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Abstract 

Microfluidics have been utilised over the past few decades to realise a wide 

range of academic research. These fluidic devices carry several advantages over 

classical analytical techniques such as lower reagent consumption, more rapid 

reactions, and increased sensitivity. However, while many of the currently used 

fabrication techniques allow for the rapid prototyping of microfluidic structures, 

these methods, and the design rules associated with them, do not translate well 

into mass-producible devices. For example, devices can be manufactured rapidly 

using soft lithography methods however, this requires access to specialist clean-

room facilities and the through-put is limited to only a handful of devices per 

day. 

To address this, the work in this thesis focuses on developing a manufacturing 

platform that allows for the rapid prototyping of microfluidic devices using 

injection moulding. This process not only allows for the fabrication of hundreds 

of devices per day, but also allows for the use of materials such as polystyrene 

which have material properties that are better suited for applications such as 

cell culture. To achieve this, 3D printed inlays were evaluated for use in an 

industrial injection moulding machine and it was found that channels as small as 

100 x 200 μm could be reliably manufactured. 

To complement this manufacturing platform, an oxygen sensor was also 

demonstrated that could be rapidly incorporated into the microfluidic devices 

without the requirement of clean-room facilities. This sensor could detect 

oxygen with high enough spatial and temporal resolution for most cell culture 

applications. Alongside this, steps towards making a device for measuring cell 

barrier integrity were also made. This work showed how functional elements 

such as electrodes and membranes could be rapidly incorporated into the 

injection moulded devices. However, a full demonstration of working trans-

epithelial/endothelial-resistance measurements was not achieved. 

Overall this work demonstrates a novel manufacturing platform that should 

enable a more seamless transition from prototype, to mass-produced 

microfluidic devices in the future. 
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Chapter 1 – Introduction 

1.1 Microfluidics 

Over the past three decades, microfluidics has evolved from a fledgling field, to 

a mainstream area of interest in life science research and industry1. Defined as 

systems with a characteristic dimension between 0.1 and 100 μm 2, microfluidic 

devices have been demonstrated as outperforming classical analytical techniques 

as well as facilitating the study of new phenomena. These advantages are due to 

several physical phenomena that become apparent at this small length scale and 

have led to the creation of devices with a wide diversity of functions and 

applications across the chemical and biological sectors. One such application is 

the field of organ-on-a-chip, which aims to mimic human organ function on 

microfluidic chips with the aim of creating more physiologically relevant drug 

screening assays to expedite and improve the drug development pathway. These 

devices range in complexity from simple flow cells containing one cell type, to 

complex chips capable of mechanically stimulating the cells as well as having 

built-in sensing capabilities. This Chapter details the key benefits of 

microfluidics and explains the physics behind them. It also describes how these 

advantages have been leveraged to give researchers more control over the 

micro-physiological environment the cells in a device are subject to. It also 

explains how sensors have been incorporated into microfluidic devices to allow 

for real-time, non-invasive monitoring of cells and their micro-physiological 

environment. This section focuses on the detection of dissolved oxygen and how 

this can be controlled in devices to better mimic human physiology in certain 

organs such as the liver. Furthermore, the Chapter details how electrodes and 

membranes have been incorporated into microfluidic chips and how their 

inclusion gives rise to a whole new range of functionalities and measurements. A 

particular focus is given to trans-epithelial/endothelial resistance (TEER) 

measurements for the non-invasive, real time monitoring of call barrier integrity 

and permeability. Finally, the Chapter explains what the gaps in the current 

literature are, and identifies the key areas where further work is needed. This 

forms the aims of the project which are also listed. The Chapter also provides an 

overview of the structure of this thesis. 
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1.1.1 Physics of microfluidics 

Microfluidics offer many advantages over classical analytical techniques due to 

certain physical factors dominating at small length scales. First, when we 

consider the ratio of inertial to viscous forces in a fluid (described by Reynolds’ 

number3), the viscous forces dominate as the characteristic dimensions of the 

system are reduced. As Reynolds number decreases (𝑅𝑒 >> 1), the system enters 

what is known as the laminar flow regime, or Stokes regime which carries 

several differences over turbulent flow (𝑅𝑒 > 4000). Firstly, laminar flow is 

highly predictable meaning mathematical modelling of these systems is less 

intensive. Additionally, molecular transport in the laminar regime differs from 

the turbulent as there is no convective mixing, only diffusion, which again leads 

to highly predictable kinetics. In microfluidic systems, 𝑅𝑒 is almost always in the 

laminar flow regime. In addition to the Reynolds number, the Péclet number 

describes the ratio of advective to diffusive mixing in a fluidic system and shows 

that by reducing the dimensions of a system, the diffusive mixing dominated the 

advective2. As with the Reynolds Number, this means that the kinetics of a 

system are more predictable. Moreover, the behaviour of a fluid's surface differs 

between the macro- and the microscale. Surface tension describes a fluid’s 

affinity to modify its surface to air interface to reduce its free energy. 

Interfacial tension describes the same phenomena but in two immiscible fluids, 

for example, oil in water. This phenomenon has been utilised to great effect in 

the field of droplet microfluidics 4. On the microscale, these forces dominate 

with respect to gravity (the dominant force on the macro-scale) and can be used 

as a method to drive fluids without the need for pumps. Additionally, capillary 

forces also begin to dominate gravitational forces as the characteristic 

dimensions are reduced. Capillary forces describe the force on a fluid that 

allows it to travel through a porous material or narrow capillary. Again, at the 

microscale, this dominates over gravity and has led to the development of many 

analytical devices such as blood glucose meters5, cheap pregnancy tests6, and 

Covid-19 antigen tests7, as well as the development of paper analytical devices 

(PADs)8. Finally, reaction times in microfluidic systems are much quicker than 

conventional devices. This is due to the smaller dimensions of the systems 

leading to a shorter diffusion time for any given molecule2. This becomes 

increasingly important when larger molecules with a lower coefficient of 

diffusion such as DNA, are considered.  
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With the above physical characteristics in mind, Manz et al. coined the term 

“Miniaturised Total Analysis System” (μTAS) and detailed how the physical 

advantages of fluids at the microscale could be harnessed to create faster, more 

efficient analytical devices9. In this seminal, the key tenets for microscale 

analysis devices were laid out which would provide guidelines for how the field 

progressed in the subsequent decades. In summary, all μTAS devices should be 

capable of all the functions required for the analysis of a sample. That is the 

sampling, transport, preparation, and detection should all be performed on the 

one device and carried out automatically. However, fabricating devices with 

characteristic dimensions small enough to benefit from the aforementioned 

phenomena requires manufacturing methods that differ from classical 

fabrication techniques. These processes are described in the following section. 

1.1.2 Materials for microfluidic device fabrication 

By definition, microfluidic devices require high resolution manufacturing 

techniques to fabricate the 0.1 to 100 μm channels10. As such, researchers 

looked to the photolithography protocols used within the semiconductor industry 

to realise these small geometries. During this process, a photoactive compound 

(known as a photoresist) is spun onto a silicon wafer before heating to remove 

any solvents (Figure 1.1A). The resist is then irradiated with ultra violet (UV) 

light through a mask which patterns the light in a predetermined design into the 

resist (1.1B). The resist is then developed to remove any non-irradiated material 

in the case of positive tone resists while the opposite is true for negative tone 

(1.1C). This pattern of resist can then be transferred into the wafer through an 

etching process which removes any exposed silicon (1.1D showing the wafer 

before (top) and after (bottom) the resist has been removed). To remove the 

reliance on etching processes and streamline the fabrication further, researchers 

developed the SU-8 series resist (a negative tone resist developed by IBM) which 

were mechanically and chemically stable enough to create devices without the 

need for any etching11. This resist also allowed for the deposition of thicker 

layers than standard photoresists (up to 1.2 mm thick) which could be used 

directly as microfluidic devices12. 
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However, this direct approach to manufacturing means devices are expensive 

and cannot be manufactured rapidly. This becomes an issue as many copies of a 

device are required for biological research experiments. As such, it is often 

preferable to create a master structure using the advanced manufacturing 

techniques then replicate that structure in another, cheaper material. Hence, 

poly(dimethylsiloxane) (PDMS) casting is the most common material/fabrication 

protocol used in microfluidics today13. 

1.1.2.1 Poly(dimethylsiloxane) for microfluidic device fabrication 

Since its demonstration in the late 20th century by George Whitesides, PDMS is 

the most popular material choice for microfluid devices due to a number of 

factors. Firstly, PDMS was much cheaper and quicker to manufacture when 

compared to silicon and glass that had been used previously. As PDMS can simply 

be cast from a master structure (prepared through silicon micromachining or 

otherwise) multiple copies of the same device can be made. This casting process 

can faithfully replicate features with sub 0.1 μm dimensions14. Furthermore, 

PDMS can be bonded to other materials with relative ease with the most 

common methods involving sealing against itself or against a glass cover slide. 

Figure 1.1– Typical photolithography and dry etch process. Photoresist shown in red 

with the silicon wafer shown in dark grey A shows the photoresist spinning process 
prior to and after spinning (top an bottom respectively) while B shows the exposure 
of the resist with UV light through a mask (light grey). Only the areas uncovered by 
the mask interact with the UV light transferring the pattern from the mask into the 
resist. Once exposed, the resist is developed (C) and depending on the tone of the 

resist, either the exposed material is removed (positive, (top)), or the unexposed 
material is removed (negative, (bottom)) by the solvent. Finally, the pattern in the resit 
can be transferred into the silicon through an etching process (shown in D) wherein 
the silicon is removed in the areas not protected by the resist. D shows this process 
before and after the initial resist has been stripped with the bottom schematic 
showing the final patterned silicon. 
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This can be done due to the elastic nature of PDMS meaning it conforms to a 

surface and provides a moderate seal13. This sealing can be enhanced by treating 

the elastomer with O2 plasma prior to bonding when higher pressures are 

required15. As such, PDMS has been used to create microfluidic devices capable 

of biochemical assays16, genomics17, chemical reactions18, biological detection19, 

and live cell studies20 with the work on live cells made possible by PDMS’s 

permeability to gases. These applications have been aided by the ability to 

“rapidly prototype” a device in PDMS meaning chips can be designed 

manufactured and redesigned before a final configuration is settled upon21.  

However, as widely used as PDMS is within engineering circles, it suffers from 

several drawbacks that hinder its uptake within biological and life sciences 

communities22. Firstly, it absorbs small, hydrophobic molecules23,24. As most 

drugs fall into this category, when a PDMS device is used for drug testing 

applications it becomes impossible to predict the quantity of substance actually 

reaching the tissue. Secondly, evaporation through the material can make it 

impossible to accurately predict the concentration of a solution within the 

device again detracting from its use in biological studies25. Furthermore, the 

elastic nature of PDMS can lead to a deformation of the devices under perfusion, 

making it impossible to calculate flow rates and shear in the channels26. Finally, 

PDMS can also leach uncured polymer into the analyte27 and any surface 

treatments (such as increasing its hydrophilicity with oxygen plasma) are 

transient so devices cannot be stored and shipped28. This is increasingly 

becoming an issue as identical devices cannot be shared between research 

groups leading to little uptake in biology labs that lack the infrastructure to 

manufacture their own devices. A such, other materials have been considered 

for microfluidic applications. 

1.1.2.2 Polystyrene as a material for microfluidic device fabrication 

When compared to PDMS, thermoplastic materials (such as polystyrene (PS)) 

offers several advantages. PS has material properties that means it does not 

suffer from the same drawbacks as PDMS. In brief, polystyrene is a transparent 

thermoplastic polymer which shows good chemical resistance to alcohols 

meaning it can be sterilised easily. The rate of molecule diffusion into the bulk 

material is much lower than in PDMS and there is less leaching of the bulk 
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material into the flow. Moreover, PS (Young’s modulus = 2.3 – 3.3 GPa29) is much 

stiffer than PDMS (Young’s modulus 0.57 – 3.7 MPa depending on the ratio of 

base to crosslinker30) so channels are not deformed under high pressures and the 

lower degree of hydrophilic recovery means that devices can be stored for much 

longer before shipping to consumers. Additionally, as PS is the standard tissue 

culture plastic that has been used in biology labs and industry and as such, 

almost all knowledge of cell behaviour has been based on PS surfaces22. This 

heavy reliance of PS is due to the wealth of standard equipment in biological and 

life sciences research (culture flasks, petri dishes, well plates, etc.). This 

standardisation means that many identical parts are required and thus 

manufacturing methods that allow for an economy of scale can be utilised. 

However, for smaller production runs required for rapid prototyping of 

microfluidic devices, these protocols are often too expensive and time 

consuming to be worthwhile. The following section describes the fabrication of 

microfluidic device though injection moulding – the gold standard for high 

throughput fabrication. 

1.1.3 Fabrication of microfluidic chips through injection moulding 

First described in 1872, injection moulding represents the gold standard in 

polymer replication31. This process involves the injection of a molten polymer 

into a cavity that allows for the manufacture of many identical parts. This 

technology was then rapidly expanded during World War II where the need for 

mass produced, affordable parts was increased. This culminated with the 

development of the first screw driven injection moulding machine which allowed 

for a greater control of the injection of the plastic and hence more precision and 

reproducibility in the parts. Towards the latter half of the 20th century, injection 

moulding has become an extremely efficient way to manufacture parts on an 

industrial scale with the market for injection moulding plastics predicted to 

reach a value of $476 billion by the year 202832. Currently, injection moulding of 

nano-scale features is most commonly associated with the manufacture of CDs 

and Blu-ray discs where feature sizes as small as 140 nm can be achieved, 

although smaller features have been achieved in research settings33. Injection 

moulding has one main advantage over techniques such as hot embossing or 

thermal compression moulding as a replication method. That is, the heating of 

the polymer melt and the cooling of the part are kept separate. This means that 
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when compared to embossing, the polymer does not need to be heated and 

cooled for every replication so the cycle time is reduced dramatically.  

Additionally, the shear thinning behaviour of most thermoplastics also provides 

an additional advantage to the injection moulding process. As the viscosity of 

the polymer is reduced under shear, the polymer entering the mould cavity has a 

lower viscosity, and thus it is easier for the polymer to flow into and around 

features in the mould cavity34. 

1.1.3.1 Injection moulding process 

In commercial injection moulding machines, the overall process is the same - 

molten plastic is injected into a mould where it is then solidified and the part 

can be released. In brief, a plastic is heated to above its melt temperature 

where the screw not only moves the molten material towards the mould cavity, 

but also mixes and homogenises the plastic melt. The material that is injected 

into the mould is known as the “shot” which typically consists of enough 

material to fill the mould once shrinkage during cooling has been accounted for 

plus a small quantity of material to allow for the transmission of pressure from 

the driving screw into the mould and stop the screw from bottoming out. The 

plastic then cools in the mould, with the material in the gate being the first to 

solidify. This means that no more material can enter the cavity so the screw 

retracts and prepares the shot for the next part. Once the plastic in the mould 

has been cooled to such an extent that it is dimensionally stable, the part is 

ejected and the process can begin again. This entire process is completely 

automated, and can be run without supervision hence why it is such an 

attractive technique for the high throughput production of parts from the 

previously mentioned CDs and Blu-ray discs, to much larger components such as 

bodywork for automobiles. This process is summarised in Figure 1.2 with 1.2A 

showing a photograph of an injection moulding machine, and B showing an 

exploded view of the tooling and the inlays (discussed in more detail section 

1.1.3.2) while 1.2C shows a schematic of the whole tool with the heating of the 

plastic on the right, and the mould on the left. 
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 1.1.3.2 Fabrication of master moulds for injection moulding 

As previously mentioned, injection moulding allows for the rapid production of 

thousands of identical parts from the one master mould22 and as such, the 

master structure is perhaps the most important factor to consider. For the 

manufacture of planar devices and patterns, parts are often moulded against 

inlays which are held in place inside the tool (Figure 1.2B). These inlays are 

planar structures which contain relief patterns of the final configuration desired 

on the part. The tool must be designed to fit these inlays and hold them in place 

throughout the moulding process. Traditionally, these inserts have been 

manufactured by CNC milling of metals and this can be adapted to produce 

features on the microscale35–37. However, CNC milling suffers from shortcomings 

Figure 1.2 – Injection moulding machine anatomy. A photograph of the injection moulder 
used in this project is shown in A with the plastic heating on the right-hand side of the 
control panel, and the tooling on the left. B shows an exploded view of the tooling showing 

how patterned inlays can be incorporated into the mould. C shows a schematic overview of 
the whole injection moulder with the hopper filled with polymer, the heaters to melt the 
polymer, the screw to drive the melt into the mould, and the closed. 
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such as high surface roughness and a large feature size limit. To address this, 

researchers have also shown a variety of means of fabricating these shims that 

can act as a bridge between the high-resolution manufacturing of 

photolithography and the high throughput technique of injection moulding. 

Examples of the materials and methods that have been used are LIGA 

(Lithographie, Galvanoformung, Abformung (German for Lithography, 

Electroplating, Moulding, a photolithography and etch process where the silicon 

wafer is electroplated in nickel which is then used as a master structure))38, 

etched quartz39, etched silicon40,41, polytetrafluoroethylene (PTFE) backed 

nickel42, SU-8 photoresist on nickel43, UV curable polyurethane resins44, bulk 

metallic glasses45, and SU-8 on polyamide sheets46. However, when the smaller 

production runs required for the rapid prototyping approach of microfluidics are 

considered, the expense of a high-quality milled or LIGA inserts cannot be 

spread over thousands of parts. This means that injection moulding, and thus PS, 

is not often considered for microfluidics. For PS to be a viable material for chip 

production in research settings, inlays must be fabricated through another 

means that those described above.  

Alongside injection moulding, hot embossing has been shown as a viable means 

of replicating microstructures in thermoplastic materials. In short, a 

thermoplastic substrate is heated to 40-50oC above its glass transition 

temperature (𝑇𝑔). Next, a stamp containing the relief of the desired pattern is 

pressed into the substrate and the part is cooled. Once cooled, the part is then 

released from the stamp. Vinyl records are an example of how this process has 

been used to mass produce parts in an industrial setting. In more research 

orientated settings, gratings47 and features as small as 25 nm48 have been 

realised though this fabrication method. Furthermore, as there is little flow of 

polymer, the final parts have low thermal stresses49. With this in mind, hot 

embossing has been utilised for the fabrication of an assortment of microfluidic 

devices50–53. However, while hot embossing can be automated the time 

associated with heating and cooling the substrate and tool is too long for high 

throughput fabrication so this fabrication technique is rarely used in both 

microfluidics research and industry. Furthermore, hot embossing still relies on 

the fabrication of a master structure such as those used in injection moulding 

meaning it too is less suited to small production runs. 
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1.1.3.3 Sealing of thermoplastic microfluidic devices 

As discussed above, there are many potential benefits to fabricating microfluidic 

devices from thermoplastic materials. However, the sealing of these devices is 

not as trivial as the sealing of parts made with PDMS which conforms to surfaces 

due to its elastomeric nature. As such, there have been many approaches to seal 

microfluidic channels fabricated from thermoplastic materials. The main 

approaches for this are detailed below. 

Firstly, and most simply, adhesives have been used to seal microfluidic channels. 

These approaches can be split into using glue54, or double sided adhesives55 to 

bond the open microfluidic structures against a sealing surface. However, glue 

leads to issues with clogging where excess adhesive can block channels during 

sealing. Also, there are issues with both glue and double sided adhesive leaching 

molecules into the flow. Another similar approach to this is the use of pressure 

sensitive adhesives (PSAs). PSAs work in a similar way to tape, however the 

adhesive compound is only activated by the application of pressure to the device 

meaning that areas of the tape covering the channels should not have any 

activated adhesive compounds on their surfaces56. This means that prototype 

device can be fabricated and tested quickly but these prototype devices often 

do not resemble production ready devices. The issue with leaching adhesives 

into the flow also persists with PSAs.  

Thermal fusion bonding is another approach that is commonly used to seal 

microfluidic devices57. In this process, the two parts are held together under 

pressure and heated to above their glass transition temperatures (𝑇𝑔). This leads 

to a bond between the two parts without having to include any adhesives which 

carry drawbacks discussed above. This approach can give strong bonds between 

the parts however, un-optimised bonding conditions can lead to deformation and 

collapse of channels57. The main issue with thermal bonding is the cycle time, 

with bonding typically taking a few minutes, meaning it is often not compatible 

with a fabrication process such as injection moulding where parts are created 

every few seconds. 

 To address this, there are methods such as solvent and UV or plasma assisted 

thermal bonding can be used to significantly reduce the time and temperature 
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requirements of thermal fusion bonding58. In the case of solvent bonding, the 𝑇𝑔 

of the polymer is lowered by the addition of a solvent to the bonding surface. 

The application of the solvent causes a physical change in the polymer at the 

surface which means that there is more polymer chain interfusion when the 

parts are heated and held under pressure. This means that devices can be 

bonded at temperatures up to 30oC below their 𝑇𝑔
59. However, there have been 

reported issues with solvents impacting the geometry of the channels60,61. While 

this approach can be quicker than thermal bonding, the time requirements are 

still above what would be compatible with injection moulding so this approach is 

rarely used in industrial applications.  

In the instance of UV or plasma assisted thermal bonding, UV light, or plasma is 

used to photodegrade the polymer such that the 𝑇𝑔 is lowered only at the 

surfaces that are intended to be bonded62–64. As the polymer is not required to 

heat up as much, the thermal bonding process can take less time, and thus this 

bonding method is higher throughput than standard thermal bonding. This 

process has been used to produced microfluidic devices with strong bonds that 

can withstand high pressures65. UV assisted thermal bonding also shows low 

deformation of small micro-channels meaning that complex geometries can be 

consereved66. 

Finally, ultrasonic welding is another approach that has been demonstrated for 

the sealing of microfluidic devices. This technique involves using ultrasonic 

energy to melt the plastic at the interface of two parts under pressure. 

Typically, weld seams (or energy directors) are included to localise the energy to 

specific areas of the chip. These structures are usually triangular in profile and 

act to concentrate the energy and provide enough material to melt, flow, and 

create a seal between the parts. This process has been used to assemble 

complex devices such as piezo pumps66. While this process is very fast however 

(with the entire process taking place in a few seconds), the requirement on 

energy directors means that there is often an added height to the microfluidic 

channels that has the potential to change the flow characteristics of the device. 

To combat this, a tongue-in-groove approach was demonstrated by Kistrup et al. 

which eliminates the issue of the added height67. 
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1.2 Microfluidic organ-on-a-chip devices for 

pharmacological studies 

As mentioned in section 1.1, microfluidics have been applied to a wide range of 

problems within the chemistry and life science fields with one of the areas of 

great interest being drug discovery. As the cost of developing new drugs is 

predicted to double every nine years, there is need for new models to replace 

the most costly aspects of drug development68. This is shown by “Eroom’s Law” 

in Figure 1.3A with the traditional model for drug development is shown in 

Figure 1.3B with the preclinical development and the phase 1 trials representing 

the steps at which most candidates fail. This failure is often down to the fact 

that the animal models used in pre-clinical trials (usually rat and mice models 

which make up 95% of all laboratory animals69) are not accurate enough to 

predict human physiology70 and the standard current in vitro models are not 

reliable enough for use in industry. Furthermore, these two steps also represent 

the greatest cost in drug development as companies have to recoup the losses 

for all the failed compounds. As such, in recent years, there has been a great 

deal of work in more physiologically relevant in vitro models termed “organ-on-

a-chip” (OoaC) that aim to recapitulate organ level function and organisation 

from human cells in microfluidic devices71. Early research focussed on looking at 

single perfused chambers with one cell type however, more complicated systems 

consisting of multiple cell types have been developed to recreate the interfaces 

between cells and tissues seen in vivo. The ability to couple microfluidics and 

microfabrication with cell culture also comes with a plethora of other 

advantages: The physics of microfluidics mean that researchers can have more 

control over the flow of fluid in devices. The laminar flow in microchannel has 

been used to create concentration gradients in chemicals to monitor cell 

migration and differentiation amongst other behaviours. By capturing the 

multicellular construction, mechanical and chemical stimulation, and blood 

supply of living organisms, OoaC devices offer much greater accuracy as models 

for the body compared to conventional two- and three-dimensional cultures72. As 

such, OoaC devices have been utilised as assays to study the function of living 

tissues within the greater context of organs and organ systems. Furthermore, 

due to the increased accuracy of OoaC devices, it is hypothesised that these 
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chips will reduce the reliance on animal (in compliance with the 3R´s  (replace,  

reduce, and refine73)) and human tests that come with a great deal of cost and 

ethical issues. These devices have thus become of great interest within the 

pharmaceutical industry74. 

With the above advantages in mind, a great deal of devices have already been 

demonstrated covering a variety of tissues such as muscle75, bone76, blood 

vessels77, lung78, gut79 , brain80, fat, liver, and heart81. It is also possible to 

couple multiple organ types together to create an organ system that is more 

representative of the human body82,83. 

Figure 1.3 – Drug development pathway and bottleneck. A shows Eroom’s law (inverse 
Moore’s law) showing how an increasing amount is being spent to bring every new drug to 
the market (adapted from reference 68). The traditional drug development pathway is shown 
in B. Preclinical development and phase I (first time in humans) represent the areas where 
most compounds fail due to poor drug screening and inadequacy of animal and in vitro 
models. 
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Currently, much of the OoaC work is conducted using polydimethylsiloxane 

(PDMS) devices due to the advantages discussed previously. However, as small, 

hydrophobic molecules are absorbed into the material and as most metabolic 

drugs fall into this category, PDMS is not ideal when drug screening applications 

are considered. Thus, if devices could be rapidly and cheaply manufactured from 

PS, research in the field could be accelerated while avoiding the pitfalls of 

PDMS23. Additionally, the current microfabrication techniques require a vast 

amount of engineering knowledge and facilities that put this technology out of 

reach for many researchers. That being said, with all the potential benefits of 

organ-on-a-chip, it is imaginable that these devices could replace animal assays 

in the thus lowering the time and costs associated with drug trials. However, in 

order for OoaC devices to replace existing models, chips must be capable of 

replicating the micro-physiological environment of a given organ. This can 

involve the introduction of various chemical and/or mechanical stimuli  to better 

mimic the human body. An important chemical stimulus in the human body is 

oxygen which plays an important role in cell metabolism among a wide range of 

other processes. The following section describes how oxygen concentrations 

measured and controlled within OoaC to create micro-physiological 

environments more relevant to the human body and model various pathologies. 

1.2.1 Creating a physiologically relevant oxygen micro-

environment in microfluidics 

As mentioned above, the main aim of organ-on-a-chip systems is to create as 

physiologically relevant a system as possible. This can include mimicking 

mechanical stresses, recapitulating the 3D nature of human physiology, or by 

recreating the chemical environment found within the body. For example, 

maintaining oxygen (O2) concentrations within microfluidics chips at 

physiologically relevant levels is important. Not only is O2 important for general 

cell metabolism, the gas plays a vital role in the regulation of cell function. As 

such, normoxic cell culture (~12% dissolved O2) is used to maintain the function 

and health of cells in vitro 84. It has also been shown that hypoxic conditions can 

lead to cell death85 and that any changes to the O2  concentration can lead to an 

increase in stress of the cells, or a change in functionality86. This change in 

functionality is especially important in certain organs, such as the liver, where it 

has been demonstrated that an oxygen gradient (along with other molecules) 
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drives the differentiation of hepatocytes towards different functionalities87. 

While control over the O2 concentration inside microfluidics chips is considered 

to be simpler in PDMS as the gas permeability means that gas can diffuse from 

the incubator into the media in the channels. In PS chips however, control over 

the oxygen concentration is thought to be more difficult as there is little to no 

diffusion of gas through the chip. The following sections detail how oxygen can 

be controlled and measured within microfluidic devices. 

1.2.1.1 Control of oxygen in organ-on-a-chip systems 

Due to the importance of oxygen within the body and its roles in cell 

differentiation and metabolism, researchers have sought to control the gradients 

of O2 within microfluidic devices. With respect to organs such as the liver, these 

gradients can lead to a difference in cell function better mimicking in vivo 

physiology. In its simplest form, cells are cultured in a perfused chamber and as 

cells near the inlet use up the oxygen and nutrients, cells further down the 

chamber are subject to a hypoxic environment. Allen et al. used this type of 

device to culture rat cells and showed that cells in the lower O2 environment had 

a greater expression of cytochrome p-450 genes (CYP450s) and thus a greater 

susceptibility to acetaminophen toxification as per in vivo88. In another 

publication, the same group showed how the hepatocytes in the high O2 (zone 1) 

showed increased phosphoenolpyruvate carboxkinase activity and the cells in 

zone 3 (low O2) showed increased CYP540 activity which correlates to 

observations made in vivo89. Similary, Lee-Monteil et al. observed increased 

phosphorylation and albumin and urea production in zone 1 and increased 

glycolysis, α-1-anti-trypisin production, CYP450 activity and increased 

acetaminophen toxicity in zone 390.  In a similar approach, Tomlinson et al. 

studied rat hepatocytes at different locations in a bioreactor and used a 

mathematical model to predict the O2 concentrations in the chamber and thus 

the areas that would best represent the three zones91. Again, they saw increased 

expression of zone specific markers.  

The permeability of PDMS to gasses has also been used as a means of setting up 

oxygen gradients in microfluidic devices. Tonon et al. differentiated human pre-

hepatocytes in a chamber with a  O2 channel running alongside it creating a 

continuous oxygen gradient similar to that seen in vivo92. Through this, they saw 
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zonated glycogen storage as well as increased CYP450 activity in zone 3. Sato et 

al. used a similar device and also observed different gene expressions in the 

peri-portal and peri-venous regions93.  Finally, microfluidic gradient generators 

have also been used to set up gradients across liver cells. One such approach 

created gradients in nitrogen, carbohydrate and xenobiotics showing the 

flexibility of this technique compared to the aforementioned ones94. Through 

this, they were able to observe a zonal toxic response that resembled human 

liver tissue. Similarly, Bulutoglu et al. were able to model non-alcoholic fatty 

liver disease by creating gradients of free fatty acids and showed an increase in 

fibrosis in areas under high fatty acid concentration95. Furthermore, they 

observed an increase in lipid storage on low O2 environments emulating in vivo 

studies. The above section highlights the importance of control over the 

chemical environment and how this affects the function of an OoaC. 

However, while the gas permeability of PDMS has been leveraged to create O2 

gradients in microfluidic devices, this can also lead to some problems. As the 

bulk of the material is PDMS, any O2 gradient is subject to gasses moving into the 

channel through the bulk material thus any cells in the channel, may not be 

under the predicted oxygen conditions. 

Furthermore, most of the work done on oxygen sensors has so far been on point 

based detection and thus cannot be applied to monitor the gradients being 

constructed in microfluidic devices. While spatial detection of O2 concentration 

has been demonstrated96, the high cost and expertise required hinders the use of 

this technique for many applications. 

1.2.1.2 Detection of oxygen in organ-on-a-chip systems 

Alongside the control of O2 in microfluidic systems, there have been many 

attempts at setting up lab-on-a-chip systems with integrated oxygen sensors to 

measure and visualise the changes in oxygen concentrations. These devices fall 

under two main categories: amperometric detection, and optical detection. 

Amperometric sensing has been utilised in a range of microfluidic devices97–99 

and have been shown to display the high sensitivity needed to detect oxygen at 

physiologically relevant concentrations. However, there are a few main 

drawbacks to using electrochemical sensing in lab on a chip devices. Firstly, the 
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lifetime of the sensor is limited as the membrane surrounding the electrodes can 

be fouled. This becomes an increasing problem in cell culture media which can 

contain a cocktail of proteins and salts. Furthermore, oxidation of the electrodes 

can result in discrepancies between the measured concentrations and the actual 

concentrations. Moreover, the Clarke electrode configuration works by reducing 

O2 at the electrode to produce a current, and as such, readings have been shown 

to have a strong dependency on flow rate as the reduced species move 

downstream100. Furthermore, the reliance on nanofabrication techniques and the 

need to integrate several electrodes into one devices further detracts from the 

attractiveness of using amperometric sensors in microfluidic devices. 

 Optical oxygen sensing offers an alternative that again has high enough 

sensitivity to measure oxygen at physiologically relevant concentrations. Optical 

oxygen sensors fall into two main categories: organic luminescent, and 

organometallic101. The working principle for these compounds is the same and is 

based on fluorescent quenching where a fluorophore is excited by incoming 

light, and then emits light as it returns to its relaxed state102. This is summed up 

by the following realtionships103: 

𝑆0 + ℎ𝑓𝑒𝑥 → 𝑆∗ (1.1) 

where 𝑆0 and 𝑆∗ are the relaxed and excited states of the fluorophore 

respectively, ℎ is Plank’s constant and 𝑓𝑒𝑥 is the frequency of the incoming light. 

This shows the fluorophore in the excititaion stage. The following equation 

shows the emission phase: 

𝑆∗ → ℎ𝑓𝑒𝑚 + 𝑆0 (1.2) 

where 𝑓𝑒𝑚 is the frequency of the emitted light. Finally, in the presence of some 

quenching molecule (in this case, O2), the emission equation looks like: 

𝑆∗ + 𝑂2 → 𝑆0|𝐾  (1.3) 

where 𝑆0|𝐾  is the limited excited state in the presence of O2. 
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As with the amperometric sensors, there has been a great deal of work in 

developing LOC systems with integrated optical sensors. These fall into two main 

categories: leaving the dyes in solution104–106, and immobilising the dyes on the 

surface of the substrate86,107–110. For many microfluidic applications, immobilising 

the dye has the advantage of using less material, and thus less cost. An example 

of one such molecule, platinum(II) octaethylporphyinketone (PtOEPK) has been 

used in many devices due to good optical properties, availability and can be 

integrated into a variety of materials. Furthermore, the optical stability of the 

molecule means that under constant illumination, the intensity of the emission 

only drops by 12%101 which is much less when other molecules are considered100. 

Full reviews on such techniques and molecules can be found elsewhere111–113 with 

the rest of this section summarising the fabrication, and integration of such 

sensors into microfluidic devices.  

Despite being easier to fabricate when compared to amperometric sensors, the 

patterning of optical sensors can prove problematic with many protocols 

consisting of multi-step procedures requiring a high degree of user expertise as 

well as access to clean-room facilities thus detracting from their use in many 

organ-on-a-chip applications. There are many commercially available 

fluorescence based oxygen sensors that can easily be incorporated into devices, 

but the cost of these sensors is often high when compared to something that can 

be integrated directly into devices114. As such, many approaches have been 

developed to incorporate molecules such as PtOEPK into microfluidic devices. 

The sensing molecule can be mixed into thermoplastics by dissolving the plastic 

in a solvent. This solution can then be used to produce a plastic film that 

contains the sensor108,115,116. Additionally, the luminescent molecules can be 

mixed directly with PDMS before it is moulded and cured. This approach has 

been used to make membranes with built in oxygen sensing capabilities117. 

However, there remains very few efforts to make the fabrication and integration 

of oxygen sensing molecules into microfluidic chips cheaper, and quicker. One 

such approach injected a solution of O2 indicator beads into a microchannel 

where the beads were adsorbed onto the surface118. As such, there is a need for 

a technique that allows for the integration of a luminescent oxygen sensor, into 

thermostatic microfluidic devices, at timescales and a throughput compatible 

with injection moulding. 
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1.3 Cell barrier models in drug discovery 

Alongside oxygen detection however, there are a wealth of other technologies 

that have been applied on microfluidic chips with the goal of mimicking the 

micro-physiological environment and measuring certain aspects of the biological 

systems. In OoaC devices, the devices generally try to capture human physiology 

so that the models better predict drug efficacy in vitro. While this is of interest 

to the pharmaceutical industry to lower the cost of drug development, it is not 

the only consideration that needs to be made when studying a new compound.  

The delivery method of a drug needs to be taken into account and also how the 

drug enters the tissue of interest. For orally taken drugs, the compounds must 

survive the chemical insult of the stomach before it is absorbed through the 

intestines to enter the bloodstream. This barrier between the gut and the 

bloodstream is referred to as the epithelium while barriers between the blood 

stream and organs (such as the blood-brain barrier) are known as endothelium. 

Epithelia not only function for the protection for other cells, but also to act as a 

selective diffusion barrier between the lumen of organs and the blood stream. 

To understand the functionality of the epithelia, their anatomy is discussed 

below. 

1.3.1 Anatomy of the epithelium 

In brief, the epithelium is composed of a single layer of cells which are 

supported and articulated by different structures depending on the organ of 

interest. Individual cells are joined together by tight junctions which act to 

firmly hold the cells together and allow the epithelium to act as a relatively 

impermeable membrane. The spatial organisation of the epithelium can also 

influence organ function. In the case of the gut, these structures are arranged to 

form villi which act to vastly increase the surface area of the gut to increase 

absorption. Furthermore, the epithelial cells undergo constant renewal (every 4-

5 days) with new cells being formed in the crypts between villi and old ones shed 

from the top. The epithelial cells on the villi also contain micro-villi which act to 

further increase the surface area of the gut. The combination of the villi and 

microvilli along with folds in the intestine allow the surface to be 600 times 

greater than that of a cylindrical tube119. The anatomy of these villi is shown in 

Figure 1.4 A. 
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1.3.1.2 Cellular junctions 

As mentioned previously, tight junctions act to firmly hold the epithelial cells 

together and form an almost impermeable membrane between the lumen on the 

gut, and the blood stream. However, these are not the only junctions present on 

the epithelium. Figure 1.4B shows a schematic of the epithelium with all the 

Figure 1.4 – Anatomy of epithelial cell junctions. A shows the micro-anatomy of the epithelia 
of the gut where cells form structures called villi which are supplied with blood (red) through 
vessels that extend up into the villi and drain into venules (blue). The cells act as a barrier to 
prevent certain molecules and pathogens from entering the bloodstream. B shows the 
junctions present in epithelial cells. Hair-like micro-villi appear on the apical side of the 

barrier (top). The junction name is on the left of the structures while the protein type is on 
the right. Gap junctions (shown in red) form channels for the passage of small molecules. 
Desmosones (yellow) connect cells leaving a gap of ~30nm. Adherens junctions (green) link 
cells and play a role in cell migration. Finally, tight junctions (blue) form an almost 
impermeable continuous structure linking cells. 
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major junction types. These include gap junctions which bring the cells within 2 

nm of each other. These junctions form a channel which allows for the passage 

of various small molecules and ions to pass between the two cells. Desmosomes 

also act to bind the cells together and for a link by binding the cytoskeletons of 

adjacent cells. Desmomsones leave a gap of 30 nm between the cells while 

adherens junctions are also present. These play a role in linking adjacent cells as 

well as in cell migration and in the formation of other junction complexes.  

Finally, tight junctions are perhaps the most important junction of the intestinal 

epithelium120. These junctions are formed of complexes of proteins from the 

occludin and claudin families (although they are made up of about 35 different 

proteins) and form a continuous structure that surrounds cells. The extracellular 

components of these junctions form a tight seal however, this seal can be 

modified by the cells to provide selective paracellular transport that is, 

transport around rather than through individual cells). These are dynamic 

structures that have been shown to adapt to different physiological challenges 

while also allowing for the passage of small ions and water-soluble solutes while 

blocking antigens, micro-organisms and toxins from entering the blood stream121–

123. As these junctions form a tight, almost impermeable barrier, the transport of 

orally taken drugs through these membranes must be considered when 

developing a new drug, even if the target organ is far away from the gastro 

intestinal (GI) tract. 

