydrogel would be a suitable 

match in stiffness for the nucleus pulposus [23], which also has a high degree of hydra-

tion.  However, in our attempts to prepare a two-component hydrogel structure, 3% PVA 

easily separated from a higher PVA concentration annulus component after F-T cycling.  

Since PVA hydrogels of very low polymer concentrations would consist mostly of water, 

the number of hydrogen bonds that could be formed at the interface between PVA mole-

cules in opposing components would be low.  Also, they would experience a higher de-

gree of shrinkage during F-T cycling.  Hence, 3% PVA was not able to form a strong in-

terface with the annulus.  Furthermore, unconfined compression of PVA hydrogels in 

Wang was performed between solid platens at a constant strain rate [23], while the values 

of NP modulus, between 2 and 8 kPa, they used for comparison were obtained from equi-

librium unconfined compression between porous platens, in which stress relaxation was 

allowed to occur between strain increments [73].  Equilibrium modulus would thus be 

lower and would not be appropriate for direct comparison.  Meanwhile, Stokes et al. cal-

culated the isotropic solid modulus of NP to be much higher at 140 kPa [72].  A stiffer 
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hydrogel would therefore be required for the nucleus component than suggested by 

Wang.  Since no match in stiffness for the annulus fibrosus could be found for PVA con-

centrations up to 40% PVA [23], using a stiffer hydrogel than the natural NP for the nu-

cleus would increase the proportion of load supported by this component, and the chal-

lenge of producing a stiffer annulus component may be circumvented. 

In our experiments, the PVA solutions were kept at approximately 60 °C prior to 

moulding to decrease viscosity for ease of handling.  While a small degree of melting at 

the surface of the 20% PVA hydrogel annulus during the addition of the nucleus polymer 

solution could be beneficial for the formation of a strong interface, it could affect the 

thickness of the interface.  The interface, in turn, would impact the mechanical properties 

of the hydrogel construct.  The effect of temperature of the nucleus polymer solution on 

the interface and hydrogel properties should be investigated, and solution temperature 

should be fixed to ensure consistency between specimens. 

At 0.25 strain, the load on the two-component hydrogel was 30–40 N, increasing 

with strain rate (Figure 6.3).  By using PVA dissolved in mixture of water and DMSO, 

Silva et al. [177] fabricated a lumbar IVD device approximately 30 mm in diameter by 

first producing a ring of 1 FTC-35% PVA then filling it with a 30% PVA solution, with 

no subsequent F-T cycling.  After swelling in water, the nucleus component absorbed a 

large amount of water and both components had an equilibrium swelling of more than 

80%, while the amount of free water available for exudation was above 60%.  During un-

confined compression between porous nylon endplates at a strain rate of 100%/min, the 

PVA lumbar IVD supported a load of approximately 200 N, equivalent to a stress of 0.3 

MPa, at 0.25 strain.  In the current study of the 20%/10% PVA two-component hydrogel, 

unconfined compression at the closest strain rate of 1%/s between solid platens yielded a 

stress of approximately 0.13 MPa at 0.25 strain.  Since cervical IVDs in humans can be 

loaded in compression to at least 155 N [50], and natural IVDs are compressed only to 

approximately 0.15 strain physiologically [58], this prototype did not achieve the stiff-

ness required for cervical IVD applications.  However, we were able to demonstrate the 

plausibility of producing a multi-component PVA hydrogel device by using water as the 
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solvent and F-T cycling, negating the need to remove an organic solvent after hydrogel 

formation as done in Silva. 

A toe region of up to 0.02 strain was demonstrated in the two-component hy-

drogel that was not present in the single component unfilled PVA hydrogels from Chap-

ter 4  (Figure 6.2).  The toe region in natural IVDs range from 0.05 to 0.1 strain [55, 57], 

and the PET-reinforced PMMA-pHEMA artificial IVD device fabricated by Gloria et al. 

had toe strain of 0.09 strain [178].  The toe region in the natural IVD is the result of col-

lagen uncrimping [55] and reorientation of the lamellae with strain as tensile stress is im-

posed on the AF [68].  In the pHEMA-based IVD, the toe region could be due to slack in 

the PET fibres [253], as well as the initial winding angle of the filaments, allowing reori-

entation similar to collagen in the AF during loading.  Although the origin of the small 

toe region in the PVA hydrogel construct is unclear since it did not contain aligned rein-

forcing fibres, it could be due to the presence of the 10% PVA nucleus within the 20% 

PVA annulus.  Future modelling studies should be performed to investigate the effect of 

confinement of the inner nucleus component on fluid pressurization and increase in 

modulus after the initial toe region in a multi-component structure. 

The value of using a multi-component hydrogel over single component hydrogels 

was assessed by comparing the stress-strain behaviour of the two-component hydrogel 

with single component 10% and 20% PVA hydrogels.  Since during axial compression, 

the annulus and nucleus components undergo the same strain in the hydrogel, unconfined 

compression curves based on the cross-sectional area and composition of the two-

component prototype at strain rates of 1, 10 and 100%/s were predicted using the Voigt 

composite model.  The total load on the construct, according to the model, would be the 

sum of the loads supported by the individual components, which are the product of stress, 

σ, and cross-sectional area, A, of each component, as shown in Equation 6.1. 

