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Abstract

Aqueous surface gels are fragile yet resilient biopolymer-based networks capable of sustaining 
extremely low friction coefficients despite tribologically-challenging environments. These 
superficial networks are ubiquitous in natural sliding interfaces and protect mechanosensitive cells 
from excessive contact pressures and frictional shear stresses from cell-fluid, cell-cell, or cell-solid 
interactions.  Understanding these complex lubrication mechanisms may aid in the development 
of materials-based strategies for increasing biocompatibility in medical devices and implants.  
Equally as important is characterizing the interplay between soft and passive, yet mobile implant 
materials and cellular reactions in response to direct contact and frictional shear stresses. 
Physically interrogating living biological systems without rupturing them in the process is 
nontrivial. To this end, custom biotribometers have been designed to precisely modulate contact 
pressures against living human telomerase-immortalized corneal epithelial (hTCEpi) cell layers 
using soft polyacrylamide membrane probes. Reverse-transcription quantitative polymerase chain-
reaction (RT-qPCR) indicated that increased duration, and to a much greater extent, the magnitude 
of frictional shear stress, leads to increased production of pro-inflammatory (IL-1β, IL-6, MMP9) 
and pro-apoptotic (DDIT3, FAS) genes, which in clinical studies are linked to pathological pain.  
The hierarchical structure often found in biological systems has also been investigated through the 
fabrication of high-water content (polyacrylamide) hydrogels through free-radical polymerization 
inhibition. Nanoindentation experiments and friction coefficient measurements indicate that these 
“gradient surface gels” reduce contact pressures and frictional shear stresses at the surface of the 
material while still maintaining stiffness within the bulk of the material. Reducing frictional shear 
stresses through informed materials and surface design may concomitantly increase lubricity and 
quiet the immune response, and thus provide bio-inspired routes to improve patient outcomes and 
quality of life.
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1 Introduction
2 Lubrication across tissue interfaces, within our joints, and across synthetic/biological 
3 interfaces is essential to maintain health, mobility, homeostasis, and provide pain-free (comfort) 
4 interfacial slip during daily activities1. Classical lubrication theory (Figure 1a,b) is frequently 
5 invoked to describe the transient and dynamic interfacial and energy-dissipative phenomena 
6 between two impermeable surfaces sliding in relative motion 2. However, no single unifying theory 
7 yet exists to describe the complex lubrication mechanisms between highly deformable, permeable, 
8 and aqueous gel surfaces (Figure 1c). Over the past decade, engineers and scientists have looked 
9 to the Stribeck curve (Figure 1d) as a foundation upon which to characterize lubrication behavior 