  1.3.1.3 Modulation of barrier integrity 

As previously mentioned, epithelial permeability is an issue when the oral 

delivery of a drug is concerned. During development, many compounds are 

discarded at an early stage due to their poor permeability and thus low efficacy 

in clinical trials. Furthermore, whole groups of large, hydrophobic molecules 

with increased complexity exhibit increased safety when compared to smaller, 

more hydrophilic molecules that readily cross the epithelium124. However, these 

drugs are often not considered viable as their poor transport over the barrier 

leads to an increase in dose being required, and thus increase in cost. However, 

with the inclusion of permeation enhancers (molecules reversibly disrupt the 

epithelia) these larger molecules could become more viable when oral delivery is 

considered. Permeation enhancers fall into two main categories: paracellular 

(which disrupt the junctions between cells125,126) and transcellular (which disrupt 
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the cell membranes and allow molecules to pass through the cells127–130). 

However, there is a lack of data preventing the uptake of permeation enhancers 

in the clinic. Issues surrounding solubility, absorption, distribution, metabolism 

excretion, and stability are still left unaddressed when PEs are considered. 

Furthermore, it has been suggested that a dual approach in early drug 

development addressing the issues above as well as the efficacy is highly 

important, however, a lack of proven technologies to do this remains a 

hindrance124.  

Alongside permeation enhancers, there are many pathologies that lead to a 

disruption of the epithelia and endothelia in the body. One of the main 

hallmarks of an ischemic stroke, is the breakdown of the tight junctions in the 

blood-brain-barrier131. Also, as the skin is composed of epithelial cells, any 

laceration or injury to the skin results in an opening of the epithelia which then 

closes again with time132. With this in mind, there is a great deal of interest in 

studying how the tight junctions in the epithelia and endothelia close up again 

after insult. As such, a host of technologies have been developed to measure and 

analyse barrier function in vitro. 

1.3.2 Barrier integrity measurement techniques 

As the study of cellular barriers within the body is of great importance to 

understanding drug delivery methods and other pathologies, many techniques 

have been developed in order to visualise and measure barrier function130. Here, 

some of the main techniques are described as well as their advantages and 

disadvantages when applications for drug development are considered. 

Immunostaining represents the most basic analytical tool for the qualitative 

analysis of tight junctions and barrier properties. In short, membranes are 

grown, fixed, permeabilised and stained for various proteins so they can then be 

visualised better through microscopy. For the analysis of tight junctions, the 

proteins zonula occludin-1 and 2 (ZO-1, and ZO-2) are often used as these 

proteins occur abundantly in tight junctions133. Although a simple assay to run, 

immunostaining represents and end point measurement and requires killing of 

the cells and as such real-time measurements cannot be taken. This becomes an 
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issue when the dynamic nature of the tight junctions is considered as it is 

impossible to monitor this behaviour through this method. 

Freeze fracture microscopy has been used for the study of membranes. In this 

technique, a sample is frozen rapidly and snapped to reveal the cross-sectional 

structure of the cells. These structures can then be immunostained to give a 

qualitative analysis of junction properties. Although this can reveal high 

resolution images and viewing angles that are impossible to achieve through 

regular microscopic techniques, freeze fracture microscopy is again an end point 

measurement. Furthermore, the complex protocols required for this technique 

mean that it is not high throughput enough for large scale drug screening 

applications.  

Another commonly used assay to determine barrier functionality is the use of 

labelled tracer compounds121,123,134. Here, cells are grown on a membrane 

separating two areas of media. The compounds are then added to one of the 

areas and after a specified amount of time the presence of the compounds in 

the other area of media is measured. In the past, radio labelled sucrose has 

been used135 however, the availability of radio labelled molecules and he 

reliance of expensive detection equipment has meant that researchers have 

sought other means of labelling the compounds. Horibe et al labelled dextrans 

with Fluorescein isothiocyanate (FITC) which meant that a standard fluorescent 

plate reader was capable of measuring the diffusion through the membrane136. 

Furthermore, the use of dextrans meant that molecules of different molecular 

weights could be used while keeping the chemistry of the marker molecules the 

same. By including a variety of short, medium and long dextran molecules, more 

information about the structure of the barrier can be obtained with little 

additional effort. In addition to radio and fluorescent molecules, a simple 

colorimetric technique can be used as demonstrated by Duffy and Murphy137. 

Again, a labelled protein is added to one side of a membrane, and the passage 

through the barrier is measured. All three of these techniques (radio, 

fluorescent, and colorimetric labelled proteins) do not require killing of the cells 

in order to take the measurement, however, the experiments are often laborious 

if different conditions are required. Although the use of labelled markers gives 

quantitiative information about the membrane integrity, this technique again 

does not give any real-time data on what is happening to the tight junctions. 
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Additionally, both fluorescent and colorimetric tracers lack the sensitivity of 

radio tracers while radio tracers have a whole range of issues associated with 

the storage and disposal of radioactive compounds. 

Finally, another commonly employed technique for the analysis of cellular 

barriers is trans epithelial/endothelial resistance (TEER). In short, the electrical 

resistance of a monolayer of cells is measured to give non-invasive, real time 

analysis the barrier properties. The details of this technique are discussed in 

their own section below. 

1.3.3 Barrier integrity study by trans-epi/endo-thelial resistance 

measurement 

In its simplest form, the measurement of TEER involves modelling the cell 

barrier layer as a direct current (DC) circuit, where the resistance of the system 

(including the electrodes, media and membrane resistances) is in series with the 

TEER138. This is shown in Figure 1.5A. Typically; these measurements are carried 

out on transwell systems – inserts that allow for the partitioning of the a well 

plate into an apical and basolateral compartment separated by a monolayer of 

cells (Figure 1.5B). Electrodes (often termed “Chop-stick electrodes”) are then 

placed into either side and the resistance of the system can be measured in 

accordance with Ohm’s law (equation 1.4).  

𝑅 =
𝑉

𝐼
 (1.4) 

where 𝑅 is the resistance of the whole circuit, 𝑉 is the voltage, and 𝐼 is the 

current. However, the downside to measuring TEER in such a way, is that by  

applying a DC current, the electrodes and the cell layer can become damaged 

due to overcharging. Furthermore, the use of a DC current leads to water 

splitting meaning that this approach is rarely, if ever used. To overcome these 

issues, systems have been developed using an AC square wave to dissipate the 

charging effect and give more reliable results139. This is the approach used in the 

commercially available EVOM2 device140. Although better than a simple set up, 

this arrangement still leads to variabilities in the TEER measurements as the 

manual positioning of the electrodes can lead to inhomogeneity in the current 
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density, and this variability in the results when compared with other 

Figure 1.5 – Principles of TEER measurements. A shows an equivalent circuit when DC signal 
is applied. RTEER is the resistance of the layer of cells while RM embrane is the resistance of the 
semi-permeable membrane used, RM edia is the resistance of the cell media and RElectrode is the 
resistance of the measurement electrodes. A standard trans-well set up is shown in B with the 
chop-stick electrodes being used. C shows the equivalent circuit for a cell layer when AC 
current is considered. Here, Celectrode and CCell are the capacitances of the electrodes and the 

cells respectively. This also shows how the different components of the circuit split the 
current path into a paracellular and transcellular pathway. D shows a typical impedance 
spectrum for TEER measurements and how each of the components affect the shape of the 
curve. 
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permeability assays141. As such, there have been a great deal of chips developed 

that contain integrated electrodes to counteract the error introduced by their 

positioning142–149. These chips are discussed in more detail in section 1.3.3.1. 

Furthermore, by taking measurements from arrange of frequencies instead of 

just the 12.5 Hz used by the EVOM2 system139, more information can be implied 

from the readout. Similar to the simple DC circuit, an equivalent circuit diagram 

can be seen in Figure 1.5C. Here, the circuit accounts for the capacitance of the 

cells (Ccell caused by the phospholipid bilayers) and the capacitance of the 

electrodes (Celec). By measuring not only the amplitude of the resistance of the 

system, but the phase shift at a variety of frequencies, values can be given to 

the various components of the circuit through fitting to appropriate 

mathematical models, thus giving a much more accurate readout of TEER. The 

impedances are given in equations 1.5 and 1.6.  

𝑍 =  
𝑉(𝑡)

𝐼(𝑡)
= 

𝑉0 sin 𝜃

𝐼0 sin(2𝜋𝑓𝑡 +  𝜑)
 (1.5) 

𝑍 =  𝑍𝑅 + 𝑗𝑍𝐼 (1.6) 

where 𝑉0 and 𝐼0 are the peak voltage and current, 𝑓 is t frequency, 𝜑 the phase 

shift between the voltage-time and current-time functions. 𝑍 is a complex 

function that can be described by the modulus |𝑍| and the phase shift 𝜑 or by a 

real part 𝑍𝑅 and an imaginary part 𝑍𝐼. 

Because the total impedance of the circuit shown in Figure 1.5C is measured, 

the impedance 𝑍𝑡𝑖𝑠𝑠𝑢𝑒 is often reported as: 

𝑍𝑡𝑖𝑠𝑠𝑢𝑒 = 𝑍𝑡𝑜𝑡𝑎𝑙 − 𝑍𝑏𝑙𝑎𝑛𝑘  (1.7) 

for a given frequency. Where 𝑍𝑡𝑜𝑡𝑎𝑙  is the impedance of the full setup, and 𝑍𝑏𝑙𝑎𝑛𝑘  

is the impedance of the setup with no cells, just media (these measurements are 

taken before the cells are seeded). As various systems vary in their dimensions, 

and as: 
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𝑍𝑡𝑖𝑠𝑠𝑢𝑒 ∝  
1

𝑀𝑎𝑟𝑒𝑎
 (1.8) 

where 𝑀𝑎𝑟𝑒𝑎 is the area of the membrane in cm2, the actual TEER value is often 

reported as: 

𝑇𝐸𝐸𝑅 =  𝑍𝑡𝑖𝑠𝑠𝑢𝑒  𝑀𝑎𝑟𝑒𝑎 (1.9) 

to give a value of Ωcm2. 

An example of how the magnitude of the impedance (|𝑍|) varies with frequency 

is shown in Figure 1.5D150. In this plot, the current can take one of two paths – 

the transcellular, or the paracellular (through the tight junctions). Both these 

paths are shown in 1.5C.  When low frequencies are considered, the capacitance 

of the electrodes dominates and so |𝑍| is influenced most by this. At high 

frequencies, both 𝐶𝑒𝑙𝑒𝑐 and 𝐶𝑐𝑒𝑙𝑙 become increasingly conductive so |𝑍| is 

dominated by the resistance of the medium. Finally, at mid-range frequencies, 

the 𝑇𝐸𝐸𝑅 and 𝐶𝑐𝑒𝑙𝑙 contribute equally to |𝑍| giving rise to the overall shape of 

the plot in Figure 1.5D. 

With these advantages over other barrier functionality measurements in mind, 

TEER measurements have been used to study a wide range of phenomena. 

Firstly, TEER has been used widely as a means of measuring cell growth and 

proliferation. Hoheisel et al. showed that by adding hydrocortisone to cells, the 

TEER values after 40 hours were increased two-fold compared to cultures 

without the glucocorticoid151. Wegener et al. and Weidenfeller et al. reported 

similar findings showing how the TEER measurements can be used as means of 

drug testing152,153. Taking these findings one step further, Kröll et al. not only 

showed that glucocorticoids lead to an increase in TEER, but also that in the 

inclusion of astrocytes and pericytes lead to an increase as well154. This 

demonstrates that the tight junctions of the cells are regulated by other cell 

types – as well as by in inclusion of drugs into the media. Similar to the measure 

of cell growth, TEER measurements have also been utilised to measure wound 

healing, and cell migration155. In this work, the barrier was damaged through 

scratching the cell layer and measuring the TEER as the cells began to 

repopulate. Finally, TEER assays have also been used to show that immune cells 
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penetrate endothelial barriers by crossing the transcellular pathways as opposed 

to the paracellular. Wedel-Parlow and Galla showed that although immune cells 

were migrating from the apical to the basolateral areas of the assay, there was 

no disruption to the TEER indicating that the tight junctions remained un-

touched 156. These findings were backed up with microscopy data157. 

1.3.3.1 Trans-epi/endo-thelial-resistance measurement on a chip 

As previously mentioned, some work has been done to create TEER-on-a-chip 

devices to take advantage of both the real-time, non-invasive measurement of 

barrier integrity as well as the advantages associated with microfluidics. One of 

the first of these chips, described by van der Helm et al. showed how platinum 

wires could be inserted horizontally into microfluidic channels and sealed in 

place using glue, negating the need for clean room fabrication147. Another chip, 

described by Henry et al., uses polycarbonate plates with evaporated gold 

electrodes sandwiching 3 layers of PDMS with two containing the microfluidic 

channels, and one forming the membrane separating them144. With this, they 

demonstrated how the TEER value increased over time as the cells grew on the 

membrane, and how the barrier integrity recovered after chemical insult. This 

work was expanded on by Moaz et al. to include a multi electrode array capable 

of measuring the electrical activity of cells, as well as the TEER145. This chip was 

also used by van der Helm et al. to show how impedance spectroscopy could be 

used to isolate the resistive and capacitive elements of a caco-2 cell culture, 

and show how the impedance was dependant on the flow of media over the 

cells146. Bossink et al., further expanded on the work by van der Helm et al. to 

vertically incorporate platinum wires into chips reducing the obstruction of the 

membrane associated with the horizontal channels149. In short, platinum wire 

was placed through the PDMS chips into the channels on either side of a 

membrane. However, all the devices detailed above rely on using PDMS as a 

means of creating the channels and membranes. While this approach means that 

chips can be sealed around electrodes and membranes with ease, all the chips 

suffer from the aforementioned drawbacks of PDMS. While some work has been 

done to de-skill the fabrication, many biology labs do not have the facilities to 

make their own PDMS chips and as such, TEER-on-a-chip remains an academic 

research tool for specialist lab. Chips made in PS material however, would go 

some way into solving these problems, and mean that chips could be shipped and 
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shared between research groups, leading to a broader uptake of the technology 

within life science communities. 

1.4 Summary 

This Chapter has introduced the concept and fabrication of microfluidics and 

how they can be applied and utilised to produce organ-on-chip devices. In short, 

fabrication of PDMS devices was described and the advantages and disadvantages 

of soft lithography were discussed. PDMS allows for quick, cheap, and simple 

fabrication of microfluidics devices, however, material properties such as small 

molecule absorption, leaching of monomer into cell cultures and low throughput 

fabrication mean that alternative materials and manufacture methods must be 

considered if microfluidic devices are to be commercially successful.  Injection 

moulding was highlighted as a fabrication method allowing for the high 

throughput manufacture of microfluidic devices in a variety of thermoplastic 

materials. However, when the rapid prototyping approach favoured in most 

research settings is considered, the cost of injection moulding tooling prohibits 

the uptake of this technology in the wider chemistry and life science 

communities.  

Alongside the fabrication of the microfluidic channels, the incorporation of 

sensors into chips has been discussed. With regards to oxygen sensing, both 

potentiometric sensing and fluorescent quenching systems were detailed as well 

as how these technologies have been incorporated into microfluidic chips 

already. However, as with the chip fabrication, none of the sensor 

manufacturing technologies align with the high throughput manufacture of 

injection moulding. This means that more work is needed in developing an 

oxygen sensor that can be included in microfluidic chips without the 

requirement of highly skilled fabrication. This fabrication must also cut down on 

the time and cost currently associated with microfluidic chip manufacture. 

Finally, bio-sensing with regards to tissue integrity (in this case, epithelial 

barrier function) was discussed. The anatomy of the epithelia was described 

detailing how tight junctions play a key role in controlling the diffusion of 

molecules from the gut in to the bloodstream. Different measurement 

techniques for inspecting barrier function were discussed, with TEER being the 
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most useful, both in terms of giving a real-time measurement of barrier integrity 

while also being non-invasive. Efforts to create TEER-on-a-chip systems have also 

been discussed however, as with the oxygen sensors, none of the fabrication 

protocols allow for high throughput, low skill manufacture. With TEER being such 

a ubiquitous technique in life science labs around the world, it is thought that 

creating an injection moulded TEER-on-a-chip platform would assist biological 

research, while also allowing for TEER systems to take full advantage of the 

benefits of microfluidics (low reagent consumption, more physiologically 

relevant flow etc.). 

1.4.1 Aims 

The areas that are believed to be lacking in the current microfluidics literature 

have been described above. It is believed that finding solutions to these 

problems will lead to a further uptake in microfluidics across the chemistry and 

life sciences fields while also making the fabrication of microfluidic devices 

more commercially viable. As such, the specific aims of this project are as 

follows: 

• Develop a platform for the cheap and reliable fabrication of microfluidic 

devices. This platform should revolve around injection moulding to take 

advantage of the high throughput capabilities, while also allowing the 

fabrication of devices in thermoplastic materials to overcome some of the 

disadvantages associated with PDMS devices. 

• Demonstrate how dissolved oxygen concentration can be controlled in PS 

microfluidic devices and develop a sensor that gives real-time and spatial 

information on the distribution of oxygen within a device. This sensor 

should be able to be rapidly incorporated into a microchannel to align 

with the high throughput manufacture associated with injection moulding. 

The performance in terms of sensitivity and the temporal resolution 

should also be determined.   

• Demonstrate a barrier on a chip model with integrated TEER 

measurements for use in modelling barrier permeability. Again, this chip 

should be assembled rapidly to align with the injection moulding process. 



31 

 

Work on the chip will focus on two areas. First, the assembly of a 

microfluidic chip including a membrane separating two channels. This 

assembly should produce a water tight seal while also being quick enough 

to align with the injection moulding process. Secondly, the electrode 

material and how the electrodes are incorporated into the device should 

be investigated to determine the best solution in terms of sealing and 

electrode performance.  

1.4.2 Structure of thesis 

With these aims in mind, this thesis is structured accordingly: Chapter 1 

discussed the background and motivation for the project. Following that are 

three chapters documenting the development of techniques and results relating 

to the aims of this thesis. The first of these (Chapter 2) focusses on the 

limitations of current tooling fabrication and details how a new approach using 

3D printing has been developed. The performance of the 3D printed tooling is 

discussed in detail. Chapter 3 describes how dissolved oxygen concentration can 

be controlled within injection moulded PS chips and how that can be applied to 

better mimic human physiology. This Chapter also documents the development 

of a novel paint based oxygen sensor and how it can be used to monitor the real-

time distribution of oxygen within a microfluidic device. The performance of the 

oxygen sensor is also discussed in detail. The final results Chapter (Chapter 4) 

documents the development of a TEER-on-a-chip system for measuring the 

barrier integrity of various systems. Here, the sealing of an injection moulded PS 

chip with an integrated membrane separating two chambers is discussed, as well 

as an investigation into the electrode materials. Furthermore, different means 

of incorporating the electrodes into the devices are evaluated and the trouble-

shooting to better understand the functionality of the device is discussed in 

detail. In this thesis, the materials and methods are specific to each Chapter 

with little common techniques and analysis. As such, the materials and methods 

for the work presented in each section are described at the beginning of each 

chapter. The final Chapter (Chapter 5) is dedicated to the conclusions drawn 

from this work and outlook for the techniques and results discussed therein. 
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Chapter 2 – Development of 3D printed inlays for 

injection moulded microfluidics  

The following Chapter is adapted from Convery et al., Macromolecular 

Engineering, 2021, 306. 

2.1 Introduction and aims 

As discussed in Chapter 1, microfluidics offers an improvement of classical 

analytical techniques such as biochemical assays16, genomics17, and live cell 

studies20. Furthermore, microfluidics have also been allowed for the study of 

new phenomena that were elusive to macro-scale protocols1,158,159. These 

advantages over standard laboratory procedures are largely driven by the physics 

of fluids on the microscale, where viscous effects dominate inertial effects 

leading to predictable fluid kinematics2. Furthermore, by virtue of the small 

channel size (100 nm to 100 μm 10), microfluidic devices allow for much smaller 

volumes of reagents to be used, as well as faster reaction times2. 

To realise the small architectures required for microfluidic devices, chips were 

initially fabricated using silicon micromachining process borrowed from the 

microelectronics industry. These processes such as photo lithography allowed for 

the fabrication for micro- and nano-channels with dimensions from a few nm, up 

to several mm 160 and allowed for the creation of the first microfluidics 

devices161,162. However, as microfluidics became more of a mainstream research 

discipline, a means of fabrication to reduce the reliance on clean rooms with 

expensive equipment and highly skilled operators became more required. 

2.1.1 Problems with existing fabrication methods 

As mentioned in Chapter 1, PDMS was used as a means of reducing the 

complexity of microfluidic device fabrication. While a master structure was still 

required to be fabricated using photolithographic processes, multiple replicas of 

the master could be produced quickly with little expertise. The properties of 

PDMS meant that it was able to replicate nanoscale features14. Furthermore, 
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PDMS is also optically transparent making it more suitable to biological assays 

than silicon as it is compatible with standard microscopy techniques. In addition 

to this, PDMS is also permeable to gases making it idea for live cell studies as gas 

can be exchanged from the cell media and their surrounding environment. This 

property is discussed in more detail in Chapter 3. PDMS suffers from several 

limitations that have hindered its use in OoaC and other microfluidic devices. 

These are small molecule absorption23,24, deformation under flow26, leaching of 

uncured material into the cells 27,  the transient nature of any surface 

treatments28. Perhaps the biggest drawback, however is that it is very difficult 

to scale PDMS fabrication into a commercially viable means of chip production. 

As PDMS takes time to cure, the throughput of device manufacture is limited to 

the ~2 hrs curing time per device. Although the fabrication can be multiplexed, 

the throughput is still limited. 

To tackle the material concerns associated with PDMS, researches have sought to 

fabricate microfluidic devices out of thermoplastic polymers such as cyclic olefin 

copolymers163, polystyrene164, polymethyl methacrylate165, and polycarbonate166. 

In general, thermoplastic polymers offer lower small molecule absorption; good 

optical properties for biological assays; and can be manufactured in the 

dimensions required for microfluidics. Furthermore, almost all tissue culture 

plastic is polystyrene meaning the behaviour of cells on this material is already 

well understood, so lends itself to microfluidic applications. However, despite 

these properties, thermoplastic microfluidics devices are still not readily used in 

life sciences applications as the fabrication of devices in these materials is more 

complicated and less suited to small scale, rapid prototyping fabrication than 

that of PDMS devices. However, a range of techniques have been established to 

allow for small scale fabrication.  

One such approach for the fabrication of polymer microfluidics devices involves 

the stacking of laser cut layers167. In short, the microfluidic channels are cut 

through thin plastic sheets which are then sandwiched between thicker slabs. 

This approach means that microfluidics chips can be made and assembled 

quickly, but also allows for multilayer channels to be assembled with ease. 

Alongside laser cutting, hot embossing has also been utilised to produce 

microfluidic chips50–53. Here a polymer slab is heated above its glass transition 

temperature and a stamp is pressed into the parts to transfer the pattern. 
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Typically, parts are sealed either with tape, or through thermal bonding 

whereby the parts are again heated to above the glass transition temperature, 

and held in contact under pressure to form a seal. Similar to the laser cut 

sheets, channels have also been fabricated by using a laser to engrave structures 

into the devices168. Again, as with hot embossing, this leaves open channels that 

still require sealing. However, despite all these approaches allowing for the 

rapid and simple fabrication of small batches of microfluidic devices, when it 

comes to scaling up the manufacture, they fall short in terms of throughput with 

the devices requiring upwards of 20 mins to fabricate, seal and package. This 

detracts from these protocols when commercial scale manufacture is 

considered. For commercial scale manufacture, injection moulding is considered 

to be the gold standard both in terms of throughput, and replication quality of 

microstructures and as such, has been used to industrially produce DVDs and 

BluRay discs. However, despite the superior throughput compared to other 

thermoplastic fabrication techniques, injection moulding is seldom used for 

microfluidic fabrication in the lab. This is due to the fact that the master 

structures for injection moulding are expensive (costing on the order of £1000s 

for a LIGA inlay). This means that it becomes increasingly expensive to injection 

mould microfluidics for the small production runs often required during the 

prototyping phase. Efforts have been made to fabricate master structures out of 

other material in a bid to lower the cost (etched quartz39, etched silicon40,41, 

polytetrafluoroethylene (PTFE) backed nickel42, SU-8 photoresist on nickel43, UV 

curable polyurethane resins44, bulk metallic glasses45, and SU-8 on polyamide 

sheets46), however, all of these efforts fall short in terms of time required for 

fabrication and cost when a “fail-fast-and-often” approach for microfluidic 

development is employed. 

Alongside the physical fabrication of the microchannels, an area of equal 

importance is the sealing of the chips. Despite this, there has been very little 

effort put into optimising this for microfluidic devices. As PDMS forms a 

conformal seal with flat substrates, the sealing becomes a large issue when 

transferring from prototype devices into large scale production. As mentioned 

above, thermal bonding is often used to seal thermoplastic devices. While this 

approach means that the devices can also be sealed to a flat substrate such as in 

PDMS, the time taken to form a seal is often very long (up to 30 mins per device) 

making it less suitable for high throughput fabrication. As such, the sealing and 
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the fabrication for microchannels needs to be considered holistically to come up 

with a process that allows for cheap, as well as rapid microfluidic device 

manufacture. As such, the aims of this Chapter are detailed below: 

2.1.2 Aims 

• Find an alternative to the above-mentioned inlay fabrication techniques 

for injection moulding of PS. The solution will be simpler than existing 

techniques or, at least, not add any complexity to the fabrication 

protocol. 

• Determine the limitations of said solution in terms of resolution, 

minimum/maximum feature sizes, a replication quality of moulded parts. 

• Implement a rapid sealing process to complement the injection moulding 

fabrication and determine the limitations and design requirements of such 

a protocol. 

• Fabricate and demonstrate a functional, injection moulded, microfluidic 

device. 

• Quantify and document successes and failures in meeting these aims. 

2.1.3 Overview of chapter 

This Chapter documents the development of a 3D printed tooling solution which 

can produce microfluidic devices through injection moulding. Firstly, the 

materials and methods used for this work are documented. Also detailed are the 

considerations concerning the choice of 3D printing material, the orientation of 

the inlay during the printing process, and the design of the microchannel such 

that devices with a predefined geometry can be achieved. Also discussed is the 

durability of the 3D printed inlays and how polishing the inlays can produce 

devices with greater optical clarity high enough for imaging cells. Analysis into 

the robustness of the sealing of the chips through both ultrasonic welding, and 

lamination is given as well as a discussion of and how the design of the weld 

seams can be optimised to reduce any changes to channel geometry. These two 

sealing methods are also compared to thermal bonding to highlight the 

advantages and disadvantages of each approach. Furthermore, the fabrication of 

devices through 3D printed inlays and ultrasonic welding is compared to existing 
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fabrication protocols. Finally, a functional microfluidic device is demonstrated 

capable of maintaining a liver organoid culture for as long as 7 days.  

2.2 Materials and methods 

As mentioned above, this project concerns the fabrication of fluidic chips with 

integrated functionalities such as in-built sensors. However, before any 

additional functionalities can be incorporated into the chips, the chips 

themselves must be fabricated in a robust manner. This section describes the 

processes by which basic chips are fabricated through injection moulding. 

2.2.1 Inlay fabrication 

The inlays used as master structures in the injection moulding machine are 

designed to fit into existing tooling. This tooling allows for interchangeable 

inlays to be inserted into the machine so that a variety of different channel 

geometries can be moulded without having to invest in new tooling each time. 

As discussed in Chapter 1, the cost and time associated with producing master 

structures for injection moulding is prohibitive to its use in applications outside 

of mass production. In this work, inlays are fabricated through stereolithography 

(SLA) 3D printing. Details of this process are given below. 

Inlays were designed using Solidworks computer aided design (CAD) software 

(Dassault Systèmes, France) and printed using a Form2 or Form3 printer 

(Formlabs, US) in both Clear and High Temp resins (Formlabs proprietary resin 

formulations). This system uses a stereolithography (SLA) process in which a 

photocurable resin is selectively patterned by a laser for each subsequent layer. 

After each layer is defined, the build plate of the printer is raised leaving a gap 

between the previous layer and the bottom of the build tank for the subsequent 

layer to be cured in. Post printing, parts are removed from the build plate and 

any un-cured resin is removed by washing in isopropyl alcohol whilst agitating for 

10 mins (Form Wash, Formlabs). Finally, all parts were allowed to dry under a 

stream of nitrogen (using a nitrogen spray gun) before the clear resin was cured 

using a Form Cure (Formlabs) for 30 mins at 60oC, and the high temp resin was 

cured under the same conditions for 60 mins. This process uses 405 nm light 

from LEDs to fully cure the resin. This is in accordance with the datasheets for 
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both the resins169,170. However, in some instances. The cure time on the high 

temp resin was cut to 30 mins in an attempt to produce an inlay that was less 

brittle, and thus less susceptible to cracking in the injection moulding machine. 

All inlays were printed with a layer height of 25 μm which was the minimum 

layer height possible on both the Form2 and Form3 printers. Injection moulding 

inlays were designed with dimensions of 24.7 x 24.7 x 8 or 27.7 x 77. 7 x 5 mm to 

fit into the existing injection moulding tooling. How the tooling fits into the 

injection moulding process is shown in Figure 1.2. 

2.2.2 Annealing of inlays 

As mentioned above, attempts were made to fabricate inlays from the high temp 

resin that were less brittle. This was due to the fact that despite the high temp 

resin having a working temperature that was more suited to the injection 

moulding process, the material proved too brittle to withstand the high pressure 

(350 bar) inside the injection moulding machine. In an attempt to increase the 

toughness of the inlay, the parts were fabricated as above however, prior to 

moulding, the high temp resin inlays were placed into an oven at 250oC for 2 hrs 

before being allowed to cool. 

2.2.2 Inlay and moulded part characterisation 

Once the inlays had been fabricated, multiple approaches were used to 

characterise the in terms of their surface roughness, optical clarity, and the 

dimensional fidelity of the 3D printing process. Details of these characterisations 

are given in the subsequent sections. 

2.3.2.1 Surface characterisation 

The surface roughness of a fluidic channel is an important factor when 

considering its performance. Any roughness on the surface of a microfluidic 

device can disrupt the laminar flow along the channel and lead to unwanted 

mixing within the device. The roughness is also an important factor when 

considering the pressure drop in a fluid flow. Furthermore, roughness can also 

affect the optical properties of a device with an increase in the roughness likely 

to distort light as it passes through leading to a reduction in the resolution of 
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images that can be taken in the chips. To determine the surface roughness, an 

Alicona Infinite Focus G4 optical microscope (Bruker, US) using a 10x objective 

(Olympus, Japan) was used to take 3D scans of the surface of blank inlay, that 

is, an inlay with no fluidic or sealing features present on it. As optical profiling 

relies on light being reflected from the surface of the device, the blank inlays 

were sputter coated with a mixture of gold and palladium to increase the 

reflectivity of the surface. Images taken from microscope were analysed and 

surface roughness measurements obtained from Vision 64 Map Software (Bruker). 

Figure 2.1A shows how the surface features on a sample are defined. 

2.2.2.2 Optical clarity 

Although surface roughness is a useful metric for comparing the quality of 

microfluidic devices, its surface roughness can be misleading as an indicator of 

optical clarity. As can be seen in 2.1A, there are multiple components that make 

up the roughness of a surface. In the case of 3D printing, the roughness is 

dominated by the waviness created by the lay of the laser. This means that any 

roughness measurements must be able to capture these large-scale undulations 

in the surface of a part. If the waviness is not considered, the surface 

measurements will only show the roughness which does not give a good 

indication of optical clarity.  As mentioned above, the roughness of a surface can 

lead to the distortion of light as it passes through the sample. This mean that 

small objects in the microchannels (such as cells which range in size between 10 

and 100 μm) will appear distorted on micrographs. Although surface roughness 

gives an indication of this, it is often better to measure the optical clarity 

directly. This was done with the use of a 1951 USAF wheel pattern test target 

(Thorlabs, Germany). This target it illustrated in 2.1B. The target was placed on 

top of the PS chips moulded from 3D printed inlays and imaged with an EVOS 

7000 (Thermo Fisher, US) microscope with a 10x objective (Olympus, Japan). 

The optical quality (in terms of line pairs/mm (lp/mm)) was determined by 

seeing what the smallest group 3 lines that could be made out as separate 

objects were on the target. Using group and element number (as defined by the 

target), the resolution could be calculated with equation 2.1. 

𝑅𝑒𝑠𝑜𝑙𝑢𝑡𝑖𝑜𝑛 = 𝑔𝑟𝑜𝑢𝑝 𝑛𝑢𝑚𝑏𝑒𝑟 +
𝑒𝑙𝑒𝑚𝑒𝑛𝑡 𝑛𝑢𝑚𝑏𝑒𝑟 − 1

6
 (3.1) 
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To improve optical quality, the inlays were polished using Brasso (Reckitt 

Beckiser, UK) and a microfiber cloth. This was done by hand polishing the 

surface of the microchannel for ~1 min. This was done prior to moulding so that 

the polished surface was replicated in the PS chips. Schematics of the optical 

clarity target imaged through clear, and rough samples are shown in Figure 2.1C 

and D respectively. 

2.2.2.3 Feature Dimensions 

Alongside the surface roughness and optical clarity, the feature size of the 3D 

printed inlays is also an important factor in determining the performance of 

microfluidic devices. As discussed in Chapter 1, the feature size of microfluidics 

leads to a prevalence of laminar flow (in accordance with the Reynold’s number 

3), the dominance of diffusive mixing over advective (Peclet number2), and 

shorter reaction times. The characteristic dimension of the channel plays an 

important role in determining the flow properties as per these equations. The 

characteristic dimension is often described as the smallest dimension that 

characterises a channel. As such, the ability of the 3D printer to accurately and 

Figure 2.1 – Surface roughness vs. optical clarity. A shows how the various components of 

surface roughness are defined. These include the waviness (red), roughness (green), 
roughness spacing (blue), and the waviness spacing (black). B shows an image of a USAF-
1951 optical clarity target while C shows the target as seen through an optically clear 
sample. D shows the blurred image of the target as would be seen through a non-optically 
clear sample. 
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precisely realise features of a pre-defined geometry is important when it comes 

to making master structures for injection moulded microfluidics. Details on how 

this dimensional fidelity was measured are given below. 

Firstly, the ability of the printer to accurately print structures of a given height 

was determined. Inlays were printed with a series of rectangular cross-section 

channels ranging from 100 x 600 μm tall, and either 200, 400 or 600 μm wide. 

Once printed and cured, the inlays were sawed most of the way through from 

the back and then snapped so that a clean cross-section of the channels could be 

imaged. The parts were then sputtered with gold/palladium before cross-

sectional images were captured using a Hitachi S4700 scanning electron 

microscope (SEM) (Japan) at 100x magnification. Figure 2.2A shows a 

representative image of the cross-section of a feature on a 3D printed inlay. 

Images were adjusted for contrast and the background was removed using 

ImageJ (National Institutes of Health and the Laboratory for Optical and 

Computational Instrumentation, US) (2.2B) before the cross-sections of the 

channels were analysed and measured using a Python script. This script took 

each image and looked for the pixels with the highest pixel value (which 

corresponded to the areas at the edges of the part after the contrast was 

adjusted). The script then looked for the white with the highest position in each 

pixel column. Once this had been repeated for every column in the image, a 

trace of the microchannel could be obtained. This trace is shown in Figure 2.2C. 

From here, the height was defined as the distance between the max value of the 

trace, and the lowest (2.2D). 

The width of each channel was more difficult to define however. Although the 

channels were designed with a rectangular profile, the SLA printing process 

meant that the features present on the inlay had a more trapezoidal cross-

section with rounded corners. To account for this, and reduce the effect of error 

that any corner radius would have on the measurement of the width at either 

the base or the top of the feature, the width was defined as the measured with 

at 50% of the maximum height (shown in 2.2D). In order to characterise the 

feature widths, the printer was capable of reproducing, features were printed 

with widths ranging from 100 – 600 μm and at heights of either 200, 400 and 600 

μm. Parts were cleaved, sputter coated and imaged as described above.  
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The resolution of the printer is also in important factor when it comes to 

characterising the fabrication processes. The resolution here is defined as the 

closest that two features can be placed on the inlay without merging into each 

other. This was determined by printing features with different spacings between 

them. The height of the features was then measured with the resolution being 

defined as the minimum spacing between the features such that the full height 

of the feature was realised. The resolution is important as it defines the density 

at which features can be placed on the inlay. 

Figure 2.2 – Cross-section analysis using Python. A shows an SEM micrograph of a 200 x 

200 μm feature on a 3D printed inlay. This image is then thresholded to leave only the bright 
pixels (which correspond to the feature edges and the background in removed in ImageJ 
(B). These images are then analysed in a python scrip which create a trace of the outline of 
the feature (shown in C). The height (red) and width (green) are defined in D. Scale bars = 

500 μm. 

 



42 

 

The dimensional characterisation of the PS injection moulded parts was done in 

exactly the same way, with the only difference being that the parts were dipped 

in liquid nitrogen after they were sawed most of the way through. This ensured a 

cleaner snap on the parts leading to a cleaner cross-section that could be 

imaged.  

2.2.3 Injection moulding 

To fabricate the PS chips form the 3D printed inlays, an injection moulding 

process was used. An injection moulding machine works by heating a polymer in 

the barrel above its melt temperature. A screw inside the barrel drives the 

polymer from the back where the hopper enters, towards the nozzle. As the 

polymer travels through the barrel, it is heated by series of heating elements 

that get progressively hotter to heat to the polymer to its final injection 

temperature. The screw also acts to mix and homogenise the polymer melt. A 

non-return valve located at the end of the screw allows for plasticised polymer 

to fill the nozzle cavity, however, when the cavity is full, the valve closes 

preventing the polymer from moving back down the barrel. This also allows for 

the plasticised polymer to be injected into the mould cavity under pressure 

when the injection cylinder is activated. A schematic of the moulder is shown in 

Figure 1.2. 

On the other side of the nozzle sits the tooling. The tooling for this project 

resembles that shown in Figure 1.2. It is here that the 3D printed inlay sits held 

into place in the tooling by a steel frame. The printed inlays are designed to the 

dimensions detailed in section 2.2.1 in such a way that they fit snuggly in the 

frame with the use of a 12 mm thick backplate. Once the inlay is in place inside 

the tool, and the tool close, the polymer can be forced from the nozzle cavity 

into the mould cavity created by the inlay, the frame and the tooling. The 

polymer is then allowed to cool, before the tool is opened and the part is 

injected. This whole process typically takes under a minute.  

In this project, polymer replicas were fabricated in polystyrene (PS) (1810 

crystal polystyrene, Total Petrochemical and Refining, Belgium) using a Victory 

28 injection moulding machine (Engel, Austria). PS was chosen as it is the 

primary material used for tissue culture devices in life-sciences22. The Engel 
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injection moulding machine used here is what would typically be used in industry 

to create parts in a similar size to those made in this work. Given that injection 

moulding allows for the rapid and efficient production of parts, the use of an 

industry standard Injection moulding machine meant that all the fabrication 

here could easily be translated to a mass-production without having to alter the 

process to account for the differences between industrial injection moulding 

machines and benchtop machines commonly seen in research settings. Table 2.1 

shows the exact parameters used for moulding in PS throughout the injection 

moulding work conducted in this project.  

Parameter Value 

Melt temperature (oC) 260 

Shot volume (cm3) 4.0 

Injection speed (cm3/s) 1 

Holding pressure (bar) 350 

Initial cooling time (s) 35 

Secondary cooling time (s) 10 

Table 2.1 – Injection moulding parameters 

A melt temperature of 260oC was used as this was hot enough to allow for all the 

PS to melt and flow freely into the mould cavity, while not being hot enough for 

the PS to burn. As the cured resin used here is less thermally conductive than 

traditional injection moulding master materials (metals), a relatively long 

cooling time (35 s) was required to ensure the parts cooled below the glass 

transition temperature (90oC for PS) in the mould. After the part had been 

cooled sufficiently, the tool was opened slightly (5 mm) for 10 s to ensure the 

part was cooled further before releasing from the mould to avoid warping. This 

prevents any deformation that can occur when the part cools after it is ejected 

from the tool. After this time, the tool opened completely, and the part was 

ejected. The lack of thermal conductivity from the inlays also means that a 

lower injection speed can be used (1 cm3/s) as the polymer is less likely to cool 
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in the mould before it has completely filled. This lower injection speed results in 

a lower injection pressure which helps to prolong the life of the 3D printed inlay. 

