
University of Southampton Thesis Licence  
 
I understand that the following licence will be linked in the metadata, and I must include it as 
a front page of the thesis: 

Copyright © and Moral Rights for this thesis and, where applicable, any accompanying data 
are retained by the author and/or other copyright owners.  A copy can be downloaded for 
personal non-commercial research or study, without prior permission or charge.  This thesis 
and the accompanying data cannot be reproduced or quoted extensively from without first 
obtaining permission in writing from the copyright holder/s.  The content of the thesis and 
accompanying research data (where applicable) must not be changed in any way or sold 
commercially in any format or medium without the formal permission of the copyright 
holder/s. 

When referring to this thesis and any accompanying data, full bibliographic details must be 
given, e.g. 

Thesis: Author (Year of Submission) “Full thesis title”, University of Southampton, name of 
the University Faculty or School or Department, PhD Thesis, pagination. 

Data: Author (Year) Title. URI [dataset] 

 



 
 

UNIVERSITY OF SOUTHAMPTON 
 
 
 

Faculty of Physical Sciences and Engineering 
 

School of Electronics and Computer Science 
 
 
 
 
 

Exploiting PCB manufacturing techniques  
for Point-of-Care microfluidic assays 

 
by 
 

Nikolaos-Sotirios Vasilakis 
 
 
 
 
 
 
 
 
 
 

Thesis for the degree of Doctor of Philosophy 
 

March 2018 
  



  



 
 
 
 

This page intentionally left blank 
 
 

  



 
 



 

 

UNIVERSITY OF SOUTHAMPTON 
Abstract 
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Thesis for the degree of Doctor of Philosophy 

Exploiting PCB manufacturing techniques  
for Point-of-Care microfluidic assays 

Nikolaos-Sotirios Vasilakis 
Microfluidics have been an enabling technology for Point-of-Care (PoC) diagnostic plat-

forms allowing them for handling minute sample volumes, lowering assays cost, and overall 
providing quick access to diagnosis. However, developing PoC platforms that are opti-
mised for meeting the “ASSURED” criteria (affordable, sensitive, specific, user friendly, 
robust and rapid, equipment-free and deliverable to end-users), remains a challenge. To 
that end, printed circuit board (PCB) manufacturing processes provide an alternative 
competitive approach to quantitative PoC analytical platforms, allowing for electronic 
components, sensors and microfluidics to be integrated on a monolithic manner. This 
work was carried in collaboration with Newbury Electronics Ltd for developing standard-
ised microfluidic components for sample and reagents manipulation, all via commercially 
available PCB processes. 

More specifically, throughout this PhD programme a design methodology and fabrica-
tion process was established for mass producing PCB-based fluidic components. Initially, 
the industrial fabrication processes were optimised while geometrical tolerances were stud-
ied and design rules identified. In parallel, a synchronised simulation method between 
COMSOL Multiphysics® and SOLIDWORKS® of low computational cost combining lam-
inar flow, heat transfer and diffusion models was developed. Appropriate design rules and 
methodologies were introduced that allowed demonstrating a pressure and flow rate bal-
anced serial dilution unit cell that can generate modular step-wise dilution networks. 
Additionally, a PCB based thermally regulated diluter was computationally studied. Fi-
nally, the introduced Lab-on-PCB technology was further equipped with passive micro-
fluidic capabilities for the first time. An oxygen plasma-based method was introduced for 
rendering PCB surfaces hydrophilic and was applied on industrially manufactured micro-
fluidic PCBs. Subsequently, capillary pumps comprising micropillar arrays combined with 
microfluidic channels on PCB were developed. Constant and design-controlled filling flow 
rates were achieved manipulating both, aqueous solutions and whole blood samples. This 
work overall enhanced the benefits of PCB-based PoC diagnostics by enabling commer-
cially available microfluidic modules for sample preparation and manipulation.
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1 Introduction 

1.1 Background and motivation 
 
Medical diagnostics have made notable inroads into healthcare practice, in particular 

in the field of infectious diseases, oncology, autoimmunity and inherited disorders, while 
they hold exciting possibilities for facilitating the practice of personalized medicine. Over 
the last years, breakthroughs in the fields of genomics, proteomics and bioinformatics 
have paved the way for the development of novel drugs, designed to be targeted for indi-
viduals with common molecular signatures and biological responses. However, the appli-
cation of these advancements in everyday clinical practice is limited by the requirement 
of sophisticated laboratories and the need of highly skilled personnel, while they are time 
consuming, laborious and expensive. Therefore, test results require days to be attained. 
A growing trend to deliver diagnostic results next to the patient’s bed, i.e. at the Point-
of-Care (PoC) has been highlighted to enable follow-up disease treatment [1]. This new 
trend in public health services aims towards the decentralization of medical testing, al-
lowing also equal access to diagnostic testing in both, developed and developing countries, 
big cities and rural areas. 

PoC testing diagnostic systems are devices that can be operated by non-trained per-
sonnel to provide rapidly in-vitro diagnostic results at a patient site, i.e. in the physician’s 
office, the field, at home, on an ambulance, or in a hospital [2]. However, the ideal PoC 
testing diagnostic system as described by the World Health Organization (WHO) should 
have the “ASSURED” characteristics [3]: Affordable (by those at risk of infection), Sen-
sitive (few false-negatives), Specific (few false-positives), User-friendly (simple to perform 
and requiring minimal training), Rapid and Robust (to enable treatment at first visit, 
and doesn’t require refrigerated storage), Equipment-free, Delivered to those who need 
it. The device format that can meet the ASSURED criteria is a “sample-to-answer” sys-
tem where the user loads a sample and afterwards the PoC test returns the results after 
pushing a start button within few minutes. 

It is considered that microfluidics, a technology focusing on the manipulation of fluids 
at the submillimetre scale, could accomplish this transition towards the decentralisation 
of modern medicine. Microfluidic technology is the miniaturisation of systems that are 
needed in performing complex diagnostic processes rapidly and efficiently, moving them 
out of the well-equipped and well-staffed laboratory [4]. Microfluidics feature unique char-
acteristics, such as portability [5], high resolution and sensitivity combined with manipu-
lation of smaller reagent volumes (10-9 to 10-12 litres) [6]. Additionally, microfluidics offer 
a great degree of versatility alongside with rapid sample processing with shorter reaction 
times (<15min) [7]. Finally, microfluidics have the advantage of parallel operation [8] and 
the ability to integrate a multistep chemical or biological assay into a monolithic dispos-
able element [4], envisioning as an ultimate goal the integration of an entire laboratory 
onto a single chip (i.e., Lab-on-a-Chip) [9]. However, the adoption of this technology in 
modern healthcare has been limited until now due to microfluidic chip fabrication meth-
ods. 

Traditional Lab-on-a-Chip (LoC) fabrication methods involve Si processing, hot-em-
bossing, plasma etching, micromachining or soft-lithography on polymers and glass [5]. 
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Although silicon and glass have been primarily exploited for microfluidic device fabrica-
tion, the required manufacturing processes and overall integration and interfacing costs 
are not practical for the mass production of LoC devices [5]. Over the last 15 years, 
microfluidic devices based on polymers and paper materials have been developed, setting 
new standards for affordable, easily disposable, and versatile inexpensive medical diag-
nostic platforms [5, 7, 9, 10]. Microfluidic PoC testing devices have been developed [11-
13], demonstrating in many cases a sample-to-answer capability [14]. However, developing 
PoC tests that perform multiple functions in a monolithic manner, while meeting the 
“ASSURED” criteria [15] remains a challenge [14, 16]. Currently, polymeric and paper-
based platforms are considered among the most affordable, easily disposable, and versatile 
materials for large-scale fabrication of inexpensive microfluidic devices for diagnostic ap-
plications [3, 5–8]. The main limitation of paper-based platforms is the lack of easily 
integrable microfluidic components and low detection sensitivities [10]. Polymers, on the 
other hand such as polyester-toner (PT), polydimethyl siloxane (PDMS), polymethyl 
methacrylate (PMMA), polycarbonate (PC), polyethylene terephthalate (PET), polysty-
rene (PS), and cyclic olefin copolymer (COC) offer low-cost microfluidic prototyping, 
nevertheless suffering from technical challenges associated with their integration into sys-
tems [17]. 

The common drawback of all aforementioned manufacturing techniques is the difficulty 
in the integration of sensors for detection, electronics for signal processing and microflu-
idics for sample and reagent manipulation onto a single device in a cost-effective and 
commercially upscalable manner. Such a device can return quantitative results within the 
clinically relevant range, accurate, sensitive and specific enough comparable to the ones 
acquired from bench-top analysers at central laboratories. 

An alternative approach is the employment of printed circuit board (PCB) technology 
for Lab-on-Chip manufacturing, i.e. the Lab-on-PCB. This substrate is an ideal platform, 
since it benefits from the high degree of integration with the required functional electron-
ics, high fabrications precision, and the accumulated experience of several decades’ indus-
trial manufacturing having consequently a much lower cost per area than silicon or glass 
[17, 18]. During the past 15 years several PCB-based devices have been developed [19]. 
However, the reported microfluidic modules only partially satisfy the ASSURED criteria 
mainly due to the intrinsic hydrophobic properties of the PCB. Pumping mechanisms are 
required for sample and reagents manipulation. The lack of Lab-on-PCB devices operating 
passively under capillary action eliminating the external flow actuation in a controllable 
manner can be considered the main drawback of the technology compared to the paper 
based PoC tests. Additionally, most of the reported microfluidic structures on PCB are 
fabricated in-house using techniques and materials that are not compatible with the ex-
isting industrial PCB manufacturing settings [18, 20-28]. 

Thus, the motivation for this thesis stems from the need for further research focused 
on standardising a robust manufacturing process that enables microfluidic devices on PCB 
at a panel level [19], while a process to convert the hydrophobic properties of the platform 
to hydrophilic, would revolutionise the technology prospect. This is also enhanced by the 
PCB technological capabilities, that can be used for complete integration of different 
modular components for liquid manipulation, sample handling and analyte detection. 
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1.2 Aim 
 
The aim of this work was twofold. On one hand, to establish initially a design-to-

fabrication procedure that enables the fabrication of microfluidic devices on PCB at a 
panel level and in an industrial setup, while later, to demonstrate microfluidic devices, 
suitable for PoC implementations, fabricated directly form an actual PCB manufacturer. 
On the other hand, to equip the Lab-on-PCB technology with passive microfluidic capa-
bilities. In essence, to develop a standardised process to render microfluidic PCBs long-
lastingly hydrophilic allowing for passive filling and controllable manipulation of whole 
blood samples and aqueous solutions by employing fabrication processes already available 
in a PCB manufacturing setup.  

 

1.3  Project objectives 
 
To achieve microfluidic structures on PCB at a panel level following a design-to-fabri-

cation procedure, the following objectives were defined: 

1) To optimise in collaboration with Newbury Electronics Ltd. the PCB manufacturing 
processes to enable the fabrication of microfluidic structures in the industrial setup.  

2) To study the geometrical variation of microfluidic structures on PCB that serve as 
liquid interfacing ports and sensing electrodes.  

3) To define the design rules to be followed and prevent short-circuit between the 
microfluidic structures serving as sensing electrodes. 

4) Pressure driven filling of simple PCB microfluidic structures fabricated by the in-
dustrial partner, to validate fluidic performance. 

After the fabrication procedure was established, the next objective was to demonstrate 
a PCB based microfluidic device suitable for PoC microfluidic assays. Therefore, a 
stepwise modular serial diluter was developed that is an essential component for quan-
titative diagnostic assays. This objective comprised of the following stages: 

5) A 3D simulation model was developed in COMSOL Multiphysics® combining lami-
nar flow, heat transfer and diffusion models to estimate the fluidic performance and 
mixing efficiency of micromixers. Model parameters were optimised to allow for 
accurate solutions at low computational cost. 

6) The simulation model was coupled with a 3D CAD software (SOLIDWORKS®) to 
enable microfluidic designs to be geometrically optimised under specific geometrical, 
pressure and flow rate constraints. 

7) The developed in-silico platform was used to design a pressure and flow rate bal-
anced unit cell for modular step-wise serial dilution networks on PCB. The design 
is tailored to meet the requirements of a PoC diagnostic platforms. Specifically, its 
operation requires only one flow source, tolerates source instabilities and generates 
diluted samples so that can be a robust component of quantitative PoC medical 
testing. 

8) The device was prototyped in-house on PMMA and in the industrial setup on PCB. 
Device performance was verified experimentally. 
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9) The developed in-silico platform was further used to do a computational study of a 
more comprehensive PCB based diluter employing surface mounted components 
that allows for actively controlled dilution ratios. 

Finally, to further equip the Lab-on-PCB technology with passive microfluidic capabil-
ities the following work was conducted: 

10) The effect of oxygen plasma radiation on FR-4 surface was studied and the plasma 
parameters were optimised to achieve long-lasting hydrophilic properties. Oxygen 
plasma treatment is a fabrication processes already available in a PCB manufactur-
ing setup. 

11) Passive capillary pumps on PCB were developed to facilitate steady and controllable 
filling flowrates of microfluidic PCBs with aqueous solutions. 

12) The performance of the capillary pumps on PCB was experimentally verified on 
handling whole blood samples. 

1.4 Thesis outline 
 
Chapter 1: A brief overview of the Lab-on-Chip devices for PoC applications, including 

their limitations and the advantages of the Lab-on-PCB technology as an alternative 
platform. Motivation and research objectives are presented. 

Chapter 2: A summary of the microfluidic devices fabrication techniques and the vari-
ous microfluidic components that are available in the literature focused on PoC applica-
tions. 

Chapter 3: An overview of the Lab-on-PCB technology as an alternative for PoC med-
ical tests. Industrial fabrication variation studies and design rules of the two-layer VIA 
stack that serves for fluid inlet or outlet ports and sensing electrodes.  

Chapter 4: A computational model combining COMSOL MULTIPHYSICS® and 
SOLIDWORKS® in a linked fashion to perform optimisation studies. Laminar flow and 
concentration-based advection-diffusion models were combined to perform micromixing 
topologies studies on mixing efficiency. Simulation parameters were optimised to minimise 
computational cost while reducing the numerical diffusion.     

Chapter 5: A pressure and flow rate balanced serial diluter. A modular step-wise unit 
cell designed to allow for multistage cascades. Prototypes fabricated in house and by a 
commercial PCB manufacturer. Performance characterisation and comparison with com-
putational results. Design rules and analytical model of the pressure and flow rate bal-
anced microfluidic network.  

Chapter  6: FR-4 hydrophilisation studies employing oxygen plasma treatment. Long-
lasting hydrophilic properties demonstrated, and passive PCB-based microfluidic struc-
tures are reported. Micropillar based capillary pumps on PCB for stable and design con-
trolled for on chip passive liquid manipulation. 

Chapter 7: Conclusions of the work carried out. Contributions in the PCB based mi-
crofluidic devices for PoC applications. 
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2 Microfluidic components for PoC technologies 

2.1 Introduction 
 
The origins of microfluidics technology are: molecular analysis, biodefence, molecular 

biology and microelectronics [6]. A long history starting in 1950’s from research to diag-
nostic products used in hospitals today, is illustrated in Figure 2.1. 

In the 1950’s, three molecular analysis methods were transformed in capillary format, 
leveraging phenomena in the microscale and as a result changing radically chemical anal-
ysis [6]. This miniaturisation of analysed sample volumes led to high sensitivities and 
resolutions. During the same period, Siemens demonstrated continuous inkjet technology 
and the first commercial inkjet printer. Inkjet printers are indeed considered as the first 
microfluidic devices [29]. During the 1970’s, other companies (IBM, Canon and Hewlett 
Packard) developed further computer printers following independent projects. One decade 
later, in the 1980’s, this development resulted in mass-production of low cost inkjet print-
ers. Hewlett Packard adopted first the low-cost disposable-philosophy of the vulnerable 
microfluidic part of the printer (print head) improving the reliability of the product. 

 

 

Figure 2.1: Microfluidic technology evolution. [9] 

In 1975 Thomas and Bessman [30] developed and implanted an artificial pancreas con-
sisting of a micropump and a solenoid valve as illustrated in Figure 2.2. The delivered 
volume per stroke was 0.2μL.  

Manz et. al. [31] based on hydrodynamics and diffusion physics, presented the theoret-
ical performance of μTAS (micro total chemical analysis systems) in 1990. Two years later, 
in 1992 Harrison and Manz [32] demonstrated, in a planar glass substrate using electro-
osmotic pumping and electrophoretic separation methods, a microfluidic capillary elec-
trophoresis system [32, 33]. During this decade three companies (Caliper Life Sciences, 
Cepheid, Hewlett Packard - Agilent) offered the first life science microfluidic products 
and the first microfluidic capillary electrophoresis systems [9]. 

Recently, a large number of commercial microfluidic products has arisen. Point-of-Care 
diagnostics (POC) and microfluidic genotyping platforms are the most popular microflu-
idic application. Some representative examples of microfluidic applications include: A 
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handheld device combining microfluidics and electrochemical detection for chemical blood 
analysis (i-Stat system by Abbott Lab.), a Polymerase chain reaction (PCR) platform 
based on discrete pico-droplets manipulation (Raindrop digital PCR System by 
RainDance Tech.) and benchtop analysers with disposable credit-card-sized cassette car-
rying the sample for urological diagnostics (OPKO, Health Inc. diagnostics) [34]. 

 

 

Figure 2.2: Thomas and Bessman (1975) [30] implantable micropump powered by piezoe-
lectric disk bender , i micropump, ii exhaust, iii pulse voltage generator, iv high voltage 
transformer. a) Pump in an exhaust stroke b) Pump in an intake stroke.  

At the same time, there is a large volume of academically published microfluidic device 
prototypes, facing the bottleneck of efficient upscaling and standardisation on their route 
to commercialisation. Standardisation refers either to the variation in physical and oper-
ational characteristics of a device following the published fabrication methodology, or the 
industry-standard cost-effective manufacturability [34]. 

In the following paragraphs, an introduction is given into the microfluidic components 
that can be combined to realise a PoC testing device. Fluid dynamics properties and 
dominating physical effects as well as fabrication materials and techniques are discussed 
highlighting the suitability for a PoC implementation. 

2.2 Microfluidic components 

 Microchannels 
 
Microchannels are used as a host for the flow paths in microfluidic devices. The classi-

fication of flow channels according to Kandlikar and Grade are presented in Table 2.1 [35]. 
Differential pressure along the microfluidic channel can drive the flow, as in the mac-

roscale. The volumetric flow rate is contingent on the differential pressure, geometry of 
the channel (characteristic length) and viscosity of the medium. In general, the Hagen-
Poiseuille equation (shown below) can be used to estimate the laminar flow (Reynolds 
number < 1000) in circular channels of infinitely length. The equation is valid only in 
case of a steady state fully developed flow of an incompressible fluid (e.g. aqueous solution) 
with constant viscosity. 
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Table 2.1: Channel classification concerning the minimum channel dimension 

Category Name  
Minimum channel 
dimension range D  

Conventional channels D > 3 mm 
Minichannels 3 mm ≥ D > 200 μm 
Microchannels 200 μm ≥ D > 10 μm 
Transitional channels 10 μm ≥ D > 0.1 μm 
Transitional microchannels 10 μm ≥ D > 1 μm 
Transitional nanochannels 1 μm ≥ D > 0.1 μm 
Nanochannels 0.1 μm ≥ D 

 
Additionally, the flow field is considered as fully developed, in steady-state while the 

pressure gradient along the channel is uniform.  
 

 𝑄𝑄 = 𝜋𝜋𝐷𝐷ℎ
4𝛥𝛥𝛥𝛥

8𝜇𝜇𝜇𝜇
 [2.1] 

 
where 𝑄𝑄 the volumetric flow rate in L/min, ΔP the pressure difference in mbar, 𝜇𝜇 the 

dynamic viscosity in N s/m2 and 𝐷𝐷ℎthe characteristic length or hydraulic diameter of the 
channel (𝐷𝐷ℎ = (4 × 𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑐 𝑐𝑐𝑠𝑠𝑐𝑐𝑠𝑠𝑠𝑠𝑐𝑐𝑠𝑠 𝑎𝑎𝑐𝑐𝑠𝑠𝑎𝑎) ⁄ (𝑤𝑤𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑤𝑤 𝑝𝑝𝑠𝑠𝑐𝑐𝑠𝑠𝑝𝑝𝑠𝑠𝑠𝑠𝑠𝑠𝑐𝑐)) in μm [36]. As a result, com-
paring two channels with a difference in hydraulic diameter (the diameter in case of a 
pipe) of about 100-times (the one in macroscale with 𝐷𝐷ℎ=10mm and the other in mi-
croscale with 𝐷𝐷ℎ

′=100μm) the required ΔP to achieve the same volumetric flow rate for 
the same channel length is 108 higher. Hence, external pumps with high-differential pres-
sure are needed. 

It is also worth noting that since the typical size of microchannels is in the order of 
micrometres, forces because of the surface tension (𝛾𝛾 in Nm-1) (see Appendix A) dominate 
over inertial or gravitational forces. The surface tension depends on the working fluids. 
The dimensional limit for this dominance is expressed by the capillary length 𝜇𝜇𝐶𝐶 (equa-
tion [2.2]). 

 𝜇𝜇𝐶𝐶 = �
𝛾𝛾

𝜌𝜌 𝑔𝑔
 𝑠𝑠𝑠𝑠 𝑐𝑐𝑎𝑎𝑐𝑐𝑠𝑠 𝑐𝑐𝑜𝑜 𝑤𝑤𝑎𝑎𝑠𝑠𝑠𝑠𝑐𝑐 ≈ 2.728 𝑝𝑝𝑝𝑝 [2.2] 

where γ is the surface tension in Nm-1(between water and air 𝛾𝛾 = 0.073 Nm-1), 𝜌𝜌 the 
liquid density in kg/m3 and 𝑔𝑔 the gravitational acceleration in m/s2. The capillary force 
always plays an important role when filling and flowing liquid in microchannels [37]. It 
can result either in spontaneous filling of the channels or in high resistance. This relies on 
the wettability of the surface, namely if it is hydrophobic or hydrophilic (most biological 
reagents are aqueous solutions). The contact angle θ, as presented in Figure 2.3, is a 
consequence of the surface tensions (γ) at the water-air (WA), solid-air (SA) and solid-
water (SW) interfaces and can be calculated by the Young equation [2.3]: 

 
 𝛾𝛾𝑆𝑆𝑆𝑆 = 𝛾𝛾𝑆𝑆𝑆𝑆 − 𝛾𝛾𝑆𝑆𝑆𝑆 cos 𝜗𝜗 [2.3] 
 
In case of hydrophobic solid substrate, the contact angle θ is greater than 90° where 

for hydrophilic substrates θ is < 90°. The contact angle indicates the interaction between 
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the solid and liquid (water). High contact angles (hydrophobic) are caused by weak inter-
actions that are easy to overcome. 

 

Figure 2.3: Contact angle � measuring the surface wettability in hydrophobic and hydro-
philic cases. 

In Table 2.2 the water contact angle on commonly used materials for microfluidic im-
plementations are presented. However, these values can be dramatically changed by ap-
plying surface modification techniques, like plasma or chemical treatment, on the sub-
strate surfaces. Glass, Si, clean Au (as many clean metal surfaces) are considered as hy-
drophilic substrates, while PDMS and Teflon as hydrophobic. Ordinary Au, PS and 
PMMA lie in between the hydrophilic and hydrophobic behaviour [38]. 

Table 2.2: Water contact angles on frequently used materials for microfluidic device sur-
faces. 

Material Contact angle � (deg) 
Glass (clean) 0 
Glass (ordinary) 14 - 51 
Gold (clean) 0 
Gold (ordinary) 61 - 65 
Si wafer 22 
PMMA poly(methyl methacrylate) 70 - 74 
PS polystyrene 87 - 91  
PDMS polydimethylsiloxane 108 - 113 
Teflon 112 - 118 

 
As illustrated in Figure 2.4 assuming a hydrophilic capillary tube (inner diameter R 

where R < LC) immersed in a container with water (water level indicated by the solid 
horizontal line) results in water rise inside the tube and the formation of a meniscus 
(parabolic water surface). Pair stands for the atmospheric pressure, Pliquid is the water 
pressure on the interfacial surface of meniscus. ΔP equals the vertical tensile force (dF) 
acting along the contact line divided by the tube cross-section area. 

The height of the capillary rise (or falling depth in case of hydrophobic tube) can be 
calculated by equation [2.4] [39, 40]: 

 

 ℎ = 2 𝛾𝛾  𝑐𝑐𝑐𝑐𝑐𝑐𝜗𝜗
𝑅𝑅 𝜌𝜌 𝑔𝑔

 [2.4] 

where h is the capillary height in the tube (is positive if θ < 90° and negative if θ > 90°) 
in m, γ the water-air surface tension in Nm-1, 𝜌𝜌 the liquid density in kg/m3, θ the contact 
angle, R the tube radius in m and 𝑔𝑔 the gravitational acceleration in m/s2. 
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Figure 2.4: Capillary height in a hydrophilic tube. dF expresses the vertical force projection 
acting along the interfacial line of contact dL edge between the liquid and tube walls. 

 Micropumps 
 
Pressure-driven flows in microfluidic devices can be induced either by external pumps 

(e.g. syringe or vacuum pumps) or an integrated micropump. Plastic tubing and mechan-
ical connectors or pressure fittings can be used for coupling devices implemented on var-
ious substrates like glass, hard plastic and PDMS. When using elastomeric microfluidic 
devices, it should be taken into account that elastomers, due to their inherent deformation 
ability, present a capacitive effect. As a result, the observed system response in rapid 
pressure changes of the external pump is delayed, affecting the flow rate of the device [41]. 
Use of external pumps to drive fluid flow in microfluidic chips is rather convenient in the 
research laboratory. The syringe pump is the most commonly used pump. A stepper motor 
combined with a lead screw is used to move syringe plunger at a constant speed determine 
precisely the volumetric flow rate. Apart from the flow hysteresis drawback, as described 
previously, the large dead volumes would have to be taken into account as experimental 
costing factors [9]. 

However, in the case of commercialised microfluidic devices a major goal is the integra-
tion and miniaturisation of all necessary components onto a single chip, including neces-
sary pumping. Micropumps can be either active or passive. Active pumps are inducing 
flow by absorbing energy from an external source. Mechanical displacement, electric or 
magnetic field and centrifugal force can be leveraged to drive the flow. There is a large 
volume of published studies describing microfabricated active pumps. Table 2.3 presents 
the micropumps classification including their working principles according to Abhari et 
al. [42]. 
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Table 2.3: Classification of Micropumps. 