10 of biological interfaces both in homeostasis and far from equilibrium.  In the event of injury, 
11 illness, or implants, the body’s natural lubrication mechanisms may become compromised, which 
12 could initiate a positive feedback loop of increasingly inflammatory conditions 3,4. Medical 
13 implants may impair the body’s natural lubrication strategies by increasing local contact pressures 
14 and shear stresses against endogenous cells, cell layers, and tissues beyond physiological norms5,6. 
15 Increased contact pressures and/or decreased sliding velocities may force natural sliding interfaces 
16 away from fluid film lubrication and towards boundary lubrication2 thus increasing friction 
17 coefficients and increasing the risk of cell damage.  Although the contributions of implant-
18 associated friction to the onset and progression of disease have remained poorly understood, links 
19 between friction and inflammation reverberate throughout the literature, from contact lenses7–12 to 
20 breast implants13–16 and from stents17–19 to catheters20–22. 
21 Many cells, including epithelial and endothelial cells, have the ability to respond shear 
22 stress, and on some interfaces form a primitive sensor network through the expression of soluble 
23 and surface proteins, and their interactions with receptor proteins. The process by which cells 
24 physically sense and biochemically respond to the local environment is known as 
25 mechanotransduction 23. However, the precise mechanisms by which transmembrane proteins 
26 transmit physical signals to the nucleus and alter the phenotype remain unclear. Multiple biological 
27 components are thought to activate and participate in mechanotransduction pathways 24 (Figure 2).
28 The glycocalyx, a dynamic and very lightly crosslinked biopolymer-based hydrogel 25 
29 composed of heavily glycosylated transmembrane mucins on the cell surface, may mediate 
30 mechanotransduction signaling in response to compressive stress 26,27, fluid shear stress 28–31 and 
31 frictional shear stress 27,32,33. Stretch-activated ion channels in the apical cell membrane open in 
32 response to strain and permit influx of potassium 34, calcium 35, sodium 36, and other ions 37. 
33 Concentrations of cell-signaling molecules may change during cell deformations (e.g., 
34 compression, mechanical confinement) 38,39. Cell-cell and cell-matrix adhesion complexes enable 
35 cells and tissues to probe local environments 40.  Extracellular matrix proteins (e.g., fibronectin, 
36 collagen) can undergo force-induced protein unfolding and initiate mechanotransduction signaling 
37 outside the cell 41. Intracellular strain can provoke conformational changes in cytoskeletal 
38 filaments and crosslinking proteins, consequently altering binding affinities to specific molecules 
39 and activating mechanotransduction signaling pathways 42,43. The nuclear envelope is 
40 mechanically linked to the extracellular matrix (ECM) by force-transmitting cytoskeletal 
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1 filaments. Nuclear mechanosensing is achieved through several pathways, including stress-
2 induced protein conformational changes, transcriptional regulator translocation, chromosome 
3 conformation and organization, and membrane deformation 44. Recent studies suggest that even 
4 chromatin itself is mechanosensitive 45. For nearly all cells, mechanical stimulations induce 
5 adaptive changes in cell function, from short-term responses (e.g., changes in intracellular tension, 
6 adhesion, migration) to long-term effects (e.g., protein secretion, structural reorganization, 
7 proliferation, viability) 46. These responses are often mediated through a plurality of signaling 
8 pathways that may overlap and even cross-talk 47, complicating definitive identification of the 
9 primary mechanosensor(s) 24. 

10
11 The mechanics and dynamics of mechanotransduction
12 Cells have developed complex features to mediate function and gene expression in 
13 response to physical phenomena such as flow and contact pressure. Shear mechanics play a critical 
14 role in shaping cellular fate and function, prompting the evolution of mechanosensitive responses 
15 that have remained highly conserved across broad evolutionary timescales. Fluid and frictional 
16 shear stresses are two key avenues by which cells understand their environment and interpret the 
17 mechanics and the mechanical forces associated with their local environment, which is distinct 
18 from the environmental context associated with local proteins, growth factors, and signaling 
19 milieu.  The inability of cells to appropriately interpret these forces have been implicated in the 
20 onset of various morphological defects and the progression of disease24. 
21 Both fluid shear stress and frictional shear stress are present in the body but have different 
22 drivers and components of stress.  Fluid shear stress results from velocity gradients within a liquid 
23 due to viscosity. For a Newtonian fluid of dynamic viscosity µ, the shear stress τ at a boundary can 
24 be calculated as
25 τ = µ(du/dy)
26 where u is the velocity parallel to the boundary and y is the coordinate normal to the boundary. 
27 The molecular origins of viscosity, and thus fluid shear stress, are momentum exchange between 
28 fluid molecules due to intermolecular interactions. If the properties of the fluid are known, the 
29 fluid shear stress can be calculated from measurements of fluid velocity and relatively few 
30 assumptions (e.g., incompressible fluid, no-slip boundary).
31 At the solid-fluid boundary, complex flow behavior has a rich history but more recently, 
32 fluid dynamics has been applied to understand the manners in which biological systems use 
33 interstitial flow for organism-level remodeling. In vitro mechanobiology studies of endothelial48,49 
34 and epithelial50,51 cell layers indicate that cells are sensitive to less than a single Pa of fluid shear 
35 stress and furthermore respond depending on the orientation, duration, or magnitude of the fluid 
36 shear stress. Ng et al. have probed the role of low interstitial flow rates in triggering endothelial 
37 cell morphogenesis, highlighting vastly unique 3D structures in lymphatic and blood endothelial 
38 cells based on differences in the cells’ biophysical environment 52.  Because interstitial flow plays 
39 key roles in tissue and organ development, disease onset and progression, and ECM remodeling, 
40 a comprehensive inquiry of mechanotransduction is necessary to appreciate how cells decode 
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1 information about their environment, and how mutations in these information highways result in 
2 morphological defects, disease, and cell death 53–55. 
3 Cells are regularly exposed to cell-cell and cell-solid sliding interfaces. It is at these 
4 interfaces that cells experience frictional shear stresses, which result from molecular interactions 
5 occurring between solids in contact or close proximity at an interface. Soft and hard implants (e.g., 
6 stents, ports, drains, and catheters) impart additional tribological challenges upon endogenous 
7 biological tissues that are physically distinct from fluid shear stresses, which lack a normal 
8 component of stress. 
9 In contrast with fluid shear stresses, frictional shear stresses are difficult to model, as they 