 F = σ annulusAannulus + σ nucleusAnucleus
(6.1)
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Since stress as a function of strain was non-linear in the hydrogels, the 5-

parameter exponential functions used to fit stress-strain data of 10% and 20% PVA were 

used for σnucleus and σannulus, respectively.  The loads predicted using this model and for a 

single component 20% PVA hydrogel of the same diameter as the hydrogel prototype 

were both lower than the experimental data for strain rates of 1, 10 and 100%/s (Figure 

6.7). 

The differences between the actual and predicted loading curves could be due to 

differences in lateral expansion of the hydrogels.  Confinement of the 10% PVA nucleus 

by the 20% PVA annulus could have limited lateral expansion and increased stiffness in 

the nucleus component.  Since the 10% PVA nucleus was not able to expand laterally to 

the same degree as the single component 10% PVA hydrogel in response to uniaxial 

compression, a larger force would have been required for the same degree of deforma-

tion.  The contribution of load support from the nucleus would therefore be higher than 

calculated in Equation 6.1. 

Fluid flow may also be a factor in the loading behaviour of the hydrogel proto-

type.  Since 20% PVA would have a lower permeability to fluid than 10% PVA [137, 

177], the rate of flow from the nucleus could be limited by the presence of the higher 

PVA concentration annulus.  This would lead to increased support of load through fluid 

pressurization in the nucleus during unconfined compression beyond what was predicted 

by the Voigt model.  It was interesting to find that for the corresponding strain rate, the 

hydrogel prototype was stiffer than what was predicted for 20% PVA despite containing 

the inclusion of the lower PVA concentration nucleus.  The additional load carried 

through fluid pressurization in the nucleus could have contributed to increased stiffness.  

Finite element modelling by Silva et al. of their two-component PVA hydrogel disc pro-

duced also accounted for fluid permeability and flow, and the prediction was in good 

agreement with their experimental results [177].  It was also possible that the loading 

curves of single component 20% PVA in Figure 6.7b could be under-predicted due to 
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Figure 6.7:  Experimental load-strain curves of the 20%/10% PVA two-component hy-
drogel prototype compared to predictions from the Voigt model (a), and 20% PVA of the 
same cross-sectional area as the two-component prototype (b).  The two-component hy-
drogel was capable of supporting higher loads than predicted in both instances. 
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fluid flow effects.  Since unconfined compression of single component hydrogels was 

performed on specimens of smaller cross-sectional area than the two-component struc-

ture, the surface area-to-volume ratio would be lower in the prototype, and could allow 

proportionally less water to flow out of the hydrogel at a given time.  Testing of the sin-

gle component 20% PVA with the same external dimensions as the two-component hy-

drogel could help determine whether fluid flow and modulus of the hydrogels are de-

pendent on cross-sectional area, or if modification of fluid flow by using a higher concen-

tration PVA hydrogel for the annulus had a beneficial effect on modulus.  This informa-

tion would be used to justify the value of designing a more complex hydrogel IVD re-

placement with components of different compositions over the use of a single component 

hydrogel. 

Fluid flow may also be a factor in the loading behaviour of the hydrogel proto-

type.  Since 20% PVA would have a lower permeability to fluid than 10% PVA [137, 

177], the rate of flow from the nucleus could be limited by the presence of the higher 

PVA concentration annulus.  This would lead to increased support of load through fluid 

pressurization in the nucleus during unconfined compression beyond what was predicted 

by the Voigt model.  It was interesting to find that for the corresponding strain rate, the 

hydrogel prototype was stiffer than what was predicted for 20% PVA despite containing 

the inclusion of the lower PVA concentration nucleus.  The additional load carried 

through fluid pressurization in the nucleus could have contributed to increased stiffness.  

Finite element modelling by Silva et al. of their two-component PVA hydrogel disc pro-

duced also accounted for fluid permeability and flow, and the prediction was in good 

agreement with their experimental results [177].  It was also possible that the loading 

curves of single component 20% PVA in Figure 6.7b could be under-predicted due to 

fluid flow effects.  Since unconfined compression of single component hydrogels was 

performed on specimens of smaller cross-sectional area than the two-component struc-

ture, the surface area-to-volume ratio would be lower in the prototype, and could allow 

proportionally less water to flow out of the hydrogel at a given time.  Testing of the sin-

gle component 20% PVA with the same external dimensions as the two-component hy-
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drogel could help determine whether fluid flow and modulus of the hydrogels are de-

pendent on cross-sectional area, or if modification of fluid flow by using a higher concen-

tration PVA hydrogel for the annulus had a beneficial effect on modulus.  This informa-

tion would be used to justify the value of designing a more complex hydrogel IVD re-

placement with components of different compositions over the use of a single component 

hydrogel. 

Since using a higher PVA concentration annulus could limit the rate of fluid flow 

from the nucleus with compressive strain, increasing fluid pressurization at high strain 

rates could also contribute to strain rate dependence in addition to providing additional 

support of load in the hydrogel construct.  However, the contribution of fluid flow from 

the nucleus may be small since the nucleus volume was only 15% of the two-component 

hydrogel and the thickness of the annulus was large.  The fluid would also have to trav-

erse some distance through the annulus in order to flow out of the hydrogel since testing 

was performed between solid platens.  At very slow strain rates such as 0.001%/s, fluid 

movement would not be limited by permeability, and Silva et al. used a similar rate of 

compressive displacement in PVA hydrogels to determine stiffness of the solid matrix 

[177].  The load at 0.25 strain was 20% higher when the hydrogel was tested at a strain 

rate of 100%/s compared to 0.001%/s.  While the increased load could have been carried 

through fluid pressurization, it was possible that viscous flow of the polymer could con-

tribute to strain rate dependence and additional load support due to internal stresses in the 

polymer during rapid loading.  However, strain rate dependence in the natural IVD is 

likely the result of fluid flow [55], which is regulated through the endplates since very 

little fluid flows through the AF except at low strain rates [40, 62].  Since testing of the 

hydrogels was performed between solid platens, the use of porous platens in future stud-

ies may provide a better insight into the role of fluid flow in strain rate dependence.  Fu-

ture development of a PVA-based hydrogel disc could also focus on an endplate material 

that is capable of modulating the rate of fluid flow as a function strain rate. 