Classification of Micropumps 
Mechanical displacement Non-Mechanical 

Actuation method M icropumping Technique  

Electrostatic Vibrating diaphragm 
Magneto-hydrody-
namic 

Piezoelectric 
Vibrating diaphragm 
Peristaltic 
Flexural Plate Waves 

Electro-hydrody-
namic 

Thermo-pneumatic 
Vibrating Diaphragm 
Peristaltic 

Electroosmotic 

• AC 
• DC 

Shape Memory Alloy 
(SMA) 

Vibrating Diaphragm Electrowetting 

Bimetallic  Bubble type 
Ion conductive poly-
mer film 

 
Electrochemical 

Electromagnetic Vibrating Diaphragm 
 
They are divided in two sections according to the used energy transformation method, 

namely mechanical and non-mechanical. The first category usually includes an actuator 
to cause a membrane displacement. The membrane acts on the fluid transferring energy. 
As the actuator deforms and relaxes back, reciprocating movement of the membrane re-
sults in a periodic volume change of the pump-chamber. That creates positive and nega-
tive pressures in the pump chamber. Two check valves with reverse opening directions, 
the one in the inlet and the other in the outlet of the pump-chamber drive the fluid to 
one specific direction. An indicative example of such a pump is illustrated in Figure 2.5a. 
It uses an ion conductive polymer film (ICPF) with both sides sputter-coated with Pt 
layers working as electrodes. By applying electrical voltage ionic movement in both sides 
of the polymer molecule chain lead to an expanding cathode and shrinking anode. 
The key advantages of this pump are its fast response, the low operational voltage (1.5 V) 
and dissipated power (55 mW). However, the maximum achieved pressure is low 
(11 mbar) although that the flowrate capacity of the device is 52 μL/min [43]. 

Commercially available micropumps using piezoelectric actuators can achieve a maxi-
mum volumetric flow rate of 5 mL/min (instead of 52 μL/min) and a maximum back-
pressure of 250 mbar (compared to 11 mbar). However, the required voltage is 250 Volt 
and the power consumption 200 mW (compared to 55 mW)[44]. 

Non-mechanical micropumps transform energy into fluid motion by using either elec-
tric/magnetic fields or electrochemical reactions. Therefore, they can be further classified 
as electrical, magnetic or chemical. They induce kinetic momentum to the fluid sample 
into the microchannels without any moving component.  

Pumping is continuous and hence the induced flow is generally steady. In electrokinetic 
micropumps an electric field is applied along the channel. Electric forces are applied on 
the ions within the pumping medium and consequently the bulk medium, due to its vis-
cosity, starts flowing following ionic movement. Magneto-kinetic micropumps are based 
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on the Lorentz force acting on the moving charges of the electrolytic fluid to drive the 
microchannel flow. 

 

 

Figure 2.5: Micropumps a) A micropump using electrochemical actuator made by PPy, 
diaphragm and check valves. Maximum flow rate 52μL/min, 11 mbar, power consumption 
55mW, applied potential 1.5V [43] b) an electroosmotic micropump on silicon substrate. 
Maximum flow rate 170μL/min, 100mbar maximum back pressure, power consumption 
150 mW, applied potential 400V [45].  

There is a combination of the electric and magnetic field applied on the sidewalls of the 
channel. The induced flow along the channel follows the Lorenz force vector. Their main 
drawback is bubble generation due to the Joule heating effect, while an alternating field 
can improve their performance [46]. Non-mechanical pumps do not usually feature valves; 
the resulting flow direction relies on the applied force vector [42]. 

The flow through a microchannel can be achieved employing various principles, e.g. 
electrokinetic forces, surface acoustic waves, capillary forces or differential pressure. How-
ever, the electrokinetic driven flows are highly dependent on the surface charge of channel 
wall and the induced electroosmotic flow (EOF) of the medium cannot be avoided, leading 
to a differential motion according to molecules charge and size (electrophoretic mobility) 
[41]. The main advantage of EOF is that it does not require other microfluidic components 
(e.g. microvalves) for flow control, leading to micropumps comprising simple channel de-
signs. However, the external control is complicated requiring multiple power sources and 
timed switching of voltages [41]. 

Figure 2.5b illustrates an electroosmotic micropump fabricated in silicon substrates. It 
consists of plasma-etched slot-shaped features along the pumping axis. The distance be-
tween the slots is 2 - 4 μm. Two electrodes before and after the narrow, deep slots struc-
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ture induce the electric field required for the energy transfer to the medium. The fabrica-
tion process requires two masks. Relative to their size, the achieved flow rate by this 
electroosmotic micropump (170 μL/min) overcomes that of many reciprocating displace-
ment micropumps that require more complex fabrication steps [45]. In terms of back-
pressure and power consumption the performance is similar to mechanical pumps 
(100mbar and 150mW respectively). However, the main drawback of this device is the 
required high DC bias (400Volt), thus it cannot be used for PoC applications. 

An interesting alternative is to use air bubbles for flow control. An electrolysis-based 
pump, as illustrated in Figure 2.6, creates bubbles in sequence which are pushing the 
working fluid along the main microchannel.  

 

 

Figure 2.6: An air-bubble-actuated micropump [47]. a) 3D illustration of the micropump 
b) Schematic top view of the micropump. c) One air bubble is pushed forwards by elec-
trolysis actuation inside the microchannel d) The other air bubble is pushed forwards in 
sequence. 

The net pumping flow is achieved in the microchannel over multiple electrolysis-bubble 
actuation cycles [47]. The required voltage for the electrolytic bubbles is only 2.5 V and 
the power consumption 52 μW. However, the experimentally achieved volumetric flow 
rate is 121 nL/min, although the maximum developed back-pressure 150 mbar is compa-
rably high. 

Passive microfluidic pumps are inducing flows by leveraging osmosis, capillary forces 
and air-evacuated PDMS substrates. In this case microfluidic channels fill spontaneously 
and thus are attractive due to the equipment free operation, low dead volume, zero-power 
requirement from the device and low cost. A disadvantage is that the flow rate of the final 
product is not easily adjustable, since this is defined by the geometry of the design. 
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Figure 2.7a presents a commercial pregnancy test of SPD GmbH based on porous ca-
pillary membrane for passively pumping the sample to the detection area. Hydrophilic 
microchannels can draw aqueous solutions in microchannels with precise control on flow 
rate and volume. This provides more reproducible flow rates and volumes between devices, 
based on the dimensions of microchannels. Figure 2.7b illustrates a fabricated passive 
pump based on arrays of micro pillars [48]. Capillary pressure can be calculated according 
to the depth and width of the microchannels, the surface tension (γ) and contact angles 
θ with the bottom, top, left and right-side walls. By changing the geometry and the 
surface properties (wettability) the filling properties can be precisely controlled. The vol-
umetric flow rate and the sample volume rely on the final design. Autonomous microfluidic 
capillary systems have been developed to perform immunoassays using multiple pipetting 
steps [9]. 

 

 

Figure 2.7: Passive pumps.a) porous capillary membrane [9] b) capillary pump [48]. 
c) vacuum driven filling [49]. 

Figure 2.7c illustrates a passive pumping approach based on desiccated PDMS micro-
channel in vacuum. This leads to evacuation of the dissolved air in PDMS. Later this 
microchannel can be used to draw samples performing in that way immunoassays [49]. In 
a similar manner, pressurised gas can be stored in a chamber. A membrane separates the 
pressure reservoir and the microchannel and hence when this membrane is melted by heat, 
the pressurised gas can push the liquid in the microchannel. 

The required small dimensions of pumping geometries in passive pumps lead to the 
resistance domination. One challenge of the technology is the phase change of liquids 
(evaporation) since loading pads are exposed to the ambient air, that can affect the con-
stituent concentration and consequently reactions results. In addition, the functionality 
of these structures is sensitive to defects and dust particles which can result to blockage. 
Nevertheless, if designed properly, capillary driven microfluidic systems have a strong 
chance of becoming attractive due to low cost, zero power consumption and reliability [9]. 
However the achieved volumetric flow rates for integrated passive pumping microsystems 
are currently in the order of 3 - 4 μL/min [48]. 

 

 Microvalves 
 
Microfluidic systems having more than one channel and handling several fluids usually 

require a unit for controlling the movement of liquids, a microvalve. Several different valve 
operation approaches have been presented [50]. Microvalves can be categorised, regarding 
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the valve actuation method, either as active or as passive. Active valves require energy 
consumption, while passive leverage the energy potential in the device or the sample. 
Figure 2.8 illustrates some representative examples of these two categories.  

An active valve could consist of a flexible membrane (PDMS) and an actuator. The 
actuator dislocates the membrane by absorbing energy from an electric or magnetic field 
or using the piezoelectric or thermal expansion phenomenon. Another approach for the 
membrane deformation is by applying air pressure on the one side of the membrane 
(pneumatic valves) as illustrated in Figure 2.8a. Thereby switching between an open and 
closed state can be achieved with fast response and low leakage [9]. 

 

 

Figure 2.8: Active and passive valves in microsystems [9]. a) Pneumatic valve b) screw, 
pneumatic tube and solenoid valves c) electromagnetic actuated valve d) capillary based 
passive valve e) hydrophobic passive valve f) pH driven passive valve.  

The widely used PDMS valves are easy to fabricate and can be massively integrated. 
The design of these valves consists of an elastomeric membrane formed at the intersection 
of two perpendicular crossing channels, as illustrated in Figure 2.8a. One channel is the 
control channel where pressure increases and decreases to press down the PDMS mem-
brane and closes the flow channel in contact. Microfluidic chips for immunoassays and 
nucleic acid analysis using a large amount of integrated PDMS valves, have been reported 
[51, 52]. 

However, these devices require pneumatic tubes and external pumps making peripheral 
equipment large and immobile. In order to minimize peripheral equipment, valves based 
on the opening and closing of PDMS channels have been made using solenoids or manual 
mechanical actuation. Screws embedded in a layer of polyurethane can be turned to col-
lapse PDMS microchannels and remain in an opened or closed state as illustrated in 
Figure 2.8b [53]. 

Figure 2.8c presents an electro-magnetic actuator inducing a force to pull up a silicon 
membrane electroless plated with NiFe permalloy [54]. Some valves have been made using 
phase changing materials, like polyethylene glycol (PEG), from solid to liquid with a large 
change in volume actuating a PDMS membrane microvalve [9]. 

Passive valves are usually based on the surface tension of liquids and the contact angle 
with the substrates. They can be used as one directional switches to dominate the filling 
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of a system with the liquid. Passive valve characteristics rely on their design and cannot 
be opened or closed without changing the geometry. Figure 2.8d illustrates a capillary 
valve fabricated in a silicon microchannel [55]. As the liquid flows through the channel, 
according to the contact angle of the liquid with the wall and the channel geometry, a 
constant meniscus moves along the flow direction. A steep decrease of the channel width 
stops the flow of liquid forming another meniscus. When a second liquid flowing along a 
parallel channel touches the stopped meniscus, they merge, and flow continues in a central 
channel. 

Another approach of passive valving, based on hydrophobicity of capillaries, is pre-
sented in Figure 2.8e. A vast amount of parallel to flow direction capillary channels forms 
a hydrophobic valve. The used material is a hydrophobic such as plastic or elastomer. 
The hydrophobic surfaces are coated with hydrophobic particles of latex or hydrophobic 
polymers with a diameter of 10 nm and 10 μm. As the aqueous solutions are stopped by 
the capillary hydrophobic channels, the biological molecules (proteins or polypeptides), 
polymers and detergents can bind to the particles reforming the hydrophobic barrier to a 
hydrophilic zone. After this the sample can flow over it. The rate of binding and the 
concentration of the reagents in the aqueous solution defines the time for which the barrier 
keeps its hydrophobic ability. This passive flow switching approach offers the required 
incubation time for a sample to complete a reaction and after to pass to a next step-
chamber for further reactions on a chip. This hydrophobic barrier developed by Biosite is 
commercially available [9]. 

Figure 2.8f presents a pH sensitive passive valve approach. Micropillar structures across 
the channel covered by pH sensitive photo-polymerised hydrogel expand as a solution of 
pH 11 flows over them, clogging the microchannel path [56]. 

Capillary passive valves are advantageous due to their simple fabrication, zero energy 
operational cost and integration ability, but they might become unreliable because they 
depend on the chemical homogeneity of the surface [9]. 

 Micromixers 
 
In microfluidic systems, micromixers are usually incorporated as crucial components 

[57] for achieving uniform and rapid mixing of reagents and samples [58]. Microscale 
mixers have to cope with the high surface-to-volume ratio of microchannels, which results 
in flows within the laminar regime, as opposed to macroscale ones [59, 60]. In particular, 
the values of the Reynolds number (Re) [61] are below 100 (Re<100) in case of media 
with kinematic viscosity similar to water and under realistic pressures. As a consequence 
the flows are uniaxial (parallel linear flow streamlines along one axis) and mixing is gov-
erned mainly by molecular diffusion [62]. Even though the characteristic length of a con-
ventional straight microchannel is relatively small, the length required for ensuring uni-
form mixing can be quite long (≫1 cm) [62]. 

Micromixers are divided in two types: passive and active. In passive micromixers no 
additional energy source is required, apart from pumping energy. The mixing mechanism 
relies on molecular diffusion or chaotic advection. On the contrary, active micromixers 
require external energy. Thus, passive micromixers are preferable, owing to their fabrica-
tion and integration simplicity in LoC devices, compared to active ones [4]. 

Active micromixers can be categorised according to the type of the absorbed external 
energy. 
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1. Pressure field 
2. Electrokinetic 
3. Dielectophoretic 
4. Electrowetting 
5. Magneto-hydrodynamic 
6. Ultrasound 

Figure 2.9a presents an ultrasound micromixer. An integrated piezoelectric transducer 
acts on an engulfed bubble in a horse-shoe structure in the middle of the channel. The 
bubble acts as a vibrating membrane causing ultrasonic displacements of the bulk fluid. 
The induced acoustic waves in the fluid result to fast mixing [63]. Another active micro-
mixer is depicted in Figure 2.9b. It is fabricated on a planar silicon substrate. The concept 
of the micromixer is based on pressure-driven disturbance. The fluids are delivered by 
integrated micropumps operating under periodic pulsing. Each micropump consists of a 
thermo-pneumatic actuator (integrated microheater evaporates liquid water dislocating a 
membrane) and two micro check valves drive the pump and generate the pressure dis-
turbance [64]. 

 

 

Figure 2.9: Active and passive micromixers a) Active Micromixer with a piezo transducer 
and an air-bubble [63]. b) Active Micromixer with thermopneumatic actuators and check 
valves [59]. c) Passive T-junction micromixer for Re = 240 (chaotic engulfment flow)[65] 
d) Passive micromixing in droplets flowing in a microchannel [66]. e) Passive 3D mul-
tilamination micromixer [67].  



Electronic Materials & Devices Research Group  Zepler Institute 

Nikolaos-Sotirios Vasilakis  17  

Active micromixers in general accomplish rapid and high mixing efficiency without 
requiring complicated channel structures or long mixing lengths (channel lengths). How-
ever, the commercialisation of such devices is limited due to the challenging integration 
of required peripheral devices for the external power source into the system and the ex-
pensive fabrication process. In addition, the utilised active mixing mechanisms such as 
ultrasonic waves or high temperature gradients might affect the biological fluids. There-
fore, active mixers are not a popular choice when applying microfluidics to chemical and 
biological applications [68]. 

Passive micromixers usually intend to increase the surface area between the different 
fluids and decrease the required diffusion path. In a similar way, chaotic advection-based 
mixers are increasing the interfacial area of the fluids by inducing transverse flows. Passive 
micromixers can be categorised as: 

1. T- and Y-shaped micromixers 
2. Parallel lamination micromixers 
3. Sequential lamination micromixers 
4. Focusing enhanced mixers 
5. Chaotic advection micromixers 
6. Droplet micromixers 

Figure 2.9c depicts flow streamlines of the simplest passive mixing geometry, the T-
junction. The mixing efficiency of this design is highly dependent on the Reynolds number 
of the intersecting flows. There are three characteristic regions for this mixer: stratified 
(Re<50), vortex (50<Re<150) and engulfment (Re>150). The stratified flow regime is 
purely diffusive and therefore long post-junction channels are required, while the vortex 
flow regime results in symmetric vortices of enhanced mixing results and therefore require 
shorter post-junction channels to achieve uniformly mixed media. The engulfment flow 
regime (shown in Figure 2.9c) comprises chaotic advection, since the induced vortices are 
asymmetric. 

Microdroplet formation is an attractive way to mix and deliver aqueous solutions, 
Figure 2.9d. Since every droplet is separated from the following, the axial dispersion 
appearing in conventional microfluidic channels is eliminated. In addition, the fluids are 
spatially confined within the microdroplets and, further to the contact between the drop-
let surface and the channel walls, recirculating flow within the droplet is induced. However, 
a straight channel results to symmetrical counter-rotating flows within the droplet and 
thus the fluids (aqueous solutions) remain separated and unmixed. Chaotic advection can 
be induced within the microdroplets by applying a stretch and fold mechanism using an 
alternating turns channel design, as illustrated in Figure 2.9d [66]. 

Figure 2.9e presents a design according to the parallel (multi)lamination mixing phi-
losophy, named the chessboard mixer. The mixing length of this 8-stage 3D design in only 
1.4mm for a volumetric flow rate of 12.7 μL/min. According to the published work the 
volumetric flow rate can be increased easily by using different arrays without affecting 
the performance [67]. 

Chaotic advection micromixers reduce drastically the required mixing length of the 
microfluidic device. Stroock et al. [62] proposed a periodic geometry consisting of stag-
gered ridges in a shape resembling herring bones known as Staggered Herringbone Mixer 
(SHM). The ridges are formed on the bottom of the channel and induce counter rotating 
vortices across the flow, i.e. chaotic advective flow, featuring high mixing performance 
with low pressure drop [69]. 



Microfluidic components for PoC technologies Chapter 2 

Nikolaos-Sotirios Vasilakis 18  

 Diluters 
 
There are two main categories of diluters, the diffusion-based and the multi-step-wise 

diluters. Figure 2.10 illustrates one representative microfluidic device for each category. 
The diffusion-based designs (see Figure 2.10a) [70, 71] exploit the concentration gradient 
formed along a microfluidic channel to create samples of different concentrations across 
the same microchannel. The main challenge for these devices is to obtain linear concen-
tration gradients, due to the inherent non-linear diffusion mechanism [72]. Multi-step 
microfluidic dilution devices were firstly proposed by Jacobson et al. [73] in 1999 (see 
Figure 2.11a) but the resulting dilution ratio was neither linear nor logarithmic [73]. 

 

Figure 2.10: Microfluidic dilution devices: a) a diffusion-based dilution device [74] b) a 
multi-step dilution device [72] 

In 2001, Whiteside’s group proposed the first linear concentration gradient device illus-
trated in  Figure 2.11b [75], while two years later an improved device following the same 
approach, including staggered herringbone micromixers, was demonstrated [76]. Later, 
Kim et al. developed a serial dilution microfluidic chip that produced logarithmic and 
linear step-wise concentrations, respectively. However, the inlet flow rates of both buffer 
and sample were not equal. 

The logarithmic device required a buffer-to-sample ratio of 1:36 (sample 0.5 mL/h vs 
buffer 18.0 mL/h) while the linear one needed a 1:2.75 ratio (sample 1.0 mL/h vs buffer 
2.75 mL/h) [72]. Lee et al. developed a microfluidic network-based device consisting of 
three different layers. This design could combine three different samples with a buffer 
solution. The buffer solution diluted the samples in a ratio 1:4 and through the 3-layer 
microfluidic network all possible combinations were formed in the output device ports. 
Nonetheless, the buffer flow rate was four times the flow rate of each sample [77]. Recently, 
this principle was enhanced by adjusting not only the channel length but also the channel 
width. In 2013, Weibull et al. reported a stepwise dilution generator, including logarith-
mic and linear gradients in a two-layer microfluidic implementation. Although two differ-
ent dilutions gradients were implemented on the same device, they have separated inlets, 
microfluidic network and outlets. Each device was able to generate only three dilution 
ratios [78]. Another approach developed by Chen et al. is the adjustment of volumetric 
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ratios by employing active magnet driven valves [79]. More recently, Occhetta et al. de-
veloped a high-throughput microfluidic screening platform generating six different con-
centration outflows aimed at 3D cell cultures. 

 

 

Figure 2.11: Multi-step microfluidic diluters a) the first step-wise serial dilution device 
[73] b) the first linear concentration gradient device [75] 

Two different variations of linear and logarithmic dilution were created using network 
channels length as the only variable. The achieved flow rate was 24 μL/h (12 μL/h 
through every inlet) through the linear dilution device and 45 μL/m through the loga-
rithmic. It is notable that the logarithmic dilution device required a flow ratio between 
sample and buffer inlets of 1:3.5 [80]. The majority of the aforementioned microfluidic 
implementations required multiple sources (syringe pumps) and consequently led to com-
plicated final system architectures. 

 

2.3 Materials and fabrication techniques 
 
Since microelectronic technology predates microfluidic devices, initially the used mate-

rials for microfluidic applications were silicon and glass, exploiting the well-established 
integrated circuit cleanroom fabrication techniques. Later, other materials were explored, 
attempting to optimise manufacturing for the particular needs of microfluidics. Microflu-
idic materials can be divided into three categories: inorganic, polymeric, and paper. Inor-
ganic materials are primarily silicon and glass. Polymer-based materials can be further 
categorised into elastomers and thermoplastics. Paper microfluidics is an emerging and 
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substantially different technology with high potential due to the low cost. Printed circuit 
board PCB technology has emerged as an alternative for microfluidic devices. 

Three main factors define the suitability of a material for microfluidic implementation: 
required functionality, degree of integration and application. These three factors require 
consideration of both material properties and fabrication processes [81]. 

 Inorganic Materials 
 
The first material used for the fabrication of microfluidics was silicon [82] which was 

later complemented with glass [81]. Both, glass and silicon devices are fabricated with 
either subtractive or additive methods [83]. Silicon has a high elastic modulus in the order 
of 130−180 GPa (Appendix A), and therefore is not recommended for the production of 
active fluidic components such as valves and pumps. Glass has an elastic module that 
depends highly on its composition. Therefore, hybrid devices are a necessity for this tech-
nology in order to realise active components such as valves and pumps. Interestingly, in 
silicon as well as glass the well-developed surface chemistry of the silanol group (−Si−OH) 
can be exploited, thus modification is easily accomplished via silanes [81]. Although trans-
parent in infrared, silicon is not transparent in visible light. On the other hand, the optical 
properties of glass offer a low background fluorescence, rendering it an ideal material for 
microfluidics requiring optical measurements. Another great advantage of glass is its com-
patibility with biological samples and the low nonspecific adsorption, hence glass micro-
fluidics were the first to be commercialised. However, they are mainly used in research 
laboratories while the integration of more advanced electronics in a cost-effective manner 
is still challenging [81]. Commercially available glass microfluidic systems are offered cur-
rently by Micronit, Chipshop, Dolomite, Micralyne, Agilent, Caliper etc. [81]. 

 Polymers 
 
Polymers are organic-based, inexpensive materials that can be fabricated by mass pro-

duction processes, employed by the polymer industry for decades, like hot embossing, 
injection moulding etc. Therefore, the overall cost of a device based on this substrate is 
considered low. In addition, their material characteristics can be modified via the fabri-
cation process or additional chemical modifications. Owing to these attributes, within the 
past 15 years a large volume of microfluidic chips based on polymers has been pub-
lished [81]. 

 
Elastomers 
 
The first microfluidic implementation based on Polydimethylsiloxane (PDMS) was in 

the late 1990s [84]. Nowadays PDMS is the most commonly used microfluidic substrate 
due to its low cost, rapid prototyping fabrication and ease of implementation. The moulds 
can be produced through different machining techniques or photolithography methods. 
Using these moulds, PDMS microstructures are cast and cured. More complex microflu-
idic systems requiring multiple layers can be created by stacking components made by 
PDMS [85]. The low modulus of elasticity (300−500 kPa) of PDMS is ideal for devices 
requiring elastic membranes like valves and pumps [85]. Another characteristic of PDMS 
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is its gas permeability, which can be advantageous for oxygen and carbon dioxide 
transport in cellular studies [85]. 

On the other hand, the gas permeability of PDMS can cause bubble formation in the 
device. The inherent low molecular weight oligomer chains of PDMS can leak into solu-
tions and negatively affect cell cultures. Chemical modification of PDMS can often address 
these issues. PDMS surfaces can become hydrophilic while exposed to Plasma but it only 
lasts a short time [42,43]. Primarily due to PDMS’s rapid prototyping capability and cost, 
the majority of reported sophisticated microfluidic chips are PDMS fabricated in a re-
search environment. However, commercial upscaling of such devices has not been success-
ful yet [19]. 

 
Thermoplastics 
 
Thermoplastics are densely cross-linked polymers that are mouldable when heated to 

their glass transition temperature but retain their shape when cooled. These materials 
are stiffer than elastomers and are durable, amenable to micromachining processes, opti-
cally clear and resistant to permeation of small molecules. Since thermoplastic is unable 
to collapse on itself to form a seal, this material requires latch-valve geometries for valves 
[81]. Several thermoplastic materials have been developed which are discussed in the fol-
lowing paragraphs. 

 
Polystyrene (PS) 
PS is a polymer created from repeating vinyl-benzene subunits which is widespread 

used for conventional cell cultures systems, thus is a material of choice in microfluidics 
using cell culture and analysis [86]. Since the styrenic surface of PS is hydrophobic, plasma 
oxidation or chemical modification is required to render it hydrophilic. 

 
Polycarbonate (PC) 
PC is made by polymerization of bisphenol A and phosgene, resulting in repeating 

carbonate groups. The durable nature of PC and its very high softening temperature 
(∼145 °C), making it useful tool for PCR applications [81]. 

 
Poly (methyl methacrylate)  
PMMA, widely known under the commercial names of Plexiglas and Lucite, is made 

through the polymerization of methyl methacrylate. PMMA has an elastic module of 3.3 
GPa and good optical clarity from visible to UV [87]. Additionally, this material is bio-
compatible, gas impermeable and offers ease of micromachining at low temperatures 
(∼100 °C) [81]. 

 
Poly (ethylene terephthalate) (PET)  
The key characteristic of PET is the low glass transition temperature (around 70°C). 

Therefore, it has significant applications in fields where low bonding temperature is 
needed, e.g. when biomolecules have to be placed in the microfluidic chip before bonding. 
Hot embossing can be employed for a microfluidics fabrication on a PET substrate. How-
ever, for the bonding procedure either vacuum or plasma surface treatment combined 
with higher temperature (about 80 °C) are used to improve the bonding capability of 
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PET material. In addition, the native hydrophobicity of PET can be changed to hydro-
philic employing plasma surface treatment. A high replication accuracy can be achieved 
using hot embossing. Microfluidic low-cost devices for capillary electrophoresis or PCR 
applications have been reported [88, 89]. 