10 can result from competing bonds of different energies and length- and timescales 56. The first 
11 observations of friction were recorded by Leonardo da Vinci between 1480 and 1518, later 
12 described by G. Amontons in 1699, and again confirmed by C. Coulomb in 1785 57,58. The simple 
13 laws of friction, derived from Amontons’ publications, state that the friction force Ff  is 
14 proportional to the applied load Fn and independent of the contact area, represented by the equation
15 Ff  = µFn

16 where the proportionality constant µ is the coefficient of friction. Here, the simple proportionality 
17 results from compression of asperities and an increase in the real area of contact with increasing 
18 load. Dividing by the contact area, A, recasts the equation in terms of frictional shear stress, τ, and 
19 contact pressure, P
20 τ = µP
21 This simple relationship stresses the importance of both low friction coefficients and low 
22 contact pressures in achieving lubricity. As an illustrative example, scalpels may exhibit low 
23 surface roughness and low friction coefficients, but also high contact pressures which can easily 
24 rupture cell membranes. 
25 The earliest studies of frictional shear stress on cells found that frictional stress resulted in 
26 the thickening of the stratum corneum and an increase in proliferation 59. Studies have also 
27 implicated frictional shear stress in the onset of corneal epithelial cell inflammation, highlighting 
28 the disparate manner in which various cell-types are able to adapt and overcome frictional shear 
29 stresses 9,33. In 1990, Talja et al. 60 investigated the role of catheter surface materials in a clinical 
30 study, and observed increased inflammatory reactions in urethral epithelial cells subjected to 
31 increased friction. Recent in vitro studies have observed friction-induced inflammation and 
32 apoptosis in corneal epithelial cell monolayers at frictional shear stresses on the order of 40-60 Pa 
33 27.  Systematically interrogating how cells respond to magnitude, orientation, and duration of 
34 frictional shear stress may better inform the design of soft medical devices deployed over short 
35 timescales (e.g., contact lenses, endotracheal tubes, catheters) and those used over much longer 
36 timescales (e.g., intraocular lenses, shunts, stents, intrauterine devices).  
37
38 Soft and Fragile Interfaces in Biology
39 Soft biological interfaces largely comprise fragile yet protective three-dimensional 
40 networks of hydrophilic biopolymers, or mucin gels. These gel-spanning networks act as 

Page 5 of 21 Journal of Materials Chemistry B



Chau et al.

page 6

1 mechanical fuses at high shear rates and dissipate energy at a safe distance from the 
2 mechanosensitive epithelium below. For healthy individuals, mucin gel layer thicknesses range 
3 from ~5 µm in the ocular tear film 61, 10-20 µm in airways62, and >500 µm in the intestines 63. The 
4 measured mesh size 64, or average spacing between neighboring polymer chains in mucin gels, is 
5 approximately 100-500 nm 62. A more straightforward measurement (yet not without its 
6 challenges) is water content, which is typically 90-98% for most mucosal surfaces 65.  This method 
7 facilitates tribological comparisons across very different systems, for instance: mucus (biopolymer 
8 hydrogels) and synthetic hydrogels (Figure 3).
9 Hydrogels have been widely used across mechanobiology 66–68 rheology69, and tribology 