The linear dependence of stress to logarithm of strain rate (Figure 6.4) could be 

due to viscous molecular movement in PVA hydrogels, as discussed in Chapter 4.  In the 
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two-component hydrogel, the same mechanisms of mechanical behaviour would be pre-

sent as in the individual components.  If their contributions to strain rate dependence 

were additive in the combined hydrogel, then the linear relationship between stress and 

logarithm of strain rate would hold.  Since the 10% PVA nucleus component only com-

prised 15% of the hydrogel construct, it would be expected that the slope of the linear 

relationship would be closer to that of 20% PVA.  However, the degree of strain rate de-

pendence of the two-component hydrogel tested was closer to 10% PVA (Table 6.2), 

suggesting that other factors such as fluid flow affect strain rate dependence.  The inclu-

sion of a nucleus lower in PVA concentration than the annulus component may be able to 

increase strain rate dependence while increasing stiffness in the two-component hydrogel, 

which could be a strategy to simultaneously increase these two properties to the levels 

found in the natural cervical IVD in future designs.  This was not possible when polymer 

concentration was increased to increase stiffness in the single component unfilled PVA 

hydrogels since strain rate dependence decreased as a result. 

The decrease in stress relaxation (Figure 6.5) and creep (Figure 6.6b) in the hy-

drogel prototype compared to the individual components may have been caused by de-

creases in the rate and amount of fluid flow.  While fluid flow could have occurred more 

slowly due to a decrease in the surface area-to-volume ratio in the larger hydrogel con-

struct than the single component hydrogels, stress relaxation and creep strain should equi-

librate to similar values over time.  On the contrary, the degree of stress relaxation and 

creep was lower than both of the individual components.  Silva et al. [177] speculated 

that a decrease in permeability at the annulus-nucleus interface of a two-component PVA 

hydrogel disc might have resulted in an overall decrease in fluid loss during creep.  If 

flow is restricted at the interface between the two components, and above and below the 

hydrogel at the solid platens, fluid pressurization would have been maintained during 

stress relaxation and creep, which would allow the hydrogel construct to retain its volume 

and height with sustained loading.  Modelling of fluid flow patterns in Silva et al. also 

indicated that while a large portion of the flow occurred through the porous nylon end-

plates, fluid did move from the nucleus into the annulus in the hydrogel disc [177].  They 
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also postulated that since fluid permeability of the annulus in the natural IVD is almost 

negligible, stress transfer to the solid matrix would be delayed, and thus hydrostatic pres-

sure could function to protect the collagen lamellae from damage.  Viscous flow in the 

10% PVA nucleus may have been reduced due to confinement by the annulus component 

when compared to the single component 10% PVA hydrogel since the nucleus is capable 

of sustaining a higher stress at the same strain.  This would also lead to decreased viscoe-

lastic response, lowering the degree of stress relaxation and creep. 

In contrast to the decrease in creep in the two-component hydrogel compared to 

single component 10% and 20% PVA hydrogels, an increase in creep was observed in the 

PVA hydrogel disc manufactured by Silva et al. [177].  Under a load of 100 N, the indi-

vidual hydrogels comprising the 35% PVA annulus and 30% PVA nucleus increased in 

strain by approximately 17% and 20%, respectively, while the combined disc increased in 

strain by approximately 22% after 1 hour at 200 N.  However, creep experiments were 

performed between porous nylon plates that would have allowed for fluid flow.  Gloria et 

al. fabricated a pHEMA-PMMA disc, reinforced with PET fibre reinforcement in the an-

nulus region and hydroxyapatite in endplates [178].  It had a low initial strain of 0.069 

that increased to 0.12 strain after 4500 s of creep at a stress of 2 MPa.  Similar to the two-

component PVA hydrogel in the current study, the pHEMA disc also experienced a rapid 

increase in strain after initial loading, and had a flatter creep curve than did natural IVDs.  

Low initial and creep strains were attributed to solid platens that did not allow flow from 

the hydrogels.  While the discontinuity in hydrogel concentration could have decreased 

fluid flow in the two-component PVA hydrogels from the current study and those studied 

by Silva et al., the composition of the hydrogel was homogeneous throughout the 

pHEMA disc.  However, the presence of the reinforcing PET fibres and HAp fillers could 

also have decreased fluid flow in those regions since there would be a lower proportion 

of hydrogel through which fluid can move.  The PVA hydrogel prototype in the present 

study had a lower amount of creep than the other hydrogel-based IVD designs, as well as 

non-degenerated human lumbar IVDs, which increase in strain by 20% after 30 minutes 

of creep at loads corresponding to body weight at the disc level [64].  The two-
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component PVA hydrogel structure tested in this study also conferred greater creep resis-

tance than its individual components, which may be beneficial for long-term stability as 

an IVD replacement. 