A relatively low holding pressure when compared to other work (350 bar) was 

used to prevent the inlay from deforming. Too low a holding pressure can result 

in defect where the part shrinks in the mould however, defects such as these 

were not observed in this work.  

Once the parts are ejected from the injection moulding machine, they still 

contain the gate and the sprue.  The sprue is the piece of plastic that cools and 

solidifies in the injection nozzle of the injection moulding machine. The gate is a 

structure on the tooling that allows the injected polymer to spread out before 

reaching the mould cavity and ensures even filling of the mould and it is this 

structure where the molten plastic cools and solidifies first. This means that nor 

more plastic can enter the mould, so the screw retracts and prepares the shot 

for the next part. The gate and the sprue parts can be snapped away from the 

moulded chips once they have been ejected from the mould cavity, or cut off 

using scissors.  

After the parts had had their gates and sprues removed, inlet and outlet holes 

were drilled in the device. These were drilled using a 0.7 mm drill bit and 

drilling speed of 100 rpm. This low drilling speed was used as it was found that 

the parts melted as a result of the friction when higher speeds were used. The 

inlets and outlets were drilled so that after sealing, it was possible for fluid to 

flow into and out of the devices.  

2.2.4 Plasma treatment 

Once the PS chips have been injection moulded, certain steps need to be taken 

in order to tailor the surface of the channels towards more attractive properties 

depending on the application. PS is naturally a hydrophobic material, and it is 

widely known that cells require a hydrophilic surface to attach to, grow, and 

divide. To make the surface of the PS hydrophilic, parts were subject to an 

oxygen plasma to break the carbon-hydrogen bonds on the surface and replace 

them with hydroxyl groups which increase the surface energy of the PS thus 

making it more hydrophilic. It should be noted however, that the nature of these 

hydrophilic treatments is transient. Thermoplastics such as PMMA have been 
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shown to recover its hydrophobic properties over a number of hours171, while 

PDMS has been shows to have a hydrophobic recovery time on the order of 

minutes172. Possible causes for this hydrophobic recovery are reorientation of the 

polymer chains in the material due to the thermodynamically unstable high 

energy surface173, or contamination from materials such as hydrocarbons or 

moisture174. With this in mind, parts were kept as clean as possible between 

their plasma treatment, sealing, and eventual use in cell culture experiments. 

To treat the samples in this work, the PS chips were placed in a plasma chamber 

(Plasmafab) for 1 min at 80 W. By increasing the surface energy of the parts, the 

capillary force is also increased which allows fluids to wick through the channels 

without any external fluid drive. This aided in the sealing tests as any leaks were 

easy to spot as the fluid quickly spread from the channel throughout the whole 

chip.  

2.2.5 Sealing 

As mentioned above, and discussed in Chapter 1, the bonding of PDMS devices is 

trivial as the elastic nature of the material means that it creates a conformal 

contact with a given substrate. This means that PDMS can simply be pressed 

against a blank substrate in order to seal the channel and create a microfluidic 

device. However, as thermoplastics such as PS are stiffer (characterised by their 

higher Young’s Modulus), they do not form such a conformal bond when held into 

contact with other materials. As such, other means of bonding the parts and 

sealing the channels need to be utilised. Two such means of sealing injection 

moulded PS fluidic chips are given below. 

2.2.5.1 Ultrasonic welding 

Ultrasonic welding is a process commonly used in industrial settings to bond two 

thermoplastic parts. During ultrasonic welding, parts are joined by vibrating the 

interface between them. This friction melts the polymer and the parts fuse 

together. Using energy directors (referred to as weld-seams) the energy is 

localised to predefined regions, reducing heating and warping of the overall 

part. As such, triangular weld seams of varying dimensions were incorporated 

round the edge of the channel during the design. The process of ultrasonic 

welding typically takes <5 s so was seen as an attractive means of sealing 
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injection moulded parts. As the injection moulding machine can produce 

multiple parts per minute, the sealing of the chips also had to be as quick in 

order to not slow the production of the devices down too much. Furthermore, 

ultrasonic welding creates a hermetic seal between the parts without the need 

for any extra adhesives which may block channels or interfere with any 

biological systems inside the chips. A detailed description of the welding process 

is given below. 

Prior to sealing, parts were plasma treated in O2 (80 W, 1 min) to increase their 

hydrophilicity. Channels were placed against against a moulded PS blank under 

the sonitrode of a Standard 3000 welder (Rinco Ultrasonics, Switzerland). Tape 

(Scotch, 3M, US) was used to secure the parts to the base of the welder and 

prevent them from moving as a result of the vibrations of the welding process. In 

this work, either differential mode (which controls the welding by moving the 

sonitrode a set distance), and energy mode (which controls the welding by 

transferring a set energy into the device) was used to weld the devices while a 

hold time of 2 s was used throughout to allow the welds to cool before the parts 

were removed from the tool. Successful sealing of the channels was determined 

by filling the channel with food colouring and examining for leaks. A part with no 

apparent leaks after fluid had been in the channel for 10 mins was deemed as a 

successful weld. Details on how this process was optimised for the welding of 

chips moulded from 3D printed inlays are discussed in Chapter 3. To fully 

characterise the effects that the UW process had on the geometry of the 

channel, the chips were then cleaved and sputter coated (as per section 2.1.2.3) 

and their cross sections imaged by SEM. 

2.2.5.2 Lamination 

Alongside ultrasonic welding, lamination was also explored as a means of sealing 

the chips. As it was found that the weld seams required for ultrasonic welding 

left a small gap between the parts once bonded, another sealing process was 

required in instances where that added height to the channel was unacceptable 

for the performance of the chip. For the sealing by lamination, plasma treated 

chips containing no weld seams were placed in a lamination pouch (either woven 

fiberglass, Kapton film, or brass plates) along with a plasma treated 100 μm 

thick PS foil for the chip to seal to. A thin PS film was used to ensure an efficient 
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heat transfer to the interface between the layers of the device. The chips were 

then passed through an Armoured660 Heavy Duty A3 Office Laminator 

(Swordfish, UK) at temperatures ranging from 90 – 170oC and with the number of 

passes ranging from 1 – 4. Sealing success was again determined by filling the 

channels with dye and examining for leaks as detailed above.  

 

2.2.6 Fluidic connections 

As mentioned previously, inlet and outlet holes were drilled into the chip prior 

to sealing in order for the fluid to have a pathway into and out of the sealed 

devices. However, in order to connect the chips with pumps to drive the flow of 

fluids, connections need to be made on the chips in order to connect tubing to. 

This section describes the two forms of fluidic connections used for the chips 

described in this project. 

3.2.6.1 Flanged PEEK tubing connectors 

In order to connect tubing to the chips with a minimal dead volume and without 

the need for glues or adhesives, a method using flanged polyether ether ketone 

(PEEK) tubing was used to connect tubing to the chips. This was done by 3D 

printing a connector out of polycarbonate (Ultimaker, US). Polycarbonate was 

used as the connector had to be tough enough to withstand the clamping force, 

as well as being able to be cleaned by autoclave use in cell culture experiments. 

These connectors consisted of two flat plates with hole through which an M3 bolt 

could be inserted to clamp the two parts together. The top piece contained an 

M6 threaded hole in the middle through which a PEEK fitting could be screwed 

(Vici Jour, Switzerland). These fittings contained a hole through which a flanged 

length of PEEK tubing could be inserted. The tubing was flanged with an Easy 

Flange Kit (Vici Jour). Once the connector was assembled, the 3D printed parts 

were placed either side of the microfluidic chip such that the flanged tubing 

lined up with the drilled holes. The threaded PEEK fitting could then be screwed 

down which pressed the flanged end of the tubing against the PS chip. The 

fitting was screwed down such that there were no leaks when fluid was flowed 

through. The flanged fluidic connectors are shown schematically in Figure 2.3A. 
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Despite the fact this this connector required no glue and had a minimum dead 

volume, it proved unreliable with the connectors prone to slipping during 

experiments. A such, a method using glue and blunt tipped needles was also 

used to connect the chips to tubing. 

2.2.6.2 Blunt tipped needle connectors 

To solve the reliability issues associated with the flanged PEEK tubing 

connectors, an alternative solution using needle tips was also used. Here, 18 g 

blunt tipped needles (Metcal, US) were simply glued to the device using UV 

curable glue (Loctite, Germany). To do this, and reduce the risk of blocking the 

flow path, a small quantity of glue was dispensed onto a clean surface. The base 

of the needle was then dipped into the glue ensuring that there was an even 

coat surrounding the entire way around the base. The needle was then placed 

onto the chip before the glue was cured with a 405 nm laser pen (Amazon, US). 

Once the initial layer of glue was cured, additional glue was added to the 

outside of the needle base to increase the strength of the bond. The chip with 

connectors was then placed into the Form cure under UV for 10 mins to cure 

completely. Once the glue had set, tubing could simply be slipped over the 

Figure 2.3 – Fluidic connectors. A shows a cross-section schematic of the flanged PEEK 
connectors using a 3D printed clamp and a threaded PEEK fitting. B shows a cross section 
schematic of the blunt tipped needle connectors which are glued to the chip. C shows a 

photography of a chip before (bottom) and after (top) the needles have been glued on. Scale 
bar = 25 mm. 
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needle to connect it to a pump. Again, a schematic of this connector is shown in 

2.3B with a photo of a device both prior to adding the connectors (C, bottom) 

and with the connectors (top).  

2.3 – Organoid culture and staining 

Liver organoids were generated by Sean Harrison and Gareth Sullivan at the 

University of Oslo according to previously described protocols 175,176. Once the 

organoids had been grown, they were pipetted into 50 ml tubes along with 25 ml 

of media (see section 2.2.1.1). The tubes could then be packaged with heat 

packs and shipped to the lab in Glasgow. 

Once the organoids had arrived, they were placed in conical flasks and incubated 

at 37oC with 5% CO2. In the incubator, the organoids were constantly agitated by 

a shaker plate (100 rpm) to prevent the individual organoids from merging 

together. The media was changed every 48 hrs by removing the flasks from the 

incubator and placing the flasks on an uneven surface such that one side of the 

base of the flask was higher than the other. The flasks were left like this for 10 

mins to ensure all the organoids had fallen to the bottom most part of the flask. 

The old media could then be removed, and 25 ml of fresh media added before 

the flask was placed back in the incubator. 

For the OoaC experiments, the flasks were removed from the incubator and 

organoids were pipetted from the flasks. These were then pipetted into the 

channels before the flanged PEEK connectors (section 2.2.6.1) were added so 

that the media could be flowed through (Aladdin Syringe pumps, WPI, UK). 

Media was either flowed though at a rate of 100 μl/hr or left without flow. After 

1, 3, or 7 days, the cells, the fluidic connections were removed from the chip so 

that the cells could be stained. This was done by first pipetting PBS through the 

chips to wash any media off of the organoids, taking care to only pipette the 

media in the direction of media flow so that the organoids would not be moved 

from their location at the trap in the device. Once washed, a live dead stain 

(LIVE/DEAD Viability/Cytotoxicity Kit, for mammalian cells, Invitrogen, US) (2 μM 

Calcein AM, and 4 μM ethidium homodimer in PBS) was pipetted into the chip. 

Calcein AM works as a stain for live cells, as it does not fluoresce until it is 

transported though the lipid membranes and converted in calcein by live cells. 
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Eithidium homodimer cannot travel through the membrane of cells unless they 

are damaged hence it’s use in staining dead cells. The chip was then incubated 

for 15 mins as per the viability kit instructions before it was imaged on a Zeiss 

LSM700 confocal microscope using Zen capture software. 

2.3.1 Organoid media recipe 

To make 600 ml or organoid media, 483.5 ml of L-15 Medium Leibovitz (Sigma 

Aldrich) was mixed with 50 ml fetal bovine serum (Biowest, France), 50 ml 

tryptose phosphate broth (Sigma Aldrich), 6 ml 100x GlutaMAX-I supplement 

(Thermofisher, US), 6 ml Penicillin streptomycin (Thermofisher), and 3.5 ml 100x 

Insulin-Transferin-Selenium (Thermofisher). Also added was 1 ml of 30 mg/ml 

(w/v) sodium L-ascorbate (Sigma Aldrich) in PBS, 6 ml of 1 mM hydrocortisone-

21-hemisuccinate sodium salt (Sigma Aldrich) in PBS, 60 μl of 1 mM 

dexamethasone (Sigma Aldrich) in Dimethyl Sulfoxide (DMSO, Sigma Aldrich), and 

60 μl of 1 mM N-hexanoic-Tyr, Ile-(6) aminohexanic amide (dihexa, Sigma 

Aldrich) in DMSO. All the components were placed in a corning vacuum filter and 

filtered before the media was kept in the fridge until needed. 

2.4 Fabrication of 3D printed inlays for injection moulding 

To realise the aims of this chapter, a fabrication protocol was required that 

allowed for the manufacture of micro-scale features while also being able to 

withstand the pressure and temperatures of a typical PS injection moulding 

cycles (>350 bar and 250oC respectively). Furthermore, any such protocol should 

be simple to follow and require minimal expensive equipment or expertise.  

3D printing is a rapidly evolving fabrication technique that while requiring little 

in the way of technical expertise, is also capable of realising features in the 

order of 100 μm. As such, 3D printing has been utilised as a means of direct 

fabrication for a wide range of micro- and milli-fluidic devices177. However, 

despite all 3D printers relying on a sequential stacking of 2D layers, there is two 

main printer types that are used to achieve this: Fused deposition modelling 

(FDM) and stereolithography (SLA). FDM is the method by which most affordable 

3D printers operate and in this technique, thermoplastic polymers are heated to 

above their glass transition temperature (𝑇𝑔) and extruded through a nozzle in a 
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pre-determined pattern onto a build-stage. This staged is moved down after 

every layer has been patterned so the subsequent layer can be deposited on top. 

This process is shown in Figure 2.4A. As this process requires the melting of 

polymers, only thermoplastic polymers can be used in this process. This means 

that many FDM parts cannot be used in injection moulding applications as the 

glass transition temperatures of such materials are often close to the processing 

temperatures of injection moulding polymers which would lead to deformation 

of any printed tooling. 

On the other hand, SLA cures a photoactive polymer by irradiating with a high 

energy laser. Here, a build platform is submerged into a tank filled with resin 

leaving a gap at the bottom which defines the layer height of a print. A laser is 

then scanned across the bottom of the tank in a predetermined pattern before 

the build plate is raised with the cured layer attached and the subsequent layer 

can be cured (Figure 2.4B). After the full part has been defined, the piece often 

needs to be washed to remove any excess solvent and then further cured so that 

the maximum mechanical properties can be reached. Through this process, 3D 

printed parts can be realised in thermoset polymers thus avoiding the issue of 

deformation due to the high heat and pressure in the injection moulder. 

Furthermore, Formlabs, makers of the Form family of SLA printers have 

developed a wide range of materials for SLA printing including a high 

temperature version for parts that are to be used in hot environments. 

Additionally, SLA systems, while more expensive than their FDM counterparts, 

are still relatively affordable with many systems available for under £1000. Thus, 

SLA was considered as the superior technology for printing injection moulding 

inlays and results pertaining to the different form materials are discussed in the 

next section. 

2.4.1 High temp vs. Standard resin for 3D printing injection 

moulding inlays 

As mentioned above, Formlabs have designed a wide variety of materials for SLA 

printing with one such material being the High Temp Resin. The properties of 

this resin as well as the Standard Clear Resin are detailed in table 2.2. 
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 Both resins used here are proprietary materials manufactured by Formlabs and 

as such, there is very little information regarding their make-up. The chemical 

SDS however, reveal both resins to be made up of a mixture of methacrylates 

and photo initiators178.  However, despite the proprietary nature of the resins, 

the Formlabs materials were preferred as they removed any variability between 

printers and resins that can occur when non-commercially available systems are 

used. Due to the superior heat deflection temperature, which was assumed 

would increase the durability of the material during the injection moulding 

cycle, the High Temp Resin was initially considered for inlay fabrication. All 

inlays were printed at 25 μm layer height and post-processed according to the 

Formlabs data sheets for maximum mechanical properties. Initially, inlays were 

moulded without any consideration to dimensions so as to confirm whether they 

would be suitable candidates for injection moulding or not. However, during 

these initial tests it was found that the high pressure in the mould cavity during 

the injection of the polymer was causing a mechanical failure of the inlay 

resulting in cracks in the part. An image of such an inlay after moulding is shown 

Figure 2.4 – SLA and FDM printing processes. A shows the FMD process where filament is 
extruded through a nozzle onto the build plate. B shows the SLA printing process whereby 
subsequent layers of photoactive resin are cured by a laser. 
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in Figure 2.5A with the cracks clearly visible. From this, it was hypothesised that 

the High Temp Resin was not tough enough for injection moulding applications 

so in order to improve the mechanical properties, a couple of different 

approaches were used. Namely, subjecting the part to only half the 

recommended cure time and annealing the part after curing, leading to a less 

brittle final part. Images of inlays are shown in Figure 2.5B and C respectively. 

Curing the inlay for half the recommended time was thought to increase the 

toughness of the part making it less brittle and more likely to withstand the 

pressure inside the injection moulding machine. Table 2.2 shows the pre- and 

post-cured values for the material properties with the toughness (specifically, 

Notched IZOD, which indicates the energy required to initiate a fracture) higher 

for the pre-cured version of the resin thus, it was thought that only curing for 

half the recommend time would lead to tougher material. However, as can be 

seen in Figure 2.5B, after 20 shots, the inlay failed showing that the reduced 

curing time did not increase the toughness enough. Figure 2.5C shows that the 

inlay burnt during the annealing process. It was thought that by annealing the 

inlay, the internal stresses would be reduced leading to a tougher part capable 

of withstanding the high stresses of the injection moulding cycle. However, after 

annealing it can be seen that the inlay is discoloured compared to the 

unannealed parts, and that the surface of the inlay is covered in small cracks 

and there are large cavities inside the inlay presumable caused by small pockets 

of trapped air expanding in the oven. To combat this, the material properties of 

the Formlabs resins were consulted further to identify a tougher material that 

could still withstand the pressures inside the mould cavity. 

From examination of table 2.2, it is apparent that while the High Temp Resin has 

favourable thermal properties, its toughness is lower than that of the clear resin 

(shown by the lower elongation to failure). Therefore, it was decided that the 

clear resin would be trialled as a material for inlay fabrication. Using the same 

design as the inlays seen in Figure 2.5, Figure 2.6A shows an inlay fabricated 

from the standard clear resin after moulding. Although apparent that the inlay 

has failed during the moulding process, the mode of failure differs from that 

seen in the High Temp inlays. While the High temp inlays cracked through the 

bulk material, the clear inlays failed around the features. This was hypothesised 

as being down to the polymer “grabbing” the inlay upon cooling and then  
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removing this material upon ejection of the part. To test this, a series of parts 

were imaged with parts 1, 10 and 25 shown in Figure 2.6B-D respectively. Here it 

can be seen that while initial parts look good coming off the inlay, the damage 

caused by subsequent shots causing further defects for the ensuing parts. 

 High Temp Resin170 Standard Clear 

Resin169 

 Pre-cure Post-cure Pre-cure Post-cure 

Tensile Properties     

    Ultimate Tensile Strength 

(MPa) 

20.9 58.3 38 65 

    Young’s Modulus (GPa) 14 3.3 1.6 2.8 

    Elongation to Failure (%) 0.75 2.8 12 6.2 

Flexural Properties     

    Flexural Modulus (GPa) 0.7 2.6 1.25 2.2 

Impact Properties     

    Notched IZOD (J/m) 32.8 18.2 16 25 

Temperature Properties     

    Heat deflection Temp @ 264 

psi (oC) 

49 120 42.7 58.4 

    Heat deflection Temp @ 66 psi 

(oC) 

44 78 49.7 73.1 

Table 2.2 – 3D printer resin properties 
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From the above, it was determined that the thermal properties of 3D printed 

resins were not as important as the toughness when it comes to injection 

moulding. This may be due to the fact that the inlay is only momentarily subject 

to high temperatures during an injection moulding cycle. Furthermore, the 

stresses on the inlay during the injection of an injection moulded part are very 

high. In addition to the injection of the polymer, the ejection of the part also 

causes strain on the inlay so the master must be tough enough to not break 

under this force either. 

The thermal conductivity of the 3D printed inlays may also have an advantage 

over the use of metal moulds when it comes to the fabrication of small features. 

Table 2.3 summarises the thermal conductivities of commonly used mould 

materials 

Table 2.3 shows that the more traditional mould materials (steel and nickel) 

have a much higher thermal conductivity when compared to the 3D printer resin 

used in this work. This means that when the molten plastic enters the cavity, it  

Figure 2.5 – Damage to High Temp resin inlays. A shows a high temp resin inlay after the 

recommended standard full cure. Cracks can be seen there the bulk of the material has 
failed under the high pressure of the moulding process (highlighted in the red circle). B 
shows an inlay with half the recommended cure however, cracks are still present after 
moulding – again shown in the red circle. C shows an annealed inlay. The material has burnt 

and cracked during the annealing process so this inlay was not moulded. Scale bars = 25 
mm 
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 High conductivity 

tool steel 

Nickel Formlabs Clear 

Resin 

Thermal 

conductivity 

(W/mK) 

66179 97.5180 0.28181 

Table 2.3 – Thermal conductivity of mould materials 

 

will take longer to completely cool and solidify on the 3D printed inlay. This has 

the advantage that small features should be able to be made without the plastic 

solidifying before it has flowed into the mould completely. However, the lower 

thermal conductivity means that a longer cycle time is required to allow the 

parts to cool completely before ejection. As such, a relatively long cooling time 

of 35 s was used for all parts made from 3D printed inlays. 

2.4.2 Effect of draft angles on damage during demoulding 

As mentioned above, the ejection of the parts causes strain that can lead to a 

failure of the inlay. To combat this, it was thought that including a draft angle 

into the channel design would aid in the demoulding. The concept of a draft 

angle is well documented as being beneficial to all injection moulding and is 

thus advised to include angles greater than 0.5o into the tooling design182. The 

concept is illustrated in Figure 2.7A. Here, the draft angle reduces the friction 

between the part and the inlay during injection, resulting in less strain on the 

inlay and thus a lower chance of failure. Figure 2.7B illustrates this by showing a 

photograph of an inlay with a designed draft angle of 20o after moulding 100 

parts with the inlay showing no visible damage, in contrast to the damaged inlay 

shown in Figure 2.6A. A more in-depth study into the draft angles and inlay 

durability is discussed in sections 2.4.3.2, and 2.5. From the data presented here 

however, it was concluded that the clear resin was a suitable candidate for 

injection moulding inlays and merited a more thorough investigation into its 

suitability for injection moulding microfluidics. 
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  2.4.3 Optimisation of 3D printing for injection moulding master 

fabrication 

As discussed above, Formlabs Clear resin was shown to be a viable candidate for 

use as an injection moulding master. However, for microfluidic applications, the 

resolution and fidelity of the 3D printing process is as important as the durability 

Figure 2.7 – Concept of draft angles. A shows the release from a mould with no draft angle 

while B shows how adding a draft angle reduces friction after the initial release. Inset in B 
shows how the draft angle is defined. 

Figure 2.6 – Images of Clear inlay after moulding. A shows a clear inlay after moulding 25 

shots. Although the mould has failed, it has not failed in the same manner as with the high 
temp inlay but through the removal of material from the surface of the inlay shown in the 
red circle. 3.3B-D show micrographs of parts 1, 10 and 25 respectively with more damage 
being seen in the parts later in the production run. Scale bar = 25 mm in A, and 300 μm in 
B-D. 
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of the inlay. As the behaviour of fluids at the microscale rely so heavily on the 

dimensions of the channel, it is important to determine the most reliable 

process for printing microchannel in terms of orientation within the printer, the 

feature size offset, the resolution, and the surface quality of the inlays. The 

following sections document the studies into each of these areas and give means 

of improving the quality of the prints over the base printer settings if need be. 

2.4.3.1 Effect of print orientation on feature geometry 

For microfluidic applications, it is important for any fabrication process to give 

features of a predictable cross sections and thus predictable fluid kinematics 

under flow. However, the default printer settings meant the inlay was printed at 

a different angle with each subsequent print, leading to variation in the profile 

and dimensions of the ridge. To address this, we printed straight ridges at a 

range of angles rotating in the θ (around the face of the inlay) and φ (around the 

side of the inlay so that the features face towards the print bed) directions as 

defined by Figure 2.8 where SEM images of the cross sections of these features 

can be seen. Here, the ridge printed at 0o in both the θ and φ directions have a 

symmetrical profile however, channels not running in the build direction will 

have a profile of that at θ = 90o and φ = 0o. This means this orientation is only 

useful for linear microfluidic channels. To address this, ridges printed facedown 

(φ = 90o) exhibit a symmetrical profile and steep sidewalls and the profile is not 

influenced by the orientation of the channel on the part. The supports and base 

are added by the slicing software used by the printer to create a normalised 

build plane on the build plate so that the exact position of the build plate is not 

required for the printing of each part and to ensure that the resin can easily 

flow around the part and prevent a build-up of resin which can be cured by 

scattered light on areas of the inlay during printing. However, it was found that 

by printing devices directly on the build plate, without the raft and supports 

that are the default setting for the printer not only cut down on print time but 

the parts were also more reproducible as there was no influence from the 

random generation of the support structures which position the part at different 

heights from the build plate. Additionally, the lack of supports meant that these 

did not need to be removed before moulding thus cutting fabrication time even 

further.  
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2.4.3.2 Accuracy of the 3D printing process 

In addition to predictable profiles, accurate fabrication of channels with well-

defined widths and heights is also important when manufacturing microfluidic 

devices to predict fluid kinematics in the final device. In order to incorporate a 

draft angle into the design, but still have parts of predictable geometry, a series 

of channels of varying heights (600 μm designed width) were printed and their 

cross-sections measured to see if the draft angle had any effect on the printed 

dimensions. As can be seen in Figure 2.9A, printing with a 0o draft angle leads to 

a widening of the feature, the magnitude of which differs depending on the 

height of the feature. This is thought to be down to scattered light from the 

laser interacting with and curing uncured resin that has stuck to the part on a 

previous layer. This process is shown in Figure 2.9B (ideal case) and 2.9C 

showing the real case and showing the widening of the beam and final part 

respectively. However, this discrepancy in printed width for features of different 

Figure 2.8 – Channel profile vs. print orientation. Figure 2.8 shows how the orientation of the 

print affects the cross-sectional profiles of printed ridges. Printing facedown will give the 
most consistent profile for all channels printed on the inlay. Scale bars = 300 μm 
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heights is much less when a 5o draft angle is included in the design (Figure 2.9A). 

When the draft angle is increased to 10o however, this discrepancy in widths 

returns so was decided that all parts should be designed with a 5o draft angle to 

make the final geometries of the features more predictable. It is worth noting 

that through photolithography, these draft angles cannot be realised and in fact, 

when thick resists such as SU-8 are used, the profile of the sidewall is actually a 

slight negative draft angle. This results in an overhang which is a geometry that 

is impossible to mould due to the part not being able to be ejected. 

To better gain an understanding of the capabilities of the printer when it comes 

to printing features of a desired design, ridges of varying heights and widths 

were designed and printed with a 5o chamfer and SEMs were acquired and the 

cross sections. These cross sections were then measured and compared to the 

designed dimensions. The heights and widths of the channels were defined as 

per Figure 2.2. The measurements for the heights of the ridges are shown in 

Figure 2.10A-C showing the heights of features 200, 300, and 400 μm wide 

respectively. This shows that, for a range of widths of the ridges, the heights are 

offset by a mean value of -59 ± 1.7 μm. This decrease in the height of a feature 

is likely down to an over-exposure of the resin to increase the confidence in the 

adhesion of the layers to one another. The slope of the best fit lines (least 

squares regression) shows that this systematic error can be compensated for by 

including this offset into the design of the feature. The measured widths of the 

Figure 2.9 – Effect of draft angle on dimensions. A shows how the measured width at 50% of 

the height of a channel depends the draft angle included into the design. All channels were 
designed to have 500 μm widths with heights of 200, 400 and 600 μm (dark blue, light blue, 
and green respectively). B shows the ideal 3D SLA printing process, while C shows what 
happens in reality when the beam spreads leading to a larger exposed area. 
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features printed at heights of 200, 300, and 400 μm vs. their designed widths are 

presented in Figure 2.11A-C respectively. Again, similar to the heights discussed 

above, the best fit lines of the lines regions of the plots show r2 values ~1 and an 

offset of 66 ± 3.2 μm. This discrepancy in the measured vs. designed widths 

comes from the fact that as each subsequent layers are cured by the laser in the 

printer, this light is scattered and any uncured resin that is coating features in 

previous layers is cured. Hence the features are wider at the bottom than the 

top. Combining this with the offset acquired from the height data above, a 

general rule for printing ridges is to overcompensate for the height by 59 μm and 

undercompensate for the width by 66 μm. This was found to give accurate and 

reproducible features for all subsequent experiments and devices. It is also 

worth mentioning that within the range of widths and heights studied here, 

aspect ratio had no effect on the measured dimensions of the features 

highlighting that the printing process is not limited by the aspect ratio. 

2.4.3.3 The resolution of the 3D printing process  

To further characterise the capabilities of this fabrication process, ridges were 

printed at different spacings to determine the resolution of the printer – that is, 

the minimum distance between two features that still give two distinct features 

of the designed height, with no material filling in the gap between them. This 

was done by measuring the heights of the features placed with different spacings 

with a ridge of full, designed height indicating a fully resolved feature. This data 

Figure 2.10 – Measured vs. designed heights of printed features. A-C shows the measured 

heights vs designed heights for features 200, 300, and 400 μm wide respectively. It can be 
seen that the measured heights flatten out as the designed height drops below 200 μm 
giving a lower height limit above 100 μm. Only points above this limit were used to 
determine the best fit lines (linear regression, green dashed lines) which give an indication 
of the offset (y-intercept of straight line) required to print features of a designed geometry. 
The gradient close to 1 shows that only an offset is required. Orange lines shows measured 

height = designed height. 
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is shown in Figure 2.12A-C showing the heights of features of various heights, 

normalised to their designed height, at widths 200, 400, and 600 μm respectively 

with the orange areas illustrating the distances for which the ridges were fully 

resolved (greater than 400 μm for the 200 and 400 μm wide features and greater 

than 600 μm for the 600 μm wide features). 

2.4.3.4 Analysis of the surface roughness of 3D printed inlays 

Finally, to completely characterise the features that could be realised by the 

printer, surface roughness measurements were taken of 3D printed inlays with 

no features on their surface. Surface roughness affects the transparency of the 

final devices so should ideally be as low as possible. Surface roughnesses of Ra = 

0.81 ± 0.02 μm, Rq = 1.07 ± 0.10 μm, and Rz = 4.97 ± 0.49 μm were obtained 

(mean ± standard deviation, n = 3) which is an order of magnitude smaller than 

similar 3D printed tooling for embossing described previously50. This is shown in 

Figure 2.13A. 

2.4.3.5 Analysis of the optical clarity of parts moulded from 3D printed inlays 

However, as surface roughness can be misleading as in indicator of optical 

clarity, a resolution target was used to better understand the optical quality. 

Using this, chips were able to resolve 0.28 line pairs/mm (lp/mm) however, by 

polishing the inlay prior to moulding, the chips could then resolve 128 lp/mm. 

Figure 2.11 – Measured vs. designed widths for printed features. A-C shows the measured 

widths vs designed widths for features 200, 300, and 400 μm wide respectively.  Best fit 

lines were taken from all points above 200 μm (taken to be the lower limit for width of a 
feature) and again the y-intercepts indicate the offsets required to fabricate ridges of a 
designed geometry. 
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Images of the target’s smallest features through the unpolished chip is shown in 

Figure 2.13B and the polished chip in 2.13C 

2.4.3.6 Summary of 3D printing process 

In summary:  

• Inlays should be printed face down to give the best channel profile in all 

directions. 

Figure 2.13 – Surface quality of chips moulded from 3D printed inlays. A shows how the 

roughness values are different to that of similar chips described in literature (reference 12). 
B shows the optical clarity of the chip, while C shows how this can be improved through 

polishing the inlay. Scale bars = 100 μm  

 

Figure 2.12 – Resolution of the printing process. A-C show features (200, 400, and 600 μm 

wide respectively) printed at different spacings. In all cases, features 100, 200, and 300 μm 
tall (taking into the account the above-mentioned offsets) were printed at different 
separations and the heights measured and normalised to the designed height. A value less 
than 1 here illustrates that the area between two features has filled in with resin this this 
separation is below the resolution limit for this printer. In all cases, the resolution limit lay 

somewhere above 400 μm (shown by the orange region the plots). A spacing of 500 μm was 
used for all future designs 
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• Parts should be printed with a 5o draft angle as that gives the most 

consistent channel geometries over a range of dimensions. 

• Parts should be designed 59 μm taller than required. 

• Parts should be designed 66 μm narrower than required. 

• Microchannels should be placed no closer than 400 μm to each other. 

• Channels should be polished to improve optical clarity. 

2.5 Durability of 3D printed inlays 

The injection moulding process involves high temperatures and pressures (260oC 

and 800 bar) which can lead to wear and damage to inlays used for moulding. As 

such, it was important to test the accuracy and reproducibility of micro-channels 

moulded from our 3D printed inlays as well as the durability of the inlays 

themselves. A series of ridges of varying width, height and aspect ratio were 

printed at desired dimensions accounting for the offsets and spacings 

determined above. The height and width of the channels formed on the plastic 

replicas were then measured and compared to the designed dimensions. Figure 

2.14A and B show the replication of the height and width varies over 50 shots 

respectively. Here it can be seen that shallower channels show very good 

reproducibility over the full production run while the taller channels, 

particularly those over 500 μm showed a reduction in height of 30 μm with 

subsequent shots. That is, the height of the shallower channels remained stable 

over the course of the run, while the depth of the deeper ones reduced with the 

reduction being most noticeable in the deepest channels. It was thought that the 

aspect ratio of the channels would have an effect with regards to their 

dimensional stability over the whole production run, with the lower aspect ratio 

channels showing a lower reduction in height over the course of the experiment. 

However, when the 600 x 600 μm channels (aspect ratio = 1) are compared to 

the 600 x 100 μm (aspect ratio = 6), the reduction in height from the first shot to 

the 50th remains the same (~30 μm) showing that it is the absolute depth of the 

channels, not the aspect ratio that has the largest effect on feature 

reproducibility. This also demonstrates the suitability of using 3D printed inlays 

for injection moulding high aspect ratio structures. 
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In terms of the widths, a small reduction in the width of the channels can be 

observed over most of the designs with each shot, however, this is most 

apparent in the higher aspect ratio channels with the shorter and lower aspect 

ratio channels showing excellent reproducibility over the production run. Over 

500 parts have been moulded from a 3D printed inlay with no visible signs of 

wear on the inlay or any of the parts, further highlighting the suitability of these 

inlays for mass production applications.  

To further validate this, an inlay was printed with channels 146 μm deep and 500 

parts were moulded from it. The 1st, 10th, 100th, 250th and 500th part were 

measured and this data is shown in Figure 2.14C. Here it can be seen that even 

after 500 parts have been moulded, the channel height is still within error of the 

master dimensions showing that 3D printed inlays are durable for at least 500 

parts. Photographs of the master, the 1st part and the 500th part are shown in 

2.14D, E, and F respectively.  

Figure 2.14 – Durability of 3D printed inlays. A shows how well the depth of channels is 

preserved with subsequent shots while B shows the same for the widths. C shows how the 
depth of a 146 x 200 μm channel varies over 500 injection parts while D-F shows 
photographs of the master, the 1st shot (still containing some polypropylene) and the 500th 
shot respectively. 
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As discussed in the preceding sections, 3D printed inlays can be used to reliably 

injection mould microfluidic channels as long as the steps detailed in section 

2.4.3.6 are followed, and the absolute depth of the channels is kept below 500 

μm. In terms of minimum channel size, the injection moulding process was able 

to reliably reproduce even the smallest of the channels that the printer could 

realise showing that the fabrication is limited by the 3D printing process which is 

likely to improve in the years to come. The reduction in the depth of the 

channels is likely due to the softening of the 3D printed inlay in the heat of the 

moulder and could likely be improved through more specialist resin design. 

Indeed, since this study was conducted, Formlabs made a specific injection 

moulding resin, but its resolution is limited compared to that of the clear making 

it currently unsuitable for microfluidics. 

2.6 Impact of ultrasonic welding on 3D design 

In the case of PDMS, bonding to other materials can be achieved with relative 

ease with the most common methods involving sealing against itself or against a 

glass substrate. This can be done due to the elastic nature of PDMS meaning it 

conforms to a surface and provides a moderate seal13. This sealing can be 

enhanced by first plasma treating the elastomer when higher pressures are 

required15. However, bonding of thermoplastics is not so trivial. Thermal-sealing 

involved heating the two parts and holding them together under pressure allow 

the parts to fuse together. However, the need for a long cooling stage means 

that this method is not viable for high throughput applications. Furthermore, the 

fact that the whole part needs to be heated can lead to deformation within the 

channels. A such, an alternative sealing method was sought for the injection 

moulded parts. 

2.6.1 Ultrasonic Welding for the sealing of microfluidic chips 

Ultrasonic welding is one of the most common thermoplastic bonding process 

used in industry due to its rapid, easy to automate, and cheap nature and the 

fact it required no additional materials for the fusion of parts. As such, 

ultrasonic welding complements injection moulding processes for high-

throughout, rapid manufacture of devices. During ultrasonic welding, it is 
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beneficial to use energy directors (referred to as weld seams). These structures 

act to focus the welding energy to a small, localised region of the device and 

prevent excessive deformation to the parts due to heating. Once in contact, the 

sonistrode exerts pressure and ultrasonic vibrations onto the two parts which 

heats and melts the weld seam, thus fusing the two parts together. By having 

the seam encircle the channel, a hermetic seal is formed during the fusion of the 

parts. Typically, these weld seams need to have a triangular profile which is 

difficult to fabricate with traditional silicon micromachining protocols. However, 

with 3D printing, complex 3D shapes can be incorporated into the device with 

ease thus reducing the fabrication time while simultaneously allowing for 

geometries that would be impossible to manufacture using traditional advanced 

manufacturing methods. Furthermore, the time taken to ultrasonically weld 

parts is on the order of a few seconds meaning it aligns with well with an 

injection moulding process which can produce several parts per minute. 

However, as ultrasonic welding necessitates the inclusion of weld seams, it is 

important to optimise the design of these as well as the welding parameters that 

lead to microfluidic devices with the best geometry. To do this, master for weld 

seams were printed (that is, inverse channels) to determine the minimum 

dimensions that the printer was capable of fabricating. An investigation in how 

to achieve as close to a triangular structure as possible was also conducted 

before a range of sealing parameters were analysed to find the process with the 

least impact on microfluidic geometry. The following sections detail this work. 