10 70,71 studies due to their high water content, transparency, tunable mechanical properties, and ease 
11 of polymerization. Recent studies have suggested that a single parameter, the polymer mesh size, 
12 ξ, drives not only the mechanical and transport properties 64, but also the lubrication properties of 
13 hydrogels 72. Increasing the mesh size increases the water content, decreases the elastic modulus, 
14 and decreases the friction coefficient. 
15
16 Tools for biotribology
17 Hertzian contact mechanics dictates that the composite elastic modulus, E*, sets the contact 
18 pressure, P (P ~ E*2/3). Thus, even qualitatively “soft” hydrogels may impart signigicant contact 
19 pressures in excess of 10’s of kPas on living cell layers (the elastic modulus of which are typically 
20 10’s of kPas 73), effectively rupturing cell membranes upon first contact. Achieving 
21 physiologically-relevant contact pressures for biotribological studies requires completely different 
22 probe geometries. Within the limit of low forces, spherical shell membrane probes74 leverage 
23 membrane mechanics to set constant contact pressures (typically around 1 kPa) regardless of 
24 fluctuations in applied normal load during tribological testing on living cell layers (Figure 4). 
25 Contact pressures may be calculated from controlled indentations on an inverted widefield 
26 fluorescence microscope. Hydrogel membrane probes may be molded or 3D printed 75–78 and the 
27 geometry is compatible with several types of materials, including polyacrylamide (PAAm), 
28 polyethylene glycol (PEG), polyhydroxyethylmethacrylate (PHEMA), poly(N-
29 isopropylacrylamide) (PNIPAm), and even non-aqueous materials like 
30 polydimethylsiloxanesilicone (PDMS) and silicones. Spherical shell membrane probes may also 
31 be manufactured from actual soft implant materials (e.g., contact lens strips).  In this work, 
32 hydrogel membrane probes were molded from PAAm. Membrane probes may be fabricated with 
33 a range of thicknesses, t, to target desired contact pressures, P, against extracellular matrix 
34 components, cells, cell layers, and tissues. Friction coefficients, µ, measured during sliding 
35 experiments, are multiplied by the contact pressure to calculate frictional shear stress. While the 
36 elastic modulus (P ~ E) and the friction coefficient (τ ~ µ) may also affect the contact pressure and 
37 frictional shear stress, respectively, the dependence on probe thickness is much greater (P, τ ~ t2). 
38
39
40

Page 6 of 21Journal of Materials Chemistry B



Chau et al.

page 7

1 Molecular biotribology: A window into cellular mechanotransduction
2 Biotribometers are instruments designed to measure normal and friction forces of 
3 biological materials (cells, cell layers, and tissues) with micronewton precision and have been 
4 described previously79 (Figure 5a). These custom-built instruments are designed with an integrated 
5 incubation chamber to maintain cell culture conditions during extended duration sliding 
6 experiments (1 mm/s sliding speeds, upwards of 10,000 reciprocating cycles32).  Soft hydrogel 
7 membrane probes have been frequently used to contact and slide against living cell layers.  Corneal 
8 epithelial cells have frequently been selected for biotribology studies because cornea-eyelid and 
9 the cornea-contact lens sliding interfaces may be approximated as sphere-on-flat reciprocating 