As discussed in Chapter 4, creep recovery and fatigue loading should be also be 

determined to ensure preservation of disc height and mechanical properties over time.  

Moreover, the performance of the hydrogel prototype between porous platens has yet to 

be determined to examine fluid flow and pressurization effects.  As modelled by Silva, 

fluid in a two-component hydrogel flowed preferentially from the lower PVA concentra-

tion nucleus through the porous nylon endplates during creep [177].  Allowing fluid flow 

above and below the hydrogel would be more representative of the conditions between 

the vertebrae, and likely decrease the apparent stiffness, and increase stress relaxation and 

creep strain compared to compression between solid platens. 

 

6.4.2  Parameters for Optimization of Properties 

While the two-component PVA hydrogel structure showed the presence of a toe 

region, and increased stiffness and creep resistance compared to its single component 

PVA components, these properties, along with strain rate dependence, must be optimized 

for applications in the cervical IVD.  Parameters that could be varied include construct 

geometry, PVA concentration, the addition of nanofillers, and introduction of anisotropy. 

Since the toe region appeared as the result of the two-component structure, it may 

be possible to alter toe strain by varying nucleus volume relative to the annulus as the de-

gree of nucleus confinement and pressurization by the stiffer annulus could be impacted.  

By increasing the nucleus volume, it may be possible to extend the toe region if increased 

compressive strain is required for the same degree of pressurization in the nucleus and 

resistance of tensile stress by the annulus.  However, increasing the volume of the nu-

cleus would increase the proportion of low modulus hydrogel in the construct, and could 

result in a decrease in overall stiffness.  Nonetheless, the ratio of nucleus to annulus vol-

ume should be investigated as a means of optimizing the toe region, while increases in 
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hydrogel stiffness could be achieved by increasing hydrogel concentrations in both com-

ponents, and with the addition of reinforcing fillers.  It may also be possible that a greater 

degree of strain rate dependence could result from increasing nucleus volume, decreasing 

annulus thickness, and increasing the difference in PVA concentration between the com-

ponents by modifying the amount and rate of fluid flow from the hydrogel disc. 

A multi-component PVA hydrogel IVD device could be designed with PVA-NC 

hydrogel components to increase strain rate dependence.  Although strain rate depend-

ence of PVA-NC hydrogels in Chapter 4 was not apparent at 0.25 strain, they were more 

strain rate dependent than unfilled PVA hydrogels at 0.45 strain and have the potential to 

increase strain rate dependence in a multi-component hydrogel.  Strain rate dependence 

also decreased in unfilled 10% PVA after aging in PBS, but did not change in Laponite-

filled-10% PVA hydrogels.  Therefore, addition of Laponite could preserve strain rate 

dependence of hydrogels the in vivo environment, possibly through the addition of 

charges from Laponite within the PVA-NC hydrogel.  Moreover, the addition of BC and 

pBC resulted in a similar degree of rate dependence as canine IVD in Cassidy et al. [55].  

While PVA concentration must be increased to improve the stiffness of the hydrogels, it 

would simultaneously decrease strain rate dependence as evidenced by increasing poly-

mer concentration from 10% to 20% PVA.  The addition of Laponite, and the orientation 

of BC or modified BC could be employed in a multi-component hydrogel disc design to 

attain the level of strain rate dependence that exists in natural IVDs within physiological 

strains.  Charged nanofillers such as Laponite or pBC could also be added as fixed 

charges in the hydrogel, particularly in the nucleus, to create an osmotic potential for wa-

ter to flow back into the disc upon load removal.  The presence of fixed negative charges 

from proteoglycans in the natural IVD allows the tissue to re-swell after fluid is exuded 

during loading and regain disc height upon load removal [37]. 

Both device stiffness and toe region could be improved with the addition of fi-

brous reinforcement, particularly in the annulus region.  A nanofibrous filler such as bac-

terial cellulose could be used as reinforcement and aligned in the circumferential or radial 

direction to resist tensile loads and bulging from nucleus pressurization.  If the nanofibres 
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can be aligned circumferentially prior to incorporation into a PVA solution for the annu-

lus, then stiffness in the circumferential direction could be anisotropically increased in 

the annulus component, functioning like collagen in the natural AF.  The addition of ran-

domly aligned BC or pBC into PVA hydrogels changed the shape of the stress-strain 

curves, increasing modulus significantly at high strains while maintaining a low modulus 

up to approximately 0.25 strain.  By winding the nanofibres in angled lamellae similar to 

PET fibres in the pHEMA-based disc fabricated by Gloria et al. [178], it may be possible 

to have a toe region in a multi-component PVA hydrogel disc up to the 0.1 strain range 

found in the pHEMA disc and the native cervical IVD. 

While the addition of nanofillers could be a strategy to increase modulus and the 

toe region of the hydrogel disc, it could also affect stress relaxation and creep response.  

In the single component hydrogels, Laponite, BC and pBC addition increased stress re-

laxation and creep, and their use in a multi-component PVA hydrogel may bring viscoe-

lastic characteristics closer to those of natural IVDs.  On the other hand, 20%/10% PVA 

two-component hydrogel had increased creep resistance compared to its individual com-

ponents.  Since resistance to creep would be desirable for long-term loading in the cervi-

cal spine, the increased creep with the addition of nanofillers could perhaps be minimized 

by the formation of a multi-component hydrogel disc. 