2.6.1.1 Optimisation of weld seam design for 3D printing 

Firstly, it was important to determine the smallest weld seam structures that 

could be achieved through 3D printing. Smaller weld seams will have a smaller 

effect on the geometry and the performance of a microchannel however if they 

are too small, and there will not enough material to seal the chip. The lower 

weld seam size limit was determined by printing a series of troughs (that would 

become ridges in the moulded part) of different depths (100 and 200 μm) and 

widths (200 – 700 μm) (defined in Figure 2.15A, with the sidewall angle defined 

in B, and an ideal trough shown in C), cleaving the part and imaging the cross 

section before measuring and comparing to the designed geometries. For 

narrower channels, the printer was not able to realise the designed shape as the 

resolution was not high enough. This resulted in features filling in which can be 
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seen in Figure 2.15D. however, for wider features, this filling in was less of an 

Figure 2.15 – Design of weld seams in 3D printed parts. A shows how the depth and 

width of the master structures for moulding weld seams from 3D printed masters. B and 
show how the side wall angle of the feature is defined, while C shows the ideal weld 

seam profile. D and E show printed trough with designed dimensions of 200 x 100 μm 
(width x depth) and 700 x 200 μm respectively. Red dotted lines show the designed 
shape of the trough. Filling in of the feature can be observed in the smaller channel, 
while the larger one is better realised. F and G show how the designed and the 
measured dimensions of these features differed from one another for features 100 μm 
and 200 μm deep respectively.  With the full depth of the features only being realised 

once the width is above 350 μm. The effect on the sidewall angle on the depth of the 
channels in shown in H shows how the side wall angle of these features affects the 
depth of a 100 μm through. I shows the same as F but for a 200 μm trough. Scale bars = 
500 μm. All points = mean ± standard deviation with n = 3. 
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issue and the troughs were able to be printed (Figure 2.15E).  By measuring and 

comparing the widths and heights of these troughs to the designed dimensions, 

the lower feature size limit can be determined. Figure 2.15D and E show the 

widths and depths of features 100 and 200 μm deep respectively. These results 

show that the narrowest trough feature that can be reliably printed is one 

designed to be 350 μm wide.  

Next, in order to achieve the desired triangular shape of the features, a series of 

troughs was printed with a range of sidewall angles. This was done in order to 

determine the most triangular channel that could be printed. The shape of these 

features with the side wall angle is shown in 2.15B with the ideal profile shown 

in 2.15C Figure 3.12F and G show the measured depths of troughs designed to be 

350 μm wide and 100 and 200 μm deep respectively. This illustrates that for 100 

μm deep troughs, the side wall angle can be increased to 15o while it can only be 

increased to 2o for the 200 μm deep ones. When the side-wall angles were 

increased above these values, the channels filled in during printing meaning that 

they were no longer the designed depth. The 15 and 2o for the 100 and 200 μm 

channels respectively were the angles that led to the most sloped side walls 

while still allowing for the channel to have its full height. This is important in 

ultrasonic welding as it means the seam will have the tallest, pointiest profile 

possible which leads to efficient energy transfer and a more reliable seal. 

Considering the design requirements set out above, channels were designed to 

have weld seams encircling them with dimension of either height = 100 μm, 

width = 350 μm, and sidewall = 15o or height = 200 μm, width = 350 μm, and 

sidewall = 2o. These parts were then moulded and plasma treated before 

inlet/outlet holes were drilled.   

2.6.1.2 Optimisation of the welding process to minimise added height 

As discussed above, the optimum weld seam dimensions were found. However, 

in order to fully optimise the welding process, the welding parameters were also 

investigated. To determine the optimum welding parameters for these weld 

seams, two different operation modes on the ultrasonic welding machine were 

considered: travel differential, and energy mode. In travel differential mode, 

the sonistrode moves a predefined distance while vibrating to fuse the parts, 

while in energy mode, the sonistrode vibrates until a certain energy has been 
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transferred to the parts. Using a travel differential of 20, 40, 60, 80 and 100% of 

the weld seam height, 10 chips were sealed at each setting and the sealing 

success was determined by filling the channels with dye and examining for leaks. 

The same was done in energy mode using energies of 5, 10, 15, 20 and 25 Ws. 

The sealing success was determined by filling the channels with dye and 

examining for leaks. As the parts had been plasma treated prior to sealing, any 

leaks meant that fluid would readily flow out of the channel and be easily 

detected by eye. Figure 2.16A and B show a schematic of the welding process 

prior to and after welding respectively while the sealing success of the 2 weld 

seam designs is shown in Figure 2.16C. Here it can be seen that the 200 μm 

seams sealed more reliably than the 100 μm ones, and that energy mode was far 

more successful in sealing the chips than travel differential. No 100 μm seams 

sealed in travel differential mode with energy mode having a 100% success rate 

for the 200 μm seams at energies over 10 Ws. However, the 100 μm seams could 

reliably seal in energy mode at 25 Ws. There are two possible mechanisms as to 

why the 100 μm weld seams did not seal reliably. Firstly, there may not be 

enough material in the seams to melt form a stable bond between the two parts. 

Secondly, the 100 μm seams are shallower, and thus less pointed that the 200 

μm seams. This means that the energy transfer into the seams takes place over a 

larger area and is thus less efficient which may result in less of the material 

melting and forming a seal. However, in order to investigate this fully, a higher 

resolution printer would be required to print weld small weld seams with the 

same aspect ratio as the larger ones and is outwith the scope of this thesis. 

As ultrasonic welding involves the melting of weld seams, the process does mean 

that the resulting microchannel has added height due to these structures. As 

such, it was important to determine how much height is added so that this can 

be compensated for in the design. Chips were sealed using the parameters 

described above before being cleaved and their cross sections imaged and 

measured. Added height was defined as the height from the bulk of the chip 

material to the foil used to seal. Figure 2.16D shows the added heights for all 

the weld seam design/ welding parameters that gave a sealing rate of above 

90%. This shows that, for the 200 μm seams, the more energy used to weld, the 

less added height in the final channel. It was though that using a smaller weld 

seam would result in less overall added height however, the 100 μm seam gave 

an added height of 50 μm compared to 28 μm for the 200 μm ones. It is thought 
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that, as mentioned before, the profile of the 200 μm seam is more pointed 

which allowing for a more efficient transfer of energy, and more of the plastic 

melting and fusing.  

It was also noted during this experiment that the weld seams were flowing into 

the microchannels during welding (Figure 2.16E). Finally, it was hypothesised 

that by placing the seams adjacent to the channels would give the best channel 

profile once sealed but this was not the case 2.16F. However, these defects 

could be compensated for, by moving the weld seams 150 μm back from the 

edge of the channel (2.16F) (designs for the adjacent weld seams and the offset 

seams are shown in Figure 2.16G and H respectively). 

Despite the weld seam designs a sealing process being optimised here, there are 

still several areas of ultrasonic welding that would merit further study to 

Figure 2.16 – Sealing success of weld seams. A shows a schematic of the welding process 

with e final welded part shown in B. The sealing success of different welding parameters 
and weld seam designs is shown in C and the added heights of the successfully sealed 

channels shown in D. Finally, E and F show cross sectional images of sealed channels 
where the weld seams were placed adjacent to the channels, and offset by 150 μm 
respectively. Red dotted boxes show the weld seams and how they fit in the final channel in 
F. G shows a schematic the weld seams adjacent to the channel while H shows the weld 
seams with a designed offset (as in F). Scale bars in E and F = 500 μm 
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completely characterise the process. Perhaps the biggest limitation is that all 

the chips sealed here were the same design – that is a small channel with 

inlet/outlets at each end. As the ultrasonic welding process relies on 

transferring energy from the sonistode to the parts, it follows that a longer 

channel, and thus longer weld seam will require more energy to seal. As such, to 

fully characterise the process, a relationship needs to be found between the 

length of the weld seam, and the sealing energy. In addition to this, the devices 

here were single layered sealing to a blank sheet of PS. In reality, many more 

interesting microfluidic devices (such as the TEER chips discussed in Chapter 4) 

rely on multi-layer architectures. As such, the process needs to be optimised for 

sealing 2 parts, both with weld to understand this fully. Furthermore, the 

method used here to determine the sealing of the chips is rudimentary. While 

the seal on the chips may be watertight, it may not in fact be airtight which 

would be a requirement for most microfluidic applications. To investigate this, 

the chips should be pressurised with air, and the air pressure recorded over time 

to make sure it does not drop which would indicate a leak in the chips. Finally, 

the design of the chips could be improved to ensure the welding process was as 

simple as possible while maintaining the geometry of the channels. Firstly, a 

tongue-in-groove style seam should be used to eliminate the issue of added 

height and material overflow from the sealing process67. This would also have 

the added benefit of aligning the chips prior to the welding thus eliminating the 

need for any manual alignment that may otherwise need done.  

2.6.2 Sealing of microfluidic devices through lamination 

As discussed above, ultrasonic welding of the chips provides a robust means of 

sealing chips. However, the main drawback is the addition of the weld seam that 

lead to extra height added to the chip and distort the initial designed shape of 

the channel. To address this, lamination was investigated as a means of sealing 

the chips. In this process, a standard heavy-duty paper laminator was used to 

head and bond a thin polystyrene foil onto the chips. This process is shown in 

Figure 2.17A. To determine the optimum lamination parameters, chips were 

sealed at different temperatures, using a different number of passes through the 

rollers, and using different pouch materials. The purpose of the pouch is to 

provide a non-stick coating that stops the polymer adhering to the rollers during 

the process while also allowing for the conduction of heat from the rollers to the 
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polymer. A plot showing the sealing success of the chips after laminating in each 

of the three pouches at different temperatures is shown in 2.17B. Each chip was 

subject to four passes to ensure that the chips sealed properly. This process was 

refined and will be discussed later. 2.17B shows that the only temperature that 

the chips sealed successfully at was 150oC although there was some success at 

170oC using the brass shims. Although there was success in bonding the two 

layers of plastic at 170oC using the Kapton and the pouch, the high temperatures 

lead to deformation of the part which result in the channels being unfillable and 

thus unusable so these chips were deemed to have sealed unsuccessfully.  

Figure 2.17 – Sealing of chips by lamination. A shows a schematic of the lamination 

process. B shows the sealing success of the chips when different temperatures and 
different pouch materials. 4 passes through the laminator for all pouch materials. C-E 
shows the optical clarity for the fibreglass pouch, Kapton, and brass shims in C – E 
respectively. F shows sealing success of the lamination process using just the Kapton 

pouch at a narrower range of temperatures and different numbers of passes through the 
laminator. G shows an SEM of a sealed channel. Scale bar = 10 mm in C-E and 500 μm in G.  
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With no real indication as to what the best pouch material in terms of bonding 

success, there was a difference in the appearance of the chips after lamination. 

2.17C-E shows photographs of the chips after sealing which give an indication of 

the optical clarity (with C, D and E showing chips sealed in the pouch, Kapton, 

and brass respectively). Here it can be seen that the texture of the pouch has 

transferred to the chip distorting the image of the text below. Although initially, 

the brass produced clear parts, the brass was imprinted with the outline of the 

chip after 10 runs so this pattern was then transferred to the chip resulting in 

the distortion shown in E. The Kapton on the other hand, did not distort the chip 

and led to parts that did not distort the image of the text even after multiple 

laminations. As such, Kapton was chosen as the optimum pouch material for 

lamination. 

To optimise this process further, chips were sealed using a Kapton pouch at a 

narrower range of temperatures than in 3.18B and by using a different number 

of passes to determine the lowest number, and thus quickest means of sealing 

the devices. This data is shown in 2.17F. Here it can be seen that none of the 

chips seal at 140oC, and that a minimum of 3 passes are required at 150 oC. 

However, as little as 2 passes resulted in 100% successful sealing at 160 and 

170oC while 3 passes at 170oC resulted in damaged chips. From this it was 

determined that the quickest, and most robust means of sealing the chips was to 

use 2 passes at 160oC using a Kapton pouch.  

Finally, a cross-sectional SEM of a chip sealed at 160oC with 2 passes is shown in 

3.17G. This shows how the profile of the channel is superior compared to the 

ultrasonically welded channels shown in Figure 3.17. Here the channels have 

little to no added height because of no extra material required for sealing. This 

also means that the designed geometry of channel sealed with lamination is 

preserved resulting in more predictable fluid kinematics when compared to 

channels sealed via ultrasonic welding. 

However, despite the creation of sealed microfluidic channels with good 

geometries, there are still several limitations to this process. Firstly, the process 

is slow compared to ultrasonic welding meaning that it aligns less well with 

fabrication through injection moulding, and also require more hands-on time 

than thermal bonding which can be left unattended for most of the sealing time. 
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Secondly, the process likely induces high thermal stresses into the parts meaning 

they are more likely to warp and the foil delaminate form the part. Finally, the 

lamination process is limited to foils as the heat needs to transfer from the 

rollers all the way to the sealing surface in a much shorter time than thermal 

bonding. This becomes an issue when multi layered parts (such as the TEER chips 

discussed in Chapter 4) are considered. 

2.6.3 Ultrasonic welding vs. lamination vs. thermal bonding for 

the sealing of microfluidic devices 

In this section, two different means of sealing injection moulded polystyrene 

chips have been discussed. Although they achieve the same goal, the two 

different methods have different properties that offer different advantages and 

disadvantages depending on the application. These considerations are detailed 

in table 2.3 with another commonly used sealing method (thermal bonding) 

included for comparison. From table 3.2, the different sealing methods have 

different advantages and disadvantages.  Ultrasonic welding proved the fastest 

seal, but at the cost of channel geometry. Lamination also provides a rapid seal, 

but the high temperatures required limit the applications when certain surface 

treatments and coatings are considered. Meanwhile, thermal bonding leaves 

channels with excellently preserved channel geometries, but at 20 mins per 

chip, may not be useful for high throughput manufacture. Additionally, thermal 

bonding also requires the whole sample to be treated (albeit to a lower 

temperature than in lamination) so certain bio-functionalisations may be 

denatured. As such, it is important to consider the final application of a device 

before deciding on a sealing protocol. 

2.7 Organoid culture in an injection moulded microfluidic 

device 

As discussed above, 3D injection moulding from 3D printed inlays allows for the 

creation of fluidic devices with channel dimensions on the order of 100s of 

micrometers. While this is larger than silicon micromachining process, this 

increase in size allows for the incorporation of organoid systems that would 

otherwise be too large for silicon micromachining. Organoids are 3D structures  
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 Ultrasonic welding Lamination Thermal bonding 

Design Features have to be 

designed into the 

master structure 

and not to interfere 

with the fluidic 

channels 

No extra design 

other than the 

channels 

themselves 

No extra design 

other than the 

channels 

themselves 

Channel 

geometry 

Extra weld seam 

material leads to 

added height in the 

channel distorting 

the designed 

geometry 

High 

temperatures 

are used so 

increased risk of 

thermal 

deformation  

No change in 

designed channel 

geometry 

Time per chip 30 s 1 min 20 mins 

Surface 

treatments 

Weld seams can 

puncture through 

surface treatments 

and still for a seal 

Surface 

treatments must 

be restricted to 

the channels as 

will not allow 

the plastic to 

fuse together – 

also, must be 

able to 

withstand high 

temperatures 

Surface 

treatments must 

be restricted to 

the channels as 

will not allow the 

plastic to fuse 

together. Must 

be able to 

withstand 

moderate 

temperatures. 
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Small features/ 

Bio-

functionalisation 

Energy is localised 

to the weld seams 

so nano-

features/bio-

functional coatings 

in the channels are 

not 

distorted/denatured 

by excess heat 

Whole sample is 

heated so nano-

features/bio-

functional 

coatings will be 

distorted/ 

denatured 

 

Whole sample is 

heated so nano-

features/bio-

functional 

coatings will be 

distorted/ 

denatured 

Table 2.4 – comparison of ultrasonic welding, lamination, and thermal bonding for the 

sealing of microfluidic devices 

 

of cells composed of the different cell types required to make up an organ. In 

the case of liver cells, the organoids were composed of hepatocytes, 

cholangiocytes, stellate cells, kupffer cells and endothelial cells. Organoids are 

organotypic in vitro models that capture the complexity and physiology of the 

organ and organ systems within the body and are thus an area of great interest 

within the OoaC community.  

As discussed in Chapter 1, the spatial organisation of cells within a tissue play an 

important role in determining the function of said tissue. Organoids are cellular 

systems that rely on the innate self-assembly of cells during embryogenesis to 

create complex tissue architectures that better capture human physiology. 

Defined as “a collection of organ-specific cell types that develops from stem 

cells or organ progenitors and self-organises through cell sorting and spatially 

restricted lineage commitment in a manner similar to in vivo”, organoids 

represent a new model systems for biological research183. In short, through 

aggregation of stems cell which are then guided down specific differentiation 

pathways with the introduction of specific growth factors, the cells grow in a 

manner that mimics growth during embryogenesis. As such, the cells organise 

and continue to differentiate as they would in an embryo and self-assemble into 

3D structures that resemble organs during early organogenesis. These organoids 

can then provide a more complex in vitro tool that acts as a link between 

monocultures of cell lines that lack the tissue-tissue interactions seen in the 
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body, and animal models that, while complex, often fail to capture physiology 

that is unique to humans70,184. Additionally, organoids provide a human specific 

means of studying organ development in vitro. Furthermore, as organoids can be 

derived from adult stem cells, they can be manufactured to contain patient 

specific mutations that allow for patient specific toxicology and drug 

screening185. This was demonstrated by Hans Clevers who took adult stem cells 

from a cystic fibrosis patient with a rare mutation and was able to test the drug 

Kalydeco on gut organoids derived from these cells186. Upon seeing that the drug 

was effective in treating the symptoms of this rare mutation in vitro, the drug 

was given to the patient whose symptoms have alleviated highlighting the power 

of organoids for personalised medicine. It has also been shown that through 

CRISPR-CAS9 gene editing, organoids with specific mutation can be corrected 

for, further demonstrating their potential as a model for disease and therapy 

testing187. Due to the enormous potential of organoids as a model system, 

various tissue specific organs have been demonstrated such as the intestine188, 

brain189, kidney190, liver191, and retina192.  

Alongside organoids, OoaC devices are chips that better mimic human physiology 

compared to traditional 2D cell culture techniques. As such, it is thought that by 

integrating the two technologies a more accurate drug screening model 

compared to standard cell culture techniques can be created, thus alleviating 

the current bottle-neck in the drug development pathway. As organoids 

represent more physiological relevant cell systems by coupling them with 

microfluidic systems mimicking nutrient supply, concentration gradients, and 

fluid flow, organoid-on-a-chip systems can be made with the potential to better 

replicate human physiology than static 2D and 3D culture techniques. These 

more accurate devices could then be used to screen compounds during pre-

clinical development in a more efficient manner than the current drug 

development process. 

Despite being such a nascent field, several attempts have been made at creating 

organoid-on-a-chip devices. Zbinden et al. created a hydrodynamic flow trapping 

device which allowed for the trapping of discrete pancreatic islets193. Once the 

organoids were trapped, the response to glucose stimulation was studied proving 

a pancreas-on-a-chip model for diabetes research. Achberger et al. also coupled 

microfluidic technologies and organoids however, this time using a membrane to 
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separate a culture of retinal pigment epithelium and retinal organoids from the 

media flow and nutrient supply and provide vasculature like perfusion of 

nutrients194. With this model, the side effects of certain drugs were reproduced 

highlighting the power of organoid-on-a-chip systems for drug screening. Homan 

et al. also created an organoid-on-a-chip device however, they cultured kidney 

organoids on a 3D printed microfluidic chip. This allowed for vascularisation 

similar to that seen in embryonic development showing how these chips can 

create accurate models of human physiology. However, as is the issue with other 

microfluidic technologies, the reliance on PDMS, or similar silicone elastomers as 

a material for these chips come with the aforementioned issues of small 

hydrophobic molecule absorption meaning it is impossible to predict the 

quantities of a compound actually making it into the tissue. Furthermore, the 

size of organoids also presents an issue when trying to couple them with existing 

microfabrication techniques. 

With the size of organoids ranging from ~10s to 100 μm in diameter, any devices 

manufactured have to also be on this length scale. While fluidic devices have 

been made to accommodate these larger cell constructs193, they often require 

complex multistep photolithography procedures which are not then amenable to 

mass manufacture. However, with injection moulding from 3D printed inlays 

channels with depths of 100s of micrometres can easily be fabricated and 

produced in bulk. To demonstrate the use of 3D printed inlays for organoid-on-a-

chip applications, a simple 300 x 300 μm fluidic channel connecting an inlet and 

an outlet were fabricated. However, the channel had a constriction at one end 

lowering the depth of the channel to 100 μm. This constriction meant that 

organoids got trapped and held in the chip, but media was still able to flow 

around the cells to supply nutrients. Again, this complex 2.5D geometry would 

be very difficult to fabricate using other manufacturing methods (this requires at 

least two photolithography steps), but with 3D printing, it is a simple, 1-step 

process. Furthermore, the incorporation of this 2.5D geometry with the 3D 

geometry of the weld seams is something that only 3D printing can fully capture 

in a single fabrication step. A schematic the chip made here is shown in Figure 

2.18A. Once the organoids were loaded into the chips, tubing was connected and 

media was supplied to the chips from a syringe pump at a rate of 100 μl/hr. Cells 

in different chips were stained after 1, 3, and 7 days with an additional chip 

stained with a live dead stain after 1 day but with no media (no flow) supply 



80 

 

acting as a negative control. These fluorescent images can be seen in Figure 

2.18C-E showing the organoids after 1 day with no flow, 1, 3 and 7 days with 

flow respectively. Here it can be seen that after one day with no flow of media, 

the cells in the organoids are predominantly alive however, there is a higher 

number of dead cells compared to the others. The organoids supplied with 

flowing media showed a minimal number of dead cells, showing that the 

organoids stayed healthy after seven days in the chip. This ability to maintain 

cell viability for prolonged periods of time highlights the attractiveness of 

polystyrene microfluidic chips, and the fact that such a chip was simple and cost 

effective to manufacture at the length scales required, show a usable example 

of microfluidic chips moulded from 3D printed inlays. 

2.8 Conclusions 

In this chapter, a new method of fabricating injection moulded microfluidic 

devices has been developed. It was found that the standard clear resin was more 

suited towards an industrial injection moulding process than the high temp resin 

when using a commercially available Form2 printer. With this process, features 

as small as 100 x 200 μm could be realised with a minimum spacing of 500 μm. 

Although these features are relatively large compared to most microfluidic 

Figure 2.18 – Liver organoid-on-a-chip. A shows a schematic of the device consisting of a 

300 x 300 μm channel, with a 100 μm contraction. B shows the viability of the organoids 
(calcein = green, propidium iodide = red) after 1 day with no media flow. C to E respectively 
shows the organoids after 1, 3, and 7 days with media flowing at a rate of 100 μl/hr. Scale 

bars = 300 μm 
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devices however, the dimensions are limited by the 3D printing and not the 

injection moulding process so can be expected to be lowered as printers become 

more capable. Furthermore, it was shown that the fidelity of the features 

remained good for a 500 part production run when shallower channels were 

considered. When deeper channels (larger than 400 μm) were moulded, there 

was a reduction in height with subsequent parts showing some limitations of this 

process. It was also shown that the roughness of parts moulded directly from the 

3D printed inlays meant that their optical clarity was insufficient when 

microscopy of cell cultures was considered. This optical quality could be 

improved vastly however, by simply polishing the inlay prior to moulding. 

Post-injection moulding, ultrasonic welding was utilised to seal parts and create 

functional microfluidic devices. It was shown that weld seams – structures 

difficult to fabricate with traditional manufacturing techniques – could easily be 

incorporated into the design of the chips. The design of energy directors for 

ultrasonic welding was optimised showing that features as small as 350 x 100 μm 

could be printed and used to seal the device, however, more reliable sealing was 

seen with larger energy directors (350 x 200 μm) while the ultrasonic welder was 

in energy mode. Lamination as a means of sealing was also investigated and it 

was discovered that sealing could be achieved using as little as 2 passes through 

the laminator. Different lamination pouches were also considered with Kapton 

performing best in terms of optical clarity. In addition, devices were fabricated 

with the aim of maintaining an organoid culture under flow of media. These 

chips consisted of channels with differing depths and dimensions which would 

have been difficult to fabricate through other methods. 

Furthermore, the time frame of this fabrication process is also an important 

point of discussion. CAD modelling of the device takes approximately 1 hr, and a 

typical inlay takes 2.5 hrs to print, wash, and cure. To prepare the injection 

moulder and run 50 parts takes a further 2 hrs, while an additional 30 mins is 

required to drill inlets/outlets and seal the chips. Thus, a total time of 6 hrs is 

needed to completely fabricate a large number of chips from scratch, meaning 

that devices can be designed, manufactured, and tested within one working day. 

As such, multiple iterations of a device can be tested rapidly in line with the 

rapid prototyping approach often used in microfluidics research. While 

techniques such as soft-lithography also allow for the rapid turnaround of 
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microfluidic devices, the reliance on PDMS means that devices have unwanted 

properties such as small molecule absorption, deformation under flow, or a short 

shelf life. Moreover, the translation of PDMS chip into mass-producible devices is 

difficult due to the differences in the fabrication protocols. For example, the 

conformal sealing of PDMS devices means that the bonding of materials is often 

overlooked in the prototyping phase. The use of PS in the injection moulded 

chips eliminates these drawbacks while also allowing prototypes to more closely 

resemble the final product. Furthermore, as 500 parts can be made from a single 

mould, this technique technique can be used in semi-industrial applications. 

In addition to the throughput and material considerations, the increased 

dimensions of the 3D printed inlays means that devices are better suited to 

organoid cultures where channels with larger cross-sectional areas are required. 

The fact that complex biological structures can be maintained in these devices 

illustrates how such chips can be used for OoaC research and pharmacological 

applications. 

With the above considerations in mind, injection moulded microfluidic chips 

moulded from 3D printed masters and sealed through ultrasonic welding were 

used for the future microfluidic experiments in this work. 

In summary, injection moulding of microfluidics using 3D printed inlays combines 

low cost, rapid-prototyping with high-throughput, industrial scale manufacture 

in a manner that is unparalleled by existing processes.  

 

 

 

 

 

 



83 

 

Chapter 3 - Oxygen Detection and Control in 

Microfluidic Devices 

3.1 Introduction 

As mentioned Chapter 1, microfluidics have been implemented to supply 

nutrients and remove waste from in vitro cultures to better mimic the blood 

supply in vivo. However, this supply of nutrients and removal of waste are not 

the only factors that need to be captured for a microfluidic device to emulate 

human physiology. Firstly, the complex structure of human tissue needs to be 

replicated with tissues composed of the multiple cell types capable of carrying 

out all the functions of a human organ. For example, the human liver consists of 

not only hepatocyte cells that carry out the main functions of the liver, but also 

cholangiocytes, stellate cells, kupffer cells and endothelial cells which support 

the main function of the liver as well as providing structures for the transport of 

nutrients, nervous support, and waste removal.  

However, alongside this biological complexity, the microchemical environment 

must also be recapitulated if any organ-on-a-chip device has a chance of fully 

capturing human in vivo conditions. The supply of specific nutrients and 

hormones to specific regions of the body inform organ development and cell 

phenotype as well as genotype during organ development. For example, 

different Wnt expression and signalling within the developing spinal cord are 

thought to drive the development of the brain as well as further development of 

the spinal cord itself. With this in mind, many studies have been conducted using 

differing concentrations signalling molecules to drive the differentiation of cells 

into more functional units. With this in mind, it is beneficial for OoaC devices to 

not only capture the diversity of cell types found within an organ, but also the 

chemical environment they are subject to in the body. As such, there has been a 

great deal of research showing how these gradients can be formed, and 

maintained by the low Reynolds/peclet number flows found within microfluidic 

devices. As mentioned in Chapter 1, oxygen is of particular interest in the life 

sciences, not just for the maintenance of metabolic function within living cells, 

but oxygen is also thought to drive the differentiation of cells towards different 

functionalities in organs such as the liver195. As such, various approaches have 
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been taken to create microfluidic devices that subject cells to gradients in 

oxygen concentration. A summary of these devices is given below: 

Perhaps the in their simplest form, microfluidic devices that subject cells to 

oxygen gradients consist of a cell culture chamber, an inlet and an outlet. Cells 

located nearer the inlet experience higher concentrations of oxygen and other 

nutrients than those nearer the outlet – mimicking the physiology of that of the 

liver. This approach has been used by a variety of researchers, mainly with a 

focus on liver zonation88–91. The permeability of PDMS to gasses has also been 

used as a means of setting up oxygen gradients in microfluidic devices. In one 

approach, a channel carrying O2 gas is run alongside the cell culture area and 

the O2 diffused through the PDMS and into the cell culture chamber creating a 

gradient of increasing oxygen concertation with increasing proximity to the gas 

channel. With this approach, researchers have differentiated human pre-

hepatocytes in a chamber with a O2 channel running alongside it creating a 

continuous oxygen gradient similar to that seen in vivo92,93. Finally, microfluidic 

gradient generators have also been used to set up gradients across liver cells. 

These chips utilise many layers of mixing from two discrete inlets to generate a 

smooth gradient in the cell culture chamber. This approach has been used in the 

modelling of non-alcholoic fatty liver disease where gradients of both oxygen as 

well as other molecules were generated95. This generation of gradients in 

molecules other than oxygen shows the flexibility of this technique when 

compared to those mentioned above. The above devices highlight the 

importance of control over dissolved oxygen concentration within microfluidic 

devices however, all the approaches mentioned above suffer from one of two 

drawbacks. Firstly is their reliance on PDMS meaning they cannot be used for 

drug screening application due to the issues discussed in Chapter 1, and secondly 

is that there is no verification of the oxygen concentration in the device other 

than simulations or analytical mathematical models which may not be 

representative of the true distribution of oxygen within a device. 

With regards to the first point, culture in microfluidic chips other than PDMS has 

been avoided due to perceived issues with gas permeability. That is, without 

oxygen diffusing into the chips through the material, normoxic conditions cannot 

be maintained leading to cells being cultured under non-ideal conditions. So far, 

there has been few documented studies into the distribution of oxygen within 
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thermoplastic microfluidic devices other than the development of oxygenation 

chips to allow for gasses to diffuse into the flowing media prior to it entering the 

main cell culture device196. This lack of understanding about oxygen in 

thermoplastic microfluidic devices acts to hinder their uptake in the life 

sciences.  

3.1.1 Existing O2 sensors 

In order to fully understand how oxygen is distributed throughout microfluidic 

devices however, sensors capable of spatial detection of oxygen must be 

incorporated into the device so that a true readout of O2 concentration can be 

obtained and then used to verify results from simulations. As with control of 

oxygen, there have been a variety of attempts to create oxygen sensors 

compatible with microfluidic technologies. These range from commercially 

available options197 to those presented by researchers such as the platinum 

based sensor described by Volker Nock et al.96. However, such sensors rely on 

complicated fabrication protocols that do not align with the injection moulding 

procedure described in Chapter 2. As injection moulding produces a part every 

30s, there is a need for an oxygen sensor that can be integrated into a 

microfluidic device rapidly so that the manufacture of such devices remains fast. 

Furthermore, as most options for oxygen sensing are point based, they are 

limited in detecting the gradients that drive many processes in the body.   

3.1.2 Aims 

As discussed above, the ability to measure and control the O2 concentration 

inside microfluidic devices is beneficial to many areas of life science research. 

Current means of doing this however, are not compatible with a high throughput 

injection moulding process as they take too long and require specialist clean 

room fabrication techniques. As such, the aims of this Chapter are detailed 

below: 

• Demonstrate the difference in O2 concentrations within PDMS and PS 

microfluidic devices and how this concentration can be leveraged to 

provide ample supply of O2 to the cells 
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• Development of an O2 sensor capable of resolving spatial information of O2 

concentration in PS microfluidic chips. Fabrication of such a sensor should 

be fast enough to align with the manufacture of chips by injection 

moulding (one part every 30s) while still providing sensitive detection of 

oxygen at concentration relevant to human physiology (0-20%). 

• Analyse the performance of the oxygen sensor for the spatial detection of 

oxygen within PS microfluidic chips. Conduct further analysis showing the 

temporal resolution of the sensor with the aim of providing real time, 

spatial readouts of oxygen concentration. 

• Compare the performance of the oxygen sensor to those previously 

described in the literature.  

3.1.1 Overview of chapter 

This Chapter documents the analysis of oxygen concentrations within PDMS and 

PS microfluidic devices. It also describes how the properties of the PS devices 

can be leveraged to provide enough supply of nutrients to the cells while also 

allowing for control over the dissolved oxygen concentration within the chips. 

Firstly, it documents the materials and methods used for this work, as well as 

details on the development of a new oxygen sensor (based on pressure sensitive 

paint (PSP) used in the aerospace industry). Analysis of the sensitivity of the 

paint as an oxygen sensor is presented, as well as experimental data showing 

how the PSP can be used to provide spatial information of the oxygen within a PS 

microfluidic device. This experimental data is also compared to simulated data 

to further validate the usefulness of the PSP oxygen sensor. The temporal 

resolution of the PSP with regards to oxygen sensing has also been shown and the 

performance and fabrication protocol of the PSP oxygen sensor is compared to 

previously described oxygen sensors. Parallel to this, the Chapter also details the 

development of the hardware required for optical sensing using the PSP. This 

includes a bench top set up based on a microscope that allows for both 

spectroscopic data.   

3.2 Materials and methods 

As discussed in Chapter 1, determining the oxygen concentration inside a 

microfluidic chip is important when creating OoaC devices to mimic organs such 
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as the liver. To accomplish this, an oxygen sensor that could be rapidly 

incorporated into injection moulded fluidic chips was developed. Details on how 

the sensor was integrated into the chips and how this was used to measure the 

oxygen concentration are given here. Also given are details on how a 

commercially available oxygen sensor was used to calibrate the newly fabricated 

one as well as details on how the gas permeability of PS vs PDMS chips was 

demonstrated. The oxygen gradients within the chips were also simulated and 

details on how this was done are also given. 

3.2.1 Measurement of gas permeability of PDMS and PS 

As discussed in Chapter 1, a perceived issue with the use of PS fluidic chips for 

OoaC applications is the lack of gas permeability when compared to materials 

such as PDMS. To illustrate this, PS and PDMS chips were fabricated with the 

same geometry and Presens dots (Presens, Norway) were included into the chips 

prior to sealing. Madin-Darby canine kidney (MDCK) cells were seeded into the 

chips at a density of 2,500 cells/cm2. The inlets and outlets to the chips were 

then sealed using parafilm to ensure that only gasses diffusing through the bulk 

material were able to reach the media. The O2 concentration was measured 

daily for 5 days. 

To try and improve the oxygenation in the PS chips, an oxygenator chip was 

fabricated. This consisted of an injection moulded microfluidic chip, only 

instead of welding to a blank PS slide to seal it, it was welded to a PS foil 

(Goodfellow, UK) which had been laser cut to provide a hole over which a 0.4 

μm (Steriltech, UK) pore size, hydrophobic PET membrane was glued. The 

principle here is that the pores are small enough for liquid to not pass through 

but large enough to allow for the free diffusion of gases. This is shown in Figure 

3.6. Blunt tipped needle connectors were then added to the chip so that it could 

be connected in series before a cell culture chip. Again, MDCK cells were seeded 

at a density of 2,500 cells/cm2 before media was flowed through the chips at a 

rate of 100 μl/hr. The oxygen concentration was measured daily. Chips were also 

set up without an oxygenator, and also without cells to act as controls.  
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3.2.2 Sensor fabrication 

The oxygen sensor developed in this work is based on pressure sensitive paint 

(PSP) (Innovative Scientific Solutions, Inc, US). This paint consists of the 

fluorescent molecule, platinum tetra (pentafluorophenyl) porphyrin (PtTFPP) 

immobilised in a range of solvents (full details are discussed in section 3.4.2)198. 

This PtTFPP molecule fluoresces (excitation = 405 nm, emission = 650 nm) 

however this fluorescence is quenched in the presence of oxygen (as per 

equations 1.5, 1.6, and 1.7). The PSP comes in a spray can meaning that 

application of the paint to the chips is fairly quick and simple. To apply the 

paint, the chips were masked leaving only the area to be coated exposed. The 

chips were masked using either a laser cut 200 μm thick PS foil (Goodfellow, 

UK), or using masking tape that had been cut with a scalpel to expose the area 

of interest (3M, US). The paint was then sprayed onto the chip taking care to 

allow the paint to spray for a few second prior to covering the chips to ensure an 

even coat free of any particulate that built up around the nozzle when the paint 

was not in use. The can was held ~20 cm from the chips and the spray was 

passed over the chips 3 times. This ensured that every part of the unmasked 

area was coated. Once painted, the chips were allowed to dry at room temp for 

10 mins before the masks were removed. The chips were then baked at 80oC for 

2 hrs to remove the solvents ensuring a more stable sensor. The benefits of the 

baking process is discussed in more detail in section 3.4.2.1. Once the chips 

were cool, they were ultrasonically welded to a blank PS slide and had fluidic 

connectors added (blunt tipped needles). 

3.2.3 PDMS chip fabrication 

Alongside the injection moulded PS microfluidic chips, PDMS chips were also 

created with the purpose of highlighting the difference in the permeability to 

gases between the two materials. To fabricate the PDMS chips, master 

structures were 3D printed, washed and cured according to section 2.2.1. 

Meanwhile, PDMS (Sylgard 184, Dow Corning, US) was mixed at a ratio of 10:1 

(w/w, bulk:curing agent) and placed under vacuum to degas. This meant that all 

the bubbles were removed from the mixture which could lead to defects in the 

final part. Once all the bubbles had disappeared, the mixture was removed from 

the vacuum and poured over the master structures before being placed back in 
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the vacuum to degas once more. Once all the bubbles had been removed, the 

parts were placed in an 80oC oven for 2 hrs to allow the PDMS to cure 

completely. After the curing, the PDMS was carefully peeled from the 3D printed 

master before inlet and outlet holes were cut with a 0.5 mm biopsy punch. Once 

the holes had been cut, the parts were placed under an O2 corona and in order 

to increase the surface energy of the material and thus increase the strength of 

the bond. The PDMS was then pressed firmly against a plasma treated injection 

moulded PS blank slide to create the device. A schematic of this process is 

shown in Figure 3.1. 

3.2.4 MDCK cell culture 

MDCK cells were used for experiments as they are easy to handle and, with a 

doubling time of 24 hrs, would allow for rapid biocompatibility experiments. 

MDCK cells were cultured in a media composed of Dulbecco’s Modified Eagle 

Media (DMEM), + glucose, pyruvate, and glutamine (Thermofisher), along with 

10% (v/v) FBS and 1% penicillin streptomycin. The cells were grown in T25 flasks 

until almost confluent before they were passaged and seeded at a lower 

confluence, or used in experiments. Suspended cells were pipetted into the 

chips and allowed to attach to the surface for at least 2 hrs before any flow was 

introduced. This prevented the cells from being washed away before they had a 

change to attach. For experiments in well plates, cells were simply pipetted into 

the well along with the desired volume of media. The seeding density varied 

between experiments and is stated where appropriate.  

To image the cells, phase contrast micrographs were taken using an EVOS FL1 

imaging system (Thermofisher) with either 10x, or 20x objectives. Cells were not 

stained for the work in this section. 

3.2.3 Readings from the PSP sensor 

To measure the emmitance of the PSP and thus the oxygen concentration of a 

solution, a Nikon microscope was altered in order to contain the light source 

necessary for the 405 nm excitation, as well as having all the filter necessary to 

protect the user from this high energy light. A schematic and a photograph of 
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this set up are given in Figure 3.2A and B respectively, while a list of the 

components required are given in table 3.1. 