10 contacts. Human telomerase-immortalized corneal epithelial (hTCEpi) cell monolayers80 are 
11 excellent candidate cells for biotribology studies due to their similarities to their natural analogs 
12 in growth, proliferation, differentiation,  and secretion of transmembrane mucins MUC1, MUC4, 
13 and MUC16. These hTCEpi cells  are cultured and plated according to previous methods33 within 
14 a custom differential culture dish. This design separates two identical cell populations to compare 
15 changes in gene expression in response to frictional shear stresses with a reference using molecular 
16 biology techniques, including reverse-transcriptase quantitative polymerase chain-reaction (RT-
17 qPCR) (Figure 5b).  Following targeted frictional shear stresses of τ = 30 Pa, gene expression 
18 between the testing and reference cell populations are largely unchanged from baseline control 
19 measurements (within 100% change) compared to a housekeeping gene β-actin (Figure 5c). 
20 However, increased frictional shear stresses τ = 60 Pa induces significant increases in both pro-
21 inflammatory (IL-1β, IL-6, MMP9) and pro-apoptotic (DDIT3, FAS) genes linked to pathological 
22 pain81,82 (Figure 5d).  The findings herein suggest that pro-inflammatory and pro-apoptotic gene 
23 expression also increases with increased sliding duration (from 1.5 h to 5.5 h) yet it is clear that 
24 the magnitude of frictional shear stress is the predominant driver. Despite the limitations of these 
25 experiments (tests were performed in monolayer, homogenous monoculture, and against 
26 fibronectin-coated glass coverslips), these in vitro results suggest that in vivo immunomodulation 
27 may be tractable through rational surface design of implant materials. 
28 Recent unpublished studies have also utilized enzyme-linked immunosorbent assays 
29 (ELISA) to sample growth media prior to, during, and following tribological experiments.  Other 
30 studies have used fluorescence microscopy to identify the onset and progression of apoptosis in 
31 cell monolayers in situ via live-cell staining, finding no increase in cell death for pure compression 
32 (τ = 0 Pa) and a clear threshold of τ = 40-60 Pa for the initiation of apoptosis 27.  Future studies 
33 may also utilize flow cytometry, Western blots, or additional molecular biology techniques to 
34 examine gene expression changes arising purely from frictional shear stresses.
35
36 Designing for Biocompatibility
37 It is well understood that there is no such thing as a biocompatible material 83. Instead, 
38 designing for biocompatibility involves the informed design of biocompatible systems.  In addition 
39 to the guidance enclosed in International Standard ISO 10993-1, "Biological evaluation of medical 
40 devices - Part 1: Evaluation and testing within a risk management process" the results of recent 
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1 studies27,33 warrant further consideration of cellular responses to direct contact and frictional shear 
2 stresses. It may be illuminating to revisit all FDA-approved materials for soft implants and evaluate 
3 them based on their tribological behavior when sliding against cell layers and cell multilayers in 
4 co-culture (e.g., with fibroblasts, known to mediate inflammatory responses in vivo 84). 
5 In the interim, reducing deleterious impacts of biomaterials -- both chemically and 
6 physically -- interacting with endogenous cells, cell layers, tissues, and organs, is of paramount 
7 importance. A bio-inspired approach involves borrowing design rules from nature and applying 
8 them to new materials and interfaces. Recently, reducing contact pressures and frictional shear 
9 stresses at the surface while maintaining stiffness within the bulk of the material has recently been 

