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Abstract  
 

Glaucoma is the leading cause of irreversible blindness worldwide. Surgical 

interventions are frequently necessary to lower the intraocular pressure (IOP) and do so 

by creating a new channel for aqueous humour to drain into the subconjunctival space. 

This channel can be formed by performing a glaucoma filtration surgery (GFS) or by 

implanting a glaucoma drainage device (GDD). However, excessive scarring at the 

surgical site blocks aqueous outflow, elevates IOP, and results in treatment failure. 

Drugs injected locally to control scarring rapidly clear from the subconjunctiva, and 

current implants are susceptible to a foreign body response. This work investigated 

strategies that could improve the outcomes of these current glaucoma interventions.  

First, drug-eluting spacers were formulated using established biocompatible 

materials to prolong drug release in conditions representing the subconjunctival space 

post-GFS or GDD implantation. Of these formulations, the spacer containing non-ionic 

surfactant, Brij 98, at a concentration of 1.25% w/v was able to prolong the release of 

dexamethasone from poly(2-hydroxyethyl methacrylate) pHEMA hydrogels significantly 

longer (>30 days) than hydrogels containing no surfactant (<7 days) at therapeutically 

relevant drug concentrations in vitro. 

Next, engineering principles were applied to inflated elastomeric membranes, 

which provided novel insights into considerations needed to design a novel ophthalmic 

drug delivery pump. Pocket geometry and material properties had a significant impact 

on internal pressure and subsequent pump function. Modelling data supports the 

feasibility of elastomeric pumps for prolonged subconjunctival drug delivery. 

Finally, an alternative mechanism of IOP control was investigated. Novel and 

established hydrogel formulations were evaluated for aqueous permeability and 

mechanical integrity. Despite evidence to suggest the feasibility of hydrogels to 

modulate aqueous flow, the in vitro permeability of hydrogel candidates was 

determined to be too low to maintain optimal IOP. Furthermore, hydrogel permeability 

tended to negate its mechanical integrity, making them unsuitable candidate materials 

for GDD development. 
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Impact Statement  

In an ever-ageing population, the chronic burden of glaucoma is increasing, and 

the World Health Organization estimates that 70 million people are affected by this 

disease worldwide. Pharmacological treatments in the form of eye-drops are the first 

line of treatment to lower intraocular pressure (IOP) to prevent irreversible vision loss, 

but poor-efficacy and low patient compliance necessitate surgical intervention. 

Glaucoma surgery halts disease progression by creating an artificial opening for aqueous 

humour drainage and lower IOP, but post-operative scar formation increases the failure 

rate of this therapy. This work investigated strategies that could improve the outcomes 

of these current glaucoma interventions. 

Strategies were explored to formulate drug-eluting implants to prolong drug 

delivery of commonly used anti-inflammatory drugs in the subconjunctival space. Such 

an approach could prove beneficial in modulating post-surgical wound healing in 

glaucoma patients and improve surgical outcomes. Further research in this area could 

be aimed at characterising this drug-spacer system with different drug-polymer 

combinations, depending on the intended indication. The use of such an implant might 

further be extrapolated to different indications requiring localised drug delivery in 

different parts of the body, minimising the potential for systemic side effects. 

Next, crucial relationships governing fluid-release from elastomeric pockets 

were elucidated that could be directly applied for the development of an elastomeric 

pump device. Currently, no such pump has been approved for human use, and the 

findings from this thesis could be used to advance the research in mini-pump design that 

is implantable in the subconjunctival space. The experimental results were based on the 

analysis of larger pockets, but through scaling analysis and data modelling, 

recommendations were provided for designing implantable elastomeric pumps. 

However, a scaled-down examination of elastomeric pockets is warranted to confirm 

the relationship coefficients that have been reported in this thesis and further work in 

this direction is underway.  

Finally, biocompatible materials were explored for glaucoma drainage device 

(GDD) development. Novel and established hydrogels were assessed for their potential 

to modulate the aqueous flow in the eye. Contrary to previous studies that have 

reported significant effects of chemical modification on the hydrogel permeability, in 
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most cases, statistically significant improvements in permeability were not observed. 

The permeability results were somewhat counterintuitive and raised intriguing 

questions regarding the nature and extent of water flow through hydrogels and the 

distinct separation of two phenomena; water flow and water absorption. Even though 

some hydrogels modulated water flow that was close to the flow of aqueous humour in 

the eye, these candidate materials failed to meet the criteria for clinical-handling. 

Further research to disseminate the differences in the underlying mechanisms involved 

in water transport and water absorption in hydrogels would be of merit. This would help 

to achieve a better understanding of the molecular interactions involved between water 

and biomaterials, which could aid in the more precise regulation of water permeability 

by using these biomaterials, making them even more useful to ongoing GDD 

development.  

The original research described in this thesis has been presented at international 

conferences and published in peer-reviewed journals. 
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released 88.2% of DEX loaded in fewer than 7 days. There was a significant difference in 
drug release between all Brij 98-loaded DEX-pHEMA hydrogels and the hydrogels without 
Brij 98 (p<0.05), and there was a significant difference in drug release between all Brij 98 
concentrations (p<0.05), except for between 1.25% and 3.75% Brij 98 (p=0.09). 109 

Figure 2-23. Data from in vitro drug-release experiments using DEX-loaded pHEMA hydrogel 
discs containing varying concentrations of Brij 98 (0%, 1.25%, 3.75%, 7.5%, 10%) were 
transformed and plotted to fit the Korsmeyer-Peppas model. This graph shows data fitting 
to log [data for Җ60% drug released] versus log [time (days)]. 110 

Figure 2-24. Laser diffraction results (R) showed a unimodal particle size distribution of the fine 
cross-linked pHEMA powder (L) with the average ±SD median particle diameter (Dv50) for 
the powder was 64.2 ±0.6 µm. 111 

Figure 2-25. Upon adding water to the Eppendorf tubes containing 2 mm hydrogel tablets, they 
disintegrated quickly, forming gel like microstructures surrounding the insoluble DEX. This 
figure shows the 2 mm tablet (A) after being ejected out of the tablet die. Disintegration 
of the tablet is shown at 10 seconds (B), 1 minute (C) and 5 minutes (D). 112 
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Figure 2-26. Upon adding water to the Eppendorf tubes containing 3 mm hydrogel tablets, they 
too disintegrated quickly forming heterogeneous, gel like microstructures surrounding the 
insoluble DEX. The figure above shows the 3 mm tablet (A) after being ejected out of the 
tablet die. Disintegration of the tablet is shown at 3 minutes (B). 112 

Figure 2-27. DOX-chitosan solutions transitioned to hydrogels at 37°C. The solution of chitosan 
after the addition of GP during agitation (left) transitioned to a viscous hydrogel after the 
solution was heated to 37°C, and the same stirrer can be seen suspended in the hydrogel 
(right). 113 

Figure 2-28. SEM images of DOXmonohydrate-encapsulated chitosan hydrogels at (A) 500x 
magnification and (B) at 5,000x magnification, and DOXhyclate-encapsulated chitosan 
hydrogels at (C) 500x magnification and (D) at 5,000x magnification performed under a 
vacuum. DOXmonohydrate ςchitosan hydrogels contained a few small aggregates on the 
surfaces, which could be attributed to either chitosan or DOXmonohydrate phase-separating 
from the bulk hydrogel structure. DOXhyclate-chitosan hydrogels displayed no visible 
aggregates. 114 

Figure 2-29. The concentration of DOX monohydrate released (A) and cumulative percent 
release (B) of DOX monohydrate from 2.5% w/w chitosan hydrogels over time. Chitosan 
hydrogels released 77.3 ±8.2% of the total DOX monohydrate amount added in seven days.
 115 

Figure 2-30. The (A) concentration released and (B) cumulative release percent of DOX hyclate 
from 2.5% w/w chitosan hydrogels over time. Chitosan hydrogels released 90.8 ±2.7% of 
the total DOX hyclate amount added in 72 hours. 116 

Figure 2-31. Digital microscope images of electrospun fibres formulated with 20% w/w PCL and 
DOX monohydrate with poloxamer 407 (A) and 188 (B).The scale bars are 200 µm. 
Diameter distribution analysis suggested that PCL-DOX fibres formulated with 407 had a 
larger average diameter (2.58 ±0.4 µm) as compared with those formulated using 188 (1.78 
±0.51 µm). 117 

Figure 2-32. The concentration released (A) and cumulative release percent (B) of DOX 
monohydrate from electrospun fibres of PCL with poloxamer 188 and 407 over time. Drug 
release experiments using electrospun PCL with poloxamer 188 and 407 showed a 
sustained release of DOX monohydrate for five and seven days, respectively. 
Concentration of drug release between PCL-poloxamer 188 fibres and PCL-poloxamer 407 
fibres was not statistically significant (p>0.05). PCL-poloxamer 188 fibres released 
significantly more DOX monohydrate than PCL-poloxamer 407 fibres (p<0.05). 118 

Figure 2-33. The concentration released (A) and cumulative release percent (B) of DOX 
monohydrate from solvent cast PCL-poloxamer 188 and PCL-poloxamer 407 spacers over 
time. Drug release experiments using solvent cast PCL-poloxamer 188 and PCL-poloxamer 
407 spacers showed a sustained release of DOX monohydrate (<11 days). Concentration of 
drug release between solvent cast PCL-poloxamer 188 and solvent cast PCL-poloxamer 407 
was not statistically significant (p>0.05). Solvent cast PCL-poloxamer 188 spacers released 
significantly more DOX monohydrate than solvent cast PCL-poloxamer 407 spacers 
(p<0.05). 120 

Figure 2-34. Brij 98 has a hydrophobic tail made of 18 carbon polymethylene chain and a 
hydrophilic head made of 20 polyoxyethylene groups. Above the CMC value, the 
oxyethylene head groups form a barrier between the hydrophobic core and aqueous 
environment (3D model generated using JSmol). 123 

Figure 2-35. A schematic of the Brij 98-loaded DEX-pHEMA hydrogel spacer. In the matrix of 
hydrogels, surfactants may exist in three different forms; a free form that constitutes of 
surfactants that do not interact with the polymer or other surfactant molecules, a second 
form where the surfactant molecules interact with polymer and a third form is where they 
exist as micelle aggregates with hydrophobic cores. Similarly, DEX exists in three forms 
inside the hydrogel matrix; free form, adsorbed on to the polymer and inside the 
hydrophobic cores of the micelle aggregates. Since the hydrophobic cores of micelles 
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provide thermodynamically stable sites for DEX, the majority of the drug lies in the 
hydrophobic micelle aggregates. This added barrier to drug diffusion would prolong drug-
release from the hydrogel spacer. 132 

Figure 2-36. A schematic showing a hydrogel disc spacer implanted at the site of surgery after 
GFS (or GDD). If optimal drug-release kinetics were to be achieved in vivo from this drug-
surfactant-hydrogel spacer, the spacer has the potential to modulate wound healing and 
improve the success of the surgery. 136 

Figure 2-37. The Brij 98-DOX-HEMA mixture failed to polymerise when initiated by UV. 141 
Figure 2-38. Electrospun DOX-PCL droplets without the addition of poloxamers, observed using 

digital microscopy. After electrospinning, droplets of DOX-PCL solution were deposited on 
the collector plate, and it appears that poloxamers are required to increase the viscosity in 
order to form fibres in the electrospinning conditions used in the present work. 144 

Figure 3-1. Each silicone membrane sample was cut into a dog-bone shape (A) before being 
placed into the electromagnetic actuator (B) for tensile testing. The tested samples were 
4 mm wide and 15 mm long. The maximum load applied was 225 N with a uniaxial 
displacement (stretching) of 6.5 mm and a resolution of 1 nm. Each uniaxial tensile test 
(n=3 for each membrane) was performed at a rate of 0.1 mm s-1 160 

Figure 3-2. The experimental set-up for inflation of elastomeric sheets using dyed water clamped 
between clear acrylic plates. The top plate had a hole cut for inflation, the bottom plate 
had an injection for inlet of liquid. 162 

Figure 3-3. A schematic of the experiment analysing the deflection in the pocket height, ɲH, of 
a fixed radius, R, when a pressure head of water is changed, ɲP, with time. When ɲP is low 
(left), there is smaller pursing of the pouch, and when ɲP is higher (right), there is larger 
pursing of the pouch. Dyed water is used to image the deflection using a diffused light 
source kept under the pocket. 163 

Figure 3-4. A schematic of an elastic pocket of radius ╪ in the initial pursed state (A) with a 
uniform internal pressure ╟, which is compressed (B) by uniformly applying a static force 
╕Ἣ on the top of the pocket, changing the internal pressure of the pocket, ╟Ἣ. 165 

Figure 3-5. The experimental setup for deflation of pursed elastomeric sheets, clamped between 
clear acrylic plates. The top plate had a hole (radius 10 mm) cut for inflation, the bottom 
plate had an injection for inlet and outlet of liquid). The inlet tube was connected to a 
pressure transducer to measure the internal pressure of the elastomeric purse. The outlet 
tube would empty into a beaker placed on a weighing balance to measure the volume of 
liquid released. 166 

Figure 3-6. A general schematic for the experimental setup used in the experimental work for 
this chapter. After the silicone membranes were characterised for stiffness, the 
experimental work was undertaken in three main parts. 1. Inflation of pockets (circles and 
squares of varying sizes) with dyed water to study the deformation in the pocket height 
(using an optical photographic method) and internal pocket pressure (using a pre-
calibrated pressure transducer). 2. Compression of inflated pockets (circles) to study the 
relationship between compressive forces (applied uniformly on the top of the pocket using 
custom made cylindrical weights) and the change in internal pocket pressure (using a pre-
calibrated pressure transducer). 3. Deflation of pockets (circle) to understand the 
relationship between internal pocket pressure (using a pre-calibrated pressure transducer) 
and flow rate of fluid released (using a weighing balance) through an outlet attached with 
a known resistance. Please note; the pocket outlet with resistance was open only in the 
case of deflation experiments. 168 

Figure 3-7. Seven hypothetical single-chamber elastic pockets of radius ╡ = 10 mm and 
maximum displacement ╗ = 6 mm were used for modelling fluid release from a 
hypothetical pump. The maximum (max change depicted in red) and minimum (min change 
ŘŜǇƛŎǘŜŘ ƛƴ ƎǊŜŜƴύ ǾŀƭǳŜǎ ƻŦ ƳŀǘŜǊƛŀƭ ȅƻǳƴƎΩǎ ƳƻŘǳƭǳǎ ╔ (Emax and Emin) (A, B) and 
thickness ╣ (Tmax and Tmin)(C, D) of elastomeric sheets, and diameter ╓ (Dmax and Dmin) 
(E, F) of an outlet tube was fixed based on commercially available materials. Finally, a 
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hypothetical optimal pump with same dimensions (╗ and ╡) and optimal values (Optimal) 
(G) for ╔ȟ╣ȟ╓ and ╛ for prolonging drug release was modelled for fluid release. The blue 
arrows indicate direction of fluid release from the outlet tube. 171 

Figure 3-8. Engineering stress, ♯, and engineering strain, , were measured for 0.8 mm thick 
silicone sample. The linear slope of the data points shown above was used to calculate the 
ǾŀƭǳŜ ŦƻǊ ¸ƻǳƴƎΩǎ ƳƻŘǳƭǳǎΣ ╔ (MPa). 172 

Figure 3-9. Images used for calibration of the height (in mm) of dyed water optical intensity 
(greyscale). For (A) height 0 mm, the greyscale was 135 ±4.1, for (B) height 1.65 mm, the 
greyscale was 120.5 ±4.3, and for (C) height 3.3 mm, the greyscale was 106.2 ±3.8. 173 

Figure 3-10. Calibration test showing the correlation between height and light intensity 
determined optically, the error was less than 3.5%. 174 

Figure 3-11. Images of the circular elastomeric pockets with a silicone sheet (thickness 0.5 mm 
ŀƴŘ ¸ƻǳƴƎΩǎ ƳƻŘǳƭǳǎ ƻŦ мΦнпм atŀύ ǇǳǊǎŜŘ ǿƛǘƘ ǇǊŜǎǎǳǊŜ ƻŦ сллрΦт tŀ ǎƘƻǿƛƴƎ (A) a 
colour photograph of the pocket. In (B) and (C) the black-and-white image recorded by the 
camera and the post-processed image with the greyscale are shown. 174 

Figure 3-12. The 2D planar (top panel) and the 3D elevated view (bottom panel) of the 
ŜȄǇŜǊƛƳŜƴǘŀƭ ŘŜŦƭŜŎǘƛƻƴ ǇǊƻŦƛƭŜ ƻŦ ŀ ǎƛƭƛŎƻƴŜ ǎŀƳǇƭŜ όǘƘƛŎƪƴŜǎǎ лΦр ƳƳ ŀƴŘ ¸ƻǳƴƎΩǎ 
modulus of 1.241 MPa) obtained using the optical method. The silicone sheet was clamped 
to form circular pursed pocket (radius 10 mm and internal pressure 4500.5 Pa). 175 

Figure 3-13. The 2D planar (Top) and the 3D elevated view (bottom) of the experimental 
ŘŜŦƭŜŎǘƛƻƴ ǇǊƻŦƛƭŜ ƻŦ ŀ ǎƛƭƛŎƻƴŜ ǎŀƳǇƭŜ όǘƘƛŎƪƴŜǎǎ лΦр ƳƳ ŀƴŘ ¸ƻǳƴƎΩǎ ƳƻŘǳƭǳǎ ƻŦ мΦнпм 
MPa) obtained using the optical method. The sample was clamped to form a square pursed 
pocket (side 40 mm and internal pressure 1070.8 Pa). 176 

Figure 3-14. Differences in the deflection, ╗ at different pressures, ╟ using silicone sheets off 
different thicknesses, ╣ for pursing circulŀǊ ǎƘŀǇŜŘ ǇƻŎƪŜǘǎ ǿƛǘƘ ǊŀŘƛǳǎ нл ƳƳ ŀƴŘ ¸ƻǳƴƎΩǎ 
modulus, ╣ 1.241 MPa. The displacement height, ╗ decreased with the increase in material 
thickness, ╣ at similar pressure, ╟ and pocket size. 178 

Figure 3-15. Differences in the deflection. ╗ at different pressure, ╟ using silicone sheets for 
ǇǳǊǎƛƴƎ ŎƛǊŎǳƭŀǊ ǎƘŀǇŜŘ ǇƻŎƪŜǘǎ ǿƛǘƘ ǊŀŘƛƛ ƻŦ мл όwмύ ŀƴŘ нл ƳƳ όwнύ ŀǘ ¸ƻǳƴƎΩǎ ƳƻŘǳƭǳǎΣ 
╔ 1.241 MPa for 0.5 mm thickness (A) and 1.72 mm thickness (B). Deflection increased 
with the size of the pocket. 179 

Figure 3-16. Variation of the dimensionless maximum deflection ╗╣ with the dimensionless 
pressure ╟╡ ╔╣ for simply connected circular shapes obtained experimentally for a 
range of silicone samples (see Table 3-3 for legend). The black curve is the analytical result 
(published data, Bouremel et al 2017) for the bending regime and the blue curve is the 
numerical result for stretching regimes, obtained using finite element analysis (published 
data, Bouremel et al 2017). Each experimental data point is reported as average ±error 
(n=3). 180 

Figure 3-17. Differences in the deflection, ╗ at different pressure, ╟ using silicone sheets for 
pursing square shaped pockets of membrane thickness 0Φр ƳƳΣ мΦс ƳƳΣ ¸ƻǳƴƎΩǎ ƳƻŘǳƭǳǎΣ 
╔ 1.241 MPa for sides 20 mm (A) and 40 mm (B). The displacement height, ╗ decreased 
with the increase in material thickness, ╣ at similar pressure, ╟ and pocket size. 181 

Figure 3-18. Differences in the deflection, ╗ at different pressure, ╟ using silicone sheets for 
pursing square shaped pockets with sides, ╪ нл ό{нлύΣ пл ƳƳ ό{плύΣ ¸ƻǳƴƎΩǎ ƳƻŘǳƭǳǎΣ ╔ 
1.241 MPa for 0.5 mm, 1.6 mm sheet thickness (A) ŀƴŘ ¸ƻǳƴƎΩǎ ƳƻŘǳƭǳǎ мΦммн atŀ ŦƻǊ 
1.72 mm sheet thickness (B). The displacement height, ╗ increased with the increase in 
pocket size at similar pressure, ╟, and material thickness, ╣Σ ŀƴŘ ¸ƻǳƴƎΩǎ ƳƻŘǳƭǳǎ ╔. 182 

Figure 3-19. Variation of the dimensionless maximum deflection ╗╣ with the dimensionless 
pressure (╟╪ ╔╣) for simply connected square shapes obtained experimentally for a 
range of silicone samples (see Table 3-3 for legend). The black curve is the analytical results 
for bending regimes and the blue curve is the numerical results for stretching regimes, 
obtained using finite element analysis, verifying the experimental values (published data, 
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Bouremel et al 2017). Each experimental data point is reported as average ±error (n=3)
 183 

Figure 3-20. Pressurised pocket at 4903 Pa with radius, ╪=20 mm, ╣=0.5 mm, ╔=1.241 MPa. 
Applied compressive force ╕╬ for (A) 0.24 N (B) 0.48 N, (C) 0.72N, (D) 0.95N, (E) 1.19N.
 184 

Figure 3-21. Variation of the internal pressure ╟╬/╟ of pursed pockets (see Table 14 for legend) 
of different thickness when under increasing compressive forces ╕╬/╟ ╪ . The 
relationship constant,  was calculated using the slope of the graph. 185 

Figure 3-22. A circular ǇƻŎƪŜǘ ǿƛǘƘ ǊŀŘƛǳǎ нл ƳƳΣ лΦр ƳƳ ǘƘƛŎƪ ǎƛƭƛŎƻƴŜ ƳŜƳōǊŀƴŜ ŀƴŘ ¸ƻǳƴƎΩǎ 
modulus 1.241 MPa was used for the deflation experiments. At the start of the experiment, 
inflated purse a with internal pressure 3000 Pa shows a deflection of purse height to 4.75 
mm, (A) at the end of the experiment, empty purse with no internal pressure has no 
deflection in height (B). 186 

Figure 3-23. The deflation profile of a purse shaped elastomeric pocket is shown. Flow rate, ╠ 
(mL s-1) and pressure, ╟ (Pa) as a function of internal volume (mL). For circular pocket with 
radius 20 mm, 0.5 mm thick, ╣ ǎƛƭƛŎƻƴŜ ƳŜƳōǊŀƴŜ ŀƴŘ ¸ƻǳƴƎΩǎ ƳƻŘǳƭǳǎΣ ╔ 1.241, the flow 
rate, ╠ was linearly proportional to the internal pressure, ╟ of the pocket. 186 

Figure 3-24. Fluid release was modelled from hypothetical single chamber pockets with fixed 
dimensions of ╡= 10 mm, ╗= 6 mm. For Emax, the parameters for sheet were ╣= 0.1 mm, 
maximum ╔= 5.25 MPa, and the dimensions of the outlet tube were ╓= 0.05 mm and L= 4 
m. The maximum volume released was 738.7 µL in 364.5 hours. For Emin the parameters 
for sheet were ╣= 0.1 mm, minimum ╔= 0.525 MPa, and the dimensions of the outlet tube 
were ╓= 0.05 mm and L= 4 m. The maximum volume released was 372.9 µL in 502.1 hours. 
For Tmax, the parameters for sheet were maximum ╣= 1.6 cm, ╔= 1.25 MPa, and the 
dimensions of the outlet tube were ╓= 0.05 mm and L= 4 m. The maximum volume 
released was 852.7 µL in 247 hours. For Tmin the parameters for sheet were minimum
 189 

Figure 3-25. Fluid release was modelled from hypothetical single chamber pockets with fixed 
dimensions of ╡= 10 mm, ╗= 6 mm. For Dmax, the parameters for sheet were ╣= 0.1 mm, 
╔= 1.25 MPa, and the dimensions of the outlet tube were maximum ╓= 0.25 mm and L= 4 
m. The maximum volume released was 544.3 µL in 0.8 hours. For Dmin the parameters for 
sheet were ╣= 0.1 mm, ╔= 1.25 MPa, and the dimensions of the outlet tube were minimum 
╓= 0.025 mm and L= 4 m. The maximum volume released was 544.8 µL in 7915 hours. For 
Optimal, the parameters for sheet were minimum ╣= 0.02 mm, ╔= 5.25 MPa, and the 
dimensions of the outlet tube were minimum ╓= 0.025 mm and L= 4 m. The maximum 
volume released was 513.7 µL in 8072 hours. 190 

Figure 3-26. Typical stress-ǎǘǊŀƛƴ ŎǳǊǾŜ ŦƻǊ ŀ ǘƻǳƎƘ ƎŜƭ ƛƭƭǳǎǘǊŀǘƛƴƎ ¸ƻǳƴƎΩǎ ƳƻŘǳƭǳǎ ό╔), breaking 
strength ( Ἢ), elongation at break (Ἢ) and work of extension (ἥἭὀ), figure adapted from 
(675) 192 

Figure 3-27. Simply connected circular elastomeric pockets were initially made by joining two 
silicone membranes of varying thickness and radius with silicone glue. A 26-gauge Terumo 
needle was used (ID 0.45 mm) as inlet for fluid. Row A shows circular pockets with radius 
10 mm, row B shows pockets of radius 22 mm C with radius 35 mm and row D shows doubly 
connected pockets of radius 45 mm with varying area of central clamping (internal 
diameter). 193 

Figure 3-28. Relative to the nose, the eyeball can be divided into four main quadrants, 
superonasal, superotemporal, inferonasal and inferotemporal. The rectus muscles (as 
shown in this schematic diagram) are responsible for the movement of the eye. 200 

Figure 3-29. A proposed schematic of a single pocket elastomeric pump that could be implanted 
under the conjunctiva, much like the current surgical technique used for GDD implantation. 
The rate of drug delivery could be controlled by changing the dimensions of the pump 
outlet and could be refilled once the drug reservoir has been emptied. Pump is not drawn 
to scale. 204 
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Figure 3-30. A proposed schematic of a double-pocket elastomeric pump that could be 
implanted under the conjunctiva, much like the current surgical technique used for GDD 
implantation. This pump would have the added advantage of being able to respond to 
external stimuli to tailor the drug release according to the therapeutic requirement. Pump 
is not drawn to scale. 205 

Figure 4-1. Chemical structure of 2-Methacryloyloxyethyl phosphorylcholine (MPC). 212 
Figure 4-2. Schematic diagram indicating how a protein (A) interacts with a foreign body. After 

an interaction with the surface, proteins may lose their own shell of hydration, denature 
and irreversibly bind to the surface, (B and C). In the case of a PC coated substrate, (D) the 
protein can still interact but the surface layer of water bound to the PC, but now it is 
energetically unfavourable for irreversible binding to occur, and the protein does not 
denature and activate an inflammatory response. 212 

Figure 4-3. Diagramme of the casting mould used for hydrogel preparations. The mould 
consisted of two 3 mm polypropylene sheets and a 1 mm thick silicone sheet between 
them. The mould was held together with binder clips and the polymer mixture was injected 
into the mould after degassing. 219 

Figure 4-4. Chemical synthesis of pHEMA-MPC hydrogel films by free radical polymerisation. The 
monomer, HEMA, and co-monomer, MPC, were mixed with cross-linker, EGDMA, to form 
a clear solution. The initiator, AIBN, was added, the formulation was degassed with argon, 
was injected into the casting moulds, and was placed in the oven at 70°C for 7 hours. Figure 
ǿŀǎ ƳŀŘŜ ǳǎƛƴƎ !/5Ωǎ /ƘŜƳ{ƪŜǘŎƘΦ 220 

Figure 4-5. Chemical synthesis of pHEMA-MPC hydrogel films by free radical polymerisation. The 
monomer, HEMA, and co-monomer, MPC, were mixed with cross-linker, EGDMA, to form 
a clear solution. The water-soluble initiator, APS, was added, the formulation was degassed 
with argon and injected into the casting moulds, and was placed in the oven at 70°C for 7 
hours. Figure was ƳŀŘŜ ǳǎƛƴƎ !/5Ωǎ /ƘŜƳ{ƪŜǘŎƘΦ 222 

Figure 4-6. Chemical synthesis of pHEMA-MPC hydrogel films by free radical polymerisation. The 
monomer, HEMA, and co-monomer, MPC, were mixed with rigid cross-linker, MBAM, to 
form a clear solution. The water-soluble initiator, APS, was added, the formulation was 
degassed with argon and injected into the casting moulds, and was placed in the oven at 
тлϲ/ ŦƻǊ т ƘƻǳǊǎΦ CƛƎǳǊŜ ǿŀǎ ƳŀŘŜ ǳǎƛƴƎ !/5Ωǎ /ƘŜƳ{ƪŜǘŎƘΦ 228 

Figure 4-7. Schematic of the experimental design used for introducing physical channels into the 
hydrogels via the addition of spacers. (A) Stainless steel wires 120 µm in diameter, (B) a 
glass capillary 0.2 mm thick, and (C) a stainless steel spatula with 0.5 cm x 2.5 cm 
dimensions were inserted into the casting mould before injecting 1015 polymer mixture 
and placing in the oven to polymerise. 231 

Figure 4-8. The two-piece closed-flow chamber that was used to test hydrogel discs for aqueous 
permeability is shown in use (A), and the different parts of the chamber (B). The design of 
ǘƘŜ Ŧƭƻǿ ŎƘŀƳōŜǊ ǿŀǎ ƳƻŘƛŦƛŜŘ ƻƴ ǘƘŜ ōŀǎŜ ƻŦ CǊŀƴȊ ŎŜƭƭǎΩ ŘŜǎƛƎƴΣ ǿƘƛŎƘ ƛǎ ŎƻƳƳƻƴƭȅ ǳǎŜŘ 
for skin permeation studies. 234 

Figure 4-9. The system used to apply a dynamic hydrostatic pressure across the hydrogel 
samples using a water column and the tube connecting it to the flow chamber kept in a 
water bath. The direction of flow of water is shown with navy blue arrows. 236 

Figure 4-10. The hydrogel discs were cut 3 mm from the edges to obtain a disc sample with 1 
cm width for mechanical testing (A). For twisting and stretching tests, the samples were 
clamped on the top and bottom with binder clips (B). 237 

Figure 4-11. IȅŘǊƻƎŜƭ ǎŀƳǇƭŜǎ ǿŜǊŜ ŦƻƭŘŜŘ ǎƻ ǘƘŜ ǎƻǊǘ ŜŘƎŜǎ ǿƻǳƭŘ ƳŜŜǘΣ ǎŀƳǇƭŜ ǿƻǳƭŘ ΨŦŀƛƭΩ 
the test if cracking or fracture was observed after manual folding. 238 

Figure 4-12. The twisting test was performed by holding the hydrogel sample at both ends using 
a binder clip, leaving a 1 cm of hydrogel sample in between the clips to be tested. The 
ǎŀƳǇƭŜ ΨŦŀƛƭŜŘΩ ǘƘŜ ǘŜǎǘ ƛŦ ŎǊŀŎƪƛƴƎ ƻǊ ŦǊŀŎǘǳǊŜǎ ǿŜǊŜ ƻōǎŜǊǾŜŘ ŀŦǘŜǊ Ƴŀƴǳŀƭ ǘǿƛǎǘƛƴƎ ƛƴ ōƻǘƘ 
directions and returning to normal (untwisted) position. 238 
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Figure 4-13. Photograph of the experimental set-up used for tensile testing of the hydrogel 
ǎŀƳǇƭŜǎΦ ¢ƘŜ ǎŀƳǇƭŜ ΨŦŀƛƭŜŘΩ ǘƘŜ ǘŜǎǘ ƛŦ ŎǊŀŎƪƛƴƎ ƻǊ ŦǊŀŎǘǳǊŜǎ ǿŜǊŜ ƻōǎŜǊǾŜŘ under 50 g of 
weight applied to stretch the sample. 239 

Figure 4-14. For assessing the aqueous permeability of hydrogel films, discs of 16 mm diameter 
each were punched out, as shown here. Discs were then placed in the flow chamber (FC) 
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 Introduction 

1.1. Glaucoma and its impact 

Glaucoma is defined as a group of optic neuropathies that are characterised by 

the progressive degeneration of retinal ganglion cells, causing structural changes to the 

optic nerve head and resulting in a gradual loss of the visual field in at least one eye (1). 

If not diagnosed and treated early, glaucoma will result in blindness as damage to the 

optic nerve is irreversible. Glaucoma is the leading cause of irreversible blindness 

worldwide (2ς4). 

It has been estimated that over 70 million people are currently affected globally 

by glaucoma and that approximately seven million of these are bilaterally blind (5). The 

global prevalence of glaucoma and irreversible blindness due to glaucoma has been 

projected to rise to 80 million and 11 million, respectively, by 2020 (2,6,7), while more 

recent estimates by the World Health Organization suggest that the number of people 

affected by glaucoma worldwide will increase to 95 million between 2020 and 2030 

alone (4). A meta-analysis of 50 population-based studies predicted that the prevalence 

of glaucoma would increase even further to 111.8 million by 2040 (8). Increased 

prevalence of glaucoma will disproportionally affect people residing in Asia and Africa, 

with 40% of global cases occurring in China and India (8ς10). 

The economic impact of glaucoma is far-reaching. Glaucoma costs the United 

States (US) economy $2.9 billion every year in direct costs and productivity losses (11). 

Total direct cost estimates for glaucoma patients in Australia is approximately AUD 

144.2 million (12). In the United Kingdom (UK), the total cumulative costs of glaucoma 

were projected at £5.5 billion from 2010 to 2020, assuming a 90% diagnosis rate within 

the patient population (13). In Scotland, the mean cost of glaucoma treatment in one 

clinic over the patients' lifetime was £3,001, with an annual mean cost per patient of 

£475 (14). Across Europe, the annual total costs of glaucoma per patient were 

determined to be ōŜǘǿŜŜƴ ϵммΣтру ŀƴŘ ϵмфΣммм (15).  

The financial burden of glaucoma on health care systems, payors, and individuals 

increases as the disease severity increases. A US study found a four-fold increase in 

direct ophthalmology-related costs from early-stage glaucoma to end-stage glaucoma 

and blindness, with average direct costs per patient per year increasing from $623 to 
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$2511 for early-stage and end-stage glaucoma, respectively (16). Another analysis of 

resource utilisation and direct medical costs of glaucoma in Europe discovered a rise in 

costs with worsening disease severity, finding annual mean costs per patient increasing 

ŦǊƻƳ ϵппр ƛƴ ŜŀǊƭȅ-stage glaucoma to ϵфс9 in end-stage glaucoma (17).  

Glaucoma also impacts patients' individual health-related quality of life (HRQoL) 

in multiple ways, including by reducing outdoor mobility, the ability to carry out personal 

or household tasks, and by intensifying the risk for injuries and accidents (18). HRQoL is 

a metric that reflects a patient's perception of their well-being, focussing on dimensions 

of physical and social functioning and mental health (19). In a large US study with more 

than 3,000 participants, glaucoma patients with severe visual field loss had consistently 

lower self-reported HRQoL scores, independent of whether the patients had prior 

knowledge of their glaucoma (20). Psychological burdens also escalate as vision 

deteriorates, and some contributors to this burden include fear of blindness, social 

withdrawal, and depression (21).  

The main risk factors associated with disease progression include ageing, 

increased intraocular pressure (IOP), ethnicity, myopia, and diabetes; although these 

risk factors have not yet been fully characterised and the biological basis of glaucoma is 

not completely understood (see Section 1.2) (5,22,23). As optic nerve damage from 

glaucoma is irreversible, the primary treatment strategy involves slowing this 

degeneration. The only major risk factor that is clinically modifiable is the level of IOP 

(24,25). The higher the IOP, the greater the risk is for optic nerve damage; therefore, 

reducing the IOP is the most effective clinical approach to halt the progression of the 

disease (26). 

Glaucoma can be relatively asymptomatic, especially in the early stages of the 

disease, and people with glaucoma do not usually have an awareness of any ocular or 

systemic symptoms, which makes early detection more difficult (27). Glaucomatous 

vision loss is commonly misrepresented in images developed for patient information in 

glaucoma awareness programmes. These informational materials depict vision loss as a 

black periphery that slowly develops into a distinctive "tunnel" vision. Rather, the 

glaucomatous visual field is characterised by the development of blurred patches and 

blurred edges (28). Consequently, low public awareness of glaucoma and its risk factors 

coupled with a lack of symptoms early on have resulted in a large proportion of 

individuals with glaucoma who remain undiagnosed or receive a delayed diagnosis (29). 
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In developed countries, as many as 50% of glaucoma cases are undiagnosed, whereas it 

has been predicted that this number could be as high as 90% in developing countries 

(30,31). Therefore, by the time the disease is diagnosed, the optic nerve may already 

have advanced damage, and significant interventions are required to maintain 

reasonable visual function (32).  

1.2. Pathophysiology of glaucoma 

Although the pathogenesis of glaucoma is not fully understood, elevated IOP >22 

mmHg has been related to retinal ganglion cell death (33). Retinal ganglion cells are a 

population of neurons of the central nervous system with their soma in the inner retina 

and axons in the optic nerve (34). Retinal ganglion cell axons exit the posterior of the 

eye through the lamina cribrosa, which is a collagenous structure with mesh-like 

perforations in the sclera (35). Because the lamina cribrosa is thinner and more 

compliant than the scleral tissue, it is more sensitive to changes in pressure. Elevated 

IOP restricts blood flow in the posterior eye (36) and causes mechanical stress and strain 

to the lamina cribrosa, which may result in compression, deformation, or remodelling of 

the tissue (37,38). Deformation of the laminar tissue results in cupping of the optic nerve 

head that strains the retinal ganglion cell axons and compromises their function (38). 

These structural changes also disrupt axonal transport and impair the delivery of 

adenosine triphosphate (ATP) and essential neurotrophic factors to the retinal ganglion 

cells (33,39ς42). Damaged axonal transport of essential factors leads to mitochondrial 

dysfunction, oxidative stress, and the activation of apoptotic signalling by surrounding 

glial cells, culminating in retinal ganglion cell death and a loss of synaptic connectivity at 

the optic nerve head (33,40,43). 

Vision loss usually begins with blurred patches in the peripheral vision, followed 

by deterioration in the central vision (32,35). In healthy individuals, the optic nerve 

degenerates at a rate of 0.5% per year, and since the brain accepts this rate of 

degeneration as normal, a patient with glaucoma may only appreciate vision loss when 

the disease advances (44). 

1.2.1 Aqueous humour and IOP 

The level of IOP is determined by the balance between the secretion and 

drainage of aqueous humour. Normal levels of IOP (10ς21 mmHg) can vary at different 
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times of the day, but the average IOP has been determined as 15.5 mmHg in the general 

population, derived from studies inspecting both eyes of 10,000 individuals (45,46). 

Aqueous humour, also known as intraocular fluid, is continuously produced inside the 

eye by non-pigmented ciliary epithelial cells (47). It is composed of 98% water with 

dissolved amino acids, glucose, electrolytes, ascorbic acid, immunoglobulins, oxygen, 

and carbon dioxide. The aqueous humour maintains the structure of the eye, transports 

nutrients, assists in immunity, and provides the means for refractive indexing, which is 

essential for vision (48). The production, flow, and drainage of the aqueous humour is 

an active, continuous process required to maintain optimal ocular health, and 

overproduction or insufficient drainage are the two causes of increased IOP (49,50). 

Aqueous humour is produced by ciliary body epithelium in the posterior chamber 

through an active secretion that relies on ATP hydrolysis from ATP sodium-potassium 

pumps and carbonic anhydrase (51). The production rate has been reported to follow a 

circadian rhythm, ranging from 1.5 µL minute-1 at night to 3.0 µL minute-1 in the morning 

(52ς54). An average rate of aqueous humour production at 2.0 ±0.4 µL minute-1 is 

generally accepted (52,55).  

After production, the aqueous humour flows from the posterior chamber via 

passive diffusion through the pupil to the limbal region of the anterior chamber, where 

it drains through a sponge-like tissue called the trabecular meshwork (TM). Aqueous 

humour contains cellular debris from upstream tissues that is removed by cells in the 

outer layer of TM, which are phagocytic (56). From the TM, the aqueous humour drains 

into Schlemm's canal and then into the episcleral vein and venous circulation in the 

conventional drainage pathway (51,57). Alternatively, the aqueous humour can drain 

through the uveal meshwork into the ciliary muscles and other downstream tissues in 

the unconventional drainage pathway, see Figure 1-1 (57).  