In addition to alignment of nanofibrous fillers in the annulus region, stretching of 

the annulus component prior to the addition of the nucleus during F-T cycling could also 

confer anisotropic properties, allowing increased resistance to circumferential tension.  

Increased tensile stiffness was demonstrated in the direction of stretching by Millon et al. 

[14, 105], in which PVA hydrogel sheets were stretched after 1 FTC prior to additional F-

T cycling.  Structural studies indicated that the polymer-rich regions in these anisotropic 

hydrogels were elongated in the direction of stretching.  Compression of the two-

component construct during F-T cycling could also induce anisotropy and increased stiff-

ness in compression for the hydrogel disc, as well as in tension around the periphery of 

the hydrogel due to lateral expansion during unconfined compression.  Alignment of 

nanofibrous fillers, and pre-straining of the hydrogels during F-T cycling to create an ani-
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sotropic structure could also possibly allow strain rate dependence to be apparent at lower 

strains. 

Endplates that are permeable to fluids and can regulate flow would be appended 

to both ends of the disc.  To increase stiffness, pre-compression of the disc could be done 

during freeze-thaw cycling, in a process similar to stretching to create anisotropic PVA 

hydrogel sheets [105].  This would compress pores and increase stiffness of the annulus 

region due to lateral expansion of the hydrogel upon compression.  It may also be possi-

ble to decrease toe strain with this method due to pre-straining. 

In a cervical IVD device, properties such as sufficient stiffness, presence of a toe 

region, strain rate dependence, creep resistance and creep recovery similar to the natural 

IVD are desired.  Volume and PVA concentration of the components, nanofiller addition 

and alignment, inclusion of fixed charges, and straining of the hydrogel during F-T cy-

cling for anisotropy could be used to achieve the desired mechanical properties in a 

multi-component PVA hydrogel.  However, varying these parameters to achieve a par-

ticular property would also alter other properties.  This interdependence would be due to 

the influence of design parameters on fluid flow and polymer viscoelasticity mechanisms 

in the mechanical response of PVA hydrogels.  Therefore, testing of all relevant hydrogel 

properties would be important during optimization of parameters in future designs. 

 

6.4.3  Implementation of a Hydrogel-Based IVD Device 

Looking towards the implementation of a PVA hydrogel IVD device, the end-

plates must be designed for fixation to the adjacent vertebral bodies either mechanically 

or through tissue ingrowth.  Since wear in PVA hydrogels may not be desirable due to 

hydrogel surface damage and generation of wear debris over time, designs that result in 

motion between the hydrogel material and a component used for implant fixation could 

be avoided.  Metals such as cobalt chromium and titanium alloys are typically used in 

orthopedic and spinal implants, and participate in mechanical and/or bony fixation of an 
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implant.  However, it could be a challenge to integrate the hydrogel with a metal compo-

nent in the implant without relative motion between the two components. 

Our mould design accommodates the addition of endplates to the two-component 

hydrogel structure.  PVA-based endplates could be fabricated separately from the annu-

lus-nucleus construct then adhered to the construct using a PVA solution and F-T cycling.  

Depending on endplate design, platens used in compression testing of a PVA hydrogel-

based IVD could be solid or porous.  Solid platens should be used for a solid endplate 

design, while porous platens should be used if the hydrogel is to be attached through po-

rous endplates or directly to the vertebral bodies.  Allowing fluid flow from the ends of 

the hydrogel disc would decrease pressurization, and likely decrease stiffness, affect 

strain rate dependence, and increase stress relaxation and creep.  In vitro testing, includ-

ing mechanical testing, of a multi-component PVA hydrogel IVD replacement should 

reflect the implementation and in vivo environment of the device in its application in the 

cervical IVD. 

Freeze-thaw PVA hydrogels have also been studied extensively as controlled drug 

delivery devices, including applications in treatment of respiratory, skin and cardiovascu-

lar diseases [10, 26, 118, 254-262].  Therapeutic agents, such as antibiotics to prevent 

infection, anti-inflammatory agents to mitigate heterotopic ossification [98], or growth 

factors to encourage bone or cartilage growth, may be incorporated into a PVA hydrogel 

device to achieve sustained localized release.  The mechanism and rate of release depends 

on factors including, but not limited to, the concentration and solubility of the drug, hy-

drogel concentration, number of FTCs, and the structure of the hydrogel device. For ex-

ample, a reservoir-type system could achieve zero-order release, the rate of which does 

not change with time.  Kennedy demonstrated this in a bilayer 10% PVA hydrogel struc-

ture composed of a 3 FTC membrane and 1 FTC reservoir [262].  A multi-component 

PVA hydrogel-based IVD would be well suited as a reservoir-type drug delivery system 

since the drug could be loaded into the lower polymer concentration nucleus, while the 

higher concentration annulus would control the rate of release.  In a matrix-type system, 

where the drug is distributed uniformly in the hydrogel, the rate of release decreases with 
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time.  This would be useful if therapeutic activity is required for a period of time imme-

diately after implantation.  Depending on the desired timing and location of release, 

therapeutic agents may be placed selectively within the different components of the PVA 

hydrogel IVD to tailor the release profile, location, and bioactivity. 