 
SU-8 
SU-8 is an epoxy based photoresist used to form mold for the fabrication of microfluidic 

structures in other materials. SU-8 offers high aspect ratio structures and the ability to 
pattern multiple layers [81]. Free-standing SU-8 devices were initially created through 
sacrificial removal of an attached glass wafer, while more recent methods can release an 
SU-8 device without sacrificing the wafer [81]. 

SU-8 can also be used to create arrayed 3D electrodes with high-aspect-ratio (HAR) 
(more than 12:1) by employing a pyrolytic method. Arrayed electrodes generate electric 
fields (also made by pyrolyzed SU-8) on Si substrate to induce electrokinetic pumping. 
On the same substrate and after the fabrication procedure of the HAR electrodes, the 
SU-8 photoresist can be used to form also the microfluidic network. Thereby, a novel AC-
electro-osmosis micropump presented in Figure 2.12d (a-e) can be fabricated [90]. 

 

 

Figure 2.12: Microfluidic devices fabricated on different materials a) Silicon nanowire 
system for cardiac biomarker detection [81] b) Glass microchannels with PDMS membrane 
to form microvalves [81] c) Large scale integrated PDMS microfluidic valve network [85] 
d) AC-electro-osmosis micropump using SU-8 [90] e) Three-dimensional origami paper 
microfluidic device [81]. 

 Paper 
 
Utilising paper as chemical constituents detection platform has been described since 

antiquity (as recorded by Pliny 23 to 79 A.D.) where paper saturated with gallnut extracts 
was employed as ferrous sulphate detection method [91]. The roots of paper-based micro-
fluidics according to Yetisen et al. [10] can be traced back to the middle of the 20th century. 
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Employing paraffin, a hydrophobic material, to confine reaction zones in paper and con-
verting it to testing-paper, dates back to 1902 [92]. Yagoda in 1937 [91] reported the 
earliest paper-based application in analytical chemistry for nickel and copper salts con-
centration approximation. In 1949 Müller and Clegg [93] used this fabrication process to 
form a channel in filter paper by patterning wax stripes. This resulted in a paper-based 
chromatography platform with an accelerated diffusion process and reduced reagent con-
sumption, working with smaller quantities. One of the first reported paper-based Point-
of-Care diagnostic was a dipstick test in 1957 by Free et al. [94] for glucose quantification 
in urine [10, 94]. In 2007 Martinez et al. [95] proposed a paper patterning method using 
SU-8 and photolithography for millimetre-sized channels, leading in a resurging interest 
in these devices for PoC diagnostics research [2, 95]. 

Electrochemical quantification of glucose, lactate, and uric acid in human serum, col-
orimetric detection of nitrites and ketones in biological fluids and colorimetric and fluo-
rescence detection of glucose and bovine serum albumin are some of the recently demon-
strated applications of paper-based microfluidic systems [81]. Paper-based platforms have 
limited sample preparation capabilities but their use as diagnostic platforms is beginning 
to increase although there are issues with sensitivity and specificity [96]. 

 

 PCB 
 
Employing printed circuit boards (PCBs) manufacturing technology to realise micro-

fluidic systems on rigid and flexible substrates has emerged over the past two decades. 
The advantage of this approach is the integration of microfluidics, electronics, sensors, 
and actuators in a monolithic manner. Furthermore, the well-established PCB technology 
allows for low cost and upscalable implementations. Therefore, several PCB based micro-
fluidic devices have been proposed by various research groups.  

The very first concept was initially introduced as the mixed circuit board (MCB) by 
Lammerink et al. [97] and further developed in 1999 at Rostock University by Merkel et 
al. [98]. That was based on the existing manufacturing techniques of Printed Circuit 
Boards (PCB). The same fabrication steps currently employed to create conductive tracks, 
pads and other features can be used to create microfluidic channels and chambers. By 
adding some new steps in the process, they integrated microfluidic microsystems and 
electronic circuits onto one common platform, enabling handling of fluids (transport, mix-
ing, etc) and measuring of different properties (temperature, viscosity, density, colour and 
pH-values), on a single device with potential for various applications. The basic principle 
of their methodology can be summarised as a printed circuit board with a suitable copper 
structure, covered by an additional plane board made of glass, ceramic or plastic. Copper 
lines on both sides of every PCB are bonded using epoxy resin to form a multilayer stack 
with shaped cavities. These cavities serve as micro-channels and chambers. Through holes 
in the various PCB layers link the cavities to form a functional microfluidic system. The 
result of this PCB based microfluidic device is depicted in Figure 2.13. The technology 
combines low mass production costs and compatibility with electronic technologies [98]. 

The same group, developed this technology further and demonstrated various applica-
tions, namely a capacitance bubble detector [99] (see Figure 2.14a), a pH-regulation sys-
tem for cell cultures [100] (see Figure 2.14b and c), a self-filling and bubbles insensitive 
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micropump with integrated control [20, 21] (see Figure 2.15a) and a PCB-based sensor 
for pressure differences [21] (see Figure 2.15b). 

 

 

Figure 2.13: Microfluidic channels on PCB (from [98]):a) fabrication principle b) cross 
sectional view of a microfluidic channel realised on PCB 

For the fabrication of the PCB microfluidic channels (see Figure 2.13), the group pro-
vides a feasible protocol where the single boards are dipped into an adhesive liquid of 
certain viscosity (epoxy resin solved in ethanol, the viscosity approximately equals 3–6 
mPa s) and coated with a thin uniform adhesive film (2–6 μm) by pulling them out of 
the solution with a constant velocity. Subsequently the adhesive is cured under the appli-
cation of temperature and pressure. This technique ensures a tight connection of the 
PCBs and maintains the fluidic functionality of the channels without reducing the channel 
height significantly (2–6 μm). 

The novel micropump shown in Figure 2.15a consists of four PCB layers and one inter-
mediate membrane layer forming two passive check valves and one thermos-pneumatically 
driven volume actuator. The PCB pump was able to pump liquids even with bubbles. A 
maximum volumetric flow rate of 530 mL/min (using water) and an achieved back-pres-
sure of 119 mbar were obtained by an average power consumption of 1 W [20]. 

 

Figure 2.14: Microfluidic devices with integrated electronics on PCB (from [21]): a) A 
bubble detector based on capacitance sensing (actual size: 22 x 25 mm2) b) a CO2 diffuser 
PCB based device. c) electronic components integrated on PCB forming an optical pH-
sensor. 

Several years later the same group demonstrated a PCB based system for the auto-
mated quantitative measurement of components in solutions by flow injection analysis 
(FIA), which is presented with several advantages such as miniaturization of the system, 
portable device, integration of electronics and fluidics and cheap technology [101]. The 
system consisted of a stack of 4 structured PCB layers, on which two micropumps and a 
reaction coil microchannel were combined with an optical detector (photodiode and LED). 
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Each of the layers consisted of 0.46 mm thick base material (FR4) and 105 μm cladded 
copper. The PCB stack was fixed by gluing, while by adding a movable element of 8 μm 
Kapton foil in the stack, active fluid elements like pumps, valves and sensors were realised. 

 

 

Figure 2.15: Microfluidic devices on multilayer PCBs (from [20]: a) a micropumps: cross-
sectional isometric view of the 4-layer PCB showing the various compartments of the 
micropump b) a capacitive pressure sensor: cross sectional view of the device. 

PCB miniature valveless pumps based on either the diffuser/nozzle or peristaltic prin-
ciple were introduced by Nguyen and colleagues where the piezo discs worked as actuators 
[102]. For the fabrication process, commercial PCB coated with positive photoresist was 
used as substrate material. The pump chamber was etched in the copper layer by chemical 
etching (iron chloride solution) and afterwards, inlet and outlet holes were drilled into the 
substrate. Finally, the piezo disc was soldered to the copper layer of the PCB. The major 
advantages of this device were the valveless operation and the ability to form cascades of 
pumping structures connected in series operating as peristaltic pumps of high backpres-
sure (70mbar). 

More recently, Gassmann and colleagues combined traditional PCB processing with 
SU-8 negative photoresist to fabricate electroosmotic micropumps. This work doesn’t em-
ploy copper tracks covered by epoxy to form microchannels [23]. Instead, the copper layer 
in the PCB was used to fabricate the electrodes for the electroosmotic effect, while spin-
coated SU-8 was used to create the microfluidic channels following standard lithography 
processes [23]. This technology combined PCB MEMS and the SU-8 offering the ad-
vantage of low cost and quick prototyping of the device. The group demonstrated various 
sensors; a flow sensor based on a paddle wheel and an electrochemical sensor cell array 
[22]. Another application of the use of PCB substrate and SU-8 technology for integrated 
microfluidic systems stems from Flores et al. work, where they fabricate a single-use mi-
crovalve with low energy consumption based on the current fuse principle where copper 
tracks melt due to the Joule heating effect [103]. Activation response was 100μs while the 
required voltage did not exceed a magnitude of 15 V [103]. 

An alternative technology to form microchannels on PCBs using SU-8 is the dry film 
resist (DFR), which presents several advantages over the SU-8 technology [104]. In this 
technology, microfluidic networks are patterned on a dry film resist that is laminated on 
a PCB substrate. Since no photoresist prebake is needed and double bonding does not 
require additional preparation steps with the DRF technology, this processing is faster, 
handier and cheaper, allowing for the up-scaling fabrication of microfluidic applications. 
In addition, with DFR, an excellent flatness can be achieved. A detailed comparison be-
tween SU-8 and DFR is presented in Table 2.4. The DFR demonstrates a number of 
advantages over SU-8. However, the high aspect ratio structures remain the main ad-
vantage of SU-8 (see Table 2.4 adapted from [104]). Since then, several manufacturing 
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protocols for the fabrication of PCB DFR microfluidic systems have been introduced [17, 
105-107], while the PCB DFR technology has been successfully used also for the fabrica-
tion of microfluidic chips for capillary electrophoresis [108]. 

By combining PCB with other substrates such as glass, polycarbonate (PC), cyclo-
olefin copolymers (COCs), cured epoxy chips, or soft PDMS, hybrid LoC devices can be 
fabricated [109]. In detail, Wu et al., used a modular process to combine integrated circuits 
(ICs) with microfluidic systems employing PCB technology. The independently designed 
and fabricated glass based microfluidic device as well as the IC electronic chip for sensing, 
were assembled on a flexible PCB using flip-chip bonding and PDMS adhesive layers [110]. 
Coltro et al. reported a hybrid PCB/PDMS/PET electrophoresis device with integrated 
copper electrodes for capacitively coupled, contactless conductivity detection measure-
ments. The device consisted of a PDMS fabricated electrophoresis microfluidic network, 
a couple of PCB based copper electrodes insulated by a thin PET film [111]. Another 
LoC hybrid device on PCB was demonstrated by Boden et al. [112]. In this work, an 
epoxy based microfluidic device was mounted on a PCB with copper tracks acting as 
heaters. Paraffin was employed as actuator exploiting its reversible volume expansion if 
heated. The on-chip liquid storage and dispensing device aimed towards PoC applications 
for the sequential thermo-hydraulic actuation of liquids [112]. Burdallo et al. [113] pro-
posed a photocurable polymer-based bonding of PDMS microfluidic chips on PCB. The 
used polymer adheres also to semiconductor chip surfaces. Therefore the proposed tech-
nique realised the integration of microelectronic silicon chips and PDMS based microflu-
idic networks on PCB substrate [113]. 

Table 2.4: Comparison between the performance of SU-8 and DFR for microfluidic struc-
ture fabrication (adapted from [104]). 

Processing characteristics SU-8 DFR 
Hybrid chip fabrication Yes Yes 
Applicable as a mold Yes Yes 

Doubling bonding 
Requires intermediate lay-

ers 
Simple, without extra ad-

hesives 

Processing equipment Requires cleanroom 
Minimally equipped envi-

ronment 

Processing substrate Only on round wafers 
On any substance of any 

dimension 
Processing steps Requires pre-baking Pre-baking is not needed 

Compatibility with indus-
trial lithography processes 

Yes Yes 

Good structure definition 
with near vertical sidewalls 

Yes Yes 

Flatness Difficult to be obtained Can be achieved easily 

Edge effect Edge beads of about 20% 
of the resist thickness 

Minimal 

Surface roughness 1 nm 
30 nm with picks up to 1 

μm 
Aspect ratio Up to 7 1-3 

Biocompatibility Yes Yes 
 
A disposable hybrid PDMS–PCB based device with electrophoretic separation and am-

perometric DNA detection has been introduced by Ghanim and Abdullah [114]. A re-
search group from the Nanyang Technological University of Singapore introduced a PCB-
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based device comprising PDMS microfluidic channels for detection of circulation tumour 
cells. The demonstrated microfluidic impedance cytometry devices employed both, DC 
[115] and AC impedance based detection [116]. More recently, another microfluidic cy-
tometer was reported but, in this work, the implementation was realised on an SU-8 
coated PCB [117]. The cytometer operates again under the Coulter principle, where mi-
croparticles (cells) passing through the sensing aperture induce electrical current changes. 
Hela cells were used for the validation of the device [117]. Integrated functional microflu-
idic components on a printed wiring board platform can be also used for amplification, 
mixing, hybridization, and detection, into a single system to form a “lab-on-a-chip”[118]. 
Based on this technology, a fully integrated biochip device that comprises microfluidic 
mixers, valves, pumps, channels, chambers, heaters, and DNA microarray sensors was 
fabricated for DNA analysis [119]. This integration of functional units has also been used 
for the detection of foreign nucleic acid from whole blood [120]. Achieving both, modu-
larity and integration, the consortium of seven Fraunhofer Institutes has fabricated a 
marketable lab-on-chip system for point-of-care diagnostics [121]. A device where the 
microchannels and the sensors microelectrodes were integrated directly into the copper 
sheet on a PCB was fabricated for the creation of oil-in-water and water-in-oil emulsion 
droplets [122]. Gassmann et al. demonstrated a hybrid PC–PCB microfluidic device for 
thermal treatment of water [24]. 

A major breakthrough in Lab-on-PCB technology was introduced by Prodromakis et 
al. [19], demonstrating high-performance PCB integrated pH sensors for monitoring ap-
plications as illustrated in Figure 2.16c-d. The sensing pads were fabricated on one side 
of the PCB while the back-side was devoted to interfacing connectors and integration of 
the discrete n-type MOSFET’s utilised as sensing transducers in a similar way as pre-
sented in Figure 2.16e. The performance of this extended gate sensor design is comparable 
to conventional CMOS-based sensors while its reliability and overall usability is signifi-
cantly improved [123-127]. Finally, an integrated LoC device consisting of a μPCR module 
using a PCB manufacturing method was reported. The device consists of microchannels 
and chambers integrated with resistive microheaters and a biosensor array for disease 
diagnostics. The PCB was fabricated using commercial photo-patternable polyimide lay-
ers, currently employed by PCB manufacturers as etch masks. A microfluidic continuous-
flow network was designed to perform 30 PCR cycles with heated zones at constant tem-
perature as illustrated in Figure 2.16a. The amplification of DNA samples and the DNA 
detection by a Si-based biosensor array take place on-chip [18, 28]. Rapid enzymatic di-
gestion PCB chips have also been shown, exploiting this technology. 
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Figure 2.16: Lab-on-PCB fabrication method for low-cost integrated microfluidic devices.a) 
μPCR on a PCB [18] b) μPCR on a PCB fabrication process flow [18] c) PCB-based 
prototype with a flexible Parylene C pH sensing array. [127] d) Schematic of the final 
fabrication step of the PCB-based pH sensor [127] e) PCB-based prototype platform with 
the circular Au/TiO2 sensing pads on the one side and the active devices as well as the 
interfacing connector on the back side (shown in the inset) [126].  

2.4 Conclusion  
 
Microfluidic devices can be employed to develop PoC platforms that meet the “AS-

SURED” criteria. However, this remains a challenge due to a common drawback: the 
difficulty in the integration of sensors for detection, electronics for signal processing and 
microfluidics for sample and reagent manipulation onto a single device in a cost-effective 
and commercially upscalable manner. Printed circuit board (PCB) manufacturing tech-
nology provides an alternative solution to quantitative PoC analytical platforms, allowing 
for electronic components, sensors and microfluidics to be integrated in a monolithic man-
ner, the Lab-on-PCB. This platform is intrinsically capable of handling sub-component 
integration, it benefits from the high fabrication precision, and the accumulated experi-
ence of industrial manufacturing over several decades, produces a much lower cost per 
area than silicon or glass. During the past 15 years several PCB-based devices have been 
developed. However, the reported microfluidic modules only partially satisfy the AS-
SURED criteria mainly due to the intrinsic hydrophobic properties of the PCB. Pumping 
mechanisms are required for sample and reagent manipulation. The lack of Lab-on-PCB 
devices operating passively under capillary action eliminating the external flow actuation 
in a controllable manner can be considered the main drawback of the technology compared 
to the paper based PoC tests. Additionally, sample preparation modules like serial diluters 
for quantitative PoC tests that minimise external flow sources requirements and tolerate 
flow source instabilities have not been demonstrated yet. Finally, most of the reported 
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microfluidic structures on PCB are fabricated employing in-house techniques and materi-
als. However, these techniques are not compatible with the existing industrial PCB man-
ufacturing settings. 
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3 The Lab-on-PCB technology 

3.1 Introduction 
 
The mixed circuit board (MCB) concept was initially proposed and demonstrated by 

Lammerink et al. [97] and further developed by Merkel et al. [98]. Their work exploits a 
PCB manufacturing technology to fabricate microfluidic platforms combined with elec-
tronic components. Their prototype devices comprised standard PCB features such as 
copper tracks, combined with electronic assemblies, functional microfluidic components 
and sensing electrodes, all fully integrated in a monolithic manner, i.e. a fully functional 
Lab-on-PCB (LoPCB) technology. Advantages are integration, high precision, and the 
accumulated experience and skills of a mature industrial manufacturing process [17, 25]. 
The LoPCB technology provides an analytical platform where the microfluidic compo-
nents for sample preparation and reagent manipulation can be integrated with electro-
chemical sensors and circuits. Hence, the footprint required for the whole measuring setup 
is smaller, since there is no need for separate electronics and assay platforms. In contrast 
to bulky high-sensitivity spectrometric apparatus, LoPCB technology can offer direct 
electrochemical sensing in mm space, using mature electronic techniques [128]. Moreover, 
combining both biochemistry and electronic biosensing on the same platform reduces 
noise interference due to connectivity issues and increases the signal-to-noise ratio (SNR). 

The microfluidic components for sample and reagent manipulation can be integrated 
with gold (Au)- or silver (Ag)- plated sensing pads, enabling electrochemical detection of 
molecular events [129-131]. A generalised architecture of the LoPCB technology is shown 
in Figure 3.1, which illustrates a standard “3-layer” LoPCB architecture, with integrated 
microfluidics, biosensors and electronics. The inner bottom layer is a photo-lithograph-
ically patterned dry photoresist laminated on an FR-4 substrate that can be modified as 
required to form the integrated fluidic control and pump structure. PCB-based devices 
such as micromixers [132], nucleic acid amplification chips [28] and chemical sensors [126] 
have been demonstrated in the literature. The LoPCB approach thus satisfies most of the 
criteria for autonomous monolithic PoC platforms, as discussed earlier. However, the in-
trinsic hydrophobic properties of PCB substrates, e.g. flame-retardant grade 4 (FR-4), 
will require external actuation, e.g. a syringe pump, for pumping fluidic samples. This 
leads to tubing connection issues, loss of analytes in the dead volume of the tubing and 
most important decreased compactness and portability, a drawback severely affecting the 
adaptation of LoPCB technology for chemical and bio analytical platforms. Owing to 
these issues, a LoPCB device suitable for a PoC has not been implemented to date. All 
the published devices based on PCB technology use syringe pumps to move samples and 
reagents within the microfluidic channels placing limits on their applicability to PoC. 
Thus, LoPCB devices with in-built fluid control based on capillary forces would deliver 
the equipment-free requirement included in the ASSURED criteria [3] eliminating both, 
fluid interfacing and external power consumption. 
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Figure 3.1: The LoPCB technology.  a) exploded view b) exploded and cross-sectional view 
c) cross sectional view along the microfluidic channel 

This work was carried in collaboration with Newbury Electronics Ltd in the framework 
of the EPSRC funded program "An electronic-based ELISA combined with microfluidics" 
EP/L020920/1.  

3.2  Optimisation of PCB process 

 Physical characterisation 
 
The optimisation of the PCB process was performed in collaboration with Newbury 

Electronics Ltd. to enable the design-to-fabrication approach, where engineers can dis-
patch microfluidic designs and afterwards the commercial PCB manufacturer can proceed 
with the device fabrication in the same way as standard PCBs. Figure 3.2 presents the 
first fabricated prototype by Newbury electronics according to a preliminary design. The 
device was designed by Dr. Despina Moschou. In detail, Figure 3.2a depicts a cross-sec-
tional cut of the device along the designed microfluidic channel. Figure 3.2b presents the 
top view of the layer 3 top surface, where the outflow electroless plated copper VIAs 
(Vertical Interconnection Access) are fabricated.  

An optical microscope was used to conduct measurements of the fabricated geometrical 
characteristics, so as to compare them with the designed ones and determine the achiev-
able accuracy and variation of the manufacturing process. Figure 3.2c-e depict the meas-
urement procedure of the outer diameter, the internal diameter and the offset between 
the two diameters of the top layer VIA (reference electrode). 
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Figure 3.2: First fabricated prototype microfluidic PCB: a) Cross-sectional cut along the 
microfluidic channel. b) Top view of the top surface layer 3. c) Measurement of the outer 
diameter of the electroless plated copper VIAs. d) Measurement of the internal diameter 
of the electroless plated coper VIAs. e) Measurement of the offset (Doffset) between the outer 
and the internal diameter of the electroless plated copper VIAs.  

Figure 3.3 shows two 3D cross-sectional geometries of the 2-VIA stack. Figure 3.3a is 
the ideal design while Figure 3.3b shows a typical actual geometry of a fabricated device. 
The stack in Figure 3.3a is free of any fabrication misalignment or error and therefore all 
the circular elements of the VIA (metallised holes and rings) are concentric. VIA internal 
diameter Din, external diameter Dout and ring width Wring are referred to the reference 
electrode in Layer 3. The fabrication process of the 2-VIA stack comprises several steps 
including drilling and layers bonding. Therefore, the actual geometry of the stack deviates 
from the ideal one presented in Figure 3.3a. In Figure 3.3b the two geometrical parameters 
are defined that are caused by the fabrication error and affect the actual geometry. In 
detail, Doffset is defined as the distance between the centre of VIA internal diameter Din 
and external diameter Dout. Doffset is relevant to the VIA in Layer 3 serving as reference 
electrode. It affects the actual ring width resulting in to a reduced clearance between the 
reference electrode Dout and the sensing electrode internal diameter. More specifically, in 
the ideal design (Figure 3.3a) the clearance that avoids the two VIAs to be in contact is 
defined by the difference between reference electrode Dout and sensing electrode internal 
diameter. Doffset reduces further this clearance and therefore increases to risk of a shortcut 
to be formed between the two electrodes. The second geometrical parameter that affects 
further the actual electrodes clearance is the distance between the central axis of both 
VIAs denoted here as eccentricity (ecc) and can be seen in Figure 3.3b. The cause for this 
fabrication error is mainly the misalignment between the two layers (Layer 3 and Layer 2) 
during the bonding process.  
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Figure 3.3: 3D cross-sectional view of the 2-VIA stack. The geometrical parameters of the 
fabrication imperfections are highlighted: a) ideal geometry of an absolute concentric 2-
VIA stack. All the circular elements of the geometry (sensing VIA, reference VIA and 
rings) are free of fabrication imperfections b) the actual geometry of a fabricated 2-VIA 
stack showing the geometry variation parameters (Doffset and ecc) due to fabrication error.  

Due to the required standardisation studies for the definition of the dimensional varia-
tion of the fabrication procedure, 134 VIAs in total were characterised. Figure 3.4 presents 
the average values of the internal (Din) external (Dout) and offset (Doffset) for each of the 
fabricated VIAs. The fabricated microfluidic PCB includes five different VIA diameters 
(designed as 300, 600, 700, 800 and 1000μm). As demonstrated, the average measured 
values are in close proximity to the nominal ones. 
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Figure 3.4: Statistical analysis of the measured microfluidic PCB VIAs. The average 
measured internal and external diameter against the different nominal designed diameter 
is presented. The average measured offset (Doffset) between the two diameters is also pre-
sented with the error bars  

Table 3.1 presents a quantification of the variation of the 1st fabricated prototype di-
mensions (Din, Dout and Doffset). The standard deviation (σ) of the fabricated VIAs internal 
and external diameters was calculated to be around 6μm. Regarding the offset (Doffset), 
the standard deviation it was found to be slightly higher, namely around 7.5μm. 

Table 3.1: Statistical analysis of 1st fabricated prototype measurements. 

Nominal 
diameter 

[μm] 

Average 
Din 
[μm] 

σ 
 Din 
[μm] 

 Average 
Dout 

[μm]  

 σ 
Dout 
[μm]  

 Average 
Doffset 
[μm] 

 σ 
Doffset 
[μm] 

300 295.6  4.2  545.8  5.5  18.7  7.5  
600 593.9  4.6  851.5  1.5  15.8  7.3  
700 697.4  4.3  952.6  6.1  15.5  7.3  
800 793.6  5.8  1056.4  5.0  16.3  6.9  
1000 989.8  4.3  1250.4  4.0  16.2  7.7  

 
In the same way the sensing electrodes of the design were investigated in terms of both 

mean and standard deviation. Figure 3.5 summarises the statistical analysis of the con-
ducted measurements. From this data it can be deduced that the manufacturing accuracy 
is higher than 98.5% regarding the design dimensions. It is also notable that the manu-
facturing tolerance is also lower than 2.7% (confidence interval 95%). 
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Figure 3.5: Measurement and statistical analysis of the electroless copper plated sensing 
electrode internal diameter Din. The average measured Din with a 95% confidence interval 
against the different nominal designed diameter is presented.  