The TM acts as the resistance barrier for the flow of aqueous humour. In order 

for aqueous humour drainage to occur, a positive pressure gradient must be built inside 

the eye. Once the IOP reaches 15 mmHg, the aqueous humour will flow through the TM 

(52,53). For this reason, drainage through the TM is considered the major mechanism 

for aqueous humour drainage (58,59). The main site of resistance in this pathway has 

not yet been determined, but it is thought to be at the juxtacanalicular tissue (JCT) 

portion of the TM, adjacent to Schlemm's canal (60). Approximately 2ς20 µm thick (61), 

the surface area of the JCT has been reported as 1656 ±502 µm2 (62). The alternative 
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method of aqueous humour drainage is through the uveal meshwork, which is 

comprised of connective tissue with irregular openings 25ς75 µm in diameter (63). 

Drainage through the uveal meshwork using the unconventional pathway accounts for 

only about 10% of the total aqueous drainage (64). 

Primary open-angle glaucoma (OAG), or chronic glaucoma, is the most common 

type of glaucoma, accounting for more than 70% of cases (22,65). In OAG, there is 

increased resistance to aqueous outflow through the TM, which causes the IOP to 

increase slowly (66). Increased resistance in the TM is thought to be due to excess cells, 

debris, fibrin or proteins carried by the aqueous humour (67). Mutations in genes 

encoding myocilin and caveolin proteins have been linked with increased IOP in patients 

with glaucoma. Mutated myocilin results in intracellular accumulation of misfolded 

proteins, and mutant caveolins result in disrupted cell signalling involved in endocytosis, 

but their putative mechanisms in glaucoma have not been established (5). 

The other type of glaucoma is angle-closure glaucoma (ACG), or acute glaucoma. 

In ACG, elevated IOP is due to obstructed access of the aqueous humour to the drainage 

pathways, typically caused by a narrowing of the angle between the iris and the cornea 

(68). Some genetic structural variations predispose individuals to ACG (69), and ACG is 

more prevalent in Chinese, Indians, and Eskimos populations (8,70). Acute glaucoma is 

a medical emergency and has symptoms such as severe pain, nausea, and blurred vision 

Figure 1-1. A diagram illustrating the flow of aqueous humour and corresponding location in the 
eye. The dark blue arrow indicates the direction of the movement of the aqueous humour from 
the ciliary body (pink) around the lens in the anterior chamber towards the trabecular meshwork 
through the trabecular outflow pathway (green arrow) or towards the uveal meshwork through 
the uveoscleral outflow pathway (light blue arrow). 
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(71). Because of these symptoms, this type of glaucoma is easily identified and can be 

controlled before any irreversible damage occurs if appropriate action is taken. 

1.3. Current treatment strategies for glaucoma 

The primary goal of glaucoma treatment is to prevent or delay vision loss, and so 

the treatment strategy centres around decreasing the IOP to a level where sight loss and 

thus disease progression are reduced to a minimum (72). Irrespective of whether the 

IOP is within a normal range, in patients with established OAG (defined as having optic 

nerve damage), lowering the IOP 20ς40% was shown to slow the disease progression by 

decreasing the rate of peripheral vision loss by 50% (1,73,74). Lowering the IOP has been 

shown to slow disease progression in higher risks patients (75), in those with early stages 

of the disease (76,77), and at advanced stages of glaucoma (78). The mechanism of 

action of virtually all current glaucoma therapies is to reduce IOP by either enhancing 

TM and uveoscleral outflow of aqueous humour or by suppressing aqueous humour 

production (79,80). 

The choice of the treatment takes into account several factors, including the 

clinical situation of the patient (i.e. the stage and severity of the disease) and the 

invasiveness, effectiveness and safety profile of the treatment (32). Furthermore, the 

treatment that has the lowest rate of adverse events or postoperative complications is 

another factor in choosing a glaucoma treatment. Therefore, glaucoma is not managed 

the same way for all patients (32). 

1.3.1 Pharmacological treatments 

The first line of treatment to lower the IOP is by topically administering 

pharmacological therapy in the form of eye drops (81ς83). These medications consist of 

-̡ōƭƻŎƪŜǊǎΣ ǇǊƻǎǘŀƎƭŀƴŘƛƴ ŀƴŀƭƻƎǳŜǎΣ ʰн-adrenergic receptor agonists, 

parasympathomimetics and topical or systemic carbonic anhydrase inhibitors (Table 

1-1)(84). These treatments aim to lower the IOP either by reducing the rate of aqueous 

humour production in the ciliary body or by improving the humour outflow in the eye 

via the trabecular meshwork and uveoscleral tissues. 

-̡receptors play an important role in the regulation and production of aqueous 

humour; thus, blocking these receptors reduces the production of aqueous humour. 

Selective -̡blockers, e.g. betaxolol, ǿƘƛŎƘ ōƭƻŎƪ ʲ м-adrenoceptors, and non-selective 
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-̡blockers, e.g. timolol, ǿƘƛŎƘ ōƭƻŎƪ ōƻǘƘ ʲ м- ŀƴŘ ʲ н-adrenoceptors, reduce the 

production of aqueous humour by the ciliary body (85,86). Carbonic anhydrase 

inhibitors, such as dorzolamide, exhibit the same effect on the ciliary body ŀǎ ʲ-blockers, 

but through a different mechanism. Carbonic anhydrase is an enzyme important in the 

production of aqueous humour by converting CO2 and H2O to HCO3, which helps 

regulate chloride secretion. By inhibiting carbonic anhydrase, the rate of fluid 

production reduces (87,88). Adrenergic agonists, such as epinephrine, act by stimulating 

ōƻǘƘ ʰ- ŀƴŘ ʲ-receptors, which restricts blood flow and reduces the rate of aqueous 

humour production and also increases the rate of flow through the trabecular meshwork 

(86). 

Table 1-1. Current pharmacological treatment strategies for glaucoma (ClinicalTrials.gov 
identifier NCT03310580, NCT02087085)(83,89ς93) 

Pharmacological treatment Examples Mechanism of action 

¢ƻǇƛŎŀƭ ʲ-adrenergic blockers 
Timolol, carteolol, 

betaxolol 

Reduce aqueous humour production in 
the ciliary body 

¢ƻǇƛŎŀƭ ʰн-adrenergic receptor 
agonists 

Brimonidine, 
apraclonidine 

Systemic carbonic anhydrase 
inhibitors 

Acetazolamide 

Topical carbonic anhydrase 
inhibitors 

Dorzolamide, 
brinzolamide 

Parasympathetic muscarinic 
receptor agonists 

Pilocarpine Increase aqueous humour outflow 
through the trabecular meshwork 

Rho-kinase inhibitors Netarsudil 

Topical prostaglandin 
analogues 

Latanoprost, 
bimatoprost, travoprost 

Increase aqueous humour outflow 
through the uveoscleral pathway 

Prostaglandin analogues, such as latanoprost, increase the flow of the aqueous 

humour through the uveoscleral pathway by binding to endogenous prostaglandin 

receptors, relaxing the interior eye muscles (94). Miotics, such as pilocarpine, and rho 

kinase inhibitors (e.g. netarsudil), which more recently approved, are a class of drugs 

that act on improving the drainage efficiency of the aqueous humour through the 

trabecular meshwork. They stimulate ciliary muscle contractions, which leads to 

relaxation of the trabecular meshwork (91,92,95). 

Eye drops exhibit a poor ability to penetrate the corneal barriers of the eye, and 

it has been determined that fewer than 5% of the drug delivered in eye drop 

formulations is absorbed, with the remaining entering the bloodstream via transnasal 

and conjunctival absorption (96). Poor drug delivery has the potential to lead to serious, 

unwanted side effects in off-target organs. For instanŎŜΣ ǘƻǇƛŎŀƭ ʲ-blockers are 
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associated with decreases in blood pressure, reduced pulse rate, fatigue, shortness of 

breath and even depression (91). -̡blockers also cause relaxation of the bronchial, 

urinary, and vascular smooth muscles, resulting in other adverse reactions (79,97). The 

prolonged use of eye drops increases the sensitivity of the eye tissues due to chronic 

exposure to the preservatives commonly added to these formulations, such as 

benzalkonium chloride (86,98). Due to a fairly acidic pH, many eye drops also cause 

ocular irritations, such as stinging and redness (99).  

Since glaucoma is a chronic disease, low patient adherence and cost play an 

important role in evaluating the benefit-risk ratio of eye drops as a treatment. An 

economic analysis of resource utilisation and direct medical costs of glaucoma in Europe 

discovered that eye drop medications comprised 42ς56% of total direct costs for all 

stages of glaucoma (17). Eye drops need to be used several times a day, which is 

inconvenient for patients and results in low patient compliance (79). Overall patient 

compliance is estimated at approximately 50% for the regular administration of eye 

drops (100). In an observational cohort study using an electronic monitoring device, 

nearly 45% of glaucoma patients used their prescribed eye drops less than 75% of the 

recommended time (101). Another study using an eye drop medication monitor 

determined that over 50% of patients missed at least 20% of doses prescribed for 

glaucoma treatment (102,103). Finally, using routinely collected data, one clinical 

practice in the UK found that 51.6% of patients demonstrated poor adherence to 

prescribed eye drops for glaucoma (104). Patients that are non-compliant with eye drop 

prescriptions report having difficultly remembering to take them and report other issues 

like stinging and redness (105,106).  

Fixed-dose combinations (FDCs) of eye drops represent another option for 

patients. For example, the US FDA recently approved a combination of a carbonic 

ŀƴƘȅŘǊŀǎŜ ƛƴƘƛōƛǘƻǊ ŀƴŘ ŀƴ ʰн-adrenergic agonist (90), while a brinzolamide-

brimonidine FDC eye drop formulation received European marketing authorisation in 

2014 (107). Combining two medications in one formulation has been shown to improve 

compliance slightly by reducing the time required to administer drops and the frequency 

of use (88); however, challenges with patient adherence still remain. Patient adherence 

to FDC eye drops still declined over time, although at a lower rate than was observed in 

a single-dose formulation control (108). Poor ocular uptake and potential systemic side 
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effects paired with low patient compliance and high costs all illuminate significant 

disadvantages for eye drop formulations in treating glaucoma (105,109). 

1.3.2 Laser treatments 

When eye drops prove insufficient at prolonged management of IOP, laser 

treatment is sought to correct the blocked trabecular meshwork. There are three types 

of laser surgeries; Argon Laser Trabeculoplasty (ALT), Selective Laser Trabeculoplasty 

(SLT), and transscleral diode laser cyclophotocoagulation (TSC). In ALT, the laser ablates 

the trabecular meshwork by burning small holes into the tissue to increase fluid drainage 

and open the blocked channels (110). Early clinical studies suggested that ALT might be 

superior to pharmacological therapy as a first-line treatment for primary OAG (111). 

However, ALT can cause IOP spikes and inflammation, and because a high-powered laser 

is employed, its use is limited to two-three times per patient (80,112). SLT targets the 

pigmented cells of the trabecular meshwork, preserving the overall trabecular 

meshwork structure, which allows for repeated treatments (113).  

Although SLT and ALT both effectively lower IOP, SLT causes less coagulative and 

structural damage than ALT; however, SLT has a 50% failure rate after two years (114). 

In TSC, the laser ablates the ciliary body and reduces the formation of aqueous humour, 

but TSC has been associated with adverse events like suprachoroidal haemorrhaging 

(115ς117). The effects of these laser-based interventions are relatively short-term and 

the outcomes vary between patients (32,79). The blockage of some of the newly formed 

channels causes elevated IOP due to fibrin deposition, and patients may require 

medication even after laser treatment to combat elevated IOP (118). 

1.3.3 Surgical treatments 

If the progression of glaucoma is not halted by pharmacological or laser 

treatment, then a surgical procedure known as trabeculectomy, or glaucoma filtration 

surgery (GFS), may be necessary to preserve visual function in patients (119). GFS 

involves creating a new drainage channel called a fistula through the sclera between the 

anterior chamber and the subconjunctival space, as illustrated in Figure 1-2. The new 

fistula is designed to bypass the compromised conventional drainage pathway. The IOP 

lowers as the aqueous humour drains to the subconjunctival space through a small 

cavity under the conjunctiva, called a filtering bleb, and is absorbed into the systemic 
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circulation via the conjunctival and episcleral veins (120). GFS was devised in the late 

1960s and is still considered the 'gold standard' surgical procedure for glaucoma 

because it has been proven as the most effective treatment for lowering IOP (80,121ς

123).  

The GFS technique involves creating a new surgical channel for controlled 

aqueous draining (Figure 1-2). An incision is made in the conjunctiva, followed by 

elevating a partial-thickness flap of scleral tissue. A portion of scleral tissue is removed 

as well as part of the iris, directly below the sclera. The conjunctiva is then sutured back 

in place to allow for the circulation of aqueous humour around the scleral flap, forming 

a filtering bleb (1). This surgical technique requires considerable skill and technical 

expertise to achieve the optimal thickness and takes approximately 30ī60 minutes per 

patient to perform (124).  

Many early postoperative complications of GFS relate to poor initial control over 

aqueous outflow (125). Hypotony, ǿƘƛŎƘ ƛǎ Lht Җр ƳƳIƎΣ a flattened anterior chamber, 

bleb leakage, blebitis (inflammation of the bleb), and failure of filtration due to bleb 

encapsulation make post-GFS effective management essential (126,127). The 

postoperative care determines the outcomes of GFS and its long-term success, which 

means it is not the first choice of treatment for glaucoma management by 

ophthalmologists (128). GFS outcomes could be considerably enhanced if the flow 

resistance through the drainage bleb were more effectively regulated (125). Post-

Figure 1-2. A schematic diagram illustrating glaucoma filtration surgery. The black arrow 
represents the alternative aqueous outflow pathway created during glaucoma filtration surgery 
where the fluid is directed to the subconjunctival space through a filtering bleb. 
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surgical inflammation and scarring make improper wound healing a major problem in 

GFS. After any surgical procedure of tissue trauma, there is an intrinsic wound healing 

response that results in the deposition of scar tissue. This scarring process after GFS can 

effectively close the 'trap door', which results in surgical failure (129,130). If wound 

healing following a GFS can be controlled, then there would be a greater chance for bleb 

survival (131). 

1.3.4 Glaucoma drainage devices 

Glaucoma drainage devices (GDDs) were introduced as an alternative to GFS for 

patients at a high risk of GFS failure due to the increased risk of fibroblast proliferation 

and episcleral scarring (128). GDDs create an artificial drainage channel with minimal 

incisions and a shorter implantation period than GFS (132). Since GFS is a highly technical 

surgery, GDDs were developed as a means to deskill the procedure and obtain a more 

uniform IOP reduction. The basic design of GDDs includes a tube that is connected to a 

flexible end plate or spacer plate. One end of the tube is inserted into the anterior 

chamber of the eye, and the other end is attached to the plate, which is placed into the 

subconjunctiva. This artificial tube is employed as a new drainage channel for the 

aqueous flow into the subconjunctival space. The end plate is designed as a physical 

placeholder during subconjunctival fibrosis after implantation and relies on the body to 

undergo foreign body encapsulation. Within four to six weeks after device implantation, 

a fibrovascular capsule, composed of collagen and vascularised tissue, develops around 

the spacer and acts as the primary resistance mechanism for aqueous humour flow. 

(133). Because this capsule is the first resistance to aqueous flow in the postoperative 

period, it is important for adequate IOP control. Aqueous humour accumulates in the 

capsule and is later reabsorbed by capillaries and lymphatic vessels, resulting in IOP 

reduction (134,135). After this 4ς6-week period, a filtering bleb forms around the end 

plate, providing drainage of the aqueous humour (136). 

From a clinical standpoint, the bleb progresses through 3 stages (127): the first 

phase is the hypotensive phase, which lasts approximately 1ς4 weeks, during which the 

IOP is typically low, and the bleb is ill-defined and diffuse, exhibiting congested blood 

vessels around the bleb. The second phase is a hypertensive phase, which lasts between 

1ς6 months and is associated with increased IOP. The bleb becomes localised and well-

defined with the formation of a dense fibrous capsule separating the aqueous humour 
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from the conjunctival blood vessels. The incidence of the hypertensive phase has been 

reported to be between 10% and 50% and varies with the various GDDs. During this 

phase, the IOP can potentially increase to 30ς50 mmHg. Finally, a stable phase is 

achieved at the end of six months and is characterised by the presence of a bleb with no 

or little inflammation and well-maintained IOP (15ς17 mmHg)(127). 

Molteno® developed the first GDD in 1969 (137), which was composed of a 

polypropylene plate and a silicone tube, see Figure 1-3. This was a non-valved tube 

device that offered little to no resistance to aqueous humour outflow. Due to the lack 

of control over the outflow, significant fluctuations in the IOP were observed, which led 

to postoperative hypotony, flattened anterior chambers, and choroidal effusions (138). 

With a non-valved GDD, the IOP is controlled by the fibrous capsule that eventually 

forms around the end plate as a part of healing after implantation. Because the 

implantation relies on the patients' ability to develop a fibrovascular capsule, patients 

respond differently, which causes inconsistencies in the outcome of the surgery (139). 

The first valved GDD was introduced in 1976 by Krupin and contained a silicone 

tube and end plate (140). The principle used by the Molteno device is the same in the 

Krupin device, but a unidirectional valve was introduced to provide resistance to the 

aqueous flow and prevent hypotony after the implantation of the device. When the IOP 

reaches ~14 mmHg, the valve opens due to the pressure exerted by the IOP. Later in 

1993, the Ahmed® glaucoma device (AGD) was introduced, with the valve optimised to 

open when the IOP would reach 8ς12 mmHg. Several devices have been developed since 

the AGD, which are shown in Table 1-2.  

Complications that may occur in the early postoperative period while the fibrous 

capsule forms include hypotony, flattening of the anterior chamber, corneal oedema, 

uncontrolled high pressure, ptosis, and diplopia (141). Hypotony is crucial to prevent in 

the first few weeks as it disrupts visual function. Certain surgical techniques are used to 

try and minimise hypotony, such as external absorbable ligatures or internal removable 

suture stents to control the aqueous flow temporarily (142,143). Modifications in the 

design of the device, such as increasing the surface area of the end plate and designing 

a subsidiary pressure ridge to reduce postoperative hypotony have also been introduced 

(144).  

Complications that occur several weeks post-implantation are harder to predict 

and include corneal oedema, erosion, chronic iritis, tube obstruction, and GDD failure 
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(141). The origin of these complications can be traced to either poor aqueous flow 

control or suboptimal material biocompatibility (134). The most common complication 

that occurs during this period is increased IOP, which is due to obstruction of the tube 

caused by excessive capsule formation and fibrosis around the tube and the end plate. 

(145). A study reported that for AGD and Molteno®, between 40ς80% and 20ς30% of 

patients, respectively, experienced increased IOP three to six weeks after GDD 

implantation (146). The most common causes for a GDD failure are either bleb 

encapsulation or bleb fibrosis (134,147). The foreign body response to GDDs is 

characterised by inflammation, collagen deposition and finally, scar tissue formation, 

which causes the newly formed channel to close and the operation to fail (130). It has 

been found that most GDD failures occur within the first year, with an estimated failure 

rate of 10% per year due to excessive fibrosis around the end plate (147). The only 

option available to the patient after GDD failure is to have an ophthalmologist perform 

a follow-up operation to either segment the capsule to allow aqueous humour to flow 

or implant a new GDD. This strategy is not ideal because the non-functioning device will 

be left in the eye, while the second device is placed in a suboptimal place in the eye 

(148).  

An additional valve-specific complication in valved GDDs is the variability in valve 

performance between devices that occurs due to manufacturing inconsistencies (149). 

Modifications in the devices to overcome these problems, such as increasing the plate 

surface area and modifying the valve in AGD have been introduced, but no significant 

advantages of IOP control have resulted from these modifications (150). In general, 

GDDs available in the clinic lack the consistency in controlling IOP among patients for 

more extended periods (151). 
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Table 1-2. GDDs currently used or in clinical development, including the materials used for each device, the mechanism of aqueous humour drainage, and the size 
of each device. 

Device 
Aqueous humour 

drainage 
Material 

Valved? 
(Y/N) 

Size References 

Molteno®  Subconjunctiva 
Silicone tube; polypropylene end 

plate 
N 

134 mm2 single end plate, 268 mm2 double end plate; 
340 µm inner tube diameter 

(137,139,152) 

Baerveldt® Subconjunctiva 
Silicone tube; barium-impregnated 

silicone end plate 
N 

250 mm2, 350 mm2, and 500 mm2 end plates 
available; 300 µm inner tube diameter 

(153,154) 

ExPress R50 Subconjunctiva 
Stainless steel tube; stainless steel 

disc-like flange 
N 

3 mm length; 50 µm and 200 µm inner tube 
diameters available 

(155ς157) 

Ahmed® Subconjunctiva 
Silicone tube; polypropylene end 

plate 
Y End plate is 185 mm2; 300 µm inner tube diameter (158,159) 

Krupin Subconjunctiva Silicone tube; silicone end plate Y End plate is 180 mm2; 300 µm inner tube diameter (140) 

MIDI-Arrow Subconjunctiva SIBS tube N 
уΦр ƳƳ ƭŜƴƎǘƘΤ тл ˃Ƴ ƛƴƴŜǊ ŘƛŀƳŜǘŜǊΣ орл ˃Ƴ ƻǳǘŜǊ 

diameter 
(NCT01563237)(160,161) 

SOLX®  Suprachoroidal space 24-carat gold N 5.2 x 3.2 mm flat implant (162) 

CyPass® Suprachoroidal space Polyamide N 6.35 mm length; 0.3 mm lumen (80,163) 

Hydrusϰ  Schelmm's canal Nitinol N 15 mm length (NCT03065036)(164) 

iStent® Schelmm's canal Titanium N 
1 mm length (body); 250 µm (snorkel) [GTS100], 360 

˃Ƴ ƭŜƴƎǘƘ ώD¢{пллϐ 
(NCT02024464)(165,166) 

Xen implant Subconjunctiva 
Porcine-gelatine cross-linked with 

glutaraldehyde 
N 

6 mm long; 45, 63 and 140 µm inner diameters 
available 

(167,168) 

Optimed Subconjunctiva PMMA N 14 mm length; 10 mm width; 1.3 mm thickness (134) 

!ǉǳŀŦƭƻǿϰ Subconjunctiva Lyophilised porcine scleral collagen N 
2.5 mm length; 

1 mm dry width; 1 mm thickness 
(169) 

{¢!wŦƭƻϰ Suprachoroidal Porous silicone N 
у ƳƳ ƭŜƴƎǘƘΤ нт˃Ƴ 

diameter 
(170) 

Aquashuntϰ Suprachoroidal Polypropylene N мл ƳƳ ƭŜƴƎǘƘΤ п ƳƳ ǿƛŘǘƘΤ нрл ˃Ƴ ƭǳƳŜƴ ŘƛŀƳŜǘŜǊ (171) 

Abbreviations: PMMA, polymethylmethacrylate; SIBS, poly(styrene-b-isobutylene-b-styrene). 
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Figure 1-3. Current glaucoma drainage devices (GDD) in the clinic. (A) Molteno's single plate GDD; (B) Krupin's unilaterally valved GDD; (C) Ahmed® GDD with 
pressure sensitive valve; (D) iStent® minimally invasive GDD; (E) Baerveldt® GDD; (F) SOLX® Gold-shunt 24 carat gold supraciliary device to increase 
uveoscleral outflow; (G) CyPass® supraciliary Micro-stent to improve uveoscleral outflow; (H) ExPress R50 translimbal GDD made of a stainless steel tube; (I) 
Ivantis IȅŘǊǳǎϰ Microstent, an intracanalicular scaffoƭŘ ǘƘŀǘ ŘƛƭŀǘŜǎ {ŎƘƭŜƳƳΩǎ ŎŀƴŀƭΤ (J, K) Xen Collagen implants for glaucoma drainage (168,833ς835). 
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More recent GDDs include the ExPress R50, SOLX® Gold, and iStent®. The ExPress 

R50 is a stainless steel non-valved tube with a disc-like flange instead of an end plate at 

one end and a spur-like projection at the other end (Figure 1-3H). These modifications 

were introduced to prevent tube migration. Initially, it was placed underneath the 

conjunctiva, but issues with hypotony and conjunctival erosion were common, so it is 

now placed under a partial thickness scleral flap similar to GFS (172). While the ExPress 

R50 has been demonstrated to improve IOP postoperatively (173), there is minimal 

evidence from clinical trials to suggest superior efficacy compared with GFS (174). The 

SOLX® Gold (Figure 1-3F) is another newer GDD that was developed to direct the 

aqueous humour to the suprachoroidal space to drain out of the uveoscleral outflow 

pathway, but has been associated with a high failure rate (162). The Istent® is a 1 mm 

long, L-shaped titanium tube (Figure 1-3D) that is inserted surgically into the eye 

through the trabecular meshwork into Schlemm's canal. This creates a permanent 

opening in the trabecular meshwork to direct the aqueous humour into Schlemm's 

canal. A systematic literature review of clinical studies reported that iStent® 

implantation lowers IOP and reduces dependency on glaucoma medications, but that it 

is unknown whether these effects last beyond 18 months (175). 

The materials used for manufacturing a GDD must be biocompatible to minimise 

the initial inflammatory foreign body response and avoid the common complications 

mentioned previously (176). Polypropylene and silicone are the most commonly used 

materials in GDD development; however, blood plasma and proteins can bind to both 

of these materials, which can lead to cellular adhesion, inflammation and fibrosis (128). 

Polypropylene, used in Molteno® and some AGD implants, has been associated with 

higher rates of inflammation compared with silicone in animal studies (177). This has 

been attributed to the polypropylene's rigidity, flexibility and shape. In a clinical study 

where patients underwent AGD implantation, those with silicone AGDs experienced 

fewer complications than those with polypropylene AGDs (178). Silicone is used as a 

material in Baerveldt®, Krupin and some AGD devices (147). 

Most GDDs are made of silicone and polypropylene, but stainless steel (ExPress 

R50) and gold (SOLX®) are also used due to their inert qualities (Figure 1-

3)(176,179,180). Cross-linked gelatine (Xen Implant; Figure 1-3D) and poly(styrene-b-

isobutylene-b-styrene)(SIBS)(MIDI-Arrow) have been introduced as biocompatible 
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materials in GDD development. Although these materials demonstrate improved 

biocompatibility to silicone and polypropylene, inflammation and scarring are still 

observed requiring significant postoperative manipulation (181). Biomaterials such as 

Vivathane and polymethylmethacrylate (PMMA)(Optimed) have been tested in GDD 

development, but they were not found to be less inflammatory than the materials 

currently in use (182,183). 

Regarding GDD design, a systematic literature review of 54 articles comparing 

different GDDs, including 29 with Molteno® (single- and double-end plates) with some 

form of intraoperative modifications performed to prevent hypotony, 6 with single-end 

plated Molteno® without any surgical modifications, 9 with Baerveldt®, 8 with AGD, and 

2 with Krupin valves, found similar IOP control and success rates with no statistical 

differences across devices (184). A sub-analysis comparing GDDs with the smallest 

(Molteno®, 130 mm2) and largest (Baerveldt® 350 mm2) surface area also found no 

statistical difference in end IOP (184). Another long-term study compared polypropylene 

AGD implants (185 mm2) with double plate Molteno® valves (270 mm2) also found no 

difference in end IOP (184). In contrast, there is evidence that GDDs with smaller 

surfaces (e.g. single-plate Molteno®) areas have lower IOP reduction than those GDDs 

with larger surface areas (e.g. double-plate Molteno®)(185). However, the IOP reduction 

was not proportional to the increase in surface area of the GDD (184). This seems to 

suggest that end-plate size does not affect IOP control. There might be a minimum end-

plate area to achieve IOP lowering, after which additional surface area does not 

decrease IOP, but no definitive data on the ideal size is currently available (146,147). 

The general success rate of GDDs has been estimated at approximately 70% after 

the first year and 40% after five years, with as many as 30% of GDD-implanted eyes 

developing excessive scar tissue (184). Given that most GDD failure is due to fibrosis 

around the end-plate, research has been conducted on making the end plate a drug-

delivery system for slow, sustained release of an antifibrotic drug. However, large 

fluctuations in IOP and the considerable postoperative manipulation that is required are 

the major limitations of GDDs.  
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1.3.5 Antimetabolites 

A successful GFS or GDD implantation is dependent upon the wound healing 

process. After surgical trauma to the conjunctiva or any epithelial surface, a sequence 

of overlapping events occurs that results in either tissue reconstruction or scarring. This 

process can be divided into four major phases; the coagulative phase, the inflammatory 

phase, the proliferation phase, and the tissue remodelling phase (186). Although these 

phases are distinct, their timelines overlap, see Figure 1-4. 

During the coagulation phase, platelets and plasma proteins are released from 

disrupted vessels. These activated platelets aggregate and release factors that attract 

inflammatory cells, such as macrophages and neutrophils (131). Macrophages release 

various growth factors that contribute to wound healing regulation. The proliferation 

phase begins in parallel with the inflammatory phase and includes the proliferation of 

epithelial cells, fibroblasts, and endothelial cells to seal the wound, form a temporary 

extracellular matrix, and carry out angiogenesis (with the help of matrix 

metalloproteinases), respectively (187). The final phase of wound maturation is the 

process of tissue remodelling, which may continue for months. Fibroblasts are the main 

cells involved in remodelling, and they, degrade, deposit and arrange collagen fibres. 

Persistent inflammation and fibroblast formation can intensify scarring (188). While 

scarring in certain situations, e.g. of the skin, is usually innocuous, scarring of the eye 

Figure 1-4. The wound healing process consists of a series of overlapping events; the coagulation 
phase, the inflammatory phase, the proliferation phase, and the tissue remodelling phase. The 
first one month is regarded as the critical period of maximum postoperative fibrosis. Figure 
reproduced from (353). 
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tissues can result in blindness (189). Targeting these phases of wound healing could 

modulate wound healing and could potentially mediate scar formation. 

Since the 1980s, surgeons have attempted to delay or prevent GFS failure due to 

excessive scarring through the use of antimetabolites (80,190). Mitomycin-C (MMC) and 

5-fluorouracil (5-FU) are the most widely used off-label antimetabolites to modulate 

wound healing in the clinic (127,191). MMC is a naturally occurring antibiotic and 

antineoplastic compound that acts as an alkylating agent, after activation to form 

mitosene, and results in DNA cross-linking (190). 5-FU is a pyrimidine analogue that 

inhibits cellular proliferation as it interferes with DNA synthesis by inhibiting thymidylate 

synthetase, which is an enzyme that catalyses the synthesis of thymidine, a DNA 

nucleotide. Both medications interfere with DNA synthesis and lead to cellular 

apoptosis.  

MMC and 5-FU are both administered at the site of surgery in GFS and GDD 

implantation either alone or with other anti-inflammatory drugs to reduce fibroblast 

proliferation and formation of scar tissue. MMC and 5-FU are administered either 

topically by soaking a sponge with the drug and placing it in the subconjunctival space 

(site of surgery) for five minutes or by injecting them into the subconjunctiva (127,192).  

The evidence available for the efficacy of MMC includes the Tube Versus 

Trabeculectomy (TVT) study (ClinicalTrials.gov Identifier: NCT00306852)(193). This was 

a multicentre, randomised, interventional clinical trial that compared GFS with MMC 

(0.4 mg mL-1 for 4 minutes), with a Baerveldt® GDD (350 mm2 end plate) over five years. 

The GDD was associated with the use of more medications than GFS during the first two 

years of follow-up, but this levelled with longer follow-up. GFS was associated with more 

early postoperative complications, but vision loss, rates of late postoperative 

complications and serious complications were similar between both procedures (194).  

Although augmentation of the wound healing process with off-label 

antimetabolites is pervasive in glaucoma treatment, there are significant risks 

associated with their use, such as filtration bleb infections, leaks from tissue thinning, 

hypotony, suprachoroidal haemorrhaging, and necrosis due to the nonspecific toxicity 

of these drugs (195,196). These toxic effects are due to the suppression of cellular RNA 

and protein syntheses, as well as apoptosis and necrosis at high concentrations (0.4 mg 

mL-1). In a case study, a one year follow up after a high-dose MMC injection displayed 
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toxic effects to the ocular tissues and atrophy of the iris, ciliary body, and retina were 

observed (197). Because higher concentrations of MMC may be preferred for cases of 

repeat GFS (198), close monitoring is required after surgery (80,127,199).  

There is one MMC formulation for ophthalmic that has been available as an FDA-

approved formulation in the US since 2012 (Mitosol Kit; Mobius Therapeutics). This 

formulation can be stored at room temperature for extended periods while maintaining 

a reliable dose (200). However, there have been no randomised clinical trials comparing 

the Mitosol kit to MMC prepared in a compounding pharmacy, and the FDA approval 

was based on the efficacy of MMC documented in existing literature (190,201,202). 

Furthermore, the cost of one Mitosol kit is reportedly $359 (190), whereas the current 

cost of an existing MMC preparation used in GFS is less than £10 in the UK (203). 

Other strategies with less-toxic agents have been investigated to temper the 

scarring process in glaucoma by targeting components in one or more of the wound 

healing phases (204). Various anti-inflammatory or antifibrotic drugs have been 

evaluated preclinically for subconjunctival use after GFS, such as ilomastat (205), 

doxycycline (206), pirfenidone (207), and rosiglitazone (208); however, none of these 

are available for use in the clinic.  

1.4. Challenges of ophthalmic drug delivery 

The aim of any therapy is to deliver the drug molecule or active ingredient at a 

relevant therapeutic concentration to the site of action for an optimal period. However, 

drug design is contingent on the notion that key disease targets are isolated from the 

diseased tissue (209). Compartmental sites of disease, such as the eye, contain biological 

barriers that intrinsically obstruct access of systemically administered drugs (210). 

Systemic drug distribution is often accompanied by side effects due to off-target 

interactions, whereas localised drug delivery efforts have the potential to minimise 

these deleterious side effects by reducing the amount of drug needed for the desired 

effect.  

Treatment administration to the eye presents several drug delivery challenges 

and requires a basic understanding of the structure and function of each part of the eye. 

Since the eye is exposed to the outside environment, there are numerous protective 

structures in place to keep foreign particles and pathogens from entering, see Figure 1-5 
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(211). The eye is externally protected by the eyelids, eyelashes, conjunctiva, and the tear 

film of the cornea (212). The cornea is a transparent window, covered by the tear film, 

and is situated at the front of the sclera, and connected to the sclera via the corneal 

limbus. The sclera is composed of collagen fibres and encompasses the eyeball. Covering 

the inside of the eyelids and the anterior sclera, excluding the cornea, lies the 

conjunctiva. It is a thin, clear, mucous membrane enriched with blood vessels and 

provides lubrication through the production of mucus and tears (213).  

Internally, the eyeball is divided into two segments. The first one-third of the eye 

is classified as the anterior segment, while the remaining two-thirds are called the 

posterior segment. The anterior segment of the eye incorporates the cornea, iris, ciliary 

body, and lens. The cornea is a convex structure with highly innervated tissue and no 

blood supply. Thus, it is extremely sensitive to pain and requires support for 

nourishment and removal of waste products from the aqueous humour. The surface of 

the cornea is covered with a tear film consisting of five tissue layers: the corneal 

epithelium, Bowman's membrane, stroma, Descemet's membrane, and endothelium 

(214). Directly posterior to the cornea is the anterior chamber, a cavity between the 

Figure 1-5. A diagram of the eye, which shows the location of the anatomy of the anterior and 
posterior segments. Green and blue shapes represent the routes of ophthalmic drug delivery; 
including (A) topical (B) intracameral (C) subconjunctival (D) intrascleral (E) intravitreal. 
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cornea and the iris containing aqueous humour. The iris is the pigmented fibrovascular 

portion of the eye that contains and controls an aperture known as the pupil. Between 

the iris and lens lies the posterior chamber. The lens itself is a clear, flexible structure 

and is surrounded by the ciliary body, which contains ciliary muscles that control the 

shape of the lens, and the ciliary epithelium (215). 

These anatomical structures signify static and dynamic barriers that limit drug 

entry and distribution into the anterior segment. In addition to systemic administration, 

the main routes of administration in ocular drug delivery related to glaucoma include 

topical, intracameral, intravitreal, subconjunctival, and intrascleral (216). Topical drug 

delivery through eye drops is the most common route for the treatment of glaucoma in 

the anterior segment due to the non-invasive nature of the route; however, several 

factors affect the pharmacokinetics of drug molecules in anterior segment tissues (217). 

Topically administered drugs are absorbed either through permeation across the 

cornea or through systemic absorption through local capillaries. The cornea is 

considered a key static barrier for drug absorption, and the corneal tear film layers 

contain different polarities (218,219). The human corneal epithelium is 52 µm thick, and 

the tight junctions of the lipoidal corneal epithelium limit drug transport through the 

cornea, especially for large and/or polar molecules (220). In contrast, the corneal stroma 

has a large water content, making it conducive to solubilising hydrophilic molecules 

(217). The blood-aqueous barrier is another static barrier that has tight junctions of the 

non-pigmented epithelium of the ciliary body and iridial tissues that also limit drug 

absorption (221). 

The pre-corneal tear film can only accommodate approximately 30 ˃ [ of volume, 

yet many commercially available eyedroppers deliver volumes in the range of 30ς70 ˃ [ 

to the tear film (222). Moreover, the tear volume in human eyes under normal 

conditions is 7ςф ˃[ ǿƛǘƘ ŀ ǘǳǊƴƻǾŜǊ ǊŀǘŜ ƻŦ лΦрςнΦн ˃[ ǇŜǊ ƳƛƴǳǘŜ, making it a dynamic 

barrier to drug absorption (217). Topical administration abruptly increases the total tear 

volume, and since there is not enough space to hold the liquid, this causes reflex blinking 

and rapid dilution and removal of the medication via tearing and drainage through the 

nasolacrimal ducts (47). It has been estimated that 70ς95% of the drug in eye drop 

formulations is lost to these pre-corneal factors, and that only 5% reaches the periocular 

and intraocular tissues (223). Efforts to improve bioavailability and drug release times 
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of drugs administered topically have been attempted by using drug-loaded contact 

lenses, but these lenses can decrease oxygen permeability and decrease the lens 

transparency (224).  

Another route that is relevant to current glaucoma treatment strategies is 

subconjunctival drug delivery, where drugs are injected, inserted, or implanted 

underneath the conjunctiva. The human subconjunctiva is 42 µm thick with tight 

junctions that can allow molecules up to 5 kDa in size to pass (220,225). As typical 

injection volumes are 0.1ς0.6 mL (226), a portion of the injected solution might seep 

into the tear fluid and become absorbed through the cornea (227). The injected drug 

can also absorb into the sclera, which allows drug diffusion to other structures like the 

iris and ciliary body to occur (226). The majority of the injected drug will absorb into 

lymphatic and blood circulation and rapidly clear into the systemic circulation, which 

necessitates repeated dosing (228). As a result, the bioavailability, while generally higher 

than topically administered drugs, is limited in the subconjunctival delivery route (226). 

The counter directional convection of the aqueous humour from the ciliary body hinders 

drug distribution into the posterior segment of the eye (229). Additionally, the 

subconjunctival route is invasive, which carries the possibility of infection or hypotony. 

(230ς233). 

1.5. Implantable drug delivery systems 

Due to the selective functionality of the biological barriers in ocular tissues, 

ocular drug delivery is a challenging task that traditionally leads to suboptimal drug 

concentrations at the target sites. Consequently, the eye has been a target organ of 

interest for the development of prolonged drug delivery systems within the past decade. 

Specifically, implantable delivery systems for prolonged release of pharmacological 

treatment of glaucoma (Table 1-3) have been extensively investigated as a replacement 

of viscoelastic depot delivery injections (ClinicalTrials.gov identifier NCT02129673, 

NCT01408472, NCT01845038, NCT01016691, NCT01229982, NCT01915940, 

NCT03868124, NCT04060758)(92,109,181,233ς254). An ideal ocular delivery implant 

must not interfere with vision, is able to achieve a high drug bioavailability, and can 

prolong the release of a drug to the specific compartment of the eye without any 

complications arising at the site of administration. Since this route of drug 
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administration bypasses the biological barriers of the eye, intraocular bioavailability will 

be enhanced, while minimising drug waste and maximising the efficacy of treatment 

(90,253).  

Implantable drug delivery systems in ophthalmology can be characterised by the 

drug-polymer arrangement in the system. In theory, an open system (Figure 1-6A-C) 

would have a steady flow of biological fluid, and the release of the drug would be 

diffusion controlled. This system is passive, bidirectional, and requires a difference in 

the concentration of drug in the surrounding environment to drive drug release. This 

open system includes both reservoir and matrix-based drug distribution (255).  

In a matrix-based drug delivery system (Figure 1-6B), the drug is dissolved or 

dispersed inside a polymer matrix. In theory, if the drug distribution in the polymer 

matrix is homogenous, a steady drug release with zero-order release kinetics, where the 

drug release concentration is independent of time, can be achieved. However, in 

practice, the rate of drug release from the matrix system usually is not steady and 

decreases over time due to the decreased drug concentration in the surrounding 

polymer membrane. The solubility of the drug partially dictates the drug-release rate. 