10 achieved by means of near-substrate gel polymerization 70,85–88 and by delamination of gel surface 
11 layers89.  Free-radical polymerization inhibition has recently been used to fabricate gradient 
12 surface gels with very high-water content at the superficial layer (Figure 6a).  Previous studies 
13 showed that the sliding interface of two self-mated or “Gemini” hydrogels, albeit one with a 
14 gradient gel structure, is considered “superlubricious” with friction coefficients as low as µ = 
15 0.001.  In comparison, a bulk Gemini interface of the same initial polymer concentration (7.5 wt.% 
16 PAAm) but without the hierarchical gel-spanning network has a friction coefficient about an order 
17 of magnitude above, µ = 0.01 (Figure 6b).  Nanoindentations of the superficial and bulk layers of 
18 the hydrogel with a spherical silica probe (5 µm radius) indicate that the gradient surface gel may 
19 be about 20 times softer than the bulk (Figure 6c, d).  This synthetic, “cell-inspired” material was 
20 structurally complex and compositionally-graded, and exhibited the stiffness of a typical 
21 mammalian cell in the bulk (~20 kPa), yet the softness of a fully swollen mucin gel network at the 
22 surface (<1 kPa).
23 Recent characterization efforts through atomic force microscopy have identified that the 
24 “gradient surface gel” at the superficial region displays marked contact hysteresis during 
25 nanoindentation, possibly due to poroelastic or viscoelastic responses during loading, which agrees 
26 with previous efforts by other groups90,91 yet the complex interplay between hydrophilic polymers 
27 of the hydrogel network and water (the solvent and the major phase of the gradient surface gel 
28 network) complicates a classical treatment of the contact mechanics, and necessitates further study.
29
30 Concluding remarks