A crucial design parameter for the proposed design is the minimum distance between 
the actual centres of the two stacked VIAs (reference and sensing electrodes) that allows 
short-circuit free operation. This distance depends, fabrication-wise, on the alignment 
accuracy between these two layers; in this work this distance is defined as VIA eccentricity. 
Figure 3.6 presents the eccentricity measuring procedure. Due to the different vertical 
position of the two VIAs in question two different focal planes were used for this meas-
urement. Firstly, the microscope (Nikon, Eclipse) was focused on the sensing VIA (small 
diameter) and by using the microscope measuring tool the internal circle was marked. 
Secondly, the focal plane was adjusted on the sensing electrode so that the internal circle 
of this VIA could also be marked. The microscope measuring tool automatically calcu-
lated the eccentricity between the two circles. Figure 3.6 summarises the statistical anal-
ysis of these measurements. The worst average measured eccentricity was found to be 35 
μm with 19.3 μm tolerance (95% level of confidence). Hence, the eccentricity parameter 
ecc could be determined equal to 54.3 μm. This parameter affects directly the minimum 
design diameter of the stacked sensing electrode in Layer 2. 
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Figure 3.6: Measurement and statistical analysis of the eccentricity between the internal 
diameters of sensing and reference electrodes.  The average measured eccentricity with a 
95% confidence interval against the different nominal design diameters is presented. 

Based on the statistical analysis results of the physical characterisation, a crucial design 
rule affecting the sensing electrode diameters can be established. All the manufactured 
VIAs were designed having a ring width 100 μm (Wring in Figure 3.3a). As a result, the 
expected outer diameter of every VIA was 200 μm wider than the designed inner diameter 
one (Nominal Diameter Dnom). A Minimum VIA Clearance (MVC) can be calculated using 
equation [3.1]: 

 

 
𝑀𝑀𝑀𝑀𝑀𝑀 = 𝐷𝐷𝑜𝑜𝑜𝑜𝑜𝑜

������������ − 2 · 𝑊𝑊𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟 + 2 · 𝜎𝜎𝐷𝐷𝑜𝑜𝑜𝑜𝑜𝑜
+ 𝐷𝐷𝑜𝑜𝑜𝑜𝑜𝑜𝑜𝑜𝑜𝑜𝑜𝑜

������������������ + 2 · 𝜎𝜎𝐷𝐷𝑜𝑜𝑜𝑜𝑜𝑜𝑜𝑜𝑜𝑜𝑜𝑜
 

+2 · 𝑠𝑠𝑐𝑐𝑐𝑐 − 𝐷𝐷𝚤𝚤𝑟𝑟
���������� + 2 · 𝜎𝜎𝐷𝐷𝑖𝑖𝑖𝑖

 
[3.1] 

 
where 𝐷𝐷𝑜𝑜𝑜𝑜𝑜𝑜

������������ and 𝜎𝜎𝐷𝐷𝑜𝑜𝑜𝑜𝑜𝑜
are the average and standard deviation of the reference electrode 

outer diameter (see Figure 3.3b) in μm, 𝑊𝑊𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟 is the design VIA ring width (see Figure 
3.3a) , 𝐷𝐷𝑜𝑜𝑜𝑜𝑜𝑜𝑜𝑜𝑜𝑜𝑜𝑜

������������������ and 𝜎𝜎𝐷𝐷𝑜𝑜𝑜𝑜𝑜𝑜𝑜𝑜𝑜𝑜𝑜𝑜
 are the average and standard deviation offset between the ref-

erence electrode measured outer and inner diameter (see Figure 3.3b)  in μm,  𝑠𝑠𝑐𝑐𝑐𝑐  the 
eccentricity parameter (see Figure 3.3b)  in μm, 𝐷𝐷𝑁𝑁𝑜𝑜𝑁𝑁the VIA designed inner diameter 
in μm, 𝐷𝐷𝚤𝚤𝑟𝑟

���������� and 𝜎𝜎𝐷𝐷𝑖𝑖𝑖𝑖
are the average and standard deviation of the measured inner diam-

eter of the reference electrode (see Figure 3.3b)  in μm. 
Figure 3.7 presents the results of equation [3.1] for the different measured VIA inner 

diameters (as presented in Table 3.1 in page 35). A linear fitting curve through the cal-
culated MVC points (marked as ■) was obtained. The slope of the fitted line is 1.00 while 
the y-intercept is 215.64 μm and the R-squared value 0.9998. This fitted line does not 
take into account the ring width of the VIA. Hereafter, it can be used as a base-line for 
generating different lines for various VIA ring design widths (100 μm, 200 μm, 300 μm 
and 400 μm). Following this graph, one can define the minimum sensing electrode diam-
eter for the reference electrode diameter and ring width of choice. It is worth noting that 
the observed linear relationship having a gradient equal to 1 contradicts the intuitive 
expectation, where VIAs of wider dimensions may require higher clearance. In contrast, 
the required clearance based on this analysis is constant. This can be attributed to the 
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reason that the source for the fabrication error is mainly the misalignment between vari-
ous layers as well as the positioning variation of the tools. Therefore, the observed fabri-
cation variation is the same for the entire fabricated panel and appears as a constant 
regardless of the dimensions of the various VIAs. 

 

 

Figure 3.7: The design graph for the minimum sensing electrode design diameter regarding 
the reference electrode design diameter. Different lines are drawn for 100, 200, 300 and 
400 μm VIA ring design widths. 

This derived design rule for preventing a short-circuit between sensing and reference 
electrodes is expressed by equation [3.2]. This design rule links the minimum sensing 
electrode design diameter (MSEDD) with the reference electrode design diameter (REDD) 
taking into account also the reference electrode ring design width (𝑊𝑊𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟). 

 
 𝑀𝑀𝑀𝑀𝑀𝑀𝐷𝐷𝐷𝐷 = 𝑅𝑅𝑀𝑀𝐷𝐷𝐷𝐷 + 215.64 𝜇𝜇𝑝𝑝 + 2 · 𝑊𝑊𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟 [3.2] 
 
The VIA thickness of the reference electrodes was also measured using a stylus profiler. 

Figure 3.8 illustrates the measurement results. The deviation of VIA thickness decreases 
as the nominal diameter increases indicating that the electroless copper deposition utilised 
for VIA formation leads to more uniform results for bigger nominal diameters. With a 
95% level of confidence it might be deduced that the required distance between Layer 2 
and the dry photoresist layer is 67.7 μm. Between Layer 2 and 3 the required distance is 
doubled, namely 135.4 μm so that the contact between the stacked electrodes can be 
prevented. 
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Figure 3.8: Measurement and statistical analysis of the VIAs reference electrodes thickness. 
The average measured thickness with a 95% confidence interval against the different nom-
inal design diameters is presented. 
 

3.3 Fluidic characterisation 
 
Due to the intrinsic hydrophobic properties of the PCB manufacturing materials, filling 

the device with aqueous solutions requires overpressure. An additional interfacing layer 
fabricated by PMMA comprising 2.8 mm wide through-holes was therefore added on top 
of the previous commercially fabricated test design. The objective of the fluidic charac-
terisation was the investigation of the required manometric pressure for the following 
filling steps: 

• the inlet VIA filling 
• flow through the microchannel 
• the sensing VIA filling 
• outflow through the outlet VIA 

For this purpose, the measuring apparatus presented schematically in Figure 3.9 was 
created. It consists of an in-house fabricated atmospheric manometer, a syringe pump 
and two observation cameras. Figure 3.10a illustrates the actual characterisation appa-
ratus. 

At first, an interfacing additional Layer fabricated by PMMA was added on top of the 
commercially fabricated microfluidic sample. This interfacing PMMA layer consisted of 
through holes. To mitigate any capillary phenomena induced by this additional layer the 
holes above the inlet VIAs were 2.8 mm wide.  

Secondly a pipette tip was filled with a droplet (1% per volume solution of food colour 
in DI water). The tip was tightly fitted in the interfacing through-hole and the measuring 
apparatus tube was placed on top of it as illustrated in Figure 3.9. The syringe pump was 
utilised for increasing precisely the air pressure in the pipette tip above the droplet surface. 
The atmospheric manometer was utilised as pressure indicator. The sample was placed 
vertically so that the coincident axes of the pipette tip, the inlet VIA (reference electrode) 
and the sensing VIA were horizontal. Thereby, any hydrostatic pressure induced by the 
gravitational forces can be neglected for this characterisation procedure. Figure 3.10b 
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illustrates the sample as viewed from the top side. The interfacing layer, the pipette tip 
and the pressurising tube can be observed. 

Finally, two observation cameras were placed on both sample sides. As illustrated in 
Figure 3.9 camera 1 was recording the droplet surface in the pipette tip and the outflow 
VIA, while camera 2 was recording the microfluidic channel and the sensing VIA bottom 
surfaces. 

 

 

Figure 3.9: Schematic of the pressure filling characterisation apparatus The u-tube ma-
nometer on the left side is placed vertically, while the pipette tip on the right side hori-
zontally. Camera 1 observes the top surface and camera 2 the bottom of the sample where 
the microfluidic structure is formed. 

The pressurising procedure was divided in five steps. Step 1 was the capillary barrier 
break of the pipette tip (Figure 3.9 position 1). Step 2 was the capillary barrier break of 
the inlet VIA (Figure 3.9 position 2). Step 3 was the capillary barrier break of the micro-
fluidic channel (Figure 3.9 position 3). Step 4 was the capillary barrier break formed by 
the microfluidic channel and sensing VIA (Figure 3.9 position 4). Step 5 was the capillary 
barrier break of the outlet VIA (Figure 3.9 position 5). The pressure was increased se-
quentially by serial increases of 1mbar. After every increase an at least 20 seconds delay 
before the next increase was applied as transition time for the induced change in the 
system. As presented in Figure 3.10c, a 4 mbar overpressure enabled the sample flowing 
through the inlet VIA but could not break the capillary barrier formed by the microfluidic 
channel. Hence, a 5 mbar overpressure was required for filling the second sensing VIA and 
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subsequently flowing through the second reference VIA. Increasing the inlet overpressure 
did not result in the filling of the third and final VIA. 

 

 

Figure 3.10: Pressure filling characterisation setup. a) Measuring setup with a water 
column manometer, a syringe pump, observation camera 1 and the sample. b) Detail of 
the characterised sample with the interfacing tip after the final characterisation step. c) 
Pressure driven filling of the device. Still images on the left column are from the recorded 
videos captured during the pressure driven filling experiment. Right column are images 
captured from the PMMA interfacing side of the device. 

The commercially manufactured sample contained 46 different devices. Every device 
was formed by three pairs of stacked VIAs. VIA 1 on Layer 3 was utilised as inlet and 
the other two VIAs as outlets. However, devices No 37 and 38 were measured by using 
VIA 3 as inlet in order to investigate also wide inlet diameter behaviour (1000 μm). Table 
3.2 summarises the design dimensions of the characterised devices. 

Figure 3.11 summarises the measurement results categorised by the inlet VIA diameter. 
The first column represents the required pressure for the pipette tip capillary barrier 
break (Step 1). It was found that 2 mbar overpressure could induce the droplet flow out 
of the pipette tip. However, the applied pressure was not high enough to overcome the 
capillary barrier formed by the inlet VIA and therefore the droplet did not flow through 
the inlet VIA. The graph in Figure 3.13 presents graphically the theoretical required 
overpressure for the capillary barrier break over different VIA diameters and contact 
angles using equation [2.4]. Contact angle measurements carried out on the electroless 
copper plated inlet VIAs gave a value for the contact angle of around 140°. In Figure 3.11 
the dashed horizontal lines depict the theoretical values of overpressure required to over-
come the capillary barrier of the intel VIA based on its nominal Din. The values were 
calculated using equation [2.4] for a contact angle 140°. For instance, in the case of a VIA 
inlet diameter of 1000 μm the resulting capillary barrier is around 2.5 mbar. 

sample 
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Table 3.2: Sample VIAs and microfluidic channels design dimensions. 
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1 700 700 700 1500 300 24 700 700 700 1500 300 
2 700 700 700 1500 600 25 700 800 1000 1500 600 
3 700 800 800 1500 600 26 700 1000 1000 1500 600 
4 700 600 300 1500 600 27 700 600 600 1500 600 
5 700 300 300 1500 600 28 700 700 700 1500 300/500 
6 300 300 300 1400 300 29 300 300 300 1400 150 
7 300 300 300 1400 600 30 300 300 300 1400 500 
8 700 800 800 1500 500 31 700 800 1000 1500 500 
9 700 600 300 1500 300 32 700 1000 1000 1500 500 
10 700 300 300 1500 500 33 700 600 600 1500 500 
11 700 700 700 1200 300 34 700 700 700 1500 150/600 
12 700 700 700 1200 600 35 700 700 700 1200 150 
13 700 800 800 1500 300 36 700 700 700 1200 500 
14 700 600 300 1500 300 37 700 800 1000 1500 300 
15 700 300 300 1500 300 38 700 1000 1000 1500 300 
16 700 700 700 1500 500/600 39 700 600 600 1500 300 
17 300 300 300 1000 300 40 700 700 700 1500 150/500 
18 300 300 300 1000 600 41 300 300 300 1000 150 
19 700 800 800 1500 150 42 300 300 300 1000 500 
20 700 600 300 1500 150 43 700 800 1000 1500 150 
21 700 300 300 1500 150 44 700 1000 1000 1500 150 
22 700 700 700 1500 300/600 45 700 600 600 1500 150 
23 700 700 700 1500 150 46 700 700 700 1500 150/300 

 
The second column in Figure 3.11 shows the average required overpressure for step 2 

(VIA capillary barrier break). As expected, the wider the VIA inlet diameter the lower 
the required overpressure. The findings are in agreement with the graph in Figure 3.13. 
More specifically, in case of 300 μm inlet VIA diameter the average required overpressure 
was found 6.8 mbar while the expected theoretical value is about 7.6 mbar. In a similar 
way, the average required overpressure in case of 700 μm inlet VIA diameter was 3.3 mbar 
where the expected theoretical value was 3.2 mbar. If the measurements were grouped 
according to the outlet VIA diameter Figure 3.12 can be obtained. The dashed horizontal 
lines here depict the theoretical values of overpressure required to overcome the capillary 
barrier of the outlet VIA based on its nominal Din. The values were calculated using again 
equation [2.4] in page 8 considering contact angle 140°. In this case the fifth column of 
every outlet VIA diameter group presents the required overpressure for outflow. 
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Figure 3.11: The measured pressure for the different filling steps over the inlet VIA diam-
eter 

As expected, the wider the outflow VIA diameter the lower the required pressure. The 
obtained results are in agreement with the theoretical values only in case of 300 μm outlet 
VIA diameter where the average measured pressure was found 7.4 μm (theoretical value 
is 7.6 μm, see Figure 3.13). In detail, by assuming the contact angle of electroless VIA 
140° the required overpressures deduced by Figure 3.13 are 3.8 mbar, 3.2 mbar, 2.8 mbar 
and 2.3 mbar for outlet VIA diameters 600 μm, 700 μm, 800 μm and 1000 μm respectively. 
On the contrary the experimental results for these outlet VIA diameters are 5.3 mbar, 
5.1 mbar 4.6 mbar and 4.0 mbar. 

 

 

Figure 3.12: The measured pressure for the different filling steps over the outlet VIA 
diameter 

Additionally, in Figure 3.12 the third column represents the average measured pressure 
for 2nd VIA filling. It can be seen that in every case this pressure is higher than the 
required pressure for the microchannel capillary barrier break (3rd column). This finding 
might be attributed to the capillary barrier formed on the microfluidic channel outlet to 
the second VIA where possibly air bubbles could be formed. Unfortunately, using camera 
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2 it was not possible to observe any bubbles because the bottom layer of the sample was 
made by thin FR-4 (200μm thickness) which allows the filling procedure observation but 
is not fully transparent. Thus, the enclosed air bubbles in the microchannel outflow could 
lead to the increased required 2nd VIA filling pressure and consequently the observed 
outflow pressure is higher than the theoretical one. In Figure 3.13, the plotted curves 
show the theoretical capillary barrier pressure in the corresponding VIA internal diameter 
(Din). Different curves are presented for various water contact angle values on VIA surface, 
i.e. for values between 91° and 150°. 

 

 

Figure 3.13: Capillary barrier pressure of hydrophobic circular VIAs over the VIAs diam-
eters calculated using equation [2.4]. 

 

3.4 Conclusions 
 
The work resulted in establishing a design-to-fabrication procedure that enables the 

fabrication of microfluidic structures on PCB in an industrial setup. In collaboration with 
Newbury Electronics Ltd. the standard fabrication techniques that currently are available 
in the PCB production line were optimised to allow for microfluidic structures on PCB 
realisation. Currently the minimum feature size (channel width) is 150μm while the em-
ployed dry photoresist is 50μm thick. A standard protocol has been established so that 
designers can dispatch microfluidic design files and the industry can proceed with the 
fabrication of the microfluidic structures on PCB. 

Moreover, in order to enable the high integration ability of the LoPCB technology 
across microfluidics and sensing, the fabrication variation of multi-stacked VIAs was stud-
ied. The manufacturing process has been developed to attain a 3-layer FR-4 stack (one 
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microfluidic layer and two layers of conventional PCB structures). A stack of two VIAs 
of various geometrical parameters was fabricated by the PCB manufacturer following the 
standardised fabrication protocol. The minimum required design diameter difference be-
tween the stacked VIAs (serving potentially as sensing and reference electrodes), in order 
to avoid potential short-circuits was defined. Additional studies for all the other manu-
facturing variations (e.g. difference between nominal and the fabricated diameter) were 
performed and based on the statistical analysis the design rules driving the minimum 
nominal sensing electrode diameter with respect to the nominal reference electrode diam-
eter were identified. The minimum required specimen volume for every sensing VIA stack 
is around 200 nl comprising the current manufacturing technology limitation. 

Finally, pressure driven filling of the devices with aqueous samples was demonstrated. 
The required overpressure to fill the device was around 8mbar in the most challenging 
inlet port geometry. As expected, wider VIA diameters require lower overpressure. Nota-
bly, wider VIA diameters result in higher minimum sample volume requirements to fill 
the VIA stack.  

To conclude, the feasibility of a standardised fabrication in an industrial setup is shown. 
A wide range of PoC testing devices combining the advantages of microfluidics integrated 
with electrochemical sensors in a monolithic and cost-effective manner could now be mi-
grated to the proposed LoPCB system. 
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4 Design, modelling and optimisation of PCB mi-
crofluidic components 

4.1 Introduction 
 
In this work, the design of microfluidic components involved both, analytical modelling 

either as first cut approximation or as simulation results validation and computational 
models for simulation and optimisation studies. In the following paragraphs, the employed 
models of the analytical and computational methods are presented. The simulation stud-
ies involved the laminar flow and concentration-based advection-diffusion model [133]. 
Due to the high computational demand, the parameters of the employed coupled model 
were optimised to acquire computational results of mitigated numerical diffusion and 
overall pressure drop estimations, while the computational cost was maintained in prac-
tical levels. 

 

4.2 Analytical modelling 
 
Flows in microfluidic channels of aqueous solutions are well approximated as incom-

pressible and laminar [134]. The Navier-Stokes equations in this case for uniform-viscous 
Newtonian fluids assuming no external forces are described below: 

 

 
∇ ⋅ 𝒖𝒖 = 0 

volume continuity [4.1] 

   

 
𝜌𝜌 𝜕𝜕𝒖𝒖

𝜕𝜕𝑠𝑠
= −𝜌𝜌(𝒖𝒖 ⋅ ∇)𝒖𝒖 − ∇𝑝𝑝 + 𝜇𝜇∇2𝒖𝒖 

𝑠𝑠𝑠𝑠𝑝𝑝𝑝𝑝𝑐𝑐𝑐𝑐𝑎𝑎𝑡𝑡 𝑐𝑐ℎ𝑎𝑎𝑠𝑠𝑔𝑔𝑠𝑠 
𝑠𝑠𝑠𝑠 𝑝𝑝𝑐𝑐𝑝𝑝𝑠𝑠𝑠𝑠𝑠𝑠𝑚𝑚𝑝𝑝

= 𝑐𝑐𝑐𝑐𝑠𝑠𝑐𝑐𝑠𝑠𝑐𝑐𝑠𝑠𝑠𝑠𝑐𝑐𝑠𝑠 
𝑜𝑜𝑐𝑐𝑐𝑐𝑐𝑐𝑠𝑠 +

𝑝𝑝𝑐𝑐𝑠𝑠𝑐𝑐𝑐𝑐𝑚𝑚𝑐𝑐𝑠𝑠 
𝑜𝑜𝑐𝑐𝑐𝑐𝑐𝑐𝑠𝑠 + 𝑐𝑐𝑠𝑠𝑐𝑐𝑐𝑐𝑐𝑐𝑚𝑚𝑐𝑐 

𝑜𝑜𝑐𝑐𝑐𝑐𝑐𝑐𝑠𝑠  
[4.2] 

 
where 𝒖𝒖 is the velocity vector in m s-1 describing the velocity field of the fluid at a given 

point in space and time. The velocity vector is a function of the position vector 𝒓𝒓 and 
time t, i.e. 𝒖𝒖 = 𝒖𝒖(𝒓𝒓,t); 𝜌𝜌 is the fluid density in kg m-3; 𝜇𝜇 is the dynamic viscosity in Pa s; 
and p is the pressure in Pa. Density and dynamic viscosity are a function of temperature. 
However, in this equation temperature, dynamic viscosity and density are considered con-
stant over time. 

While deriving the dimensionless expression of equation [4.2] by employing the charac-
teristic length l, the characteristic velocity U and the characteristic time tc of the flow 
(tc=l/U, if the boundary conditions are steady or change slowly) the Reynolds number 
appears in the resulting equation ( 𝑅𝑅𝑠𝑠 = 𝜌𝜌𝜌𝜌𝑡𝑡

𝜇𝜇�  ) [134]. It expresses the ratio between 
inertial and viscous forces. Fluid flows in microfluidic devices usually demonstrate low 
Reynolds number (Re < 1). Therefore, the unsteady state (temporal change in momentum) 
and convection terms are negligible, since in the steady state of fully developed fluid flow 
the velocity field is unidirectional and laminar and there is no acceleration of the fluids. 
In this case equation [4.2] can be further simplified: 
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∇𝑝𝑝 = 𝜇𝜇∇2𝒖𝒖 

𝑝𝑝𝑐𝑐𝑠𝑠𝑐𝑐𝑐𝑐𝑚𝑚𝑐𝑐𝑠𝑠 
𝑜𝑜𝑐𝑐𝑐𝑐𝑐𝑐𝑠𝑠 = 𝑐𝑐𝑠𝑠𝑐𝑐𝑐𝑐𝑐𝑐𝑚𝑚𝑐𝑐 

𝑜𝑜𝑐𝑐𝑐𝑐𝑐𝑐𝑠𝑠  [4.3] 

 
It is evident that equation [4.3] is an expression of the balance between pressure and 

viscous forces and describes flow properties of Stokes flow (valid only in case of Re<1).  
In conventional macro-scale studies flows in circular pipes (R is the internal radius in 

m) are in question. Fluid velocity at the pipe walls is considered zero, i.e. no slip velocity 
boundary condition (u = 0 at r = R), while the flow is considered radially symmetric. 
In detail, all flow is along the x direction (ur = 0, u� = 0) and both, � and x velocity 
gradients are zero ( 𝜕𝜕

𝜕𝜕𝜕𝜕 = 𝑐𝑐 axisymmetric and 𝜕𝜕
𝜕𝜕𝜕𝜕 = 𝑐𝑐 fully developed). Double radial inte-

gration of the equation [4.3] while invoking the aforementioned boundary conditions (fully 
developed, no slip velocity and axisymmetric flow) returns the solution of Poiseuille flow: 

 

 𝑚𝑚 = 𝑚𝑚𝑁𝑁𝑚𝑚𝜕𝜕 �1 − 𝑐𝑐2

𝑅𝑅2� [4.4] 

 
where 𝑚𝑚𝑁𝑁𝑚𝑚𝜕𝜕  is the maximum velocity at the centre of the 

pipe, 𝑐𝑐 =  0,  𝑚𝑚𝑁𝑁𝑚𝑚𝜕𝜕 =  𝑅𝑅2

4𝜂𝜂 (− 𝑑𝑑𝑑𝑑
𝑑𝑑𝜕𝜕). equation [4.4] describes the characteristic parabolic pro-

file. The spatial integral of equation [4.4] on a cross-section results in the volumetric 
flowrate Q in m3s-1: 

 

 𝑄𝑄 = 𝜋𝜋𝑅𝑅4

8𝜇𝜇
�− 𝑤𝑤𝑝𝑝

𝑤𝑤𝑑𝑑
� [4.5] 

 
Normalising equation [4.5] by the cross-sectional area the averaged fluid velocity uavg in 

m s-1 is derived: 
 

 𝑚𝑚𝑚𝑚𝑎𝑎𝑟𝑟 = 𝑄𝑄
𝜋𝜋𝑅𝑅2 = 𝑅𝑅2

8𝜇𝜇
�− 𝑤𝑤𝑝𝑝

𝑤𝑤𝑑𝑑
� [4.6] 

 
Both equations [4.5] and [4.6] apply only for a channel that is infinitely long. For a 

channel with finite length L in m, a laminar flow field (Re < 2300) can be assumed as 
fully developed if 𝜇𝜇 𝑅𝑅� ≫ 1 and 𝜇𝜇 𝑅𝑅� ≫ 𝑅𝑅𝑠𝑠 . In this case we can assume that the pressure 
gradient is uniform along the length of the circular channel. Subsequently, we can replace 
the term (− 𝑑𝑑𝑑𝑑

𝑑𝑑𝜕𝜕) with 𝛥𝛥𝑝𝑝/𝜇𝜇 where Δp is the head loss (pressure drop) along the channel, 
i.e. 𝛥𝛥𝑝𝑝 = 𝛥𝛥𝑜𝑜𝑜𝑜𝑜𝑜 − 𝛥𝛥𝑟𝑟𝑟𝑟 in Pa, where Pout and Pin the pressure at the outlet and inlet of the 
channel respectively. This approximation leads to the following expression that usually is 
named Poiseuille’s law (or Hagen-Poiseuille’s law). It is worth mentioning that the actual 
equations that were independently proposed by Poiseuille and Hagen are similar but not 
identical to this expression, since none of them used the viscosity term ( μ ) [135]: 

 

 𝑄𝑄 = 𝜋𝜋𝑅𝑅4

8𝜇𝜇
�𝛥𝛥𝑝𝑝

𝜇𝜇
� [4.7] 
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Rearranging equation [4.7] to form the cross-sectional area term A=�R2 in m2 the Ha-
gen-Poiseuille law results in the following expression: 

 

 𝑄𝑄 = 𝐴𝐴𝑅𝑅2

8𝜇𝜇𝜇𝜇
𝛥𝛥𝑝𝑝 [4.8] 

 
The term 8𝜇𝜇𝜇𝜇

𝑆𝑆𝑅𝑅2 is defined as the hydraulic resistance Rh of the channel in m-3s Pa: 
 

 𝑅𝑅ℎ = 8𝜇𝜇𝜇𝜇
𝐴𝐴𝑅𝑅2 [4.9] 

 
Combining equations [4.8] and [4.9] we derive the following equation that is analogous 

to Ohm’s law for electrical circuits (I= ΔV/R, where I is current in A, ΔV the potential 
difference in V and R the electric resistance in Ω): 

 

 𝑄𝑄 = 𝛥𝛥𝑝𝑝
𝑅𝑅ℎ

 [4.10] 

 
Hydraulic resistance 𝑅𝑅ℎ as describe in equation [4.9] is valid only for a circular channel 

of radius R that usually is also referred as hydraulic radius rh in m. However, microfluidic 
networks comprise rectangular microchannels of certain width w and height h both in m. 
In this case, the hydraulic radius is defined as: 

 

 𝑐𝑐ℎ = 2 𝐴𝐴
𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑐 𝑐𝑐𝑠𝑠𝑐𝑐𝑠𝑠𝑠𝑠𝑐𝑐𝑠𝑠𝑎𝑎𝑡𝑡 𝑝𝑝𝑠𝑠𝑐𝑐𝑠𝑠𝑝𝑝𝑠𝑠𝑠𝑠𝑠𝑠𝑐𝑐

= 𝑤𝑤 ℎ
𝑤𝑤 + ℎ

 [4.11] 

 
Therefore, the pressure drop along a rectangular microfluidic channel can be estimated 

using the following expression: 
 

 𝛥𝛥𝑝𝑝 = 𝑄𝑄8𝜇𝜇(𝑤𝑤 + ℎ)
𝑤𝑤ℎ3 𝜇𝜇 [4.12] 

 
Although that equation [4.12] can be used to predict pressure drop along a finite rec-

tangular microfluidic channel, the expected error of the estimation is around 20% since it 
is an approximation [134, 136]. Therefore, laminar flow simulation model is essential for 
more accurate designs, especially for devices comprising microfluidic channels of various 
cross-sectional geometries (width and height). 