 

6.5  CONCLUDING REMARKS 

A two-component PVA hydrogel structure was successfully produced by F-T cy-

cling, consisting of annulus and nucleus components of two different PVA concentra-

tions, 20% and 10% PVA, respectively.  Unconfined compression to 0.25 strain at strain 

rates between 0.001%/s and 100%/s were performed.  In contrast to the single component 

10% and 20% hydrogels, a small toe region of 0.02 strain was observed in the J-shaped 

stress-strain curves.  The two-component hydrogel was expected to have stiffness and 

viscoelastic response between those of 10% and 20% PVA.  However, it was stiffer than 

the model prediction based on the cross-sectional area of the components and the stress-

strain curves of 10% and 20% PVA hydrogels, as well as the single component 20% PVA 

hydrogel, despite the presence of the more compliant 10% PVA nucleus.  The degree of 

strain rate dependence was between those of single component 10% and 20% PVA hy-

drogels, but was closer to the more strain rate dependent 10% PVA, even though the 20% 

PVA annulus comprised 85% of the construct.  Meanwhile, the hydrogel prototype ex-

perienced less stress relaxation and had higher creep resistance compared to both the 10% 

and 20% PVA hydrogels. 

This two-component PVA hydrogel prototype demonstrated that a hydrogel struc-

ture with multiple components could be produced.  However, it was not of sufficient 

stiffness to be used as a cervical IVD replacement with its current composition.  Stiffness, 

strain rate dependence, stress relaxation and creep must be optimized for applications in 

the cervical spine.  PVA hydrogels possess a great deal of versatility towards producing a 

functional multi-component cervical IVD prosthesis.  Parameters that could be varied to 

modify PVA hydrogel properties include polymer concentration, the ratio of annulus to 
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nucleus volume, nanofiller placement and alignment, and straining of the hydrogel during 

F-T cycling to induce anisotropy.  The addition of endplates could also affect compres-

sion properties by modulating fluid flow.  Creep recovery and resistance to fatigue should 

also be evaluated for its suitability in the cervical spine.  Further considerations in the de-

sign of a PVA-based hydrogel TDR could include drug delivery and fixation of the de-

vice to adjacent vertebral bodies. 
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Chapter 7 
CONCLUSIONS AND FUTURE WORK 

 

 

7.1  CONCLUSIONS 

This thesis focused on the effects of composition on compression and wear prop-

erties of PVA and PVA-NC hydrogels for potential application in cervical IVD replace-

ments.  PVA hydrogels, physically crosslinked through freeze-thaw cycling, were se-

lected based on their similarities in water content and mechanical properties to natural 

tissues, and have been previously investigated as biomaterials for cardiovascular and or-

thopedic applications.  Furthermore, nanofillers were added to PVA hydrogels since it is 

possible to significantly modify properties of a material with low nanofiller content.  

Since tissue components in the natural IVD include negatively charged proteoglycans and 

reinforcing collagen fibres, nanofillers possessing negative charges or that were nanofi-

brous were chosen.  Hydrophilic nanofillers were used in this thesis to obtain a strong 

interface between the nanofillers and the hydrophilic PVA matrix: Laponite, a low aspect 

ratio synthetic clay with negatively charged surfaces; BC, a high aspect ratio nanofibre 

produced through Acetobacter xylinum fermentation; and phosphorylated-BC, BC that 

was surface modified to add negative charges.  The effects of PVA concentration, and 

nanofiller content, aspect ratio and charge on PVA hydrogels were investigated. 

In Chapter 4, stiffness and viscoelasticity of PVA and PVA-NC hydrogels in un-

confined compression were examined as a function of composition.  While the stiffness 

of the hydrogels tested were not sufficient for use in the cervical IVD, increases in PVA 

concentration and addition of high aspect ratio fillers such as BC could be used to in-

crease the modulus of the material.  Since time-dependent response in the natural IVD is 
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important in shock absorption and the distribution of load, the addition of nanofillers was 

able to increase strain rate dependence, stress relaxation and creep in the hydrogels, all of 

which decreased with increased PVA concentration.  There was also increased creep and 

decreased viscous damping with the addition of negative charges to BC.  The increase in 

hydrophicility, adsorption of PVA molecules to nanofiller surfaces, and modification of 

polymer chain motion with the addition of nanofillers could have contributed to the stiff-

ness and time-dependent viscoelastic properties in the PVA-NC hydrogels.  While mass 

loss and shrinkage due to deswelling in the unfilled hydrogels decreased with the increase 

in PVA concentration, which would reduce the loss of disc height and incidence of im-

plant extrusion, PVA-NC hydrogels were more resistant to changes in modulus due to 

osmotic pressure, which could lead to more predictable properties in the in vivo fluid en-

vironment. 

In Chapter 5, crossing-paths wear in the PVA and PVA-NC hydrogels was inves-

tigated since TDRs with articulating surfaces experience multidirectional sliding.  Mini-

mizing the generation of wear debris and permanent deformation is important in materials 

used in TDR.  A method using high frequency 3D US was developed to determine wear 

volume and depth in hydrogels, which has the advantages of being non-contacting and 

allowing for imaging in fluid to prevent dehydration of hydrogel samples.  Wear volume 

and depth decreased with increases in PVA concentration but the addition of nanofillers 

resulted in no significant change.  However, the addition of nanofillers eliminated fatigue 

damage on the wear track surfaces, as did increases in PVA concentration.  PVA concen-

tration increase and nanofillers addition also prevented deformation and collapse of the 

porous structure under the wear tracks. 