31 Aqueous biological interfaces are extremely soft and slippery. Nature designs 
32 biocompatible material systems with extremely high-water content and thus high mesh size at the 
33 surface to promote lubricity where it is needed, and lower water content and lower mesh size at 
34 the subsurface to maintain mechanical and barrier properties.  Aqueous gel surfaces in biology are 
35 often soft and compliant, which further diminish shear stresses and thus friction coefficients. Low 
36 shear stress is typically accompanied by a quiescent immune response, and may decrease rates of 
37 reported discomfort and/or pain in case an implant must be introduced to improve form or function.
38
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Fig. 1 a) Illustration of a canonical lubricated interface between two rough surfaces in sliding contact 
subjected to friction Ff and normal Fn forces. The ratio of these forces is the friction coefficient. In the 
event of insufficient fluid film lubrication, high points, or asperities, on opposing rough surfaces may 
collide and generate wear debris. b) Schematic of four classical lubrication regimes defined either in 
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terms of the extent of asperity contact or fluid load support and accompanied by typical ranges of friction 
coefficients. c) In contrast, aqueous gel surfaces can exhibit “hydrodynamic-like” friction coefficients 
despite dynamic, blurred interfaces over large contact areas. d) Aqueous gel lubrication is still uncharted 
on the Stribeck curve, although several groups have put forth tremendous efforts in this area 70,71,91–98. 
Adapted from Ref. 99 with permission from the Royal Society of Chemistry.
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Fig. 2 Cells may sense and respond to mechanical stimuli via multiple mechanosensitive biological 
components, several of which are depicted in a representative cell. External components include the 
glycocalyx, stretch-activated ion channels (SAC), cell-surface receptors, cell-cell or cell-matrix adhesion 
complexes. Internal components include the nucleus, cytoskeletal filaments, crosslinking proteins, and cell-
signaling (autocrine/paracrine) molecules. Although the majority of mechanotransduction pathways to date 
have been investigated experimentally by applying tissue strains (compressive/tensile stresses) or fluid 
shear stresses across endothelial cell layers there is growing evidence that frictional shear stresses (τ = µP) 
may also activate mechanobiological machinery in epithelial cell layers 27,33. Adapted by permission from 
24Springer Nature: Mechanotransduction Gone Awry.  Jaalouk DE and Lammerding J. Nat Rev Mol Cell 
Bio 2009; (10):63-73. License Number: 4780581421161
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Fig. 3 The mechanical and transport properties of aqueous gels are controlled by a single parameter, the 
mesh size, ξ, which can be measured by small-angle X-ray scattering (SAXS). a) Increasing the 
characteristic mesh size of polyacrylamide hydrogels increases the water content. The inset illustrates the 
characteristic mesh size of a three-dimensional crosslinked hydrogel network 72. Water content across 
various mucosal surfaces is typically 90-98% 65. b) Increasing the mesh size dramatically decreases the 
elastic modulus with a -3 power-law scaling, as measured by microindentation using a solid hydrogel probe 
(radius of curvature, R = 2 mm) and a hydrogel disk (>4 mm thick, 30 mm radius) in a twinned or “Gemini” 
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configuration. The effective elastic modulus for each experiment was calculated from force-displacement 
curves of Gemini interfaces using Johnson-Kendall-Roberts (JKR) theory; maximum applied load, Fn = 2 
mN, Poisson’s ratio, ν= 0.5. These results largely agree with de Gennes’ predictions of elastic modulus 
scaling with mesh size to the inverse cubed power 64. c) Increasing the mesh size decreases the friction 
coefficient with an inverse power-law scaling 72. Adapted by permission from 72 Elsevier: Mesh Size 
Control of Polymer Fluctuation Lubrication in Gemini Hydrogels. Urueña JM, Pitenis AA, Nixon RM, 
Schulze KD, Angelini TE, Sawyer WG. Biotribology 2015; (1):24-29. License Number: 4780591083362
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Fig. 4 Soft yet solid hydrogel probes (radius of curvature, R = 2 mm) impart exceedingly high Hertzian 
contact pressures to living cell layers, often leading to cell rupture. Instead, physiologically-relevant contact 
pressures may be achieved through hydrogel probes with spherical-cap membrane geometry. For a 
centrally-loaded spherical shell, the deflection, δ, is inversely related to the applied normal force, Fn; 
therefore, neither the contact pressure, P, nor frictional shear stress, τ, are functions of normal force 100,101. 
Following Roark’s analysis for a spherical shell membrane probe of radius of curvature R = 2 mm and 
Poisson’s ratio of ν= 0.5 gives predictions for b) reducing contact pressures, either by reducing the 
membrane probe thickness, t, or by reducing the elastic modulus, E. and c) reducing frictional shear stresses, 
either by reducing the membrane probe thickness, t, or by reducing the friction coefficient, µ.
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Fig. 5 a) Tribological tests were performed using a custom biotribometer, which applied normal forces to 
living cell layers with hydrogel membrane probes (E = 20 kPa, t 30 Pa = 0.8 mm and t 60 Pa = 1 mm), and 
measured friction forces during sliding in culture-like conditions (37 °C, 5% CO2, and > 80% relative 
humidity).  b) Roughly 200,000 human telomerase-immortalized corneal epithelial cells (hTCEpi) were 
plated on fibronectin-coated glass coverslips in each well of custom differential culture dishes and 
following tribological experimentation their gene expression profiles were compared to reference cell 
populations in adjacent yet isolated wells.  c, d) Real time quantitative PCR analysis of RNA indicated that 
genes associated with the production of proinflammatory cytokines (IL-1β, IL-6, MMP9) and apoptosis 
(DDIT3, FAS) are upregulated within 900 sliding cycles (5.5 h).  The degree of upregulation increased with 
increasing frictional shear stress (τ = 30 Pa to 60 Pa) and duration of sliding (1.5 h to 5.5 h), although the 
magnitude of frictional shear stress appears to be the predominant driver. Dashed line corresponds to noise 
threshold. Adapted by permission from 33Springer Nature: Friction-Induced Inflammation.  Pitenis AA et 
al. Trib Lett 2018; (66). License Number: 4780600009816
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Fig. 6 a) Like many mucosal surfaces, synthetic gradient surface gels with a very high mesh size at the 
sliding surface may exhibit superlubricity, or ultra-low friction coefficients (µ < 0.01) in Gemini 
configurations 102. b) “Gradient surface gels” (blue circles) exhibit much lower friction coefficients than 
aqueous gels polymerized with the same precursor solution but molded against flat polystyrene surfaces 
(“bulk”, brown circle) 102. c) Serial nanoindentations of increasing normal force (corresponding to lighter 
curves) show that the bulk (brown) exhibits uniformly Hertzian contact mechanics, whereas the gradient 
surface gel (blue) exhibits hysteretic and non-Hertzian contact mechanics. d) Nanoindentations suggest that 
gradient surface gels (blue circles) may be an order of magnitude softer than the bulk (brown circles).
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