The primary driver for drug mass-transfer is the surrounding biological fluid. In implant 

form, the thickness of the polymer membrane and drug-release area also affect the 

drug-release kinetics (256).  

In reservoir-based drug delivery systems (Figure 1-6C), a drug core is surrounded 

by a polymer, and the drug-release rate is controlled by the properties of the polymer 

such as polymer composition, molecular weight and thickness (257,258). The 

Figure 1-6. Drug delivery systems can be classified into two main types based on the drug-
polymer arrangement, such as open (A, B, C) and closed (D, E, F) systems. The rate and 
mechanism of drug release is influenced by the system. 
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physicochemical properties of the enclosed drug, such as solubility, drug particle size, 

and molecular weight also affect the drug-release kinetics from these systems (257).  

In contrast, a closed system (Figure 1-6DςF) is a theoretical system where the 

drug is enclosed in a non-permeable or slightly permeable membrane, and the release 

of the drug is controlled and unidirectional, i.e. the drug flows from the system to the 

site of action. This system is active and requires an energy source for drug release. This 

energy source could be in the form of magnetic energy, electricity, heat, liquid pressure 

or air pressure, which is converted into motion to drive drug release (259ς261). In 

theoretical closed matrix-based systems (Figure 1-6E), the drug is dissolved or dispersed 

within the membrane, and the drug release rate is controlled by an internal or external 

stimulus, such as utilising the energy stored in the space between the membranes. In 

reservoir-based systems (Figure 1-6F), the drug is enclosed within a pocket formed using 

non-permeable membranes, and the elastic energy of the membranes would dictate the 

drug release rate.  

Most implantable drug delivery systems in ophthalmology that are currently 

under clinical development are open systems, which means that the drug release is 

controlled by diffusion. Some of these examples of implantable drug-release systems 

under clinical development for glaucoma are listed in Table 1-3. 

There is only one FDA-approved implantable drug delivery device for glaucoma 

treatment. The biodegradable intracameral implant, 5ǳǊȅǎǘŀϰ, was approved in March 

2020 and is indicated to reduce IOP in patients with OAG by providing a sustained 

release of 10 µg of bimatoprost, a prostaglandin analogue (262). The VS101 (Eye-D) is a 

subconjunctival insert intended for patients with OAG or ocular hypertension. The 

latanoprost-loaded insert recently completed a Phase 1/2a multicentre randomised 

controlled study, which found that the insert demonstrated a reduction in IOP for 12 

weeks with a favourable safety profile (263). ENV515 is a PLGA-based intracameral 

implant for sustained travoprost delivery that has shown clinically meaningful 

reductions in IOP for 11 months in a Phase 2 cohort study (264). Bimatoprost SR is also 

a PLGA-based intracameral implant that is currently undergoing a Phase 3 study and has 

demonstrated favourable efficacy and safety for up to six months in a Phase 1/2 clinical 

study (92,246,265). 
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Table 1-3. Examples of sustained-release delivery implants for glaucoma that are in clinical 
development. 

ϝ5ǳǊȅǎǘŀϰ was approved by the FDA in March 2020 and is the only FDA-approved sustained-release 
implant indicated to reduce IOP. 

 

Non-degradable ocular implants that have been approved by the FDA for 

intravitreal drug delivery could potentially be adapted in glaucoma management. 

Vitrasert, approved for cytomegalovirus retinitis, and Retisert, approved for chronic 

non-infectious uveitis, are both polyvinyl alcohol-based inserts that deliver ganciclovir 

over a period of five to eight months (269), and the corticosteroid, fluocinolone 

acetonide, for about 2.5 years, respectively directly in the vitreous (270). Iluvien® 

(Durasertϰ), designed to deliver fluocinolone acetonide for a duration of 36 months, has 

been approved for diabetic macular oedema (253). Due to its small size (cylinder, 3.5 x 

0.37 mm), it can be injected into the vitreous directly using a 25-gauge trans-conjunctival 

injector system, which eliminates the need for an invasive procedure (271,272). 

Ozurdex® is a biodegradable PLGA-based implant loaded with corticosteroid, 

dexamethasone, that is approved for intravitreal implantation in the treatment of 

Delivery location 
Implant 

name/description 
Drug 

Delivery 
system 

Reference 

Inserted into 
canaliculus of the 

eyelid 

Sustained-release 
punctal plug 

Bimatoprost 

Open matrix 

(250) 

Latanoprost (249) 

Travoprost (242,251) 

Dexamethasone (266) 

Pars plana 
implantation 

Non-biodegradable NT 
501 

Ciliary 
neurotrophic 

factor 

Closed 
combination 

(240,267) 

Subconjunctival 
implantation 

Biodegradable slow 
release insert 

Bimatoprost 
Open 

reservoir 

(268) 

VS101 (Eye-D) Latanoprost (234) 

Fornix-based ocular 
insert 

Silicone matrix Bimatoprost 
Open 

combination 
(246) 

Intracameral 
implantation 

Dн¢w όƛ5h{9ϰύ Travoprost 
Open 

reservoir 
(248) 

5ǳǊȅǎǘŀϰϝ Bimatoprost 

Open matrix 

(262) 

PA5108 Latanoprost (247) 

ENV515 Travoprost (264) 

Bimatoprost SR Bimatoprost (265) 
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uveitis and macular oedema, which affect the posterior segment of the eye. This implant 

was also investigated for intravitreal delivery of neuroprotective agents (e.g. 

Brimonidine) in glaucoma; however, this trial was completed in 2013 and failed to meet 

its primary endpoint (273). 

Much of the implantable drug delivery systems to manage glaucoma have been 

investigated to improve the efficacy and decrease the administration frequency of 

pharmacological therapies (i.e. eye drops). The high cost and discomfort of 

administration have been established as concerns for patients who require lifelong use 

(86). Low patient compliance is common, particularly in the case of developing 

countries, where a large proportion of patients need to travel long distances to collect 

the treatment and potentially cannot afford the medications due to their high cost 

relative to income (274). It was discovered that in Ghana, only 17% of patients that were 

prescribed eye drops complied with the therapy (274). Therefore, in developing 

countries where patients might not be anticipated to comply fully with medical 

treatment, a cost-effective, "one-time" treatment along with standard glaucoma 

surgery is a preferred approach. Implantable drug delivery systems have the potential 

to relieve issues with patient compliance, overcome the ocular delivery challenges, and 

improve glaucoma treatments. 

1.6. Hydrogels as a material for drug delivery systems 

Hydrogels are three-dimensional (3D) viscoelastic structures composed of 

hydrophilic polymeric chains that can hold large amounts of fluids, up to thousands of 

times their dry weight, by swelling reversibly in liquids without changing their chemical 

structures (275ς277), see Figure 1-7. Hydrogels can behave in this way due to the 

presence of physical cross-links, including inter-polymer entanglements of long 

polymeric chains, hydrogen bonding, van der Waals forces, or chemical cross-links, such 

as strong covalent bonds that form a solid polymer matrix (278). The expansion and 

contraction of the 3D cross-linked polymer network of the hydrogel, which is also 

referred to as a mesh, provide elasticity and prevents the hydrogel structure from 

completely solubilising into a liquid state (278ς281). 



 
 

55 
 

The polymer chains in hydrogels are held together by cross-links, which allow 

hydrogels to behave like solids rather than liquids, despite containing at least 20% and 

often greater than 90% water by weight (282). Water transport through hydrogels is 

essential for their use as soft contact lenses (283), in drug release (284), and as stimuli-

sensitive hydrogels (285). The swelling behaviour of hydrogels is their most critical 

property because it allows them to absorb and hold high amounts of liquid, giving them 

broad possibilities of applications. Both the swelling and absorption capacity of 

hydrogels is attributed to the degree of cross-linking, which also known as the number 

of junction points. The degree of cross-linking is altered by varying the ratio of cross-

linker to solvent during the hydrogel preparation. A higher number of junction points 

hinders the mobility of the polymer chains, which results in a more rigid structure of the 

hydrogels and hence swell less than those with a lower number of junction points (277). 

Figure 1-7. An illustration of the expansion of polymeric strands in a dry hydrogel (known as a 
xerogel) upon the addition of excess solvent (water in this case) to form hydrated hydrogels. The 
junction points allow for the cross-linking of molecules to attach to the polymer chain. The 
expansion and contraction of the 3D cross-linked polymer network (known as a mesh) in the 
hydrogel provides elasticity and prevents the hydrogel structure from completely solubilising 
into a liquid state. 
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The chemical composition of the hydrogels also governs hydrogel swelling. To 

minimise exposure to water, hydrophobic groups in the polymer chains tend to 

aggregate and collapse in the presence of an aqueous environment (276). As a result, 

the hydrogels with a higher amount of hydrophilic groups in them tend to swell more 

(279). The swelling kinetics of the hydrogels can be classified into either diffusion-

controlled (Fickian), where the transport of the solvent into the polymeric structure of 

hydrogels is concentration-dependent; or relaxation controlled, where the rigidity of the 

hydrogel, or the ability of the polymeric chains to relax, limits the capacity of swelling of 

the hydrogel (286ς288). 

1.6.1 Types of hydrogels 

When the hydrogel network is made by covalent bonds cross-linking different 

polymers chains; the hydrogels formed are classified as permanent or chemical 

hydrogels (289). Chemical hydrogels may be synthesised by cross-linking two existing 

polymer chains in the solid-state or in solution, copolymerisation of monomer/cross-

linker reactive in solution/multi-functional macromer or polymerisation of a monomer 

inside a different solid polymer (289). When the inter-polymer molecular entanglement 

in the hydrogel structure is derived from secondary forces such as ionic bonds, hydrogen 

bonds, or hydrophobic forces, a reversibility is imparted to the hydrogel. These 

hydrogels are commonly named reversible or physical hydrogels (290). Hydrogels 

containing charged functional groups present in their structure may undergo changes in 

shape and swelling, when exposed to different stimuli, such as pH or electrical fields 

(290). Physical hydrogels may be synthesised by heating or cooling a polymer solution 

to form a gel, changing pH to promote the appearance of hydrogen bonds that form a 

gel between two different polymers, or mixing solutions of polyelectrolytes of different 

charges, forming a coacervate gel (289). 

First described over 120 years ago (291), hydrogels have been used in numerous 

applications in medicine and industry (292). Hydrogels prepared from hydrophilic 

polymers have been studied extensively in biomedical research because of their ability 

to interact with water through hydrophilic functional groups such as -OH, -CONH, -

CONH2, -COOH and -SO3H (280). As hydrophobic polymers cannot be used alone for 

hydrogel preparation, they are either co-polymerised with hydrophilic polymers or a 
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hydrophilic group is added to their structure to modify their properties and improve 

their interaction with water (293). 

The first work of hydrophilic hydrogels was published on cross-linked 2-

hydroxyethyl methacrylate (HEMA) hydrogels (294). It was based on this work that the 

first spun-cast contact lenses were made that ushered in a new era of the modern 

contact lens industry (295). HEMA monomers are acrylates containing double bonds 

that undergo free-radical polymerisation to form the poly (2-hydroxyethyl 

methacrylate)(pHEMA) polymer (280). HEMA can be covalently cross-linked using a 

diacrylate, such as ethylene glycol dimethacrylate (EGDMA), which prevents 

solubilisation of the polymer chains, and results in a non-degradable polymer network 

(296). Hydrogel contact lenses are hydrophilic, which allows for increased tear 

wettability over their surface (297).  

The hydrophilicity of pHEMA is due to the presence of hydroxyl groups (-OH) in 

the primary chains, which results in contact lenses with a 38ς40% water content once 

fully hydrated (298). The development of these hydrogel lenses resulted in the 

refinement of several functional characteristics of contact lenses, including the 

optimisation of the lens fitting profile, which reduces the mechanical effects of lens 

placement, and the definition of the 'material flexibility' range for improved comfort and 

durability (299). pHEMA hydrogels are also considered biocompatible because there is 

a reduction of protein adsorption onto pHEMA surfaces and improved biocompatibility 

with blood cells, when compared with alternative materials, such as acrylates and 

silicones used for manufacturing contact lenses (300). 

Polymers used for hydrogel synthesis can be either natural, semisynthetic, or 

synthetic. Polymers from natural sources include polysaccharides like cellulose, starch, 

chitin, gelatine and hyaluronic acid, which are widely used in food and pharmaceutical 

applications as they tend already be biocompatible and safe (301). Gelatine, a 

hydrolysed form of collagen, is used in food, tablet coating and in the synthesis of hard 

and soft gelatine capsules. Hyaluronic acid (in the form of sodium hyaluronate) is used 

in various applications including cosmetic formulations, Healon® surgical aid for cataract 

extraction, as a raw material in tissue engineering, and in eye drops for the treatment 

of dry eyes (301,302). Semisynthetic polymers are derived from modified natural 

polymers. An example of a semisynthetic polymer is chitosan, which is the deacetylated 
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derivative of the natural polymer chitin. While chitin is poorly soluble in both aqueous 

and organic solvents, chitosan has been widely investigated and is much more 

commonly used in drug delivery due to its improved solubility, biocompatibility, low 

toxicity, and biodegradability (303). Examples of common synthetic polymers include 

pHEMA, phosphorylcholine (PC), acrylic acid and its derivatives, poly (vinyl) alcohol 

(PVA) and poly (N-vinyl pyrrolidone)(PVP), which also display biocompatibility, low 

toxicity, but resist degradation (304). 

Hydrogels can be further classified based on the method of preparation. When 

preparing hydrogels, one of the most versatile forms of polymerisation for preparing 

chemically cross-linked hydrogels is free radical polymerisation, where polymer chain 

propagation occurs by the addition of free radical building blocks with monomer units 

(305). A water-soluble monomer is polymerised with a small amount of a second co-

monomer/cross-linker to form a 3D hydrophilic network (306). The reaction can be 

facilitated by several different initiator systems, such as ultraviolet photo-

polymerisation, thermally-initiated, and chemically-initiated polymerisation, with the 

reaction conditions based around the final intended application of the polymer 

(307,308). Variation in the amount of cross-linker, polymerisation temperature, and pH 

leads to a change in the properties of the prepared hydrogel (309). 

Hydrogels can be prepared by cross-linking a single species of monomer (homo-

polymer), co-monomers (co-polymer), multiple monomers (multi-polymer), 

interpenetrating networks (IPN), or semi-IPNs. A co-polymer hydrogel is composed of 

two types of monomer where at least one is hydrophilic in nature. An IPN is a hydrogel 

with a combination of two polymers, where one polymer is chemically cross-linked in 

the presence of the other (310). A semi-IPN is a hydrogel where one polymer is linear 

and entangles with a cross-linked network in the presence of another monomer. The 

two monomers can be polymerised together in the same sample or polymerised 

sequentially, but the two resulting polymer chains are entangled in the matrix without 

any chemical cross-linking occurring between them (311), see Figure 1-8. IPN hydrogels 

impart superior mechanical properties such as strength than non-IPN hydrogels, but 

they mixing two different polymers can be difficult to achieve, so semi-IPNs offer the 

chance for two polymers to be more intimately entangled (312).  
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1.6.2 Hydrogel applications  

Due to their ability to retain fluids, soft texture and high flexibility, hydrogels 

have the ability to mimic the mechanical properties of the native extracellular matrix of 

many tissues, with minimal irritation to the surrounding tissues when applied in vivo 

(289,313). Their biocompatibility and the ability to absorb and release fluids have 

resulted in the extensive investigation of hydrogels as a material in applications such as 

Figure 1-8. Classification of hydrogels based on hydrogel preparation method. Hydrogels can be 
classified as (A) homo-polymer, (B) co-polymer, (C) multi-polymer, (D) IPN and (E) semi-IPN 
hydrogels based on the number of monomers, cross-linkers, and polymers added. 
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tissue engineering, artificial replacement of organs, coating of implantable devices, drug 

delivery, gene delivery, scaffolding and wound dressings (314ς318). 

Hydrogels with high chemical stability can be synthesised to be non-degradable, 

with the different polymer chains cross-linked with covalent bonds to maintain the 

structure of the hydrogel. Alternatively, hydrogels may be engineered such that the 

polymer chains include cross-links that can either degrade hydrolytically or 

enzymatically into smaller degradation products after a specific period 

(275,276,317,319). This ability to tailor the hydrogel degradation according to the 

intended application bolsters their use in implantable devices, implant coatings, soft 

contact lenses and wound dressings (319,320). One of their primary biomedical 

applications is their use as wound dressings to absorb exudates from wounds and are 

useful to treat necrotic wounds. Examples of the available hydrogel wound dressings are 

ActiFormCool, Coolie, Geliperm, Novogel, Algisite®, AlgiDerm®, Sorbsan®, Kaltostat®, 

Intrasite®, Neoheal®, Purilon® and AquafloTM (321,322). Hydrogels are also used in 

different medical devices such as keratoprosthesis, intraocular lenses, smart drug-

delivery systems and bio-sensors (275,276,317,323,324). 

Hydrogels, while extremely versatile in the context of drug delivery, have been 

associated with burst release profiles and poor drug loading efficiencies. A burst drug 

release is especially problematic with drugs that have a narrow therapeutic index, and 

their rapid release may cause toxicity in the surrounding tissues. Poor drug loading 

efficiencies particularly affect hydrophobic drugs due to their limited solubility and the 

high water content in hydrogels, which makes loading therapeutic doses challenging 

(325). 

1.7. Elastic pursed pockets as drug delivery systems 

Elastic pursed pockets represent another option for controlled ocular drug 

delivery. An elastic pocket is created by introducing a fluid between two elastic 

membranes that are fixed together along a common edge (326,327). Elastic pursed 

pockets are commonly used in technological applications, including as pressure-

sensitive buttons, to strain cells in a controlled manner, and as infusion pumps for cost-

effective ambulatory care for patients (328ς330).  
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When the fluid inside exerts pressure on the elastic membranes, they purse, or 

inflate, and form a pocket. Understanding how elastic membranes undergo the process 

of deformation is of significance to many biological systems, from cellular replication 

and motility to the pathogenesis of cardiovascular diseases (331,332). Previous research 

has focussed on studying the inflation of axisymmetric (symmetrical around a common 

axis) balloons, particularly in the context of how stent placements interact with arteries 

(333ς335), electro-elastomers used in prosthetic blood pumps (336), endoscopic 

devices (337), and urinary sphincters for patients suffering from severe stress 

incontinence (338). Today, the majority of coronary stents are expandable elastomeric 

pockets and are deployed using an elastomeric-tipped catheter, which is a thin tube 

made of medical-grade materials. To improve stent implantation, the biocompatible 

elastomeric membranes of the angioplasty pocket is typically folded around the catheter 

in a pleated configuration. As such, the deployment of the angioplasty pocket is 

governed by the material properties of the elastomeric membrane, its folded 

configuration, and its attachment to the catheter (333,335). 

For nearly 70 years, the principle of delivering drugs using elastomeric pockets 

has been mostly used in the form of ambulatory infusion pumps (339), but it was only 

around the mid-1990s that there were changes introduced in the design to make them 

compact and cost-effective. These later designs of compact elastomeric pockets are 

used to deliver fluids into a patient's body in a systematically controlled fashion. 

Although there are various mechanisms behind the controlled rate of the drug delivery 

from these pumps, e.g. electronic, mechanical, or osmotically driven, the non-electronic 

elastomeric infusion pumps, such as shown in Figure 1-9, are easier to use, more 

compact (smaller in size and lighter in weight), portable, and cost-effective compared 

with electronic pumps (340). Elastomeric infusion pumps are now widely used in clinical 

and home settings because they are reliable and comparatively cheaper than electronic 

medication pumps and of course, hospital care itself (341). These elastomeric infusion 

pumps are being used for various indications mentioned in Table 1-4. 
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Table 1-4. Commercially approved portable infusion pumps and their clinical 

indications. Please note, these pumps are not implanted in the body but used for 

ambulatory delivery of medication to the patient by using the elastic energy stored in 

the stretched membrane of their drug reservoir. 

Elastomeric pump Application References 

ReadyMED Antivirals (342) 

Accufuser® (Woo Young Medical Co.) Oncology (343) 

Advance Silicone Infuser, Baxter LVϰ, Baxter Two Day 
Infusorϰ, Multirateϰ Infuser LV, Homepump E-Series® (Block 

Medical), ReadyMED (Alaris) 
Antibiotics (341ς347) 

Intermateϰ Antimicrobials (346) 

Accufuser ®, Baxter LVϰ, Baxter PCA Infusorϰϰ (Baxter 
Healthcare), Baxter Two Day Infusorϰ, Intermateϰ (Baxter 
Healthcare), Multirateϰ Infuser LV (Baxter Healthcare), C-
Bloc (I-Flow Corp.), Eclipse®, Homepump®, Homepump C-

Series® (Block Medical), MedFloIIϰ (MPS Acacia), 
SurefuserҌϰ (NIPRO) 

Analgesia 
(328,341ς

352) 

Baxter LVϰ, Baxter Two Day Infusorϰ, Multirateϰ Infuser LV, 
Singleday Infusorϰ 

Chemotherapy 
(343ς

347,350)  

Homepump C-Series® 
Iron chelation 

therapy 
(346) 

Baxter LV, Baxter Two Day Infusorϰ, Multirateϰ Infuser LV, 
Singleday Infusorϰ, Homepump C-Series® 

Desferrioxamine 
(343ς

347,350)  

Advance Silicone Infuser, SurefuserҌϰ όbLtwhύ 
Cystic fibrosis, 
Thalassemia, 

Heparin 
(341,343,350) 

Figure 1-9. Commonly used elastomeric infusion pumps have two designs; the first is composed 
of two connected elastomeric membranes encased in a protective shell such as (A) Baxter 
INFUSOR, (B) PCA infusor, (C) Canox MYFUSER, (D) Baxter INTERMATE, and the second does not 
include the protective shell such as (E) SMARTeZ pump, (F) B.Braun  Easypump, and (G) ON-Q 
pump. 
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Elastomeric pumps consist of single or multiple elastomeric membranes that can 

be manufactured using either natural or synthetic elastomers, e.g. silicone, latex, or 

isoprene rubber. The properties of the material, such as stiffness, as well as the 

geometry such as size, shape, and material thickness of the elastomeric pocket, 

determine the pressure exerted on the fluid when the pocket is filled. Multiple-layer 

elastomeric membranes can exert higher pressures than single-layer membranes. The 

elastomeric pocket is protected by an outer shell that can either be a rigid plastic (e.g. 

Infusor [Baxter Healthcare, Deerfield, IL]) or a more flexible elastomer (e.g. Homepump 

Eclipse [I-Flow Corporation, Lake Forest, CA]). Elastomeric pumps currently available 

operate with a driving pressure of 260ς520 mmHg and infuse drug at rates of 0.3ς500 

mL hour-1. 
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1.8. Thesis overview 

This thesis will explore novel strategies that have the potential to match the 

unmet clinical need to improve current glaucoma therapy. There were two primary 

objectives for the work described in this thesis: 

¶ Firstly, to investigate methods for localised and sustained delivery of drugs that 

modulate post-surgical wound healing. To realise this objective, stand-alone, non-

refillable drug delivery spacer systems, such as hydrogels, electrospun fibres, and 

solvent cast matrices were explored. Refillable drug delivery systems, such as 

elastomeric pockets were also investigated. 

¶ Secondly, to evaluate the potential of hydrogels as an alternative material for 

aqueous flow modulation that could be used to develop a novel GDD. The primary 

focus was on the characterisation of aqueous permeability and mechanical integrity 

of novel and established hydrogel formulations.  

Chapter 2 describes an experimental assessment of two main approaches for 

formulating an implantable drug delivery spacer system assessed using in vitro drug 

release chambers. Chapter 3 elucidates the major variables that affect the function of 

elastomeric pumps and establishes their relationships. Based on experimental and 

modelling data, recommendations for designing an implantable pump for localised 

subconjunctival drug delivery are provided. Chapter 4 investigates the performance of 

aqueous flow modulation by hydrogels using established and novel formulations with 

chemical and physical modifications. The general discussion, conclusions, and future 

work are stated in Chapter 5. 
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 Investigating spacers for prolonged drug release for 

the subconjunctiva 

Abstract 

 

This Chapter describes an investigation into drug-eluting spacers that were 

formulated using established biocompatible materials. The aim was to prolong drug 

release for at least five weeks critical to postoperative fibrosis, in conditions 

representing the subconjunctival space post-GFS or GDD implantation. The drug-eluting 

spacers that were investigated were formulated using non-degradable and degradable 

polymers. Of these formulations, the spacer containing non-ionic surfactant, Brij 98, at 

a concentration of 1.25% w/v was able to prolong the release of dexamethasone from 

poly(2-hydroxyethyl methacrylate) pHEMA hydrogels significantly longer (>30 days) 

than hydrogels containing no surfactant (<7 days) at therapeutically relevant drug 

concentrations in vitro. The degradable formulations failed to prolong the release of 

Doxycycline for five weeks in vitro. 
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2.1. Background 

The wound healing process after any surgery comprises of a series of complex 

events, starting with inflammation and haemostasis and ending with tissue remodelling 

and scar formation (see Section 1.3.5) (130). The first five weeks are regarded as the 

critical period of maximum postoperative fibrosis (353ς355). In the eye, the 

postoperative fibrosis leads to scar formation, posing a significant challenge to the 

success of surgery as it may close the channel formed during GFS or GDD implantation. 

Different drugs, including the use of anti-scarring agents in different dosage forms, such 

as injections and implantable films, have been investigated to modulate the wound 

healing process and reduce scar formation (131,353). Use of hydrogel spacers at the site 

of the surgery has shown promising results in bleb survival and surgery success in both 

preclinical models and humans (see Section 1.6.2) (356,357). 

Antimetabolites, e.g. MMC and 5-FU, are routinely used at the time of GFS to 

lower the chance of postoperative fibrosis and improve the outcome of the surgery 

(354). However, use of these antimetabolites carries several risks, and these risks, along 

with the intrinsic toxicity of these drugs, require close monitoring of the patient after 

surgery (127,199). Less toxic anti-fibrotic drugs might be used as alternatives. An 

example is the anti-fibrotic drug ilomastat, which has been demonstrated to promote 

bleb survival with minimal scarring when injected into the subconjunctiva in rabbit 

models (231,239,358). The anti-fibrotic activity; however, was reversible and repeated 

injections were needed to maintain efficacy (358,359). A slow-release implant may be a 

way of increasing drug bioavailability at the site of surgery, overcoming the need for 

repeated drug administration during and after surgery. However, when anti-fibrotic 

drugs have been implanted directly (in powder or tablet form) at the time of surgery, 

they may themselves elicit a fibrotic response. Previous work conducted in the Brocchini 

research group has demonstrated a significant antagonistic effect of a solid anti-fibrotic 

drug implanted at the site of surgery (GFS in animal model, New Zealand albino 

rabbits)(356).  

Currently, no anti-fibrotic drug-release implants for the subconjunctiva have 

been licensed for human use, and subconjunctival injections are routinely required to 

modulate postoperative wound healing. Biocompatible polymers, instead of powders or 
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drug tablets, offer the versatility to tailor drug-release kinetics for specific drugs without 

triggering a foreign body response (360ς363). Ocular implants that are currently in 

preclinical development include non-degradable and degradable designs. Preclinical 

research on implantable drug delivery systems for the subconjunctiva has emerged 

within the last ten years (244,364,365), with the current state of the art sustained-

release implants for glaucoma listed in Table 1-3. The safety and clinical effectiveness of 

a drug delivery system determine its practical use and require extensive in vitro and in 

vivo studies before a potential product can be translated to the clinic.  

2.1.2 Using spacers for drug delivery 

The concept of using spacers to promote surgical success is common when it 

comes to GDDs. The principal of a spacer is most commonly used by GDDs such as the 

Ahmed®, the Baerveldt® and Molteno® tubes (see Section 1.3.4). Their structure 

consists of a flexible plate attached to a tube and relies on foreign body encapsulation 

around the plate to create a reservoir of aqueous humour in a subconjunctival capsule 

(180,366).  

The Ologen implant (also named iGen) uses the spacer effect as its underlying 

principle to decrease postoperative fibrosis. It is a biodegradable cylinder made of a 3D 

collagen matrix manufactured using highly purified pepsin-treated type-I collagen 

(>90%) and glycosaminoglycan (<10%). Its dimensƛƻƴǎ ŀǊŜ пΦлл ƳƳ ҕ лΦо ƳƳ όƘŜƛƎƘǘύ Ҏ 

тΦл ƳƳ ҕ лΦр ƳƳ Ҏт ƳƳ όŘƛŀƳŜǘŜǊύ, allowing for easy insertion into the subconjunctival 

space. Placed between the scleral and conjunctival flap, Ologen pushes on the scleral 

flap to control postoperative hypotony until a bleb is formed (367). A study of 63 eyes 

of 44 patients compared trabeculectomy with the Ologen implant (31 eyes) versus 

trabeculectomy with MMC without the implant (32 subjects). The Ologen group were 

found to have a significantly lower IOP at three months, six months, one year, three 

years, and five years follow up (367). In preclinical research, several methods have been 

described to prolong the release of drugs to enable controlled wound healing, including 

the use of drug-releasing spacers (199). Such spacers can be implanted in the 

subconjunctival space during the surgery to release drugs over an extended period and 

improve the outcomes of GFS and GDD implantations (279). 
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Because hydrogels have a unique capability of absorbing a large amount of 

water, hydrogels have many advantages as implantable materials because they are 

considered biocompatible and can be exploited to load and release drugs. Drug-loaded 

hydrogel contact lenses have been developed to increase tear film residence times of 

ƴǳƳŜǊƻǳǎ ŘǊǳƎǎ ǎǳŎƘ ŀǎ ʲ-blockers, antibiotics, steroids, antihistamines and 

antimicrobials (368). The moǎǘ ǎƛƳǇƭŜ ƳŜǘƘƻŘ ƻŦ ƘȅŘǊƻƎŜƭ ŘǊǳƎ ƭƻŀŘƛƴƎ ƛǎ ŎŀƭƭŜŘ ΨŘǊǳƎ-

imbibingΩΣ ƛƴ ǿƘƛŎƘ ǘƘŜ ƘȅŘǊƻƎŜƭǎ ŀǊŜ ǎƻŀƪŜŘ ƛƴǘƻ ǎŀǘǳǊŀǘŜŘ ŘǊǳƎ ǎƻƭǳǘƛƻƴǎ ǿƛǘƘ the aim 

of drug absorption into the hydrogel (369,370). However, this method leads to a poor 

drug loading efficiencies, and since the only resistance to drug transport is diffusion 

through the gel matrix, burst drug release profiles are observed in aqueous 

environments, characterised by spikes of high concentrations of drug released (371ς

374). Previous studies have reported that commonly used topical drugs when loaded in 

hydrogel contact lenses using the imbibition technique, released drug amounts that 

were lower or comparable to those of eye-drops (375ς377).  

!ƴƻǘƘŜǊ ƳŜǘƘƻŘ ǘƻ ŜƳōŜŘ ǘƘŜ ŘǊǳƎ ǿƛǘƘƛƴ ŀ ƘȅŘǊƻƎŜƭ ƛǎ ŎŀƭƭŜŘ Ψin-situ ƭƻŀŘƛƴƎΩ 

which involves solubilising the drug into a polymer solution prior to the polymerisation 

of the xerogel (dry hydrogel) (287,378). This method ensures a 100% drug entrapment 

efficiency within the polymer matrix but is limited in application due to the requirement 

for post-fabrication processing (379). Unreacted monomer often needs to be removed 

but is also accompanied by the loss of drug during this post-fabrication step. Another 

potential disadvantage of directly dissolving the drug in the polymerisation mixture is 

the possibility of drug molecules interfering with the polymerisation process or losing 

their efficacy as a result of the polymerisation reaction (380). In-situ loading might 

increase the bioavailability of the drug in hydrogels but does not prolong the drug 

residence time in an aqueous environment, limiting the potential of these hydrogels for 

prolonged delivery of drugs (381). 

The successful use of a non-degradable pHEMA spacer in combination with AGD 

to release MMC at the site of surgery has previously been demonstrated in vivo (382). 

The MMC-containing pHEMA spacer decreased the postoperative fibrosis and 

inflammation from bleb formation in a rabbit model. Another recent in vivo study in New 

Zealand albino rabbits confirmed that MMC-loaded pHEMA discs prevent postoperative 
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fibrosis and inflammation around the bleb (355). Both studies showed excellent 

biocompatibility of pHEMA in the subconjunctival space. 

2.1.3 Use of dexamethasone in ophthalmology 

Corticosteroids are anti-inflammatory agents that have been used to treat ocular 

inflammatory conditions for decades (370,383ς388). They suppress inflammation by 

inhibiting the adherence of vascular endothelial cells (EC) and the migration of 

neutrophils through blood vessel walls to tissue sites of inflammation, inhibiting the 

presence of macrophages and decreasing the number of T and B lymphocytes at the site 

of tissue damage (389). Another mechanism of action is through the inhibition of 

phospholipase A2, and thus the arachidonic acid pathway, which decreases the 

production of pro-inflammatory mediators, such as prostaglandins, thromboxanes and 

leukotrienes (387,389). 

Dexamethasone (DEX) is an inexpensive, highly potent glucocorticoid steroid 

(390) that is approved for use in steroid-responsive inflammatory conditions of the 

anterior eye, and it is most commonly used in eye drops and subconjunctival injections 

to reduce inflammation following eye surgery, such as GFS, cataract surgery and corneal 

operations (ClinicalTrials.gov identifiers NCT02006888, NCT03751059, NCT00825864, 

NCT04075227, NCT02875158)(391ς397), the chemical structure of DEX shown in Figure 

2-1. This drug is poorly soluble in water and has an aqueous solubility of approximately 

100 µg mL-1 at 25°C, and has a low molecular weight of 392.5 g mol-1. DEX is potent at 

micromolar concentrations (398) and has been shown to have a dissociation constant 

(Kd) of 3.47 ±0.38 nM, which correlates with the EC50 value (2.77 nM) determined from 

59· ǊŜƎǳƭŀǘƛƻƴ ƻŦ ƎƭǳŎƻŎƻǊǘƛŎƻƛŘ ǊŜŎŜǇǘƻǊǎ όʲ-adrenergic) in fibroblasts (385,399,400). 

DEX has been shown to inhibit the proliferation of fibroblasts in vivo (401). It has also 

demonstrated a partial inhibitory effect on cytokine-induced upregulation of MMPs (2 

Figure 2-1. Chemical structure of dexamethasone (DEX). 
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and 9) in human vascular endothelial cells (402) and the inhibition of cytokine induction 

in human retinal microvascular pericytes at 2 nM (385). Additionally, DEX does not cause 

the complications that are frequently associated with the application MMC and 5-FU. 

However, after topical administration of DEX, only about 1% reaches the ocular 

anterior segment (385). The dosing schedule for DEX-containing eye drops is generally 

1ς2 drops per eye every 2 hours for the first 24ςпу Ƙours, with 1ς2 drops every 4ς

с Ƙours afterwards (371). Prolonged systemic administration of steroids can cause 

serious side effects, such as diabetes, haemorrhagic ulcers, skin atrophy, myopathies, 

osteoporosis, and psychosis (403,404). DEX utilisation, while being remarkably effective 

at reducing ocular inflammation, has been associated with increased IOP, defects in 

visual acuity and fields of vision, and posterior subcapsular cataract formation and 

thinning of the cornea or sclera with prolonged use (387,405ς407).  

In order to overcome the potential for side effects associated with corticosteroid 

application, a controlled release of DEX from a biocompatible implant would be clinically 

useful (408). Also, a site-specific, sustained release formulation is desirable that would 

eliminate the need for multiple postoperative injections and prolonged eye-drop 

administration that are required to maintain therapeutic concentrations. Recent 

investigations further reflect this clinical need into prolonging DEX release from 

hydrogels for one month (ClinicalTrials.gov identifier NCT04403516, 

NCT04200651)(266,409). 

2.1.4 Use of doxycycline in ophthalmology 

Doxycycline (DOX) is a common, inexpensive, antibiotic that has shown 

promising results as an anti-scarring agent in ophthalmology (410ς412), see Figure 2-2, 

for the chemical structure of DOX. It is a broad-spectrum antibiotic of the tetracycline 

family that has been used for the treatment of conditions caused by bacterial infections 

Figure 2-2. Chemical structure of doxycycline (DOX). 
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such as acne, urinary tract infections, intestinal infections, eye infections, gonorrhoea, 

chlamydia and periodontitis (413). DOX is used in the clinic in several dosage forms 

including injections, suspensions, capsules and tablets for the treatment of 

inflammatory, autoimmune and granulomatous diseases, and even in the form of a 

hydrogel (Atridox®) for the treatment of periodontal disease (414,415). 

Some properties such as regulation of cytokines, antioxidation, inhibition of 

protease-activated receptor 2 (PAR2), MMP inhibition, inhibition of collagen breakdown 

and chemotaxis of leukocytes have been reported as being responsible for its anti-

inflammatory effect (410,412,415ς418). DOX is commercially available as a slightly 

water-soluble monohydrate form, and as water-soluble forms, hyclate and hydrate. DOX 

hyclate has been shown to be useful as an anti-scarring agent to modulate wound 

healing after GFS (419). Considering the efficacy of DOX in modulating post-surgical 

tissue repair (ClinicalTrials.gov identifier NCT00064766)(420), a spacer formulated with 

biocompatible materials for the site-specific release of DOX at therapeutically relevant 

concentrations for five weeks would help to modulate wound healing post-GFS or GDD 

implantation. 

2.1.5 Surfactants 

Surfactants are compounds that lower the surface tension (or interfacial tension) 

between two phases (fluid: fluid/fluid: solid)(421). They contain both hydrophobic 

groups (tails) and hydrophilic groups (heads), which give them the unique quality of 

being both water-soluble and insoluble (422,423), see Figure 2-3A. According to the 

Surface-tension theory, surfactants reduce the interfacial tension between two phases, 

whereas according to the Repulsion theory, they create a film over one phase that forms 

globules that repel each other (422). Surfactants aggregate together, creating physical 

barriers between the two phases. In water, surfactant molecules adsorb at the air-water 

interface, decreasing the cohesion between the water molecules on the surface. Below 

a certain concentration threshold, known as critical micelle concentration (CMC), 

individual surfactant molecules adsorbing at the air-water interface increases with 

increasing concentration of surfactants. This linearly decreases the surface tension with 

the increasing surfactant concentration (424). At the CMC, both the bulk solution and 

the interface are saturated, and any additional surfactant associates together to form 
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micelles, which is driven entropically via the expulsion of ordered water molecules into 

the bulk aqueous phase (425). 

Above the CMC, the hydrophobic blocks of surfactants assemble to form 

hydrophobic core sites, shown in yellow in Figure 2-3B. There is a rapid drop in surface 

tension when the surfactant concentration is increased further above the CMC (424). 

The hydrophilic segments of the surfactant lie between the hydrophobic core and the 

external aqueous medium, stabilising the core and serving as an interface between the 

bulk aqueous phase and the hydrophobic core. This process is driven by the hydrophobic 

attraction between the hydrocarbon chains of the surfactants and the electrostatic 

repulsion between the polar head group of the surfactant (424). Tanford proposed that 

the hydrophobic affinities are responsible for the cooperative growth of micelles, while 

the interactions between the polar head groups of surfactants provide the anti-

cooperativity that limit the aggregates to finite sizes (426). 

It is possible that poorly soluble drugs can enter into these hydrophobic cores 

and the drug-entrapped micelles can act as drug depots, which could potentially 

increase drug-loading efficiencies and extend drug release times in a biomaterial such 

as hydrogels (427). The transport of the drug and surfactant through the hydrogel is 

Figure 2-3. (A) Surfactants contain both hydrophobic (tails, shown in yellow) and hydrophilic 
(heads, shown in blue) groups that adsorb between interfaces, decreasing the surface tension 
in a mixed solution. Above the CMC (critical micelle concentration), (B) the hydrophobic blocks 
of the surfactants assemble to form hydrophobic core (shown in yellow) sites surrounded by 
hydrophilic shells. These cores can be utilised as drug depots for hydrophobic drugs in 
hydrophilic environments. 
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controlled by the bulk and surface diffusion of water. As water diffuses into the hydrogel 

matrix, it forms a depletion zone near the micellar-aggregate surface (428). As the 

concentration of the surfactant decreases, the drug-depot micelles dissociate or rupture 

and release the drug into the hydrogel matrix, and the rate in which the drug diffuses 

out of the hydrogel matrix depends primarily on the matrix composition that allows for 

greater water diffusion (429,430).  

Most commonly, surfactants are classified according to their polar head group. 