The solution of equation [4.3] for a rectangular microchannel is complicated and re-
quires the summation of a Fourier series [137]. In this case, the resulting hydraulic re-
sistance 𝑅𝑅𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟 for the rectangular microfluidic channel is: 

 

 𝑅𝑅𝑟𝑟𝑟𝑟𝑟𝑟𝑟𝑟 = 𝜇𝜇 ∙ 𝐿𝐿 ∙ �
𝐴𝐴 ∙ ℎ2

4
∙ �

1
3
−
ℎ
𝑤𝑤
∙

64
𝜋𝜋5

�
tanh �𝑤𝑤

ℎ
(2𝑛𝑛 − 1) 𝜋𝜋

2
�

(2𝑛𝑛 − 1)5
∞

𝑛𝑛=1
��

−1

 [4.13] 

 
where 𝜇𝜇 is the dynamic viscosity of the liquid in s Pa ( 𝜇𝜇𝑤𝑤𝑚𝑚𝑜𝑜𝑜𝑜𝑟𝑟 = 10−3 𝑐𝑐 ∙ 𝛥𝛥𝑎𝑎), L the 

length of the microfluidic channel, h the channel height, w the channel width and A the 
cross-sectional area of the microchannel (i.e. 𝐴𝐴 = ℎ ∙ 𝑤𝑤). 
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4.3 The simulation models 
 
In this work all simulations were performed using COMSOL Multiphysics® [133]. It is 

the finite element analysis software package offering various physics models. Here two 
models were mainly employed, i.e. the laminar flow and the transport of diluted species 
modules. 

 Laminar flow model 
 
The laminar flow model consists of the mass and momentum conservation equations 

for steady state incompressible flow where gravitational effects are neglected: 

 ∇ ⋅ 𝒖𝒖 = 0  [4.14] 

 (𝒖𝒖 ⋅ ∇)𝒖𝒖 = −∇𝑝𝑝
𝜌𝜌

+ 𝜈𝜈∇2𝒖𝒖  [4.15] 

 
where 𝒖𝒖 is the velocity vector, 𝑝𝑝 the pressure in Pa, 𝜌𝜌 the density of the medium in kg m-3 
and 𝜈𝜈 the kinematic viscosity in m2 s-1 [138]. 

In this model, the employed boundary conditions were the non-slip velocity of fluid 
field on the channels walls and the fully developed velocity profile on every inlet of the 
device. The flow field on the outlet surfaces was considered to have velocity vectors normal 
to the surface. In detail, the outflow boundary condition applied on the outflow surface 
enforce the velocity vectors of the flow to be perpendicular to the surface. 

 Concentration-based model 
 
The transport of diluted species module of COMSOL Multiphysics® is a concentration-

based advection-diffusion model. In the case of steady-state the implemented mass bal-
ance equation of the model is: 

 

 𝒖𝒖 ⋅ ∇C = ∇ ⋅ (𝐷𝐷∇𝑀𝑀) [4.16] 
 
where 𝒖𝒖 is the velocity vector of the solvent in m s-1, C the concentration of the diluted 
species in mol m-3 and D the diffusion coefficient of the diluted species in the solvent in 
m2 s-1. 

The main drawback of the concentration-based modelling of convection dominated 
transport problems is the numerical instabilities leading in lack of convergence. Therefore, 
an artificial numerical diffusion is required to stabilize the solver. Streamline and cross-
wind stabilisation methods were employed. The streamline diffusion method only adds 
numerical diffusion along the flow streamlines. Crosswind stabilization adds numerical 
diffusion perpendicular to the flow streamlines and also captures discontinuities removing 
the under- and over calculated concentration values. Consistent stabilization methods 
(streamline together with crosswind stabilization) are usually more efficient, because the 
increased mesh resolution leads to faster convergence to the exact solution. The two dif-
ferent stabilization techniques for the crosswind diffusion method were both employed, 
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namely the Do Carmo - Galeao [139] and the Codina [140]. The Codina formulation is 
considered less diffusive compared to the Do Carmo – Galeao [141].  

 Micromixing efficiency parameters 
 
Several micromixer quantification methods are proposed in literature [59, 142, 143]. 

Since good mixing is assumed as the homogeneity of the mixed components, the distri-
bution of the computational node concentration over a flow cross-section can be used for 
evaluating the degree of mixing. Nguyen proposed the Mixing Efficiency (ME) as a mixing 
quantification parameter. It is a convenient expression using the normalised standard 
deviation of the diluted species over the computational nodes having a range from 0 to 1 
(0 for completely unmixed species and 1 for a uniformly mixed flow cross-section) regard-
less of the uniformly mixed concentration [59]. In this work, the ME has been calculated 
over the nodes of the outflow surface. A mathematical expression of the Mixing Efficiency 
is: 

 𝑀𝑀𝑀𝑀 = 1 −
⎷
��
�

1
𝑁𝑁

��𝑀𝑀𝑟𝑟 − 𝑀𝑀 
𝑀𝑀

�
2𝑁𝑁

𝑟𝑟=1
 [4.17] 

 
where 𝑀𝑀 is the concentration of fully mixed medium 𝑀𝑀𝑟𝑟 is the concentration on a given 

position (spatial discretisation point) and N is the total number of discretisation points 
over the outflow surface. Mixing Efficiency (ME) and pressure drop (ΔP) were calculated 
to assess the micromixers [144]. 

It is worth mentioning that the presented results were acquired employing appropriate 
mesh density and structure to achieve mesh independent solutions with respect to the 
desired flow parameter, e.g. pressure drop or mixing efficiency. Mesh was refined (usually 
double element size) until the flow parameters in question did not vary significantly. 

 

 A benchmark of micromixing topologies 
 
As discoursed in paragraph 2.2.4, micromixers are microfluidic components of critical 

importance in complex Lab-on-Chip devices. Passive devices in particular have attracted 
much attention over active ones, due to their fabrication, zero power consumption and 
operation simplicity. 

For flow-through microfluidic channels featuring large biological molecules in aqueous 
solutions, the dimensionless Peclet number [61] (it quantifies the ratio between advective 
and diffusive transport, see Appendix B) typically ranges between 100 and 10.000 [62]. 
Therefore, chaotic advection is ideal for a laminar flow condition in micromixers. 

Stroock et al. [62] first proposed and optimised a passive mixing geometry consisting 
of staggered ridges on the bottom of the channel as illustrated in Figure 4.1a ; nowadays 
known as Staggered Herringbone Mixer (SHM). 
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Figure 4.1: Passive chaotic-adventive micromixers: a) The staggered herringbone mixer 
(SHM). The flow is along x and the induced double counter rotating vortices are shown 
below the 3-D view of the SHM geometry [62]. b) The Slanted-grooves mixer (SGM) 
geometry inducing a vortex in the middle of the channel with a flow having helical stream-
lines [62].  

This celebrated mixer induces counter rotating vortices across the flow i.e. chaotic ad-
vective flow, featuring high mixing performance with low pressure drop [69]. This chaotic 
adventive mixing design is based on staggered ridges on the bottom of the channel. For 
these reasons this geometry has been widely used in LoC devices [145-147]. 

Figure 4.1b illustrates the slanted-groove micromixer (SGM) [62]. This design induces 
chaotic-adventive mixing by applying an anisotropic resistance to the flowing medium. 
The presented geometry induces transverse flows along the microchannel where the mol-
ecules of the medium follow helical shaped streamlines [148]. 

SHM and SGM micromixing topologies can be easily and cost effectively fabricated 
using standard soft lithography processes [149]. However, since they are planar micromix-
ing designs, they might also be implementable using PCB fabrication techniques. The 
proposed design by Stroock et. al. consists of grooves on the bottom of the channel. 
Nevertheless, the investigated design consists of ridges placed on the bottom of the chan-
nel with the same geometry as the originally proposed grooves, due to the intention of 
PCB fabrication techniques compatible designs. 

A large volume of simulation studies have focused on evaluating and optimizing the 
staggered herringbone mixer (SHM) design [69, 150-154], focusing mainly on water-etha-
nol solutions or water-glycerol solutions (diffusion coefficient ≈ 10-9 m2/s) [62, 144, 151, 
153-155]. However, for large biomolecules diluted in water-based solutions, a more realistic 
diffusion coefficient is 10-11 m2/s [59, 69]. In this benchmark the employed diffusivity is in 
this order of magnitude. 

Usually, the diffusion coefficient in liquids can be found in the literature. An alternative 
solution to estimate this value is the Stokes-Einstein equation: 

 

 𝐷𝐷𝑟𝑟𝑖𝑖 = 𝑘𝑘𝐵𝐵𝑇𝑇
3𝜋𝜋𝜇𝜇𝑖𝑖𝜎𝜎𝑟𝑟

 [4.18] 

 
where Dij is the diffusion coefficient of a molecule i in a solute j in m2/s, �i is the diameter 
of the molecule in m, μj the dynamic viscosity of the solute Pa⋅s, kB is the Boltzmann 
constant (see Appendix C) in J/K and T the temperature of the solution in K. 

To date, two main variations for modelling have been used: the advection-diffusion 
within the micromixer, namely the particle trajectory-based method, and the concentra-
tion-based model. Recent studies conclude that the concentration-based model is essential 
for accurate solutions, particularly in concentration dependent investigations typically 
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required when studying microreactors [156]. The numerical diffusion however, is often the 
main drawback of the concentration-based model, requiring a higher mesh resolution for 
mitigating this issue; overall a rather computationally demanding solution. 

All simulations were performed employing high-memory computational nodes of the 
University of Southampton Supercomputing facility Iridis 4. Every node comprises 32 
cores (2.6 GHz clock) and 256 GB of RAM [157]. 

The archetypical SHM passive micromixing structure illustrated in Figure 4.2 was 
firstly simulated. The two inlets of the mixer (100 μm wide and 150 μm tall) form a T-
junction driving the medium into the main SHM (channel width w=200μm, channel 
height h=150μm), as illustrated in Figure 4.2b. The mixer comprises 25 ridges, lying on 
the bottom of the channel that are divided in five alternating groups with respect to the 
centreline of the channel. The distance between the groups is 320μm, as illustrated in 
Figure 4.2a. Every group consists of five staggered herringbone ridges, spaced at 160μm 
from each other. Each herringbone comprises two arms, forming a 45° angle with respect 
to the centreline of the channel. The distance between the ridges apexes and the sidewall 
determines the asymmetry index a of the geometry, as illustrated in Figure 4.2a, and is 
expressed as a fraction to the channel width w. Optimisation studies by Cortes-Quiroz 
et. al. [154] lead to an optimum ratio of ridge height (Rh) to channel height (h) to, 
h/Rh = 0.375. According to the basic design of the microfluidic channel (channel height 
= 150μm) the optimum ridge height is Rh optimum = 56μm. However, due to the intention 
for a design compatible to PCB fabrication technologies the final design decision is to 
retain a ridges height Rh = 50μm and hence each ridge is 40μm wide and 50μm high 
(Figure 4.2c). 

 

 

Figure 4.2: Staggered Herringbone Mixer (SHM). a) Top view. b) Isometric view c) Ridge 
detail. Flow direction is along the x-axis while channel height along the z-axis.  

 



Design, modelling and optimisation of PCB microfluidic components Chapter 4 

Nikolaos-Sotirios Vasilakis 54  

 Results of optimised model 
 
The SHM design (Figure 4.2) was simulated with an asymmetry index a=w/4, the 

volumetric flow rate being constant at 18μL/min. The concentration of diluted species 
over inlet 1 and 2 was considered as 1 and 0 mol/m3 respectively, i.e. C1 = 1 mol/m3 and 
C2 = 0 mol/m3. The value of a was chosen over the optimum position of the ridges 
(a=w/3), aiming at a lower ME, so that the numerical artificial diffusion becomes con-
spicuous. The two different stabilization techniques for the crosswind diffusion method 
were both employed, namely the Do Carmo - Galeao and the Codina. The Codina formu-
lation is considered less diffusive compared to the Do Carmo - Galeao[141]. Additionally, 
two different discretisation types of the concentration in the mass balance equation were 
studied, namely the linear and the quadratic. Large biological molecules in water have a 
diffusion coefficient of the order of 10-11 m2/sec [59, 158]. In this work a diffusion coefficient 
of 5x10-11 m2/sec is assumed. 

All the presented results were acquired from 3D model simulations. The concentration-
based model exhibits high dependence on mesh density [156]. As Figure 4.3 depicts, in 
case of linear discretisation of species concentration (first order elements) the calculated 
Mixing Efficiency (ME) over the outflow surface depends on the total number of elements. 
The coarse mesh of the model presented in Figure 4.3a generates a high numerical diffu-
sion, causing an overestimation in ME (MEA = 0.79). After refinement of the mesh used 
in the advection-diffusion model, the total number of elements over the outflow surface 
increases causing a significant decrease in the numerical diffusion (MEB=0.67). Refining 
even further the mesh only results into a slightly decreased estimation of MEC=0.63 (Fig-
ure 4.3c). The calculated ME over the outflow surface presented in Figure 4.3a is overes-
timated by 25% compared to the achieved solution in Figure 4.3c (MEC=0.63). In all of 
these results the Da Carmo - Galeao consistency stabilization method was employed, with 
first order elements (linear). 

As revealed in Figure 4.4, the Mixing Efficiency is highly dependent on mesh density 
and it is apparent that the total number of elements on the outflow surface should be 
increased. However, further refinement of the mesh towards achieving a mesh-independent 
solution would overall render a more computationally intensive solution. The model pre-
sented in Figure 4.3c required 206GB of RAM and more than 11 hours to achieve conver-
gence. 

 

Figure 4.3: Concentration of diluted species on the outflow surface of SHM design with 
a= w/4 for different mesh density. a) 392 elements over the outflow surface, Mixing 
Efficiency MEA=0.79 b) 935 elements over the outflow surface, Mixing Efficiency 
MEB=0.67 c) 954 elements over the outflow surface, Mixing Efficiency MEC=0.63 
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To alleviate this challenge, the increase of the element order from linear (Figure 4.5a, 
also presented previously as Figure 4.3c for ease of comparison) to quadratic (Figure 4.5b) 
was studied. A coarser mesh was utilised for the spatial discretisation of the design, com-
bined however with the Codina stabilization technique for the crosswind diffusion method, 
being less numerically diffusive [141]. 

 

 

Figure 4.4: Mixing Efficiency plotted against total number of elements over the outflow 
surface. 

These discretisation parameters resulted in a lower total number of elements (approxi-
mately 17 times lower) for the concentration-based model as compared to the dense mesh 
shown in Figure 4.5a. Subsequently the outflow surface elements decreased from 954 to 
811, allowing for a 14% decrease in the number of elements on the outflow surface. More-
over, the required computation power decreased remarkably to a total computational time 
of 30min and a 25GB RAM. 

 

 

Figure 4.5: Comparison of the discretisation method and the consistency stabilization 
method for the crosswind diffusion of the transport of diluted species module. a) Dense 
mesh (31.1 x 106 total elements) with Da Carmo - Galeao consistency stabilization method 
and linear discretisation (ME=0.63). b) A coarse mesh (1.78 x 106 total elements) with 
Codina consistency stabilization method and quadratic discretisation method (ME=0.40). 



Design, modelling and optimisation of PCB microfluidic components Chapter 4 

Nikolaos-Sotirios Vasilakis 56  

Hence, this approach offers a more accurate ME estimation at a lower computational 
time (23 times) and RAM usage (8 times) from the linear discretisation approach. 

 Numerical validation of the model 
 
To further validate this optimised concentration-based model, two distinct SHM designs 

that employed different asymmetry indices (a=w/3 and a=w/4) were simulated for four 
volumetric flow rates (as presented in Figure 4.6) and their concentration distributions 
were calculated. All the boundary conditions (No-slip velocity, parabolic velocity profiles 
over the inlets, inlets concentrations C1 and C2, diffusivity D etc.) taken into account are 
the same for both designs. Figure 4.6 is separated in two columns, A and B demonstrating 
results for a=w/3 and a=w/4 respectively.  

 

 

Figure 4.6: Concentration distribution over the outflow surface of two different design 
variations (A: a=w/3, B: a=w/4) and under increasing volumetric flow rates q, i) q=18 
μL/min ii) q=90 μL/min iii) q=180 μL/min iv) q=360 μL/min.  
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Laminar flow was assumed since the studied volumetric flow rates along the microchan-
nel were between 18μL/min and 360μL/min. The medium flowing through the channel 
via both inlets is set to be water at 20°C. Considering the kinematic viscosity of the fluid, 
such flow rates lead to flows with a Reynolds number within the laminar range (Re 
<<2000). In particular, all simulated flow rates through an identical dimension model 
microfluidic channel that does not have any ridges result in Re<100. 

A 3D parabolic velocity profile of fully developed laminar flow was defined over the two 
inlets. No-slip velocity on the channel walls was further applied as a boundary condition, 
while simulations were performed for steady state conditions. The micromixing geometries 
were numerically investigated for the following flow rates: 18, 90, 180 and 360 μL/min.  

Figure 4.6a presents a more uniform concentration distribution compared to Figure 
4.6b for all volumetric flow rates studied.  

The findings are consistent with those of Stroock et al. [62], who suggested that the 
optimum asymmetry index for the SHM designs is a=w/3, as well as with Cortes-Quiroz 
et al.[154] numerical confirmations. The bar chart shown in Figure 4.7 summarises the 
calculated ME over the outflow surface for every simulated volumetric flow rate. Stripped 
bars represent a=w/3 and solid ones a=w/4. The calculated pressure drop along the 
SHM is almost identical for both a studied, hence the reported ΔP is common for both 
simulated designs at each volumetric flow rate. 

By changing the asymmetry parameter a from w/4 to w/3 a significant improvement 
of the Mixing Efficiency (75% increase) was observed for a low volumetric flow rate 
(18μL/min). For higher volumetric flow rates, a has a lower impact (23%) but still remains 
significant. Thus, the Mixing Efficiency of both proposed designs indicates an increase 
with increasing volumetric flow rate. However, the SHM mixer has been shown to exhibit 
a decreasing mixing efficiency with increasing volumetric flow-rate [62]. This difference 
could be attributed to the fact that in the simulated geometry the herringbone structures 
are formed as ridges occupying 1/3 of channel height, as opposed to grooves embedded in 
the channel [62]. Additionally, the combination of the particular structure with the T-
junction inlet seems to enhance the induced chaotic advection.  

 

 

Figure 4.7: Bar chart presenting the Mixing Efficiency against the volumetric flow rate. 
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 Designs of simulated chaotic micromixers. 
 
Slanted-grooves micromixers (SGM) 
 
Two different SGM variations were designed, modelled and simulated, with linear ridges 

and with curved. Three designs in total were simulated, in order to investigate the effect 
of geometry variations on Mixing Efficiency and total pressure drop. The linear SGM 
design (reference SGM), the curved ridges design (c-SGM) and the curved ridges SGM 
with ridges on the bottom and the top of the channel. 

Figure 4.8 illustrates the reference SGM. This design consists of five linear ridges groups 
alternating with respect to flow direction. This was employed as the reference geometry 
for the simulations of the SGM designs. The height of the ridges is 50μm and the width 
40μm. Every group of ridges consists of five parallel ridges. The distance of the ridges 
with respect to flow direction (along x-axis) is constant and equal to 160μm. The distance 
between two sequential ridge groups is 320μm. The angle of the ridges is 45° with respect 
to x-axis and alternates around the flow direction. 

 

 

Figure 4.8: SGM with linear ridges on the bottom of the channel.a) A 3-D view with the 
ridges on the bottom of the channel. b) The bottom view. The width of the ridges is 40μm, 
the angle of the ridges with respect to the flow direction is 45° and the height 50μm.  

Figure 4.9 presents the curved ridges design on the floor of the channel (c-SGM). The 
width of the ridges is 40 μm and the height 50 μm, as in the reference linear ridges SGM. 
The radius of the curved ridges equals the width of the channel. The design consists of 
five ridge groups. Every group has five ridges with a distance of 160 μm. The c-SGM 
geometry consists of 35 curved ridges. The concept of this design was to induce more 
intensive transverse flows, since the fluid particles velocity will be perpendicular to the 
side walls of the channel due to the curved shape. Therefore, the radius of the curve equals 
the channel width. Additionally, the velocity vector of the fluid particles at the starting 
point of the ridges is tangent to the ridge reducing the induced local shear stress on the 
ridges wall decreasing the loss of flow energy. 
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Figure 4.9: SGM with curved ridges on the bottom of the channel (c-SGM). a) 3-D view 
of the microfluidic channel. b) Top view of the ridges geometry. The radius of every ridge 
equals the channel width, R = 200μm.  

The SGM design with curved ridges on the top and bottom of the channel is presented 
in Figure 4.10. The ridges have almost the same geometry as the c-SGM design. More 
specifically, the radius of the ridge curve equals the channel width (200μm).  

 

 

Figure 4.10: SGM with curved ridges on the bottom and the top of the channel. a) A detail 
of the mixing geometry. The radius of the ridges equals channel width (R=200μm). There 
is a gap (30μm) between the side wall and the ridges on the top wall. b) A 3-D view of 
the micromixing design. There are 38 ridges alternating on the bottom and top of the 
channel.  

However, the ridges on the top of the channel are not extended between the two side-
walls of the channel as on the bottom wall. There is a gap 30μm between the ridge and 
the side wall in order to facilitate the air-bubble removal during the filling process on the 
top of the channel and compensate for the increased head loss (pressure drop) due to 
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additional number of ridges (38 instead of 25). As shown in Figure 4.10 the ridges alter-
nate with respect to the flow direction (x-axis) both on the bottom and the top of the 
channel. The concept of this design is to create a helical flow along the channel. On every 
cross section the ridges on the bottom and the top of the channel induce transverse com-
ponents in the velocity field. Due to the design the generated transvers velocities have 
opposite directions and therefore the direction of the rotating flow field does not alter 
periodically. 

 
Staggered herringbone micromixers (SHM) 
 
The illustrated design in Figure 4.2 (page 53) but with an asymmetry index a=w/4 

was employed as the reference geometry for the SHM designs. As previously discussed, 
the value of a was chosen over the optimum position of the ridges (a=w/3), aiming at a 
lower ME and hence the effect of the ridges modification could be studied with higher 
sensitivity. All the following simulated designs have the same asymmetry index a=w/4. 

Following the design philosophy of the c-SGM curved ridges resulted in the micromixing 
geometry presented in Figure 4.11. This design might decrease the overall pressure drop 
and induce more intensive transverse flow, as described before. The radius of both arms 
equals the channel width (200μm), while ridges width and height are the same. The c-
SHM consists of 25 ridges forming five groups. Every group has five identical parallel 
ridges. The distance between the ridges in every group is 160μm as presented in Figure 
4.11. Distance between the groups is 320μm. 

 

 

Figure 4.11: Curved staggered herringbone mixer(c-SHM) a) The top view of the micro-
fluidic c-SHM. The flow direction is horizontal from the right to the left. b) The isometric 
view of the channel and a detail depicting the ridges on the bottom of the channel  

The denser curved staggered herringbone mixer (dc-SHM) employs the same ridges 
design as the curved staggered herringbone mixer (c-SHM). Because of the curved ridge 



Electronic Materials & Devices Research Group  Zepler Institute 

Nikolaos-Sotirios Vasilakis  61  

shape the distance between the ridges groups is sufficient enough to accommodate an 
additional ridge. As a result, this design consists of five groups with six staggered curved 
ridges each. The final ridge should be in a particular distance from the outlet of the 
channel because of simulation constraints. More specifically, the applied boundary condi-
tion on the outflow surface enforced the flow velocity vectors to be perpendicular to the 
surface. This affects the flow streamline to be always parallel close to outflow surface. 
Consequently, the total number of ridges for the dc-SHM design was selected to be 29. 

 

 

Figure 4.12: A denser curved staggered herringbone mixer (dc-SHM) a) The top view of 
the microfluidic dc-SHM. The flow direction is horizontal from the right to the left. b) The 
isometric view of the channel and a detail illustrating the ridges on the bottom of the 
channel.  

The curved staggered herringbone mixer with high radius (c-SHM high radius, see 
Figure 4.13) is a variation of the reference herringbone ridges presented in Figure 4.2 (the 
asymmetry index a of the reference SHM design is a=w/4). The shape of the ridges is 
modified in order to increase the active path of the medium along the ridges. Furthermore, 
this design is expected to be easier to fabricate. The height of the ridges is 50μm and the 
average distance between the two vertical surfaces forming the ridge is 40μm (average 
ridge width as shown in Figure 4.13c). The top plane of the ridge has a similar area 
compared to the reference herringbone ridge. The shape of this ridge is like a bended 
herringbone to the flow direction. 
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Figure 4.13: Curved SHM with high radius (c-SHM high radius). a) The detail of the 
modified ridge. The two parallel centrelines illustrate the reference herringbone ridge. 
b) The top view. c) The isometric view.   