In Chapter 6, the compressive properties of a hydrogel structure with annulus and 

nucleus components of different PVA concentrations were examined. This two-

component structure resembles the structure of the natural IVD.  It had a small toe region 

in the stress-strain curve, increased stiffness, and decreased stress relaxation and creep 

compared to its components.  Strain rate dependence of the two-component material, 

however, was closer to that of the lower concentration PVA hydrogel component, which 
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had a higher degree of strain rate dependence.  Therefore, in contrast to increasing PVA 

concentration in the single component hydrogels, the multi-component structure could be 

used to increase stiffness and limit loss of disc height due to creep, while preserving 

strain rate dependence for use in the cervical IVD. 

 

7.2  FUTURE WORK 

This work has demonstrated that PVA concentration and nanofiller addition are 

parameters that could be varied to obtain the stiffness, viscoelasticity, wear and in vivo 

behaviour.  However, the precise mechanism by which nanofillers alter the structure and 

mechanical properties of PVA hydrogels has yet to be determined.  Additional methods 

to determine the effects of nanofiller addition on hydrogel crystallinity include FTIR [10, 

125, 263], XRD [117, 128, 129, 263] and NMR [129].  Neutron scattering could also be 

employed to determine the length scales of features such as crystallites, crystallite separa-

tion and pores in hydrogels, as well as characterize anisotropy [105, 130, 264]. 

Strategies to improve upon stiffness and strain rate dependence should focus on 

the addition of BC or its derivatives to hydrogels with PVA concentrations of at least 

20%.  Stress-strain curves of IVDs are characterized by a low modulus toe region up to 

approximately 0.1 strain followed by a stiffer linear region with increasing strain.  Since 

the addition of BC and pBC changed the shape of the 10% PVA stress-strain curve, re-

sulting in a low modulus region followed by a high modulus region, their use show prom-

ise in replicating the compressive stress-strain behaviour of the natural IVD.  Compres-

sion of BC-filled PVA-NC hydrogels during F-T cycling may induce anisotropy, de-

crease toe strain and increase strain rate dependence at low strains.  Since the structure of 

the native IVD is multi-component and anisotropic, optimization of a multi-component 

PVA hydrogel disc could involve adjusting the nucleus volume, polymer concentration, 

and addition and alignment of nanofillers, particularly BC and modified-BC.  A hy-

drogel-based device created by aligning BC in a stiffer annulus region surrounding a 

higher water content nucleus region could result in increased stiffness and strain rate de-
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pendence. The goals would be to increase stiffness, strain rate dependence and toe strain 

to ranges appropriate for use as a cervical IVD replacement.  However, since increases in 

PVA concentration and addition of nanofillers would result in increased viscosity, a reli-

able method of filling moulds with viscous polymer solutions, while preventing air en-

trapment, should be developed.  Also, alignment of nanofibres may present a challenge in 

fabricating a device.  Manufacturing techniques such as injection moulding and fibre 

spinning could be considered in order to investigate filler alignment in PVA-NC hy-

drogels for application in an IVD replacement device. 

Future investigation into the compression properties of PVA and PVA-NC hy-

drogels, and multi-component designs should include compression, creep and creep re-

covery, and dynamic loading between porous platens.  Since fluid flow through the end-

plates into vertebral bodies is important in compression of IVDs, it may affect the behav-

iour of the hydrogels during compression.  Studies could also be performed to quantify 

the rate of fluid flow, since increased hydrophilicity with nanofiller addition may affect 

hydrogel performance.  Creep recovery is important in determining if deformation would 

be recovered after load is removed to preserve disc height.  Furthermore, fatigue testing 

should be performed to determine the effects of long-term loading on the hydrogel mate-

rial.  While only compression testing of the PVA and PVA-NC hydrogels was performed 

in this study, IVDs experience additional loads.  Costi et al. investigated dynamic loading 

of intervertebral discs in anteroposterior shear, lateral shear, compression, lateral bending 

and axial rotation [61], which should be undertaken with the hydrogels intended for use 

in IVD replacements. 

Further development into the 3D US wear measurement technique used could help im-

prove measurement precision, and determine if the addition of nanofillers could increase 

deformation and wear resistance in PVA-NC hydrogels.  Delineation of wear from creep 

deformation would also be required to establish if PVA-based hydrogels are suitable in 

TDR designs that incorporate articulation.  Future investigation into the tribology of PVA 

and PVA-NC hydrogels could focus on the effects of polymer concentration and addition 

of fixed ionic charges on friction, the amount, size and shape of wear particles generated, 
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and the consequence of fatigue from wear testing on hydrogel structure and properties 

relevant to TDRs.  In the future, reproduction of the shape of the wear scar from 3D US 

images could be useful in visualizing wear of an articulating hydrogel-based TDR device 

in simulator studies. 
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Appendix A 

PBS PREPARATION 
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Materials 
Chemical Name Mass (g) 

Potassium phosphate (KH2PO4) 2.4 
Potassium chloride (KCl) 2.0 
Sodium chloride (NaCl) 80.0 
Sodium phosphate dibasic heptahydrate (Na2HPO4·7H2O) 26.8 

 

Methods 
The chemicals above were added to water to make 1 L of stock 10× PBS solution.  The 

10× PBS was diluted to the desired concentration as required before use. 

 

Calculations 

Ionic Strength of 1× PBS 

Ic =
1
2

cizi
2

i
∑  

where Ic is ionic strength in mol/L, i is the ion in solution, ci is the molarity of ion i in 

mol/L, and zi is the charge of ion i. 