Ionic surfactants carry a net positive (anionic), or negative (cationic) charge. Non-ionic 

surfactants have no charged groups in its hydrophilic head. The head of zwitterionic 

surfactants contains two oppositely-charged groups (422,423,425). Non-ionic 

surfactants have become increasingly influential in pharmaceutical preparations due to 

the implementation of high throughput screening techniques (430,431). In the past few 

decades, the search for new pharmacologically active compounds using hit strategies 

has led to a higher number of low solubility drug candidates belonging to Class II (high 

permeability) and Class IV (low permeability) of the biopharmaceutical classification 

scheme (BCS)(432,433). The poor aqueous solubility of these drugs is a significant barrier 

to forming an effective drug-delivery system. 

The Brij family of non-ionic surfactants, which contain a hydrophilic chain of 

oxyethylene groups and a distinct hydrophobic hydrocarbon chain, are of specific 

interest. Brij surfactants are non-toxic surfactants can form micellar carriers for 

hydrophobic drugs (434), are FDA approved and are widely utilised in pharmaceutical 

applications (435). Several of these surfactants have been shown to have little to no 

ocular toxicity (430,436ς438). 

Surfactant-containing soft contact lenses have been shown to extend the 

delivery of hydrophobic ophthalmic drugs (430). Brij 78 has been previously reported as 

a promising carrier for extended-release of cyclosporine A (CyA) from pHEMA contact 

lenses (429,430,436). Moreover, in addition to being non-toxic, these surfactants act as 

permeation enhancers over the corneal surface and have shown to increase the drug 

bioavailability (438). Brij 98 is of particular interest due to its low CMC value, 0.6% w/v 

(439) and its safety on ocular surfaces (Kapoor & Chauhan 2008a; Kapoor, Howell, et al. 

2009; Kapoor, Thomas, et al. 2009; Sahoo et al. 2014; Saettone et al. 1996).  
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2.2. Hypothesis and aims 

The hypothesis for this chapter was that it was possible to incorporate a known 

non-toxic, anti-fibrotic drug into a spacer system formulated with biocompatible 

materials and achieve a prolonged drug release profile. If drug release at 

therapeutically-relevant concentrations can be maintained for a five-week period 

critical to postoperative fibrosis (353ς355), then this spacer has the potential to 

modulate subconjunctival wound healing following a GFS or GDD implantation. The 

rationale behind formulating a drug-release spacer with biocompatible materials is that 

the spacer could either act as a stand-alone controlled drug-release implant or in 

combination with a GDD to modulate wound healing. 

The two main aims of the work described in this chapter were:  

¶ Firstly, to formulate and characterise a non-degradable hydrogel spacer 

incorporating a model hydrophobic drug and assess its drug-release profile in 

conditions mimicking the subconjunctival space. DEX was chosen as the model drug 

due to is low molecular weight, poor water-solubility, its widespread use in anti-

inflammatory formulations (e.g. eye drops for inflammation following eye surgery), 

and its ability to represent other low MW hydrophobic drugs used in ophthalmic 

indications. A non-ionic surfactant, Brij 98 was utilised to form micelles to entrap the 

DEX within non-degradable hydrogels and characterise its release using an in-house 

in vitro drug-release set-up. The rationale was that increasing surfactant 

concentrations would increase the micellar aggregates available for the preferential 

partitioning of the hydrophobic drug in them. These micelles would act as drug-

depots, and higher drug-loading would prolong the release of DEX. 

¶ Secondly, to formulate a degradable drug-polymer spacer to achieve prolonged drug 

release for five weeks. The rationale for using degradable polymers for the spacer 

was due to their potential to degrade into smaller, biocompatible constituents, 

allowing the spacer to clear from the subconjunctival space into the systemic 

circulation after the drug-payload has been delivered. DOX monohydrate and 

hyclate were chosen as two forms of the model drug due to their low molecular 

weight, water-solubility, widespread use in the clinic for the treatment of eye 

infections, and its promising effect as an anti-scarring agent. Three different spacer 
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materials and methods were investigated: chitosan hydrogels loaded with DOX 

monohydrate and hyclate, electrospun polyό-ʁcaprolactone)-poloxamer fibres 

containing DOX monohydrate, and formulating solvent-cast polyό-ʁcaprolactone)-

poloxamers with DOX monohydrate.  

2.3. Optimal Device Requirements 

The requirements for an optimal spacer device include fabrication of the spacer 

with biocompatible materials and the ability to release drugs at pharmacologically 

relevant concentrations for at least five weeks, which is a critical period for 

postoperative fibrosis following GFS or GDD implantation in glaucoma.  
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2.4. Materials and Methods  

Materials used in this Chapter are listed in Table 2-1 (list of chemicals and 

solvents) and Table 2-2. (list of materials and equipment). Reagents were all used as 

received without further purification. Instruments and experimental set-ups used are all 

described in relevant sections below. 

Table 2-1. List of chemicals and solvents used in this Chapter. 

Material (MW, density*) Supplier 
CAS; Catalogue/Lot 

number 

2-hydroxyethyl methacrylate (HEMA) (MW: 130.14 g 
mol-1, density: 1.073 g mL-1) 

Sigma Aldrich, UK 868-77-9; 525464 

Ethylene glycol dimethacrylate (EGDMA)(MW: 198.22 g 
mol-1, density: 1.051 g mL-1)  

Sigma Aldrich, UK 97-90-5; 335681 

нΣнΩ-Azobis(2-methylpropionitrile) (AIBN)(MW: 164.21 g 
mol-1) 

Sigma Aldrich, UK 78-67-1; 441090 

2-Hydroxy-4Ω-(2-hydroxyethoxy)-2-
methylpropiophenone (HMPN)(MW: 224.25 g mol-1) 

Sigma Aldrich, UK 
106797-53-9; 

410896 

Dexamethasone (MW: 392.46 g mol-1) 
VWR 

International, UK 
50-02-2; 10173165 

.ǊƛƧϰ фу όtƻƭȅƻȄȅŜǘƘȅƭŜƴŜόнлύ ƻƭŜȅƭ ŜǘƘŜǊύ όŘŜƴǎƛǘȅΥ мΦлт 
g mL-1) 

Fisher Scientific, 
UK 

ό!ŎǊƻǎ hǊƎŀƴƛŎǎϰύ 

9004-98-2; 
10117553-100 

Doxycycline hyclate (MW: 512.94 g mol-1) 
VWR 

International, UK 
24390-14-5; 
J60579.14 

Doxycycline monohydrate (MW: 462.46 g mol-1) 
VWR 

International, UK 
17086-28-1, 
J63805.06 

Acetone (MW: 58.08 g/mol; density: 0.791 g mL-1) Sigma Aldrich, UK 67-64-1; 179124 

Chitosan (MW: 190,000-310,000 Da) Sigma Aldrich, UK 9012-76-4; 448877 

Hydrochloric acid solution (MW: 36.46 g mol-1) Sigma Aldrich, UK 7647-01-0 

Pƻƭȅόʶ-caprolactone) (PCL) (MW: ~14,000 g mol-1) (Mn: 
~10,000) 

Sigma Aldrich, UK 440752 

di-{ƻŘƛǳƳ ʲ-glycerophosphate pentahydrate (MW: 
306.11 g/mol) 

VWR 
International, UK 

13408-09-8; 
2765890 

Poloxamer 188 (average MW: ~7680-9510 g mol-1) Sigma Aldrich, UK 
9003-11-6; 188-

15759 

Poloxamer 407 (average MW: ~7680-9510 g mol-1) Sigma Aldrich, UK 
9003-11-6; 407-

P2443 

Acetonitrile (HPLC grade) (MW: 41.05 g mol-1) Sigma Aldrich, UK 75-05-8; 34851 

Water (HPLC grade) (MW: 18.02 g mol-1) Sigma Aldrich, UK 7732-18-5; 270733 

Trifluoroacetic acid (MW: 114.02 g mol-1) Sigma Aldrich, UK 76-05-1; 302031 

Sodium azide (MW: 65.01 g mol-1) Sigma Aldrich, UK 26628-22-8; 769320 

*density at 25°C.  

Table 2-2. List of materials and equipment used in this Chapter. 
Material Supplier Catalogue/Lot number 

Silicone sheets  Polymax, UK Silona 

Glass microscope slides Sigma Aldrich, UK BR474702-2500EA 

21 gauge needles Terumo, UK 21G AN-2138R 

5 mL syringes Terumo, UK SS05SE1 

3 mL slip top plastic syringes BD Plastics, UK 309656 
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Thin wall stainless steel tubing  
Coopers Needle Works Ltd, 

UK 
16 gauge 

20 gauge stainless steel needle Nordson EDF, UK 7018169 

Clear cast acrylic rods  RS Components Ltd., UK RS PRO Clear 824-626 

Silicone tubing VWR International, UK Tygon® 3350  

Sealing film  Cole-Palmer, UK P7543-1EA 

PTFE tape RS Components Ltd., UK Klinger 228-687 

Water purifier VWR International, UK Purite Select Fusion 80 

Weighing balance Sigma Aldrich, UK Ohaus® Explorer® Pro 

pH meter Hanna Instruments Ltd, UK HI-2210-02 

Universal oven  Fisher Scientific, UK 
aŜƳƳŜǊǘϰ ¦bммлǇƭǳǎ ¦ƴƛǾŜǊǎŀƭ 

50 

UV lamp Fisher Scientific, UK 95020102 

Peristaltic pump Cole-Palmer, DE Ismatec® IPC-N 

Syringe pump  KD Scientific, UK KDS100 

Dynamic light scattering Malvern Panalytical, UK Zetasizer Nano ZS 

Laser diffraction Malvern Panalytical, UK Mastersizer 3000 

Micro Cuvettes VWR International, UK MSPP-ZEN0040 

DC power supply FuG Elektronik, DE HCP35-35000 

HPLC-UV Agilent, UK 1200 series 

Stationary phase columns 
Thermo Fisher Scientific, UK Hypersil BDS C18 

Supleco/Sigma Aldrich, USA Ascentis RP-amide 

Digital microscopy Thermo Fisher Scientific, UK EVOS XL cell imaging system 

Scanning electron microscopy 
(SEM) 

FEI Company, NL Quanta 200 ESEM FEG 

Dynamic Scanning Calorimetry 
(DSC) 

TA Instruments, USA DSC Q2000 

Thermogravimetric analysis (TGA) TA Instruments, USA Discovery TGA 5500 

Freeze dryer SP Scientific, USA VirTis AdVantage  

 

2.4.1 Non-degradable spacers 

2.4.1.1 Micelle preparation and size characterisation 

Micellar solutions were prepared by adding different quantities of 

polyoxyethylene (20) oleyl ether (Brij 98) in water. Amounts of Brij 98 (125 mg, 375 mg, 

750 mg, and 1000 mg) were added to 5 mL of deionised (DI) water and were left to stir 

overnight at 800 rpm at room temperature to achieve 2.5%, 7.5%, 15%, and 20% w/v 

solutions. These solutions were at least four times as concentrated as the reported CMC 

(0.6% w/v) of Brij 98 to ensure complete micellisation (434). After overnight stirring, 100 

µL of each micellar solution was added to a micro-cuvette and were analysed for micellar 

size by dynamic light scattering (DLS). Average particle size was analysed by a Zetasizer 

Nano ZS with the following specifications: automatic sampling time of 12 measurements 

per sample, measurements were carried out at 25°C with an equilibration time of 120 

seconds and a 173° scattering angle. The particle size was calculated automatically by 
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the Zetasizer Nano software v7.12, using the Stokes-Einstein relationship. At least three 

samples for each concentration of surfactant were analysed, and the values were 

reported as average ±SD. The measurements were pre-calibrated using pure DI water as 

a baseline. 

2.4.1.2 pHEMA hydrogel preparation and drug loading 

The hydrogel preparation protocol was optimised based on published protocols 

(430,436,441). To prepare drug-entrapped hydrogels, 70 mg of DEX powder was added 

to 2.1 mL of HEMA monomer. Then, 2 mL of the Brij 98 solutions were added to the DEX-

I9a! ƳƛȄǘǳǊŜ ŀƭƻƴƎ ǿƛǘƘ млл ˃[ όнΦр҈ ǾκǾύ ƻŦ ethylene glycol dimethacrylate (EGDMA) 

cross-linker. This resulted in a total volume of 4.1 mL (final concentration of 1.7% w/v 

DEX) of the HEMA-DEX-Brij 98 mixture, and this mixture was left to stir at 600 rpm for 

15 hours to ensure complete dissolution. 

Because the limit of solubility of DEX in micellar HEMA is unknown, additional 

DEX was added in increments of 0.1 mg to the HEMA-DEX-Brij 98 mixture and was stirred 

for 2 hours until the solution turned clear and no precipitates were observed. DEX 

solubility was visually confirmed by observing the mixture against a diffused light source 

(442,443). A clear solution indicated the partitioning of DEX into micelles. The maximum 

concentration of additional DEX that allowed for complete solubilisation in the HEMA-

DEX-Brij 98 mixture was recorded, and this solubility method was repeated. The highest 

concentration of DEX that produced a clear solution; 28.1 mg mL-1, 28.4 mg mL-1, 29.7 

mg mL-1, and 30.5 mg mL-1 DEX for 1.25%, 3.75%, 7.5%, and 10% w/v Brij 98 mixtures, 

respectively, were added to new vials of all four HEMA-DEX-Brij 98 mixtures. For pHEMA 

hydrogels without Brij 98, 8 mg of DEX was dissolved in 2.1 mL of HEMA monomer. Brij 

98 was substituted by 2 mL of DI water and was added to make a total HEMA-DEX 

mixture of 4.1 mL (0.2% w/v DEX). This mixture was stirred at 600 rpm for 15 hours to 

ensure complete dissolution. 

Thermal curing for the fabrication of pHEMA hydrogels is common; however, in 

this study, hydrogels were created using UV-initiated polymerisation to promote a rapid 

polymerisation and prevent segregation of DEX aggregates of insoluble pHEMA that 

could give rise to a heterogeneous hydrogel structure (373). 
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To initiate free radical polymerisation via UV light, 4.92 mg of UV initiator, 2-

Hydroxy-пΩ-(2-hydroxyethoxy)-2-methylpropiophenone (HMPN), was added (0.12% 

w/v) to the HEMA-DEX-Brij 98 mixture (Figure 2-4), and the polymer mixture was 

degassed with argon for 10 minutes to avoid oxygen inhibiting the radical 

polymerisation of HEMA (444). Meanwhile, polymer casting moulds were prepared by 

cutting out a 2.7 cm x 1.0 cm area from silicone gaskets with a 1 mm thickness. Glass 

microscope slides were placed on either side of the silicone gasket, and the slides and 

gasket were secured by placing binder clips on three sides of the casting mould to seal 

a cavity inside, see Figure 2-5A. 

Immediately after degassing, the polymer mixture was drawn into a 1 mL plastic 

syringe using a 21G needle, which then pierced the silicone at the top of the casting 

Figure 2-4. Chemical synthesis of HEMA hydrogel films by UV-initiated free radical 
polymerisation. The monomer (HEMA) was mixed with cross-linker EGDMA to form a clear 
solution. The initiator HMPN then added and placed under an 8W for at least 2 hours. 
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mould between the glass slides and was injected to fill the cavity. The moulds were 

completely filled with the polymer mixture before transferring them beneath an 8W UV 

lamp (Figure 2-5B). The samples were laid flat under the UV lamp with a wavelength of 

254 nm. After 2 hours, the casting moulds were held up to a light source, where it was 

obvious if there was any remaining liquid polymer mixture, which implied 

polymerisation was not complete.  

2.4.1.3 Post-fabrication processing 

Using a custom-made punch, discs 5 mm in diameter were punched out of the 

polymerised (1 mm thick) xerogels and weighed. These discs were then washed in 10 mL 

of DI water at 50°C, the DI water was replaced every five minutes, and this step was 

repeated five times to remove unreacted monomer and surface-adsorbed DEX before 

conducting release experiments. The amount of drug lost during the washing step was 

quantified using HPLC (explained further in Section 2.4.9) and taken into considering 

when calculating final drug release. The encapsulation efficiency and loading capacity of 

DEX in the DEX-pHEMA-Brij 98 hydrogel discs were calculated using the following 

equations; 

ὉὲὧὥὴίόὰὥὸὭέὲ ὩὪὪὭὧὭὩὲὧώϷ  
ὨὶόὫ ὥάέόὲὸ ὥὨὨὩὨὨὶόὫ ὰέίὸ Ὥὲ ύὥίὬὭὲὫ

ὨὶόὫ ὥάέόὲὸ ὥὨὨὩὨ
ρππ 

(2.1) 

ὒέὥὨὭὲὫ ὧὥὴὥὧὭὸώϷ  
ὨὶόὫ ὥάέόὲὸ ὥὨὨὩὨὨὶόὫ ὰέίὸ Ὥὲ ύὥίὬὭὲὫ

ὬώὨὶέὫὩὰ ὨὭίὧ ύὩὭὫὬὸ
ρππ 

(2.2) 

Figure 2-5. For UV-initiated polymerisation, (A) casting moulds were prepared using glass 
microscope slides and a silicone gasket to hold the polymer mixture and were (B) placed under 
a UV lamp (8 W) at 254 nm for at least 2 hours. 



 
 

81 
 

The amount of drug added to the discs was determined by the concentration of 

DEX added to the polymer mixture, the volume of polymer mixture added to the casting 

moulds and the weights of the resulting individual xerogels and individual discs. 

2.4.1.4 Scanning electron microscopy 

An FEI Quanta 200 FEG Scanning Electron Microscopy (SEM) maintained at the 

UCL School of Pharmacy was used for the examination of the surface and inner structure 

of the hydrogels. The acceleration potential used for imaging was 5 kV, and the working 

distance was 5ς17 mm. The hydrogel samples were freeze-dried prior to SEM analysis. 

The fully hydrated gels were frozen at -40°C and freeze-dried using VIRTIS-Advantage 

freeze-dryer for three days. The dried samples were cut and adhered onto aluminium 

SEM stubs using carbon-coated double-sided tape. In order to make the samples 

electrically conductive, they were sputter-coated with gold prior to imaging. 

2.4.1.5 Cross-linked hydrogel tablet preparation and particle 

characterisation 

Another option for a non-degradable spacer was a compressed hydrogel tablet. 

A study demonstrated that an ilomastat-polymer mini-tablet achieved sustained drug 

release and prolonged bleb survival in a rabbit model for several weeks (445). Given the 

promise of this drug delivery system, a formulation of HEMA with a biocompatible 

comonomer MPC, also known as the 1015 formulation, utilised in manufacturing 

contact lenses, was prepared according to a heat-initiated free radical polymerisation 

method. Fully hydrated 1015 hydrogels were dried in an oven at 60°C for 2 hours and 

then ground using a mortar and pestle until a fine powder of cross-linked pHEMA-MPC 

was achieved. The fine powder was further dried in an oven for 5 hours at 50°C before 

characterising for particle size using laser diffraction (Mastersizer 3000 with AERO 

attachment, Malvern Panalytical, UK). The laser obscuration during the measurement 

was within 1-10%, which was the acceptable range of the instrument. The system was 

auto-cleaned between measurements to reduce the carry-over effect. A minimum of 10 

measurements were made, and the average median particle size ±SD (Dv50) was 

analysed using the Mastersizer software version 3.63. 
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The hydrogel tablets were formulated using direct-compression method without 

excipients using a custom-made punch and die set (Holland, Nottingham, UK). Three 

different punch and dies created mini-tablets of 2 mm and 3 mm in diameter. A diagram 

illustrating the apparatus for the tablet punch and die set is shown in Figure 2-6. 

To lubricate the parts, micro grade Poloxamer 188 (Lutrol F68, BASF, Germany) 

0.1% in acetone was applied, and the solvent was allowed to evaporate before tablet 

compression. The FDA has approved the use of Poloxamer 188 in ophthalmic drops 

(446). The tablets were pressed using a Specac IR press. Cross-linked pHEMA powder 

was mixed with DEX (75% w/w) and poured into the die for the 2 mm tablet. The punch 

was placed with the pin inside the die and compression applied (0.3 MPa for 10 

minutes). 

For preparing the 3 mm tablet, firstly, an excipient-less DEX tablet was fabricated 

using a punch and die (2 mm diameter) set with no lubricant. DEX (1.5 mg) was weighed 

and placed into the die and compressed (0.3 MPa for 10 minutes). The tablet was ejected 

from the die, and its weight was recorded. The DEX tablet was placed individually into 

tared Eppendorf tubes (1.5 mL) and stored at 4°C. Next, cross-linked pHEMA powder 

(1.5 mg) was emptied into the 3 mm die. The excipient-less DEX tablet was carefully 

centred in the middle of the 3 mm die on top of the cross-linked pHEMA powder. To 

this, the cross-linked pHEMA powder was added from a second vial (1.5 mg). Fitting the 

punch into the die, this combination of solids was compressed (0.5 MPa for 20 minutes) 

Figure 2-6. The different components of the punch and die set. For each size of the intended 
mini tablet, a specific upper and corresponding lower punch would be used to punch a known 
amount of drug polymer mixture. An alignment spacer was used to ensure the symmetrical 
distribution of compression force during tablet pressing. 
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to yield a cross-linked pHEMA coated DEX tablet (33% w/w drug/polymer) that was 

ejected from the punch. The tablet heights were measured using a micrometre screw 

gauge. 

2.4.2 Degradable spacers 

2.4.3 Chitosan hydrogel preparation  

Chitosan is an amino-polysaccharide obtained by alkaline deacetylation of chitin 

that is naturally found in Crustacean shells (447). Chitosan was investigated as a 

degradable drug hydrogel spacer because it is both biocompatible and biodegradable 

(448), readily dissolving in acidic solutions through protonation of its amine groups. 

Once dissolved, chitosan remains in solution up to a pH of 6.2. In the presŜƴŎŜ ƻŦ ʲ-

glycerophosphate at 37°C, the pH value reaches the physiological range, and 

electrostatic attractions between the ammonium and phosphate groups form, chitosan 

interchain hydrogen bonding increases, and chitosan-chitosan hydrophobic interactions 

occur, which leads to the formation of a hydrated gel-like precipitate (Figure 2-7). 

A polymer solution was prepared by dissolving 200 mg of chitosan (with medium 

viscosity and a >80% degree of deacetylation) in 10 mL of 0.1N HCl to a final 

concentration of 2% w/v. The solution was stirred for 6 hours at 600 rpm with a magnetic 

Figure 2-7. Synthesis of chitosan hydrogels in the presence of Ǡ-glycerophosphate. Chitosan 
dissolves in pH <6.2 via protonation of its amine groups. In the presence of Ǡ-glycerophosphate 
salt at physiological, neutral pH and at 37°C, chitosan transitions from a solution to a hydrogel 
by chitosan interchain hydrogen bonding, electrostatic attractions between the ammonium and 
phosphate groups, and chitosan-chitosan hydrophobic interactions. 
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stirrer to ensure complete mixing and was then cooled to 4°C. di-{ƻŘƛǳƳ ʲ-

glycerophosphate pentahydrate (500 mg) was dissolved in 1 mL of DI water, and drops 

of this solution were carefully added to the cooled chitosan-HCl solution to obtain a clear 

and homogeneous liquid solution. The chitosan solution was split into two 5 mL 

portions, and 110 mg of DOX monohydrate (2.2% w/v) was added to one portion, and 

110 mg of DOX hyclate (2.2% w/v) was added to the other portion. The pH values of the 

two DOX-chitosan solutions were determined as 7.12 and 7.19 for DOX monohydrate 

and DOX hyclate, respectively. The solutions were heated to 37°C while stirring 600 rpm 

on a heating plate. Chitosan hydrogels were used without any further modification for 

in vitro drug release of DOX (monohydrate and hyclate) using the same set-up and 

method described in 2.4.9. 

2.4.4 Electrospinning polymers to formulate Ǉƻƭȅόʶ-caprolactone) fibres 

Fibres were explored as a potential degradable drug-delivery spacer for DOX 

monohydrate. The rationale was that a polymer should encapsulate DOX monohydrate, 

which is a poorly-water soluble form of DOX, and prolong its release whilst preventing 

its degradation by photolysis. Pƻƭȅόʶ-caprolactone)(PCL) and poloxamers have been 

approved by the FDA for ophthalmic formulations and were used to formulate fibres by 

electrospinning, using a vertical set-up.  

Electrospinning works by applying a high voltage (typically 0ς30 kV) to a capillary 

tube with the polymer and drug mixture. Once the voltage is applied to the liquid 

mixture, the liquid droplets become charged with the same polarity (449). When these 

charged polymer droplets at the tip of the capillary tube are sufficient for the 

electrostatic repulsion to counteract the confinement of liquid surface tension, a droplet 

elongates to form a Taylor cone (450ς454). Because the liquid is subjected to a high 

electric field, the charged droplets become unstable and emerge as a single jet, 

travelling straight down, decreasing in diameter, until it starts to bend. The jet then 

ŜƴǘŜǊǎ ǘƘŜ άǿƘƛǇǇƛƴƎ ƛƴǎǘŀōƛƭƛǘȅέ ǊŜƎƛƳŜΣ ƛƴ ǿƘƛŎƘ ƛǘ ŀŎŎŜƭŜǊŀǘŜǎ ŀƴd fluctuates rapidly in 

ŀ άǿƘƛǇǇƛƴƎέ Ƴƻǘƛƻƴ (449,455). As the solvent evaporates, the jet solidifies to form 

continuous fibres that are collected on a grounded collector plate, see Figure 2-9.  
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First, a polymer solution was prepared by adding 1 gram of low molecular weight 

PCL (Mn ~10,000) and 1 gram of poloxamer 407 (PPO units of 40лл ƪ5ŀ ŀƴŘ ŀ тл҈ t9h 

content) to 10 mL of acetone to obtain a final solution concentration of 20% w/v (Figure 

2-8). Another solution of PCL and poloxamer 188 (PPO units of 18лл ƪ5ŀ ŀƴŘ ŀƴ 80% 

PEO content) in acetone at the same concentration was prepared. DOX monohydrate 

(250 mg) was added to each of these PCL-poloxamer solutions, with final a drug 

concentration of 12.5% w/w with respect to the polymer mixture and was used to 

estimate the final drug loading in the fibres. To ensure complete mixing, both solutions 

were stirred at 800 rpm for 6 hours at room temperature. 

Second, the PCL-poloxamer-DOX solutions were transferred into a 5-mL syringe, 

and a stainless-steel needle with an inner diameter of 0.6 mm was attached to the 

syringe. The syringe was mounted on a syringe pump, and a flow rate of 1 mL hour-1 was 

maintained. The applied positive voltage was 18 kV using a DC power supply (HCP35-

35000, FuG Elektronik, Germany). The resulting fibres were collected on a grounded 

plate covered in aluminium foil for easy collection and storage (Figure 2-9). The distance 

between the needle tip and the grounded target was 18 cm. Electrospinning processes 

were conducted under ambient conditions, with a temperature of ~21°C and relative 

humidity of ~45%. Optimisation of the electrospinning parameters was first performed 

to find the most appropriate flow rate, voltage, and needle to collector distance. The 

range of parameters explored, and optimal processing conditions identified are detailed 

in Table 2-3. 

Table 2-3. Range of electrospinning processing parameters explored and identified optimised 
values. 

Parameter Range Optimised 

Flow rate (mL h-1) 0.5-1.5 1 
Voltage (kV) 14-24 18 

Distance from needle to collector (cm) 12-20 18 

Figure 2-8. Chemical structures of poly(ʁ-caprolactone) and poloxamer, a co-block polymer of 
polyethylene oxide and polypropylene oxide. 
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Finally, PCL nanofibre preparation was confirmed by visual inspection using a 

digital microscope (EVOS XL cell imaging system, Thermo Fisher Scientific, UK). Diameter 

distribution analysis of the fibres was carried out using the digital microscope images by 

making manual measurements at 50 different points, using the ImageJ 1.53a software 

(National Institutes of Health, USA)(456). The collected fibres were stored in darkness at 

room temperature and were used without any further modification for in vitro drug 

release of DOX (monohydrate) using the same set-up and method described in Section 

2.4.9.  

2.4.5 Solvent-casting polymers 

In this method, a drug is dissolved in a suitable solvent and mixed with a polymer 

carrier, which is followed by solvent removal and solidification to form solid dispersions. 

The advantage of this method is that the temperature and the mixing time are lower 

Figure 2-9. Schematic of the set-up used for electrospinning PCL fibres. Polymer-drug liquid 
mixture was drawn in a syringe with a needle of 0.6 mm inner diameter attached to it. The 
syringe was mounted on a syringe pump and flow rate was maintained at 1 mL hour-1. A positive 
voltage of 18 kV was applied using a DC power supply. A grounded target was covered in 
aluminium foil for easy fibre collection and storage. The distance between the needle tip and 
the grounded target was 18 cm. Electrospinning processes were conducted under ambient 
conditions (temperature: ~21°C, relative humidity: ~45%). Fibre preparation was confirmed by 
visual inspection using digital microscopy. 
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than traditional melting methods of polymer processing, thus protecting the drug from 

potential thermal degradation (457).  

Solvent casting was used to encapsulate DOX monohydrate in PCL. PCL-

poloxamer 407 and PCL-poloxamer 188 (20% w/v) solutions were prepared by adding 1 

gram of low molecular weight PCL (Mn ~10,000) and 1 gram of either poloxamer 407 or 

188 to 10 mL of acetone. DOX monohydrate (250 mg) was added to the polymer 

solutions with a concentration of 12.5% w/w (DOX/PCL-poloxamer) and was used to 

estimate the final drug loading in the solvent-cast PCL spacers. To ensure complete 

mixing, both solutions were stirred at 800 rpm for 6 hours at room temperature. Since 

the solvent vapour pressure of acetone is 25.1 kPa at ~20°C (information from supplier), 

the DOX-PCL-poloxamer solutions were poured into glass Petri dishes and were placed 

in a standard laboratory fume hood for solvent vapour extraction, and were left in the 

fume hood for 9 hours. The dry DOX-PCL-poloxamer spacers were weighed and used 

without any further modification for in vitro drug release of DOX monohydrate using the 

same set-up and method described in Section 2.4.9.  

2.4.6 Swelling ratio measurements of hydrogels 

The type of binding of water in a hydrogel can determine the overall exchange 

of solute from the hydrogel. The maximum percentage of water absorbed by the 

hydrogel to reach full hydration is termed as equilibrium water content per cent 

measurements (EWC%)(458). To calculate the EWC% of pHEMA hydrogels, 5 mm discs 

were cut from fully hydrated pHEMA hydrogels and weighed, which was considered the 

weight of the disc in equilibrium with water (ὡ ). The discs were then completely dried 

by placing them in a vacuum oven at 70°C until they reached constant weight (ὡ ).  

Chitosan hydrogels were weighed after polymerisation, and this weight was 

considered the equilibrium with water (ὡ ) weight. The hydrogels were then dried in a 

vacuum oven at 70°C until they reached a constant weight (ὡ ). The equation below 

was used for the calculation of EWC% (458,459).  

 
%7# Ϸ

ὡ ὡ

ὡ
ρππ 

(2.3) 
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Swelling ratio (SR) refers to the ratio between the weight of solvent absorbed by 

the hydrogel and the dry weight of the xerogel. It gives an indication of the increase in 

the size of the xerogel when fully hydrated. It was calculated as; 

 
32

ὡ ὡ

ὡ
 

(2.4) 

2.4.7 Differential scanning calorimetry 

To measure the free water to bound water ratio in pHEMA hydrogels, differential 

scanning calorimetry (DSC) was utilised. The principle behind DSC is that only free water 

and lightly-bound water molecules are frozen, so the endotherm obtained from DSC 

represents the amount of frozen water only. The heat of fusion of freezable water in 

hydrogels was assumed to be the same as ice. The amount of bound water is the 

difference between the total water content and freezable water (317,460). The melting 

enthalpies achieved from DSC were used to calculate the bound to free water ratio. As 

given in the equations below, Wb is the amount of bound water, Wf is the amount of 

free water, Wfb is the amount of lightly bound water, Qendo is the melting enthalpies 

derived from the DSC chart and Qf is the melting enthalpies of free water which is the 

same as ice; 79.9 cal g-1 (458). 

 ὡ Ϸ ὉὡὅϷ ὡ ὡ ρππ (2.5) 

 
ὡ Ϸ ὉὡὅϷ

ὗ

ὗ
ρππ 

(2.6) 

DSC measurements were performed with a DSC Q2000 equipped with a 

refrigerated cooling system. Nitrogen with a flow rate of 50 mL min-1 was used as a purge 

gas for all the experiments. Fully hydrated hydrogel samples were weighed into TA zero 

aluminium hermetic pans. All samples weighed between 15ς20 mg. An empty 

hermetically sealed pan was used as a reference for all samples. Calibration with indium 

ό¢Ƴ ҐмрсΦсΤ ɲIŦ ҐнуΦтм W Ǝ-1) was performed according to the manufacturer instructions. 

Samples were cooled from 25°C to -35°C at a cooling rate of 5°C min-1, then were held 

for 3 minutes at -35°C, and then were heated to 150°C at a rate of 10°C min-1. All 

measurements were performed at least in triplicate for all hydrogels, and the mean 

values were used in data analysis with TA Universal Analysis software version 4.5A (TA 

Instruments, USA). 
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2.4.8 Thermogravimetric analysis 

To evaluate the thermal stability and degradation profiles of micellar pHEMA 

hydrogels, thermogravimetric analysis (TGA) was carried out on a Discovery TGA 5500. 

Nitrogen was used as a purge gas for the furnace at 50 mL min-1. Fully hydrated hydrogel 

samples were weighed into open TA aluminium pans. All samples weighed between 15ς

20 mg. The samples were heated to 50°C, were held at 50°C for 5 minutes, and then 

were heated to 500°C at a rate of 20°C min-1. The sample weight remaining (%) and the 

rate of thermal decomposition data as a function of temperature (°C) were plotted using 

OriginPro b9.5 Academic (Origin Lab Cooperation, USA). 

2.4.9 In vitro drug release studies 

2.4.9.1 Design of in vitro drug release flow chamber 

Because the drug delivery spacers are intended for use in the subconjunctiva, a 

two-piece, closed-top drug-release rig was fabricated from clear cast acrylic rods by Mr 

John Frost UCL School of Pharmacy workshop to mimic the subconjunctival space. Each 

rig consisted of two acrylic parts and a silicone-ring that were sealed securely with three 

screws, see Figure 2-10. To minimise water evaporation, all junctions were secured using 

Figure 2-10. Schematic diagram of the in vitro flow rig used for drug release studies was designed 
to mimic the bleb formed in the subconjunctival space after GFS. It had an inlet for aqueous flow 
through the spacers and an outlet to collect the drug-release aliquots for quantification using 
HPLC-UV. 
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tie locks and thread sealing PTFE tape. The bottom part of the drug-release rig was 8 

mm in diameter and contained an inlet for fluid into a small well with a 250 µL capacity, 

which is the estimated volume for a filtration bleb in the subconjunctiva (239,461,462). 

A constant flow of water at 2 µL per minute was maintained across the drug-polymer 

spacers to assess drug release using a pharmaceutical dispensing pump. The top part of 

the release rig had an outlet tube for sample collection.  

2.4.9.2 In vitro drug-release set-up 

All drug-loaded spacers were tested for drug release, and the schematic of the 

set-up is shown in Figure 2-11. Since there were no visually-observable aggregates in 

the hydrogels or fibres, the drug distribution was assumed to be homogenous and 

represented the drug distribution profile in the entire material. 

After any post-fabrication processing, spacers were seated in the well of the 

bottom chamber of the in vitro drug-release rigs and were screwed shut. The drug-

release rigs were placed on a heated oil bath, so a constant temperature of 35.5°C was 

maintained, which is an estimate of the subconjunctival temperature (463). DI water 

supplemented with 0.02% sodium azide, maintained at 35.5°C, was pumped through the 

rigs using an eight-channel peristaltic pump (Ismatec, Germany) at the physiological rate 

of aqueous production in the eye (2 µL min-1)(52,53,64). The flow rig apparatus was 

calibrated and checked by collecting and weighing effluent over a set period of time. 

Calibration took place at the start and the end of the experiment. Drug-release samples 

Figure 2-11. Schematic of the in vitro drug-release set-up used. Hydrogel discs (shown as an 
orange disc) were placed in drug-release chambers (maintained at 35.5°C), connected to a 
peristaltic pump which pumped warm water (maintained at 35.5°C) at the physiological rate (2 
µL/min) of aqueous production. Drug-release aliquots were stored 4°C until quantified using 
High Pressure Liquid Chromatography with a UV detector (254 nm). 
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were collected in glass vials and were covered with a parafilm. Samples were collected 

every two hours on the first day, every day for the next four weeks and once every three 

days until 35 days (end of five weeks). The eluted samples from drug release 

experiments were stored at 4°C until quantified using HPLC. 

2.4.9.3 HPLC methods for drug quantification 

DEX samples were analysed by an HPLC-UV system Agilent 1200 series equipped 

with Chemstation software (Agilent, Wokingham, Berkshire, UK). The stationary phase 

was a Hypersil BDS C18 (250 x 4.6 mm, 5 µm) column maintained at 25°C. The mobile 

phase was composed of 32% (v/v) acetonitrile and 0.1% (v/v) trifluoroacetic acid in 

water. The separation method included a mobile phase flow rate of 1.1 mL min-1 for a 

10 minute Ǌǳƴ ǘƛƳŜΦ ¢ƘŜ ƛƴƧŜŎǘƛƻƴ ǾƻƭǳƳŜ ǿŀǎ нр ˃[Σ ŀƴŘ ǘƘŜ ŘŜǘŜŎǘƛƻƴ wavelength was 

254 nm. The retention time for DEX was 7.4 minutes.  

DEX samples for the calibration curve were prepared using the mobile phase as 

the solvent. The first sample in the calibration curve was prepared by adding 1 mg of 

DEX to 8 mL of mobile phase and stirred at 600 rpm for 15 minutes with a magnetic 

stirrer to ensure that DEX was dissolved. This sample was diluted 1:1 in the mobile 

phase, and a concentration range was created by further 1:1 dilution. To increase the 

reliability of measures, this process was repeated three times, and an average of each 

concentration was plotted on the calibration curve. The correlation coefficient of the 

calibration curve was R2: 0.9996 for a concentration range of 125ςлΦлом ˃Ǝ Ƴ[-1, 

indicating acceptable linearity. The deviation between replicate samples was <1%, and 

the limit of detection for DEX in the mobile phase ǿŀǎ ϤлΦм ˃Ǝ Ƴ[-1.  

DOX monohydrate and hyclate samples were also analysed by an HPLC-UV 

system Agilent 1200 series equipped with Chemstation software. The stationary phase 

was an Ascentis RP-amide column (150 x 4.6 mm, 5 µm) maintained at 40°C. The mobile 

phase was composed of 25% (v/V) acetonitrile and 0.1% (v/v) trifluoroacetic acid in 

water. The separation method included a mobile phase flow rate of 1 mL min-1 over a 

10 minute rǳƴ ǘƛƳŜΦ ¢ƘŜ ƛƴƧŜŎǘƛƻƴ ǾƻƭǳƳŜ ǿŀǎ нр ˃[Σ ŀƴŘ ǘƘŜ ŘŜǘŜŎǘƛƻƴ ǿŀǾŜƭŜƴƎǘƘ ǿŀǎ 

273 nm. The retention time for DOX monohydrate was 3.4 minutes.  

A calibration curve for DOX monohydrate was prepared using the mobile phase 

as the solvent; the first sample was prepared by adding 1.1 mg of DOX monohydrate to 
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8 mL of mobile phase and stirred at 600 rpm for 15 minutes with a magnetic stirrer to 

ensure that DOX was dissolved. This sample was diluted 1:1 in the mobile phase, and a 

concentration range was created by further 1:1 dilution. To increase the reliability of 

measures, this process was repeated three times, and an average of each concentration 

was plotted on the calibration curve. The correlation coefficient of the calibration curve 

was R2: 0.9989 for a concentration range of 137.5-лΦло ˃Ǝ Ƴ[-1, indicating acceptable 

linearity. The deviation between replicate samples was <1%. The limit of quantification 

for DOX in solvent ǿŀǎ ϤлΦм ˃Ǝ Ƴ[-1.  

A calibration curve for DOX hyclate was also prepared using the mobile phase as 

the solvent; the first sample was prepared by adding 32.0 to 8 mL of mobile phase and 

stirred at 600 rpm for 15 minutes with a magnetic stirrer to ensure that DOX was 

dissolved. This sample was diluted 1:1 in the mobile phase, and a concentration range 

was created by further 1:1 dilution. To increase the reliability of measures, this process 

was repeated three times, and an average of each concentration was plotted on the 

calibration curve. The correlation coefficient of the calibration curve was R2: 0.9999 for 

a concentration range of 4000-лΦло ˃Ǝ Ƴ[-1, indicating acceptable linearity. The 

deviation between replicate samples was <1%. The limit of quantification for DOX 

hyclate in solvent ǿŀǎ ϤлΦн ˃Ǝ Ƴ[-1.  