The 405 nm LED was included to provide the excitation light for the PSP and the 

condenser lens was used to focus the LED light onto the sample. The mirror 

diverted the LED light up and into the existing light path of the microscope. The 

3D printed mirror mount was designed to hold the mirror mount in place above 

the existing light path of the microscope. This part is shown in 3.2C. A 2.5x 

objective (Microplan, UK) was used to image the chip while a long pass filter was 

added above the objective in order to prevent any harmful 405 nm light from 

reaching the eyepiece of the set up and to filter this out so that only the 650 nm 

light was being imaged. This filter was held in place in a custom-made filter 

mount (3.2D) which fitted into the existing filter cube mounts on the microscope 

(3.2E). For spectral analysis, the spectrometer was used, whereas the eyepiece 

camera (controlled using Spinnaker software (FLIR, US)) was used to obtain 

images of the chip. 

Figure 3.1 – Soft lithography process. A shows a schematic of a 3D printed master 

(yellow) with a relief pattern of the desired structure. B shows how the PDMS (blue) is 
poured over the inlay while C shows how the PDM spreads over the part and is cured at 

80oC for 2 hrs. Once cured the PDMS is peeled from the master (D), before being sealed 
against a blank PS slide (E). 
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3.2.3.1 Calibration of the PSP sensor 

To calibrate the fluorescence intensity measurements from the PSP with respect 

to oxygen concentration, the spectrometer readings from the PSP at a range of 

oxygen concentrations were compared to the readings from a commercially 

available sensor. To do this, a plastic petri dish was sprayed with a 1 cm2 region 

of PSP on its base. A Presens dot (SP-PSt3-NAU-D5-YOP, Presens, Norway) was 

also stuck to the base of the dish. Nitrogenated water was created by bubbling 

Nitrogen through DI water for 5 mins. Once the water was added to the dish, an 

emission spectrum from the PSP was recorded as well as the oxygen 

concentration measured from the presens dot using a Fibox 4 meter (Presens). 

Over time, oxygen from the air diffused into the water, slowly increasing the 

oxygen concentration. To expedite this process, air was bubbled  

Figure 3.2 - Microscope setup for PSP based oxygen sensing. A shows a schematic of the 

light path with all the various components while B shows a photograph of the setup. C 
shows the 3D printed filter cube mount. D Shows a photograph of the long pass filter in the 

custom filter mount, while E shows this mount installed in the exisiting filter cube holders 
on the microscope. Scale bars = 30 mm in C, and 25 mm in D and E. 
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Part name Supplier 
Part number (if 

applicable) 

Microscope Nikon 

 

 

405 nm mounted LED 

 

Thorlabs M405L4 

Ø1" Shortpass Filter, Cut-Off Wavelength: 

500 nm 

 

Thorlabs FES0500 

 Ø1" Longpass Filter, Cut-On Wavelength: 

600 nm 

 

Thorlabs FEL0600 

SM1-Threaded 30 mm Cage Plate, 0.35” 

Thick, 2 Retaining rings, M4 Tap 

 

Thorlabs CP33/M 

30 mm Cage Cube-mounted UV-Enhanced 

Aluminium Turning Mirror, 8-32 

 

Thorlabs CCM1-FO1/M 

Blackfly S 

 

FLIR BFS-U3-32S4M 

Lens 

 

Thorlabs  

Spectrometer Ocean Optics 

 

 

3D printed mirror mount 

 

Custom  

3D printed lens holder 

 

Custom  

Table 3.1 – Required items for PSP oxygen sensing hardware. Supplier = custom indicates 
that parts were designed and 3D printed in-house  

 

through the water using a Pasteur pipette. A schematic of this set up is shown in 

Figure 3.3. Readings were taken every minute until the oxygen concentration 

was observed to plateaux. The photon count measured at 650 nm for each of the 

oxygen concentrations was plotted against the readings from the Presens meter 

to create a calibration curve. 
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3.2.3.2 Spatial analysis of dissolved oxygen 

To demonstrate the ability of PSP to resolve the spatial distribution of oxygen 

within a microfluidic chip, a Y-channel design (shown in Figure 3.4A) was made 

with a region of PSP just after the union of the two inlet channels. One inlet of 

the chip was supplied with water at a flow rate of 200 μl/hr that had been 

allowed to sit uncovered to ensure the O2 concentration was at atmospheric 

levels, while the other inlet contained water with 0.13% w/v Na2SO4 and 13 μMol 

Co(NO3)2 to scavenge the dissolved oxygen and give a solution close to 0% (also 

at a flow rate of 200 μl/hr). This reaction is commonly used to create a low O2 

solution95. The concentrations of the two solutions used were verified with the 

Presens sensor to calibrate the measurements from the PSP. The eyepiece 

camera was then used to take an image of the chip. The flow rate in the low 

oxygen channel was then increased to 400 μl/hr and left to equilibrate for 5 

mins before another image was taken This was repeated for flow rates of 600, 

800 and 1000 μl/hr in the 0% O2 inlet. The 0% channel was then turned off, and 

the chip was allowed to fill with just fluid from the high O2 channel and an 

image of the PSP under these conditions was taken to subtract from the other 

images to remove the background. The mean grey values of the images were 

Figure 3.3 – Experimental details of PSP oxygen sensor calibration. Figure 4.2 Shows a 

schematic of the calibration of the PSP O2 sensor. A petri dish with a PSP dot and a region 
of PSP on the bottom was filled with nitrogenated water. Readings were taken 
simultaneously from the Presens meter and the spectrometer reading the PSP as air was 

bubbled through the water to slowly increase its dissolved oxygen concentration. 
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plotted with respect to their location in the x-direction to give a plot of the 

oxygen gradient. This analysis process is summarised in 3.4B, C, and D.  

3.2.3.3 Temporal analysis of dissolved oxygen 

Alongside the spatial resolution of the PSP, the temporal resolution is also 

important when it comes to monitoring how the oxygen concentration changes 

with respect to time. To analyse this, the same Y-channel design as used for the 

spatial analysis (Figure 4.3) was used. In this instance however, the channel was 

first filled with a 0% O2 solution and a video of the chip was recorded with no 

flow. After 10 s, the high O2 solution was forced into the chip before the video 

was stopped after 40s. The same image analysis as used for the spatial analysis 

Figure 3.4 – Experimental details of the spatial analysis of oxygen using PSP. A shows the 
geometry of the chip used for these experiments with the red dotted line indicating where 
the mean grey values were recorded from. B and C show the raw images from the eyepiece 

camera of the channel with a gradient and with just the high O2 solution respectively. D 
shows an image of the gradient image minus the high O2 image so that the effects of 
uneven illumination are eliminated from the analysis of the PSP. The red dotted line 
corresponds to the red dotted line in A and shows where the mean grey values were 
measured from. Scale bars = 1 mm.    
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of the PSP was used here on each frame of the video. The mean grey value of 

the PSP was then plotted with respect to time. The response time was 

calculated by measuring the time from when the high O2 solution was forced into 

the chip to the point at which fluorescent intensity from the PSP reached its 

peak value. Curve fitting was done using a least squares regression on Python. 

3.2.5 COMSOL simulations 

COMSOL simulations (carried out by Pedro Duarte Menezes) were conducted to 

give an analytical basis for what the gradient inside the fluidic chips should look 

like. The simulations were created using COMSOL’s computational fluid dynamics 

(CFD) module. This utilises the Navier-Stokes equation for the conservation of 

mass and momentum. COMSOL’s Transport of Diluted Species modules was used 

to model the diffusion of molecules in accordance to Fick’s law. The simulated 

channels were created to have the same geometry as the chips used for the 

experimental readings with the flow rate at both inlets set to provide a constant 

flow rate with the walls being impermeable and having a no-slip boundary 

condition. The fluid was defined as water (dynamic viscosity = 0.6965 mPas, 

density = 993.30 kg/m3)199 with a dissolved oxygen concentration of 20% in the 

left channel, and 0% in the right. The diluted species simulated as O2 with a 

diffusion coefficient of 3.35 x10-9 m2/s200. Full details of how the simulations 

were carried out have been described by Menezes et al.201. 

3.3 Permeability of polystyrene vs PDMS 

As mentioned previously, the cells behave differently when introduced to 

environments with different levels of O2. As such it is important to know what 

the O2 concentration within a given microfluidic device is so that the cells are 

not subject to increased or decreased O2 levels that could cause undue harm or 

stress to them. As stated above, one of the concerns with using PS devices 

instead of PDMS is the lack of permeability to gas. As PDMS has a much higher 

gas permeability than PS (~2000 μm2/s202 in PDMS compared to ~2 μm2/s203 for 

PS) PS is thought to be an unsuitable material for microfluidic chips as the 

oxygen required for healthy metabolism will not be able to diffuse into the chip, 

and waste gases (CO2) will not be able to diffuse out. To illustrate this, identical 

chips manufactured in both PS and PDMS were fabricated. In brief, the PS chips 
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were fabricated according to the protocol described in Chapter 2 wherein a 3D 

printed inlay is used for injection moulding. A Presens dot was then stuck to the 

roof of the channels before the devices were sealed through ultrasonic welding 

to a plasma treated, injection moulded blank PS slide. The PDMS chips were 

made using a soft lithography processes. PDMS devices were fabricated as per 

section 3.2.3. A schematic of this experimental setup is shown in Figure 3.5A. 

Once assembled, devices were then seeded with MDCK cells before then the 

inlets and outlets were sealed using parafilm. This was done so that the cells 

would not be supplied with any O2 that was dissolved in any media supply, just 

the O2 that was able to penetrate the chips. As described previously, PDMS has a 

much higher gas permeability compared to PS so the PDMS chips should be able 

to maintain a more normoxic environment for longer. After the inlet/outlet were 

sealed, the oxygen concentration was measured every day over the course of 4 

days and this data is shown in 3.5B. 

Here it can be seen that although both chips start out with a similar O2 

concentration, after day one, the concentration in the PS chip begins to drop 

where it settles around day 2. After this time, it was thought that the cells died 

from a lack of nutrients and thus did not use up any more of the oxygen in the 

media in the chip. Meanwhile, the oxygen concentration stayed stable for all 4 

days in the PDMS chip indicating that the cells were receiving O2 not just from 

what was already dissolved in the media, but were also receiving oxygen that 

had diffused through the PDMS. This highlights the previously held fears that 

without the diffusion of gases through the bulk material, PS devices cannot 

maintain a normoxic environment for cells to grow in. 

However, it should also be noted that in this experiment, the devices were not 

removed from the incubator before the oxygen concentration measurements 

were taken. Assuming that the time between opening the incubator door and 

measuring the oxygen concentration was not long enough for the media in the 

PDMS device to equilibrate to atmospheric oxygen concentrations (~21%), then it 

would be expected that the oxygen concentration in the devices should only be 

as high as the oxygen concentration in the incubator (when using 5% CO2, the 

oxygen concentration is around 18.6%204). However, as seen in 3.5B, the 

measured oxygen concentration in the devices is as high as 23% in some 

instances which is not only higher than what would be expected from media in 
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an incubator, but higher than we would expect from media in normal 

atmospheric conditions. This spurious data points to there being something 

wrong with the experimental setup when these experiments were conducted and 

that valid conclusions cannot be drawn. The possible causes are discussed below. 

Firstly, it could be the case that there was an issue with the CO2 supply to the 

incubator. If there was no CO2 to displace the oxygen, then it could be expected 

that the oxygen concentration would be higher in the incubator, and thus higher 

in the cell media. However, the incubator used for in these experiments has an 

alarm that warns the user when the CO2 level is outside of normal conditions, so 

Figure 3.5 – Oxygenation of PDMS and PS microfluidic devices. 4.1A shows an experimental 

schematic of the PDMS or PS devices used in the experiments. The chips were the same 

geometries and both included a Presens dot on the roof of the cell culture chamber in order 
to determine the oxygen concentration of the media. B shows how the oxygen 
concentration changes with time in completely sealed PDMS (orange) and PS (blue) chips. 
Error bars = max/min values with n= 2. 
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it is unlikely that the oxygen concentration would have been higher than 20% in 

the incubator for as long as 5 days. Also, in the absence of CO2, the oxygen 

concentration would only reach atmospheric oxygen concentration, and not the 

22% O2 that was observed. 

Another cause is improper measurement of the O2 concentration. As mentioned 

in Section 3.2.1, a Presens sensing system was used to measure the O2 

concentration in the devices. It could have been the case that the sensing dots 

were not properly attached to the cell culture devices meaning that there could 

have been an error introduced into the measurements. Furthermore, the Presens 

meter uses a polymer optical fibre as a sensing probe. Damage to this fibre, or 

damage to the tip that interfaces with the device could also provide a source of 

error into the measurements. Finally, as Presens offers a variety of different 

sensing “dots” that could be placed inside the device, it may have been the case 

that the sensor was expecting a different dot, to the one that was used in these 

experiments which in turn, could have led to the results seen in figure 3.5. 

3.3.1 Further analysis of O2 concentrations in PS devices 

As PS has been reported to be an unsuitable material for microfluidic cell culture 

application due to its lack of O2 permeability which results in the creation for a 

harmful environment for the cells, a study was conducted to better understand 

the oxygenation of PS devices. Here a commonly used strategy to overcome the 

issues associated with a perceived lack of oxygenation was utilised. The same PS 

chips as those used in section 3.3 were seeded with MDCK cells however, in this 

instance, the inlet/outlet was not blocked and media was supplied to the chips 

at a constant flow rate of 100 μl/hr. For the chips with the oxygenation devices, 

another chip composed of chamber sealed by a semi permeable membrane was 

included upstream from the cell culture chamber. A schematic of this is shown in 

3.6A. The working principle of this device is that oxygen can diffuse through the 

membrane and into the media before it reaches the cells meaning that normoxic 

media is supplied to the cells. 3.6B shows the configuration of the cell culture 

chip connected to the oxygenator chip. A final set of chips was set up no cells, 

but with media flowing through them to act as a control. Again, the oxygen 

concentrations for all the chips (control, with oxygenator, without oxygenator) 

were measured daily over the course of 4 days. However, this data affected by 
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the same issues that was present in the data shown in Figure 3.5. That is, the 

measured oxygen concentration in the PDMS controls were much higher than the 

expected levels in the incubator. In this instance, the O2 concentration was 

measured as high as 24% which is much higher than any accurate measurement 

should be. Again, this means that no valid conclusions can be drawn from this 

experiment. That being said, the relative permeability of PS when compared to 

PDMS is a well understood issue and there are many reported and well 

understood methods in the literature that overcome this. These techniques are 

discussed below. 

These oxygenator chips generally consist of a fluidic channel designed to 

maximise the contact area between the media flow and the air, and a 

semipermeable membrane which allows for gas to pass through, but not liquid. 

In some cases, the membrane is left open to the atmosphere however, in others 

a secondary network of channels above the membrane means that gases other 

than air can be flowed through to better control the dissolved gas concentration 

in the media. Examples of such devices include that described by Leclerc et 

al.205. Here PDMS layers are stacked in such a way that media is flowed through 

Figure 3.6 – Oxygenation of PS chips. A shows the working principle of the microfluidic 

oxygenator whereby a semi-permeable membrane allows for the transport of O2 into the 
media. B shows how such a chip can be included in line with a cell culture chip to better 
oxygenate cells.  
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micro-channels separated from oxygen flowing in adjacent channels. Due to the 

gas permeability of PDMS, oxygen can freely diffuse from the gas channel into 

the media, thus increasing the dissolved O2 concentration of the media reaching 

the cells. Higgins et al. used a similar PDMS to create a device to allow them to 

study sickle cell vasoocclusion206 while Lachaux et al. made a device to study 

endothelialisation207. Femmer et al. Showed that the transfer of oxygen into the 

media could be increased by adding in herring-bone like structures into the 

media channels to increase mixing208. Like the design shown by Leclerc et al., 

Vollmer et al108. used a network of PDMS micro-channels either side of a thin 

PDMS membrane. Nock et al. and Lo et al. used a similar device however O2 or 

N2 (or low O2 gas in the case of Lo et al.) were flowed through the gas channels 

to create oxygenated, or hypoxic media96,209. This approach was also used by 

Adler et al., who used a computer controlled mixer for the incoming gas to 

produce oxygen gradients of any arbitrary shape210. Lam et al. and Polinkovsky 

et al. also used the permeability of PDMS to generate oxygen gradients, however 

in this instance, the gradients were created by running the inlet gas through a 

standard microfluidic gradient generator211,212. This created channels with 

discrete, and different oxygen concentrations which were then allowed to 

diffuse through the PDMS and into the media creating a chip capable of studying 

cell growth at different concentrations. 

Alongside the PDMS devices listed above, researchers have also created 

oxygenation devices in thermoplastic materials that would be more suited to 

mass manufacture. The most common way of constructing such chips is to use a 

similar approach to the PDMS chips described above, there a gas channel or 

chamber is separated from the media by a semi-permeable membrane. This 

approach was utilised by Ameri et al. who created channels in PMMA, and then 

separated the gas from the media using a 25 μm thick thermoplastic 

polturethane (TPU) membrane213. Barsukova also showed a similar device, but 

used cyclic olefin copolymer (COC) for the channels, and PTFE for the 

membrane214. Sønstevold et al. also used a gas permeable thermoplastic 

(polymethylepentene (PMP)) to create films to cover a polycarbonate (PC) fluidic 

chamber. The oxygenation was achieved through the free exchange of gas 

through the PMP215. Ochs et al. created an entirely injection moulded device 

using PMP. Using this gas permeable thermoplastic material, they were able to 

show that there was little to performance difference between the PMP and PDMS 
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when culturing endothelial cells200. This paves the way for mass-manufactured 

thermoplastic devices that have can perform as good as, if not better than PDMS 

devices. Is addition to the diffusion of oxygen through thin films, or permeable 

materials, alternative techniques for controlling oxygenation in microfluidic 

devices include incorporating a series of electrodes to control oxygen 

concentration via electrolysis216.  

As discussed above, the use and fabrication of oxygenators for microfluidic cell 

culture is well understood. Although it had been hoped to study this in this 

project, the issues discussed in section 3.3 meant that no valid conclusions could 

be drawn from the data that was gathered. While this means that the first aim 

of this chapter has not been met by the data presented here, the wealth of 

literature on this topic goes a long way in showing how the perceived issues with 

the lack of O2 permeability in thermoplastic devices can be dealt with. In fact, 

there has been research that suggests that the gas permeability of PDMS devices 

may be too high for a lot of OoaC research and that better control of 

oxygenation can be achieved in non-permeable chips thus highlighting the 

benefits of a thermoplastic chip, with some form of oxygen control as described 

above217. 

3.4 Detection of O2 

As discussed by Bussooa et al.217, there is scope for controlling the oxygenation 

within PS devices to a higher degree than in PDMS. This becomes increasingly 

important when biological applications involving control over oxygen 

concentration are considered. As previously mentioned, attempts have been 

made to control the oxygen gradient within a microfluidic device for the 

purposes of mimicking the physiology of the liver. As physiological oxygen 

concentration ranges between 3-12% depending on the proximity to the portal 

vein90, recapitulation of this gradient on a microfluidic chip will lead to more 

physiologically relevant OoaC devices. Furthermore, control over the oxygen 

microenvironment is important for the study of pathologies such as ischemia218, 

and for other models such as fat219. However, for such applications, control over 

the oxygen concentration in the devices cannot be fully achieved without a 

direct measurement of the O2 concentration within the microchannel.  
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3.4.1 Existing microfluidic oxygen sensors 

As mentioned in section 3.1, a wide variety of oxygen sensors exist, ranging from 

the commercially available ones used for the experiments in section 3.3, to 

amperometric and optical detection approaches (described in section 1.2.1.2). 

However, despite the high sensitivity of reported microfluidic amperopmetric 

sensors, their drawbacks include complicated fabrication processes relying 

heavily on clean room manufacturing protocols for the patterning of conductive 

metals onto the surface of the chip, and issues with the lifetime of the sensors 

associated with membrane fouling. Optical methods, on the other hand, also 

offers sensitive oxygen detection and are based on the fluorescent quenching 

phenomenon described in section 1.2.1.2. For most microfluidic applications, 

these fluorescent molecules are immobilised onto the surface of the chip 

however, this process is often laborious requiring complex protocols for the 

mixing of the dyes with a matrix to ensure it binds properly to the microfluidic 

channels, and then often a photolithography process to pattern the sensor onto 

the region of interest. A summary of the fabrication process for two of these 

sensors is shown in Figure 3.7. 

Here, the sensor fabrication approached described by Vollmer et al.108 (3.7A), 

and Nock et al.96 (3.7B) are described. While both methods rely on 

photolithography, their approaches differ slightly. Vollmer uses AZ 4260 resist to 

leave exposed areas on a glass substrate to which platinum (II) 

octaethylporphyrin ketone (PtOEPK) dye is applied directly. The PtOEPK 

molecule is a fluorescent molecule whereby the fluorescence is quenched in the 

presence of oxygen. This, means that when PtOEPK is included in a device, the 

intensity of the fluorescence can be equated to the oxygen concentration inside 

the chip. The resist is them removed by washing in acetone leaving only the 

patterned dye. However, according to Nock, acetone can damage the PtOEPK 

films so should not be used during the process of oxygen sensor fabrication. As 

such a photolithography process was used to define a master structure from 

which a PDMS stamp can be made. This stamp then acts as a mask to protect 

certain regions of the sensor from a plasma etching process that removes the 

unprotected PtOEPK dye and thus leaving defined regions of sensor on the glass 

substrate. Also, when considering an approach to pattern oxygen sensors onto 

injection moulded parts, the time taken for each of these approaches is an 
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important factor. As injection moulded parts can be fabricated as fast as 1 every 

10 s, any approach to incorporating sensors into such devices should also be just 

as quick. As can be seen above, the requirement for manually placing a stamp on 

each device and running it through a plasma etching process not only requires 

expensive, specialist equipment, but can also take several hours per chip. 

Furthermore, in the process detailed by Vollmer, each chip must be spin coated 

with resist, exposed, developed and etched, again taking several hours. 

In addition to concerns about the timescale of sensor fabrication, both the 

processes described above rely on spinning of either the sensor material (Nock) 

or the resist (Vollmer). While this method has been shown to produce very 

uniform layers of a substance, it is only suitable for patterning flat substrates. As 

Figure 3.7 – Fabrication of existing sensor technologies. A shows the fabrication process 

described by Vollmer et al. (reference 16) showing the various steps and estimated times 

associated with each one. B shows the sensor described by Nock (reference 11) utilising a 
PDMS stamp as a means of patterning the sensor. 
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described in Chapter 3, the injection moulded microfluidics not only contain 

micro-channels that can affect the spinning process, but can also contain weld 

seams which are likely to cause further issues. As such, there is a need for an 

oxygen sensor that can be rapidly incorporated onto 3D PS substrates. The full 

requirements for such a sensor a detailed in full below. 

3.4.1.1 O2 sensors requirements 

As mentioned above, existing methods for incorporating O2 sensors into 

microfluidic are lacking when fabrication time and substrate geometry are 

considered. As such, the requirements for any new O2 sensors are: 

1. Able to coat any surface, with any feature geometry 

• Compatible with microfluidic devices with deep channels, and weld 

seams 

2. Have a fabrication time that complements injection moulding 

• Patterning of an individual device must not take longer than ~10 s 

per chip to align with manufacture of devices through injection 

moulding 

3. Thinner than commercially available options 

• The Presens dots used in section 4.2 are 5 mm in diameter and 500 

μm thick. This is too large for incorporation into microfluidic 

channels, and the thickness of the dots is likely to disrupt the flow 

around it 

3.4.2 Proof of concept of a pressure sensitive paint O2 sensor 

With the above requirements in mind, a pressure sensitive paint (PSP) 

(Innovative Scientific Solutions Inc., USA) was considered. PSP was designed for 

use in the aerospace industry where a model could be sprayed with the paint 

and put in an air tunnel220. Under high pressure, fluorescent molecules within 

the paint would be quenched by increased oxygen at the surface thus leading to 

a lower intensity of light. As such, the model could be imaged and then 

information about the air pressure at different areas could be inferred. The 

working principles and chemical constituents of the PSP are detailed below. 
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In terms of oxygen sensing, PSP uses platinum tetra (pentafluorophenyl) 

porphyrin (PtTFPP) as an oxygen sensitive molecule. The chemical structure of 

this molecule is shown in Figure 3.8A. It works through the quenching of a 

fluorescence process (described in section 1.2.1.2) whereby the intensity of 

emitted light (in the case of PtTFPP, 650 nm, with an excitation of 400 nm) is 

reduced in the presence of oxygen221. In the case of PSP, the PtTFPP is 

suspended in a matrix of acetone, methyl methacrylate, n-butyl methacrylate 

and toluene (in decreasing order of abundancy within the paint)198. The presence 

of the solvents acts to keep the paint in solution, while the methacrylates act as 

a binder to immobilise the PtTFPP on the surface or the substrate. 

Figure 3.8B222 shows the expected spectra of the PSP with both the excitation 

peak (blue) and the emitted peak (red) shown. Although developed for pressure 

sensing in the aerospace industry, it was hypothesised the PSP could act as a 

dissolved O2 sensor in microfluidic devices. The inset shows the schematic of the 

paint on a substrate with both the incident 405 nm excitation light and the 

emitted 650 nm photons. To demonstrate that PSP was suitable for oxygen 

sensing applications, a channel was coated in the PSP and two solutions (one 

with 20% O2 (high)) and one with 15% (low)) were introduced to the channel. As 

can be seen in 3.8C, there is a difference in the fluorescence of the paint 

showing that oxygen in the solution quenches the fluorescence process. This 

provides a proof of concept as to how PSP can be used as an oxygen sensor in 

microfluidic devices. As such, the following sections detail the fabrication, 

biocompatibility, microscope set up and calibration of the paint for use as an 

integrated oxygen sensor in microfluidic devices. 

3.4.2.1 Fabrication of PSP oxygen sensors 

As detailed in section 3.4.1.1, any oxygen sensor for use in injection moulded 

microfluidic devices must be simple, and quick enough to integrate into the 

device, otherwise the purpose of using injection moulded devices is defeated. 

Despite the fact that, as detailed in Chapter 1, many luminescent based oxygen 

sensors have been developed, they rely on complex fabrication protocols 

meaning that they cannot be readily incorporated into devices. Furthermore, by 

relying on users fabricating their own sensors, issues with reproducibility become 
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more of an issue. PSP on the other hand, can be easily applied to PS microfluidic 

devices as shown in Figure 3.9.  

Figure 3.9A-D shows a schematic of the fabrication process of the paint from the 

blank chip, through the application of the sensor, the annealing of the sensor 

and the sealing (A – D respectively). This process is far quicker and requires 

considerably less expertise compared to many other oxygen sensor fabrication 

protocols that require access to clean room facilities as well as the need to mix 

the sensor/binder yourself. PSP eliminates these issues by coming pre-mixed in a 

can that can then be simply sprayed onto a masked chip to pattern the sensor. 

Furthermore, the commercial availability of PSP means that much of the user 

 

Figure 3.8 – Working principle of PSP based oxygen sensor. 4.4a shows the chemical 

structure of the oxygen sensitive PtTFPP molecule utilised in the PSP while b shows the 
typical spectra obtained from the PSP after exciting with 405 nm light (adapted from ISSI 
website). The inset shows a typical substrate coated with the PSP showing the incoming 
405 nm, and the emitted 605 nm light. 4.4c shows the different spectra obtained when the 
chip was subject to both low (blue) and high (red) oxygen solutions. 
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error is removed from the fabrication process highlighting the advantages of 

such a sensor. A photograph of a sealed chip containing the sensor can be seen 

in Figure 3.9E with the PSP on the right, and a commercially available sensor, 

presens, on the left. Although not illustrated here, the presens dots come in a 

fixed size so cannot be integrated into channels smaller than 5 mm across, 

meanwhile, as the PSP is a spray, providing the channel can be masked, the PSP 

has been integrated into channels as small as 300 um. Finally, the stability of 

the PSP as an oxygen sensor is shown in 3.9F. Here, an area of the PSP was 

illuminated with 405 nm light constantly for the duration of the experiment, and 

Figure 3.9 – Fabrication of PSP oxygen sensor. A shows a schematic of the fabrication 

process from the blank chip with a channel (i), to the masking and spraying of the PSP 
(ii). The chip is then annealed at 80oC for 2 hrs (iii) before the chip is sealed (iv) either 
through ultrasonic welding, or lamination. B shows a photograph of an ultrasonically 
welded chip with both a PSP sensor (right) and a Presens dot (left). C shows the 
difference in the stability of both an annealed (black) and un-annealed (blue) sensor over 
time. Scale bar = 25 mm.  
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the photon count was taken (with respect to the original value at t = 0 min) to 

determine if the PSP was suitable for long term experiments. Here it can be seen 

that the intensity of the emitted light from the annealed sample dropped by 

only 10%, while the non-annealed sample dropped by almost 50%. This was 

thought to be due to poor adhesion of the PSP to the PS which was enhanced 

through the annealing process. As described above, the PSP is made up of the 

sensing molecule, a mixture of methacrylates that serve as a binder, and 

solvents that act to keep the mixture in solution. In the unannealed samples, it 

was thought that the solvents had not fully evaporated from the paint, leading 

to poor bonding of the paint and thus degradation of the paint with time (shown 

by the drop in the intensity in Figure 4.9F). In the annealed sample however, the 

solvents had been fully evaporated from the paint leading to better bonding, and 

a more stable sensor. Furthermore, by annealing the paint at 80oC (the glass 

transition temperature of PS) it was thought that the bonding between the 

methactylates and the PS would be improved further. However, the annealed 

sample still showed a degradation of 9% after the first hour. Literature values for 

similar fluorescent based molecules are reported as low as 1% degradation per 

hour indicating that either the intensity of light used in these experiments is 

higher, or that the binding could still be improved further. It is hypothesised 

that this increase in the binding of the PSP to the chips could be improved by a 

number of means. Firstly, the baking of the chips post spraying with PSP could 

be optimised. The chips were baked at 80oC as this was thought to be hot 

enough to remove all the solvents from the PSP. However, by increasing the 

temperature above the glass transition temperature of the PS, the sensing 

molecules in the PSP would bond better with the PS. The binder in the PSP is 

PMMA which has been shown to bond well to PS at temperatures between 110 

and 125oC223. Furthermore, by mixing the PSP in a solvent such a toluene, the 

solvents would dissolve the PS and leave the PSP in a matrix of PS and PMMA. 

Once the solvents were removed, the bonding between the PSP and the PS chip 

should be enhanced greatly96. 

Moreover, spraying of the chips takes approximately 1-2 s and multiple chips can 

be sprayed at once. Even when factoring in a 2 hr bake time, sensor fabrication 

with PSP still comes out quicker than previously described sensors – even if the 

suggested improvements to the annealing steps are considered. There are 

however some trade-offs when PSP is considered. Firstly, PSP results in a non-
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transparent sensor area. This means that visual inspection of any areas of the 

chip covered in the sensor is impossible. However, this issue could be 

circumnavigated through pattering of an array of sensors and then interpolating 

the concentrations between them. Additionally, the surface roughness of the 

PSP is quite high which has the potential to disrupt flow. 

All in all, the above highlights how PSP oxygen sensor, are simple to incorporate 

into injection moulded microfluidic devices. Despite having several 

disadvantages when compared to existing sensor fabrication techniques, the 

rapid incorporation of PSP into microfluidic chips makes it an attractive 

alternative when the mass production of oxygen sensors is considered. 

Furthermore, this rapid fabrication process leads to a stable sensor that is 

capable of distinguishing between high and low oxygen concentrations. The 

calibration and sensitivity of the oxygen sensor is discussed in section 3.3.2.4, 

however, the performance of PSP as an oxygen sensor for OoaC application 

hinges on its biocompatibility, so that is discussed below.  

3.4.2.2 Biocompatibility of pressure sensitive paint 

Alongside rapid and reliable manufacture of sensors, any material used must not 

affect the health of the cells in its vicinity. As such, a biocompatibility test (with 

MDCK cells) was conducted to test if the paint had any negative effects on cell 

growth. For this, wells in a standard 12 well plate were sprayed with the paint 

(3.10A) and the cells were seeded and allowed to grow for 3 days. On the 3rd 

day, the cells were imaged to determine if the paint had any effect on their 

viability. Figure 3.10 shows how the well plates were painted, as well as the 

images of the cells. 3.10A and B show MDCK cells grown in wells either 

containing PSP with a window (B) or in a blank well (D). From these images, the 

cells in both wells appear to be healthy and have formed a “cobblestone” 

pattern indicative of good epithelial cell health. However, as the PSP is not 

transparent, imaging through the sensor proved difficult (3.10C). Here, the PSP 

is shown in red, while cells are only partly visible through the gaps of the paint 

(green). As discussed previously however, this was not deemed to be too much 

of an issue, as the PSP can just be placed in areas of the device where there are 
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no cells, or, on the top surface of the device so cells could grow underneath the 

sensor and still be imaged.  

In summary, the images in Figure 3.10 highlight that the PSP has a negligible 

effect on the health of cell in its vicinity thus adding to its attractiveness as a 

candidate for oxygen sensing in vitro.  

3.4.2.2 Improvements in the sensing setup 

Although not initially included, a further filter was added to the light path just 

after the LED. This was because it was found that the LED not only had a peak at 

405 nm, but also a very large peak at ~690 nm which was much bigger than the 

650 nm emitted peak from the PSP and was thus interfering with the results. 

This errant peak can be seen in Figure 3.11 (red). However, by including a low 

pass filter to the light path, this peak was removed leading to much less noise in 

the signal from the PSP (3.11, blue and green showing the spectra with no 

sample, and with a sample coated in PSP respectively). 

Figure 3.10 – Biocompatibility of PSP. A shows how the well plates were painted with the 

PSP coating the wells either completely (middle row), with a window (top row), or blank as a 
control (bottom row). B shows a micrograph of MDCK cells growing in wells coated with 
PSP while C shows a fluorescent micrograph of cells stained with calcein (green) through 

the PSP (red). Finally, D shows a micrograph of cells imaged in a blank well acting as a 
control. Scale bars = 25 mm in a, and 50 μm in B, C and D. 
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3.4.2.4 Calibration of pressure sensitive paint for dissolved O2 sensing 

As discussed in the above section, PSP offers a means of sensing between high 

and low oxygen solution, while also being biocompatible. However, in order to 

fully characterise the performance of the PSP an oxygen sensor, a calibration of 

the sensor must be performed. That is, the response of the sensor when subject 

to a wide range of oxygen concentrations must be analysed. Generally, in the 

case of fluorescence quenching based sensors, the reading from the sensor is 

compared to the Stern-Volmer equation for fluorescent quenching224: 

 

𝐼𝑓
0

𝐼𝑓
=   1 −  𝑘𝑞𝜏𝑜 ∙ [𝑄] (3.1) 

  

where 𝐼𝑓
0 and 𝐼𝑓 are the intensities with and without the quencher respectively, 

𝑘𝑞 is the quencher rate coefficient, 𝜏𝑜 is the lifetime of the excited state, and 

[𝑄] is the concentration of quencher. However, in the instance of oxygen, it 

proved difficult to reliably and repeatedly create solutions with the same 

dissolved oxygen concentration to subject different sensors to run repeats of 

experiments. Despite a wide range of oxygen sensors reported in the literature 

(as discussed in section 1.2.1.2), it was not explained in great detail how the 

solutions with different oxygen concentrations were generated. There are a few 

Figure 3.11 – Filters used in the light path for PSP oxygen sensing. 3.7 illustrates the need 

for including the low pass filter in the set up. The spectra from the LED is shown in red, 

while the same spectra with the filter is shown in blue. Finally, the spectra from the PSP 
with the filter is shown in green.  
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exceptions, however, with Nock explaining how and oxygenator similar to that 

described in section 4.3.1, was used with a nitrogen channel running over the 

top 225. By varying the flow rate of the fluid, running past the membrane, 

different amounts of nitrogen would diffuse into the fluid and thus different 

concentrations of O2 could be generated. However, in order for this to work, the 

concentration of oxygen coming from the oxygenator chip for a given flow rate 

must be determined either experimentally, or by comparison to a simulation. 

Thus, for the calibration of PSP, it was decided that the calibration of the sensor 

could be done simply by comparing the response from the PSP to a commercially 

available sensor, in this case, the Presens dots. 

As previously mentioned, creating solutions with different oxygen concentrations 

is difficult. This is due to the fact that as soon as a solution is made, oxygen can 

freely diffuse in from the atmosphere and thus the oxygen concentration will 

always tend towards ~20% with time. The most common approach used to purge 

oxygen from a solution is through an oxygen scavenger reaction. This reaction is 

shown in equation 3.2: 

2 𝑁𝑎2𝑆𝑂3 +  𝑂2 → 2 𝑁𝑎2𝑆𝑂4 

(+𝐶𝑜(𝑁𝑂3)2) 

(3.2) 

In this reaction, sodium sulphite acts as on oxygen scavenger while the cobalt 

nitrate acts as a catalyst for this process. With this approach, creating a solution 

with 0% dissolved oxygen is trivial: 0.13% (w/v) was added to DI water along with 

13 μM/l cobalt nitrate95. However, during initial experimentation, it proved 

impossible to reliably create solutions with oxygen concentrations ranging from 0 

– 20 % so this methodology was not used for making the calibration solutions.  

Due to the issues associated with the aforementioned protocols, a different 

method was used. In brief, petri dishes were coated with a region of PSP 

(defined by a cardboard mask) and then baked (according to section 3.4.2.1). A 

presens dot was then placed on the base of the dish such that the concentration 

could be read from the bottom. The setup described in section 3.2.3.1 was used 

to calibrate the readings from the PSP sensor. Once it was found that the 

concentration of the solution had reached a plateaux, 0.13% (w/v) of sodium 

sulphite and 13 μM/l cobalt nitrate were added to the water and one final 
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reading was taken with the oxygen concentration of the solution ~ 0%. The 

results from this experiment are shown in Figure 3.12.  

Here it can be seen that the response from the PSP in each dish is linear (r2 = 

0.99, 0.99, and 0.98 for dishes 1-3 respectively. This indicates that the 

fluorescent quenching process in the PSP is linear with respect to oxygen 

concentration in accordance with the Stern-Volmer relationship. Furthermore, 

the gradients of the best fit lines fitted to the data (linear regression) are also 

similar (-74, -72 and -64, for dishes 1-3 respectively). However, when the y-

intercept of the best fit lines in 4.12 are considered, a discrepancy in the PSP’s 

response in each of the dishes to the oxygen concentration can be seen. This 

inconsistency was likely down to variations in paint thickness. As the paint was 

sprayed onto the samples, it was difficult to precisely control the volume of 

paint deposited onto each sample. This meant that the thickness between the 

samples varied and so there would be a difference in emitted light from each 

sample. 

Furthermore, by calculating the average gradient of the 3 samples, the scaling 

factor for the calibration of any future measurements can be determined. The 

mean of the three gradients = -70, thus by taking one measurement at 0%, a 

standard curve can be drawn to determine the concentrations from a given PSP 

reading. For example, using a gradient of -70 and considering the data from dish 

1, the following line can be used for calibration: 

𝑦 =  −70𝑥 + 2125 3.3 

Thus taking the reading at 15.9% O2 (experimentally determined to be 930), eqn. 

4.3 yields 1012 giving reading error of 8% in the photon count, or in terms of 

dissolved oxygen, an error of 1.3% when one calibration point is used. While this 

is high compared to commercially available sensors (the Presens dots used here 

have a quoted error of 0.1% at 20.9% dissolved O2) an error of 1.3% still allows 

for the difference between physiologically low and high oxygen concentrations 

to be observed. It is rare that control over the oxygen centration in a device 

would need to be within an error of 1.3% as the dissolved oxygen values in an 

organ such as the liver range from 3 – 12%90. However, as mentioned above, it is 

thought that this error is due to the inconsistency in the thickness of the PSP 

between the 3 samples and it is thought that this could be improved by 
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implementing a fabrication process that allowed for better control over the 

thickness of the deposited PSP layer. This could be achieved through a variety of 

means. Firstly, a stamp could be utilised to deposit a layer of the PSP onto the 

chips in a predetermined pattern. This technique, known as micro contact 

printing, has been used to pattern a variety  range of materials ranging from 

gold226, to proteins227. Furthermore, incorporating a microcontact printing 

process into a high throughput protocol wold not be too difficult as the stamp 

only needs to be in contact with the chip for a matter of seconds227. In addition 

to microcontact printing, spin coating also provides a means of generating 

uniform coatings of polymers. However, to pattern to PSP onto the chips would 

first require the deposition, exposure and development of a mask as well as the 

spin coating of the PSP which would be too labour intensive for a high 

throughput fabrication process. Furthermore, the spin coating works best on flat 

surfaces and the chips here have deep channels as well as tall weld seams which 

would prevent the PSP from forming a uniform layer during the coating and may 

exacerbate the error in the results.  