Ridge height 50um  
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 Results of the micromixing topologies simulations  
 
The plain microfluidic channel without ridges has a very low mixing efficiency of 0.05. 

The concentration distribution over the outflow surface of the channel is presented in 
Figure 4.14. According to the simulation results the pressure drop between the inlets and 
the outlet of the channel is 58.7 Pa. This pressure drop is in agreement with the calculated 
one using equation [4.12] assuming smooth channel walls (57.3 Pa). In particular, the 
Reynolds number of a flow through a rectangular microchannel channel can be calculated 
using equation [4.19]: 

 

 𝑅𝑅𝑠𝑠 =
𝜌𝜌 𝑚𝑚𝑚𝑚𝑎𝑎𝑟𝑟𝐷𝐷ℎ

𝜇𝜇
 [4.19] 

 
where Re the Reynolds number, 𝜌𝜌 the medium density (water), 𝑢𝑢𝑎𝑎𝑎𝑎𝑎𝑎 the average flow 
velocity, 𝜇𝜇 the dynamic viscosity of the medium and 𝐷𝐷ℎ the hydraulic diameter calculated 
according to equation [4.20] 
 

 𝐷𝐷ℎ = 4 𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑐 − 𝑐𝑐𝑠𝑠𝑐𝑐𝑠𝑠𝑠𝑠𝑐𝑐𝑠𝑠𝑎𝑎𝑡𝑡 𝑎𝑎𝑐𝑐𝑠𝑠𝑎𝑎
𝑤𝑤𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑤𝑤 𝑝𝑝𝑠𝑠𝑐𝑐𝑠𝑠𝑝𝑝𝑠𝑠𝑠𝑠𝑠𝑠𝑐𝑐

= 2 𝑤𝑤ℎ
𝑤𝑤 + ℎ

 [4.20] 

 

 

Figure 4.14: Concentration distribution over the outflow surface of the plain microfluidic 
channel. The achieved mixing is 0.05 and the pressure drop along the channel 58.7Pa. 

According to equations [4.12],[4.19] and [4.20] the total pressure drop ΔP for different 
simulated volumetric flow rates can be calculated. Since all simulated designs have the 
same height of ridges (50 μm), the derived ΔP from the simulations should be within the 
range depicted in Table 4.1. More specifically, columns 3 and 4 represent the flow through 
a microchannel without ridges and channel height 150 μm (Rewr stands for the Reynolds 
number value considering the absence of ridges) while columns 5 and 6 the flow in a 
microchannel without ridges and a height of 100 μm (Reng stands for the Reynolds number 
value if the ridges are neglected). All the simulation results for the flow field were assessed 
according to this table. 
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Table 4.1: Limits for the acceptable calculated pressure drop from the simulation results. 

uavg 

[m/s] 

Volumetric 
flow rate 
[μL/min] 

Rewr 

without ridges 
(h=150μm) 

ΔP 
assuming 

Rewr 

[Pa] 

Renr 

For ne-
glected 
ridges 

(h=100μm) 

ΔP 
assuming 

Renr 

[Pa] 

0.01 18 1.67 57.3 1.95 152.88 
0.05 90 8.40 286.9 9.77 764.38 
0.10 180 16.75 573.8 19.54 1528.76 
0.20 360 33.50 1147.54 39.09 3057.52 

 
Figure 4.15 presents the comparison between the two simulated slanted-grooves micro-

mixing designs (SGM) with ridges on the bottom of the microfluidic channel, namely the 
reference SGM with the linear ridges and the curved ridges c-SGM design. In case of low 
volumetric flow rates (18 μL/min) the curved ridges of the c-SGM performs a higher ME 
compared to the linear ridges of the reference SGM. As the flow rate increases, the curved 
ridges result in lower mixing efficiency compared to the linear. Moreover, for a volumetric 
flow rate about 360 μL/min the linear reference SGM mixing efficiency is more than the 
double of the c-SGM. A possible explanation for this might be that the curved ridges does 
not affect the T-junction inlet mixing efficiency since the distance from the joint position 
is slightly higher due to their curve. There is an upward trend in ME starting from 
180 μL/min similar to the presented trend of the reference SGM in 18 μL/min.  

 

 

Figure 4.15: Comparison of the mixing efficiency between the SGM reference design and 
the curved variation (c-SGM). 

The geometry with curved ridges on the bottom and the top wall of the microfluidic 
channel (c-SGM top and bottom) was simulated only with the high numerical diffusion 
model (linear discretisation for the mass balance equation of the diffusion-advection 
model). The resulting mixing efficiency is similar to the reference SHM design simulated 
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using the same model (about 0.69). However, the calculated pressure drop of this micro-
mixer is 228.36 Pa and for a volumetric flow rate of 18 μL/min compared to 108.34 Pa 
of the reference SHM design and therefore was rejected as an option. It is notable that 
this pressure-drop (228.63 Pa) is not consistent with the limits presented in Table 4.1; 
this is due to the ridges height that results in a net channel height of 50 μm instead of 
100 μm. However, it is much lower compared to the calculated pressure drop of a channel 
with h=50 μm and the same volumetric flow rate (over 900 Pa). A possible cause of this 
finding is that the ridges on the top channel wall are designed forming a gap of 30 μm to 
prevent the high pressure drop. 

The simulation results of the three different SHM designs are presented in Figure 4.16. 
The dc-SHM design results to the lowest mixing efficiency for all volumetric flow rates. 
Although this design has an increased number of ridges compared to the other two designs 
(28 instead of 25), its mixing efficiency is significantly lower (more than 30% compared 
to reference SHM and more than 25% for 18 μL/min volumetric flow rate). This finding 
might be due to the shorter active path of the ridges. Moreover, assuming a line connect-
ing the apex of a c-SHM ridge with the intersecting point between the sidewall and this 
particular ridge, an angle of 60° with respect to the flow direction is formed. 
Stroock et al. [62] suggested that the optimum angle of the ridges is 45° with respect to 
the flow direction and hence the reduced mixing efficiency of the c-SHM design is in 
agreement with the proposed citation. The pressure drop of the dc-SHM is 4.5% higher 
than the reference SHM and 3% than the c-SHM with high radius (114.31 Pa instead of 
108.61 Pa and 110.94 Pa respectively). One possible explanation might be the increased 
number of ridges (28 instead of 25). 

 

 

Figure 4.16: Comparison between the reference SHM design and the two curved variations, 
dc-SHM and c-SHM with high radius.The graph illustrates the mixing efficiency of the 
topologies with respect to the volumetric flow rate. 

The mixing efficiency of the curved SHM with high radius has overall a better efficiency 
than the dc-SHM, as depicted in Figure 4.16 (more than 30% in case of 18 μL/min), but 
the reference SHM results in 11% higher mixing efficiency compared to c-SHM with higher 
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radius. The pressure-drop in this design is less than 2% higher compared to the reference 
SHM and hence the two designs might be considered similar in terms of pressure drop. 
This slightly higher pressure-drop is expected due to the more rounded shape of the arms 
apex. 

Figure 4.17 summarises the simulation results of the different designs using the opti-
mised model (coarse mesh with quadratic discretisation and Codina consistency stabili-
sation method) resulting in accurate and computational efficient solutions. Pressure drop, 
mixing efficiency and concentration distribution over the outflow surface are depicted. 
The volumetric flow rate for these results is 18 μL/min. The c-SGM design results in 
12.5% higher mixing efficiency compared to the reference SGM design with almost the 
same pressure drop (difference <1%). 

Regarding the SHM designs, in case of asymmetry index a=w/4 the reference design 
has a mixing efficiency more than 11% compared to the c-SHM with high radius design 
and more than 48% compared to the dc-SHM. In terms of pressure drop the reference 
SHM requires about 2.2% lower energy compared to c-SHM with high radius and less 
than 5.4% compared to the dc-SHM. However, the reference SHM with an asymmetry 
index a=w/3 presents a significant higher mixing efficiency of 75% compared to the same 
design with an asymmetry index of a=w/4 verifying the findings of Stroock et al. [36] 

 

 

Figure 4.17: Design overview summarizing the mixing efficiency and calculated pressure 
drop of the different designs for a volumetric flow rate of 18μL/min. Next to the three-
dimensional views of the microfluidic channels are the outflow surface cross sections il-
lustrating the concentration distribution (mol/m3). 

  



Electronic Materials & Devices Research Group  Zepler Institute 

Nikolaos-Sotirios Vasilakis  67  

4.4 Conclusions 
 
Optimisation of micromixing structures as components in complex LoC devices is a 

field of great research interest. Convincing simulation accuracy however is yet to be 
achieved due to the high computational resources required to successfully incorporate the 
concentration-based model. Here, using COMSOL Multiphysics® it is confirmed that the 
weakness of the concentration-based model is numerical diffusion. High-density spatial 
discretisation with first-order elements can reduce numerical diffusion but leads to com-
putationally demanding models. Evidence from the present work suggests that a coarse 
mesh can be combined with second-order elements (quadratic). In addition, the Codina 
stabilisation technique might be used to lower the numerical diffusion. This proposed 
method could mitigate the utilised computational resources (23 times shorter computa-
tional time and 8 times lower RAM usage), while an accurate solution of the ME of the 
micromixing topology is achieved. Utilising the suggested simulation approach, is it con-
cluded that the T-junction inlet SHM has an outstanding mixing performance for large 
biomolecules diluted in aqueous solutions (diffusion coefficient ≃ 10-11 m2/s) with almost 
the same pressure drop regardless of the topology’s asymmetry index. Finally, the pro-
posed mixing design appears to achieve higher ME by increasing the volumetric flow rate. 

The stablished simulation model can be further combined with a 3D CAD software 
SOLIDWORKS® in an interactive manner to perform optimisation studies as presented in 
the following chapter.
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5 Pressure and flow rate balanced diluter 

5.1 Introduction 
 
Almost every quantitative chemical and biological assay relies heavily upon accurate 

and prompt serial dilution. Its usefulness lies in the fact that with a suitable sample 
preparation procedure, a wide variety of known scaled concentration samples can be gen-
erated using a suitable diluent [159]. For example, widely known quantitative assays, such 
as real-time polymerase chain reaction (q-PCR) or antigen assays, e.g. Enzyme-Linked 
Immunosorbent Assay (ELISA), require serial dilutions of a known analyte to produce 
several reference calibration signals which can be later used for standard or calibration 
curves. Over the last 15 years, many continuous flow microfluidic dilution devices have 
been proposed for the generation of multiple stepwise concentrations or concentration 
gradients with logarithmic [79, 160] or linear dilution [161-164]. However, the majority 
often requires multiple flow sources (pressure or flow rate) to be employed for driving 
fluids through the device. Their operation could be potentially unstable and they lack 
ease of use [165] and integration with other components in a monolithic manner. To tackle 
the above, herein, a single layer, stepwise serial diluter is proposed comprising an opti-
mised microfluidic network, where identical dilution ratios can be ensured either by ap-
plying equal pressure or equal flow rates at both inlets. It is a modular unit-cell that 
simplifies the fluid driving mechanism to a single source for both sample and buffer. 
Finally, this unit cell can be seen as a fundamental microfluidic building block, forming 
multistage serial dilution cascades, once combined with itself or other similar unit cells.  

Herein, a simple, yet elegant, single layer, stepwise serial diluter is described that could 
address the requirements of an integrated LoPCB system for quantitative PoC applica-
tions. The flow rate through the diluter allows short assay duration time, i.e. less than 
5 minutes. The unit cell is optimised to generate identical dilution rate when, a) either 
the applied pressure at the inlets is the same or b) the flow rates through both inlets are 
equal. Therefore, the architecture revolves around pressure and flow rate balanced design. 
It can also be considered as a modular unit cell that simplifies the fluid input driver to a 
single source for both, sample and diluent solutions. The dilution ratio remains stable, 
with tolerance to the input pump instabilities. Hence, a single syringe pump or even a 
compressed air chamber (e.g. blister packaging) could be employed, reducing the com-
plexity, cost and overall weight and footprint of the final device. This novel pressure and 
flow rate balanced device could be the ideal candidate for quantitative PoC tests and may 
be used as a building block for multistage serial dilution cascades operating as sample 
preparation components to generate diluted samples of known concentrations to derive 
calibration curves on chip. 

A detailed architecture of a standard “3-layer” LoPCB device, with integrated micro-
fluidics, biosensors and electronics is shown in Figure 5.1.  
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Figure 5.1: The conceptual LoPCB comprising the stepwise pressure and flow rate balanced 
unit cell, sensing elements and electronic components for signal processing. a) Exploded 
view of the integrated design b) and c) cross sectional views of the VIAs employed as 
reference and sensing electrodes, respectively d) the PCB CAD design of the microfluidic 
layer used for the fabrication of the samples using commercially available technology.  

The inner bottom layer is a photo-lithographically patterned dry photoresist laminated 
on an FR-4 substrate which can be modified, depending on the application, and forms 
the integrated microfluidic network. The key aspect of this technology is the potential for 
integration of microfluidic components with electronics, and biosensing electrodes to cre-
ate a monolithic device as illustrated conceptually in Figure 5.1. Taking into consideration 
that a PCB based PoC testing platform implementing a quantitative bioassay requires a 
microfluidic network that generates samples of known concentrations to acquire a stand-
ard curve on chip, i.e. a microfluidic serial diluter, it is evident that an integrated micro-
fluidic diluter on PCB should minimise the required flow sources number while tolerating 
flow source instabilities resulting in a robust operation and affordable implementation. 

 

5.2 PMMA based serial diluter prototype 

 PMMA unit cell design 
 
The first step of the development was to design and prototype the serial diluter on 

PMMA. It is a transparent material that allows for rapid prototyping and flow observa-
tions under microscope, when liquids are distinguished by food colouring. Figure 5.2 shows 
the design principle of the serial diluter unit cell. The two inlets (A and B) and the two 
outlets are designed to have the same horizontal distance to ease the ladder design. Inlets 
A and B can either serve as sample or buffer inlet according to the desired dilution ratio 



Electronic Materials & Devices Research Group  Zepler Institute 

Nikolaos-Sotirios Vasilakis  71  

(0.17 C1 or 0.83 C1 respectively, where C1 is defined as the sample concentration at the 
inlet of the device). More specifically, assuming that the dilution ratio of the design is 1:6, 
if inlet A is used as sample inlet the concentration at the outlet B is 0.17 C1, while if 
buffer flows through the inlet A the outlet sample concentration will become 0.83 C1. 

 

 

Figure 5.2: Serial diluter unit cell. Optimised design for PCB fabrication. Minimum fea-
ture size 150 μm that appears in position 3. 

The design can be divided in four zones. Zones 1 (point 4 to 3) and 2 (point 1 to 2) are 
the inlets of the design. Zone 3 starts after the branching point 2, where the inlet A 
stream splits in two sub-streams, and ends at point 5 (outlet A). The hydraulic resistance 
of zone three is represented by R2-5 in Figure 5.3 a. Zone 4 starts at merging point 3 
where the two streams merge and ends at point 6 (outlet B). This zone is a planar mi-
cromixing channel consisting of 6 double circular loops. 

Since uniform mixing of the two reagents is imperative for the diluter efficiency, a rough 
estimation of the required mixing channel length needs to be defined, considering the flow 
rate and diffusion coefficient constraints of the given application. The following equation 
[5.1] can be employed: 

 

 𝑀𝑀𝑀𝑀𝑀𝑀𝑀𝑀𝑛𝑛𝑔𝑔 𝐿𝐿𝐿𝐿𝑛𝑛𝑔𝑔𝐿𝐿ℎ = 𝑢𝑢𝑎𝑎𝑎𝑎𝑎𝑎 · 𝐿𝐿𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑛𝑛 =  𝑢𝑢𝑎𝑎𝑎𝑎𝑎𝑎 ·
(𝑐𝑐𝑤𝑤)2

2 𝐷𝐷
 [5.1] 

 
where Mixing Length is the estimated required length in metres, uavg defines the average 
fluid velocity along the microchannel in m/s, tdiffusion is the required time for a molecule in 
the sample stream to diffuse across the channel, cw is the width of the microfluidic channel 
in metres, and D is the diffusion coefficient of the molecules in the buffer solution in m2/s. 
Equation [5.1] can be applied to the proposed design, since mixing is mainly driven by 
molecular diffusion because the Reynolds number is low (Re<100) and consequently the 
flow field is laminar. Furthermore, any additional convection driven mixing mechanism 
induced by the microchannels geometry will only lead to an enhancement of the mixing 
efficiency. Hence, the result of the equation can be always considered as an “overestima-
tion” of the required mixing length.  

Apart from the geometrical constrains of the design (fabrication method, minimum 
feature size and inlet outlet relation) a crucial design parameter was the dilution ratio. 
Figure 5.3a depicts the analogous electrical system of the serial diluter unit cell design. 
I1 is the flow rate through inlet A and I2 through the inlet B. As mentioned before these 
two flow rates intentionally were assumed equal. 
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Figure 5.3: Serial diluter (1:6 dilution ratio) unit cell design principle.  a) Analogous 
electrical system b) Optimisation variables.  

The hydraulic resistances R1-2, R2-3 etc. in this sketch are consistent to the numbered 
points illustrated in Figure 5.2. The dilution ratio is fully defined by the flow rate ratio 
of the two streams joining in the merging point 3. Therefore, outflow B flow rate deter-
mines the dilution ratio, independent of the mixing efficiency of the micromixing channel. 

Figure 5.3b depicts the 3D model employed to perform the optimisation studies to meet 
the flow rate and pressure properties described below. The highlighted positions, i.e. inlet 
channels (Zones 1 between points 4 and 3, and Zone 2 between points 1 and 2, as shown 
in Figure 5.2)  and bypassing channel ( Zone 3 between points 2 and 5) lengths comprise 
the geometrical variables defined in the optimisation model. 

An additional constraint for the designing procedure was that the resulted overpressure 
at the two inlets was required to be equal. This constraint reduced significantly the de-
grees of freedom leading to a more challenging design approach, but also resulted to a 
pressure-balanced unit cell design presenting several advantages over the unbalanced ones 
proposed in the literature. First and foremost, any instabilities in the mixing ratio induced 
by inflow fluctuations (interfacing tubing, syringe pump vibrations etc) will be mitigated 
due to the similar behaviour of the device inlets in terms of pressure. This pressure-
balanced design will also be able to operate employing a more cost-effective, low power 
pneumatic pressure source (either pneumatic pump or pre-compressed air chambers), in-
stead of a syringe pump to drive sample and buffer through the serial diluter. Hence, the 
handheld device would not be equipped with an accurate and precise syringe pump. In 
addition, the two inlets can be “bridged” utilising the same pressure source because any 
variation in the pressure applied on the inlets will not affect the mixing ratio through 
every unit cell but only the total flow rate. Consequently, the required interfacing ports 
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for the sample and buffer manipulation can be reduced from 2 to 1 and the solutions can 
be embedded on the disposable PCB. 

COMSOL Multiphysics was employed for modelling and simulating the unit cell designs. 
The computational model is identical to the one described in chapter 4, combining laminar 
flow and transport of diluted species models in a sequentially coupled solving fashion. 
Mesh parameters were selected to achieve a mesh independent solution with respect to 
the resulting inlet pressure difference and mixing efficiency results at the outlets. Optimi-
zation studies were performed using the particular solver offered by the software. The 
applied objectives for the optimization study were the flow rate through outflow B equal 
to 12 μL/min (1:6 dilution ratio) and the absolute average pressure difference between 
inlet A and B below 0.01 Pa (to achieve the pressure balanced property). In Figure 5.3b 
the highlighted geometries depict the variable dimensions used for the optimisation sim-
ulations. 

The fabrication and characterisation procedures were divided in two phases. The first 
phase was the development and characterisation of a prototype based on PMMA rapid 
prototyping fabrication techniques, so as to verify the proof-of-concept. In the following 
chapter the second phase of the development is described where the device was fabricated 
employing standard PCB manufacturing techniques. The difference between the two de-
veloped prototypes is the minimum feature size (MFS), resulting in a much lower device 
footprint: in the case of PMMA fabrication the MFS is 430 μm while for the PCB is 
150 μm.  

PMMA rapid prototyping involves Laser micromachining (Epilog Laser Cutter) of a 
175 μm PMMA sheet, stacked between two adhesive layers of 50 μm thickness. Laser 
patterned PMMA test structures revealed that although 100 μm MFS is achievable, in 
practice much wider channels need to be employed due to the resulting wall roughness 
(higher than 25 μm). Additionally, the fabrication of curved channel patterns was not 
consistent with the straight ones, resulting in different channel width for the same channel 
design width. 

Figure 5.4a presents the optimised design of the serial diluter unit cell. A detail of the 
fabricated PMMA prototype is shown in Figure 5.4c to f. A solution of DI water and food 
colour was employed as inlet A fluid while DI water was driven through inlet B. Both 
flow rates were equal and were achieved by using a syringe pump loaded with two 10 mL 
plastic syringes. Figure 5.4d presents the two streams flowing through the merging point 
3 of the design when the flow rate through both inlets was 10 μL/min. As illustrated in 
Figure 5.4b, the simulation result is in satisfactory agreement with the former (Figure 
5.4d). Comparing the two figures, it can be observed that the ratio between the red and 
the blue stream in Figure 5.4b is approximately equal to the ratio between the two streams 
in the experimental results (Figure 5.4d). However, the diffusivity of food colour in water 
seems to be significantly higher than the one assumed in the simulations (1E-9 m²/s). 
Figure 5.4c to f illustrate the stable dilution ratio of the unit cell for a wide range of flow 
rates confirming the theoretical model. 
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Figure 5.4: Serial dilution unit cell overview. a) top view of the design b) simulation 
results of the concentration field at the top plane of the channel merging point 3. Sample 
inlet and buffer inlet flow rates equal to c) 5 μL/min d) 10 μL/min e) 30 μL/min 
f) 120 μL/min. 

Simulation results based on various diffusion coefficients D are presented in Figure 5.5. 
As mentioned before in case of large biomolecules like proteins of high molar mass the 
calculated diffusion coefficient is within the order of magnitude 5x10-11 m²/s. In contrary, 
diffusion coefficient of food colour can be considered as 5x10-10 m²/s. The concentration 
distribution over the merging point 3 and the unit cell outflow is depicted in Figure 5.5a,c, 
d and Figure 5.5b, d, f respectively. The flow rate through both inlets of the device was 
set equal to 10 μL/min. 
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Figure 5.5: Concentration field simulation results for various diffusion coefficients D over 
the merging point 3 and the micromixing zone outflow. Both inlet flow rates are equal to 
10 μL/min. a, c and e represent the micromixing zone inlet concentration field while d, 
e and f the outflow. 

The mixing efficiency (ME) over the outflow surface based on equation [4.17] was cal-
culated. After comparing the calculated ME values it can be concluded that this design 
can give a mixing uniformity above 0.7 for the case of small diluted molecules like glucose 
(D=6.67 10-10 m²/s at 20°C [166]) with a maximum flow rate below 10 μL/min. There-
after, in case of large proteins either the flow rate should be decreased, or the number of 
circular loops increased (this requires also a re-optimisation of the design). 

 

 PMMA 2-stage diluter 
 
Based on the design illustrated in Figure 5.4 a serial dilution ladder network consisting 

of two stages was developed. Figure 5.6a illustrates the resulting 2-stage ladder design 
produced by optimisation. Inlet flow rates A and B defined equal to 10 μL/min. The 
design dilution rate for both stages was 1:6 and hence the flow rate through outlet C1 
was set to 4 μL/min. The only variable for this optimisation study was the channel length 
between the “sampling C1” position and the “outlet C1” position as shown in Figure 5.6a. 
Although after point “sampling C1” the flow rate at both inlets of the second stage was 
lower (8 μL/min) the design was not modified. Consequently, the mixing efficiency of the 
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second stage micromixing zone was expected to be higher than the one of the first stage. 
Figure 5.6c illustrates the characterization setup. It can be observed that the outlets were 
merged in the same glass beaker so that the pressure at all outlets was maintained equal. 
According to the simulations results the expected overpressure at the inlets of the device 
was 0.41 mbar (0.42 cm Water Column at 20°C). Evidently, any level difference between 
the fluid surfaces after the outflows would lead to a steep change in the dilution ratio. 

The 2-stage ladder design was fabricated by 3 PMMA sheets stacked together by the 
use of a double side adhesive film, similarly to the unit cell. The resulting microchannel 
thickness is 275 μm and the total volume of the device illustrated in Figure 5.6c and d is 
145 μL. The MFS of the design is 430 μm and is formed at the merging points of 
Stage 1 and 2. 

 

 

Figure 5.6: 2-stage serial diluter ladder design. a) design top view, b) a fabricated unit 
cell of the 2-stage diluter, c) and d) fabricated 2-stage serial diluter sample overview 

The mixing performance of the 2 stage serial diluter was verified via simulations. Con-
centration at Inlet B was defined 1 mol/m3 while Inlet 1 was considered as buffer inlet (0 
mol/m3). The simulation results of the concentration distribution along the microchannels 
for various diffusion coefficients D are presented in Figure 5.7. Column a depicts the 
concentration field at the Stage 1 merging point. It can be observed that the concentration 
distribution at the critical positions (outlet and C1 sampling position) of Figures in rows 
i and ii are nearly the same. 

Figure 5.7aiii illustrates the resulting concentration distribution in case of large bio-
molecules with a diffusion coefficient D= 10-11 m²/s.  
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Figure 5.7: Concentration field simulation results for various diffusion coefficients D.  
Column a) inlets and Stage 1 Column b) sampling C1 point and Stage 2 Column c) 
diluted sample outlets C1 and C2. Row i) D= 10-8 m²/s Row ii) D= 3.34⋅10-9 m²/s 
Row iii) D= 10-11 m²/s. 

It can be observed that the mixing length is not sufficient for a uniformly mixed solution. 
Thereafter, as depicted in Figure 5.7b iii the concentration C1 after the C1 sampling 
position is higher than the one in the case of higher diffusion coefficient (D= 10-8 m²/s 
Figure 5.7b i and D= 3.34x10-9 m²/s in Figure 5.7b ii). This is attributed to the fact that 
the C1 sampling position is on the side of inlet B (high concentration). Therefore, the 
partially diluted inlet B (high concentration) flow stream leads to a higher concentration 
close to the vertical sidewalls of the micromixer on the side of inlet B, due to the low 
mixing efficiency of the micromixing zone of stage 1. Although the flow rate after the 
“sampling C1” position is 20% lower than in stage 1 the mixing efficiency of the micro-
mixing zone cannot overweight the 3 times lower diffusion coefficient (10-11 m²/s) resulting 
in a non-uniform concentration field at the outlet C2 (Figure 5.7c iii) 

Table 5.1 summarises the average concentration calculated over the outflow surface of 
the 2-step serial diluter for various diffusion coefficients. Concentration at Inlet B was 
defined as 1 mol/m3. As described before the dilution ratio and mixing efficiency is con-
sistent with the design (1:6 for both stages) for the case of diffusion coefficients higher 
than 3.34x10-9 m²/s. On the contrary, in the case of 10-11 m²/s diffusion coefficient the 
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average concentration at outlet C1 is significantly higher and consequently lower at outlet 
C2. 