The concentrations of DEX and DOX were determined from the area under the 

release rate curve (AUC) using the trapezoidal rule to approximate the definite integral 

(signed area of the region in XY-plane that is bounded by the graph). The concentration 

of drug in each sample analysed on a given day was determined by a standard curve 

prepared on the same day. If the concentration of drug release in a sample fell outside 

the linearity range of the calibration curve, appropriate dilutions were made using the 

mobile phase, and the dilution factor was accounted for in the concentration estimation. 

Next, the volume that was collected from drug-release chambers between each 

time point was calculated using equation 2.7;  

 ὺέὰόάὩ Ὢὰέύ ὶὥὸὩ  ὸὭάὩ (2.7) 

with the flow rate set as 2.0 µL min-1. From there, the mass of drug in each sample was 

calculated using equation 2.8; 

 άὥίί ὧέὲὧὩὲὸὶὥὸὭέὲ  ὺέὰόάὩ (2.8) 

 



 
 

93 
 

and then the cumulative mass for each time point was calculated. Next, the cumulative 

drug release (total drug released) for each time point was calculated using the total drug 

content in a hydrogel disc using equation 2.9; 

ὅόάόὰὥὸὭὺὩ ὨὶόὫ ὶὩὰὩὥίὩϷ  
ὧόάόὰὥὸὭὺὩ άὥίί

ὨὶόὫ ὥάέόὲὸ Ὥὲ ὨὭίὧ ὨὶόὫ ύὥίὬὩὨ 
 ρππ 

(2.9) 

Average cumulative drug released (%) and standard deviation for each time point were 

calculated. The time required for half of the drug amount in the spacer to be released, 

or the elimination half-life, Ὕ  was estimated using the following equations:  

 

 Ὧὸ ὰὲὗ ὰὲὗ (2.10) 

 
Ὕ

πȢφωσὸ

Ὧ
 

(2.11) 

where ὗ is the amount of drug released in time ὸ, ὗ is the initial amount of drug in the 

spacer and Ὧ is the first order release constant (464,465). 

2.4.10 Mathematical modelling of drug release kinetic data 

To evaluate the kinetics of in vitro release data from the pHEMA hydrogel discs, 

mathematical models such as zero order, first order, HiƎǳŎƘƛΩǎΣ IƛȄǎƻƴ-/ǊƻǿŜƭƭΩǎΣ ²Ŝƛōǳƭƭ 

and Korsmeyer-Peppas models were applied (465ς470). The criterion for selecting the 

most appropriate model was based on matching the assumption criteria of the model: 

goodness-of-fit test (R2) and the smallest sum of squares of residuals (SSR) value (471ς

473). Korsmeyer-Peppas model was found to be the best fit for studying the mechanism 

of drug release. According to this model, to find out the mechanism of drug release from 

a polymeric system, the first 60% of the drug-release data is fitted to the equation using 

the following equation; 

 - 

-
ὯÔ 

(2.12) 

where 
 
 is the fraction of drug released at time, ὸ, Ὧ is the rate constant, and n is the 

diffusion exponent. The n value is used to characterise different release mechanisms for 

cylindrical shaped matrices (474,475). 
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2.4.11 Statistical analysis 

All results are presented as the average (arithmetic mean) and standard 

deviation (± SD) of at least three samples, and data were plotted using Origin Pro 2018 

Academic (OriginLab, USA). For the analysis of variance, one-way and repeated measure 

ANOV! ǿƛǘƘ ¢ǳƪŜȅΩǎ Ǉƻǎǘ ƘƻŎ ǘŜǎǘ ǿŀǎ carried out to evaluate statistical differences 

between the mean values of experimental data. Probability value descriptive data were 

generated for all variables and values less than 0.05 (p<0.05) were considered as 

indicative of statistically significant differences. 
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2.5. Results 

2.5.1 Non-degradable pHEMA spacers 

The aim of these experiments was to formulate DEX-loaded pHEMA spacers 

using a non-ionic surfactant, Brij 98, and evaluate in vitro release kinetics and duration 

of release. DEX was used as the model hydrophobic drug due to its widespread use as 

an anti-inflammatory drug in ophthalmic formulations. A range of Brij 98 surfactant 

concentrations (1.25-10% w/v), well above the CMC (0.6% w/v) was investigated to 

achieve maximum drug-loading and prolong drug release. 

2.5.1.1 Micelle characterisation 

As the concentration of Brij 98 was increased (2.5ς20%) in aqueous solution, the 

mean particle size of the micelles decreased, see Figure 2-12. For a 2.5% w/v Brij 98 

solution, the mean size of the micelles was 8.8 ±0.08 nm with a poly-dispersity index 

(PDI) of 0.1. For 7.5% w/v Brij 98 concentration, the mean size of the micelles decreased 

to 7.69 ±0.08 nm with a PDI of 0.2. For 15% w/v Brij 98 solution, the mean size of the 

micelles further decreased to 6.21 ±0.07 nm with a PDI of 0.2. For 20% Brij 98 

concentration, the mean size of the micelles was observed to be the smallest of the four 

concentrations of Brij 98 solutions analysed by DLS. The mean size of the micelles was 

5.67 ±0.07 nm, with a PDI of 0.2. These results suggest that as the concentration of Brij 

Figure 2-12. Dynamic light scattering showed that as the concentration of Brij 98 in water 
increased, the average size of the micelles decreased (n=6). The range of average micelle 
particle sizes was 8.8 ±0.08ς5.7 ±0.07 nm. The poly-dispersity index increased as the 
concentration of Brij 98 increased, suggesting small, moderately polydisperse micelles at higher 
concentrations of Brij 98. 
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98 increases, the resulting micelles are smaller and are moderately polydisperse in 

solution, while lower concentrations of Brij 98 result in monodisperse particle 

distributions. 

2.5.1.2 Visual characterisation 

The UV-polymerised DEX-pHEMA-Brij 98 xerogels were transparent and glossy 

with no precipitates observed during the visual inspection, see Figure 2-13. They were 

also pliable to the touch. The absence of particulates suggested that the majority of DEX 

was entrapped in micelles within the xerogels. Importantly, heterogeneous DEX 

distribution would affect the accuracy of the drug release results. Additionally, a non-

encapsulated drug can trigger the immune system resulting in foreign body response 

and ultimately adversely affect the therapeutic efficacy of the implantable spacer disc 

(356,476,477). The inclusion of Brij 98 and DEX did not appear to interfere in the 

polymerisation process of pHEMA hydrogels.  

2.5.1.3 Post-fabrication processing 

After recording the observations of pHEMA xerogel visual inspection, circular 

discs were punched out (Figure 2-14) and weighed to calculate the drug loading 

efficiencies and drug loading capacities. DEX loading increased from 0.2% w/v in DEX-

pHEMA xerogels (103.3 ±6.4 µg disc-1) without Brij 98 to >2.5% w/v for Brij 98-loaded 

DEX-pHEMA xerogels, see Table 2-4. Drug loading was determined based on the 

Figure 2-13. UV-initiated polymerisation resulted in pHEMA xerogels loaded with DEX. (L-R) 
DEX-pHEMA hydrogels containing 1.25%, 3.75%, 7.5% and 10% w/v Brij 98. The xerogels did not 
show particulate aggregates, indicating that majority of the drug was entrapped in micelles. 
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maximum solubility of DEX in the system (with or without Brij 98), which was confirmed 

by repeated evaluations, the volume of polymer mixture added to the casting moulds, 

and weights of individual xerogels and discs. Post-fabrication of the xerogel discs 

included a washing step with hot water (50 mL at 50°C). 

Table 2-4. The amount of DEX lost during post-fabrication processing, the final amount 
of DEX loaded per disc, drug-loading capacities, and drug-loading efficiencies of the 
hydrogels. 

Brij 98 concentration 
in hydrogel discs 

(% w/v) 

Amount of DEX 
lost in washing 

(µg) 

Final amount 
of DEX loaded* 

(µg disc-1) 

Loading 
capacity (%) 

Encapsulation 
efficiency (%) 

0 24.8 ±4.1 78.5 ±4.2 0.3 ±0.03 75.9 ±1.5 

1.25 165.2 ±27.0 718.4 ±12.3 2.8 ±0.3 81.2 ±1.6 

3.75 201 ±32.8 667.1 ±6.0 2.8 ±0.3 76.7 ±1.9 

7.5 180 ±29.4 884.0 ±23.7 3.6 ±0.4 83.0 ±1.4 

10 182.7 ±29.8 1230.3 ±25.1 4.6 ±0.4 87.0 ±1.1 

*Calculated by subtracting the amount of drug lost in the washing step from the theoretical amount of 
DEX (in µg) added to the discs. The theoretical amount of DEX was derived from the concentration of DEX 
added to the polymer mixture, the volume of polymer mixture injected into the casting moulds and the 
weight of the individual hydrogels and hydrogel discs. 

 
This method is commonly utilised while manufacturing soft contact lenses to 

remove unreacted monomer after polymerisation is complete (436). This method also 

washed out some drug from the xerogel discs and the drug lost was quantified using 

HPLC and subtracted from the total drug per disc for estimation of final drug loading, 

see Table 2-4. As the concentration of Brij 98 increased, there was an increase in the 

calculated per cent loading capacities of the hydrogels; however, there was no clear 

difference in the calculated per cent encapsulated efficiencies between all the 

hydrogels. This indicates that hydrogels with higher Brij 98 concentrations are able to 

hold high drug amounts. 

Figure 2-14. Discs 
with a diameter of 5 
mm were created 
from xerogel films 
using a custom-
made punch for 
characterisation and 
drug release studies. 
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2.5.1.4 Scanning electron microscopy 

Scanning electron microscopy (SEM) imaging was employed to qualitatively 

assess the microstructure of drug-loaded hydrogels because it enabled a closer 

inspection of their bulk homogeneity (internal structure) as well as their surface. In UV-

initiated polymerisation, the surface of the xerogel is first to polymerise followed by the 

bulk of the xerogel. Hydrogels examined included both DEX-pHEMA hydrogels (0% Brij 

98) and Brij 98-loaded DEX-pHEMA hydrogels. DEX-pHEMA hydrogels without Brij 98 

showed a uniform glossy surface with folds presumably formed during the 

polymerisation process, see Figure 2-15. 

SEM images of the Brij 98-loaded DEX-pHEMA hydrogels revealed some 

noticeable structural differences compared with DEX-pHEMA hydrogels without Brij 98, 

see Figure 2-16. All Brij 98-loaded DEX-pHEMA hydrogels were characterised by rougher 

surfaces with the presence of complex aggregates and cavities in the bulk structures, 

indicating varying pore distributions, whereas DEX-pHEMA hydrogels displayed a 

uniform structure with no visible aggregates. 

Figure 2-15. SEM images of DEX-pHEMA hydrogels with no added Brij 98 of (A) the surface at 
500x magnification and (B) the bulk structure at 20,000x magnification. The surface had visible 
folds caused by swelling in the casting mould during polymerisation. The bulk structure did not 
show any visible aggregates, suggesting homogeneity across the hydrogel. The scales bars are 
100 µm for the surface and 4 µm for the bulk. 



 

 

9
9 9

9 

 

Figure 2-16. SEM images of Brij 98-loaded DEX-pHEMA hydrogel discs. (A) 1.25% Brij 98, (B) 3.75% Brij 98, (C) 7.5% Brij 98, and (D) 10% Brij 98-loaded DEX-
pHEMA hydrogels at 500x magnification. Increasing the magnification to 20,000x for (E) 1.25% Brij 98, (F) 3.75% Brij 98, (G) 7.5% Brij 98, and (F) 10% Brij 98-
loaded DEX-pHEMA hydrogels revealed spherical aggregates (red arrows) with complex shapes as well as cavities within the bulk structures. 
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2.5.1.5 Water in DEX-loaded pHEMA hydrogels 

Understanding how Brij 98-loaded DEX-pHEMA hydrogels swell in water was 

important to understand the effect of surfactant concentration on drug loading and drug 

release from the hydrogel discs. The effect of the Brij 98 concentration on the EWC% 

and the SR of the DEX-pHEMA hydrogels were measured. The results are shown in Figure 

2-17. Brij 98 had an impact on EWC% and SR as there was a significant decrease in the 

EWC% and SR in the Brij 98-loaded DEX-pHEMA hydrogel discs as compared with DEX-

pHEMA hydrogel discs (0% Brij 98)(p<0.0001). However, no significant correlation was 

observed between the different surfactant concentrations and EWC% of the hydrogels 

(p<0.5). Brij 98-loaded DEX-pHEMA hydrogels showed a minimum EWC% greater than 

38.5%; 1.25%, 3.75%, 7.5%, and 10% Brij 98-loaded hydrogels displayed EWC% of 38.8%, 

43.6%, 43.1%, and 40%, respectively. In comparison, DEX-pHEMA hydrogels (0% Brij 98) 

resulted in an EWC% of 69.6%. Brij 98-loaded DEX-pHEMA hydrogels all showed a 

minimum SR less than 0.63%. 1.25%, 3.75%, 7.5%, and 10% Brij 98-loaded hydrogels 

Figure 2-17. The effect of surfactant concentration on the EWC% and SR of Brij 98-loaded DEX-
pHEMA hydrogels. There was a significant difference between the DEX-pHEMA hydrogels 
without Brij 98 (0%) and all the DEX-pHEMA hydrogels containing Brij 98 (p<0.0001). However, 
no significant correlation between the surfactant concentrations and EWC nor SR was observed 
(p>0.5). 
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displayed SR values of 0.64, 0.77, 0.76, and 0.67, respectively. In comparison, DEX-

pHEMA hydrogels (0% Brij 98) exhibited an SR value of 2.3. 

2.5.1.6 Differential Scanning Calorimetry and Thermogravimetric 

Analysis 

Diffusion of drugs from hydrogels is related to the bulk water percentage in the 

hydrogel; the higher the free + lightly bound water content, the faster the drug release 

will be (478). Relative to the EWC%, the proportion of the non-freezing water content, 

i.e. bound water increased and the proportion of freezing water content, i.e. free + 

lightly bound water decreased as the surfactant concentration increased, see Figure 

2-18. DEX-pHEMA hydrogels (0% Brij 98), 1.25% Brij 98 and 3.75% Brij 98-loaded DEX-

pHEMA hydrogels contained a statistically lower proportion of bound water compared 

with the 10% Brij 98-loaded DEX-pHEMA hydrogel, (p<0.05, p<0.001, and p<0.05, 

respectively). Additionally, the proportion of bound water in 1.25% Brij 98 and 7.5% Brij 

Figure 2-18. The effect of surfactant concentration on the proportion of bound water to free 
and lightly bound-water in Brij 98-loaded DEX-pHEMA hydrogels. The proportion of free and 
lightly-bound water generally decreased as the concentration of Brij 98 increased, whereas the 
proportion of bound water increased as the concentration of Brij 98 increased. For the 
proportion of bound water, there was a significant difference between 10% Brij 98 and 0% Brij 
98, 1.25%, and 3.75% Brij 98 (p<0.05, p<0.001, and p<0.05). 1.25% and 7.5% Brij 98-loaded DEX-
pHEMA hydrogels also were significantly different (p<0.01). For free and lightly-bound water, all 
Brij 98-loaded DEX-pHEMA hydrogels were significantly lower than 0% Brij 98 (p<0.001 for 1.25% 
and 7.5% Brij 98; p<0.0001 for 7.5% and 10% Brij 98). 
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98-loaded hydrogels were statistically different (p<0.01). For the proportion of free and 

lightly bound water in the hydrogels, all the Brij 98-loaded hydrogels contained 

significantly lower amounts of free and lightly bound water (p<0.001 for 1.25% and 

3.75% Brij 98; p<0.0001 for 7.5% and 10% Brij 98). Comparing the surfactant-loaded 

hydrogels revealed that the free and lightly-bound water in 1.25% and 3.75% Brij 98-

loaded hydrogels was significantly higher than 10% Brij 98 (p<0.01).  

Table 2-5. Endotherms from DSC analysis of Brij 98-loaded DEX-pHEMA hydrogels. 

* The second endotherm was composed of two fused peaks in all Brij 98-loaded hydrogels and two values 
for Tmaximum are reported. 

 

DSC examination of Brij 98-loaded DEX-pHEMA hydrogels exhibited two clear 

endothermic peaks, see Table 2-5. The first peak was around 0°C for the melting 

temperature of ice, which reflected free and lightly bound water as they are able to 

freeze, and the second peak was around 100°C, which reflected the evaporation of 

water and volatiles from Brij 98. Comparing TGA data along with DSC thermograms can 

give some useful information regarding volatiles, including water, carbon monoxide (CO) 

and carbon dioxide (CO2), and the influence of surfactant concentration on thermal 

stability by measuring the change in weight of hydrogels as a function of temperature. 

During the TGA analysis, a three-step degradation process was observed in all 

the DEX-pHEMA hydrogels, with and without Brij 98. The first step was between 50ς

150°C, the second step was between 150ς380°C, and the third step was between 380ς

500°C and is typically attributed to main chain breakdown. The data for the maximum 

ǊŀǘŜ ƻŦ ǘƘŜǊƳŀƭ ŘŜŎƻƳǇƻǎƛǘƛƻƴ όɲ¢dec in °C) in each of these three steps and the amount 

ƻŦ ǎŀƳǇƭŜ ŘŜŎƻƳǇƻǎŜŘ ŀǘ ɲ¢dec is shown in Table 2-6. 

In the case of DEX-pHEMA (0% Brij 98) hydrogels, the DSC data (Figure 2-19ςA) 

indicated the first endothermic peak, composed of two fused peaks at 0.05°C and 

2.67°C, corresponded to the melting of ice. The second broad endothermic peak at 

111.53°C corresponded to the evaporation of water from the hydrogels. TGA analysis 

Brij 98 concentration (%) 
1st endotherm  2nd endotherm* 

Tonset (°C) Tmaximum (°C) Tmaximum (°C) Tmaximum (°C) 

0 0.05 2.67 111.53 - 

1.25 0.34 3.65 103.3 108.8 

3.75 -0.29 3.65 104.2 113.6 

7.5 -0.83 4.04 104.87 116.6 

10 -1.65 0.28 112.9 N/A 
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(Figure 2-19ςB) revealed that although approximately 50% of the sample weight was 

lost during the first step (50ς150°C), the rate ƻŦ ǘƘŜǊƳŀƭ ŘŜŎƻƳǇƻǎƛǘƛƻƴ όɲ¢dec) peaked 

at 95.4°C, where 30.1% of the sample had decomposed. 

Table 2-6. TGA analysis of Brij 98-loaded DEX-pHEMA hydrogels showing the temperature (°C) 
ŀǘ ǇŜŀƪ ǊŀǘŜǎ ƻŦ ǘƘŜǊƳŀƭ ŘŜŎƻƳǇƻǎƛǘƛƻƴ όɲ¢dec) and amount of sample decomposed (%) at the 
ɲ¢dec peak during the 3-step degradation of the hydrogels. 

ɲ¢dec refers to the peak rate of thermal decomposition during each step, and the per cent sample lost 
corresponds to that ɲ¢dec. 

These observations were in agreement with the DSC data that showed the free 

and lightly-bound water was about 50% of the total EWC% (Figure 2-18). The second 

step, 150ςоулϲ/Σ ǊŜǎǳƭǘŜŘ ƛƴ ŀ ƭƻǎǎ ƻŦ слΦм҈ ƻŦ ǘƘŜ ǘƻǘŀƭ ǎŀƳǇƭŜ ǿŜƛƎƘǘΣ ŀƴŘ ǘƘŜ ɲ¢dec 

peaked at 342.8°C. The third step, 380ς500°C, resulted in 81.8% sample loss, and the 

ɲ¢dec peaked at 423.4°C. The amount of residual ash content was <1%. 

For 1.25% Brij 98-loaded DEX-pHEMA hydrogels, the DSC data (Figure 2-20ς1A) 

indicated that the first endothermic peak onset (Tonset) was 0.34°C and peak maximum 

(Tmaximum) was 3.65°C. The second broad endothermic peak comprised two fused peaks 

at 103.3°C and 108.8°C, which corresponded to the evaporation of water and volatiles, 

Brij 98 
concentration 

(%) 
First step Second step Third step 

Residual 
ash (%) 

 ɲ¢dec (°C) 
Sample 
lost (%) 

ɲ¢dec (°C) 
Sample 
lost (%) 

ɲ¢dec (°C) 
Sample 
lost (%) 

 

0 95.4 30.1 342.8 60.1 423.4 81.8 <1.0 

1.25 109.3 7.2 378.5 40.6 435.1 76.3 <2.0 

3.75 114.6 19.6 365.1 46.4 436.8 83.4 <1.3 

7.5 108.0 12.4 373.8 43.4 436.7 80.7 <1.3 

10 108.7 10.3 350.2 34.5 442.9 86.7 <1.5 

Figure 2-19. DSC and TGA thermograms for DEX-pHEMA hydrogels without surfactant. (A) In the 
DSC endotherm, orange arrows indicate the melting (1st peak) and evaporation of free and 
lightly-bound water (2nd peak). (B) In the TGA thermogram, orange arrows indicate a three-step 
degradation process. 
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such as CO and CO2, from Brij 98. TGA analysis (Figure 2-20ς1B) revealed that although 

8.6% of the sample was lost during the first stepΣ ɲ¢dec peaked at 109.3°C, where 7.2% 

of the sample had decomposed. These data were in agreement with DSC data that 

showed the free and lightly-bound water in the hydrogel was approximately 24% of the 

total EWC% (Figure 2-18). During the second step, 40.6% of the sample weight was lost, 

ŀƴŘ ɲ¢dec ǇŜŀƪŜŘ ŀǘ отуΦрϲ/Φ 5ǳǊƛƴƎ ǘƘŜ ǘƘƛǊŘ ǎǘŜǇΣ ɲ¢dec peaked at 435.1°C and 

represented a substantial loss in sample weight (76.3%). The amount of residual ash 

content was <2%.  

For 3.75% Brij 98-loaded DEX-pHEMA hydrogels, the DSC data (Figure 2-20ς2A) 

indicated Tonset for the first endothermic peak was at -0.29°C, and Tmaximum was 3.65°C. 

The second broad endothermic peak was also two fused peaks at 104.2°C and 113.6°C, 

which corresponded to the evaporation of water and volatiles from Brij 98. TGA analysis 

(Figure 2-20ς2B) revealed a 24% sample loss during the first stepΣ ŀƴŘ ɲ¢dec peaked at 

114.6°C, where 19.6% of the sample had decomposed. Even though the DSC data 

showed the free and lightly-bound water in the hydrogel was approximately 26% of the 

total EWC%, the extra 10% loss in sample weight may be attributed to release of residual 

water, CO, or CO2 (from Brij 98) from the hydrogels. During the second step, 46.4% of 

ǘƘŜ ǎŀƳǇƭŜ ǿŜƛƎƘǘ ǿŀǎ ƭƻǎǘΣ ŀƴŘ ɲ¢dec peaked at 365.1°C. DǳǊƛƴƎ ǘƘŜ ǘƘƛǊŘ ǎǘŜǇΣ ɲ¢dec 

peaked at 436.8°C and represented a substantial loss in sample weight of 83.4%. The 

amount of residual ash content was <1.3%. 

For 7.5% Brij 98-loaded DEX-pHEMA hydrogels, the DSC data (Figure 2-20ς3A) 

indicated the first endothermic Tonset was at -0.83°C, and Tmaximum was 4.04°C. The second 

broad endothermic peak were fused peaks at 104.87°C and 116.6°C, and corresponded 

to the evaporation of water and volatiles from Brij 98. TGA analysis (Figure 2-20ς3B) 

revealed an 18% sample loss during the first stepΣ ŀƴŘ ɲ¢dec peaked at 114.6°C, where 

12.4% of the sample had decomposed. Even though the DSC data showed the free and 

lightly-bound water in the hydrogel was approximately 14% of the total EWC%, the 

additional 10% weight loss may be attributed to the residual release of water, CO, and 

CO2 (from Brij 98) from the hydrogels. During the second step, 43.4% of the sample 

ǿŜƛƎƘǘ ǿŀǎ ƭƻǎǘΣ ŀƴŘ ɲ¢dec ǇŜŀƪŜŘ ŀǘ отоΦуϲ/Φ 5ǳǊƛƴƎ ǘƘŜ ǘƘƛǊŘ ǎǘŜǇΣ ɲ¢dec peaked at 

436.7°C and represented a substantial loss in sample weight of 80.7%. The amount of 

residual ash content was <1.3%. 
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For 10% Brij 98-loaded DEX-pHEMA hydrogels, the DSC data (Figure 2-20ς4A) 

indicated the first endothermic Tonset was -1.65°C with Tmaximum at 0.28°C. The second 

broad endothermic peak observed at 112.9°C and corresponded to the evaporation of 

water and volatiles from Brij 98. TGA analysis (Figure 2-20ς4B) revealed a 15% sample 

loss during the first step, and ɲ¢dec peaked at 108.7°C, where 10.3% sample had 

decomposed. Even though the free and lightly-bound water in these hydrogels was 

around 5% of the total EWC%, the additional 12% weight loss may be attributed to the 

release of residual water and the increase in CO, and CO2 volatilisation. During the 

ǎŜŎƻƴŘ ǎǘŜǇΣ опΦр҈ ƻŦ ǘƘŜ ǎŀƳǇƭŜ ǿŜƛƎƘǘ ǿŀǎ ƭƻǎǘΣ ŀƴŘ ɲ¢dec peaked at 350.6°C. During 

the thƛǊŘ ǎǘŜǇΣ ɲ¢dec peaked at 442.9°C, representing a substantial loss in sample weight 

of 86.7%. The amount of residual ash content was <1.5%. 

hǾŜǊŀƭƭΣ ¢D! Řŀǘŀ ǊŜǾŜŀƭŜŘ ŀƴ ƛƴŎǊŜŀǎŜ ƛƴ ǘƘŜ ɲ¢dec peak for all Brij 98-loaded 

hydrogels compared with hydrogels without Brij 98, which suggests that the addition of 

surfactant improved the thermal stability of the hydrogels. The sample weight lost in the 

first step during TGA was more than the estimated free and lightly-bound water (from 

DSC and EWC data). The volatiles escaping from Brij 98 had minimal impact on the total 

weight loss of the hydrogel. 
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Figure 2-20. DSC and TGA thermograms for DEX-pHEMA hydrogels loaded with (1) 1.25% Brij 
(2) 3.75% Brij 98, (3) 7.5% Brij 98, and (4) 10% Brij 98. In the (A) DSC thermograms, orange 
arrows indicate the melting (1st peak) and evaporation of free and lightly-bound water (2nd 
peak). In the (B) TGA thermograms, orange arrows indicate a three-step degradation process. 
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2.5.1.7 In vitro drug release of DEX-pHEMA hydrogels 

The experiments described in this section examined the drug-release profiles of 

DEX-loaded pHEMA hydrogel discs using different concentrations of micelles in 

conditions mimicking the subconjunctiva. A flow rate of 2 µL minute-1 and a temperature 

of 35.5̄ C (52,53,64,463), representing subconjunctival conditions in a healthy eye, were 

maintained for the duration of the experiments. DEX appeared to be unaffected by the 

polymerisation process because the DEX released from the hydrogel spacers eluted at 

the same retention time as pure DEX during HPLC analysis. 

DEX loading into the pHEMA hydrogel discs was 78.5 ±4.2 µg, 718.4 ±12.3 µg, 

667.1 ±6.0 µg, 884.0 ±23.7 µg, and 1230.3 ±25.1 µg per hydrogel disc for 0%, 1.25%, 

3.75%, 7.5%, and 10% Brij 98, respectively. All Brij 98-loaded DEX-pHEMA hydrogel discs 

showed a sustained release of DEX at therapeutically-relevant concentrations for an 

anti-inflammatory agent (>2 µM) over the course of 35 days, see Figure 2-21. All Brij 98-

loaded hydrogels released the maximum concentration of DEX within four hours; 

however, higher surfactant concentrations seemed to lower the amount of drug lost 

during the initial burst release. The maximum concentration of DEX released by all the 

Figure 2-21. DEX was released at concentrations >2 µM from Brij 98 (1.25-10%)-loaded DEX-
pHEMA hydrogel discs, a concentration adequate for effective anti-scarring agents. There was a 
burst release of the drug in the first 4 hours, but all surfactant-loaded hydrogels sustained the 
release of DEX for 35 days. In contrast, DEX-pHEMA hydrogels (0% Brij 98) released most of their 
drug content in under a week. 
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Brij 98-loaded hydrogel discs at one time during the experiments was 31.8 ±6.5 µg mL-1, 

35.0 ±13.3 µg mL-1, 31.2 ±5.2 µg mL-1, and 31.2 ±5.2 µg mL-1 for 1.25%, 3.75%, 7.5% and 

10% Brij 98, respectively at 4 hours (0.2) days (Figure 2-21). DEX-pHEMA hydrogels (0% 

Brij 98) released the highest concentration of DEX during the experiment, 18.6 ±2.7 µg 

mL-1, at 12 hours (0.5 days). The half-lives (T1/2) of DEX release were extended with 

higher concentrations of Brij 98 added in each hydrogel disc, and T1/2 for DEX were 1.6 

±0.3, 27.5 ±4.6, 27.9 ±6.6, 46.9 ±10.0, 68.9 ±14.0 days for 0%, 1.25%, 3.75%, 7.5%, and 

10% Brij 98, respectively, see Table 2-7. 

After 35 days, the total amount of DEX released was 69.2 ±3.0 µg, 425.5 ±28.1 

µg, 395.0 ±20.5 µg, 365.9 ±18.7 µg, and 374.9 ±19.1 µg for 0%, 1.25%, 3.75%, 7.5%, and 

10% Brij 98-loaded pHEMA hydrogels, respectively. This corresponded to 88.2%, 59.2%, 

59.2%, 41.4%, and 30.5% of DEX released for 0%, 1.25%, 3.75%, 7.5%, and 10% Brij 98-

loaded pHEMA hydrogels, respectively (Table 2-7). The cumulative percent DEX released 

between all concentrations of surfactant were statistically significant (p<0.05), except 

for 1.25% and 3.75% Brij 98 (p=0.09). All Brij 98-loaded hydrogels exhibited percent DEX 

releases that were statistically different from the 0% Brij 98 hydrogels (p<0.05). 

Table 2-7. Drug release of DEX-loaded pHEMA hydrogel discs after 35 consecutive days. 

Brij 98 concentration in 
hydrogel discs (% w/v) 

DEX loaded 
(µg disc-1) 

DEX released 
(µg) 

T1/2 

(days) 

Cumulative DEX 
release (%) 

0 78.5 ±4.2 69.2 ±3.0 1.6 ±0.3 88.2 ±4.3 

1.25 718.4 ±12.3 425.5 ±28.1 27.5 ±4.6 59.2 ±6.6 

3.75 667.1 ±6.0 395.0 ±20.5 27.9 ±6.6 59.2 ±5.2 

7.5 884.0 ±23.7 365.9 ±18.7 46.9 ±10.0 41.4 ±5.1 

10 1230.3 ±25.1 374.9 ±19.1 68.9 ±14.0 30.5 ±5.1 

 

The results in Figure 2-22 demonstrate a significant reduction in DEX release rate 

and a concurrent increase in the duration of release upon addition of Brij 98 micelles to 

the pHEMA hydrogels. DEX-pHEMA hydrogels containing no surfactant (0% Brij 98), 

released most of the drug (88.2 ±4.3%; 69.2 ±3.0 µg) in fewer than seven days. The 

cumulative amount of drug release was Brij 98 concentration-dependent (p<0.05) in the 

case of 3.75%, 7.5% and 10% Brij 98-loaded hydrogels. The cumulative drug-release data 

indicate that Brij 98 was successful in prolonging the release of the hydrophobic drug, 
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DEX, significantly longer than non-micelle entrapped DEX-pHEMA hydrogels, Figure 

2-22. 

2.5.1.8 Mathematical model fitting of in vitro drug-release data 

To evaluate the kinetics of DEX in vitro release data from the pHEMA hydrogel 

discs, mathematical models such as zero ƻǊŘŜǊΣ ŦƛǊǎǘ ƻǊŘŜǊΣ IƛƎǳŎƘƛΩǎΣ IƛȄǎƻƴ-/ǊƻǿŜƭƭΩǎΣ 

Weibull and Korsmeyer-Peppas models were used. The criterion for selecting the most 

appropriate model was based on matching the assumption criteria of the model, 

goodness-of-fit test (R2) and the smallest sum of squares of residuals (SSR) value (471ς

473). The R2/SSR ratio was the smallest for kinetic data modelled using Korsmeyer-

Peppas model, indicating that the data best fit this model, see Figure 2-23. The value for 

the diffusion exponent n was obtained from the slope of the linear graph, see Table 2-8.  

  

Figure 2-22. DEX-loaded pHEMA hydrogel discs demonstrated a sustained release over 35 days 
at all four concentrations of Brij 98. DEX-pHEMA hydrogels with 1.25%, 3.75%, 7.5%, and 10% 
Brij 98-loaded hydrogels released 59.2%, 59.2%, 41.4% and 30.5% of DEX at the end of the 
experiment, respectively, whereas DEX-pHEMA hydrogels without Brij 98 (0%) released 88.2% 
of DEX loaded in fewer than 7 days. There was a significant difference in drug release between 
all Brij 98-loaded DEX-pHEMA hydrogels and the hydrogels without Brij 98 (p<0.05), and there 
was a significant difference in drug release between all Brij 98 concentrations (p<0.05), except 
for between 1.25% and 3.75% Brij 98 (p=0.09).  
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Table 2-8. The parameters obtained when in vitro drug release data were fitted using 
the Korsmeyer-Peppas model. 

Parameter 
Brij 98 concentration 

0% 1.25% 3.75% 7.5% 10% 

Intercept 1.7 ±0.02 0.85 ±0.02 0.92 ±0.2 0.71 ±0.02 0.57 ± 0.02 

Slope (n) 0.42 ±0.07 0.7 ±0.02 0.67 ±0.02 0.67 ±0.02 0.67 ±0.02 

SSR 7.61E-04 0.07 0.08 0.06 0.05 

Pearson's r 0.988 0.99 0.99 0.99 0.99 

R2 0.98 0.98 0.98 0.98 0.999 

 
Because the n values for all Brij 98-loaded DEX-pHEMA hydrogels were all 

between 0.45ς0.89, the model suggests the mechanism of drug release from these 

hydrogels was via Anomalous transport, following non-Fickian diffusion, and is 

characterised by both diffusion of the molecules and swelling of the polymer matrix 

(474,475). Furthermore, it must be noted that there was no increase in the n values 

when Brij 98 concentration was increased. For 3.75%, 7.5%, and 10% Brij 98-loaded DEX-

pHEMA hydrogels, n = 0.67 ±0.02. For 1.25% Brij 98, n = 0.70 ±0.02. For DEX-pHEMA 

hydrogels (0% Brij 98), n = 0.42 ±0.07.  

Figure 2-23. Data from in vitro drug-release experiments using DEX-loaded pHEMA hydrogel 
discs containing varying concentrations of Brij 98 (0%, 1.25%, 3.75%, 7.5%, 10%) were 
transformed and plotted to fit the Korsmeyer-Peppas model. This graph shows data fitting to 
log [data for Җ60% drug released] versus log [time (days)]. 
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2.5.1.9 Cross-linked hydrogel tablet 

Before compression of pHEMA hydrogel tablets, the fine cross-linked xerogel 

powder was characterised for particle size using particle laser diffraction. Results 

obtained showed the average ±SD median particle diameter (Dv50) for the powder was 

64.2 ±0.6 µm, which was within the range for Quality Audit Standard Measurement 

Protocol (479). The distribution of the particle size was unimodal, i.e. the particles were 

uniformly distributed around the median value, see Figure 2-24 (480). 

Compression forces of 0.3 MPa (for 10 minutes) and 0.5MPa (for 20 minutes) 

were found suitable for making tablets 2 mm and 3 mm in diameter that could withstand 

their weight, respectively, see Table 2-9. The source of DEX (Alfa Aesar, UK) used 

consisted of fine powder that poured easily into the press and resulted in less than 10% 

loss between weighing the powder and the resulting tablet. The approximate drug 

loading efficiency for 2 mm and 3 mm tablets were 50% and 33%, respectively. 

Table 2-9. Dimensions of fine cross-linked pHEMA tablets. 
Tablet 

diameter (mm) 
Tablet 

height (mm) 
Tablet 

mass (mg) 
Tablet 

surface area (mm2) 
Tablet 

volume (mm3) 

2 0.7 2.9 10.68 2.2 
3 1.55 4.9 28.75 10.96 

Figure 2-24. Laser diffraction results (R) showed a unimodal particle size distribution of the fine 
cross-linked pHEMA powder (L) with the average ±SD median particle diameter (Dv50) for the 
powder was 64.2 ±0.6 µm. 
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Before testing the tablets for drug release, post-fabrication processing to remove 

excess monomer, as described earlier for hydrogel discs, caused the tablets to 

disintegrate entirely within seconds. As shown in Figure 2-25, when water was added to 

the Eppendorf tubes containing the 2 mm diameter hydrogel tablets, they disintegrated 

in under 5 minutes, leading to the formation of gel-like microstructures surrounding the 

insoluble DEX.  

The 3 mm tablet completely disintegrated too (<3 minutes), forming gel-like 

microstructures similar to the 2 mm tablet, as shown in Figure 2-26. The gel granules 

were more heterogenous for the 3 mm tablet with drug particles visible in the Eppendorf 

tube as compared to the 2 mm tablet. 

2.5.2 Degradable spacers 

These experiments aimed to encapsulate DOX into a biocompatible and 

degradable polymer spacer and evaluate the in vitro drug release. DOX monohydrate 

and DOX hyclate were used as the model hydrophilic drug because, in addition to its 

antibacterial activity, DOX has shown potential as an anti-inflammatory and anti-scarring 

Figure 2-25. Upon adding water to 
the Eppendorf tubes containing 2 
mm hydrogel tablets, they 
disintegrated quickly, forming gel 
like microstructures surrounding 
the insoluble DEX. This figure 
shows the 2 mm tablet (A) after 
being ejected out of the tablet 
die. Disintegration of the tablet is 
shown at 10 seconds (B), 1 minute 
(C) and 5 minutes (D). 

Figure 2-26. Upon adding water to the Eppendorf tubes 
containing 3 mm hydrogel tablets, they too disintegrated 
quickly forming heterogeneous, gel like microstructures 
surrounding the insoluble DEX. The figure above shows 
the 3 mm tablet (A) after being ejected out of the tablet 
die. Disintegration of the tablet is shown at 3 minutes (B). 
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agent in ophthalmic formulations. Three different approaches were explored to 

formulate degradable polymer spacers to prolong DOX release; chitosan hydrogels, 

electrospun PCL fibres, and solvent-cast PCL.  

2.5.2.1 DOX-encapsulated chitosan hydrogels 

It was possible to formulate DOX-chitosan solutions that transitioned to 

hydrogels at 37°C. Figure 2-27 (left) shows a solution of chitosan after ŀŘŘƛǘƛƻƴ ƻŦ ʲ-

glycerophosphate (GP) during agitation, and Figure 2-27 (right) shows the transition to 

a viscous hydrogel after heating the solution to 37°C with the magnetic stirrer 

suspended in the hydrogel. 

The EWC% for the chitosan hydrogels were 55.7% and 60.0% for DOX 

monohydrate and DOX hyclate, respectively. The swelling ratios were 1.26 and 1.50 for 

DOX monohydrate and DOX hyclate, respectively, see Table 2-10. 

Table 2-10. The EWC% and SR values for DOX-chitosan hydrogels. 

Spacer EWC (%) SR 

DOXmonohydrate 55.7 ±1.4 1.26 ±0.04 

DOXhyclate 60.0 ±2.1 1.50 ±0.1 

 

SEM images of the DOX-chitosan hydrogels analysed under vacuum revealed 

that DOXmonohydrate-chitosan hydrogels were characterised by mostly smooth surfaces 

with raised bumps that could be macroporous vacuoles underneath the surface. At a 

higher magnification, a few small aggregates were observed on the surfaces, which 

could be attributed to either chitosan or DOXmonohydrate phase-separating from the bulk 

hydrogel structure. DOXhyclate-chitosan hydrogels were characterised by uniform 

surfaces with small, undulating striations on the surfaces, see Figure 2-28. Additionally, 

DOXhyclate-chitosan hydrogels displayed no visible aggregates, which suggested that the 

Figure 2-27. DOX-chitosan 
solutions transitioned to 
hydrogels at 37°C. The solution of 
chitosan after the addition of GP 
during agitation (left) 
transitioned to a viscous hydrogel 
after the solution was heated to 
37°C, and the same stirrer can be 
seen suspended in the hydrogel 
(right). 
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drug was evenly distributed within the hydrogels. No macroporous holes were visible in 

either of the hydrogels, perhaps due to the application of vacuum during SEM imaging.  