The flexibility of the single point calibration however, is that the oxygen 

concentration of a solution is dependent on atmospheric conditions and thus, the 

concentration of a solution left open to the atmosphere cannot be known 

without measurement. However, as mentioned above, it is relatively trivial to 

create a solution of 0% O2 using the scavenger reaction described in eqn. 4.2. 

Therefore, to calibrate any future sensors, all that is required is a reading from 

Figure 3.12 – Calibration of PSP as an oxygen sensor. Plot shoes the readout from the 

spectrometer against the reading from the presens dots for a solution of nitrogenated water 
in a petri dish. Increased oxygen concentrations were created by bubbling through air with 
a dropper pipette. Points show the individual readings, while dotted lines show the best fit 

(linear regression) for the readings from each dish (blue, orange and pink, for dishes 1, 2, 
and 3 respectively).  
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a 0% solution. However, due to the high error that is currently introduced using a 

single point calibration, all future experiments conducted in this work use a two-

point calibration to give more accurate readings of O2 concentration. 

 

In summary, with the biocompatibility data, the data presented above illustrates 

that PSP can be used to determine the oxygen concentration in a solution from a 

single calibration point. This calibration does introduce a small error into the 

oxygen measurements, however it is hypothesised that this error could be 

reduced through further optimisation of the fabrication protocol. That is, better 

control over the thickness of the paint layer deposited onto the sample.  

 

However, despite the non-uniformity in the intercepts of the PSP between the 

dishes, the highly linear nature of the measured response from the PSP is in 

accordance with theoretical models for fluorescent quenching. Also, the fact 

that PSP uses an optical method for determining oxygen concentration, the 

emission can be imaged to give spatial information of the oxygen concentration 

in a microfluidic device. The following section demonstrates a working principle 

of this, and compares the results taken from the PSP to simulation to further 

validate the performance of PSP as an oxygen sensor.  

3.4.3 Spatial analysis of O2 using pressure sensitive paint 

As previously discussed, determining the spatial distribution of oxygen within a 

microfluidic device is of great importance when it comes to mimicking the 

micro-physiological environment in OoaC devices. It has been established that in 

organs such as the liver, oxygen gradients drive the differentiation of cells 

towards different functionalities and as such, any OoaC device should provide a 

measurement of the oxygen in the channels to give information on the fate of 

the cells. As PSP relies on fluorescent quenching as a means of sensing oxygen, 

variation in O2 concentration across the surface of the paint, will lead to 

different rates of fluorescence, and thus different intensities which can be 

captured by a camera. 

For the spatial analysis of O2 using PSP, the experimental setup remained largely 

unchanged from that used in section 3.4.2.4, but with the addition of an 

eyepiece camera to the microscope as opposed to the spectrometer. With this, 
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images of the PSP in the microchannel could be taken and the intensity of the 

images would linearly equate to the concentration of oxygen for each given 

pixel. In order to visualise a gradient, a simple Y shaped chip (two inlets, one 

outlet) was made and the roof of the channel was sprayed with PSP before the 

chip was sealed through ultrasonic welding. The chip was supplied with water 

that had been allowed to sit uncovered to ensure the O2 concentration was at 

atmospheric levels, while the other inlet contained water with 0.13% w/v Na2SO4 

and 13 μMol Co(NO3)2 to scavenge the dissolved oxygen and give a solution close 

to 0%. The concentrations of the two solutions used were verified with the 

Presens sensor so that the readings from the PSP could be calibrated. Different 

flow rates between the inlets were used to move the gradient from right to left 

in the chips. COMSOL simulations (carried out by Pedro Duarte Menezes) were 

conducted to give an analytical basis for what the gradients should be, and the 

experimental data was compared to the simulations.  

Images showing the spatial distribution of the O2 in the chips as determined by 

the simulations are shown in Figure 3.13A with simulations of the chips with 200 

μl/hr in each inlet (flow ratio 1:1) and 200 (high O2, left) and 1000 (low O2, 

right) μl/hr in the inlets (flow ratio 1:5) shown in the left and right hand 

simulations respectively. Here it can be seen that by increasing the flow rate in 

the low oxygen channel, the gradient shifts from being central in the 1:1 chip, to 

the left-hand side in the 1:5 chip. Images of the PSP were captured with the 

chips subjected to a range of flow rates (1:1 to 1:5) with the 1:1 chip shown in 

3.13B and the 1:5 chip shown in C. After the images were taken, an image of a 

chip filled with just high O2 solution was subtracted from the gradient images to 

remove any background noise from the pictures. Here, the lighter parts of the 

image correspond to a low oxygen concentration (as the quenching of the PtTFPP 

means that the intensity of the light from the PSP under low O2 will be higher) 

and the dark areas correspond to high oxygen concentration. Again, similar to 

the simulations, the gradient in the 1:1 chip (B) remains in the centre of the 

channel, while in the 1:5 chip (C), the gradient is shifted to the left-hand side. 

To better illustrate this agreement between the simulated results, and the 

measurements from the PSP, the mean grey value was taken from each image 

and converted into oxygen concentration (based on the fact that the 

concentrations of the high and the ow oxygen solutions had known 
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concentrations based on measurement with the Presens sensor, and the fact that  

Figure 3.13 -Spatial analysis of oxygen using PSP. A (left) shows COMSOL simulations of 
the oxygen concentration within a Y-channel microfluidic device where the flow rates 
between the two inlets (high and low O2) are equal (both 200 μl/hr).  The right hand 
simulation shows the simulated concentration when the flow rate in the low O2 inlet is 5 

times that of the high O2 (1000 and 200 μl/hr respectively). B shows micrograph of the 
channel with a flow rate of 200 μl/hr in the high O2 inlet, and 200 μl/hr in the low O2 inlet 
(flow ratio 1:1), while C shows the same channel with flow rates of 200 and 1000 μl/hr in the 
high and low inlets respectively (ratio 1:5). The red dotted lines indicate the edges of the 
channel. D shows the experimental data (solid lines) for a range of flow ratios (1:1, 1:2, 1:3, 
1:4 and 1:5 shown in blue, red, green, orange, and purple respectively) plotted with the 

simulated data (dots, flow ratios represented by the same colours). E shows an image of the 
sensor described by Nock when subject to glows of oxygen and nitrogen gas while F shows 
the relative intensity of the sensor under the gradient. Scale bars = 5 mm in A, and 1 mm in 
B, C, and E. 
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the relationship between the intensity of light from the PSP and the oxygen 

concertation is linear). These oxygen concentrations were then plotted alongside 

the simulated oxygen concentrations in the chip for the range of flow ratios and 

this data is shown in Figure 4.13D. 

Here it can be seen, at least for the lower ratios, that the experimental data 

matches up well with the simulated data, however, this relationship weakens for 

the higher flow ratios (1:4 and 1:5) – seen by the deviation of the experimental 

results from the simulated data. Also, there appears to be an increase in oxygen 

concentration after boundary between the two flows shown by the upwards 

trend in the plots. It is thought that this is not in fact due to a change in the 

oxygen concentration within the channels, but rather an artefact of the weld 

seams used to seal the channels. Excess material from the weld seams flows 

towards the channel during the welding process and it is thought that this excess 

material interferes with the light as it passes through the chip leading to a lower 

signal. Due to the fluorescent quenching of PSP, this lower signal means can be 

interpreted as higher oxygen concentration. This darker area can be seen on 

both the images shown in 3.13B and C. Furthermore, the similarities in 

experimental data for this region for all the different flow rates show that this 

apparent increase in O2 concentration is not affected by flow rate so it is likely 

an intrinsic part of the chip geometry. Interestingly, this same upwards trend in 

oxygen toward the edges of channels can also be seen in other experimental 

data. E shows micrograph of the oxygen sensor chip described by Nock. This chip 

uses a similar Y-channel structure with the same 2 mm outlet channel to the 

chips used in this study. The base of these chips was patterned with an oxygen 

sensor, and gases (oxygen and nitrogen) were flowed through the chip. F shows 

the relative intensity of the sensor under and oxygen gradient and again, similar 

to the data obtained from PSP in this study, the spatial distribution of oxygen 

can be observed. However, there appears to be an increase in oxygen 

concentration towards the edge of the channel, again likely due to interference 

from the channel walls. It was thought that an accumulation of the paint at the 

corners of the channels could have an effect on the readout, but this would lead 

to a higher signal, and thus lower apparent O2 concentration at the edges which 

is not what is observed here. However, when comparing the images in B and C, 

to E (the PSP sensor, to the sensor described by Nock), the sensor described by 

Nock appears to give better images of the O2 gradient. This is due to the 
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uniformity of the coating of the fluorescent compound on the dev ice due to the 

spinning process outlined in section 3.4.1. The PSP on the other hand, presents a 

grain like structure due from the spraying process. This grain like structure can 

be seen clearly in Figure 3.13B. Despite the differences in the appearance of the 

two sensors however, comparison of the plots in 3.13D and E show that the 

performance of the sensors when it comes to resolving the spatial distribution of 

oxygen in a microfluidic device, is largely the same. That is, both sensors can 

show oxygen gradients in the chips. However, in the case of PSP, the sensor can 

be incorporated into a device with a much quicker and simpler fabrication 

process. This highlights the benefits of PSP as an oxygen sensor in microfluidic 

devices, over previously presented technologies. 

3.4.4 Temporal analysis of O2 with PSP 

Just as the spatial distribution of O2 can play an important role in human 

physiology, an indication of how the oxygen concentration changes with time is 

also useful for studying pathologies such as ischemia. As such, a study was 

conducted to determine the temporal resolution of the PSP. For real time 

measurement of oxygen concentrations, the PSP should idealy react to changes 

in the oxygen concentration as quickly as possible so that the measurements of a  

changing oxygen concentration are as accurate as possible. In order to 

investigate the latency of the PSP’s response to changing O2 concentrations, a 

simple channel was set up containing the PSP, and was filled with a solution 

containing 1% w/v Na2SO4 and 52 μMol Co(NO3)2 to make a solution with an 

oxygen concentration as close to 0% as possible. After the channel was filled 

with the low O2 solution, a video of the PSP was recorded using the eyepiece 

camera setup described in Figure 3.2. After 10 s of recording, the chip was 

rapidly filled with a low O2 solution (5 ml in 1 s) by pushing a syringe as hard as 

possible by hand. The recording was stopped after 50 s. Once recorded, the 

mean grey value of each frame of the video was measured, and the intensity 

converted to oxygen concentration. These concentrations were then plotted 

against time to give an indication of the latency of the sensor. This data is 

presented in Figure 3.14 with the point at which the high O2 solution was 

introduced to the chip taken as t = 0 s. 
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 3.14A-F shows a series of individual frames from the recordings taken from 

different time points in the experiment (A = 0 s, B = 2 s, C = 4s, D = 6 s, E = 8 s, 

and F = 10 s). Here it can be seen that the channel begins brighter - indicating 

low O2 and then after 4s, the channel begins to get darker until it appears to 

reach a steady brightness by 10 s. The mean grey values for the entire series of 

images were converted into oxygen concentrations (based on the measured 

concentrations of the high and low O2 solutions form the Presens dots, and the 

Figure 3.14 – Temporal analysis of oxygen using PSP. A(i) shows a series of images from 0 

s (where the channel was filled with the low O2 solution and the high O2 solution was just 
stared to be injected). (i) – (vi) show a series of time points from 0 to 10 s after the addition 
of the high O2 solution showing the 650 nm channel from the chips. B shows how the 

measured O2 concentration varies with time in the chip when the low O2 solution is replaced 
with the high at 0 s (shown in blue). The red dashed line shows the fitted data from which 
the half-time can be determined.  Scale bars = 1 mm. Error bars  = mean ± standard 
deviation with n = 3. 
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linear response shown previously) and this data with respect to time is shown in 

Figure 3.14G. 

3.14G shows how the oxygen concentration varies in the channel from a series of 

time points from 10 s before the solutions were changed to 40 s after. Here it 

can be seen that the oxygen concentration in the channel is steady at just above 

0% before the high O2 solution is added at 0 s. After the high solution was 

injected (over a period 1 s) the pressure then drops and the measured oxygen 

concentration begins to rise before reaching a steady value after 10 s. Also, in 

4.14G, an apparent decrease in the oxygen concentration can be seen just after 

the high O2 solution was added. It is though that this is not an actual decrease in 

O2, but rather a pressure change in the channel caused by pushing the fluid 

through from the syringe. 

To better understand the temporal response of the sensor, the data was fitted 

using a logistic function. Logistic function are used to describe growth whereby 

the growth starts at a rapid rate, and the rate then decreases until the system 

reaches a steady state value. In fact, logistic functions are often used to model 

the kinematics of chemical reactions228. As the data here represented the 

kinematics of chemical reaction between the PtOEPK molecule and the O2 in the 

media and showed a decreasing rate of growth, the logistic function was deemed 

to be an appropriate means of fitting the data. The equation for logistic growth 

is shown in eqn. 3.4: 

𝑦 =
𝐿

1 + 𝑒−𝑐(𝑥− 𝑥0)
 (3.4) 

where 𝐿 is the curves maximum value, 𝑥0 is the value at the curves midpoint, 

and 𝑘 is a constant describing the steepness of the curve. A least squares logistic 

regression model was implemented in Python in order to calculate the values of 

𝐿, 𝑥0, and 𝑐. From the fitted values of this function, the half-time of the PSP 

response to rapidly changing oxygen concentrations is 0.75 s. The half-time for a 

is the time taken to reach half the final value and is often used as a means of 

quantifying logarithmic growth. However, the response time of the sensor is 

longer, taking ~ 4 s to reach 90% of the final reading. In the PSP data sheet, the 

response time is quoted as 750 ms, which is significantly faster than the values 

reported here. This is likely down to three main reasons: Firstly, it takes time 
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for the high O2 solution to get into the channel so the switching of the two 

solutions is not instantaneous. Thus, during the transition period of the plot in 

4.14G, the concentration of oxygen in the channel rises from 0 – 20% over a short 

period of time, thus extending the measured latency of the sensor. To mitigate 

this, an excess of the scavenger solution was used, and the high O2 solution was 

introduced to the channel as fast as possible so that the transition from 0% to 

20% oxygen was as fast as possible. Secondly, the PSP is not a monolayer on the 

chips and during the spraying process, multiple layers of the paint were applied. 

This means that it takes time for the solutions to penetrate all the layers this 

leading to a further lag in the latency. Finally, the quoted values on the PSP 

datasheets are measured using gaseous O2, and not dissolved O2 in solution. The 

diffusion time for O2 in solution will be larger than that of a gas, and thus the 

measured latencies of a sensor will differ between the two phases. 

Moreover, these values response time of the PSP are comparable with previously 

reported sensors. Nock reported a latency of ~ 2.1 s 225, which is quicker than 

that of the sensor reported here but again used gaseous O2 and N2 as the 

extremes, so a faster response could be expected.  

In conclusion, PSP can be used as an oxygen sensor with a fast enough response 

time to allow for the real time measurements of oxygen within OoaC devices. 

Despite a slower response time compared to other sensors, the latency of PSP is 

still fast enough to measure the slow oxygen changes seen in physiological 

systems. Furthermore, it is thought that by improving the fabrication process to 

deposit a thinner, more uniform layer of PSP, the response time to a sudden 

change in dissolved oxygen concentration could be decreased. A such, along with 

the simplified fabrication and the ability to resolve spatial oxygen 

concentrations, PSP presents an attractive alternative to previously reported and 

commercially available oxygen sensors for microfluidic applications. 

3.5 Conclusions 

In this chapter, it had been hoped to study the oxygenation of media within PS 

microfluidic devices was compared to devices manufactured from PDMS. 

However, issues with the experimental setup meant that no valid conclusions 

could be drawn from the data that was gathered. However, a review of the 
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literature surrounding the oxygenation of media in microfluidic cell culture 

devices points to many possible solutions for increasing and controlling the 

oxygenation in thermoplastic microfluidic chips. The most common of these 

approaches uses a thin, gas permeable layer to separate the media from a gas 

supply. Oxygenation is achieved through the free diffusion of gases into and out 

of the media through the membrane. Other approaches include the manufacture 

of devices entirely out of gas permeable thermoplastics such as PMP. The wealth 

of literature on this topic suggests that the topic of oxygenation in microfluidic 

cell culture devices is well understood, and there are many viable solutions to 

either increase, or have more accurate control over the oxygenation when 

compared to the use of PDMS devices. 

 

An oxygen sensor based on PSP was also described with the stability of the 

sensor being better after being annealed on the chips. This fluorescent 

quenching based sensor was shown to have a linear response to oxygen 

concentration meaning that calibration of the sensor was simple requiring just 

one data point. As solutions with 0% dissolved O2 are easy to make repeatedly, 

the calibration of the sensor can be done without any extra measurements. That 

being said, a two-point calibration provides further accuracy and was used to 

calibrate the sensors that were shown in this work. Furthermore, it was shown 

that this sensor was biocompatible, highlighting its attractiveness for OoaC 

applications. Alongside this, the fabrication of this sensor was shown to be much 

quicker than that of previously designed technologies meaning that PSP is a 

suitable means of incorporating oxygen sensing into injection moulded devices. 

Previously described fabrication protocols rely on complicated fabrication 

protocols that while not only require a higher degree of expertise to carry out, 

can take upwards of 4 hrs per chip and are thus unsuitable for incorporating into 

injection moulded parts. PSP also comes pre-mixed meaning that the sensing 

compound is likely to be the same for every application thus further reducing 

the effect on handling errors on the chip fabrication. However, the method of 

spraying the PSP onto the chips may be causing some variability between 

measurements. As the thickness of the layer will affect the photon count coming 

from the PSP, a small change in thickness could result in an error in the oxygen 

concentration. Although not conducted here, strategies to improve the 

uniformity of the PSP coating have been discussed.  
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In addition to being simpler and faster to fabricate, PSP can also resolve the 

spatial distribution of oxygen inside a channel. This spatial measurement of 

oxygen was also shown to be comparable to that of other sensors which acts to 

show that despite its simpler fabrication, and rougher appearance, the 

performance of PSP is just as good as other sensing technologies. It was also 

illustrated that by changing the ratio of flow rates in a Y-channel microfluidic 

device, the distribution of oxygen could be controlled which matched up closely 

with simulated data. This control over the spatial distribution of oxygen in a 

channel highlights how OoaC devices can be created to better mimic the oxygen 

gradients seen in the body. Moreover, the temporal response of the PSP was also 

measured giving a response time of 4 s when switching between a 0 and 20% O2 

solution. Although not as fast compared to other reported sensors, this is more 

than quick enough for real time monitoring of oxygen in vitro where the oxygen 

concentration will likely change over a matter of minutes or hours. Also, through 

further optimisation of the fabrication (as discussed previously), it is 

hypothesised that this latency could be reduced. 

 

The biocompatibility of the oxygen sensor was also demonstrated with the PSP 

having little effect on the viability of MDCK cells after 24 hrs in culture. This is 

important as it means that the sensor can be incorporated into microfluidic 

OoaC devices as a means of monitoring the oxygen in the media surrounding the 

cells. This becomes especially important when models for organ like the liver are 

considered. As discussed previously, the differentiation of cells towards 

different phenotypes within the liver is thought to be driven by the oxygen 

concentration of the blood supply. As such, when a liver-on-a-chip system is 

considered, it becomes increasingly important to have an accurate readout of 

the spatial distribution of oxygen within the device as this will have a profound 

effect on not only the viability of the cells, but also their functionalities. The 

fact that the PSP sensor is also quick to assemble and can readily be 

incorporated into injection moulded microfluidic devices means that PSP in PS 

chips offer an attractive alternative to PDMS chips for pharmacological 

applications where the cost of advanced in vitro assays is one of the main 

factors limiting their uptake. 

 

In summary, this new oxygen sensor combines a low cost, rapid means of 

integrating the sensor into a microfluidic device while also allowing for sensing 
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of oxygen concentrations relevant to in vitro applications. This rapid fabrication 

means that it can be incorporated into injection moulded parts without slowing 

the manufacture of chips down paving the way for truly mass produced OoaC 

devices capable of oxygen sensing. This work demonstrate how sensors can be 

incorporated into mass produced microfluidic chips with little effect on the 

fabrication time. Furthermore, by incorporation sensors into the injection 

moulded PS chips, it brings them more in line with the tenets of microfluidics 

laid out by Manz et al.9. 
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Chapter 4 - Towards injection moulded barrier 

models 

4.1 Introduction 

As mentioned in Chapter 1, methods of modelling drug delivery are important 

when it comes to understanding how a compound enters the body. When a drug 

is introduced to the body, it must pass at least one barrier to reach the target 

organ. For example, orally taken drugs must survive the chemical insult of the 

stomach before being absorbed through the barrier of the small intestine. This 

epithelial barrier is composed of tightly bound cells that form a selectively 

permeable barrier to compounds entering the blood stream. As such, even if a 

drug is super effective in treating a certain pathology, if it cannot enter the 

blood-stream and reach the tissue of interest, it is effectively useless. What 

makes the epithelial barrier in the intestine so impermeable is the presence of 

tight-junctions (along with other protein structures that link the cells together). 

These tight junctions are composed of claudin and occludin proteins and for a 

continuous structure around the cells 133. This continuous structure forms an 

almost impermeable barrier but this seal is dynamic and can be opened to allow 

for the passage of larger molecules into the blood stream. As this barrier is of 

such importance for the transport of orally taken compounds to the tissue of 

interest, many methods such as immunostaining, freeze fracture microscopy, 

labelled tracer compounds121,123,134,136,137 have been used as a means of studying 

cell barriers. This is both in terms of transport of molecules through the 

membrane, and protein makeup of the tight junctions. However, these 

approaches suffer from several drawbacks when it comes to measuring the 

properties of tight junctions. Namely, immunostaining and freeze fracture 

microscopy are end-point assays and require the sample to be killed and fixed in 

order for them to be imaged. This means that the dynamic nature of tight 

junctions cannot be measured. While the use of labelled tracer compounds 

allows for the measurement of barrier integrity on live cells, the experimental 

protocols are often laborious, and they still do not give real time data on the 

properties of the barrier. To combat these issues, researchers developed a 

technique known as trans epithelial/endothelial resistance (TEER) as a means of 

giving real time analysis of living cells in a barrier model.  
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4.1.1 Existing TEER models 

As discussed in Chapter 1, TEER measures barrier integrity by measuring the 

impedance of a layer of cells growing on a membrane through the inclusions of 

electrodes into the system. The most common technique uses a measurement at 

a single AC frequency. This is the approach used by many commercially available 

systems such as the EVOM2 which measures impedance at a frequency of 12.5 

Hz139. The advantages of using an AC over a DC signal is that AC significantly 

reduces the charging effect on the cells which could lead to damage to the 

tissue. Furthermore, the use of an AC signal allows for the impedance to be 

broken into the magnitude and the phase shift (as shown in Chapter 1). This 

gives even more detail on the integrity of the cell barrier. However, despite the 

experimental and analytical simplicity of measuring TEER at a single frequency, 

it is often beneficial to measure the impedance over a range of frequencies in a 

process known as impedance spectroscopy. By analysing this data, an equivalent 

circuit (such as the one shown in Figure 1.5C) can be reconstructed. With this 

circuit, the component of the impedance given by the tight junctions (the TEER) 

can be isolated from the capacitance of the cells’ lipid bilayers as well as the 

impedance of the membrane and the media, as well as the capacitance of the 

electrodes. This means that data specific to the tight junctions can be extracted 

which is not possible when a single frequency measurement is considered. As a 

result, a more precise model of the tight junction proteins can be obtained. 

Furthermore, the experimental protocols associated with TEER measurements 

are relatively simple compared to that of freeze fracture microscopy and 

labelled tracer compounds so the experiments analysing tight junctions can be 

de-skilled, and the analysis completely automated allowing for a much higher 

throughput and multiplexed experimental method. In addition to this, TEER 

represents a completely real-time measurement of the tight junction proteins. 

This means that the dynamic nature of the tight junctions can be studied.  

 

Currently, most of the research involving TEER is conducted on systems known as 

Transwell inserts (shown in Figure 1.5B). These systems consist of a plastic 

frame that keeps a membrane submerged in the media in a well plate. This 

creates two compartments in the well separated by a membrane on which cells 

are grown. As the cells grow and populate the membrane, an electrode placed 

on either side of the Transwell can be used to measure electrical impedance. 
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This technique has been used across both research and industry to study barrier 

integrity229, cell invasion/migration230 as well as to construct more complex 

barrier models requiring fluid/air interfaces231. However, these Transwell 

systems are not without some major drawbacks. Firstly, in Transwell systems, 

the electrodes have to be placed into each well prior to measurements being 

taken which means that it is difficult to have the electrodes in exactly the same 

place for every measurement which could lead to some discrepancies in the 

results. Also, it has been shown that cell types associated with tight junction 

formation show an increase in tight junction proteins (and thus TEER) when 

subject to fluid flow 232. As such, researchers have created microfluidic devices 

capable of TEER measurements with the aims of capturing both the advantages 

associated with microfluidcs (such as the flow of media), and OoaC, along with 

the real-time, non-invasive measurements of TEER. These chips have the 

potential for large impact within the OoaC community where until now, the 

transport of molecules into the body has played a secondary role to the 

metabolism and efficacy of new compounds. These membrane models also 

become interesting when body-on-a-chip systems are considered, wherein 

multiple organ chips are interconnected to better mimic the human physiology 

as a whole, and capture the downstream effects of one organ to another83. 

 

However, despite the many advantages offered by TEER-on-a-chip (ToaC) 

systems, they are far from ubiquitous within the life sciences community. This is 

largely down to the fact that fabrication of TEER chips is complicated, relying on 

the incorporation of microfluidic channels, membranes, and electrodes into a 

single device. Due to this, only two variations of TEER chips have been 

demonstrated. A table detailing the materials and methods associated with 

these previously reported ToaC devices is shown in table 4.1.  

 

From looking at the devices shown table 4.1, a few things become apparent: 

Firstly, as with all other microfluidic fabrication, here is a heavy reliance on 

PDMS to make the micro-channels on the devices. While this allows for simple 

direct fabrication of chips, it also means that the chips are difficult to translate 

into a mass producible product hindering the uptake of ToaC devices outside of 

all but a few specialised labs. In fact, all the devices detailed in table 4.1 come 

from only 2 lab groups showing how ToaC is still a specialist area and not being 

widely adopted in the larger life sciences  
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Reference(s) Membranes Channels Electrodes Sealing 

Maoz et al.145 

Henry et al.144 

Van der Helm 
et al. (2019)146 

PET sheet (0.4 
μm pores) 

Laser cut 
PDMS 

Evaporated 
gold on glass 

Conformal 
PMDS seal 

(O2 plasma) 

Bossink et al.149 

Van der Helm 
et al. (2016)147 

PDMS (2 μm 

thick, 5 μm 
pores) cast from 
silicon master 

PDMS cast 
from milled 

PMMA 

Platinum 

wires 
inserted into 

device 

Conformal 
PMDS seal 

(O2 plasma) 

Table 4.1 – Fabrication and materials used in previously reported TEER-on-a-chip devices 

 

communities. Furthermore, PDMS is permeable to small hydrophilic molecules. 

This increasingly becomes an issue where PDMS is intended to be used as a 

permeability model as material could diffuse through the bulk material thus 

introducing error into the experiment. Also, as previously mentioned, absorption 

of small molecules means that it is impossible to determine whether the drug is 

reaching the target tissue in the concentrations that are needed. However, the 

advantage of PDMS is that it forms a conformal seal with the membranes 

meaning that little thought needs to be put into sealing the devices. 

Secondly, the chips used by Moaz et al.145, Henry et al.144 and van der Helm et 

al. (2019)146 all require evaporated gold electrodes which require expensive 

equipment and highly skilled operators for device manufacture. van der Helm 

(2016)147 and Bossink et al.149 sought to overcome this issue by placing platinum 

wires into the chips however, this approach requires the electrodes to be 

manually inserted into the devices manually. This can slow down manufacture 

and lead to differences into how the electrodes are placed resulting in 

variability between devices.  

 

As such, the fabrication of existing ToaC devices means that unless researchers 

have access to expensive clean room facilities and the time and expertise 

required to manufacture the chips, this technique is out of reach. However, if a 

protocol could be developed that allows for the mass production of the chips, 

devices could be manufactured and shipped to researchers paving the way for a 

whole host of new research. The creation of an injection moulded ToaC device 
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solves both the material (PDMS vs PS) issues as well as the fabrication issues that 

the existing ToaC devices have. Furthermore, as TEER chips require the inclusion 

of multi layered micro-channels, electrodes, and membranes, creating an 

injection moulded device containing these shows the flexibility of this technique 

in creating different microfluidic chips.  

 

4.1.2 Aims  

As discussed above, TEER-on-a-chip offers presents an attractive method for 

monitoring barrier integrity in real time however, the current reliance on PDMS 

and complex fabrication techniques has meant that this technique has not 

reached its full potential outside of a few specialist labs. As the injection 

moulding protocol detailed in Chapter 2 allows for the rapid fabrication of 

thermoplastic microfluidic devices, the ability to make ToaC devices with this 

process would represent a significant step towards mass producible, functional 

microfluidic devices. As such, the aims of this Chapter are detailed below: 

 

• Demonstrate a means of incorporating membranes into multi-layered, 

thermoplastic microfluidic devices. This process should be compatible 

with ultrasonic welding to allow for the rapid and high throughput 

manufacture of devices to align with the manufacture of devices by 

injection moulding.  

• Demonstrate how electrodes can be incorporated into multi-layered, 

thermoplastic microfluidic devices. Again, this process should be rapid 

enough to align with the injection moulding process. 

• Analyse the performance of the chip for TEER-on-a-chip applications in 

terms of biocompatibility, and through real time measurement of barrier 

integrity. 

 

4.1.3 Overview of chapter 

This Chapter documents the development of an injection moulded ToaC device. 

The materials and methods required to fabricate the TEER chips used in this 

work as well detailing how the measurements were made, and how the results 

were analysed. It also details the methods used to incorporate membranes and 

electrodes into the device while allowing for sealing through ultrasonic welding. 
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This includes a study into electrode materials and fabrication techniques as well 

as the description of a variety of methods to include membranes into the 

devices. The capabilities of the chip in measuring TEER are also investigated 

along with details of experiments troubleshooting issues with the chips. This 

includes investigations considering the configuration, conditioning and 

positioning of the electrodes. Furthermore, the membrane was also included in 

the troubleshooting with an experiment conducted to investigate the 

conditioning of the membrane layer. Although this troubleshooting led to some 

interesting findings however, the chips TEER performance was still not ideal. As 

such, this Chapter also details the further experimentation required to fully 

characterise the performance of thermoplastic ToaC systems which would lead 

to a fully functioning, injection moulded ToaC device. 

 

4.2 Materials and methods 

As mentioned above, and in Chapter 1, the ability to measure the integrity of 

cell membranes has been demonstrated as a powerful tool for the modelling of 

barriers such as the gut in the human body. Despite the fact that other 

researchers have already created TEER-on-a-chip devices144–147,149, the reliance 

on PDMS makes these devices unsuitable for drug development applications. 

Furthermore, the switch from PDMS to thermoplastic materials presents a whole 

new set of fabrication challenges from the incorporation of membranes to the 

integration of sensing electrodes. This section details the principles behind TEER 

measurements, as well as the fabrication protocols used to build, assemble and 

test the performance of the injection moulded TEER chips. 

4.2.1 Design and fabrication of TEER chips 

As the chips required for TEER analysis consist of multiple components 

(channels, membranes, and electrodes), which all have an impact on the sealing 

of the chip, their fabrication is significantly more complex than the other 

devices described in this project. Furthermore, with no other injection moulded 

ToaC devices having been described in the literature, the processes surrounding 

the design and manufacture all had to be developed as part of this work. As 

such, the details surrounding the fabrication of the devices are given in this 

section. 
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The microfluidic channels for the chip were injection moulded using the process 

described in Chapter 2. The chips were designed in such a way that the top layer 

of the chip contained vias through to the bottom channels so that fluidic 

connections could be made from the top of the chip only. The chips were 

designed to have a circular membrane with a diameter of 5 mm. This 

corresponds to the area of a 96 well plate as it was hoped that by making the 

membrane a standard size, it would allow for easier comparisons between well-

plate and on-chip experiments. The membranes used were 12 μm thick, track 

etched hydrophilic PETE membranes with a pore size of 3 μm and 6x105 

pores/cm2 (Steriltech, US). Depending on the chip, these membranes were 

either directly put in the chips, or glued onto a carrier layer consisting of a 200 

μm thick laser cut PS foil (Goodfellow, UK) using Precision Super Glue (Loctite, 

Germany). 

In order to test the variety of different chip designs in this work, a variety of 

methods were used. There were: double sided adhesives, glue, and ultrasonic 

welding. For the double-sided adhesives, sheets of double-sided adhesive tape 

(3M, US) were laser cut to contain the shape of the channel, before the tape was 

used to stick the 3 layers of the chips (top channel, carrier layer, and bottom 

channel) together. For the glued devices, the same chip designs were used only 

this time, a thin layer of Loctite superglue was used to bond the layers of the 

chip. In some instances, a 500 x 500 μm square channel was included encircling 

the microfluidic channels on the chips to catch any excess glue and prevent 

channels from clogging. For the ultrasonically welded devices, the chips were 

designed with weld seams encircling the channels. Despite the weld seam 

geometry being optimised in Chapter 3, the seams used here were designed to 

have 500 x 500 μm triangular profile as it was found that the larger weld seams 

worked better with the two step welding processes. This process consisted of 

first welding the carrier layer containing the membrane to the bottom channels, 

before welding the top channel on to seal the chip entirely. This process is 

discussed in more detail in section 4.3.2. 

For the electrodes in the chip, a variety of different materials and fabrication 

techniques were considered. Firstly, evaporated gold electrodes were fabricated 

by laser cutting a mask (in PS foil) that contained holes where the electrodes 

would be evaporated through. With the mask placed over the chip, a Plassys MEB 
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550S Electron Beam Evaporator (Plassys, France) was used to deposit 100 nm of 

gold onto the chips. The masks were then removed leaving only the patterned 

electrodes. Another electrode material investigated here was conductive nylon 

tape (Adafruit, US) which was cut to size with a scalpel and then stuck on to the 

devices. Indium tin oxide coated polyethelyne (ITO PET, Adafruit) was also 

considered as an electrode material. To fabricate these electrodes, the PET was 

cut to size with a scalpel and the electrodes were glued to the chips using 

Loctite super glue. Alongside these, conductive silver paint (RS, UK) was also 

used to fabricate electrodes. For these, the paint was brushed onto the chips 

using a fine tipped paint brush before the chips were baked in an oven at 80oC to 

remove any excess solvents. Finally, 300 μm diameter gold wires (Alfa Aesar, US) 

were also studied as electrodes. These wire electrodes were either glued in 

place, or held in place by the weld seams on the chips. 

As it was found that the weld seams were damaging some of the electrodes 

being investigated here, some chips were designed to contain channels to 

protect the electrodes form the welding processes which were then plugged with 

glue to seal the chip (either UV curable glue, Loctite, or food grade silicone 

adhesive (Wacker 120, Wacker, Germany)) as it was found that the Loctite 

superglue flowed into the chips and blocked the channels. This process is 

described in more detail in section 4.4.  

Troubleshooting on the electrodes was conducted using PBS in a 6 well plate 

where the electrodes could be isolated from the other components of the chip. 

Finally, to troubleshoot the ToaC devices, devices were made with the 

membrane omitted (but still with the carrier layer) such that any effects the 

membrane was having on the results could be isolated from the results. 

4.2.2 – MDCK cell culture and staining 

MDCK cells were used for experiments as they are easy to handle and, with a 

doubling time of 24 hrs, would grow quick enough such that results from the 

TEER measurements could be obtained quickly. Furthermore, they are commonly 

used in experiments studying the formation of tight-junctions thus were 

considered a good model cell for the TEER chips as well as for simple 
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biocompatibility testing. MDCK cells were cultured and harvested in accordance 

with the protocol described in section 3.2.4.  

To image the cells, phase contrast micrographs were taken using an EVOS FL1 

imaging system (Thermofisher) with either 10x, or 20x objectives. With regards 

to staining, a variety of different stains were used on the MDCK cells throughout 

this work. During the staining, all reagents were added to the chips by pipetting 

them in slowly so as not to disturb the layer of cells. Firstly, the Live/dead stain 

was used as described in section 2.3. To stain the actin cytoskeleton and the 

nucleus, Actin Actigreen 488 ReadyProbes reagent (Invitrogen) and NucBlue 

Fixed Cell Stain ReadyProbe (Invitrogen) were used. To apply these stains, cells 

were washed in PBS before being fixed with 4% paraformaldehyde solution in 

phosphate buffered saline at 4 °C for 15 min. The cells were washed in PBS 

again, before the membranes of the cells were permeabilised with a 0.1% Triton 

X-100 (Sigma Aldrich) in PBS solution for 10 mins at room temperature. The cells 

were washed again, before a solution containing 2 drops/ml (in PBS) of both the 

NucBlue and Actin 488 stains was added to the cells for 30 mins at room 

temperature. The cells were washed with PBS a final time before they were 

imaged. 

In the case of the antibody stains, the cells were washed, fixed and 

permeabilised as above. Once permeabilised, the cells were then blocked with a 

solution of 10% goat serum, and 1% bovine serum albumin (BSA) in PBS for 1 hr at 

room temperature. Cells were stained with ZO-1 antibody in at a ratio of 1:100 

in a solution of 1.5% goat serum and 0.1% BSA overnight at 4oC. After staining, 

cells were washed in PBS before the secondary antibody was applied (1:500 Anti 

Rabbit 644, 1:500 DAPI, 1:50 Phalloidin) again in 1.5% goat serum and 0.1% BSA 

solution for 2 hrs at room temperature. Finally, the cells were rinsed with PBS 

and imaged. 

4.2.3 – TEER measurements 

As discussed above, TEER measures the impedance of a layer of cells. To do this, 

an electrode is placed in the media on either side of cells growing on a 

membrane and the impedance in recorded (shown in Figure 1.4). In a 
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microfluidic TEER-on-a-chip device, the electrodes are incorporated into the 

chips. A schematic of such a device is shown in Figure 4.1. As the electrolyte, in 

this case, cell culture media is inert, there is a transport of molecules to the 

electrodes in what’s known as a non-Faradaic (capacitive) process. In a non-

Faradaic process, when a DC voltage is applied, charged molecules accumulate 

at the electrodes and undergo no redox reactions. That is, there is no charge 

transfer across the electrode-solution interface233,234.  