Table 5.1: Average concentration over the outflow surface for various diffusion coefficients. 

Diffusion coefficient 
[m2/s] 

Outlet C1 
[mol/m3] 

Outlet C2 
[mol/m3] 

10 
-8 0.70 0.84 

3.34 x10 
-9 0.70 0.84 

10 
-11 0.65 0.95 

 
The dilution ratio and the mixing efficiency of the 2-stage serial diluter was validated 

for glucose solution concentration dilution with a commercial glucose meter (Accu-Check 
Aviva). The buffer solution, was 0.1M Phosphate-buffered saline (PBS). The sample so-
lution (glucose 10mM-theoretical concentration, 9.5±0.3 mM measured concentration) 
was prepared by adding 180mg glucose in 100 mL PBS and food colouring at 1:20 v/v. 
After agitation for over 1 hour, the glucose concentration was measured and found 
15.0±0.4 mM. The increase in glucose concentration is because food colour is a concen-
trated glucose solution. 

A syringe pump with two 10 mL syringes supplied the 2-stage serial diluter inlets with 
sample and buffer solution maintaining a constant flow rate. Two different flow rates were 
applied, 10 μL/min and 20 μL/min. Sample solution was driven through inlet B and 
buffer solution through inlet A. Four syringes with 300 μm thick needles were utilised for 
sampling the inlet and outlets of the device. Every sample was measured three times by 
the glucose meter. Figure 5.8 and Figure 5.9 summarise the statistically analysed meas-
urements. More specifically, the average achieved dilution ratio is presented over the dif-
ferent sampling positions. The error bars express the 2 standard deviation limits (95% 
confidence level). 

 

 

Figure 5.8: Dilution ratio validation for 10 μL/min flow rate. 
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Figure 5.8 shows that in the case of 10 μL/min flow rate the resulted dilution ratios of 
the fabricated serial diluter follows the design in principle. In fact, the stage 1 calculated 
ratio differs 1.2% of the theoretical value (C1 = 0.82 ±0.02 while theoretical ratio is 0.83). 
However, the stage 2 resulted dilution ratio differs 10% compared to the theoretical value. 
This can be attributed to the difference between the designed dimensions and the fabri-
cated ones. It can be seen that the fabricated sample presents a good agreement with a 
theoretical serial dilution curve of 1:5 ratio. 

Figure 5.9 depicts the measurements in case of 20 μL/min flow rate. The measured 
dilution ratio at outlet C1 differs by 10% from the theoretical ratio according to the 
design. The mixing microchannel has two side walls. The one on the inlet A side, where 
buffer solution stream flows and the other on the inlet B side, where sample (high con-
centration) stream flows. Although the images in Figure 5.9 illustrate a uniformly mixed 
sample colour is entering stage 2 it is evident that the high glucose concentration stream 
is not fully diluted by the buffer stream. Thereafter, the C1 sampling position (high 
concentration stream) results in higher than the expected concentration. Consequently, 
C2 outlet has a lower concentration for the case of 20 μL inlets flow rate compared to 
the measurements in case of 10 μL/min. 

 

Figure 5.9: Dilution ratio validation for 20 μL/min flow rate. 

 

5.3 PCB based serial diluter prototype 
 
Following the same development methodology described in the previous chapter the 

pressure and flowrate balanced step-wise serial diluter architecture was transferred to the 
PCB technology. Due to the much lower minimum feature size (150 μm instead of 430 
μm) the unit cell had to be redesigned. In this case, the selected design dilution ratio of 
the unit cell was 2:3 offering a wider concentration range of the generated diluted samples 
by the final 2 stage device. 
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 PCB based pressure and flow rate balanced unit cell design 
 
Figure 5.10 illustrates the core design principle of the PCB based pressure and flow 

rate balanced unit cell. It is exactly the same architecture presented previously in Figure 
5.2 and therefore the two inlets A and B (see Figure 5.10a) are designed to be co-linear 
in pairs with the two outlets (C and D) to make potential ladder designs easier to be 
aligned during the laid-out phase. Inlets A and B serve either as sample or diluent inlets 
according to the desired dilution ratio (in this case Cc = 2 : 3 CB or 1 : 3 CA, respec-
tively). As shown in Figure 5.10a, the design is divided into four zones. Zones 1 (between 
points 4 and 3) and 2 (between points 1 and 2) are the device inlets. Zone 3 starts after 
the branching point 2, where the inlet A stream splits into two sub-streams, and ends at 
point 6 (outlet D). The hydraulic resistance of zone 3 is represented by the notation R2-6 
in the electrical analogue of the design (b). Zone 4 starts at merging point 3, where sample 
and diluent streams merge and ends at point 5 (outlet C). The latter zone is a planar 
micro-mixing channel consisting of 6 double circular loops. Uniform mixing of the two 
reagents is imperative for the diluter exemplary performance. Using equation [5.1] the 
required microchannel length can be estimated for a given flow rate, channel width (cw) 
and the diffusion coefficient (D) of the sample in the buffer solution. In this case, glucose 
was considered as the sample solution. The diffusion coefficient of the sample in the buffer 
solution was assumed to be 6.67 10-10m2/s (Glucose in aqueous solutions) [166]. 

 

 

Figure 5.10: PCB based serial diluter pressure and flow rate balanced unit cell. a) opti-
mised design generating 2:3 diluted sample b) microfluidic network hydraulic resistance 
electrical analogy. 

Figure 5.10b presents the electrical analogue of the serial diluter unit cell design in 
Figure 5.10a. Q1 is the current (analogous to flow rate) through R1-2 (inlet A) and Q2 the 
current through R4-3 (inlet B). As an initial step, the two flow rates (or currents) were 
assumed equal, in order to facilitate the dilution network operation using only one source. 
The hydraulic resistances R1-2, R2-3 etc. in this sketch are named after the numbered points 
illustrated in Figure 5.10a. The dilution ratio (DR) is determined by the flow rate ratio 
of the two streams joining at the merging point 3. An additional requirement for the 
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design optimisation phase was that the pressure at the two inlets should be equal as well, 
as described also in the previous chapter. This resulted in the pressure-balanced unit cell 
design exhibiting several advantages over the unbalanced ones described in the literature.  

This pressure-balanced design will also be able to operate with a more cost-effective, 
low-power pneumatic pressure source (either pneumatic pump or compressed air cham-
bers), instead of the traditional syringe pump to drive sample and diluent through the 
serial diluter. For example, in the case of a PoC handheld device, there would be no need 
for an accurate and precise syringe pump. In addition, the two inlets can be “bridged” 
(as illustrated in Figure 5.10b) utilising the same pressure source. In this case, any pres-
sure variations at the inlets will not affect the mixing ratio in every unit cell but will only 
affect the total flow rate. This implies that the required interfacing ports for the sample 
and buffer manipulation can be reduced from 2 to only 1, reducing the overall size of the 
final device even more. 

 

 PCB based 2-stage diluter 
 
A serial dilution ladder network comprising two stages stemmed from the optimised 

design already shown in Figure 5.10a and can now be seen in Figure 5.11a , demonstrating 
the resulting 2-stage serial diluter design after simulation optimisation. Inlet flow rates A 
and B were again assumed to be equal. The DR for both stages has been selected to be 
2:3, a reasonable value for many applications. The flow rate at both inlets of the second 
stage (point 6 and sampling point 5) is half compared to the flow rate through inlets A 
and B (see Figure 5.11b).  

 

 

Figure 5.11: The 2-stage PCB stepwise serial diluter a) design overview highlighting the 
balanced modular unit stage b) electrical network analogous of an N-stage serial diluter 
design. 
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Also, the length of the mixing microchannel between points 3’ and 5’ is shorter (ap-
proximately half) than the micro-mixing zone of Stage 1. The highlighted 1st stage in 
Figure 5.11a and b is the balanced modular unit cell that can be used as building block 
for cascade designs forming n-stage serial diluters. However, this device feature is only 
valid for liquids (sample and diluent) of similar viscosity. In different case, the diluted 
sample flowing though branch point 5 will be of different viscosity and will affect the 
pressure drop balance between the microchannels of the 2nd stage and consequently the 
resulting dilution ratio. It is also worth mentioning that every subsequent stage after the 
1st operates with half flow rate compared to the other ones, due to the design architecture 
and subsequently, the mixing efficiency of the micro-mixing zone is expected to be higher 
than the 1st stage. 

 

 Analytical design, simulation model and optimisation 
 
It is quite common to design complex microfluidic networks based on simplified equa-

tions for hydraulic resistance. Such an approach is accurate only when the microchannel 
cross section is the same throughout the whole device. Microfluidic chips that are based 
on unique microchannel cross sections usually have very long channels, with high pressure 
drops and can suffer from flow instabilities, due to material deformation and capacitive 
effects. To avoid this, in this design not only all the microchannel lengths but also the 
widths were optimised, based on the targeted flow rates. The use of simplified hydraulic 
resistance equations for rectangular microchannel is not recommended, due to the error 
from the actual value, which is typically around 20% [136]. A more accurate approxima-
tion based on an electric circuit analogy was used as an initial step for the designs, fol-
lowing the methodology described by Oh et al. [136]. The relationship between the volu-
metric flowrate Q and the pressure drop ΔP along a perfectly rectangular channel for a 
steady-state, pressure-driven, fully developed, laminar flow of an incompressible, uniform-
viscous Newtonian liquid (aqueous solutions) is well known, assuming that the pressure 
gradient along the microchannel is uniform, can be described by the following simplified 
Hagen-Poiseuille’s law: 

 
 ∆𝑃𝑃 = 𝑄𝑄 ∙ 𝑅𝑅𝑟𝑟ℎ [5.2] 

 
where 𝑅𝑅𝑐𝑐ℎ is the hydraulic resistance of the microfluidic channel in Pa m-3 s. 

For a rectangular microchannel the hydraulic resistance 𝑅𝑅𝑐𝑐ℎ can be defined as 𝑅𝑅𝑟𝑟𝑜𝑜𝑐𝑐𝑜𝑜 
and calculated as the summation of a Fourier series [137] employing equation [4.13]. The 
first six terms of the series were used to calculate 𝑅𝑅𝑟𝑟𝑜𝑜𝑐𝑐𝑜𝑜 , and resulting in an error of ~10−6. 

Equation [5.2] can be viewed as a hydraulic analogous equation of Ohm’s law. Pressure 
drop ΔP is analogous to the voltage drop ΔV, flow rate to the current through the resistor 
and hydraulic resistance to the electrical resistance. A mass conservation equation in each 
node can be used, analogous to Kirchhoff’s current law. The required number of equations 
to define the hydraulic resistances of the microfluidic network can be defined using the 
energy conservation equations, again in perfect analogy with Kirchhoff’s voltage law. On 
the other hand, equation [4.13] indicates that the hydraulic resistance is a function of 
both channel width and length (channel height is defined by the thickness of the dry 
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photoresist (DPR)). The final shape of the microfluidic device was defined after COMSOL 
Multiphysics® optimisation simulations. 

More specifically, using the resulting hydraulic resistances channel widths and lengths 
were defined based on the technology limitations (minimum feature size, MFS). The de-
sired pressure-drop along the unit cell to mitigate the interfacing challenges was an addi-
tional constraint. The initial topology of the device was constrained by geometrical factors 
to facilitate the cascade design and minimise the footprint of the device, as much as 
possible. The initial geometry was designed using a parametric 3D CAD software (SOLID-
WORKS®) [167] while COMSOL Multiphysics® [133] was used for the 3D modelling, sim-
ulation and optimisation of the proposed designs. The numerical model included laminar 
flow and transport of diluted species models and was solved in a sequential, coupled 
manner, as shown in previous chapter. The spacial discretisation was adjusted adequately 
to acquire a mesh independent solution with respect to inlet pressure and outlet mixing 
efficiency. An automated iterative simulation methodology was employed where the par-
ametric 3D model was transferred to the simulation software, that after deriving a con-
verged solution of the flow and pressure field, amended the geometry parameters of the 
model feeding back the results to the 3D CAD software. This loop was repeated several 
times until the following two constrains were fulfilled:  

1. the need to maintain the flow rates presented in Figure 5.10b and Figure 5.11b at 
the inlets and outlets of the system 

2. the constraint that the absolute average pressure difference between inlets A and B 
should be less than 0.01 Pa. 

Both optimised designs (the balanced unit cell shown in Figure 5.10 and the 2-stage 
serial diluter in Figure 5.11) were transferred to Altium Designer [168], a commercially 
available software used for PCB design. The produced standard Gerber files were then 
submitted to the industrial PCB manufacturer, Newbury Electronics Ltd. for device fab-
rication. 

The employed simulation models are describe in detail in chapters 4.3.1 and 4.3.2, while 
the mixing efficiency of the device was calculated according to equation [4.17]. 

Briefly, the laminar incompressible steady state flow model has been used, since the 
studied volumetric flow rates along the microchannel was between 0.2 and 0.8 μL/min. 
The medium flowing through the channel via both inlets was selected to be water at 20°C. 
Considering the kinematic viscosity of the fluid, such flow rates have Reynolds number 
within the laminar range (Re<<1000). The model takes into consideration mass and 
momentum conservation equations for steady state incompressible flow, where gravita-
tional effects are neglected. Equations [4.14] and [4.15] can be seen in chapter 4.3.1. A 
parabolic velocity profile of fully developed laminar flow was formed over the two inlets. 
No-slip velocity on the channel walls was used as a boundary condition. The dilution 
networks were numerically investigated for the following flow rates: 0.2 μL/min, 
0.4 μL/min, 0.6 μL/min and 0.8 μL/min. 

The concentration-based advection-diffusion model of COMSOL Multiphysics® was em-
ployed for mixing efficiency studies. The mass balance equation describing the steady-
state problem is described by equation [4.16]. The concentration of diluted species over 
inlets A and B, in both designs, was set equal to 0.00 and 1.00 mol/L, respectively, i.e. 
CA= 0.00 mol/L and CB = 1.00 mol/L. At this point, it should be noted that any corre-
lation between the fluid kinematic viscosity or density and the glucose concentration was 
neglected.  
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Throughout the literature several micromixer performance quantification methods are 
proposed [59, 142, 143]. Since adequate mixing is defined as the homogeneity of the mixed 
components, the distribution of the concentration over the computational nodes of a flow 
cross-section can be used to evaluate the degree of mixing. Nguyen proposed the Mixing 
Efficiency (ME) [59] as a mixing quantification parameter with the mathematical expres-
sion describe in equation [4.17]. The concentration of fully mixed medium on the device 
outlets are in this case 𝑀𝑀1

�������=0.67 mol/L and 𝑀𝑀2
�������=0.44 mol/L. The ME has been calculated 

from the computational nodes of the outflow surface. 

 Pressure and flowrate balanced diluter design methodology: 
first approximation 

 
The first stage of the electrical network analogue of the microfluidic device illustrated 

in Figure 5.11b was used to define the required hydraulic resistances of the pressure and 
flow rate balanced modular unit cell. The network comprises 5 nodes (see Figure 5.11b 
positions 1 to 7) and 6 hydraulic resistances, R1-2 R2-3 R2-6 R4-3 R3-5 and R5-7. The desired 
DR of this unit cell has been selected to be equal to 2/3, while the nominal flowrate of 
the device was defined as 0.4μL/min after some iteration to facilitate sample formation 
at the outlets within a reasonable operating time (less than 3 minutes). Applying the 
mass conservation equation in nodes 2 and 3, gives: 

 
 𝑄𝑄3 = 𝑄𝑄1 − 𝑄𝑄5 [5.3] 
 𝑄𝑄4 = 𝑄𝑄1 + 𝑄𝑄5 [5.4] 

 
The flow rate balanced design satisfies the following 2 equations 
 
 𝑄𝑄1 = 𝑄𝑄2 [5.5] 
 𝑄𝑄6 = 𝑄𝑄4 − 𝑄𝑄3

[5.3],[5.4]
��������𝑄𝑄6 = 2 ∙𝑄𝑄5 

[5.6] 

 
The required dilution ratio (DR=2/3) complies with the following equation 
 

 𝑄𝑄5 = 𝑄𝑄1 ∙ �
1

𝐷𝐷𝑅𝑅
− 1� [5.7] 

 
From equations [5.3] to [5.7] with the desired device specifications (DR and nominal 

flow rate), all flowrates in the modular unit cell can be computed. The minimum feature 
size of this technology is 150μm (MFS=150 μm) due to the DPR technical specifications. 
Both inlet microchannels were initially assumed to have the same channel width equal to 
double the MFS, i.e. cw1-2 = cw4-3 = 2 MFS = 300 μm. The channel width of the mi-
crochannel between positions 2 and 3 was selected to be slightly wider than the MFS, 
cw2-3 =160 μm while its length was selected arbitrary as L2-3=2.5mm. The mixing channel 
between position 3 to 5 was selected to be wider than the inlet channels since the flowrate 
though it is 50% higher than the nominal flowrate (DR=2/3), cw3-5 =380 μm. equation 
[5.1] (see page 71) can be used as a rough estimate of the mixing zone channel length. 
The employed mixing length was increased by 30% as safety factor resulting in 58mm. 
The bypass diluent microchannel between positions 2 and 6 was defined with width 
cw3-5 =170 μm, while the outflow channel was selected initially to have a width of 300 



Electronic Materials & Devices Research Group  Zepler Institute 

Nikolaos-Sotirios Vasilakis  85  

μm as the device inlets. However, after the optimisation study the final width was defined 
to be 220μm, so that the resulting channel length facilitates the sampling position to be 
at certain distance from the dilution network (facilitating the device interfacing). 

The pressure and flowrate balanced design approach together with the requirement for 
low pressure drop is defined by the following two equations. The pressure magnitude was 
selected to be low enough to avoid interfacing challenges. The particular values were 
selected arbitrarily, while the pressure drop through the second stage was selected to be 
equal to the 1/10 of the pressure drop though the first stage: 

 
 𝛥𝛥1 = 𝛥𝛥4 = 110 𝛥𝛥𝑎𝑎 [5.8] 

 𝛥𝛥6 = 𝛥𝛥5 = 10 𝛥𝛥𝑎𝑎 [5.9] 
 

 
Using equation [4.13] the hydraulic resistances of branches R2-3 and R3-5 can be calcu-

lated. The four remaining hydraulic resistances (R1-2, R4-3, R2-5 and R5-7 can be deter-
mined after solving the following linear equations system. These equations are complying 
with the conservation of energy law along closed paths through microfluidic networks (in 
accordance with Kirchhoff’s voltage law). 

 
 𝑄𝑄1 ∙𝑅𝑅1−2 = 𝑄𝑄2 ∙𝑅𝑅4−3 − 𝑄𝑄5 ∙𝑅𝑅2−3 [5.10] 

 
 𝑄𝑄3 ∙𝑅𝑅2−6 = 𝑄𝑄5 ∙𝑅𝑅2−3 + 𝑄𝑄4 ∙𝑅𝑅3−5 [5.11] 

 
 𝛥𝛥1 − 𝛥𝛥7 = 𝑄𝑄2 ∙𝑅𝑅4−3 + 𝑄𝑄4 ∙𝑅𝑅3−5 + 𝑄𝑄6 ∙𝑅𝑅5−7 [5.12] 

 
 𝛥𝛥1 − 𝛥𝛥6 = 𝑄𝑄1 ∙𝑅𝑅1−2 + 𝑄𝑄3 ∙𝑅𝑅2−6 [5.13] 

 
This methodology can be applied to design pressure and flowrate balanced modular 

unit cells of various dilution ratios by amending the DR parameter. The hydraulic network 
illustrated in Figure 5.10b can be designed in the same way if the hydraulic resistance 
R5-7 equals zero. 

After obtaining the values of the hydraulic resistances, using equation the microchannel 
lengths can be calculated. A simple Mathematica script was employed for the solution of 
the system shown in equations [5.10] to [5.13] and the computation of the various hydrau-
lic resistances and microchannel lengths. Mathematica numerical results from the first 
cut approximation method are shown later together with COMSOL optimisation results. 

 Simulation and optimisation 
 
The unit-cell 
 
Figure 5.12 summarises the computational results of the device dilution performance 

when the flow rate through both inlets (A and B) equals 0.4 μL/min. This is the nominal 
flow rate of the device that offers sufficient time for the diluted sample to be formed at 
the device outlet (less than 3 minutes, since the optimised unit cell volume is 2.32 μL), 
i.e. steady state. The concentration field in Figure 5.12a verifies that the 6 double-loop 
micromixing channel has adequate length to achieve uniform mixing at the device outlet. 
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Further refinement of the computational results is presented in Figure 5.12b and c. Figure 
5.12b shows details around the merger point 3 where iso-concentration curves of diluted 
species with concentrations between 0 mol/L and 1.0 mol/L and step of 0.05 mol/L. 
Likewise, Figure 5.12c illustrates the iso-concentration curves of diluted species between 
0.660 and 0.680 mol/L with a step of 0.002 mol/L along the 3rd, 4th and 5th double-loop 
microchannel, i.e. a finer range around the expected theoretical value (i.e. 0.667 mol/L). 

 

 

Figure 5.12: Pressure and flow rate balanced unit cell simulation results on the device 
symmetry x-y plane (z = 32 μm) a) concentration field overview b) iso-concentration 
lines at the merging point c) iso-concentration lines before the outlet of the mixing zone. 

The iso-concentration lines in Figure 5.12b highlight that the two flow streams (sample 
and diluent) form a diffusion interfacial plane at approximately 2/3 of the microchannel 
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width. After the merging point 3, the first 5 double loops of the mixing zone (as depicted 
in Figure 5.12c) result in a concentration field within a 0.002 mol/L values range between 
0.666 and 0.668 mol/L. 

In Figure 5.13b the concentration field at the outflow surface for inlet flow rates of 
0.2 μL/min, 0.4 μL/min, 0.6 μL/min and 0.8 μL/min is shown. The grid represents the 
spatial discretisation applied at the outflow surface. The ME is also reported for every 
instance proving that the optimised design generates uniformly mixed diluted sample at 
the nominal flow rate of 0.4 μL/min. For a lower flow rate (0.2 μL/min) the ME is iden-
tical (0.9984). 

 

 

Figure 5.13: Pressure and flow rate balanced unit cell simulation results. a) iso-pressure 
lines b) concentration field on the outlet C surface for various flow rates 

In addition, the table presented in Figure 5.13a, shows the pressure at the inlet surfaces 
for various flow rates, while the iso-pressure lines along the unit cell illustrate the positions 
experiencing equal pressure values. The pressure balanced optimised design results in 
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equal pressure formation on both inlets for every simulated flow rate. Specifically, inlet 
flow rate of 4 μL/min through both inlets generates a pressure on both inlets of 82.5 Pa 
or 8.4 mm H2O (mm water column), a pressure that can be easily provided by “burst 
blister” packaging. Furthermore, the pressure created on both inlet surfaces increases in 
proportion to the flow rate. Consequently, this design offers dilution rate performance 
that is tolerant of flow source instabilities, e.g. syringe-pump-induced fluctuation [169]. 
However, as indicated in Figure 5.13b for flow rates higher than 0.6 μL/min the ME 
drops (ME= 0.9838 for QA,B= 0.8 μL/min). 

 
The 2-stage serial diluter 
 
The optimised unit cell presented in Figure 5.10 can be considered as the fundamental 

design of a modular unit cell, the building block for multistage serial dilution networks. 
Figure 5.11 includes the resulting pressure and flow rate balanced 2-stage serial diluter 
after optimisation. The highlighted microfluidic network in Figure 5.11a is the modular 
unit cell that can be cascaded to form an n-stage serial dilution network as illustrated by 
the analogous electric circuit in Figure 5.11b. 

In Figure 5.14a the computational results can be seen for the dilution performance 
when the nominal flow rate (0.4 μL/min) is applied through both inlets (A and B). The 
volume of the PCB-based 2-stage diluter is 3.87 μL and consequently less than 5 minutes 
are required to generate the two diluted sample concentrations (i.e. C1= 2/3 CB and 
C2= 2/3 C1). In order to minimise the device footprint (105 x 8 mm2) the 2nd stage 
mixing zone (between point 3’ and 5’) comprises a 3 double-loop microchannel. As de-
picted in Figure 5.14a such micromixing channel results in a uniformly mixed diluted 
sample at the C2 device outlet. Figure 5.14b and c show the iso-concentration curves of 
diluted species (glucose molecules) in water with concentrations between 0.00 mol/L and 
1.00 mol/L with a step of 0.05 mol/L as they are formed after Stage 1 and Stage 2, 
merging points 3 and 3’ respectively. Similar to Figure 5.12b, the iso-concentration lines 
in Figure 5.14b and c show that the two flow streams (sample and diluent) form a diffusion 
interfacial plane at around the 2/3 of the microchannel width. 

Finally, Figure 5.15a shows the pressure drop along the 2-stage diluter, while Figure 
5.15b i to iv illustrate the concentration field on the surface of outlets C1 and C2 for inlet 
flow rates 0.2 μL/min, 0.4 μL/min, 0.6 μL/min and 0.8 μL/min. Additionally, the in-
clusive table of Figure 5.15a summarises the computational results for the pressure on the 
inlet surfaces for the various flow rates. The iso-pressure lines in Figure 5.15a along the 
2-stage diluter visualise the positions where the pressure level is the same. Evidently, the 
optimised 2-stage design results in equal pressure on both inlets for every flow rate. It 
was computed that pressure equal to 109.8 Pa is required to achieve the nominal inlet 
flow rate (0.4 μL/min) through both inlets. Due to the design optimisation objectives, if 
the applied pressure on both inlet surfaces increases, the flow rate increases proportionally 
while the generated diluted samples concentrations (C1 and C2) remain unaffected. 
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Figure 5.14: Pressure and flow rate balanced 2-stage serial diluter simulation results on 
the device symmetry x-y plane (z=32 μm) a) concentration field overview b) iso-concen-
tration lines at the Stage 1 merging point c) iso-concentration lines at the Stage 2 merging 
point 

However, for flow rates higher than 0.6 μL/min the ME drops, resulting in a non-
uniform diluted sample concentration. Consequently, the dilution ratio is affected for both 
outlets. In detail, for the case of 0.8 μL/min inlet flow rate, the resulting C1 outlet sample 
concentration is C1= 0.68 mol/L. Thus, the generated dilution ratio is 0.68 instead of 
0.67, which is the design dilution ratio of both stages (C1= 2/3 CB or 0.67 CB). This 
minor deviation is attributed to the fact that the sampling microchannel (see Figure 5.11a, 
between pos. 5 to 7) at position 5 is placed on the same side as the sample inlet (inlet B). 
Consequently, the non-uniformly generated diluted sample gives a higher concentration 
on the inlet B side. The 2nd Stage is provided with lower concentration inlet sample and 
the diluted sample through outlet C2 presents lower concentration (i.e. C2= 0.43 mol/L 

instead of 0.44 mol/L in case of nominal inlet flow rate). 
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Figure 5.15: Pressure and flow rate balanced 2-Stage serial diluter simulation results. a) 
iso-pressure surfaces b) concentration field on the outlets C1 and C2 surface for various 
flow rates. 