  

Figure 2-28. SEM images of DOXmonohydrate-encapsulated chitosan hydrogels at (A) 500x 
magnification and (B) at 5,000x magnification, and DOXhyclate-encapsulated chitosan hydrogels at 
(C) 500x magnification and (D) at 5,000x magnification performed under a vacuum. DOXmonohydrate 
ςchitosan hydrogels contained a few small aggregates on the surfaces, which could be attributed 
to either chitosan or DOXmonohydrate phase-separating from the bulk hydrogel structure. DOXhyclate-
chitosan hydrogels displayed no visible aggregates. 
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These DOX-chitosan hydrogels were not processed further before evaluation for 

in vitro drug release. DOX monohydrate loading into the chitosan hydrogels (250 µL in 

volume) was 5.5 mg hydrogel-1. The DOXmonohydrate-chitosan hydrogels showed a burst 

release of DOXmonohydrate with maximum drug concentration of 1.96 ±0.2 mg mL-1 

released within 24 hours, see Figure 2-29A. The T1/2 of DOXmonohydrate was 26.3 ±6.0 

hours. The DOXmonohydrate-chitosan hydrogels released 51.2 ±4.1% of the total amount of 

drug-loaded over 24 hours and showed a sustained release of DOXmonohydrate for a further 

144 hours, releasing 77.3 ±8.2% of total drug amount and the end of the 168-hour 

experiment, see Figure 2-29B and Table 2-11.  

DOX hyclate loading into the chitosan hydrogels (250 µL in volume) was also 5.5 

mg hydrogel-1. Chitosan hydrogels showed a burst release of DOX hyclate with a 

maximum concentration of 8.3 ±0.5 mg mL-1 released at 4 hours, see Figure 2-30A. The 

T1/2 of DOXhyclate was 2.5 ±0.3 hours. Chitosan hydrogels released 72.8 ±4.3% of the total 

drug amount loaded within four hours and demonstrated a sustained release of DOX 

hyclate for 72 hours, releasing 90.8 ±2.7% of the total drug amount loaded into the 

hydrogels, see Figure 2-30B. 

Figure 2-29. The concentration of DOX monohydrate released (A) and cumulative percent 
release (B) of DOX monohydrate from 2.5% w/w chitosan hydrogels over time. Chitosan 
hydrogels released 77.3 ±8.2% of the total DOX monohydrate amount added in seven days. 
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Table 2-11. Drug release after seven and three days from DOXmonohydrate and DOXhyclate-
chitosan hydrogels, respectively. 

Chitosan spacer 
Drug loaded 
(mg spacer-1) 

Drug released 
(mg) 

T1/2 (hours) 
Cumulative drug 

release (%) 

DOXmonohydrate 5.5 4.25 ±0.5 26.3 ±6.0 77.3 ±8.2 

DOXhyclate 5.5 5.00 ±0.2 2.5 ±0.3 90.8 ±2.7 

*Half-life calculations estimated based on the assumption of drug diffusion following first-rate kinetics. 

Figure 2-30. The (A) concentration released and (B) cumulative release percent of DOX hyclate 
from 2.5% w/w chitosan hydrogels over time. Chitosan hydrogels released 90.8 ±2.7% of the 
total DOX hyclate amount added in 72 hours. 
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2.5.2.2 Electrospun DOX-PCL fibres 

DOX-incorporated fibres were successfully formulated from PCL and two types 

of poloxamer using electrospinning as a technique. The resulting DOX-loaded fibres 

were confirmed using a digital microscope, see Figure 2-31. Diameter distribution 

analysis suggested that PCL-DOX fibres formulated with 407 were larger (2.58 ±0.4 µm) 

as compared with those formulated using 188 (1.78 ±0.51 µm). The fibres had a white 

to a slightly yellow hue, and while the fibres used in assessing in vitro drug release were 

stored in darkness, the fibres maintained this colour even when exposed to light for 

three weeks on the lab bench (not shown). This confirmed that DOX was loaded in the 

fibres and suggested they had a prolonged resistance to DOX photosensitisation. These 

DOX-PCL-poloxamer fibres were not processed further before evaluation for in vitro 

drug release. 

Figure 2-31. Digital microscope images of electrospun fibres formulated with 20% w/w PCL and 
DOX monohydrate with poloxamer 407 (A) and 188 (B).The scale bars are 200 µm. Diameter 
distribution analysis suggested that PCL-DOX fibres formulated with 407 had a larger average 
diameter (2.58 ±0.4 µm) as compared with those formulated using 188 (1.78 ±0.51 µm). 
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DOX monohydrate loading into the PCL-poloxamer 188 and PCL-poloxamer 407 

fibres was 2.5 mg per 20 mg of fibres. DOX-PCL fibres with poloxamer 188 showed a 

burst release of DOX monohydrate with a maximum concentration of 3.4 ±0.3 mg mL-1 

released within four hours, see Figure 2-32A. Electrospun PCL fibres with poloxamer 407 

showed a burst release of DOX monohydrate with a maximum concentration of 2.3 ±0.9 

mg mL-1 released at four hours, see Figure 2-32A. The concentration of drug released 

between PCL-poloxamer 188 and PCL-poloxamer 407 fibres was not statistically 

significant (p>0.05). 

Table 2-12. Drug release of DOX monohydrate-loaded PCL-poloxamer fibres after seven 

days. 

Fibres 
Drug loaded (mg 
20 mg fibres-1) 

Drug released 
(mg) 

T1/2 

(hours) 

Cumulative drug 
release (%) 

PCL-poloxamer 188 2.5  2.2 ±0.2 2.7 ±0.5 88.1 ±4.2 

PCL-poloxamer 407 2.5 2.0 ±0.1 4.0 ±0.3 78.3 ±2.7 

*Half-life calculations were estimated on the assumption of drug diffusion following first-rate kinetics. 

Electrospun DOX-PCL-poloxamer 188 fibres released 64.3 ±4.4% of the total drug 

amount loaded within four hours, and showed a sustained release of DOX monohydrate 

for five days (120 hours), releasing 88.1 ±4.2% of the total amount of DOX loaded at the 

end of the experiment, see Figure 2-32B. The T1/2 of DOX monohydrate was 2.7 ±0.5 

hours and 4.0 ±0.3 hours for PCL-poloxamer 188 fibres and PCL-poloxamer 407 fibres, 

Figure 2-32. The concentration released (A) and cumulative release percent (B) of DOX 
monohydrate from electrospun fibres of PCL with poloxamer 188 and 407 over time. Drug 
release experiments using electrospun PCL with poloxamer 188 and 407 showed a sustained 
release of DOX monohydrate for five and seven days, respectively. Concentration of drug release 
between PCL-poloxamer 188 fibres and PCL-poloxamer 407 fibres was not statistically significant 
(p>0.05). PCL-poloxamer 188 fibres released significantly more DOX monohydrate than PCL-
poloxamer 407 fibres (p<0.05). 
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respectively, see Table 2-12. Electrospun DOX-PCL-poloxamer 407 fibres released 43.9 

±1.7% of the total drug amount loaded in four hours, and showed a sustained release of 

DOX monohydrate for seven days, releasing 78.3 ±2.7% of the total DOX amount loaded 

(Figure 2-32B). PCL-poloxamer 188 fibres released significantly (p<0.05) more 

cumulative per cent DOX monohydrate than PCL-poloxamer 407 fibres at the end of the 

experiment. 

2.5.2.3 Solvent-cast DOX-PCL spacers 

After the acetone solvent evaporated, solvent-cast DOX-PCL spacers had a 

yellow hue, which turned darker in colour when exposed to light for two weeks (data 

not shown). This observation indicated that spacers formulated by loading DOX in PCL 

using solvent casting did not provide a prolonged resistance to DOX photosensitisation. 

These solvent cast DOX-PCL-poloxamer spacers were not processed further before 

punching into discs for evaluation of in vitro drug release. 

DOX monohydrate loading into the PCL-poloxamer 188 and PCL-poloxamer 407 

spacers was 2.5 mg per 20 mg of the spacer. Solvent cast PCL-poloxamer 188 spacers 

showed a burst release of DOX monohydrate with a maximum concentration of 1.59 

±0.6 mg mL-1 released within four hours, see Figure 2-33A. Solvent cast PCL-poloxamer 

407 spacers with showed a burst release of DOX monohydrate with a maximum 

concentration of 0.74 ±0.1 mg mL-1 released within four hours, see Figure 2-33A. The 

T1/2 of DOX monohydrate was 35.9 ±14.8 hours and 57.8 ±5.0 hours for PCL-poloxamer 

188 spacers and PCL-poloxamer 407 spacers, respectively, see Table 2-13. The 

concentration of drug release between solvent cast PCL spacers with poloxamer 188 and 

solvent cast PCL spacers with poloxamer 407 was not statistically significant (p>0.05). 

Table 2-13. Drug release of DOX monohydrate-loaded, solvent-cast PCL-poloxamer 
spacers after ten days. 

Spacers 
Drug loaded (mg 
20 mg spacer-1) 

Drug released 
(mg) 

T1/2 

(hours)* 

Cumulative drug 
release (%) 

PCL-poloxamer 188 2.5 1.6 ±0.4 35.9 ±14.8 65.1 ±15.7 

PCL-poloxamer 407 2.5 1.1 ±0.1 57.8 ±5.0 45.5 ±2.4 

*Half-life calculations were estimated on the assumption of drug diffusion following first-rate kinetics.  

Solvent-cast PCL-poloxamer 188 spacers released 30.54 ±10.6% of the total drug 

amount loaded within four hours and showed a sustained release of DOX monohydrate 

for ten days, releasing 65.1 ±15.7% of the total amount of DOX monohydrate loaded at 

the end of the experiment, see Figure 2-33B. Solvent case PCL-poloxamer 407 spacers 
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released 14.2 ±0.9% of the total drug amount loaded within four hours, and showed a 

sustained release of DOX monohydrate over the course of ten days, releasing 45.5 ±2.4% 

of their total drug amount, see Figure 2-33B. Solvent cast PCL-poloxamer 188 released 

significantly more DOX monohydrate than solvent cast PCL-poloxamer 407 (p<0.05). 

  

Figure 2-33. The concentration released (A) and cumulative release percent (B) of DOX 
monohydrate from solvent cast PCL-poloxamer 188 and PCL-poloxamer 407 spacers over time. 
Drug release experiments using solvent cast PCL-poloxamer 188 and PCL-poloxamer 407 spacers 
showed a sustained release of DOX monohydrate (<11 days). Concentration of drug release 
between solvent cast PCL-poloxamer 188 and solvent cast PCL-poloxamer 407 was not 
statistically significant (p>0.05). Solvent cast PCL-poloxamer 188 spacers released significantly 
more DOX monohydrate than solvent cast PCL-poloxamer 407 spacers (p<0.05). 
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2.6. Discussion 

Utilising hydrogels to formulate spacers for use in the human body is of much 

clinical interest. Spaceh!wϰ is a recent FDA approved hydrogel that consists primarily 

of water and polyethylene glycol (PEG) in a liquid form (ClinicalTrials.gov identifier 

NCT01538628, NCT02353832, NCT04004312)(481ς483). It is used to reduce rectal injury 

in men receiving prostate cancer radiation therapy (RT) by acting as a spacer pushing 

the rectum away from the prostate. Upon injection, the liquid precursor solidifies to 

form a hydrogel that maintains space between the rectum and prostate during radiation 

therapy to protect the rectum from acute and long-term toxicity caused by the high dose 

radiation field. It then gradually liquefies to clear out from the body (484). 

Ozurdex® (Allergan), a biodegradable copolymer D, L lactide-co-glycolide (PLGA) 

which contains 700 µg DEX, has been approved by the FDA to be used as a sustained-

release, free-floating intravitreal implant (0.46 x 6 mm cylinder). It has been approved 

for the management of macular oedema following retinal vein occlusion, diabetic 

macular oedema or non-infectious uveitis, and its use is increasing, especially where 

other therapies have been unsuccessful. The PLGA co-polymer used to fabricate 

Ozurdex® slowly undergoes hydrolysis to form carbon dioxide and water, while DEX is 

slowly released into the vitreous cavity over the course of six months (385,485). A study 

done on New Zealand albino rabbits concluded that Ozurdex-treated GFS blebs had 

significantly prolonged bleb survival compared to untreated blebs (485). Moreover, 

Ozurdex®-treated blebs exhibited a favourable bleb histology (<50% avascularity) 

compared with the MMC treated blebs. However, authors of the same study also 

reported that MMC treated blebs had significantly longer survival compared to 

Ozurdex®-treated blebs (485). These results indicate that DEX was unable to improve 

bleb survival as compared to MMC but was a much safer alternative.  

More recently, DEXTENZA®, a 3 mm cylindrical-shaped, resorbable, ophthalmic 

insert, containing 400 µg dexamethasone in a polyethylene glycol (PEG) based hydrogel 

conjugated with fluorescein was approved by the FDA for the treatment of ocular 

inflammation and pain following ophthalmic surgery (486,487). In three randomized, 

multicentre, double-masked, parallel-group, vehicle-controlled trials, a higher 

proportion of patients were pain-free, as compared to the vehicle alone. On 

postoperative day 14, in two of the three studies, DEXTENZA® had a significantly higher 
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proportion of patients than the vehicle group who had an absence of anterior chamber 

cells (486). More recently, a Phase IV clinical trial investigating the safety and efficacy of 

DEXTENZA®, following concomitant minimally invasive glaucoma surgery 

(ClinicalTrials.gov identifier NCT04200651)(266) and another investigating the use of 

DEXTENZA® for the treatment of post-surgical pain and inflammation compared to 

standard of care (topical prednisolone acetate 1%) in patients undergoing conjunctival 

surgery is underway (ClinicalTrials.gov identifier NCT04403516)(409).  

2.6.1 Non-degradable pHEMA spacers 

2.6.1.1 Micelles 

In the work described in this chapter, DEX-pHEMA hydrogels (0% Brij 98) resulted 

in a loading capacity of 0.3 ±0.03%, which was limited by the solubility of 

dexamethasone in the HEMA solution pre-polymerisation. Moreover, considering that 

some drug was lost during the post-fabrication of DEX-pHEMA hydrogels, the adjusted 

loading efficiencies reported here are comparable with the literature. A previous study 

has demonstrated that loading values of DEX in pHEMA hydrogels as 0.1ς0.6% w/w 

using an in situ entrapment method (488). This study did not investigate phase 

separation of DEX from the final pHEMA hydrogels; however, it reported comparatively 

significantly lower loading capacities when DEX was loaded in the pHEMA hydrogels 

using the imbibing method (488).  

It has been previously reported that pre-soaking hydrogel contact lenses in a 

drug solution, for a period from 2 minutes to 24 hours, resulted in drug uptake varying 

from 0.02 to 2.3 mg lens-1 for ionic materials and 0.01ς5.53 mg lens-1 for non-ionic 

materials (489,490). Ketorolac tromethamine, a hydrophobic drug, exhibited poor drug 

loading of 106 µg lens_1 and a significantly poorer average drug release of 21 µg lens-1 

when loaded in pHEMA hydrogels (369). Using the entrapment method, a comparatively 

higher amount of drug (69.2 ±3.0 µg disc-1) was released from the DEX-pHEMA hydrogel 

spacers in this study. However, this amount is not therapeutically relevant for more than 

a week in the subconjunctival space. To achieve a prolonged release of DEX from pHEMA 

hydrogel spacers, use of micelles was investigated. 

Varying the concentrations of Brij 98 were added in the polymer mixture, and a 

direct dissolution method was used to prepare Brij 98 micelles. Brij 98 is a non-ionic 
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surfactant, containing a hydrophilic head, with 20 polyoxyethylene (POE) groups and a 

distinct hydrophobic tail consisting of an 18-carbon polymethylene chain, see Figure 

2-34. The CMC values of Brij 98 have been reported in the literature from 0.2ς2.5% w/v 

using iodine solubilisation and fluorescence techniques (368,429,434,439). However, 

some of these studies defined micellisation to represent the completion of the 

micellisation process, rather than the initiation of micelle formation. To ensure 

complete micellisation, the smallest concentration of Brij 98 used (1.25%) was at least 

two times larger than its reported CMC value (0.6% w/v)(434). 

Brij 98 micelles resulted in an overall increase in DEX solubility in HEMA. 

Subsequently, this resulted in increased DEX loading capacities of pHEMA hydrogels. 

Based on the classic packing model by Tanford (426), Israelachvili et al. estimated that 

the prediction of micelle shape is governed by the packing parameter, ὖ which can be 

calculated as;  

ὖ
ὠ

ὥὍ
 

Where ὠ is the surfactant tail volume, ὥ is the equilibrium area per molecule 

at the aggregate interface and Ὅ is the tail length of the surfactant molecule (491). Since 

Brij 98 has a single polymethylene chain with a large polyoxyethylene (POE) headgroup 

ƳŀŘŜ ƻŦ нл ǳƴƛǘǎ όƳŀƴǳŦŀŎǘǳǊŜǊΩǎ ŘŀǘŀǎƘŜŜǘύΣ ǘƘŜ Ǿŀƭue of ὖ is <1/3. Based on this model, 

it can be predicted that Brij 98 would form spherical micelles with some ellipsoidal and 

cylindrical aggregates present in the system (491,492). It has been suggested that only 

Figure 2-34. Brij 98 has a hydrophobic tail 
made of 18 carbon polymethylene chain 
and a hydrophilic head made of 20 
polyoxyethylene groups. Above the CMC 
value, the oxyethylene head groups form 
a barrier between the hydrophobic core 
and aqueous environment (3D model 
generated using JSmol). 
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headgroup (POE) controls the aggregate structure via ὥ and the tail (polymethylene) 

does not have any influence on the shape and size of the aggregate (426). However, the 

latter has been contested in the literature by Nagarajan et al., who suggested an 

additional consideration of the tail packing constraint (422). 

The large poly(oxyethylene oxide) head group of Brij 98 means the area per 

surfactant molecule at the micellar aggregate interface would be large enough to have 

significant repulsive forces between their headgroups (423,426). The repulsive forces 

would favour a positive curvature of the micellar interface, with the increasing 

surfactant concentration (491,493). This further suggests the formation of more 

spherical shaped micelles at higher surfactant concentrations. This observation was in 

agreement with the predicted model based on surfactant packing perimeter, ὖ and 

taking into account the surfactant tail constraint (422,491,494). 

PDI values <0.1 are considered as monodisperse and between 0.1ς0.4 as 

moderately disperse (368). Using DLS for micelle characterisation, a slight increase in 

polydispersity was observed with the increase in Brij 98, indicating the presence of free 

surfactant molecules and larger micellar aggregates. This is expected due to the 

decrease in the thermodynamic stability of the surfactant solutions, and the tendency 

of the micelles to aggregate to counter the change in entropy as the concentration of 

surfactant increases (422,423). Moreover, Brij 98 solutions have been reported to begin 

micellisation at concentrations as low as 0.025% w/v. The increase in pre-micellar 

aggregates could further explain the increase in poly-dispersity with the increase in Brij 

concentration (434). 

Another reason for the increase in PDI values could be attributed to the presence 

of ellipsoidal and elongated micelles at higher concentration. The true shape of globular 

micelles, to accommodate a larger number of hydrocarbon chains (>10), leads to a 

distortion in the micellar shape (426). This includes oblate and prolate ellipsoids (426). 

This distortion of the globular shape of micelles has previously been reported in the case 

of non-ionic micellar aggregates made of large oxyethylene headgroups (>10 

groups)(422). In addition, when the surface concentration of surfactants exceeds a 

critical surfactant concentration, known critical aggregation concentration (CAC), the 

surfactant may form complexes with the polymer itself. CAC for homologous surfactants 

such as Brij 98, is primarily dependent on the hydrophobic moiety (polymethylene chain) 
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and not on the PEO chain length. CAC is generally lower than CMC for non-ionic 

surfactants as the hydrogel-surfactant system thermodynamically favours aggregation 

rather than micellisation (495ς497). 

The utilisation of Brij 98 micelles significantly improved DEX solubility in HEMA 

and resulted in significantly higher DEX loading as compared to DEX-pHEMA hydrogels 

without Brij 98. Consequently, the increased amount of DEX loaded in pHEMA hydrogel 

discs after post-fabrication processing (667.1 ±6.0ς1230.3 ±25.1 µg) was comparable 

with the only FDA approved DEX containing ophthalmic implants, Ozurdex® (700 µg) and 

DEXTENZA® (400 µg), the only FDA approved intracameral DEX injection DEXYCU® (517 

µg), and the subconjunctival injection of DEX (500 µg) used during conventional TSC laser 

treatment for refractory glaucoma (ClinicalTrials.gov identifier 

NCT02875158)(397,486,498,499). 

2.6.1.2 Visual analysis 

There are several other potent ophthalmic drugs that are hydrophobic and have 

a similar size to DEX, and thus it was considered as a model drug to study the release of 

small, hydrophobic molecules from hydrogel spacers. Initially, heat-initiated 

polymerisation was investigated to entrap DEX loaded Brij 98 micelles in pHEMA 

hydrogel spacers. However, irregularly distributed small spots were observed during a 

visual inspection of the xerogels, indicating that DEX phase-separated and precipitated 

on the xerogel surface. This observation suggested a heterogenous drug distribution in 

the xerogel with the majority of DEX distributed within the polymer matrix, instead of 

within the hydrophobic cores of micellar aggregates. A possible explanation could be 

the evaporation of free water from the polymer solution due to the high temperature 

and long time required for polymerisation. This heterogeneity of drug distribution would 

give unreliable pharmacokinetic data of pHEMA spacer discs, which were representative 

of the drug amount in the hydrogel. Moreover, solid particulate matter is known to elicit 

an immune response when implanted in the body (356,500,501). 

In comparison, the UV-initiated hydrogels were clear with no visible aggregates. 

This could be due to the higher water content in the hydrogels as UV-initiated 

polymerisation was much faster than heat-initiated hydrogels and evaporated less 

water from the polymer mixture. The absence of particulates suggested that majority of 
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DEX was still entrapped in the micelles and distributed homogenously within the 

hydrogels. 

SEM was used to characterise the hydrogels for their internal structure and 

specifically compare differences between drug-loaded hydrogels containing Brij 98 and 

pure pHEMA hydrogels (0% Brij 98). However, a major drawback of this characterisation 

technique is the drying of hydrogels that is needed for sample preparation. Since the 

pore structure of the aqueous samples collapses in the dry state, this could introduce 

artefacts and skew the representation of the true internal structure of a hydrogel. 

Bearing this limitation in mind, the SEM results were only assumed to indicate the 

hydrogel structure and were used in support of other characterisation techniques to get 

a better understanding of the drug-loaded hydrogels. 

Characteristic folds were observed in the pHEMA hydrogel structure during SEM 

characterisation. This observation has also been shown in previous studies in the 

literature (502,503). The folds in the hydrogels are formed due to the high degree of 

swelling of the polymer network in a confined space, during polymerisation in the 

presence of water. Some additional artefacts such as minor holes and blemishes are 

commonly produced on the exposure of hydrogels to the beam in the microscope (504).  

As polymerisation progresses, there is a dramatic decrease in the solubility of 

pHEMA, resulting in the amorphous solid material. However, pHEMA is able to absorb a 

high amount of water, nearly 45% (w/w), and this water remains and fills the 

intermolecular spaces of the polymer network (505). The water-soluble monomer 

HEMA, filled with pHEMA, aggregates together into small droplets. By the end of the 

polymerisation process, pHEMA becomes fixed in a network filled with larger spaces 

which could be interconnected to form channels. These channels are occupied by the 

water phase, which in the meantime has also separated (503,504). From SEM images in 

this study, the porous nature of the pHEMA hydrogels and the formation of cavities in 

the bulk structure was evident. Due to the polymer (pHEMA) property of being able to 

hold up large amounts of water, the empty spaces observed between polymer networks 

suggest that these might be filled with water upon hydrogel swelling. Similar cavities 

have been observed in previous studies of pHEMA hydrogels (506). It may be possible 

for a drug to access these empty spaces, and when placed in sink conditions where the 

volume of solvent about 5ς10 times greater than the volume present in the saturated 
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solution of drug, this can cause a burst drug release due to the absence of any additional 

rate-limiting step (e.g. micelle dissociation)(427,464,507). 

The increased roughness (as compared with pure pHEMA hydrogels) of the bulk 

structure of Brij 98-loaded DEX-pHEMA hydrogels may be attributed to the presence of 

a higher degree of porosity as free, and polymer-adsorbed surfactants create water-rich 

environments and might increase pore size distribution (430). However, these individual 

pores would not be visible as they are only a few nanometres in size. If the water content 

were to be increased in the pre-polymerisation mix, it would increase phase separation 

to form larger interconnected pores that form a sponge-like hydrogel which is 

mechanically fragile (503,504). 

The presence of complex aggregates was another striking observation that was 

noticed in the SEM micrographs of Brij 98-loaded DEX-pHEMA hydrogels. These 

aggregates were much larger than the Brij 98 micelle size, suggesting the formation of 

complex vesicular structures, which could be due to the confining effects of the 

hydrogels (436). Increased globule sizes, on the addition to the pre-polymer mixture, 

has previously been reported in a recent study (508). The authors reported a 4ς5 fold 

increase in micro-emulsion globule size on dilution by the pre-polymer mixture. 

Although the possible collapse of porous structure and formation of artefacts are 

significant limiting factors to the use of SEM as a tool in gel porosimetry, this procedure 

can provide useful insight into the morphology of the gels (503). Environmental SEM is 

a teŎƘƴƛǉǳŜΣ ŎŀǇŀōƭŜ ƻŦ ŀƴŀƭȅǎƛƴƎ ΨǿŜǘΩ ǎŀƳǇƭŜǎΣ ŜƭƛƳƛƴŀǘƛƴƎ ǘƘŜ ƘƛƎƘ-vacuum 

requirement of conventional SEM (509,510). It could be utilised for future studies, to 

reduce the introduction of artefacts caused by drying of hydrogel samples. However, 

this technique was unavailable at the time this research was conducted. 

2.6.1.3 Water in hydrogels 

As drug release from hydrogels is governed by the transport of molecules in the 

soluble fraction (or solvent), it was thought that the water content of the hydrogel might 

affect the rate of drug release through the hydrogel; such that the more water that was 

present, the better diffusion and the faster the release would be (224,511). From the 

DSC data acquired in this study, low EWC% were observed in surfactant-containing 

hydrogels indicated that the drug-release rates from pure DEX-pHEMA hydrogels (0% 

Brij 98), which had a significantly higher EWC%, would be significantly faster than the 
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Brij 98-loaded hydrogels. This faster release was evident in the drug-release studies 

where DEX-pHEMA hydrogels (0% Brij 98) released most of their drug content 

significantly faster than the pHEMA hydrogels that utilised Brij 98 micelles to entrap DEX. 

Additionally, the amount of water at the surface and inside the polymer 

networks can play a vital role in implant biocompatibility by avoiding platelet and 

protein adhesion (512). When a protein molecule is adsorbed on a polymer surface, 

water molecules between the protein and polymer need to be replaced (459). Protein 

adsorbed on the surface loses the bound water at the surface-contacting portion. This 

exposes the hydrophobic part of the protein to the polymer surface, leading to 

conformational changes in the protein (513). If the water state at the surface is similar 

to an aqueous solution, proteins do not release bound water molecules, even if protein 

molecules contact the surface. This means that the hydrophobic interaction between 

proteins and the polymer surface is restricted. Moreover, conformational changes 

during protein adsorption upon contact with the surface are also suppressed. This 

reversible nature of protein binding associated with hydrated surfaces causes fewer 

conformational changes in the proteins (513). Softer hydrogels with high water content 

(>50%) have less effect on the surrounding tissues (less inflammation and foreign body 

response)(300,514). The presence of water reduces the interaction between polymer 

and protein by reducing the non-reversible protein adsorption on the surface of the 

hydrogel device leading to increased biocompatibility (513). 

Brij 98-loaded pHEMA hydrogels showed a decrease in the EWC%, but DSC data 

revealed the ratio of bound/free water increased on the addition of Brij 98. The amount 

of bound water was the same or increased on the addition of Brij 98 (except 1.25% Brij 

98, which showed a decrease in the amount of bound water). This suggests that there 

would be some difference in the platelet adhesion ability to the pHEMA hydrogels with 

the addition of Brij 98. However, this was not characterised in the present work but 

would be of significant interest for future studies. Shi et al. have reported that free or 

bulk water is mainly responsible for the improvement in biocompatibility (515). Tanaka 

and Mochizuki reported that the slightly bound water on the polymer surface is the type 

of water responsible for the reduction in protein adsorption while He et al. suggested 

that bound water is the key player (512,516,517). Although there is some disagreement 

on which type of water is responsible for biocompatibility; free, slightly bound or bound 
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water, in general, the biocompatibility of a hydrogel matrix is directly proportional to 

the total water content (518ς520). 

Furthermore, the amount and type of binding of water in a hydrogel can 

determine the overall exchange of solute from the hydrogel (290,317). In the present 

work, the addition of Brij 98 significantly decreased the amount of bulk water as 

compared with the pure pHEMA hydrogel (0% Brij 98). This would further contribute to 

decreasing the rate of drug release due to a significant decrease in the availability of 

free-moving water molecules inside the Brij 98-loaded hydrogels. When a xerogel (dry 

hydrogel) begins to absorb water, the first water molecules entering the matrix will 

hydrate the hydrophilic polar groups, leading tƻ ΨōƻǳƴŘ ǿŀǘŜǊΩ (458). ¢Ƙƛǎ ΨōƻǳƴŘ ǿŀǘŜǊΩ 

represents the water molecules that are immobilised by hydrogen bonding to the 

polymer chains of the hydrogels (521). Bound water does not freeze within the 

temperature range investigated using DSC, remaining unfrozen even at temperatures 

lower than -100°C (522). This causes the hydrogel network to swell, exposing 

hydrophobic groups, which also interact with water molecules, leading to 

hydrophobically-ōƻǳƴŘ ǿŀǘŜǊΣ ƻǊ ΨƭƛƎƘǘƭȅ ōƻǳƴŘ ǿŀǘŜǊΩ (460). Bound and lightly bound 

ǿŀǘŜǊ ŀǊŜ ƻŦǘŜƴ ŎƻƳōƛƴŜŘ ŀƴŘ ǎƛƳǇƭȅ ŎŀƭƭŜŘ ǘƘŜ Ψǘƻǘŀƭ ōƻǳƴŘ ǿŀǘŜǊΩ (317,458). 

DSC analysis of DEX-pHEMA hydrogels revealed a lowering of Tonset for the first 

endothermic peak corresponding to the melting of frozen water with the increase of Brij 

98 (3.75, 7.5 and 10%). This could be attributed to an overall increase in the hydrogen 

bonding ability of pHEMA. The presence of higher fractions of non-freezable bound 

water on the addition of Brij 98 indicated that the water molecules were likely strongly 

hydrogen-bonded to the hydrophilic hydroxyl and carbonyl groups of the pHEMA 

polymer, inhibiting the mobility of the water molecules from nucleating and forming ice 

crystals at cooling temperatures. This observation was consistent with the findings in 

the literature (522,523). 

For Brij 98-loaded DEX-pHEMA hydrogels, the DSC data showed a peak shift of 

the first endotherm for melting of bulk water (free + lightly bound), when compared 

with DEX-pHEMA hydrogels (0% Brij 98). This was expected as frozen lightly bound water 

melts at temperatures lower than frozen free water (524). It was observed that the free 

water content decreased in the pHEMA hydrogels with the addition of Brij 98. Similar 

results have been previously reported in the literature (523). A further peak shift for the 
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melting of bulk water was observed with the increased concentration of the surfactant. 

This could be attributed to the plasticising nature of the Brij 98 surfactant. After the 

polar and non-polar (hydrophobic) sites in the polymer network have interacted with 

water molecules, hydrogels imbibe additional water, which is driven by the osmotic 

force of the hydrogel chains. This additional swelling is opposed by the crosslinks 

(physical or covalent), thus bringing the hydrogel to an equilibrium swelling level (290). 

The additional water that is imbibed after the ionic, polar and hydrophobic groups 

become saturated with bound water, is cŀƭƭŜŘ ΨŦǊŜŜ ǿŀǘŜǊΩ ƻǊ Ψōǳƭƪ ǿŀǘŜǊΩΣ ŀƴŘ ƛǎ 

assumed to fill the space between the network chains, and/or the centre of larger pores 

or voids. These water molecules exhibit increased mobility due to the absence of 

hydrogen bonding with the polymer chains. 

It should be noted that DSC gives information about the bulk structure of water 

in the polymer, not the structure of the polymer surface. The reader must also bear in 

mind that the calculation of the relative amounts of free and bound water in the pHEMA 

hydrogels was approximate, since exact heats of melting are required for the calculation 

of the amount of free water from the peak area and the measured heat/g of a wet 

sample. It has been observed that in polymers showing multiple endotherms, a portion 

of the water melting below 0°C would have a lower heat of fusion than pure water 

(460,525). Consequently, for the results presented in the current work, the use of the 

heat of fusion of pure water (the upper limit) for the calculation of the amounts of free 

water would have lead to a slight overestimation of the amount of bound water. 

With the addition of Brij 98 to the hydrogels, the bound surfactant around the 

hydrophobic parts of pHEMA will require more energy to dismantle the micellar 

structures and polymer chain alignment. This would raise the energy requirement of the 

system, the magnitude of which is primarily governed by the electrostatic repulsion and 

its strength. However, it is known that interactions between non-ionic surfactants and 

neutral polymers are hydrophobic interactions and hydrogen bonding (496,526). This 

does not create significant difficulties to dismantle polymer-non-ionic surfactant 

systems as compared with pure pHEMA hydrogels (527), and this was evident from the 

TGA analysis of Brij 98-loaded DEX-pHEMA hydrogels. 

It is worth noting that similar to the DSC method, TGA results are changeable and 

depend on the conditions of sample and experimental process, making it rather 
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challenging to compare the experimental results with published literature (528). The 

TGA thermograms for the pHEMA hydrogels analysed showed a three-step thermal 

degradation process. This can be explained as follows; firstly, the bulk water (free + 

lightly bound) present in the structure of the hydrogels (adsorbed and absorbed 

moisture) was eliminated via dehydration and evaporation between ~50ς150°C. In the 

second step, the weight loss was characterised by the volatilisation of bound water, 

decomposition in the side groups and the branches of pHEMA hydrogel, between ~150ς

380°C. Volatiles from Brij 98 were mainly carbon monoxide (CO) and carbon dioxide 

(CO2), according to the ƳŀƴǳŦŀŎǘǳǊŜǊΩǎ supplied datasheet. The final step was attributed 

to the breakdown of the primary polymer chain, between 380ς500°C. These 

degradation results corresponded well with previous findings in the literature 

investigating pHEMA hydrogels (529,530). 

2.6.1.4 Drug release and modelling 

Encapsulating DEX into a hydrogel for sustained release is of particular interest 

for formulating prolonged drug-release ophthalmic formulations (531). Incorporating 

surfactants into the gel matrix can alter the interaction of the drug with the hydrogels 

and significantly affect drug-release. This effect was investigated and utilised to 

formulate non-degradable pHEMA hydrogel spacers. 

Results from drug-release experiments confirmed that there was a significant 

(p<0.05) decrease in cumulative drug release and drug-release rates when Brij 98 was 

used to entrap DEX in pHEMA hydrogels at all four concentrations (1.25ς10%). 

Furthermore, this decrease was found to be significantly (p<0.05) inversely related to 

the concentration of Brij 98, except 1.25% and 3.75%, which were found to be not 

statistically significant (p>0.05). The primary rate-limiting step for drug release from 

hydrogels is considered to be the rate of drug diffusion through the polymer matrix into 

the surrounding environment (532). In the matrix of Brij 98-loaded DEX-pHEMA 

hydrogel spacers, surfactants may exist in three different forms (a zoomed-in schematic 

of the hydrogel spacer arrangement is shown in Figure 2-35), a free form that constitutes 

of surfactants that do not interact with the polymer or other molecules of surfactants. 

The second form is where they interact with polymer, and the third is where they exist 

as micelle aggregates with hydrophobic cores. Similarly, drug exists in three forms inside 
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the hydrogel matrix: free form, adsorbed on to the polymer or inside micelle aggregates 

(430). 

Since the hydrophobic cores of micelles provide thermodynamically stable sites 

for DEX, the majority of the drug lies in the hydrophobic micellar aggregates. For this 

drug to be released, it needs to partition out of the hydrophobic micellar cores into the 

hydrogel matrix by disassociation of micelles, followed by diffusion out of the hydrogel 

(428). This two-step release process decreases the total drug-release rate. The 

remaining amount of free DEX present inside the hydrogel matrix can readily diffuse 

ǘƘǊƻǳƎƘ ǘƘŜ ƘȅŘǊƻƎŜƭΦ ¢ƘŜ ƻōǾƛƻǳǎ ǉǳŜǎǘƛƻƴ ƛǎ ΨǿƘich of the two mechanisms play a 

ƎǊŜŀǘŜǊ ǊƻƭŜ ƛƴ ǎƭƻǿƛƴƎ ǘƘŜ ǊŜƭŜŀǎŜ ƻŦ 59·ΩΦ By using mathematical models to analyse the 

drug-release kinetics data, further conclusions may be drawn to get a better idea about 

the underlying dominant mechanism for the drug-release. 

DEX-pHEMA hydrogels did not release 100% of the drug initially loaded into the 

polymer solution. This could be caused by drug degradation during the polymerisation 

Figure 2-35. A schematic of the Brij 98-loaded DEX-pHEMA hydrogel spacer. In the matrix of 
hydrogels, surfactants may exist in three different forms; a free form that constitutes of 
surfactants that do not interact with the polymer or other surfactant molecules, a second form 
where the surfactant molecules interact with polymer and a third form is where they exist as 
micelle aggregates with hydrophobic cores. Similarly, DEX exists in three forms inside the 
hydrogel matrix; free form, adsorbed on to the polymer and inside the hydrophobic cores of the 
micelle aggregates. Since the hydrophobic cores of micelles provide thermodynamically stable 
sites for DEX, the majority of the drug lies in the hydrophobic micelle aggregates. This added 
barrier to drug diffusion would prolong drug-release from the hydrogel spacer. 
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process. However, this is unlikely as during HPLC analysis, no change in DEX 

chromatograms were observed, as compared with native DEX, confirming that the drug 

being released was in fact unaltered. This suggests that the reason for the discrepancy 

in drug release amount would be irreversible entrapment of DEX within the hydrogel. In 

the literature, irreversible entrapment of 17% DEX in pHEMA has been reported, which 

was estimated using the difference in drug loading and release (488). The mechanism of 

entrapment, i.e. physical or chemical entrapment has not been investigated and could 

be pursued in future work. 

DEX loaded Brij 98 DEX-pHEMA hydrogels were clear and free from particulate 

matter which indicated that majority of the drug was inside the micellar aggregates. 

Results from the drug release experiments further indicated that the two-step release 

process decreased the total drug-release rate of DEX from Brij 98-loaded pHEMA 

hydrogels as comparatively, DEX-pHEMA hydrogels (0% Brij 98) released most of their 

drug content under a week. For a micelle-entrapped drug to be released, the influx of 

water must decrease the surfactant concentration in the hydrogel below the CMC value, 

disassociating the micelle and releasing the drug into the hydrogel matrix. It is only then 

possible for this drug to diffuse out of the hydrogel. This added step of micelle to matrix 

partition of the drug creates a depot effect and extends drug release from the pHEMA 

hydrogels. The effect of this rate-limiting step (micelle to matrix partitioning of the drug) 

was also evident in the prolonged drug-release from Brij 98 micelle-entrapped 

hydrogels. However, it was somewhat surprising that I did not observe a correlation 

between the increase in surfactant concentration and the prolonging of the drug-release 

time. This could be due to the higher drug entrapment efficiency of micelles at higher 

surfactant concentrations, slowing down the rate of drug release even further. 

In both in vitro and in vivo studies, a pulse-like (burst) or dose-dumping release 

of the drug has generally been observed for drug-loaded hydrogels (370,533). In the 

present work, SEM characterisation of pure pHEMA hydrogels (0% Brij 98) revealed 

empty spaces in the hydrogel matrix that the drug may access when the hydrogel would 

be placed in sink conditions. This would lead to a characteristic burst release due to the 

absence of any additional added rate-limiting step to the diffusion of DEX. In another in 

vitro study, the corticosteroid triamcinolone acetonide, commonly used in ocular 

therapy (including intraoperative augmentation supplementing MMC for GFS), was 
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loaded into non-degradable pHEMA contact lenses by the soaking method (0.05% w/w). 