The DC resistance of such a system can also be estimated using equation 4.1235: 

𝑅 = 
𝐷

𝑘𝐴
 (4.1) 

  

Where 𝑅 is the DC resistance of the system; 𝐷 is the distance between the 

electrodes separated by an electrolyte with a conductivity, 𝑘; and 𝐴 is the 

effective surface area of the electrode. In the instance of the system described 

here, 𝐷 = 0.12 cm, 𝐴 = 0.28 cm. The conductivity of PBS236  (used here as a 

proxy for cell culture media) is ~ 15 mS/cm2 giving an overall system resistance 

of ~30 Ω. This value can be used to determine if there are any other impedances 

that may be present in the system, and would be a useful check to determine if 

there are no other unexpected large resistances that could impact the TEER 

measurements. This would have been especially useful when examining the 

membrane resistance experiments discussed in Section 4.8. However, no DC 

measurements of the resistance were acquired in this work, so this is discussed 

Figure 4.1 – A schematic of a TEER-on-a-chip device. 4.1 shows the chip containing 

electrodes, media, and cells which all contribute to the impedance of the chip. As the cell 
populate and cover the membrane, the impedance between the electrodes is increased. 
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in more detail in the future work section (Section 4.10). A summary of how the 

TEER measurements of the system is given below. 

In the configuration shown in Figure 4.1, the impedance recorded is not just the 

impedance of the cell layer, but rather the impedance of the electrodes, the 

electrical contacts, the media, the membrane, and the cells. This impedance is 

referred to as 𝑍𝐶ℎ𝑖𝑝 . In order to isolate the impedance of the cell layer, a 

recording of the impedance on the chips filled with media prior to cell seeding 

was taken (𝑍𝐵𝑙𝑎𝑛𝑘). Thus, the impedance of the cell layer (𝑍𝐶𝑒𝑙𝑙) is given by 

equation 4.2. 235 

𝑍𝐶ℎ𝑖𝑝 − 𝑍𝐵𝑙𝑎𝑛𝑘 =  𝑍𝐶𝑒𝑙𝑙  (4.2) 

  

As the impedance of the chips were measured at subsequent time points after 

seeding, 𝑍𝐵𝑙𝑎𝑛𝑘 was subtracted from every impedance measurement giving a 

value of 𝑍𝐶𝑒𝑙𝑙  for every time point. For all experiments here, MDCK cells were 

used and were seeded at a density of 100,000 cells/cm2. A high cell density was 

used so that the cells would quickly form a confluent monolayer on the chips 

meaning that TEER measurements could be obtained rapidly. The TEER chips 

were either left for 24 or 72 hrs depending on the experiment. 

The impedance measurements were performed using a handheld mini LCR meter 

(Multicomp Pro, US) which allowed for impedance recordings at 10 frequencies 

(100, 400, 1k, 4k, 10k, 40k, 50k, 75k, and 100k Hz). As both the resistance (𝑅, 

the real component of the impedance) and the reactance (𝑋, the imaginary 

component) were recorded, the impedance (𝑍) is given in equation 4.3: 

𝑍 = 𝑅 + 𝑗𝑋 (4.3) 

  

where 𝑗 is the imaginary unit. The magnitude of the impedance is shown in 

equation 4.4: 

|𝑍| = √𝑅2 + 𝑋2  (4.4) 

  

and the phase of the impedance (∅) is shown in equation 4.5:  
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∅ =  tan−1
𝑋

𝑅
 (4.5) 

  

As the impedances were recorded at a range of frequencies, the magnitude and 

the phase were calculated at each frequency for each separate chip. Impedance 

and phase spectra (Bode Plots) were obtained by plotting the calculated 

impedance magnitudes and phases with respect to frequency.  

In most instances in this work, the TEER is expressed as either |𝑍𝐶𝑒𝑙𝑙 | at a 

specific frequency multiplied by the area of the membrane giving a value of 

|𝑇𝐸𝐸𝑅 | (Ωcm2). This whole process is described by Bossink et al.149.  

4.3 Incorporation of membranes into injection moulded 

microfluidic chips 

As previously, the translation from PDMS based fabrication to thermoplastic 

fabrication through injection moulding poses a series of new challenges. 

Injection moulded devices benefit from higher throughput compared to other 

fabrication techniques as discussed in section 1.1.3.1 This means that devices 

can be mass produced and shipped to consumers as and when they required so 

that researcher need not spend time manufacturing their own devices. This in 

turn should lead to a greater uptake of microfluidic techniques within the life 

sciences communities. However, as ToaC devices require multi-layered chips 

containing electrodes and membranes, manufacturing them in thermoplastic 

materials presents a series of issues. Broadly speaking, these issues are mainly 

due to the sealing processes required for thermoplastic device fabrication. As 

PDMS forms a conformal seal with most materials, a membrane can simply be 

introduced between the two layers of the chip without any further fabrication 

steps. As thermoplastics do not form this conformal seal, special consideration 

must be taken in order to incorporate the membrane into the device. This 

section details the design and manufacture of an injection moulded microfluidic 

chip containing a membrane separating two chambers. 
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4.3.1 Ultrasonic welding of membranes 

As discussed in Chapter 2, the bonding and sealing of thermoplastic microfluidic 

chips presents a challenge in the translation of PDMS prototypes to mass 

producible devices. As discussed previously, PDMS devices can be sealed purely 

through relying on the seal formed when two pieces of PDMS are in conformal 

contact with one another. However, this approach cannot be used for 

thermoplastic devices they will not form this conformal seal with another 

surface. As detailed in Chapter 2, ultrasonic welding presents and attractive 

method of sealing thermoplastic devices in a high throughput manner. However, 

when ToaC devices are considered, the inclusion of the weld seam required for 

ultrasonic welding introduces other issues. Figure 4.2A shows a schematic of the 

assembly of a simple membrane device. For this part, the membrane was simply 

inserted between the two layers of the chip. During the welding, the weld seams 

puncture through the membrane and seal to the chip on the other side. 

However, as can be seen in 4.2B, this process leads to the membrane no longer 

being flat inside the chip. As the weld seam melt, the polymer redistributes 

itself and the membrane moves with the melted polymer causing it to compress 

and wrinkle inside the device. These wrinkles mean that different points of the 

membrane are at different heights inside the chip and thus will lead to 

difficulties imaging the chip. Furthermore, the wrinkling means that the flow of 

media over the cells may not be uniform. That is, the flow is constricted in areas 

where the membrane is closer to the channel roof, while the media can flow 

more freely in areas where the membrane is further away. This could potentially 

lead to areas of the cell culture receiving less nutrients compared to others. 

Furthermore, this stretching and compressing of the membrane is likely to lead 

to damage during fabrication and could lead to leaks between the two separated 

micro-channels. As such, these issues demonstrate the need for methods that 

allows for the incorporation of membranes into thermoplastic devices in a rapid 

and roust manner to compliment the injection moulding process.  

 

While thermal bonding is a gentler process the time associated with bonding 

each part means that many of the benefits gained from a high-throughput 

manufacture method such as injection moulding are lost. As such, there is a 

need for a means of sealing the devices around the membranes that are included 

into the devices without disrupting them. 
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 4.3.2 Sealing of devices with glue and tape 

As discussed above, ultrasonic welding would lead to a wrinkling of the 

membrane inside a device. As such, alternative sealing methods were sought. It 

is also worth mentioning that the lamination process outlined in Chapter 2 was 

not considered as there was a thickness limit on the laminator of 1.2 mm and 

the multi-layered TEER chips would have exceeded this. Furthermore, it was 

thought that the un-localised heat of the laminator could have melted and 

distorted the membranes used. 

To address these issues with previously described sealing methods and approach 

using double sided tape was tested. In the past, double sided tape has been 

shown to be effective in sealing microfluidic devices manufactured in materials 

such as PMMA55. In this approach, microfluidics channels can be fabricated 

through a variety of methods such as hot embossing, laser cutting, or micro-

milling. A double-sided adhesive tape is then cut with the necessary vias and 

channels before the whole structure is sandwiched together and pressure is 

applied to create a good seal. To determine if this method was suitable for 

Figure 4.2 – Issues with weld seams and membranes. A shows a schematic of the chip prior 

to welding while B shows the chip after welding with the compressed membrane. C shows 
an image of a chip after welding with a compressed and wrinkled membrane. The chip was 
filled with blue dye to better visualise the membrane. D shows a close up of the chip in C 

where the compressed membrane can be seen in more detail. Scale bar in C = 10 mm, while 
D = 5 mm. 
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injection moulded ToaC devices, chips were moulded contain the required 

channels and no other features such as weld seams. Double sided adhesive was 

then laser cut to contain the vias and the channel layout before the layers were 

aligned by hand and compressed. A photograph of a chip filled with red and blue 

food dye is shown in 4.3A. Here it can be seen that although the parts are 

bonded together, there is not a watertight seal around the channels causing the 

dye to leak out. Even though this approach had been used previously and with 

great success to create multi-layered microfluidic devices, it was thought to 

have failed here as the injection moulded PS parts were not completely flat. In 

the device reported by Kinahan et al., the layers were formed of laser cut 

acrylic sheets which have been manufactured to be flat55. However, due to the 

injection moulding process, when the part is released from the mould, it still 

cools further which can lead to deformation known as warping. Although this 

warping in negligible and not a concern in most other applications, it can cause 

issues when sealing microfluidic devices as the two layers naturally want to pull 

away from each other. It was thought that annealing the assembled device under 

pressure would help in forming the sealing however this had no effect. As such, 

other approaches for sealing were considered. 

Similar to bonding using adhesive layers, and perhaps the most widely used 

adhesive bonding technique, glue has been used to seal microfluidic devices57. In 

this method, uncured glues are applied to the device, the device is assembled, 

and the glue is allowed to cure either though UV curing, or solvent 

evaporation54,237. To test this method, superglue was applied to microfluidic 

devices and the two sides were held in contact with each other with a 

membrane separating the two central chambers. However as can be seen in the 

photograph shown in Figure 4.3B, the chip has failed to seal. Again, this was 

thought to be due to the inherent curvature of injection moulded PS devices. A 

channel surrounding the device designed in a bid to contain all the excess glue 

and prevent clogging of the channels.  

Moreover, although tapes and glues have been shown to create sealed 

microfluidic devices, there are still discussions about the suitability of these 

approaches for OoaC applications. Namely, both adhesive tapes and glues 

contain materials which are likely to leach into the cell culture media and harm 
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any cell cultures. Furthermore, the use of tape means that the adhesion of  

devices is likely to lessen over time causing further issues with the longevity of 

devices. In addition to this, the requirement for coating in glue or laser cutting 

adhesive layers increased the complexity and time requirements of the 

fabrication processes. 

Despite that fact that the success of using both double sided adhesive and glue 

for the sealing of the devices has been documented by Kinahan et al.55 (tape) 

and Arayanarakool et al.54 (glue), it is thought that both methods failed here due 

the fact that the injection moulded chips have a small curvature to them. Both 

the chips described by Kinahan et al. and Temiz et al. were produced through 

laser cutting or glass etching which produce much flatter chips which are more 

suitable to be sealed by these methods. 

As both above approaches (tape and glue) had failed to create a sealed device 

here, the chips were redesigned to allow for membranes to be incorporated into 

ultrasonically welded devices without the weld seams interfering with the 

membrane. 

4.3.3 Incorporating membranes using a three-layer structure 

As discussed above, attempts to seal the devices using tape and glue had proved 

unsuccessful in crating sealed microfluidic devices containing membranes. As 

ultrasonic welding had been so successful in creating sealed devices in Chapter 

one, a protocol was sought that would allow for both the incorporation of a 

Figure 4.3 – Sealing of microfluidic devices containing membranes with glue and tape. A 

shows a photograph of a device sealed with double sided tape. Channels have been filled 
with red and blue food dye (corresponding to the upper and lower channels respectively). B 
shows a device sealed with glue, with the arrows showing the glue seam designed to 
prevent issues with clogging. Scale bars = 20 mm. 
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membrane into the device without the warping issue described in section 4.3.1. 

As the issues were all caused by direct interaction of the weld seams and 

membranes, it was thought that by immobilising the membrane onto a PS carrier 

layer, the bonding could occur between the weld seams and the carrier, while 

the membrane would be left unaffected by the welding process. A PS carrier was 

used as it was the same material as the channels. This meant that there were no 

compatibility issues in ultrasonically welding the PS to other materials. Sackman 

et al. showed how different materials could be welded to one another however, 

PS only showed good welding compatibility with itself, poly-lactic acid (PLA), 

and styrene-acrylonitril copolymer (SAN)238. Furthermore, PS showed moderate 

welding compatibility with PET (the membrane material) indicating that a glue-

less bonding of the membrane to the carrier layer could be achieved in the 

future. A schematic of the device with a carrier layer is shown in Figure 4.4A. 

Here, a 200 μm thick PS foil was laser cut containing the necessary vias and hole 

for the membrane to cover. A photograph of this carrier layer is shown in 4.4B. 

The membrane was then glued to the carrier (Superglue, Loctite, Germany). The 

carrier was then welded to one half of the device before the second half was 

sealed in a separate welding process. As the weld seams only interacted with the 

PS foil, the membrane was not compressed or stretched leading to a flat 

surface. A photograph of a sealed device filled with red and blue food dye is 

shown in Figure 4.4C. Here It can be seen that there is no leaking in the device, 

and the membrane has successfully separated both sides of the device (shown by 

the separation of the red and blue dyes). Furthermore, by minimising the use of 

glue and tape, the seal is completely formed from PS minimising the risk of 

solvents leaching into cell cultures. However, before an attempt was made to 

incorporate electrodes into the chips, the three-layer membrane chips were first 

tested for biocompatibility to ensure that cells could grow on the membrane and 

form a barrier. 

4.3.4 Biocompatibility of membranes 

As discussed above, it is possible to seal fluidic chips containing membranes 

using a carrier layer to hold the membrane and protect it from the ultrasonic 

welding process. However, it was still not known whether cells would readily 
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grow on the membrane, or whether the glue used to stick the membrane to the  

carrier would influence the viability of the cells. As such, MDCK cells were 

seeded onto the chips and media was flowed through both the top and the 

bottom channels to determine whether the cells would grow on the membrane. 

This setup is shown in Figure 4.5A. However, as can be seen in the micrograph 

shown in 4.5B, after 24 hrs, there were little to no cells found attached to the 

membranes. As such, a series of test chips were constructed to determine what 

the cause of the lack of cells was. The first of these chips consisted of cells 

grown on the carrier layer/membrane without any fluidic channels, to test 

whether the cells could attach and grow on the membrane and whether the glue 

had any negative effects on the viability. Next, cells were seeded onto a chip 

however, the chip had no fluid connectors or media flow to determine whether 

it was the flow that was detaching the cells from the membrane. Fluorescent 

micrographs of each of the chips are shown in 4.5C and D. 

4.5B shows cells growing on the membrane that had not been assembled into a 

microfluidic device. The presence of healthy cells on this chip means that the 

membranes and the glue holding it to the carrier layer are biocompatible and do 

not negatively affect the health of the cells. 4.5D shows the cells grown on a 

Figure 4.4 - Carrier layer for integration of membrane. A shows a schematic of the device 

prior to, and after welding. B shows a photography of the carrier layer with a membrane 

glued to it while C shows a fully assembled device. Red and blue food dye have been added 
to aid in the visualisation of the channels. Scale bars = 25 mm. 
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chip with no flow. Here the cells were simply pipetted into the top chamber and  

media was pipetted into the bottom. Drops of excess media were placed over 

both the inlets and the outlets to prevent the chip from drying out due to 

evaporation in the incubator. Again, the presence of healthy cells on the 

membrane indicates that the full assembly of the chip was biocompatible and 

was not influencing the cells. The fact that there are no healthy cells observed 

in the image in 4.5B however, indicates that the issue with the cell viability 

must be down to either the flow of media detaching the cells, or the fluidic 

connectors interfering with the cell seeding. The chips in 4.5B were seeded by 

Figure 4.5 – Membrane biocompatibility testing. A shows a photo of the experimental setup 

showing the media supply, the fluidic connectors and the chip. B shows a fluorescent 
micrograph of the chip 24 hrs after MDCK cells were seeded and media was flowed through 
for 24 hrs at a flow rate of 100 μl/hr. C shows a fluorescent micrograph of MDCK cells grown 
on the membrane/carrier while D shown an image of the cells in a chip with no media flow. 
Finally, E shows MDCK cells on the membrane in a chip where the cells were seeded prior 

to the connectors being added. Green indicates the actin, while blue shows the nucleus of 
the cells. Scale bars = 50 μm. 
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pushing the cells through the fluidic connectors with a syringe while the chips in 

4.5D were seeded by pipetting the cells onto the chip. To determine whether 

the connectors were interfering with the seeding, chips were seeded by 

pipetting cells into the chips before the fluidic connectors were attached and 

media was flowed through at a rate of 100 μl/hr in both the top and bottom 

channels. 4.5E shows fluorescent micrographs of the cells imaged in this chip 

after 24 hrs. Here, the presence of healthy cells indicates that it was the fluid 

connectors affecting the seeding. 

Considering the above, the chips have been shown to be biocompatible however, 

while the fluidic connects allow for the flow of media through the chips, they 

are preventing the cells from being seeded on the membrane. It is thought that 

the connectors are introducing currents in the media before it reaches the 

device which are trapping the cells and preventing them from being seeded on 

the membrane. As such, when flow is required, the cells can be seeded prior to 

the connectors being attached which allows the cells to attach and spread on 

the membrane, while still allowing for the flow of fluid. 

From this, it has been demonstrated how a chip containing a membrane can be 

fabricated through injection moulding and ultrasonic welding. It has also been 

shown that the blunt tipped needle style connects described in Chapter two 

prevent the seeding of cells, however this issue can be overcome by seeding the 

cells prior to the connectors being attached. As such, focus was moved to 

incorporating electrodes into a membrane chip sealed through ultrasonic 

welding. The following sections details how these chips were designed and 

tested. 

4.4 Incorporation of electrodes into ultrasonically welded 

thermoplastic chips 

As discussed above, it is possible to seal injection moulded thermoplastic fluidic 

chips containing a membrane using a three-layer construction. When the 

incorperation of electrodes into the chip is considered however, the weld seams 

used in this chip configuration pose an issue. Any electrode that is included into 

a fluidic device needs to be able to traverse the sealing of the device without 

creating any leaks. In the chips described by Maoz et al.145, Henry et al.144, and 
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van der Helm et al. (2019)146, evaporated gold electrodes are used. As the 

channels are made from PDMS, the conformal seal offered by this material 

means that it is reltively simple to incroperate the electrodes while still 

maintinging a seal. However, the high energies associated with ultraosinc 

welding process can lead to damage to electrodes. This is illustraed 

schematically in Figure 4.6.  

 

4.6 shows how the electrodes on the surface of the device can be damaged by 

the welding process. For the ultrasonic welding process to work, the weld seams 

must puncture through the electrodes meaning that they will no longer conduct 

a current into the devices. When other sealing methods such as laser welding are 

considered, the same issue persists wherein melting of the plastic is likely to 

damage electrodes rendering them useless. Thermal bonding on the other hand 

is a gentler process, however the time associated with bonding each part means 

that many of the benefits gained from a high-throughput manufacture method 

such as injection moulding are lost. As such, there is a need for a means of 

sealing the devices around whichever electrodes that are included without 

disrupting them. 

The follwing sections detail the design of a ToaC device that allows for the 

incroperation of electrodes into an ultrasonically welded chip. Alsong side this, 

different elecotrode materials are considered in order to find the best material 

in terms of assembly time and cost.  

 

4.4.1 Use of channels to protect electrodes from weld seams 

Ultrasonic welding proved to be the most robust method for sealing devices. 

Furthermore, it is possible to both seal a device through welding and incorporate 

a membrane. As such, an approach that would allow for the incorporation of 

electrodes into the devices sealed through ultrasonic welding would mean that 

the a ToaC device could be fabricated with a fabrication process that was both 

rapid, and did not rely on many materials. To address this, a device was 

designed that contained channels that would allow for the electrodes to run 

from the outside of the device into the main culture area. As the electrodes 

were contained inside channels, they would not be damaged by the welding 
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process (just as the fluidic channels were not damaged during welding).  

However, this also meant that glue would be required to seal the gap left in the 

device due to these electrode channels. A schematic of one side of such a chip is 

shown in Figure 4.7A with a close-up of the electrode channel shown in B. The 

depth of the channels used here for the electrodes were 100 μm while the width 

was 500 μm. C shows a schematic of the electrode channel both before and after 

welding and shows how the electrode is protected from the weld seams. D shows 

an image of an assembled chip complete with the undamaged electrodes (a 

close-up of which is shown in E). The electrodes were tested for damage by 

filling the chip with PBS and testing whether an electrical current could be 

conducted between all the electrode pairs. A small plug of glue was used to seal 

the small electrodes channels. Despite initial concerns into the use of glue to 

seal microfluidic devices, there was a precedent for sealing electrodes into 

TEER-on-a-chip devices using glue with both the devices described by van der 

Helm et al. (2016)147, and Bossink et al.149 requiring the electrodes to be 

inserted into the device before the holes were plugged with a small quantity of 

liquid adhesive. In both instances, no issues associated with channel clogging, or 

biocompatibility were reported. Furthermore, the design detailed by van der 

Helm et al. (2016), also used horizontal electrodes running into the device 

similar to the design shown in 4.7.  

4.4.2 Comparison of electrode material 

As discussed above, a method of including electrodes into ToaC devices has been 

established. However, for the injection moulded ToaC devices, alternative 

 

Figure 4.6 – Issues with sealing electrodes with weld seams. A shows a schematic of a 

device consisting of a moulded channel (blue), and an evaporated gold electrode (yellow) 
prior to welding. B shows that after welding, the weld seam punctures through the 
electrode leading to no electrical connection into the channel. 
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electrode materials and fabrication methods were considered. As mentioned  

previously, most ToaC devices, and indeed most microfluidic devices with 

integrated electrodes in general, rely on evaporating gold or platinum onto the 

substrate using a mask. These materials are used as they are known to be 

biocompatible while also showing high conductance. This high conductance 

means that small, thin strips of these metals have a low resistance making them 

ideal for sensing applications. However, these electrodes are often fabricated by 

metal evaporation. This process involves placing the chip into a vacuum, 

whereby a target material is heated by an electron beam causing the metal to 

evaporate. The metal then cools on contact with the substrate leaving a thin 

layer of the metal on the surface. The mask is then removed, leaving metal only 

on the exposed areas of the substrate. This method has been widely used in 

electronics manufacture to produce electrodes and connections on a wide 

variety of substrates, and was utilised by Moaz et al.145, Henry et al144, and van 

der Helm et al.(2019)146, to create the electrodes on the glass substrates used in 

their devices. However, this fabrication method takes time as each sample 

needs to be under a vacuum and also requires very expensive equipment to carry 

out. As such, when the patterning of injection moulded devices is considered, 

Figure 4.7 – Electrode channels to protect the electrodes during welding. A shows an 

exploded view of a chip with the weld seams and electrode channels. A close up of the 
electrode channel is shown in B. C shows a schematic of the electrode channel both 
before and after welding. The small gap in the channel was sealed with a small 

quantity of glue. D shows a photograph of an assembled chip with a close-up of an 
intact electrode shown in E. Scale bars = 25 mm in D and 5 mm in E. 
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this approach is too slow and expensive to fit into a mass production protocol. In 

the devices documented by Bossink et al.149 and van der Helm et al. (2016)147, 

electrodes were created by inserting 250 μm diameter platinum wire into the 

devices. Although this approach is entirely clean room free, the platinum wire 

costs ~ £200 per meter239 meaning that a device containing four 2 cm electrodes 

has a cost of £8 per chip on top of all other fabrication methods. This cost was 

deemed too high and as such, other materials and fabrication methods were 

considered.  

The materials investigated in this work include silver colloidal paint (RS, UK), 

conducting nylon tape (Adafruit, US), as well as indium tin oxide coated 

polyethylene (ITO PET, Adafruit, US). As the electrodes will be in contact with 

cell cultures, the biocompatibility of the electrodes is of the utmost importance 

when electrode material for a ToaC application is considered. 4.8A shows the 

micrographs of MDCK cells grown for 3 days in 12 well plates containing either no 

electrode, the silver paint, the nylon tape and the ITO PET (B – D respectively). 

After 3 days, the cells were rinsed with PBS to remove any non-adherent cells 

and the biocompatibility was estimated by counting the number of adherent 

cells in each field of view. This is shown in 4.8E with the data normalised to the 

number of cells in the control sample. Finally, 4.8F shows the conductivity of all 

the materials considered here. 

From B and E, it can be concluded that the silver paint was having a negative 

impact on the health of the cells. In the case of the silver paint, although the 

paint contains solvents such as ethanol, acetone and ethyl acetate240, it was 

thought that baking the paint once it had been applied to the substrate, would 

remove all the solvents leaving only the silver behind (as per the data sheet240). 

That, along with the fact that silver is regarded as a biocompatible material241, 

had led to the belief that the silver paint would be suitable for use in a TEER-on-

a-chip device. However, as demonstrated by the images and data presented in 

5.8B and E, the silver paint was not suitable for use as electrodes in OoaC 

applications. In the case of the nylon tape, no details could be found pertaining 

to the chemical make-up of the conducting element of the tape. However, as 

demonstrated in 4.8C and E, a component of the tape was having a negative 

impact on cell health and as such, was eliminated from consideration as a 

suitable electrode material for ToaC.  
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 The ITO PET has been used as a conductive material in biomedical devices in 

the past242. From 4.8D and E it appeared that the ITO PET did not have a 

negative effect on cell health. However, in the case of ToaC device where the 

electrodes need to be thin to fit into the electrode channels, the low 

conductance of ITO PET meant that it was unable to conduct a current into the 

chips in an assembled device. With this and the above considerations into silver 

Figure 4.8 – Biocompatibility of electrode materials. A shows a micrograph of cells grown in 

a 12 well plate with no other material present which acts as a control. B-D shows 
micrographs of cells grown for 3 days in well plates with conductive silver paint, conductive 

nylon tape, and ITO coated PET respectively. E shows the number of cells in each field of 
view for each of the materials with the numbers normalised to the control. F shows a table 
of the conductivity of the materials used in this project. Data in E = mean ± standard 
deviation. Scale bars = 50 μm. 
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paint, and nylon tape in mind, gold wire was selected as the electrode material 

of choice. Although gold wire has the issues associated with the increased cost, 

the use of wire means that the electrodes come pre-manufactured and just need 

to be inserted into the devices after assembly without any complicated 

fabrication process. As such, it was determined that this outweighed any issues 

in the cost of the chips. Furthermore, gold is known to be highly conductive as 

well as having few issues associated with its biocompatibility241 so was deemed 

to be the ideal material choice for the TEER electrodes.  

4.5 TEER measurements in injection moulded chips 

As discussed above, chips with evaporated gold electrodes placed in their own 

channels proved to be the best option when it came to fabricating ToaC devices. 

As such, chips were fabricated as described in section 4.4.1 before MDCK cells 

were seeded onto them, and their impedances were measured every day for 3 

days. For the impedance of the cells to be separated from the impedance of the 

chip, chips were first filled with media that had been allowed to heat up to 37oC 

and impedances were recorded at a series of frequencies ranging from 100 – 100 

kHz. Then the cells were seeded onto the device and the impedance spectra 

were recorded at 24 hr intervals for 3 days. The reason that the first 

measurement was done without cells, was so this value could be subtracted from 

the measured impedances of the cells meaning that only the impedance of the 

cell layer was considered – not the impedance of the electrodes, the membrane 

and the media. Full details of this approach to TEER measurement have been 

described by Bossink et al.149 and detailed in section 4.2.3. Furthermore, care 

was taken during this step to use media at 37oC as it had been shown in the past 

that the temperature of the media has a large effect on the impedance of the 

media, and thus the measured TEER values243. Furthermore, the media was 

changed and the cells were placed back into the incubator for 30 mins prior to 

each reading to reduce any effect that the changing composition of the media 

would have on the results. The impedance spectra (Bode plots) for the blank 

chips and the chips with cells after 3 days is shown in Figure 4.9A, with the TEER 

measured at 1 kHz for each day shown in 4.9B. Here it can be seen that 

compared to the impedances of the blank chips at day 0, the impedance of the 

chips containing MDCK cells does not change significantly, while the impedance 
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of the control chip (no cells) appears to increase. However, this increase in the  

control chips is highly variable as illustrated by the large error bars, and when 

the |𝑇𝐸𝐸𝑅| @ 1 kHz is considered in 4.9B. After three days, the error is large 

enough that it overlaps the control values showing an insignificant difference in 

TEER values. To further investigate why there was no significant increase in 

TEER after 3 days, the cells were stained for dapi and actin and imaged to see if 

the chips were having a negative effect on cell health. Figure 4.9C shows the 

MDCK cells on the chips after 3 days. Comparing the image of the chips in 4.9C 

with those shown in Figure 4.5, there is no actin network in the cells grown in 

the TEER chips containing electrodes, while the cells grown on the chips 

containing just a membrane and no electrodes (Figure 4.5C-E) show a healthier 

phenotype. As the only differences between the two chips used here are the 

inclusion of the gold electrodes and the use of glue to seal the electrode 

channels a study was conducted in order to determine whether the glue was 

having an impact on the health of the cells. 

Figure 4.9 – TEER measurements in glue sealed chips. A shows the impedance spectra of 

the chips with and without cells at day 0 (dark blue and orange respectively) and at day 3 
(light blue and orange respectively). B shows the magnitude of the calculated TEER 
(measured at 1 kHz) for the control (dark blue) and the chips containing MDCK cells 
(orange). Points = mean ± standard deviation with n = 3. C shows a micrograph of the cells 

on the membrane after 3 days. The cells have been stained for dapi (blue) to show the 
nucleus, and actin in green. Scale bar = 100 μm. 
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4.5.1 Biocompatibility of the adhesive 

As discussed above, there was something in the chips used for the experiments 

in section 4.5 that was having a negative impact on the health of the MDCK cells 

used. As the injection moulded PS channels, the PET membranes, and the gold 

electrodes had already been shown to not have a large impact on the health of 

the cells (as discussed in section 4.4.2), it was thought that the glue used to seal 

the electrode channels was having a toxic effect. The glue used here was 

thought to be biocompatible as is was based on PDMS which is commonly used in 

microfluidic applications for the culture of cells. From the glue data sheet244, it 

is based on  PDMS with an acetoxysilane cross-linker. Furthermore, the adhesive 

was marketed as “Food safe” which was initially assumed to mean that it would 

not be toxic to cells. To test the biocompatibility of the glue, well-plates 

containing a blob of the glue were seeded with MDCK cells, and imaged along 

with wells not containing any glue. After 3 days, the cells were rinsed with PBS 

to remove any non-adherent cells, and imaged with an image of the cells grown 

without the glue shown in Figure 4.10A (control) and B respectively showing the 

well with the glue. As can be seen here, the cells that had not contacted the 

glue were healthy and formed the classic cobblestone like structure on the 

surface of the well plate. However, there were no cells attached to the surface 

of the wells that contained the glue (4.10B). This clearly indicates, that despite 

the initial assessment that the glue did not contain any harmful ingredients, 

there was something in it that had a catastrophic effect on the health of the 

cells. The relative number of each cells in each frame is shown in the plot in 

4.10C. Again, using the relative number of cells per frame as a measure of the 

biocompatibility, it shows how the glue was having a massive impact on the 

health of the cells. Although there is evidence in literature of other glues being 

used for the sealing of electrodes in microfluidics chips (namely the use of 

Norland Optics UV curable adhesives 147,149) it was decided that an approach that 

did not involve the use of adhesives would be beneficial. As discussed previously, 

including an adhesive into microfluidic fabrication increases the complexity of 

the assembly process as well as increases the risk of blocking the channels during 

fabrication. A such, a new approach was needed to fabricate the chips without 

the requirement of glue to seal the electrode channels. 
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 4.6 Incorporation of gold wires into chips directly 

through weld seams 

Based on the discussion above, there is a need for injection moulded TEER chips 

that do not require additional glue to seal off the electrode channels. In the 

chips detailed by Bossink et al.149 and van der Helm et al.147, the platinum 

electrodes were held in place using UV curable adhesive from Norland optics. 

However, the fabrication of TEER chips could be improved and streamlined if 

electrodes could be incorporated into the device and sealed without the need 

for any additional fabrication. Furthermore, by eliminating the glue, all the 

issues associated by introducing further materials into the chips, such as 

leaching of uncured glue back into the media, or absorption of small molecules 

are eliminated. As well as this, and risks associated with the glue clogging the 

channels would be reduced. As mentioned in section 4.4.2, the standard 

evaporated gold electrodes can only be included into devices if special channels 

are made to protect the electrodes form the weld seams that would otherwise 

Figure 4.10 – Biocompatibility of the glue. A shows an micrograph of MDCK cells grown in 

blank wells for 3 days while B shows an image of a well containing the Wacker Food Safe 
adhesive used to construct the chips. C shows the relative number of cells normalised to 
the blank wells for both the control and the wells containing the glue. Error bars = mean ± 
standard deviation with n = 3. Scale bars = 50 μm. 
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rupture them. However, the sealing of these channels is an issue as it involves 

the inclusion of glue that complicates the fabrication protocol as well as 

introduces the issues mentioned above. To combat this, a new method of 

incorporating gold electrodes into the chips was investigated. 

The evaporated gold electrodes discussed in section 4.4.2 consisted of a 500 μm 

wide, and 100 nm thick layer of gold. During the ultrasonic welding process, it 

was found that the weld seams simply pierced through this thin layer meaning 

that no electrical current could be transmitted from the inside of the chip to the 

outside. It was thought however, that by using gold wires as opposed to 

evaporated gold, the rounded shape and increased thickness of the wires would 

make them more likely to survive the welding process as the weld seams would 

simply melt and flow round the wires. This technique has previously been 

described by Sackman et al.238 where grooves in the weld seams allowed for the 

inclusion 50 μm filaments without rupture of the wire. A schematic of a chip 

with the gold wire electrodes is shown in Figure 4.11A and a photograph of a 

chip sealed against a blank piece of polystyrene containing a wire electrode 

running through the weld seam is also shown in 4.11B. Here, the electrode can 

be seen intact, running from the outside of the chip to the inside, while the food 

colouring remains inside the channel indicating a water-tight seal. A hole was 

then punched in the polystyrene film to give access to the portion of the 

electrode inside the chip. This meant that a multi-meter could be used to 

confirm whether the electrodes were intact after the welding process. Of the 

three chips fabricated this way, all showed a resistance of less than 1 Ω. This 

indicates that the electrodes were intact and should be able to be used for the 

transmission of current through the chips such that TEER measurements could be 

taken.  

Despite the relative simplicity of the protocol to the incorporation of electrodes 

into the device, this approach also contains several advantages over the other 

methods of ToaC manufacture described previously. Firstly, the chips can be 

fabricated and sealed without the need for glue that could be toxic to the cells. 

This means that the chip used here are fabricated entirely in polystyrene (with a 

PETE membrane) without any additional materials. Secondly, by eliminating the 

step involving gluing the electrodes into place, the fabrication process of the 
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chips can be streamlined. In this approach, the incorporation of the electrodes,  

and the sealing of the chips can be done in a single step, expediting the chip 

fabrication process. As such, the manufacture of the chips is more aligned with 

the injection moulding process meaning that chips could easily be scaled to a 

mass manufacturing process if required.  

Figure 4.11 – Through-weld seam electrodes and TEER measurements. A shows an 
exploded schematic of the chips made with the through-weld seam electrodes with the 
three layers of the device, and the gold wire electrodes incorporated at the welding step. B 

shows a photograph of a chip with a wire electrode sealed with a PS foil. The channel was 
filled with blue food colouring to examine for leaks. C shows a close up of the gold wire 
going through the weld seam showing how the wire remains intact after welding. D shows 
the impedance spectra of the chips with and without cells at day 0 (dark blue and orange 
respectively) and at day 3 (light blue and orange respectively). E shows the magnitude of 
the calculated TEER (measured at 1 kHz) for the control (dark blue) and the chips containing 

MDCK cells (orange). Points = mean ± standard deviation with n = 3.  F shows a micrograph 
of the cells on the chip after 24 hrs. nucleus = blue (dapi), actin = green. Out of focus areas 
indicate the 3D structures apparent in the cell layer. Scale bars = 25 mm in B, 5 mm in C and 
100 μm in F. 
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With these new ToaC devices with the through-weld seam wire electrodes, the 

TEER measurements were repeated to see if more meaningful recordings of 

barrier integrity could be achieved. 

4.6.1 TEER measurements in gold wire electrode chips  

To record the TEER values from MDCK cells, chips were filled with warm media 

and the impedance spectra were recorded. Then, half the chips were seeded 

with MDCK cells, while the others were kept blank. Differing to the previously 

described TEER experiments, measurements were recorded at 2 hr intervals for 

8 hrs, and then a final measurement was taken at 24 hrs. this was due to the 

fact that when seeded at a high density, MDCK cells had been shown to reach 

their peak TEER value after less than 24 hours245. Again, the impedance spectra 

recorded on day 0, and the spectra recoded after 24 hrs are shown in Figure 

4.11D. Here it can be seen that there is a drop in the impedance of the chips 

from the first recording made of the blank chips, and the final measurement 

taken of the chips with and without cells after 24 hrs. This is also shown in the 

TEER plot in 4.11E where the impedance of the chips drops greatly in the first 2 

hrs, and then remains constant for the rest of the experiment. Again, the chips 

with cells were imaged to ensure check that the cells were healthy, and a 

micrograph of the cells is shown in 4.11F. This image shows that the cells are not 

only healthy but have also formed 3D structures on the membrane shown by 

difference in focus over the image, with the out of focus cells being further 

away from the membrane than the in-focus ones. This is indicative of a healthy 

cell population and shows how the biocompatibility of the devices has been 

improved from the chips discussed in section 5.5. 

Despite the apparent health of the cells, the chips were still not able to reliably 

record the TEER of the MDCK cells. The literature quoted TEER values for MDCK 

cells are 1500 Ωcm2 246 and here we see a decrease of by ~100 kΩ. To investigate 

this, every aspect of the TEER-on-a-chip devices was scrutinised to see if a 

solution could be found details of this study are given in the section below. 
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4.7 Troubleshooting electrodes in TEER-on-a-chip 

devices 

To determine if the electrodes were causing this apparent decrease in the TEER 

measurements, 3 aspects of the electrodes were considered. These were: 1. The 

conditioning of electrodes with time, 2. The use of a two-point measurement, 

versus a four-point measurement, and 3. The effective area of the electrodes. 

The results of this study are presented in the sections below. 

4.7.1 Two-point vs four-point impedance measurements  

Despite the differences between TEER chips being laid out in table 4.1, perhaps 

the largest difference between the two groups of chips is the way in which 

impedance measurements are taken. In the chips described by Maoz et al.145, 

Henry et al.144 and van der Helm (2019) et al.146, the chips use a 4 point 

impedance measurement, while in the chips described by Bossink et al.149, and 

van der Helm (2016) et al.147, a two-electrode configuration is used. In a two-

electrode configuration, each electrode is placed either side of the cell 

containing membrane, and the same electrodes are used for both the 

measurement and the current supply. This gives a simple electrode configuration 

that is capable of measuring the TEER of the cell layers on the membranes. The 

four-electrode configuration, however, requires two electrodes on either side of 

the membrane, with one electrode pair supplying the current, and the other 

performing the measurement. This configuration is shown schematically in 

Figure 4.12A. in this configuration, the current supply, or force leads create a 

voltage drop across the target impedance in accordance with Ohm’s law247. As 

the measurement electrodes are placed immediately next to the current 

electrodes, and as such, any measurement taken does not include the 

impedance of the force leads. Since there is negligible current flow in the 

measurement electrodes, there is not voltage drop across these either. As such, 

four-point impedance sensing removes the lead and the contact resistance from 

the impedance measurement. To investigate the effect of this, a six well-plate 

was filled with PBS and two electrodes were placed on either side. Impedance 

spectra were recorded using a four-point measurement, as well as a two-point 

measurement of the same well. These impedance spectra are shown in Figure 

4.12B.  
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 In this plot, the four-point measurement gives a lower impedance reading than 

the two-point measurement, due to the fact that the lead resistance and 

contact resistance have been eliminated from these measurements. However, 

Figure 4.12 – Electrode troubleshooting. A shows a schematic of a four-point impedance 
measurement with the force leads shown by 1 and 4, with 2 and 3 showing the sense leads. 
B shows the difference in the measured impedance spectra of a system using a four-point 
measurement (red) and a two-point measurement (blue). C shows a schematic of the setup 

used to determine the effect of the effective contact area of the electrodes while D shows 
the impedance spectra taken with electrodes inserted 1, 2, and 3 mm into the PBS solution 
(blue, red, and green respectively). Finally, E shows the change in impedance of a 2-point 
measurement with 3 mm electrodes measured at 1 kHz over the course of 60 mins. Error 
bars = mean ± standard deviation with n = 3. 
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despite the decrease in the impedances measured, it was not thought that the 

use of a two-point measurement for the previous TEER readings was the cause of 

contact and lead resistances will cancel out, so will not be present in the 

calculated TEER values. As such, two-point impedance measurements continued 

to be used for all future TEER measurements. 