Chemical 

Mass for 
1×PBS 

[g] 

Molar 
mass 

[g/mol] 
Molarity 
[mol/L] Ions 

Ion 
molarity (ci) 

[mol/L] 

Ion 
charge 

(zi) 
cizi

2 
[mol/L] 

KH2PO4 0.24 136.09 0.0018 K+ 0.0018 1 0.0018
    H2PO4

- 0.0018 1 0.0018
KCl 0.20 74.55 0.0027 K+ 0.0027 1 0.0027
    Cl- 0.0027 1 0.0027
NaCl 8.00 58.44 0.137 Na+ 0.137 1 0.137
    Cl- 0.137 1 0.137
Na2HPO4⊕7H2
O 2.68 268.07 0.0100 Na+×2 0.0200 1 0.0200
        HPO4

2- 0.0100 2 0.0400
 
Therefore, the ionic strength of 1× PBS is  0.171 mol/L. 
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Osmolarity of 1× PBS 

osmol = ϕ inici
i

∑  

where osmol is osmolarity in mol/L, φi is the osmotic coefficient, i is the molecule in so-

lution, ni is the number of dissociated particles in molecule i, and ci is the molarity of 

molecule i in mol/L. 

Chemical 
Mass for 

1×PBS [g] 
Molar mass 

[g/mol] 
Molarity (c) 

[mol/L] ni 
nici 

[mol/L] 
KH2PO4 0.24 136.09 0.0018 2 0.0035
KCl 0.20 74.55 0.0027 2 0.0054
NaCl 8.00 58.44 0.137 2 0.274
Na2HPO4⊕7H2O 2.68 268.07 0.0100 3 0.0300

 
Assuming an ideal solution, where φi=1, the osmolarity of 1× PBS is  0.313 mol/L. 
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Appendix B 
ENERGY-DISPERSIVE X-RAY 
SPECTROSCOPY OF PHOSPHORYLATED-
BACTERIAL CELLULOSE 
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Appendix C 
PROCEDURE FOR FITTING OF  
UNCONFINED COMPRESSION DATA  
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The Instron WaveMaker software generated a file containing the positions of the 

crosshead, in mm, and loads measured by the load cell, in units of gram-force (gf), for the 

duration of each unconfined compression test.  For each set of position-load data, dis-

placement of the crosshead from its initial position at zero strain was calculated by 

 Δz = z − z0 (C.1)

where Δz is the displacement of the crosshead from zero strain in mm, z is the instantane-

ous position of the crosshead in mm, and z0 is the position of the crosshead at zero strain 

in mm. 

Strain is the engineering strain, calculated by the change in height divided by the 

initial height of the sample, 

 ε =
Δz
l0

 

where ε is strain, which is dimensionless, and l0 is the initial height of the sample meas-

ured prior to testing. 

Load was converted from units of gf to newtons (N), with 1 gf equal to 9.81×10–3 

N.  Stress was then calculated using the formula for engineering stress 

 σ =
F
A0

 

where σ is stress in MPa, F is the load in N, and A0 is the initial area of the sample, calcu-

lated from the measured diameter of the sample prior to testing. 

Stress was plotted against strain for the data set, then fitted to the 5-parameter ex-

ponential growth equation 

 σ = y0 + aebε + cedε  

where σ is the stress at strain ε, y0, a, b, c, d are fitting parameters, as shown in the fol-

lowing figure for a 10% PVA hydrogel sample, tested fresh in 37 °C water at at strain 

rate of 100%/s. 
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The R2 values of these fits were at least 0.9987, with a power of 1.0000 at α=0.05, 

for all the unconfined compression tests performed in this thesis. 

The 5-parameter exponential growth fit was used to evaluate stress at intervals of 

0.05 strain for strains from 0 to 0.45, then the averages and standard deviations of stress 

for each 0.05 strain interval were determined.  The average stress at every 0.05 strain 

from 0 to 0.45 strain was plotted against strain for each set, using a line and scatter plot, 

and the error bars were the standard deviations for each point.  This is shown below for 

10% PVA, tested fresh in 37 °C water at at strain rate of 100%/s. 
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Appendix D 
SAMPLE HOLDERS FOR CROSSING-PATHS 
WEAR TESTER 
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Appendix E 
MATLAB PROGRAM FOR EXTRACTION 
OF ULTRASOUND IMAGES 
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Saving B-Mode Images Planes in a 3D Ultrasound File (.rdb) as a Series 
of TIFF Image Files 
 
 Adapted from code written by Z. Khan 
 
%rdb_to_tiff.m 
 
clear 
filename='filename.rdb'; 
 
fid=fopen(filename,'r'); 
frames=427; 
 
pathname = strrep(filename,'.rdb','\'); 
mkdir(pathname); 
 
for pos=1:frames 
    fseek(fid,pos*512*512,'bof');  %find position of each 512x512 frame 
    im = fread(fid,[512,512],'uint8'); 
    im = uint8(im); 
    im = im'; 
    imname=[strrep(filename,'.rdb','') '_' num2str(pos) '.tif']; 
    imwrite(im,[pathname imname],'TIFF') 
end
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Figure 2.1b 

Formal permission not required for reproduction in thesis/dissertation. 

 

Figure 2.4 
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Figure 2.5 
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Figure 2.6 
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