These contact lenses released 80% of the drug in 24 hours (373). In the present work, 

comparable findings were reflected in the pHEMA hydrogel drug-release data as Brij 98-

loaded DEX-pHEMA hydrogels, even though have a much higher loading than pure 

pHEMA hydrogels (0% Brij 98), exhibited a smaller burst release (amount of drug 

released <one day).  

All drug release experiments were carried out using DI water rather than PBS, 

which is considered as a suitable model fluid for aqueous humour. DEX is a non-ionic 

drug and so its diffusion into the aqueous environment from the hydrogel is not 

expected to depend significantly on the salt concentration. It has been previously 

reported in a comparative study that there is a negligible effect on the partition (ratio of 

the drug concentration in the hydrogel and the concentration in the aqueous phase at 

equilibrium) and diffusivity of DEX loaded in pHEMA hydrogels, when comparing release 

using DI water and PBS (488). 

In the case of hydrogels, progressive swelling of the polymer particles is observed 

on hydration, leading to considerable structural changes. These include a change of the 

mobility of the macromolecular chains, macromolecular relaxations, and alterations in 

the porous structure (534). These changes induce alteration of the shape and size 

distribution of pores, modifying the overall porosity during hydrogel swelling and 

increased diffusion (474,535). To get a better understanding of the underlying dominant 

mechanisms of action of drug release from pharmaceutical dosage forms, mathematical 

modelling is often applied to the drug-release kinetics data. It aids in the measurement 

of important physical parameters, such as the drug diffusion coefficients based on 

model fitting of experimental release data (468). These parameters aid in predicting the 

drug-release rates and mechanisms involved when comparing dosage forms with a 

similar active drug, polymer, adjuvants, as well as the geometry (size and shape)(469). 

For studying the release kinetics of DEX from pHEMA hydrogels, I found the 

R2/SSR ratio to be the smallest for drug release data modelled using the Korsmeyer-

Peppas model. The criterion for selecting the most appropriate mathematical model for 

drug-release kinetics from pHEMA hydrogels was based on matching the assumption 

criteria of the model, goodness-of-fit test (R2) and smallest SSR value (471ς473). The 

mathematical model used, needs to have the ability to transform the drug-release curve 
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in function of some other parameter related to the dosage form under analysis (465). 

The R2 value, also known as the coefficient of determination, has been used in the 

literature as the goodness of fit parameter in linear relationships (467,536ς538). The 

sum of squares of residuals (SSR) and R2 as final criteria have also been utilised to predict 

the mechanism of drug release (472). However, the deviation predicted on the basis of 

drug release, SSR and R2 as individual entities may result in error up to 16% from ideal 

release (473). As R2 mainly reports variability in the data that is accounted for the model, 

and its calculation involves the use of mean value, an increasing number of data points 

increases the value of R2. Therefore, R2 alone cannot be considered as an accurate 

indicator of goodness of fit statistics in either linear or non-linear relationships 

(539,540). 

The n values of the slope obtained graphically (Figure 2-23 and Table 2-8) using 

the Korsmeyer-Peppas model can be compared with the values in the literature to 

predict the mechanism of DEX release from pHEMA hydrogels. The n value for DEX-

pHEMA hydrogels without Brij 98 was found to be ~0.45 and Brij loaded DEX-pHEMA 

hydrogels was found to be between 0.45 and 0.89. Thus, this model suggested that the 

mechanism of drug release from DEX-pHEMA hydrogels without Brij was diffusion-

controlled, which includes contributions from both bulk and surface diffusion. This 

finding was comparable with the literature (488). 

On the other hand, the mechanism of drug release from Brij 98-loaded DEX-

pHEMA hydrogels was found to be Anomalous transport, following non-fickian diffusion 

which is characterised by both, diffusion of the molecules and swelling of the matrix 

(474,475). This can be explained due to the slow rearrangement of pHEMA polymer 

chains and the simultaneous diffusion of DEX and water molecules, causing the time-

dependent anomalous effects (465). In Anomalous transport, the velocity of solvent 

diffusion and the polymeric relaxation process have similar magnitudes. At n > 0.89, 

there is a significant change in the mechanism of drug release as the velocity of chain 

relaxation significantly increases diffusion velocities. This shift in the mechanism of drug 

release has been shown to correspond to zero-order kinetics. The diffusion of a solvent 

through the drug-polymer system is much faster, compared to the polymeric chain 

relaxation process (465). The increase in the n value on the addition of Brij 98 indicates 
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that Brij 98 increased the role of polymer chain relaxation as compared to solvent 

diffusion alone, significantly increasing the time of DEX release from the hydrogels. 

After any surgical intervention, the first five weeks are regarded as the critical 

period of maximum postoperative fibrosis (353ς355). In the eye, the postoperative 

fibrosis leads to scar formation, posing a significant challenge to the success of surgery 

as it may close the newly formed channel during GFS or GDD implantation. The in vitro 

drug-release results presented here suggest that Brij 98-loaded pHEMA hydrogels 

released DEX at a release profile that matches the post-surgical inflammation response 

profile. This indicates the that Brij 98 at concentrations as low as 1.25% w/v might be a 

suitable surfactant for optimal DEX loading in pHEMA hydrogels to extend drug release 

over a month while maintaining an optimal therapeutic dose. Moreover, the initial high 

concentration of DEX release, followed by a taper in the present may be beneficial to 

mimic the regimen of DEX eye drops currently used in the clinic (ClinicalTrials.gov 

identifier NCT02873806, NCT00825864)(392,541). The pHEMA hydrogel discs have the 

potential be used as a standalone implant at the site of surgery as shown in Figure 2-36, 

for localised drug release of an anti-fibrotic to modulate wound healing for 

approximately a month. Once the drug has been released, this spacer would stay 

permanently implanted at the site to support the space for a diffused filtration bleb. 

Figure 2-36. A schematic showing a hydrogel disc spacer implanted at the site of surgery after 
GFS (or GDD). If optimal drug-release kinetics were to be achieved in vivo from this drug-
surfactant-hydrogel spacer, the spacer has the potential to modulate wound healing and 
improve the success of the surgery. 
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It must be noted that even though the biocompatibility of pHEMA is well 

established in the front of the eye, the DEX-Brij entrapped pHEMA hydrogel spacer 

described in this chapter has never been characterised in the subconjunctival space. The 

release of surfactant from these spacers might be an important factor to consider as 

surfactants at large concentrations may cause ocular irritation (438). Brij surfactants 

have been investigated as ocular permeation enhancers, and their ocular toxicities on 

the corneal surface have been reported in the literature to be minimal. Saettone et al. 

have reported that Brij 98, tested as a permeation enhancer at 0.5% w/v for ̡ -blockers, 

in male New Zealand white rabbits exhibited negligible irritant effects in the lower 

conjunctival space (438). 

Moreover, since this Brij 98-loaded DEX-pHEMA hydrogel spacer would be 

implanted in the subconjunctival space, the releasing surfactant should clear into the 

systemic circulation without causing any harm to the corneal tissue (438). This Chapter 

is unable to encompass the effect of surfactant on the surrounding tissues in the 

subconjunctival space. For this purpose, a reasonable approach for future work would 

be the quantification of Brij released from these hydrogel systems for an extended 

period, or until no more surfactant is detected in the release media. 

The in vitro drug-release results from Brij 98 loaded DEX-pHEMA hydrogel 

spacers suggest the viability of this drug delivery system to deliver DEX at therapeutic 

concentrations for more than a month. However, given the hydrophobic nature of DEX, 

it was considered to be a model hydrophobic drug for alternative anti-fibrotic drugs. An 

ideal example of such an alternative drug is an MMPi called ilomastat (GM6001). It is a 

poorly water-soluble (~140 µg/mL at 25°)(542) broad spectrum MMPi that has 

successfully shown to promote bleb survival and reduce postoperative scarring in 

preclinical evaluation (231,358). Initially designed as an inhibitor of human skin 

collagenase for the treatment of the invasive phase of rheumatoid arthritis, later studies 

indicated ilƻƳŀǎǘŀǘΩǎ potential to treat corneal ulcers by reducing the infiltration of 

inflammatory cells in alkali-burned rabbit corneas (543). 

Ilomastat is a potent anti-scarring agent that unlike other MMPis such as DOX, 

has shown to be extremely effective even in nanomolar concentrations (358,543). The 

inflammatory inhibition of ilomastat was shown to be reversible, and it was non-toxic to 

cells in both in vitro and in vivo models (358,359). Removing ilomastat two days after 
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application in cultured fibroblasts initiated gel contraction, which indicated the 

reversible nature of its effect. To translate such a drug to the clinic, a sustained release 

drug delivery system would be suitable that can be implanted in the subconjunctival 

space at the time of GFS. This would prolong optimal drug concentration directly at the 

ǎƛǘŜ ǿƛǘƘƻǳǘ ǘƘŜ ƛƴŎƻƴǾŜƴƛŜƴŎŜ ƻŦ ǊŜǇŜŀǘŜŘ ƛƴƧŜŎǘƛƻƴǎ ŀƴŘ ΨǎǇƛƪŜǎΩ ƻŦ ŎƻƴŎŜƴǘǊŀǘƛƻƴΦ ¢ƻ 

achieve this, the drug would need to be encapsulated in a biocompatible material to 

minimise foreign body response by the surrounding tissue. Future studies can be aimed 

at exploring the encapsulation of ilomastat in Brij 98-loaded pHEMA hydrogels. 

The reader must bear in mind that the findings in this chapter cannot be 

extrapolated to all anti-fibrotic drugs as the micelles prepared using Brij surfactants 

preferentially encapsulate hydrophobic drugs into their cores. I used DEX as a model 

drug due to its anti-inflammatory efficacy at mico-molar concentrations, widespread use 

in the clinic, significant clinical interest for a prolonged-release formulation and its 

hydrophobic nature. The generalisation that this system would prolong the release of 

hydrophobic drugs should be approached with some caution due to two main reasons. 

First, the drug-release kinetics observed from a relatively small sample size in the in vitro 

experiments (n=3) might not necessarily correlate in vivo. Second, Brij 98 might not 

encapsulate a hydrophobic drug with a much larger molecular weight into its core with 

similar encapsulation efficiency, thereby decreasing the drug-loading in the pHEMA 

hydrogel spacer. 

The in vitro drug release chamber utilised in the current work provides valuable 

information regarding drug release from spacers in an open flow system. It does, 

however, have limitations as a model of the bleb. The chamber to hold the spacer 

implant was of a fixed volume (250 µl) whereas as blebs may vary in their internal 

volume in every patient. Using optical coherence tomography, a functioning bleb has 

been reported to have a fluid volume as small as 6.3 µL (544). Moreover, in the current 

in vitro set-up, the aqueous fluid drains through one exit point as opposed to diffusely 

through episcleral veins. The aqueous flow rate used for the drug release experiments 

was 2 µl/min. A range of values for the production rate of aqueous humour by the ciliary 

body has been reported in the literature depending upon the method of assessment, 

ranging from 1.5 µL/minute at night to 3.0 µL/minute in the morning (52ς54,545). 

Although the value of 2.0 +/- 0.4 µL/minute is generally accepted (52,55), this value may 
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significantly vary in patients and conversely translate to varying pharmacokinetics of the 

drug-eluting spacer. 

Additional factors involved in the pharmacokinetics of release would be the 

interplay of cells and tissue around the spacer, and to be able to test this, experimental 

work involving animal models is needed. Investigating the effect of different sterilisation 

methods on drug release from micelle-entrapped pHEMA spacers is warranted, prior to 

any meaningful in vivo studies. 

2.6.1.5 Cross-linked tablet 

DEXΩǎ ƭƻǿ ǎƻƭǳōƛƭƛǘȅ ǿƻǳƭŘ enable the prolonged concentration over therapeutic 

levels of the drug in the subconjunctival space for a significant duration. Additionally, 

the drug loading of DEX could be adjusted according to the tablet size. Furthermore, by 

not using anything other than pure drug and polymer, there ǿƻǳƭŘ ōŜ ƴƻ Ψōȅ-ǇǊƻŘǳŎǘΩ 

that remains that might cause toxic or inflammatory side effects. In an in vivo 

experiment with 24 rabbits, it has been demonstrated that an anti-fibrotic drug άǘŀōƭŜǘέ 

prolonged bleb survival significantly longer than MMC with significantly less collagen 

deposition than either MMC or negative control (application of water in the same way 

as MMC at the time of surgery)(546,547). 

The average median particle size (Dv50) of the cross-linked pHEMA-MPC was 

found to be in the nanometre range with a unimodal distribution. The Dv50 was found 

to be within the range for Quality Audit Standard Measurement Protocol (Malvern, 

2016). The literature suggests that small particles yield stronger tablets with 

homogenous distribution of pores due to the increase in bonding surface area (548). 

Moreover, spread in particle size has been shown in the literature, to have little 

influence on tablet porosity during compression but can significantly influence the short-

term post-compression increase in tablet tensile strength (548,549). This is primarily due 

to capillary forces restructuring the surface in the presence of humidity (550). In 

pharmaceutical manufacturing, particle size distribution plays a vital role in filtration and 

product purity, making it an essential parameter in shipping and handling of the powder 

(549,551). 

During post-fabrication processing, the crosslinked pHEMA-MPC tablets 

disintegrated rapidly, and particulate matter was observed. Such non-solubilised 

particulate matter is well known to cause an immune response when implanted in the 
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body. In the acute inflammation stages, this response consists predominantly of 

neutrophil recruitment and infiltration (500,501). These cells are limited in their ability 

to reconstitute the proteases needed to eliminate pathogens, and if a foreign material 

persists, recruitment of macrophages in great numbers occurs during the stages of 

chronic inflammation (356). Cannon & Swanson have demonstrated that macrophages 

are capable of ingesting particles of more than their own size (552). The larger particles 

can cause the macrophages to contain the stimulus (latex beads in this particular case) 

in a foreign body granuloma. Even micro-fragments of surgical-grade cotton retained 

from gauze used in surgery can cause a significant foreign body reaction (500). 

Specifically in the conjunctiva, this has been explicitly demonstrated by the retention of 

particles of methylcellulose sponge (501). 

Assessing these findings in the literature, I concluded that the hydrogel tablet 

would trigger a foreign body response, resulting in the tablet becoming enclosed in a 

granuloma. This would inhibit drug diffusion, and thus the tablet would fail to provide 

the anti-inflammatory or anti-scarring effect. Considering these findings, it was decided 

not to pursue this strategy further. 

2.6.2 Degradable spacers 

DOX is another anti-inflammatory drug that has been investigated to improve 

the success rate of surgery to treat trachoma. This study reported favourable results of 

DOX treatment suppressing the contractile phenotype of fibroblasts and matrix 

degradation. DOX significantly altered MMP expression associated with the profibrotic 

phenotype (411). DOX hydrogels have shown promising results for MMP inhibition in a 

double-blind, placebo-controlled trial, assessing the use of low dose DOX (1.5 mg g-1) in 

a hydrogel (553). Another study found no statistical difference in the clinical outcomes 

for the management of periodontitis, when comparing PCL-DOX controlled release 

implants with in situ controlled release gels containing DOX (554). There was a 

statistically significant difference in the release of DOX from the gel, when compared 

with the implant on the 10th and 30th days, more DOX being released from the gel (554). 

The same UV-initiated Brij 98-loaded pHEMA spacer system was initially 

investigated to incorporate DOX in a hydrogel. A similar drug-loading method and 

polymerisation process was carried out with the aim to formulate Brij 98-loaded DOX-

pHEMA hydrogels. I found that in all concentrations of Brij 98 (1.25ς10%), as well as the 
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pure pHEMA hydrogels (0% Brij), the hydrogel failed to polymerise. Furthermore, the 

polymer mixture, when removed from under the UV lamp, had completely turned black, 

see Figure 2-37. A significant problem with DOX is its photosensitivity. It has been 

reported that DOX degrades by photolysis under UVC light at 100ς280 nm (555). Other 

researchers have previously reported that DOX molecules absorb UV energy at a higher 

wavelength than the photoinitiator and that DOX likely blocks the generation of active 

free radicals and thus decreases the overall conversion rate from monomer to polymer 

(556). The ability DOX to act as a UV absorber against the photoinitiator explains the 

inability for the DOX-pHEMA hydrogels to polymerise. 

2.6.2.1 DOX-encapsulated chitosan hydrogels 

To overcome the inability to carry free radical polymerisation with entrapped 

DOX in pHEMA hydrogels, an alternative hydrogel system using chitosan was explored 

for DOX encapsulation. Chitosan has gained significant interest for drug-loaded hydrogel 

preparation, largely due to its biocompatibility, biodegradability and cost-effectiveness 

(557ς564). Due to the presence of the free amino groups in its chemical structure, 

chitosan can be dissolved in aqueous acidic solutions in the ionized state. Most 

importantly, a chitosan solution, on the addition of glycerophosphate (GP), becomes 

thermo-responsive at physiological pH and temperature (565). Additionally, anionic 

nature of most human tissues due to the presence of glycosaminoglycans in the 

extracellular matrix, and the cationic character of chitosan allows for adherence of 

chitosan hydrogels to tissue sites (566).  

In the present work, chitosan in the presence of GP was investigated as a 

biocompatible and degradable material for formulating a spacer to encapsulate DOX 

monohydrate and DOX hyclate. Chitosan DOX solutions transitioned to hydrogels at 37° 

Figure 2-37. The Brij 98-DOX-HEMA mixture failed to polymerise when initiated by UV. 
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C. Chitosan hydrogels released most of their drug content, DOX monohydrate in seven 

days which was significantly longer than DOX hyclate, which was released in three days. 

This difference in release duration was expected as DOX hyclate is more hydrophilic and 

would solubilise into the surrounding aqueous environment more readily than DOX 

monohydrate. However, in both cases, chitosan hydrogels were unable to prolong the 

release of DOX for five weeks. A possible explanation for this could be a potential reverse 

sol-gel transition, leading to the disintegration of chitosan hydrogels as the temperature 

in the in vitro release chamber was set at 35.5°C. The constant flow rate would have 

expedited the release of the chitosan from the release chamber, leading to a short 

release duration. Considering these results, utilising chitosan for formulating a 

prolonged drug-release degradable spacer was deemed unsuitable, as this formulation 

would fail to achieve a prolonged concentration release of DOX at therapeutic levels, in 

the subconjunctival space. These results however, further exemplify the requirement 

for added barriers to drug release, when utilising hydrogels. 

2.6.2.2 Electrospun DOX-PCL fibres 

Next, electrospinning was explored as a potential polymer processing technique 

to load DOX in a degradable PCL-ōŀǎŜŘ ŘŜƭƛǾŜǊȅ ǎȅǎǘŜƳΦ ά9ƭŜŎǘǊƻǎǇƛƴƴƛƴƎέ ŘŜǊƛǾŜŘ ŦǊƻƳ 

άŜƭŜŎǘǊƻǎǘŀǘƛŎ ǎǇƛƴƴƛƴƎέ ǊŜŦŜǊǎ ǘƻ ŀ ŦƛōǊŜ ǇǊƻŘǳŎǘƛon method, which uses electric force to 

draw charged drops of visco-elastic polymer solutions to form fibres. The main 

advantage of this technique relates to the extremely high surface area per unit mass of 

fibres, which facilitates the fast and efficient solvent evaporation, leading to the 

formation of amorphous dispersions (567). The utilisation of this technique was first 

published in муутΣ ŀƴŘ ǘƘŜ ǘŜǊƳ ΨŜƭŜŎǘǊƻǎǇƛƴƴƛƴƎΩ ǿŀǎ ŎƻƛƴŜŘ ƛƴ 1897 by Rayleigh, and 

the first patent describing an experimental set-up for the production of polymer 

filaments using an electrostatic force was published in 1934 (568ς570). 

During the electrospinning process, the diameter and morphology of the fibres 

are affected by solution surface tension, the polymer solution dielectric constant, 

feeding rate, the electric field strength, tip-to-collector distance as well as some 

environmental parameters such as temperature, humidity and air velocity in the 

spinning chamber (571). In addition to solid fibres with a smooth surface, 

electrospinning has also been adapted to generate fibres with several secondary 

structures, including those characterised by a porous, hollow, or core-sheath structures. 
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All of these attributes make electrospun fibres well-suited for encapsulation of bioactive 

species, drug delivery, tissue engineering, and regenerative medicine (449). More 

importantly, for formulating DOX spacers, electrospinning involves electrical 

evaporation rather than using elevated temperatures to remove the solvent, thus 

avoiding thermally-induced drug-degradation (572). 

In the case of degradable implants, the degradation products should be non-

toxic and should completely clear the body. PCL is a highly hydrophobic and semi-

crystalline polymer with well-established biocompatibility. It is widely used as 

biomedical material for manufacturing FDA-ŀǇǇǊƻǾŜŘ ǎǳǘǳǊŜǎ όaƻƴƻŎǊȅƭϰ ŀƴŘ 9ǘƘƛŎƻƴύΣ 

subŎǳǘŀƴŜƻǳǎ ŎƻƴǘǊŀŎŜǇǘƛǾŜ ƛƳǇƭŀƴǘǎ ό/ŀǇǊƻƴƻǊϰύΣ ƳŜŘƛŎŀƭ ŘŜǾƛŎŜǎ ŦƻǊ ǳǎŜ ƛƴ ōƻƴŜ 

ǾƻƛŘǎ ƛƴ ŎǊŀƴƛƻŦŀŎƛŀƭ ŘŜŦŜŎǘǎ όhǎǘŜƻƳŜǎƘϰ ŀƴŘ hǎǘŜƻǇƭǳƎϰύ ŀƴŘ ŘŜƴǘŀƭ ŦƛƭƭƛƴƎǎ 

(573,574). PCL degrades in aqueous media or when in contact with microorganisms and 

thus can be used to make degradable polymeric devices (507).  

Bulk degradation of PCL occurs when water penetrates the entire polymer bulk, 

causing hydrolysis throughout the entire polymer matrix (575,576). In the literature, 

degradation studies have concluded that PCL undergoes a two-stage degradation 

process; first, the non-enzymatic random hydrolytic scission of ester groups, and 

second, when the polymer is reduced to a lower molecular weight (less than 3000), it is 

shown to undergo intracellular degradation. Hydrolysis intermediates are formed, which 

are metabolised intracellularly via the tricarboxylic acid cycle or are eliminated from the 

body by direct renal secretion (577). This mechanism of degradation is concluded by the 

observation of PCL hydrolysing to 6-hydroxyl caproic acid and acetyl coenzyme A, which 

are uptaken by macrophages and fibroblasts (575,578). 

In the present work, low molecular weight PCL (Mn ~10,000) was chosen for 

spacer formulation to decrease the degradation time of the bulk material. However, PCL 

alone was found to be unsuitable for electrospinning as the solution viscosity was too 

low to form fibres, and rather the polymer was sprayed as droplets on the collector 

plate, see Figure 2-38. Moreover, due to the presence of five hydrophobic -CH2 moieties 

in its repeating units, PCL degrades slowest among all the polyesters (3ς4 years in 

vivo)(579). Addition of poloxamers to PCL materials have been shown to decrease the 

overall degradation time of the overall bulk material. Poloxamers are block co-polymers 

of ethylene oxide (EO) and propylene oxide (PO), synthesized by sequential addition of 
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propylene oxide first to the two hydroxyl groups of a low molecular weight, water-

soluble propylene glycol, and then ethylene oxide is added at both ends of the PPO block 

to form the PEO end-blocks (507,580). The ability to change from individual block 

copolymer chains (unimers) to self-assembling micelles has enabled the use of 

poloxamers to increase the solubility and dissolution of hydrophobic drugs (581,582). 

Fluorescence probe studies have found that the micelle core is hydrophobic and made 

by PPO blocks, while the micelle corona, in contact with the bulk aqueous environment, 

is comprised of hydrated PEO blocks (583). Poloxamers increase the viscosity of the final 

formulation and increase the hydrophilicity, thus are frequently investigated in 

combination with PCL for implant formulation (584ς587). 

Digital microscopy indicated that PCL fibres formulated using poloxamer 188 had 

a thinner average diameter than fibres formulated using poloxamer 407. This would lead 

to an increase in the surface area of the spacer available for drug diffusion. During drug-

release experiments, PCL fibres released most of their drug content in under seven days. 

Fibres formulated using poloxamer 188 released significantly more DOX in a shorter time 

with shorter T1/2, as compared with fibres formulated using poloxamer 407. This could 

be attributed to the increased surface area available for drug diffusion as a direct result 

of thinner fibres (576). In addition, the resulting materials from electrospinning 

technique generally contain the drug molecules randomly distributed throughout the 

polymer, and thus can significantly increase the solubility and dissolution rate of poorly 

water-soluble drugs, by nanosizing and amorphisation (588). This would explain rapid 

DOX release from the electrospun fibres. 

Figure 2-38. Electrospun DOX-PCL droplets 
without the addition of poloxamers, observed 
using digital microscopy. After electrospinning, 
droplets of DOX-PCL solution were deposited 
on the collector plate, and it appears that 
poloxamers are required to increase the 
viscosity in order to form fibres in the 
electrospinning conditions used in the present 
work. 
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2.6.2.3 Solvent-cast DOX-PCL spacers 

I utilised solvent casting method to formulate PCL-poloxamer spacers containing 

DOX. In a solvent casting method, the solidification rate can determine the physical state 

of drugs in solid dispersions. Ideally, a fast solidification method is preferred to ensure 

the amorphous state of drugs (457). Commonly utilised methods for fast solvent 

removal are heating on a hot plate (589), vacuum drying (590), rotary evaporation (591), 

spray drying (592), freeze-drying (593), spray freeze drying (594) and ultra-rapid freezing 

(595). However, these methods have their own associated disadvantages that include 

drug degradation, poor scalability, and high processing costs. To overcome these 

disadvantages, I utilised a less harsh and significantly more cost-effective technique of 

solvent evaporation using a standard laboratory fume hood.  

During drug-release experiments, solvent cast PCL spacers released most of their 

drug content in under 11 days. Similar to what was observed with fibres, solvent cast 

spacers formulated using poloxamer 188 released significantly more DOX in a shorter 

time with shorter T1/2, as compared with spacers formulated using poloxamer 407. The 

difference in cumulative drug release between electrospun fibres and solvent cast 

spacers was significant, with the latter releasing a lower amount of DOX with 

significantly longer T1/2. This difference could be attributed to the differences in the 

surface area available for drug diffusion.  

Even though using implantable drug delivery systems have shown promise in 

improving the efficacy and safety of ocular therapies, a number of factors limit their use. 

The polymer-drug interaction is essential as the molecular weight and the type of 

polymer system used determines the rate and mechanism of drug release from the 

implant (252). Poloxamer 188 has a higher ratio of PEO:PPO units (206:39) as compared 

with poloxamer 407 (200:65), making the latter more hydrophobic and have a larger 

polymer chain size (582). Both these factors would translate to a faster drug release 

from spacers formulated using poloxamer 188. This difference in drug release was 

evident from the results in the in vitro release experiments. 

Additionally, the high concentration of poloxamers used in the preparation of 

DOX loaded PCL spacers would have rapidly leached out during the in vitro testing, 

increasing the porosity of the PCL spacer, thus increasing the rate of DOX release. 

Previous studies in the literature from PCL-poloxamer spacers have found similar results, 
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reporting a significant increase in drug release with the increase in poloxamer 

concentration used in implant formulation (585ς587). Another study found comparable 

burst release profiles and significantly faster release of the poorly water-soluble drug 

docetaxel from PCL-poloxamer matrices, as compared to PCL alone (586). A preclinical 

evaluation of levonorgestrel implants made of PCL-poloxamer blend reported that 

poloxamer molecules leached out rapidly because of surrounding body ƅuids, creating 

micropores in the implant matrices, thus enhancing the drug release from the implant. 

The authors also reported the PCL-Poloxamer implants to be biologically safe and 

nontoxic after a two-year follow up (587).  

A plausible explanation for these phenomena could be derived using the 

Percolation theory. According to Percolation theory, few and isolated pores created in 

matrices are not favourable for generating the interconnected open pore structures. 

Once the porosity increases above the percolation threshold (the critical porosity), the 

interconnecting pathways in porous matrices would be formed easily and became more 

ΨΨŦƛƭƭŜŘ-ƛƴΩΩ ōȅ release medium, facilitating drug to diffuse and release from the matrices 

(596ς599). Addition of equal amounts of PCL and poloxamer led to the formation of a 

large number of interconnected pores by the rapid leaching out poloxamers from the 

spacers. The significant difference in cumulative DOX release suggests that poloxamer 

188 formed larger and more interconnected pores in the PCL-poloxamer spacers, as 

compared to those formed by poloxamer 407. This effect was pronounced in the DOX 

release profile from solvent cast spacer. 

Moreover, the leaching poloxamers from the PCL spacers would form micelles 

that would significantly improve the solubility of DOX in the release samples. It has been 

shown previously that poloxamers (P9200, P10300, P10400 and P10500) at 5% w/w 

were able to increase in the solubilization of the water-insoluble drug, fenofibrate over 

100-fold at 25°C (600). Nuclear Overhauser effect spectroscopy (NOESY)-NMR 

experiments indicated that the protons from fenofibrate interacted exclusively with 

PPO, enhancing the drug solubility (600). The effect of poloxamer micelle formation on 

DOX solubility was not investigated in the present work, but future studies could involve 

utilising this effect to improve drug loading in hydrophilic spacers. 

The degradation products of the non-permanent spacers should ideally be 

biocompatible, safe and must completely exit the body to make them suitable for tissue 
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engineering and smart drug-delivery devices (292,601ς603). I was unable to formulate 

a prolonged DOX-release formulation of 1:1 PCL-poloxamer spacers using 

electrospinning and solvent cast techniques. In the absence of poloxamers, PCL shows 

extremely slow degradation profiles (575) which would be unsuitable for the intended 

purpose of formulating a degradable spacer for prolonged drug release at therapeutic 

levels. 

2.6.2.4 Trachoma 

In addition to subconjunctival scarring caused by surgeries to lower the IOP in 

glaucoma patients, trachoma, a bacterial infection of the eyelid, conjunctiva, and 

cornea, is also strongly associated with subconjunctival scarring. Trachoma is caused by 

Chlamydia trachomatis, leading to chronic conjunctivitis and scarring of the upper 

conjunctiva (604). At present, trachoma is the leading infectious cause of blindness 

worldwide, affecting large populations of patients in developing countries (604,605). It 

is considered an endemic disease that affects poor communities in Central and South 

America, Africa, the Middle East, Asia, and large populations in Australia (606ς610). It is 

estimated that trachoma remains endemic in 44 countries, has blinded or visually 

impaired around 1.9 million people with 142 million people at risk of trachoma, 

responsible for 1.4% of all blindness worldwide (609). In earlier stages, tetracycline 

ointments are used to treat trachoma, but severe scarring can cause the eyelid to in 

turn, which requires corrective surgery (605). 

Trachoma surgery involves rotating the eyelid outwards and making an incision 

through the scarred tissue and suturing the tissue to the margin of the eyelid. Sutures 

are removed after two weeks and to prevent infection, antibiotic treatment in the form 

of ointment is required throughout the process (611) Unsurprisingly, low patient 

adherence to the antibiotic treatment, potential for systemic side-effects caused by 

antibiotics (604,612), combined with post-surgical scarring pose a significant challenge 

to the success of the treatment (613). 

The amine groups in chitosan make it antibacterial, haemostatic, antifungal, and 

mucoadhesive in nature (564,614ς617). PCL is frequently used to formulate implantable 

delivery systems for wound healing applications and has been utilised for making 

ophthalmic implants (618ς621). Poloxamers have been shown to be mucoadhesive, and 

are utilised to encapsulate drugs with high loading efficiencies using thin-film hydration 
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and lyophilisation techniques, which can significantly improve the shelf-life of the final 

formulation (622ς626). 

DOX is frequently prescribed either topically or orally to prevent infection, but a 

two-week sustained release formulation implanted under the eyelid would benefit 

patients undergoing trachoma surgery. In the present work, DOX containing degradable 

spacers released most of their drug content in 10 days or less, when tested in vitro at a 

flow rate of aqueous humour production (2 µL min-1). However, tear turnover rate has 

been reported to be comparatively significantly lower (0.2 ±0.2π1.2 ±0.5 µL min-1), which 

would decrease the rate of drug diffusion from the degradable spacers, translating to a 

slower release of DOX (627ς630). DOX containing spacers might be potentially useful for 

trachoma, both as an antibiotic and as an MMPi to reduce post-surgical scarring. At the 

time of writing this thesis, there is currently no prolonged-release formulation for DOX 

that could be used after trachoma surgery in the clinic or in development. Thus, the 

degradable DOX spacers could be a viable solution to improve success rate after the 

trachoma surgery. 
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2.7. Summary and conclusions 

There is a clinical need to develop a sustained release anti-scarring drug-eluting 

spacer fabricated from biocompatible materials that can be used after GFS, with or 

without a GDD to modulate wound healing. This spacer should deliver optimal doses of 

an anti-scarring agent to the subconjunctival space to modulate post-surgical wound 

healing. The site of surgery is prone to eliciting a significant foreign body response, 

making it harder to implant a drug-eluting tablet. This chapter aimed to investigate 

spacer formulation strategies to prolong drug release of clinically used anti-fibrotic 

drugs for five weeks. 

It was possible to formulate pHEMA hydrogel spacers with a significantly higher 

DEX loading by using Brij 98 surfactant, as compared with pHEMA hydrogels prepared 

without the surfactant. Results from in vitro drug-release experiments over a period five 

weeks suggest that Brij 98-loaded pHEMA hydrogels released DEX at therapeutically 

efficacious concentrations that could potentially match the post-surgical inflammation 

response profile. Mathematical modelling revealed the underlying mechanisms of drug 

release to be diffusion for DEX-pHEMA hydrogels and anomalous transport for Brij 98-

loaded DEX-pHEMA hydrogels, with both diffusion and relaxation of polymer chains 

playing a significant role in drug release from the hydrogel spacer. These findings 

indicate Brij 98-loaded pHEMA hydrogels to be suitable candidates for encapsulating 

anti-fibrotic drugs for prolonged drug release. Future work could investigate the 

reproducibility of this spacer system in vivo. 

It was also possible to formulate DOX-loaded polymer spacers, using chitosan 

hydrogels that transitioned from solution to hydrogel at physiological pH and 

temperatures. It was also possible to formulate electrospun fibres and solvent cast 

spacers using PCL in combination with poloxamers 188 and 407. However, in vitro drug-

release experiments revealed burst drug release profiles and the spacers were unable 

to prolong the release of DOX over ten days. For this purpose, formulating spacers using 

chitosan and PCL was concluded to be an unsuitable strategy for prolonging drug 

release. 

Drug releasing spacers formulated with pHEMA and chitosan hydrogels, and PCL-

poloxamers have a significant advantage of having optimal biocompatibility and 

regulatory approval for use in the human body. However, once the drug has been 
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released, no effective methods exist currently to replenish the depleted drug reserves 

in the spacer successfully. Elastomeric pumps are a cost-effective approach to deliver 

drugs with the added option of refill-ability. In the next chapter, I will explore the use of 

elastomeric pumps for prolonged ophthalmic drug delivery. 
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 Evaluating elastic pockets for their potential as 

subconjunctival drug delivery systems 

Abstract 

 

In this Chapter, engineering principles were applied to inflated elastomeric 

membranes, with the aim to provide novel insights into considerations needed to design 

a novel ophthalmic drug delivery pump. Inflation, compression and deflation of elastic 

pockets of different geometries and varying material properties were investigated to 

elucidate relationships that govern the discharge of fluid from elastic pockets. A novel 

optical method developed for experimental fluid mechanics was successfully applied to 

determine the displacement of elastomeric membranes of a pursed pocket when a fluid 

exerts pressure. Pocket geometry and material properties had a significant impact on 

internal pressure and subsequent pocket function as a pump for fluid release. Modelling 

data supports the feasibility of elastomeric pockets for prolonged subconjunctival drug 

delivery. 
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3.1. Background 

Topical drug delivery to the eye poses a number of challenges, including systemic 

side effects and low bioavailability in the ocular tissues. Patients have to be treated quite 

frequently, which creates a burden for physicians, health systems and the patients 

themselves. Poor patient compliance has become another important variable in 

determining the treatment outcome of glaucoma therapy. Sustained ocular drug 

delivery therapies are sought to decrease repeated hospital visits in an attempt to 

improve patient compliance and disease management (see Section 1.5).  

For example, Genentech recently revealed favourable results at the 2018 ASRS 

annual meeting of a Phase 2 clinical trial (ClinicalTrials.gov identifier NCT02510794) of 

the Port Delivery System (PDS) with Lucentis (631). Ranibizumab, the active ingredient 

of Lucentis, is a monoclonal antibody fragment that was designed to bind to and inhibit 

VEGF (vascular endothelial growth factor), a protein that is believed to play a critical role 

in the formation of new blood vessels (angiogenesis) and the hyperpermeability 

(leakiness) of the vessels. Currently, to maintain clinical efficacy, patients suffering from 

neovascular age-related macular degeneration (nAMD) require a monthly intraocular 

injection of ranibizumab (0.5 mg)(632) or bi-monthly injections of aflibercept (633), 

costing the National Health Service (NHS) in the UK around £550 and £880 per injection, 

respectively (634). However, a gap is observed between clinical trial results and clinical 

practice outcomes of vision gains from the current treatment. The difficulty with 

maintaining office visit and treatment (injection) frequency is a major problem as it 

increases the burden for the cost-effective management and treatment of disease, 

adversely impacting patient outcomes (635). 

Acute volume-related IOP elevation is commonly observed after intraocular 

injections (232,636ς638). Repeated acute IOP spikes may contribute to cumulative, non-

specific and permanent damage to the retina (638). A recent systematic literature 

review analysing 15 randomised clinical trials found that patients receiving monthly anti-

VEGF injections were at an increased risk of endophthalmitis (639). After glaucoma 

surgery, subconjunctival injections of anti-inflammatory drugs are often used to 

maintain drug concentrations at the site surgery and manage post-surgical fibrosis. 

However, the amount of drug delivered is limited by the volume and concentration of 

drug injected. Moreover, subconjunctival injections also result in poor bioavailability 
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because they are cleared rapidly into the systemic circulation, necessitating repeated 

administration (230ς233). 

Several degradable intravitreal implants for sustained release of small molecule 

anti-inflammatory agents are already approved but require repeated surgical 

interventions to implant and replace the implant, causing similar side effects to those 

observed in injection therapies (634,640ς643). Moreover, no devices have yet been 

approved for localised delivery of anti-fibrotic drugs in the sub-conjunctival space. 

Results from this work (Chapter 2) suggest that hydrogels have the potential to deliver 

anti-fibrotic drugs directly at the site of surgery in a sustained manner. Once the drug 

has been released from a hydrogel implant, the hydrogel, if biocompatible, might act as 

a spacer in the subconjunctival space. The favourable effect of hydrogel spacers in 

promoting the success of glaucoma surgery (356,357,367) along with the exploitation of 

their biocompatibility for alternative indications (484) is well documented in the 

literature (see Section 2.1.2). However, a significant limitation for using hydrogels as 

implantable materials for long-term drug delivery is their inability to be refilled and 

reused after the drug has eluted. 

3.1.2 Elastomeric pockets for ophthalmic delivery 

Implantable micropumps have been investigated to overcome the need for 

repeated localised injections and the challenge of rapid drug clearance. The principles 

of microelectromechanical systems (MEMS) engineering have been utilised to design 

and fabricate, manually and electrically controllable refillable pockets that act as drug 

reservoirs, and have a tube attached for drug outflow (644). Saati et al. have previously 

demonstrated the ability of such a micropump to deliver micro-doses in animal models, 

with the potential for repeated fillings (up to 24 refills) of the drug reservoir (7 × 7 × 1.58 

mm)(645). The flow rates demonstrated by this first generation device were as low as 

438 pL min-1 ŀǘ р ˃! ǘƻ т ˃[ min-1 (645).  

Recent advances in micropump technology have led to more progress by 

delivering small quantities of the drug in a precise manner (646). A study demonstrated 

the use of a refillable micropump fabricated with polydimethylsiloxane in vitro. The 

volume dispensed by the pump and the duration of pressure was found to be linearly 

proportional for both applied pressures (250 and 500 mmHg), resulting in a consistent 

flow. In vivo experiments in male Dutch Belted pigmented rabbits demonstrated 
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delivering 100 µL of phenyl epinephrine, resulting in the corresponding physiological 

response of pupil dilation during the dosing period. (647). A one-year feasibility study 

using Replenish micro-pumps (13 x 16 x 5 mm), implanted episclerally in Beagle dogs 

demonstrated good biocompatibility of this device (648). Another safety and surgical 

feasibility study assessing the feasibility of implanting the Replenish micro-pumps in 

patients reported favourable results of the implantation procedure. Furthermore, no 

serious adverse events were reported during the 90 day follow-up period. 