4.7.2 Analysis of electrode length  

Alongside the configuration of the measurement electrodes, the effective length 

of the electrodes has also been shown to have an effect on the measured 

impedance of a system248. In most cases, large flat electrodes are preferable as 

they create a spreading out of the electric field between them, meaning that 

more of the area between them is probed during the impedance measurement. 

However, as gold wires were the electrode of choice in this application, large 

flat geometries could not be realised. As such, the same well plate set up 

detailed above was used, but this time, impedances were recoded with the 

electrodes inserted at different lengths into the PBS to simulate a difference in 

effective area of the electrodes. This setup is shown in the schematic presented 

in 4.12C with the recorded impedance spectra shown in 4.12D.  

From the data presented in 4.10D, it can be concluded that the larger the 

effective area of the electrodes are, the lower the measured impedance is. 

However, this change in impedance is even smaller than that switching from a 

four-point to a two-point measurement so was deemed to not be large enough to 

mask any change in the TEER measurements. Furthermore, as the electrodes 

were held in a fixed position inside the chip, the effective area of the electrodes 

will not change over the course of an experiment. Moreover, the change in the 

impedance is so small (~2 kΩ for an added 2 mm in length), even if the 

electrodes were slipping in the device, it would not be enough to cause the large 

drop in impedance shown in Figure 5.11E. Additionally, this experiment 

highlights one of the main advantages of TEER-in-a-chip as opposed to well plate 

systems where the position of the electrodes can change with each 

measurement, thus altering the measured TEER values. Additionally, as above, 

the impedances of the blank chips are subtracted from the impedance of the 

same chips with cells in them. As such, and variation in the contact the contact 

resistance from chip to chip is eliminated from the final reported TEER values. 
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4.7.3 Analysis of electrode conditioning in TEER-on-a-chip 

systems 

Electrode size and configuration are not the only electrodes properties that may 

influence the measurement of TEER, however. As the electrodes are in contact 

with electrolytic solutions, they may be subject to corrosion, or conditioning. 

This in turn may lead in an apparent change in the TEER between time points 

due to a difference in the lead and contact resistances of the electrodes. To 

investigate this, a well plate was filled with PBS and an electrode was placed 

either side such that the impedance of the electrodes and PBS could be 

recorded. For this experiment, a 2-point measurement was taken, with 

electrodes inserted 3 mm into the media. Impedances were measured at a 

frequency of 1 kHz at time intervals up to an hour. The reason only an hour was 

used is that in the TEER measurements shown in 4.11E, the largest change in the 

impedance happens over this first hour in culture. The relative impedance 

change of the electrodes and PBS are shown in 4.12E. Here it can be seen that 

although there is a slight change in the impedance over the course of the hour, 

it is still within error of the initial impedance. Furthermore, any change in 

impedance could have been down to a change in concentration of the PBS 

through evaporation, or a temperature change of the liquid. Again, it became 

clear that the conditioning of the electrodes was not the primary reason behind 

the decrease in impedance preventing the TEER from reliably being recorded.  

Between the investigation into the electrode configuration, effective area, and 

the conditioning, it was concluded that it was not an effect of the electrodes 

causing the massive drop in impedance over the first hours of the TEER 

measurements. With that in mind, the electrode configuration inside the chips 

was kept the same, and the membranes were investigated to see if they were 

influencing the impedance measurements. 

4.8 Analysis of the membrane in TEER-on-a-chip systems 

As with the electrodes, the membranes used in the chips were investigated to 

determine what effect, if any, they were having on the measured impedance 

values. To do this, chips were assembled in the normal way, while chips were 

also assembled without attaching a membrane to the carrier layer, resulting in 
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no semi-permeable barrier between the two halves of the chip. Both sets of 

chips were filled with PBS and for each chip, impedances were recorded every 

hour. Figure 4.13A and B show schematics of the chips used for this experiment 

(with and without membranes respectively). While 4.13C and D show the 

impedance spectra recorded at subsequent time points after adding PBS to the 

chips. In 4.13C, the impedance of the chips begins high at 0 hrs however, after 2 

hrs, the impedance has decreased to a much lower value where it remains stable 

up until 24 hrs. the chips not containing any membranes showed no change in 

impedance over the duration of the experiment indicated by the tightly grouped 

spectra in 4.13D. Furthermore, the impedance of the chips with membranes 

after 2 hrs settles to the same value of the impedance of chips without 

membranes.  

With this in mind, and re-examining the data from the TEER experiments 

presented in Figure 4.10, this decrease in impedance of the first 2 hrs of the 

experiment matches well with the data presented in Figure 4.13. Possible 

mechanisms for this reduction in TEER are discussed below, as well as solutions 

to this problem.  

A possible mechanism for the decrease in impedance over the first 2 hrs of the 

experiment, is that it takes time for a fluid to penetrate through the pores of 

the membrane. When the fluid is first introduced to the chip, air remains in the 

pores meaning the is no transfer of current through the membrane. Over time, 

these air pockets are replaced by the media, allowing more current to flow 

between the two chambers, leading to a decrease in the impedance. However, 

without a more detailed investigation into the conditioning of the membranes (a 

study outwith the scope of this thesis), this mechanism remains a hypothesis. 

Interestingly, there were no other recorded cases of this decrease in the TEER 

immediately after introducing media to the chips in any of the other pre-existing 

ToaC literature. However, all the these included a fibronectin coating step to 

improve the adhesion of the cells to the PDMS or PETE membranes used. In this 

process, the chips are filled with a solution containing fibronectin which is then 

left overnight before the solution is flushed out and the chips are filled with 

warm media. As such, even if there was in initial decrease in impedance when 
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the chips were filled, this would occur during the attachment of fibronectin  

when no impedance measurement were being taken. Then, by the time any 

impedances were being recorded, the impedance of the chip would have already 

settled to a constant value, meaning any initial decrease would go unnoticed. As 

plasma treatment was used to increase the adhesion of the cells to the PET 

membranes in this work, no such soaking step was required, meaning that the 

impedance measurements were taken right after media was introduced to the 

chips. As such, for future experiments, chips were filled with media, and left in 

the incubator overnight prior to any impedance recordings being made to allow 

the impedance to settle. 

4.9 TEER measurements in conditioned devices 

As discussed in section 4.8, it was thought that the conditioning of the 

membranes after being subject to a solution for the first time was the cause in 

the large drop in the measured TEER values over the first couple of hours of an 

experiment. This large drop was large enough to mask any potentially small 

changes in the impedance caused by the MDCK cell present in the chip. A such, 

to mitigate this issue, chips were fabricated and media was introduced to them. 

Figure 4.13 – Wetting of the membrane. A shows a cross-sectional schematic of a standard 
TEER chip with the electrodes (yellow) placed either side of a membrane separating two 
channels. B shows the same chip, without a membrane. C shows the impedance spectra 

recorded at different time points for chips shown in A, while D shows the same but for the 
chips shown in B. Colours in C and D represent the different time points ranging from 0 hrs 
(blue) through to 24 hrs (yellow). Error bars = mean ± standard deviation with n = 3. 
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These chips were then left in an incubator overnight before the initial 

impedance spectra of the chips were measured. Half of the chips were then 

seeded with MDCK cells while the others were left blank as a control and the 

impedances were recorded every day for 3 days. The mean impedance spectra 

for the control and MDCK chips are shown in Figure 4.14A, with the phase shift 

shown in the lower half of the plot. Again, like the results presented in Figure 

4.11, there is a drop in the impedance spectra across the chips from day 0, to 

day 3 (both for the control, and for the chips with cells). Furthermore, there is 

no apparent difference in the phase of the chips that contain cells, and those 

that do not (lower half of 4.14A), with all the phase plots being within error of 

each other, indicative of no significant difference in them. Typically, in this sort 

of measurement, as the cell populate the membrane, there is not only an 

increase in the impedance of the chip, but also a change in the phase149. 

However, as presented in 4.14A, there is no such change in the phase between 

the control chips and the chips containing cells after 3 days. The phase data is 

useful here as while an increase in the magnitude of the impedance (|𝑍|) would 

give an indication of an increase in cell density on the membrane, |𝑍| does not 

fully describe the system. As |𝑍| is composed of two components (the real part 

or the resistance, 𝑍𝑅 and the imaginary part or the reactance, 𝑍𝐼. As such, as 

single value for |𝑍| could be composed of multiple different combinations of 𝑍𝑅 

and 𝑍𝐼. Thus, a difference in the resistance and reactance values between the 

experimental chips and the control could be being masked by the change in 𝑍𝑅 

and 𝑍𝐼 resulting in similar values of |𝑍|. However, as shown in 4.14A, no such 

change can be observed between the two chips. This, coupled with the fact that 

the values of |𝑍| are similar (top plot in 4.13A) indicates that that the inclusion 

of cells onto the chips has led to no change in the impedance of the membrane. 

Furthermore, in the plot of the calculated TEER (4.14B), we still see a drop of 

the TEER over the 3 days of the experiment, although this drop is significantly 

smaller than that seen in the data presented in Figure 5.10 (~2 kΩ with the 

preconditioned membranes, compared to over 100 kΩ for the non-conditioned 

chips). As before, the chips were imaged to determine if the cells were still 

healthy inside them, and this micrograph is shown in 5.13C. It is worth 

mentioning here however, that for the previous images of cells, they had been 

stained with just dapi, to image the nucleus, and actin, to serve as a proxy for 
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tight junctions as an abundance of actin at the boundaries between cells is often  

a good indicator of junction formation. In the image presented in 5.14C 

however, the cells have been stained for dapi (blue), actin (green), and ZO-1 

(red). However, only the actin and dapi channels appear to show any structure 

within the image with the ZO-1 not showing up near the cell junctions at all. 

This would indicate that although the cells appeared to be healthy and growing 

on the chips, they were not perhaps forming the tight junctions that would give 

rise to the increase in measured impedance, and thus increasing TEER with time. 

On the other hand, it may be that the stain had simply not worked in this case, 

and a fault with the chips were still the main cause of the non-reliable TEER 

measurements.  

4.10 Summary, discussion, and conclusions 

In this chapter, details on the development of an injection moulded ToaC system 

have been given. Considerations such as how the chips are sealed compared to 

existing ToaC devices have been made, as well as an investigation into how the 

membranes could be reliably incorporated into the chips, without leading to 

Figure 4.14 – TEER measurements in conditioned chips. A shows a Bode plot of the control 

chips (dark and light blue for 0 and 3 days respectively), and the MDCK containing chips 
(dark and light orange for 0 and 3 days respectively), with the upper plot showing the 
impedance spectra and the lower plot showing the phase of the impedance over the 
frequency range. B shows the measured TEER over the 3 days of the experiment in both the 
control chips (no cells, blue), and the chips with MDCK cells (red). C shows a micrograph of 

the MDCK cells in the chips after 3 days with nucleus = blue, actin = green, and ZO-1 = red. 
Error bars = mean ± standard deviation. Scale bar = 100 μm. 
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creases in the membrane that could ultimately affect the cells through changes 

in flow rate, and nutrient availability. Details on how cells can be seeded into 

the devices reliably were also investigated. 

In previously described devices, electrodes had been held in place using glue and 

it was thought that a similar approach could be used for these injection moulded 

chips. However, as described above, the chips did not function as predicted 

when it came to measuring TEER in MDCK cell layers. The first iterations of the 

chips relied on having glue to block off the channels made to carry the 

electrodes into the device, however, it was found that although the glue was 

supposedly biocompatible, it was in fact killing the cells in the chips, preventing 

a barrier from being formed. As such, a chip was designed that allowed for the 

incorporation of gold wire electrodes, through the weld seams, meaning the chip 

that could be fabricated entirely out of PS and sealed without any additional 

fabrication steps. This means that the fabrication of the ToaC device aligns well 

with the injection moulding process detailed in Chapter 3 and allows for the 

realisation of amass produced ToaC system. Furthermore, by taking PDMS away 

from the devices, devices can be fabricated, sored, and shipped with ease, 

meaning that ToaC devices can more readily be put into the hands of researchers 

without access to cleanroom facilities, or highly skilled expertise. Moreover, by 

incorporating the electrodes directly into the sealing process, the chips could be 

fabricated with little additional time (and thus cost) over standard microfluidic 

chips maintaining the appeal of rapidly fabricated chips through injection 

moulding from 3D printed masters.  

However, even with the issue with the biocompatibility issues of the glue being 

eliminated, the chips still did not function as they should. To combat this, 

troubleshooting into the configuration and conditioning of the electrodes was 

conducted, however, these studies could not pinpoint the cause of the massive 

reduction in the impedance of the chips during the first 2 hrs of the experiment. 

When the chips with membranes were compared to chips without however, it 

became apparent that there was an issue with the wetting of the membranes 

meaning that the impedance of the chips started out high immediately after a 

solution was added and dropped to a steady value after 2 hrs. As such, it was 

determined that this was the main cause of the loss in impedance over the first 

2 hrs of the experiment and chips could be conditioned in media overnight 
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before the impedances were measured to reduce any impact this wetting was 

having on the recordings of TEER. When impedance measurements were taken, 

and TEER was calculated there was still an apparent drop in the TEER over the 3 

days of the experiment although it was almost two orders of magnitude less that 

that seen in the unconditioned chips. A set of potential reasons why this may be 

the case are discussed in the section below. 

4.10.1 Possible mechanisms causing the chips to not work that 

that merit further investigation 

As shown in the data presented in section 4.9, the chips still do not perform as 

they should when it comes to allowing for a robust and reliable measurement of 

barrier integrity. The configuration, and conditioning of the electrodes and the 

wetting of the membrane have already been discussed and evaluated with 

respect to interfering with cell impedance measurements, however, there are 

still a host of other potential reasons as to why the chips do not work. One such 

reason in that the area of the membranes may be too large. In the chips 

presented by Bossink et al. the area of the membrane probed by the electrodes 

is 0.04 cm2 149. This means that the electrodes only probe a small area of the 

cells meaning that it is unlikely that it becomes more unlikely that the cells 

wouldn’t completely cover the membrane, leading to gaps in the barrier that 

could leak current and lead to a reduction in the TEER values. The chips used 

here however, have a membrane area of 0.28 cm2 as it was thought that a 

diameter of 6 mm would better mimic a 96 well format and allow for direct 

comparisons to Transwell systems. This increase of seven times when compared 

to the chips described by Bossink et al. could potential make gaps in the barrier 

more likely, and thus a reduction in the measured TEER values.  

Along-side the membrane area being potentially too large, the area of the 

electrodes may be too small in relation to the membrane area. A discussed in 

section 5.6.1, the ideal scenario is to have as large sensing electrodes as possible 

to spread the electric field out, and probe as large an area of the membrane as 

possible, without concentrating the current into one small area of the device. As 

the electrodes here have an area of 63 μm2 (3 mm length, 200 μm diameter), 

there may be a large concentration of current between the electrodes that 

means only a small area of the cells are impacting the TEER measurements. 
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However, as discussed in section 5.3, wider, fatter electrodes could not be used 

in the chips with the current design as they would be ruptured by the ultrasonic 

welding process.  

Another possible reason for accurate TEER measurements not being recorded, is 

that the cells may not be behaving as predicted on the membrane. As discussed 

in Chapter 1, cells need to first form a confluent layer on a surface, before the 

tight-junctions are formed. As described in section 4.9, the MDCK cells here 

were potentially not forming tight junctions within the chips. This could be that 

there was still a material in the chips that was impacting the metabolism of the 

cells such that tight junctions were not being formed, or that the micropattern 

of the membrane pores were influencing the cell morphology. The membranes 

used in these chips contained 7 μm pores, which is close to the 5 μm pores in the 

PDMS membrane used by van der Helm (2016)147, although over an order of 

magnitude higher than the 0.4 μm pores in the PET membrane used by Maoz et 

al.145. This large difference in pore size between the two PET membranes may 

have had an effect on the cell phenotype as this cellular response to nano- and 

micro-topography is a well understood phenomenon249. Additionally, it could be 

that the ZO-1 stain used here did not work properly, so further investigation is 

needed before this can be ruled out as reason for the TEER not being measured 

accurately. Details on these further investigations are given below. 

4.10.2 Recommendations for further work 

As mentioned above, there are a plethora of reasons as to why the chips 

presented here do not give a reliable readout of the TEER of the MDCK cells. 

However, due to the time constraints of this project, further experiments could 

not be conducted to improve on the design and functionality of the chips. As 

such, details of possible experiments have been given to give guidance on any 

future work that should be conducted in order for fully functioning injection 

moulded ToaC devices to be realised. 

Firstly, the experiment detailed in section 5.8 should be repeated in order to 

rule out any equipment failures as a cause for the lack of increasing TEER 

values. Issues with the incubator used to house the cells between measurements 

may have caused a change in CO2 or O2 concentrations in the cell media which 
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has been shown to impact the formation of tight junctions in cells130. A 

repetition of this experiment would also determine where there was any tight 

junctions present on the cells inside the chips. It is hypothesised that the stain 

may not have been applied correctly to the chips shown in Figure 5.13. 

Typically, when a ZO-1 stain is applied, even if there is not any tight junction 

visible between the cells, the stain still highlights any ZO-1 protein that is inside 

the cells however, as shown in Figure 5.13, no such protein is visible here. If the 

chips are shown to impede the production of tight junctions, then further 

investigations into the materials, chip geometry, and media supply would need 

to be conducted to discover the cause of this. In particular, the media supply to 

the cells could be an issue. As discussed previously, the cells here were cultured 

statically in order to allow for greater experimental throughput. This is also in 

line with the protocol detailed by Bossink et al.149 however it may be that the 

cells are not receiving the adequate nutrition required for tight-junction 

production. To investigate this, cells should be cultured in chips both with, and 

without flow to determine if there is any difference in tight junction formation. 

Flow has been shown in the past to increase the production of tight-junction 

proteins in cells, however, there have been no documented cases of cells not 

producing any ZO-1 protein under static culture. Furthermore, the O2 sensor 

described in Chapter 4 could be incorporated into the chips in order to rule out 

the aforementioned effect of hypoxia on barrier formation. Chapter 3 showed 

how the O2 concentration inside a PS microfluidic chip dropped when cells were 

growing and no media was supplied. However, in this instance, media was 

replaced every day so this was not thought to be an issue. This could be ruled 

out by measuring the oxygen concentration in the chips to ensure that it remains 

in a normoxic range for MDCK cells. 

However, if a repeat of the experiment in section 4.9 showed that the cells were 

producing the tight-junctions, then it would be shown that the issue with the 

chips was down to the measurement of the impedance and not any biological 

factor. 

Secondly, all the electrode and membrane troubleshooting conducted here had 

been done in PBS as opposed to cell culture media. PBS has been shown to have 

similar impedance to media, however, the makeup of the two solutions are 

different, with media having more protein content. The membrane wetting 
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experiment should be redone using the cell culture media (in the case of MDCK 

cells, DMEM, FBS, and penicillin streptomycin) to determine whether this would 

have any different effect on the wetting of the membranes. The wetting of the 

membranes is likely to be dependent on the internal energy of the fluid and the 

viscosity which is impacted greatly by the addition of molecules such as proteins 

and sugars. A quick check for this would be comparing the resistance of a chip 

filled with PBS to the value calculated from Equation 4.1. If the value is a lot 

larger than ~30 Ω, then there is another, unaccounted for impedance in the 

system that would need to be investigated.  

If the biological factors and membrane wetting issues described above could be 

ruled out, chips with geometries like that of the design by Bossink et al.149, Maoz 

et al.145, and van der Helm et al.146,147 should be constructed (allowing for small 

variations in design to accommodate for the ultrasonic welding and electrode 

insertion). By measuring TEER values using chip geometries that have been 

shown to work, the impact of the geometry of the chip, and the membrane 

size/electrode area can be potentially ruled out. Furthermore, by using the 

same chips as described here, but with a variety of membrane areas and pore 

sizes/densities, the effect of the membrane on the TEER measurements and the 

MDCK cells can be characterised fully. These experiments concerning the effect 

of the membrane pores on MDCK cell phenotype should be conducted on 

membranes in a well plate to isolate the cells from any effect the chips may be 

having on their behaviour.  

4.10.3 Conclusions 

In summary, this Chapter details the development of a ToaC device. The 

experimental results here point to an issue in the chips that could not be 

identified by the work here. As such, possible hypotheses for the cause of the 

issue have been discussed as well as details on the future work required to 

understand the issue better. It is believed that with this work, a fully 

functioning, injection moulded ToaC system could be achieved paving the way 

for a host of studies involving barrier integrity and drug delivery. By mass 

producing such devices, the reliance of open Transwell systems could be 

reduced, and new OoaC studies could be realised in more physiologically 

relevant conditions in mass produced chips thus expediting research in this area. 
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Chapter 5 – Conclusions and future work 

5.1 Success in meeting the aims of this thesis 

Throughout this thesis, the background and motivations for developing a novel 

method of producing microfluidic devices by injection moulding has been given. 

Also described is the work conducted, as well as the analysis of the obtained 

results with respect to the analysis of the fabrication method (Chapter 2) and 

the applications of this method in creating an oxygen sensor (Chapter 3) as well 

as a TEER-on-a-Chip device (Chapter 4). This Chapter gives a discussion of the 

project as a whole, as well as describing any future directions for the work. To 

begin with, the aims of the thesis are discussed to evaluate to what extent each 

aim was met. 

5.1.1 Discussion of individual aims 

In this section, the aims of the project a reprinted in italics, followed by a 

discussion. 

Develop a platform for the cheap and reliable fabrication of microfluidic 

devices. This platform should revolve around injection moulding to take 

advantage of the high throughput capabilities, while also allowing for the 

fabrication of devices in thermoplastic materials to overcome some of the 

disadvantages associated with PDMS devices. 

Chapter 2 documents the development of a fabrication process consisting of 

injection moulding from a 3D printed master. This process is capable of faithfully 

replicating the structures on the 3D printed master provided the desired 

structures are within the resolution limit of the printer and an appropriate draft 

angle and feature spacing has been incorporated into the design. This process is 

reliable and robust with the capability of moulding over 500 identical parts from 

the same master before it fails. The sealing of the devices through ultrasonic 

welding and lamination was also discussed showing how the robust seals could be 

produced by methods complimentary (in terms of timescale) to the high 

throughput manufacture of injection moulding. Furthermore, by relying on 3D 
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printing and injection moulding (two fully automated fabrication processes) the 

person hours required for device fabrication (excluding design) are limited (~2 

hrs per production run) reducing the overall cost of fabricating parts when 

compared to PDMS fabrication that requires costly clean room facilities and a 

hands-on protocol. Furthermore, the entire process from the design of a device, 

to biological experiments can be completed within 1 day, rivalling the rapid-

prototyping capabilities of processes such as soft lithography. 

In addition to the above, the fact that this protocol can be used to fabricate 

devices out of thermoplastic materials such as PS means that devices more 

closely resemble tissue culture plastic so it is easier to draw analogues between 

experiments in well plates, and on chip. This is especially important for the 

evaluation of OoaC devices. 

Finally, by demonstrating the use of one of these devices for culturing liver 

organoids, it was shown how complex 3D geometries could be easily created and 

how such devices could be used in the life sciences to enable complex biology. 

Taking the above into account, the fabrication platform described here does 

indeed meet the aim described at the beginning of the project and augments 

existing manufacturing processes used for microfluidic device fabrication. 

However, this process is limited by the resolution of the 3D printer and the weld 

seams required for ultrasonic welding do lead to geometric changes in the 

channel. Work was done to mitigate these factors, however a full discussion of 

the further work that could be done is given in section 5.2. 

Demonstrate how dissolved oxygen concentration can be controlled in PS 

microfluidic devices and develop a sensor that gives real-time and spatial 

information on the distribution of oxygen within a device. This sensor should be 

able to be rapidly incorporated into a microchannel to align with the high 

throughput manufacture associated with injection moulding. The performance 

in terms of sensitivity and the temporal resolution should also be determined.   

Chapter 3 documents how the control of oxygen within a PS microfluidic device 

can be achieved. While the gas permeability of PDMS devices makes it more 

suitable for cell culture applications, it was thought that the permeability of PS 



173 

 

would mean that the O2 concentration could be more easily controlled in 

thermoplastic devices. While issues with the experimental setup and the data 

gathered meant that no valid conclusions could be drawn from this work, there 

are many chips described in the literature that are commonly used to increase, 

and control oxygenation in microfluidic cell culture devices. Furthermore, there 

is also literature that backs up the idea that a non-gas permeable device may be 

more suitable for many cell culture applications217. Therefore, this aim was not 

directly achieved by the work presented in this thesis, but a review of the 

literature surrounding this issue suggests that ample oxygenation can be 

achieved in PS microfluidic devices and that the oxygenation can be more easily 

controlled.  

With regards to demonstrating an oxygen sensor, the use of PSP meant that both 

temporal and spatial information of O2 concentration with PS microfluidic 

devices could be obtained with reasonable accuracy (~1.3%). While this accuracy 

is enough for looking at how the oxygen concertation on a device changes over a 

long timescale, for experiments concerning cell metabolism where the O2 is 

measured in the media both before and after it has flowed over a cell culture, 

this may lead to some errors in calculating the true oxygen consumption of 

tissues. However, the biocompatibility does mean that the sensor is suitable for 

biological applications.  

Finally, the fact that it is incredibly fast to fabricate the sensors form the PSP 

means that the manufacture of the sensor aligns well with injection moulding. 

This means that devices can contain sensors at little extra cost to that of a basic 

device. 

As such, the aims of this Chapter have been met and helps dispel the notion that 

thermoplastic devices are not suitable for cell culture due to their permeability 

to gas. That being said, further work is required to fully characterise this. 

Alongside this, the description of the oxygen sensor does indeed allow for the 

measurement of both temporal and spatially resolved oxygen data with the 

performance of the sensor also being discussed. However, despite the rapid 

fabrication of the sensor, the sensitivity lags behind that of other academic and 

commercially available devices. Section 5.2 details the works that could be 

carried out to improve this further.  
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Demonstrate a barrier on a chip model with integrated TEER measurements for 

use in modelling epithelial permeability. Again, this chip should be assembled 

rapidly to align with the injection moulding process. Work on the chip will focus 

on two areas. First, the assembly of a microfluidic chip including a membrane 

separating two channels. This assembly should produce a water tight seal while 

also being quick enough to align with the injection moulding process. Secondly, 

the electrode material and how the electrodes are incorporated into the device 

should be investigated to determine the best solution in terms of sealing and 

electrode performance. 

The work relating to this aim is described in Chapter 4. Here, a few designs were 

tested for incorporating membranes and electrodes into injection moulded 

microfluidic devices. Membranes were able to be incorporated into devices using 

a 3-layer structure and sealing through ultrasonic welding. A variety of different 

electrode materials and designs were also tested with having gold wires running 

directly through the weld seams proving to be the best option as it meant that 

devices could be constructed without the use of glue to seal up any other 

channels. In this regard, the project was successful in creating a device 

consisting of a membrane separating two flows as well as having electrodes on 

either side of the membrane. This process was also quick and by having the gold 

wire electrodes run directly though the weld seams, no additional fabrication 

steps were required in order to incorporate these features into the device. This 

aligns well with the high throughout injection moulding processes.  

However, despite the fact that all the aspects of the device had been shown to 

work individually, when TEER measurements were attempted on MDCK cells, it 

was clear that there was something in the chips causing a decrease in the 

resistance with time instead of the expected increase. Troubleshooting on both 

the electrodes and the membranes highlighted that the impedance of the 

membrane drops rapidly in the 2 hrs after the introduction of fluid, however, 

when devices were conditioned overnight prior to the 1st measurements, an 

increase in the TEER could not be observed. This was despite the fact that the 

device was densely populated with MDCK cells. Details on the work required to 

fully troubleshoot this problem have already been discussed in Chapter 4 while 

section 5.2 looks ahead to the research that could be enabled with such devices. 
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With the above in mind, it has to be said that this aim was not met. While 

devices containing electrodes and membranes were fabricated, the fact that 

they could not be used be used for modelling epithelial permeability (or indeed 

any biological TEER measurement) means that the devices created simply did 

not function as intended. As previously mentioned, the steps required to fix this 

are given in Chapter 4. 

5.1.2 Discussion of project as a whole 

While there was mixed success in meeting the individual aims of the project, 

there are some successes to be found while analysing the project as a whole. 

That is, the project describes processes by which complex microfluidic devices 

can be fabricated. The devices can consist of complex 3D geometry, incorporate 

different fluidic features such as semi permeable membranes, and include in-

built sensing capabilities for the real-time monitoring of biological systems. 

Furthermore, if such a complex device was fabricated by other means, the time 

and cost required would likely be much larger than that those described here. 

Small batches of the TEER-on-a-chip device (10-20 chips) could still be designed, 

fabricated, assembled and tested all within one working day meaning the 

theoretical turnaround time for experimentation is now limited by the biology. 

Furthermore, by having such a quick, high throughput fabrication processes that 

is capable of making devices in PS, the reliance of PDMS in life-science research 

can be reduced as well as having devices made in materials that are so well 

understood in biological research. That being said, there are still many areas 

that could be investigated to build in the work presented here and these are 

discussed in the subsequent sections. 

5.2 Suggestions for future work 

The preceding chapters in this thesis cover the work already conducted to meet 

the aims of the project. This section however covers the experiments that could 

be completed in the future to build off this work and expand the capabilities of 

the processes described here. The following sections describe the further work 

relating to each Chapter and aim before the final section details the future work 

that could be in incorporating all aspects of the work shown here. 
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5.2.1 Improvements to the fabrication process of the basic chips 

As mentioned in Chapter 2, the limitations of the fabrication process in terms of 

resolution are limited by the 3D printer used to create the master. That is, the 

injection moulding process seems to faithfully replicate the structures, and 

smaller features have been fabricated through injection moulding using other 

masters for years. It follows then, that using a higher resolution 3D printer 

should allow for all the benefits of the protocol described here (rapid 

manufacture and complex 3D geometry) while also allowing the production of 

features over a wider range of dimensions. Since the experimental work 

presented here was conducted, new 3D printers, such as the MicroArch series 

from Boston Micro Fabrication250 are quoted to have a minimum feature size of 2 

μm which is much smaller than the 140 μm laser spot size on the FormLabs 

printers used here. Furthermore, BMF’s HTL resin shows similar material 

properties to that of the FormLabs clear resin indicating it’s suitability for 

injection moulding applications251. 

In addition to improving the fabrication of the master, the moulding of the 

devices could also be optimised to reduce the time needed to cool each part and 

increase the throughput of the fabrication while maintaining high part quality. 

The current protocol for moulding includes two cooling steps. A first one for 35 s 

before the tool is opened slightly and then a secondary 10 s cooling. This was 

done to ensure that the parts cooled entirely in the mould before ejection to 

prevent the parts from warping however, cooling times of 5 s have been used for 

injection moulding of micro- and nano-structures in the past252 so an 

optimisation of the process could theoretically improve the throughput by about 

3 – 4 times. 

Finally, the fabrication process could also benefit from sealing that has much 

less of an impact on the geometry of the channels. The welding processes here 

was limited by the fact that ultrasonic welding requires energy directors that 

add additional height to the channels. By using a higher resolution printer, these 

energy directors could be made smaller leading to less added height. Also, by 

incorporating a tongue and groove design, the additional height could be 

eliminated entirely. This would require a higher resolution printer in order to 
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make the tongue and grooves with a high enough tolerance to ensure complete 

sealing. 

5.2.2 Future research in to oxygen control and further 

development of the PSP based oxygen sensor 

With regards to the control of O2 within the microfluidic devices, some work was 

conducted to show how the dissolved oxygen concentration could be better 

controlled in PS devices compared to PDMS. However, the work presented here 

was fairly limited in scope, so more experiments are required in order to show 

this fully. This could incorporate a control loop whereby the reading from an O2 

sensor inside the chips is used to increase or decrease the flow of media coming 

from the pumps. Using a Y channel similar to that shown in Chapter 3, hypoxic 

media could be mixed with hyperoxic media at a ratio of different flow rates 

such that the O2 concentration inside the chip could be controlled accurately 

over time. For this to work however, different sensing hardware would need to 

be used as the setup used in Chapter 3 would not fit in an incubator. Such a 

setup would have to consist of a power supply and a light source capable of 

emitting 405 nm light. The reading of the emission of the PSP would either 

require a means of measuring light specifically at 650 nm wavelengths, however 

small inexpensive circuit boards such as that from SparkFun allow for the 

measurement of light intensity at 450, 500, 550, 570, 600 and 650 nm while still 

costing less than $30253. Some control software would also be required but could 

be run on a raspberry pi, or Arduino hardware to send commands to the pumps 

to increase or decrease the flow rate. Something like this could be built with a 

footprint smaller than a typical syringe pump making it suitable for use in most 

incubators. This would also allow for experiments that would require good 

temporal control over the O2 concentration such as studying ischemia, or 

modelling adipose tissue. 

Finally, the work presented on the oxygen sensor consists of a proof-of-concept 

of a sensor that can be fabricated rapidly while allowing for the temporal and 

spatial measurement of O2 concentration. However, the sensor could likely be 

improved with some more work into the fabrication process. In this work, the 

PSP was simply sprayed onto the devices which lead to a grain like texture 

formed of all the individual droplets. By stamping the PSP onto the devices, a 
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much more uniform layer of paint could be deposited thus improving the 

appearance, and likely the performance of the paint.  Furthermore, a stamping 

process would also like control the thickness of the PSP better leading to less 

part-to-part variability. 

5.2.3 Future directions on TEER-on-a-chip research 

With regards to the TEER-on-a-chip work, the obvious area for further work is to 

simply spend more time understanding the system such that the issues 

surrounding measuring TEER can be fixed. The process by which this should be 

studied is given in Chapter 4 with an emphasis on studying the individual aspects 

of the chip to understand what may be causing a reduction in the measured 

TEER. Once this work has been conducted and if the device has been shown to 

work properly, then there is scope for a range of different physiological systems 

that can be studied. In chapters 1 and 4, the gastro-intestinal tract was 

mentioned as an area of interest as all orally ingested drugs are required to cross 

this barrier. Some studies have shown how permeation enhancers can 

temporarily disrupt the barrier function to allow for the passage of compounds 

into the blood stream. These compounds work in two main ways. Paracellular 

enhances work by disrupting the cell tight junctions (or the resistive element of 

the TEER) while transcellular enhancers disrupt the plasma membrane of cells 

(or the capacitive element of TEER)124. As such, a Nyquist plot of a system with a 

paracellular enhancer should look different from one with a transcellular 

enhancer. Analysis like this could give a better understanding on how these 

drugs work and give an indication of their efficacy prior to clinical trials. In 

addition to this, a PS ToaC device would be the first of its kind and allow for the 

study of barrier integrity on chip without the drawbacks of PDMS (mainly small 

molecule absorption). Such as system would be not just limited to the gastro-

intestinal tract and could be utilised to provide accurate models of other cellular 

barriers such as the lungs, and the blood-brain barrier. 

5.2.4 Outlook on all aspects 

As mentioned in the preceding sections, there is still plenty of scope for further 

work surrounding all of the individual aspects of this work. However, as with the 
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aims, when the project as a whole is considered there are a wide range of 

studies made possible by work presented here. 

Firstly, the work here describes two different sensors (a basic electrode for 

measuring current flow, and an oxygen sensor based on fluorescence quenching). 

Not presented here, but as shown in Convery et al. 2021, the microfluidic 

devices are also compatible with injection moulded plasmonic sensor arrays254. 

This means that, between the fluorescent sensor, the electronic sensor and a 

plasmonic sensor, a wide range of sensing technologies have been shown to be 

compatible with the injection moulded devices. As such, efforts to incorporate 

new sensors such as glucose, insulin, albumin etc. would allow for a suite of 

devices with sensing capabilities for OoaC applications. This would allow for the 

study of many parameters within a single system enabling researchers the tools 

required to study physiological systems in greater depth than seen before. 

Secondly, Chapter 2 and Chapter 4 show how devices can be made with varying 

degrees of complexity with regards to geometry. The liver organoid-on-a-chip 

device presented in Chapter 2, as well as the weld seam work shows how 3D 

geometries can easily be incorporated into the devices, while Chapter 4 details 

how multilayer devices can be assembled. This means that for devices designed 

in the future need not be limited to simple, monolithic shapes as complex 

architectures that more closely resemble human physiology could be created 

with ease. This becomes more powerful when body-on-a-chip devices are 

considered. While human-on-a-chip systems have been hypothesised and to some 

extent demonstrated255, the ability to create complicated geometries would 

allow for the creation of integrated organ-on-a-chip devices. Such a device could 

consist of an oxygen gradient over some liver organoids to mimic zonation sitting 

downstream of a gastro-intestinal barrier. Here, real time changes in the TEER 

as a result of permeation enhancers could be measured as well as what the real-

time effects on the target compounds on the liver are (measured by studying the 

albumin secretion). Furthermore, it is not unreasonable that all the above 

functions could be fabricated on a single chip with modularity and 

customisability happening at the design lever where different organ modules 

could be compiled together, before a master is printed, and the device 

fabricated. This would allow researchers to focus on the applications of the 

chips, instead of the manufacture. Finally, by fabricating in a material such as 
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PS, devices can easily be shared around the work simply by packaging and 

posting meaning that devices can be evaluated in different labs, with different 

users. 

5.3 Summary 

Reviews in the field of microfluidics have highlighted the inherent drawbacks of 

device fabricated with PDMS22. The processes developed in this project go some 

way to providing an alternative approach to microfluidic device fabrication that 

doesn’t compromise on the rapid prototyping capabilities, but also allows for the 

creation of devices in a more industrially representative fabrication method and 

materials.  

This thesis has presented a new fabrication technology as well as demonstrated 

two applications. This addresses several needs of microfluidic device fabrication 

as well as expands the existing toolbox of injection moulding techniques which 

could lend itself to prototype manufacture in areas outside of biological and 

chemical sciences. Indeed, since the work on this project was completed, 

FormLabs have create their own injection moulding resins for the sole purpose of 

creating master moulds for prototype parts256. However, the process described 

in this thesis goes above and beyond what is capable with this new method in 

terms of compatibility with an industrial injection moulding machine, and higher 

resolution of parts by using the clear resin. Moreover, this work enables cutting 

edge biological research into the rapidly expanding fields of microfluidics and 

more specifically, organ-on-a-chip. The processes described here look forward to 

future applications an up-scaling through the fact that they are high throughput 

by design. This is aided in the fact that they are realised through simple 

fabrication processes that require little expertise or dexterity to carry out 

properly. As such, these processes show novel means of creating functional 

microfluidic chips that help bridge the gap between prototype development, and 

mass manufacture. 
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