Refillable implantable micropumps have the potential to replace the 

conventional therapy of subconjunctival injections. Using an implantable pocket to 

deliver drugs at a controlled rate might be a viable solution for treating diseases at the 

front of the eye. The pocket of such a device would act as a reservoir, storing a saturated 

drug solution. After completion of the drug-release process, the emptied reservoir 

would be refilled easily in a minimally invasive manner through a refill port. This 

implantable pocket could be placed in the superotemporal quadrant under the 

conjunctiva, similar to how and where a GDD is currently implanted (see Section 1.3.4). 

Furthermore, these pumps may be filled with a combination of potent anti-fibrotic drugs 

that could be delivered at the site of surgery, at controlled and sustained rates. This type 

of a controlled drug delivery system in the eye would be a novel closed-system (see 

Section 1.5) and could potentially modulate the wound healing process after GFS or GDD 

implantation.  

However, the use of moving parts for fluid release actuation and valve 

membranes or flaps to control the rate of outflow pose significant drawbacks to current 

implantable micropumps under development. These moving parts increase the 

possibility of device malfunction due to risk of wear and fatigue of the parts, which 

require post-implantation manipulation and ultimately hinder the long term reliability 

of these implantable devices (649ς651). Additionally, all pumps require a source of 

energy to generate a driving force for fluid release. This energy in the form of magnetic 

energy, electricity, heat, liquid pressure or air pressure is converted into motion within 

the pump (259ς261). This necessitates the requirement of a means for energy storage 

within the pump in the form of a battery that would need replacement or implementing 

additional mechanisms for contactless re-charging. Both scenarios increase the number 

of parts needed for the pump function and significantly reduces an already limited space 
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available for the fluid (drug) reservoir (652). Additionally, the need for parts-

miniaturisation and post-implantation manipulation would increase the associated 

manufacturing costs, ultimately passing the cost burden on to the patients and the 

healthcare services.  

Elastomeric pumps, commonly used for ambulatory infusions, provide the 

advantage of being essentially maintenance-free, using no mechanical moving parts for 

fluid actuation as they utilise the potential energy stored in the membrane for fluid 

release (see Section 1.7) (653,654). This significantly reduces the cost burden for the 

patients as compared to electronic medication pumps (329). However, the reliability of 

drug-release dynamics, offered by elastomeric pumps is debatable, with variations in 

drug-release rate and duration (340,342,348,654ς665). The functional reliability of an 

elastomeric pump could be improved by closely controlling the major parameters that 

govern pump function, the current state of the art portable elastomeric pumps for drug 

delivery are listed in Table 1-4. 

The performance of an elastomeric pump is influenced by the internal pressure 

of the drug reservoir (666). This internal pressure is influenced by the elastomeric 

ǇǳƳǇΩǎ ƳŀǘŜǊƛŀƭ ǇǊƻǇŜǊǘƛŜǎΣ ŜΦƎΦ stiffness, and ǘƘŜ ǇǳƳǇΩǎ pocket geometry, e.g. 

thickness, shape, and size. When an elastomeric material is inflated, it undergoes 

characteristic deformations, known as bending and stretching. Bending is a deformation 

that is smalƭŜǊ ǘƘŀƴ ǘƘŜ ƳŀǘŜǊƛŀƭΩǎ ǘhickness, and stretching is a deformation that is larger 

than the materialΩǎ thickness (667). In the literature, previous analysis of the 

deformations of clamped, or closed, elastomeric pockets have all been theoretical, using 

numerical or computational techniques (668ς673). However, a systematic experimental 

comparison analysing the differences between the two deformations and their 

implications for designing an elastomeric pump has never been performed. 

For the sake of clarity, there are a number of terms in this Chapter which are 

used based on their significance in the field of mechanical engineering. The terms 

ΨdeformationΣΩ ΨŘƛǎǇƭŀŎŜƳŜƴǘΣΩ ŀƴŘ ΨŘŜŦƭŜŎǘƛƻƴΩ ƛƴ ǘƘƛǎ /ƘŀǇǘŜǊ ǊŜŦŜǊ ǘƻ ǘƘŜ ǎŀƳŜ 

phenomenon defined as a temporary change of shape that is self-reversing after an 

applied force has been removed so that the object returns to its original shape. The term 

ΨǇǳǊǎƛƴƎΩ Ƙŀǎ ōŜŜƴ ǳǎŜŘ ƛƴ ǘƘƛǎ Chapter to describe the process of inflating connected 

elastomeric membranes when pressure is exerted on these membranes by a fluid. This 
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pressure increases the displacement height of the elastomeric membranes and forms a 

ΨǇǳǊǎŜŘΩ ŎƘŀƳōŜǊΦ This chamber is referred to as an elastomeric pocket or purse. In the 

context of drug delivery, these pockets are also called elastomeric pumps.  

When the amount of the deflection (height, Ὄ) is smaller than or approximately 

equal to the thickness (Ὕ) of the material, the deformation of the pocket shape follows 

a bending regime ( ρ. When the amount of deflection is greater than the thickness 

of the material, then the deformation of the pocket shape follows a stretching regime 

( ρ(667). These regimes follow different dynamics, such as pressure exerted on the 

fluid, height of deflection from the original non-pursed state, and their combined effects 

on the flow rate of the liquid released when the pocket deflates. Investigating these 

changes is necessary to understand their contribution to the design of an elastomeric 

pump for localised drug delivery. 
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3.2. Hypothesis and Aims  

The hypothesis for this Chapter is that it is possible to elucidate engineering 

principles in a system using elastomeric membranes and then design a mini elastomeric 

pump so that prolonged release of at least five weeks in the subconjunctival space using 

commercially available materials could be achieved. The transition from bending to 

stretching regimes in pursed (inflated) elastic pockets is dependent on the geometry and 

the material properties. These regimes would theoretically influence the functionality 

of the pursed pocket and thus, have important implications for an ophthalmic drug 

delivery pump-design. 

The three main aims of the work described in this chapter were: 

¶ Firstly, to characterise pursed elastic pockets and their deformation profiles 

(bending and stretching) to explore the relationship between purse deformation, 

material properties, pocket geometries and internal pocket pressure. This would be 

helpful to estimate the change in internal pump pressure as a function of key 

variables involved in the design of an ophthalmic elastomeric pump.  

¶ Secondly, to evaluate the relationship between the application of a compressive 

force and the resulting change in the internal pressure of a pursed elastic pocket. 

This would be helpful to estimate the change in pump performance (fluid release 

rate) when subjected to the compressive forces applied by the conjunctiva after 

implantation.  

¶ Thirdly, to characterise the relationship between the rate of fluid released from a 

pursed pocket, internal pocket pressure and volume.  

Finally, the evaluation of these relationships will be used to model drug release 

profiles from hypothetical single-chamber elastic pockets, within the constraints of 

feasible dimensions for subconjunctival implantation and commercially available 

materials. The decision to characterise the design of an elastomeric pump that utilises 

stored elastic energy of the membranes to drive the drug out was made due to the 

simplicity of the mechanism of mass transfer. The rate of drug flow can be controlled 

with precision by adding additional resistance at the outlet of the pump. 
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3.3. Optimal Device Requirements 

While there are many different types of elastomeric pumps that are available 

commercially, the size constraint of the site of implantation in the eye is a major 

challenge for an implantable drug delivery device to be successful. The requirements for 

an optimal elastic pursed pocked device include fabrication of the pursed pocket with 

biocompatible materials, dimensions that do not exceed 20 mm in length and 6 mm in 

displacement height, and the theoretical suitability for implantation in the 

subconjunctival space. The elastic pursed pocket should prolong the drug release for at 

least five weeks, which is a critical period for postoperative fibrosis following GFS or GDD 

implantation in glaucoma. 
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3.4. Materials and Methods 

Materials used in this Chapter are listed in Table 3-1. Reagents were all used as 

received without further purification. Instruments and experimental setups used for 

characterisation are all described in the Methods section below.  

Table 3-1. List of materials used in this Chapter. 

Material Supplier 
CAS; Catalogue/Lot 

number 

Methylene blue Sigma Aldrich, UK 122965-43-9; M9140 

Silicone sheets Silex, UK SuperClear 

Electromagnetic linear actuator 
Bose Corporation ς ElectroForce 

Systems Group, USA 
ElectroForce® 3220 

Series III 

Stainless steel sheets Metals4U Ltd., UK 3066 

3-way stop valve Fisher Scientific, UK 4201634503 

Camera (Pixel density 1280 × 
960, 8-bit) 

Allied Vision Technologies GmbH, 
Germany 

Prosilica GC 1290 

Clear acrylic sheets Displaypro, UK DP0015 

Glass Burette for water column Aimer Products Limited, UK 1567/BT 

Silicone tubing VWR International, UK Tygon® 3350 

PTFE tape Sigma Aldrich, UK 20808-U 

Peek tubing IDEX Health & Science, UK 1569 

20 gauge needles Terumo, UK NN-2038S 

Leur-Lok tip syringe BD Plastic, UK 309657 

Pressure transducer Honeywell, USA 162PC01D 

Syringe pump Harvard Apparatus, USA PHD 22/2000 

Weighing balance A & D Company, Japan GX series 

 

Commercially available silicone membranes were used in this work due to their 

material reproducibilities such as uniform thickness and stiffness, relatively low cost, 

and the similarity of their stiffness with subconjunctival tissue (~1 MPa)(674,675). To 

gather more information on the behaviour of how a pursed elastomeric pocket would 

behave in a clinical situation, the structural and functional changes caused by inflation 

and deflation of the pocket with different geometries (circles and squares of varying 

thicknesses) and sizes, taking into account the changes in the internal pressure exerted 

by fluid and material properties (stiffness) needed to be assessed. To do this, it was 

essential to characterise the materials used for pocket formation for their stiffness. 

3.4.1 Measuring the physical properties of elastic materials 

The term that is used for the quantitative determination of mechanical strength, 

or stiffness, ƛǎ ŎŀƭƭŜŘ ¸ƻǳƴƎΩǎ ƳƻŘǳƭǳǎ ƻǊ ŜƭŀǎǘƛŎ ƳƻŘǳƭǳǎ (Ὁ). The stiffness of any 

material depends on the dimensions of the specimen being analysed. This makes the 
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deformation harder to compare because of the applied force in different materials. To 

overcome thiǎ ǇǊƻōƭŜƳΣ ŀ ƳŀǘŜǊƛŀƭΩǎ ǎǘǊŀƛƴΣ ǊŀǘƘŜǊ ǘƘŀƴ ŘŜŦƻrmation, and stress, rather 

than applied force, are reported.  

The silicone membranes for the current work were characterised using an 

electromagnetic linear actuator (Bose Electroforce 3220 Series III, USA). Each silicone 

sample was cut into a dog-bone shape (Figure 3-1) that is typical for tensile testing so 

that the deformation was confined to the narrow centre region and not to the ends of 

the sample, and the dimensions of the centre were 15 mm long by 4 mm wide. The 

maximum load applied to the samples was 225 N with a uniaxial displacement 

(stretching) of 6.5 mm and a resolution of 1 nm. Each uniaxial tensile test (n=3 for each 

membrane) was performed at a rate of 0.1 mm s-1. These range of displacements were 

large enough to determine the engineering stress, ‏ and engineering strain, ʀ which 

were calculated using equation 3.1; 

 
‏  

Ὂ

ὃ
ȟ ʀ  

ɝὒ

ὒ
 (3.1) 

where Ὂ was the force applied on the material, ὃ was the initial cross-sectional area of 

the material tested, ɝὒ was the change in sample length during the test and ὒ is the 

initial non-deformed length of the sample (674,676,677).  

The data was exported as a text file to obtain the values of the engineering stress, 

 and the engineering strain, ʀ ŦƻǊ ǘƘŜ ǎƛƭƛŎƻƴŜ ƳŜƳōǊŀƴŜǎΦ ¢ƘŜ Ǌŀǘƛƻ ƻŦ ǘƘŜ ƳŀǘŜǊƛŀƭΩǎ ‏

ǎǘǊŜǎǎ ǘƻ ǎǘǊŀƛƴ όǿƘŜƴ ǎǘǊŀƛƴǎ ŀǊŜ ǎƳŀƭƭΣ ƭŜǎǎ ǘƘŀƴ мл҈ύ ƎƛǾŜǎ ǘƘŜ ǾŀƭǳŜ ƻŦ ¸ƻǳƴƎΩǎ 

Figure 3-1. Each silicone membrane sample was cut into a dog-bone shape (A) before being 
placed into the electromagnetic actuator (B) for tensile testing. The tested samples were 4 mm 
wide and 15 mm long. The maximum load applied was 225 N with a uniaxial displacement 
(stretching) of 6.5 mm and a resolution of 1 nm. Each uniaxial tensile test (n=3 for each 
membrane) was performed at a rate of 0.1 mm s-1 
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modulus, Ὁ (modulus of elasticity) calculated as the initial linear slope of the stress-

strain graph. ̧ ƻǳƴƎΩǎ ƳƻŘǳƭus was calculated using equation 3.2 ; 

 
Ὁ
‏

ʀ
 (3.2) 

3.4.2 Determining pocket displacement using an optical method 

An optical method was used to determine the displacement of the elastic 

membranes to an applied pressure using a technique developed for experimental fluid 

mechanics (678). This technique exploited the translucent nature of the silicone 

membranes. The membrane deformation was determined using a dilute methylene blue 

solution at a concentration of 33 mg L-1. This optical technique correlates the height of 

the membrane to the attenuation of light intensity caused by dyed water. The intensity 

of the methylene blue solution was recorded by a camera. MATLAB version R2017b (The 

MathWorks, Inc., USA) was used to measure the average intensity of each pixel in each 

image and correlated this with the average height of the fluid. This intensity of the dyed 

water was pre-calibrated against thin layers of dyed water that were created by 

successively adding 0.5 mL of dyed water to a measuring cylinder from a height of 0.82 

mm up to 19.8 mm. As the intensity increased with fluid height, a greyscale value 

corresponding to fluid height was converted attributing a 0ς255 greyscale to all areas in 

an image. No dye was attributed as 255 and the upper limit of detection of the dye 

intensity was 0. To ensure reproducibility, the optical intensity calibration was 

performed each day before starting the experiment. 

This optical technique was used to accurately determine the deformation in 

elastic membranes when the internal fluid exerted pressure on them, see Figure 3-3. 

Each image was first converted into red, green, and blue colours (RGB) using MATLAB 

version 2017b (The MathWorks Inc., USA) and the conversion from RGB to greyscale was 

done using MATLAB, with the help of Dr Yann Bouremel (Research Associate at UCL 

Institute of Ophthalmology). 
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3.4.3 Inflation of elastic pockets 

Elastic pockets were created using six clear silicone membranes of thicknesses, 

0.32, 0.5, 1.6, 1.72, 3.2, and 3.25 mm, clamped between two clear acrylic plates, an 

upper plate, and a base plate of dimensions 162 x 162 mm. These formed simply 

connected elastomeric pockets, meaning that the point of contact was along a single 

continuous boundary at the outer edge. There was a diffusive light source below the 

membranes, and an 8-bit camera with a pixel density of 1280 × 960, using a 16 mm lens 

(Allied Vision technology, Germany) was placed perpendicularly above the membranes 

and was used to record the optical images, see Figure 3-2.  

Different pocket geometries; a circle with radii (Ὑ) of 10 and 20 mm, and a square 

with sides (ὥ) 20 and 40 mm long were cut in the upper plate using a laser (by technicians 

at UCL Department of Mechanical Engineering Workshop) to fix the outer edge of the 

pockets. The pockets were pressurised by injecting dyed water under the clamped 

membrane through a hole drilled in the base plate, as shown in Figure 3-2 and Figure 

3-3. In order to apply a uniform hydrostatic pressure over the membrane, water columns 

of different heights were connected to the pocket. Since the height of the water column 

was significantly greater than deflection, ɝὌ, the pressure, ɝὖ , applied over the 

membrane was uniform. 

INJECTION 
LOCATION 

LIGHT 
BOX 

CLEAR ACRYLIC 
PLATES 

Figure 3-2. The experimental set-up for inflation of elastomeric sheets using dyed water clamped 
between clear acrylic plates. The top plate had a hole cut for inflation, the bottom plate had an 
injection for inlet of liquid. 
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For the case of inflation of different shapes of elastomeric membranes, the 

experimental results were non-dimensionalised to obtain the value of the coefficient ‎ 

for inflation. With the scaling analysis, the characteristics of interest were the 

dependences of membrane displacement, Ὄ, thickness, Ὕ, ¸ƻǳƴƎΩǎ ƳƻŘǳƭǳǎ, Ὁ, shape 

and size (Ὑ for circular and ὥ for square-shaped pockets) of the pocket and the internal 

pocket pressure, ὖ. An in-depth assessment of how the variables would determine fluid 

release from pursed pockets was performed.  

3.4.3.1 Finite Element Analysis model 

To complement the experimental results obtained from inflation experiments, a 

finite element model of the three-dimensional elastic pocket was created and solved by 

Dr Yann Bouremel (Research Associate at UCL Institute of Ophthalmology), using Abaqus 

version 6.12-3 (Dassault Systèmes , France)(667). 

During the simulations, the pressure was applied uniformly on the lower surface 

of the pocket. Newton's method was used to calculate solutions for pressure values in 

sequence, covering five orders of magnitude. After each solution was found, the 

pressure was increased by step ranging from 0.0001 to 10 pascal, depending on the 

pressure range of the simulation. The current solution was used as an initial guess for 

ǘƘŜ ƴŜȄǘ ǎƻƭǳǘƛƻƴΦ CƻǊ ŀ ǎƻƭǳǘƛƻƴ ǘƻ ōŜ ŀŎŎŜǇǘŜŘ ŀǎ ΨŎƻƴǾŜǊƎƛƴƎΩΣ ǘƘŜ ƭŀǊƎŜǎǘ ŎƻǊǊŜŎǘƛƻƴ ƻŦ 

Figure 3-3. A schematic of the experiment analysing the deflection in the pocket height, ɲH, of 
a fixed radius, R, when a pressure head of water is changed, ɲP, with time. When ɲP is low (left), 
there is smaller pursing of the pouch, and when ɲP is higher (right), there is larger pursing of the 
pouch. Dyed water is used to image the deflection using a diffused light source kept under the 
pocket. 
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the solution for one increment was less than 1% of the incremental change for the 

corresponding solution variable, and a residual error of less than 0.5%. The edges of the 

pockets were set to be clamped. A three-dimensional mesh with 8-node linear 

hexagonal brick elements was generated by extruding a 2D grid. The optimal number of 

elements was determined with the convergence of the maximum deflection, Ὄ and was 

usually around 50000. The numerical results obtained from the finite element analysis 

were plotted using MATLAB version 2017b (The MathWorks Inc., USA) to complement 

experimental results. 

3.4.4 Compression of inflated elastic pockets 

Most of the elastomeric pumps used in the clinic currently are enclosed in a hard 

casing, presumably to protect it from damage during handling and avoid altering the 

intended rate of drug delivery. Once implanted, the pump would experience a 

compressive force exerted by the conjunctiva. However, the relationship between the 

compression of the elastomeric pocket when subjected to external force and the change 

in the internal pressure of the pocket has not been studied in the literature. 

For the compression of pursed pockets, four elastic silicone membranes of 

thicknesses, 0.25, 0.5, 0.8, and 1.6 mm were sandwiched between a clear base acrylic 

plate and a steel upper plate. A circular hole radius, ὥ=20 mm was cut into the upper 

plate (by technicians at UCL Department of Mechanical Engineering Workshop) so that 

introducing water beneath the sheet enabled it to be pressurised to an initial pressure, 

ὖ, and form a purse, see Figure 3-4. The inlet to the circular pocket was connected via a 

three-way control tap with one end to a column of glass capillary with an inner diameter 

of 3 mm, that enabled the initial pressure of the pocket to be set using a column of 

water. After setting the initial pressure of the inflated pocket, the connection to the 

water column was sealed, and the other end of the three-way control tap was connected 

to a calibrated pressure transducer (Honeywell, USA). The water column height varied 

from 20 to 50 cm, which was significantly larger than the deflection height of the purse 

(<10 mm) so that the pressure variation with the height in the purse is negligible. A static 

compressive force, Ὂ was applied uniformly over the top of the purse by using custom-

made weights. After applying a compressive force, Ὂ, the pressure in the purse 
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increased to ὖ. The contact between the applied force Ὂ and the elastic membrane 

generates an area of the purse ὃ and is related through equation 3.3; 

 ὃ
Ὂ 

ὖ 
 (3.3) 

3.4.5 Deflation of elastic pockets 

The aim for this part of the experimental work was to understand the 

relationship between the rate of fluid release, internal pocket volume and pressure, 

when deflating an elastomeric pocket. Experiments focussed characterising release of 

liquids from a circular purse made of silicone sheet in terms of internal pressure, volume 

and flow rate of liquid released. A silicone sheet of 0.5 mm thickness and ¸ƻǳƴƎΩǎ 

modulus of 1.241 MPa was used as they closely match to ̧ƻǳƴƎΩǎ modulus of the sclera 

which has been reported to be in the range of 1ς2.9 MPa (674,675,679,680). Also, the 

pressure to inflate these pockets was low enough to be between the linear ranges of our 

experimental calibration.  

For this purpose, an elastomeric purse made of a simply connected silicone 

sheet, clamped in between two acrylic plates was inflated by filling water. The top acrylic 

plate had a hole (radius 10 mm) cut out to let the pocket purse during inflation. The 

bottom acrylic plate had an inlet tube attached to a three-way control tap connected to 

a pressure transducer (Honeywell, USA). The bottom plate also had an outlet tube 

Figure 3-4. A schematic of an elastic pocket of radius ╪ in the initial pursed state (A) with a 
uniform internal pressure ╟, which is compressed (B) by uniformly applying a static force ╕Ἣ on 
the top of the pocket, changing the internal pressure of the pocket, ╟Ἣ. 
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attached to a three-way control tap to release the liquid that would empty from the 

pursed pocket. A tube with an internal ŘƛŀƳŜǘŜǊ ƻŦ рлл ˃Ƴ ŀƴŘ a length of 10 cm was 

attached on the outlet three-way tap to provide additional resistance to the outflow of 

water, see Figure 3-5.  

The internal pressure (back-pressure) of the inflated pocket was recorded by the 

pressure transducer (Honeywell, USA) in mV, which was converted to Pa with the help 

of a calibration curve made against a water column, described in Section 3.4.6. To begin 

the experiment, the outlet with the resistance tube was opened and the released water 

was collected in a beaker, placed on a weighing balance (A&D Company, Japan), to 

measure the simultaneous change in back-pressure, the internal volume of the pocket, 

rate of fluid release, as a function of time. 

3.4.6 Pressure measurements 

A one-metre-high glass column of water was attached to a pressure transducer 

(Honeywell, USA) and a syringe pump (Harvard Apparatus, UK) using a three-way control 

tap, a schematic of the experimental setup was shown previously in Figure 3-3. The 

pressure transducer was powered by an external voltage source at 5V and was attached 

to a laptop with Velleman software to measure the change in pressure output as a 

change in mV. The change in mV as a function of the change in the height of the water 

Figure 3-5. The experimental setup for deflation of pursed elastomeric sheets, clamped between 
clear acrylic plates. The top plate had a hole (radius 10 mm) cut for inflation, the bottom plate 
had an injection for inlet and outlet of liquid). The inlet tube was connected to a pressure 
transducer to measure the internal pressure of the elastomeric purse. The outlet tube would 
empty into a beaker placed on a weighing balance to measure the volume of liquid released. 
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column (measured using a fixed ruler) was recorded to calculate a calibration curve for 

the transducer (R² > 0.999). To ensure reproducibility, the calibration was performed 

each day before starting the experiment. To perform the experiments, the elastomeric 

pockets were connected to the pressure transducer and the back-pressure was recorded 

in mV and was converted to Pa using the calibration curve. 

3.4.7 Flow rate and volume measurements 

For the inflation and deflation of the elastomeric membranes, a syringe pump 

(Harvard Apparatus) was used to control the flow rate and volume of water with 

precision. For the deflation experiments, the elastomeric pumps were connected to a 

three-way control valve, one outlet connected to a tube of 500 µm internal diameter 

and 10 cm length, that would empty into a beaker kept on a weighing balance. The 

weighing balance was connected to a laptop using a standard RS-232-to-USB cable, and 

the change in weight was recorded using WinCT401 software provided on the 

manufacturer website (A&D Company). 

The flow rate, ὗ (mL s-1), for time point, Ὕ (s), was calculated using the change in 

weight, ὡ ὡ  (mg), as a function of time using equation 3.4; 

 ὗ  
ὡ ὡ

Ὕ Ὕ
 (3.4) 

The third outlet was connected to a pressure transducer (Honeywell, USA) and 

the change in pressure was recorded as a function of time using the method described 

in Section 3.4.6.  

A general schematic for the experimental setup used in the experimental work 

is given in Figure 3-6. 
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3.4.8 Modelling drug release from hypothetical single-chamber elastic 

pockets 

This part of the work was aimed at modelling the effect of material properties 

such as Young's modulus (Ὁ), material thickness (Ὕ) and the diameter of the outlet tube 

on drug release from proof-of-concept single-chamber hypothetical elastic pockets with 

small volumes (~1 mL). According to the Hydrodynamics principle, flow rate (ὗ) of fluid 

is dependent on the resistance (Ὑ) to fluid flow. This can be re-written as equation 3.5; 

 ὖ Ὑὗ (3.5) 

Figure 3-6. A general schematic for the experimental setup used in the experimental work for 
this chapter. After the silicone membranes were characterised for stiffness, the experimental 
work was undertaken in three main parts. 1. Inflation of pockets (circles and squares of varying 
sizes) with dyed water to study the deformation in the pocket height (using an optical 
photographic method) and internal pocket pressure (using a pre-calibrated pressure 
transducer). 2. Compression of inflated pockets (circles) to study the relationship between 
compressive forces (applied uniformly on the top of the pocket using custom made cylindrical 
weights) and the change in internal pocket pressure (using a pre-calibrated pressure 
transducer). 3. Deflation of pockets (circle) to understand the relationship between internal 
pocket pressure (using a pre-calibrated pressure transducer) and flow rate of fluid released 
(using a weighing balance) through an outlet attached with a known resistance. Please note; the 
pocket outlet with resistance was open only in the case of deflation experiments. 
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This resistance generates pressure, ὖȟ which acts as the driving force for fluid flow. In an 

inflated elastomeric pocket, this pressure is applied by the displaced (deflection height, 

Ὄ) elastomeric sheet that drives the fluid out of the pocket. 

The drug release (fluid) from the hypothetical pockets would be slowed with the 

help of additional resistance provided a micro-tube. The resistance, Ὑ offered by the 

micro-tube was calculated using the Hagen-tƻƛǎŜǳƛƭƭŜΩǎ Ŝǉǳŀǘƛƻƴ (equation 3.6) that 

calculates the fluid flow through a cylindrical pipe of length, ὒ and diameter, Ὀ ςὶ, the 

dynamic viscosity of the fluid at 37°C, ‘ (681); 

 Ὑ  
ρςψ‘ὒ

“Ὀ
 (3.6) 

Using the results described in Section 3.5.3, we know the pressure exerted by a circular 

elastomeric membrane of a fully pursed drug reservoir, rearranging for ὖ; 

 ὖ  
τȢφσὉὝὌ

Ὑ
 (3.7) 

The volume ὠ of fluid inside the hypothetical single-chamber pockets with 

radii, Ὑ of 10 mm and maximum displacement, Ὄ of 6 mm was calculated using the 

formula (equation 3.8) for the volume of spherical domes (682,683); 

 ὠ  
ρ

φ
“ὬσὙ Ὄ  (3.8) 

The fluid release results from hypothetical single-chamber pockets with known 

parameters for ὉȟὌȟὝȟὙ, and the dimensions of the outlet tube, Ὀ and ὒ were plotted 

and compared using MATLAB version R2017b (The MathWorks Inc., USA). The time 

required for release of 50% (T1/2) of the total fluid released was also calculated. The fluid 

release results were modelled with a cut-off pressure value to match the IOP of a healthy 

eye, such that the fluid would be released until a minimum internal pressure of the 

hypothetical pocket reached 15 mm Hg. A maximum and minimum value of Ὁ (Emax 

and Emin) and Ὕ (Tmax and Tmin) for elastomeric sheets, and Ὀ (Dmax and Dmin) for 

an outlet tube was fixed based on commercially available materials. Pocket dimensions 

of Ὄ and Ὑ were fixed based on the optimal size of a pump that could be implanted in 

the superotemporal quadrant of the eye. 

In a hypothetical pocket with Ὑ as 0.01 m, a square shape with a side of 0.01 m 

can easily fit on the circular bottom plate. If a tube of Ὀ=25 µm were to be arranged 

inside the pocket, along a square serpentine shape with a separation of 100 µm apart, 
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the total ὒ of the tube would be 8 m. However, it would not be possible to arrange the 

tube using 100% of the area of the square as some area would be used for bending the 

tube. For this reason, a conservative estimate of 50% space used by the tube would 

make the equivalent length of the tube to be 4 m. 

Finally, a hypothetical optimal pump with same dimensions (Ὄ and Ὑ) and 

optimal values (Optimal) for ὉȟὝȟὈ and ὒ for prolonging drug release was modelled for 

fluid release. Pump efficiency was calculated using equation 3.9; 

 
ὉὪὪὭὧὭὩὲὧώϷ  

ὠέὰόάὩ ὶὩὰὩὥίὩὨ

ὍὲὭὸὭὥὰ ὺέὰόάὩ
ὢ ρππ (3.9) 

Table 3-2. Parameters for modelling drug release from hypothetical single-chamber elastic 
pockets. The changes for each condition have been highlighted in grey. 

Variable 
¸ƻǳƴƎΩǎ ƳƻŘǳƭǳǎ Thickness Diameter 

Optimal 
Emax Emin Tmax Tmin Dmax Dmin 

╔ (MPa) 5.25 0.525 1.25 1.25 1.25 1.25 5.25 

╣ (m) 1.0E-04 1.0E-04 0.0016 2.0E-05 1.0E-04 1.0E-04 2.0E-05 

╗ (m) 0.006 0.006 0.006 0.006 0.006 0.006 0.006 

╡ (m) 0.01 0.01 0.01 0.01 0.01 0.01 0.01 

╓ (m) 5.0E-05 5.0E-05 5.0E-05 5.0E-05 2.5E-04 2.5E-05 2.5E-05 

╛ (m) 4 4 4 4 4 4 4 

 

A schematic of the seven hypothetical single chamber pockets that were used for 

modelling the fluid release is presented in Figure 3-7.  
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Figure 3-7. Seven hypothetical single-chamber elastic pockets of radius ╡ = 10 mm and 
maximum displacement ╗ = 6 mm were used for modelling fluid release from a hypothetical 
pump. The maximum (max change depicted in red) and minimum (min change depicted in 
ƎǊŜŜƴύ ǾŀƭǳŜǎ ƻŦ ƳŀǘŜǊƛŀƭ ȅƻǳƴƎΩǎ ƳƻŘǳƭǳǎ ╔ (Emax and Emin) (A, B) and thickness ╣ (Tmax and 
Tmin)(C, D) of elastomeric sheets, and diameter ╓ (Dmax and Dmin) (E, F) of an outlet tube was 
fixed based on commercially available materials. Finally, a hypothetical optimal pump with 
same dimensions (╗ and ╡) and optimal values (Optimal) (G) for ╔ȟ╣ȟ╓ and ╛ for prolonging 
drug release was modelled for fluid release. The blue arrows indicate direction of fluid release 
from the outlet tube. 
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3.5. Results 

3.5.1 Material characterisation 

Engineering stress, ɿ and engineering strain, ʀ were calculated from the force 

applied on a known area of the sample and the displacement in sample length in 

comparison with original sample length. The initial linear slope of the equilibrium 

engineering stress-ǎǘǊŀƛƴ ŎǳǊǾŜ ǿŀǎ ǳǎŜŘ ǘƻ ŎŀƭŎǳƭŀǘŜ ¸ƻǳƴƎΩǎ ƳƻŘǳƭǳǎ (Ὁ) for the 

silicone membranes, data points shown in Figure 3-8. 

For the silicone sheets tested, the values of Ὁ were found to be between 1ς2.5 

MPa. The material properties tested using the electromagnetic linear actuator for 

different samples are given in Table 3-3. Summary of silicone samples used in the 

experimental study; the sheet thickness, ╣ ̧ ƻǳƴƎΩǎ ƳƻŘǳƭǳǎ, ╔ length (╡ for circles or ╪ 

for squares), and symbols are listed below. Silicone membranes were characterised 

ǳǎƛƴƎ ǳƴƛŀȄƛŀƭ ǘŜǎǘǎ ǘƻ ƎƛǾŜ ¸ƻǳƴƎΩǎ ƳƻŘǳƭǳǎ Ὁ. 

  

Figure 3-8. Engineering stress, ♯, and engineering strain, , were measured for 0.8 mm thick 
silicone sample. The linear slope of the data points shown above was used to calculate the value 
ŦƻǊ ¸ƻǳƴƎΩǎ ƳƻŘǳƭǳǎΣ ╔ (MPa). 
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Table 3-3. Summary of silicone samples used in the experimental study; the sheet thickness, ╣ 
¸ƻǳƴƎΩǎ ƳƻŘǳƭǳǎ, ╔ length (╡ for circles or ╪ for squares), and symbols are listed below. 

Thickness ╣ 
(mm) 

¸ƻǳƴƎΩǎ ƳƻŘǳƭǳǎ ╔ 
(MPa) 

Length ╡ or ╪ 
(mm) 

Symbol used in the 
results 

0.25 1.241 20  

0.32 2.628 20  

0.5 1.241 10  

0.5 1.241 20  

0.8 1.241 20  

1.6 1.241 10  

1.6 1.241 20  

1.72 1.112 10  

1.72 1.112 20  

3.2 1.241 20  

3.25 1.083 20  

These samples were further used for inflation and compression experiments, as 

described in Sections 3.4.3 and 3.4.4. 

3.5.2 Optical method for displacement determination 

For an accurate 3D estimate of the height of the pursed pockets, a novel 

experimental method was used to correlate the optical intensity of dyed water with 

height. Figure 3-9 shows an example of the images used for calibration of the height 

(mm) of dyed water optical intensity (greyscale). For height 0 mm, the greyscale was 135 

±4.1, for height 1.65 mm, the greyscale was 120.5 ±4.3, and for height 3.3 mm, the 

greyscale was 106.2 ±3.8.  

Figure 3-9. Images used for calibration of the height (in mm) of dyed water optical intensity 
(greyscale). For (A) height 0 mm, the greyscale was 135 ±4.1, for (B) height 1.65 mm, the 
greyscale was 120.5 ±4.3, and for (C) height 3.3 mm, the greyscale was 106.2 ±3.8. 
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The optical intensity calibration was found to be linear with error <3.5%, and 

data is shown in Figure 3-10.  

Figure 3-11 shows an example of a circular elastomeric pocket with a radius of 

10 mm with a silicone sheet of thickness 0.5 ƳƳ ŀƴŘ ¸ƻǳƴƎΩǎ ƳƻŘǳƭǳǎ ƻŦ мΦнпм atŀ, 

pursed with a pressure of 6005.7 Pa showing a colour photograph of the pocket. In the 

black-and-white image recorded by the camera and post-processing are shown, 

respectively. The same processing technique was used to correlate the images from 

pockets with the height to give an accurate value for the 3D displacement of the 

elastomeric membranes. 

Figure 3-10. Calibration test showing the correlation between height and light intensity 
determined optically, the error was less than 3.5%. 

Figure 3-11. Images of the circular elastomeric pockets with a silicone sheet (thickness 0.5 mm 
and YƻǳƴƎΩǎ ƳƻŘǳƭǳǎ ƻŦ мΦнпм atŀ) pursed with pressure of 6005.7 Pa showing (A) a colour 
photograph of the pocket. In (B) and (C) the black-and-white image recorded by the camera and 
the post-processed image with the greyscale are shown. 
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Figure 3-12 shows a typical 3D elevated and 2D plane views of the deflection 

obtained experimentally using the optical method for the silicone sheet with a thickness 

ƻŦ лΦр ƳƳ ŀƴŘ ¸ƻǳƴƎΩǎ ƳƻŘǳƭǳǎ ƻŦ мΦнпм atŀΣ fitted in a circle of radius 10 mm. The 

sample was clamped using acrylic plates at a single continuous boundary to form a 

circular pursed pocket (radius 10 mm and internal pressure 4500.5 Pa). 

Figure 3-12. The 2D planar (top panel) and the 3D elevated view (bottom panel) of the 
experimental deflection profile of a ǎƛƭƛŎƻƴŜ ǎŀƳǇƭŜ όǘƘƛŎƪƴŜǎǎ лΦр ƳƳ ŀƴŘ ¸ƻǳƴƎΩǎ modulus of 
1.241 MPa) obtained using the optical method. The silicone sheet was clamped to form circular 
pursed pocket (radius 10 mm and internal pressure 4500.5 Pa). 
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Figure 3-13 shows the typical 3D elevated and 2D plane views of the deflection 

obtained experimentally using the optical method for the silicone sheet with thickness 

0.5 mm and YoungΩǎ ƳƻŘǳƭǳǎ ƻŦ мΦнпм atŀΣ ŦƛǘǘŜŘ ƛƴ ŀ ǎǉǳŀǊŜ ƻŦ ǎƛŘŜ пл ƳƳΦ The sample 

was clamped using acrylic plates at a single continuous boundary to form a square 

pursed pocket (side 40 mm and internal pressure 1070.8 Pa). This method allowed to 

Figure 3-13. The 2D planar (Top) and the 3D elevated view (bottom) of the experimental 
ŘŜŦƭŜŎǘƛƻƴ ǇǊƻŦƛƭŜ ƻŦ ŀ ǎƛƭƛŎƻƴŜ ǎŀƳǇƭŜ όǘƘƛŎƪƴŜǎǎ лΦр ƳƳ ŀƴŘ ¸ƻǳƴƎΩǎ ƳƻŘǳƭǳǎ ƻŦ мΦ241 MPa) 
obtained using the optical method. The sample was clamped to form a square pursed pocket 
(side 40 mm and internal pressure 1070.8 Pa). 
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accurately plot a 3D deformation profile based on the deformation planes of the pursed 

pockets while comparing the 2D deformation distribution along pocket width. 

3.5.3 Inflation of elastic pockets 

The static profiles of an elastic membrane that is clamped to a rigid base when 

the pocket between them is inflated by a fluid with uniform pressure were studied. 

Simply connected (point of contact along a single continuous boundary) circular and 

square pocket shapes were considered for the inflation experiments. These pockets 

were pinched on the edges with acrylic plates allowing no boundary rotation. 

Experiments were performed for the simply-connected cases in which the attenuation 

of light passing through the dyed fluid was measured to infer the thickness of the fluid 

layer and hence the deflection of the membrane. Both the bending regime (pocket 

deformations smaller than the membrane thickness) and the stretching regime (pocket 

deformations larger than the membrane thickness) were considered. 

3.5.3.1 Circular pockets 

From the energy balance equation (684), when an elastomeric circular pocket is 

in bending regime such that, ρ, the relationship between membrane displacement, 

Ὄ; membrane thickness, Ὕ; pressure, ὖ; pocket radius, Ὑ; ¸ƻǳƴƎΩǎ ƳƻŘǳƭǳǎ, Ὁ; and 

tƻƛǎǎƻƴΩǎ ǊŀǘƛƻΣ „, has been analytically calculated (685) using equation 3.10 as ; 

 
Ὄ

Ὕ

σρ „

ρφ

ὖὙ

ὉὝ
 (3.10) 

tƻƛǎǎƻƴΩǎ Ǌŀǘƛƻ ƛǎ ŀ measure of the deformation in the material in a direction 

perpendicular to the direction of the applied force, value for silicone/rubber membranes 

is estimated to be 0.5 (686). Landau et al. determined that the transition from bending 

to stretching of a membrane in a pursed pocket occurs when  ͯρ (Landau and Lifshitz, 

1975). In case of stretching of the elastomeric membranes, ( ρ, the relationship 

between membrane displacement Ὄ and pressure ὖ, pocket size ὒ, membrane thickness 

Ὕ ŀƴŘ ¸ƻǳƴƎΩǎ ƳƻŘǳƭǳǎ Ὁ was estimated (684,687) using equation 3.11 as ; 

 Ὄ

Ὕ
ͯ
ὖὒ

ὉὝ
 (3.11) 