In Table 5.2, columns 2 and 3, we summarise the results of the “first-cut” approximation 
numerical simulation based on the Mathematica code. These microchannel lengths are 
not the final, fabricated ones. These values were used to define an initial design of the 
network that was then used in an automated optimisation study using Solidworks and 
COMSOL Multiphysics in a coupled manner. The final geometrical parameters of the 
modular unit cell (Table 9, columns 4 and 5) were used for the fabricated and character-
ised devices that will be presented later. To compare the analytical calculations based on 
equations [5.1],[5.2],[4.13] (where Rch in equation [5.2] is considered to be equal to Rrect as 
calculated using [4.13]) and [5.3] to [5.13] with the “first-cut” approximation numerical 
simulation, we used the optimised microchannel widths (Table 5.2, column 4) and the 
resulting pressure values of the simulation results as input to solve the system of equations. 
Table 5.2, column 6 presents the obtained microchannel lengths from Mathematica. Com-
paring the microchannel lengths in column 5 and 6 in Table 5.2, it can be seen that the 
first-cut approximation method in Mathematica is in good agreement with COMSOL. 
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Table 5.2: Modular pressure and flow rate balanced unit cell. Microfluidic network geo-
metrical parameters results. 

Chan-
nel 

Mathematica First cut  
approximation 

P1-P6 = 100 Pa, P1 = 110 Pa 

Comsol optimisation 
 results 

P1-P6 = 85.4 Pa,  
P1 = 109.8 Pa 

Mathematica 
Validation results 
P1-P6 = 85.4 Pa,  
P1 = 109.8 Pa 

Width cw 
[μm] 

Length L 
[mm] 

Width cw 
[μm] 

Length L 
optimiza-
tion study  

[mm] 

Length L 
validation calcu-

lations 
[mm] 

1-2 2 𝑀𝑀𝑀𝑀𝑀𝑀 = 300 𝜇𝜇𝜇𝜇 16.0 𝜇𝜇𝜇𝜇 2 𝑀𝑀𝑀𝑀𝑀𝑀
= 300𝜇𝜇𝜇𝜇 3.7 𝜇𝜇𝜇𝜇 3.4 𝜇𝜇𝜇𝜇 

4-3 2 𝑀𝑀𝑀𝑀𝑀𝑀 = 300 𝜇𝜇𝜇𝜇 18.7 𝜇𝜇𝜇𝜇 263 𝜇𝜇𝜇𝜇 5.4 𝜇𝜇𝜇𝜇 5.3 𝜇𝜇𝜇𝜇 

2-3 160 𝜇𝜇𝜇𝜇 2.5 𝜇𝜇𝜇𝜇 160 𝜇𝜇𝜇𝜇 2.5 𝜇𝜇𝜇𝜇 2.5 𝜇𝜇𝜇𝜇 

2-6 170 𝜇𝜇𝜇𝜇 69.0 𝜇𝜇𝜇𝜇 170 𝜇𝜇𝜇𝜇 67.5 𝜇𝜇𝜇𝜇 69.0 𝜇𝜇𝜇𝜇 

3-5 380 𝜇𝜇𝜇𝜇 57.9 𝜇𝜇𝜇𝜇 380 𝜇𝜇𝜇𝜇 57.9 𝜇𝜇𝜇𝜇 57.9 𝜇𝜇𝜇𝜇 

5-7 2 𝑀𝑀𝑀𝑀𝑀𝑀 = 300 𝜇𝜇𝜇𝜇 8.5 𝜇𝜇𝜇𝜇 220 𝜇𝜇𝜇𝜇 14.4 𝜇𝜇𝜇𝜇 14.5 𝜇𝜇𝜇𝜇 

 
Finally, Figure 5.16 summarises the resulting design rules of the modular pressure and 

flow rate balanced unit cell of Figure 5.10b for various dilution ratios, ranging from 2:3 
to 10:11, based on the Mathematica script. All the plotted solutions were derived with 
constant channel widths, equal to the computationally optimised ones (see Table 5.2 col-
umn 4). 

 

Figure 5.16: The design rules of the pressure and flow rate balanced modular unit cell 
showing the required microchannel lengths for various dilution ratios.Microchannel widths 
are kept the same as the optimised modular unit cell generating dilution ratio 2:3. (figure 
made by K.I. Papadimitriou employing a bespoke MATLAB code) 

Dilution Ratio

Channel 1-2
Channel 2-3
Channel 3-4
Channel 2-6
Channel 3-5
Channel 5-7
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 PCB based serial diluter prototype fabrication  
 
The commercially fabricated devices comprise a standard FR-4 sheet and a 64 μm 

thick DPR, patterned using the standard lithography process employed in commercial 
PCB manufacturing technology. Figure 5.17 illustrates the in house post-processing of the 
final device which comprises the PCB based microfluidic layer on the bottom (FR-4 and 
DPR) and two additional layers of polymethyl methacrylate (PMMA) to create the mi-
crofluidics interface. The devices were sealed using polyethylene terephthalate (PET) seal-
ing film (50 μm thickness, PET, VWR ® Polyester Sealing Films for ELISA). After open-
ing sample inlet and outlet holes on the PET film using a CO2 laser cutter (Epilog Mini 
24 Legend Laser System, USA), both the PCB microfluidic network and the PET film 
were placed in a pouch laminator (60 °C, lamination speed around 4 mm/s). Then the 
first PMMA interface layer (Figure 5.17, DS1 and PMMA 1) was created. A double-sided 
adhesive 130 μm thick film (3M™ High Performance Acrylic Adhesive 200MP) was lam-
inated on a 3 mm thick PMMA sheet (room temperature, lamination speed around 
4 mm/s). Inlet and outlet ports were opened using again the laser cutter. Subsequently, 
both the sealed microfluidic device and the first interface layer were aligned and 40 kPa 
pressure applied for 1h to bond the two components together. The second interface layer 
was fabricated similarly. After opening the inlet ports and the outlet wells (laser cutter 
machining) the inlet ports were threaded for interfacing with commercial connectors. 

 

 

Figure 5.17: PCB based prototype fabrication: Exploded view presenting the various 
PMMA and PET layers used to interface the PCB fabricated prototype with the required 
tubing for the dilution performance characterisation experiments. Both outlets C and D 
supply the two wells with diluted sample and bypassing diluent respectively. 

Figure 5.18a shows the experimental setup with one syringe pump to drive both diluent 
and sample through the 2-stage PCB serial diluter, while Figure 5.18b shows the top view 
of the prototype device. More specifically, Figure 5.18b shows that the three outlets of 
the 2-stage PCB diluter (i.e. C1, C2 and D) are driving the samples filling three wells 
formed in the PMMA sheet. The area of the three wells was designed to have the same 
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ratio as the flow rate ratio through the three outlets to maintain equal pressure on the 
device outlets. 

 

 

Figure 5.18: 2-stage PCB serial diluter prototype. The experimental setup a) The proto-
typed 2-stage PCB diluter during performance validation experiment b) top view of the 
device c) design used for the prototype fabrication. 

 Experimental performance and validation 
 
The device dilution ratio performance was validated using a commercial glucose meter 

(Accu-Check® Aviva). In detail, 0.1 M Phosphate-buffered saline (PBS) (inlet A) and 
15 mM glucose (Sigma-Aldrich) in PBS (inlet B) were prepared as diluent and sample 
solutions, respectively. A syringe pump with two 200 μL syringes supplied the 2-stage 
PCB serial diluter inlets with sample and diluent solution maintaining the flow rate 
through both inlets equal and constant. Two different flow rates were applied, i.e. 
0.2 μL/min and 0.4 μL/min. Each of the generated diluted samples (C1 and C2) was 
measured three times. In Figure 5.19 the statistically analysed dilution ratio measure-
ments are presented (rectangular and triangle marks for the two applied flow rates), while 
the design relevant triangular mark pointing downwards is provided for comparison. 

A highlighted area marking the acceptable measurement error due to the glucose meter 
accuracy (±10%) is also provided. The average measured dilution ratio is presented for 
the different device outlets. The error bars indicate the standard deviations for each meas-
ured sample. In the case of the 0.2 μL/min inlet flow rate, the 1st and 2nd stage dilution 
ratio was found to be equal to 0.65 ± 0.02 and 0.46 ± 0.01, in good agreement with the 
design values, taking also into consideration the glucose meter accuracy. Likewise, for the 
nominal flow rate (0.4 μL/min) the dilution ratio performance of both stages was found 
equal to 0.70 ± 0.01 and 0.43 ± 0.01, respectively. 
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The sampling point 5 (see Figure 5.11a) is on the same side as inlet B (point 4). If the 
flowrate through the micromixing zone (between point 3 and 5) is higher than assumed 
in the design calculations (Q4 = Q1/DR = 0.6 μL/min) the microchannel length does not 
allow for uniform mixing of sample and diluent. In parallel, inlet B is used as sample inlet 
and consequently, the sample stream flowing along the sidewall of the micromixing zone 
(that is on the same side with the sampling channel, branch 5 to 7 in Figure 5.11) is not 
fully diluted. Therefore, the liquid flowing through the outlet C1 is expected to have 
higher concentration than designed. The table in Figure 5.15a shows that for the case of 
QA, QB=0.8μL/min, the resulting concentration in outlet C1 is 0.68mol/L instead of the 
0.67mol/L. Additional experiments with higher flow rates (i.e. 0.8 μL/min) resulted in 
dilution performance outside the design values, as predicted by the simulation results 
shown in Figure 5.15. 

 
 

 

Figure 5.19: Dilution ratio validation of the 2-stage PCB prototype using commercial 
Accu-Check® glucose meter. The solid marks represent the dilution performance under 
0.4 and 0.2 μL/min flow rate concentration measurements.   

5.4 PCB based active diluter 
 
Based on the pressure and flowrate balance unit cell optimised design (see Figure 5.10) 

an alternative solution to generate various diluted samples without forming a cascade 
microfluidic network was investigated. In detail, a computational study of a microfluidic 
device comprising the PCB based single stage dilution network combined with a power 
MOSFET acting as heating element while three two-wire interface digital temperature 
sensors are used as feedback for the control unit. An external control unit can be employed 
to control the dilution ratio of the device, by adjusting the voltage at the gate terminal 
of the transistor. The achieved high dilution ratio resolution is presented while the fully 
integrated manufactured PCB prototype combining microfluidics and functional electron-
ics on the same device is demonstrated. 
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Figure 5.20 illustrates a portable microfluidic diluter with a variable and actively con-
trolled dilution ratio suitable for PoC implementations, fabricated entirely using the de-
veloped LoPCB manufacturing technology by the same industrial PCB manufacturer. 
The microfluidic network (Figure 5.20a) comprising two inlets and two outlets has been 
designed (Figure 5.20d) and fabricated (Figure 5.20b, c and e), where the resulting dilu-
tion ratio can be thermally regulated using a power MOSFET as heating element (Figure 
5.20c). However, the actual performance of the fabricated device has not yet been char-
acterised experimentally and so it is subject to further studies. 

 

 

Figure 5.20: The PCB-based active control diluter. a) the diluter design with the heating 
element and the thermal insulation air gap. b) the equivalent electrical circuit. The man-
ufactured prototype c) the top layer comprising inlet and outlet VIAs, d) the bottom layer 
with integrated functional electronics e) a layout representation of the device f) bottom 
layer of the microfluidic side. 
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The design relies upon constant flow rate through both inlets, while the flow rate along 
the microchannel between positions 2 and 6 (see Figure 5.20 a) can be regulated by 
adjusting the MOSFET’s gate voltage (which consequently changes the MOSFETs case 
temperature). A dedicated digital temperature sensor is monitoring constantly the tem-
perature of the MOSFET. The temperature of the liquid flowing through the microchan-
nel underneath will increase while its dynamic viscosity will decrease, as the temperature 
of the MOSFET increases, resulting in higher flow rate for the same pressure drop. Hence, 
the dilution ratio of the device can be controlled dynamically. The design includes two 
additional temperature sensors for implementing the calorimetric flow sensing method 
between positions 2 and 6 (see Figure 5.20a). The calorimetric sensing method comprises 
two thermal sensors and one heating element. The temperature sensors are placed up-
stream and downstream of the heating element. A thermal profile around the heater is 
formed due to fluid flow while its asymmetry due to fluid flow direction can be detected. 
This method is used for flow velocity measurements [170]. 

Figure 5.20a illustrates the microfluidic dilution design. It consists of two inlets (A and 
B) and two outlets (C and D). The hydraulic resistance of the microfluidic network is 
designed so that if the heating element is disabled the resulting dilution ratio of the 
sample is 2:3, i.e. CC = 0.67 CB. However, the dynamic viscosity of aqueous solutions, 
employed as diluents in the biochemical assays, is a function of the temperature. More 
specifically as the temperature increases the dynamic viscosity decreases resulting in lower 
pressure drop for the same flow rate. Therefore, the electrical analogy presented in Figure 
5.20b illustrates the hydraulic resistance R2-6 of the microchannel between positions 2 and 
6 as variable. As the heating element temperature increases the temperature of the me-
dium flowing through the other microchannels is assumed to remain constant (room tem-
perature) and hence the hydraulic resistance of the respective microchannels is constant. 
The airgap between the microchannel pos. 2 to 6 and the micromixing zone (pos. 3 to 5) 
serves as thermal insulator mitigating the thermal distribution of the heating element. 

Uniform mixing of the diluted sample is imperative for the device efficiency, a rough 
estimation of the required mixing channel length is defined, considering the flow rate and 
diffusion coefficient constraints of the given application. The channel width and length of 
the micromixing zone is designed to ensure uniform mixing of the diluted sample at the 
outlet C as described in the precious chapter. The mixing mechanism due to the laminar 
flow dominance (Reynolds number <<100) is considered to be diffusion. 

The commercially manufactured prototype is presented in Figure 5.20c and d. The 
device has two temperature sensors below the inlet A and outlet D, i.e. Sensor 51 and 53 
respectively. An additional temperature sensor next to the heating element (Sensor 52) is 
integrated to enable monitoring and controlling its temperature. 

 Modelling and Simulation 
 
All simulations were performed using the COMSOL Multiphysics® software package. 

The 3D model of the design is presented in Figure 5.21 and consists of three layers, i.e. 
200 μm FR-4 (bottom layer), 65 μm patterned Dry Photoresist (microfluidic layer) and 
1.0 mm FR-4 (top layer). The top layer comprises 4 through holes to enable the fluidic 
interconnection of the device. The functional electronics are attached on the bottom layer. 
Hence the heating element (Figure 5.21b) and the two sensing pads are on the same 
surface (bottom layer) and have a distance of 200 μm from the microfluidic network. As 
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illustrated in Figure 5.20a the design includes the through airgap for the thermal insula-
tion of the sample mixing zone and thermally controlled diluent flow microchannel (posi-
tions 2 to 6). 

 

 

Figure 5.21: The simulated design. a) isometric view and a detail of the microfluidic 
network inlets d) bottom view. 

Three simulation models of COMSOL Multiphysics® were combined for the simulation 
studies, namely the laminar flow (see chapter 4.3.1), heat transfer and transport of diluted 
species (see chapter 4.3.2). The heat transfer model comprises the energy conservation 
equation [5.14] for steady state, neglecting viscous heating and pressure work and assum-
ing that the conductive flux is proportional to the temperature gradient. This model was 
applied in both, liquid and solid phase. 

 
 𝜌𝜌 𝑀𝑀𝑝𝑝 𝒖𝒖 ⋅ ∇𝑇𝑇 + ∇ ⋅ (−k∇𝑇𝑇) = 𝑄𝑄 [5.14] 

 
where �is the density of the medium, Cp the specific heat capacity at constant pressure in 
J/(kg K), u the velocity vector in m/s, T the absolute temperature in K and k the 
thermal conductivity in W/(m K). Q contains heat fluxes and sources in W/m3, e.g. 
external heat sources, convective heat flux etc. 

Both laminar flow and heat transfer model were solved in a fully coupled manner and 
the resulting converged solution was used as input for the concentration-based advection-
diffusion model, namely the transport of diluted species module. The concentration of 
diluted species through inlet A and B was considered as 0 and 1 mol/m3, respectively, i.e. 
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CA = 0 mol/m3 and CB = 1 mol/m3. About the employed diffusion coefficient, large bio-
logical molecules in water have a diffusion coefficient in the order of 10-10m2/sec [6, 26]. 

Regarding the boundary conditions of the simulation model, the fluid inlet velocity 
profile is considered as fully developed, the outlet velocity vectors are set to be normal to 
the surface, while the flow rate through both inlets is taken as 0.4 μL/min. The ambient 
temperature is 20°C and all the external surfaces of the device are considered as convective 
surfaces in contact with ambient air. Sample and diluent temperature inlet are 20°C while 
the sensing pads are considered are insulated surfaces. The resulting model consists of 9.2 
million tetrahedral elements in total where the microfluidic network is formed by 1 million 
elements. The used mesh was adapted so that a mesh independent solution was achieved 
with respect to the required device specifications, i.e. the dilution ratio. 

 Computational Study Results 
 
The results of a parametric computational study for various constant heater tempera-

tures between 20°C and 60°C with a step of 5°C is presented. Figure 5.22a to e illustrates 
both, the resulting isothermal surfaces in the device and the concentration field along the 
microfluidic network for the various heater temperatures. The isothermal surfaces shown 
are spaced in steps of 2.5°C 

 

 

Figure 5.22: Isothermal surfaces and concentration field of the simulated model. 
a) Theater 20°C, b) Theater 30°C, c) Theater 40°C, d) Theater 50°C, e) Theater 60°C  

Evidently the through airgap (see Figure 5.21) mitigates the heat transfer between the 
heating element and the micromixing zone. As a result, the diluted sample outlet in the 
most challenging case of the 60°C heater temperature rises only by 0.6°C with respect to 
the sample inlet temperature. Additionally, the heat dissipation (heat affected zone) in 
the device is confined around the heating element. Hence the initial hypothesis regarding 
the hydraulic resistance is confirmed. More specifically, the only temperature affected 
microfluidic region is the one between pos. 2 to 6 and thereafter the electrical analogy as 
shown in Figure 5.20b proposed is valid (R2-6 is modelled as a variable resistor). 
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The average temperatures on the sensing pads (located 200μm below the microfluidic 
network under the diluent inlet A and outlet D) are expected to be the measured tem-
peratures on the final device sensors. Figure 5.23 summarises the estimated difference 
between the two sensors as the heating element temperature increases. A linear correlation 
(slope = 0.307) between heating element and sensing temperature difference is observed. 
The overall calculated temperature difference is 12.42°C. Furthermore, the resulting sam-
ple dilution ratio correlates with the heater temperature also demonstrating a linear trend 
(slope 0.0022 1/K). The overall range of the diluter is between 0.667 to 0.756 (2:3 to 
about 3:4). 

The proposed system combines microfluidics and electronics in an embedded manner 
on a standard PCB. The miniaturised and power-efficient properties of the proposed sys-
tem make it an excellent candidate in PoC diagnostics applications, where both microflu-
idics and electronics are sought after. 

 

Figure 5.23: Temperature sensor difference and resulting dilution ratio against heating 
element temperature. 

Thus, the designed device offers a high-resolution regulation of the dilution ratio since 
low-cost digital temperature sensors with 0.06°C resolution are commercially available. 
Hence, the order of magnitude for the expected dilution rate resolution is about 10-4. 

 

5.5 Conclusion 
 
In this chapter a modular serial dilution unit cell was conceived, designed, optimised 

and fabricated, suitable for LoPCB platforms, offering both, pressure and flow rate bal-
ance. The PCB based unit cell performs 2:3 sample dilutions and was used to form a 2-
stage step wise serial dilution network generating two diluted samples (i.e. 2:3 and 4:9 
diluted inlet sample). The prototyped design comprising the modular unit cell was opti-
mised using COMSOL Multiphysics® with a laminar flow and diffusion-advection model. 
The final 2-stage PCB microfluidic device was fabricated using standard, commercially 
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available PCB manufacturing processes and the performance was validated experimen-
tally using glucose. Simulation results were in good agreement with measured results. 

If required, the modular serial dilution unit cell can be repeated in a cascaded manner 
to form multistage serial dilution networks of compact footprint (around 75 x 8 mm2 per 
stage), while the pressure and flow rate balanced capability minimises the number of flow 
sources. Both diluent and sample can be driven through the device using a single flow 
source. In detail, it can operate with a single pressure source (compressed air chamber or 
blister packaging) or a constant flow rate source (syringe pump). This allows the device 
to be used as part of a simple PoC test requiring serial dilutions for calibration. However, 
the trade-off for the modular pressure and flowrate balanced design is that the flowrate 
of diluted sample and diluent entering each subsequent stage is much lower than the 
previous, i.e. 𝐼𝐼1′  =  𝐼𝐼1�2 − 1

𝐷𝐷𝑅𝑅� resulting in extended time for the diluted samples to ap-
pear at the outlets. 

The low pressure required on both inlets (109.8 Pa or 11.2 mmH2O) ensures the above. 
In addition, the generated dilution ratios tolerate flow source instabilities, since the dilu-
tion ratio remains constant as long as the nominal flow rate or inlet pressure is not ex-
ceeded. More specifically, the novelty of the proposed design lies in the fact that the effect 
of flow-source-induced fluctuations (due to interfacing tubing, syringe-pump-induced fluc-
tuations etc.) on the generated mixing ratio will be mitigated, due to the pressure and 
flow rate balance property. 

Taking all the above into consideration, the proposed design could be an ideal candidate 
for affordable PoC tests relying on quantitative assays, where, for example, serial dilutions 
of a known sample concentration are required so that a standard curve can be used as a 
reference. The modular unit cell can be cascaded for more complicated multistage serial 
dilution network applications and is highly compatible with PCB-based biosensors and 
electronic components, allowing for the monolithic integration of all of them on PCB, 
once a complete LoPCB platform for quantitative PoC medical diagnostic tests is sought 
after. 

A thermally regulated dilution approach by solely leveraging the PCB manufacturing 
technologies was investigated. The demonstrated prototype benefits of high integration 
between microfluidics and functional electronics. The simulated design rendered an overall 
dilution ratio range between 2:3 to 3:4. The final device is expected to present a high 
dilution ratio resolution (10-4). Moreover, a linear correlation between the dilution ratio 
and the temperature difference amongst the sensors is observed based on the computa-
tional studies, highlighting an accurately consolable dilution ratio. The device comprises 
only one simple microfluidic network with two inlets and two outlets and can provide any 
PoC medical diagnostic device with several diluted samples around the desired concen-
tration without any additional outlet, as opposed to the stepwise serial diluters proposed 
through the literature which require one outlet per diluted concentration increasing the 
complexity of the application. 
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6 Equipping the Lab-on-PCB technology with 
passive microfluidics 

6.1 Introduction 
 
A major driver behind the development of microfluidic devices is to perform complex 

biological and chemical processes and measurements rapidly and efficiently with minia-
turised devices [4]. Over the last 15 years, microfluidic devices based on polymers and 
paper materials have been developed, setting new standards for affordable, easily dispos-
able, and versatile inexpensive medical diagnostic platforms [5, 7, 9, 10]. Microfluidic PoC 
devices have been developed [11-13], demonstrating in many cases a sample-to-answer 
capability [14]. However, developing PoC tests that perform multiple functions in a mon-
olithic manner, while meeting the “ASSURED” criteria [15] remains a challenge [14, 16]. 
The key for a successful PoC device is integration of microfluidics, detection and signal 
processing in one platform. However, pressure driven devices require pumps and fluids 
interfacing increasing the complexity of the device violating the ASSURED criteria. 
Therefore, devices comprising passive driven microfluidic components demonstrate a ma-
jor advantage. In this chapter we present: 

1. the developed fabrication technique to achieve long-lasting hydrophilic proper-
ties of FR-4, the PCB technology core material, employing O2 plasma treatment 
thus delivering channels with different capillary flow characteristics. 

2. a key component of the LoPCB technology, which is a capillary pump that 
exploits the superhydrophilic properties of the O2 plasma treated FR-4. The 
micro-pump is based on micropillar arrays and provides accurate and tunable 
control of fluid flow across a wide range of flow rates.  

The fabrication process is based on the well-established PCB manufacturing technology. 
The capillary pumps are fabricated and tested, and their potential for integration into 
PoC diagnostic platforms is discussed. 

6.2 Long-lasting FR-4 surface hydrophilisation 
 
Microfluidic devices fabricated exclusively by commercially available PCB techniques 

require pumps for fluidic manipulation until now. Passive capillary fill systems require 
some form of stable surface modification process that produces a hydrophilic FR-4 core. 
Previous studies have shown how oxygen plasma treatment on FR-4 can improve the 
adhesion strength of underfills [171] or wire bonding [172]. 

Since oxygen plasma treatment is a widely used, well-known, and cost effective method 
to render polymer substrates hydrophilic [173, 174], in this chapter we explore its appli-
cation in fabricating passive FR-4 based microfluidic channels. The effect of oxygen 
plasma treatment on the properties of FR-4 surfaces for different input power and treat-
ment times was investigated. As long-lasting hydrophilic behaviour is a vital requirement 
for operational devices, the recovery behaviour of the surface was also studied. The opti-
mal oxygen plasma parameters were used to treat a commercially manufactured PCB 
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microfluidic network and successful hydrophilic modification of the microchannels was 
demonstrated. 

 Contact angle measurements 
 
The static contact angle (CA) was measured on sessile deionized (DI) water 3 μL drop-

lets, engaged gradually on level FR-4 (Flame Retardant 4) surfaces. A Drop Shape Anal-
ysis System (DSA 30 Kruss Co., Germany) was employed for CA calculation from cap-
tured images. A polynomial function was fitted to the two 3-phase sections of the profile 
in the region of the baseline. The slope of the polynomial function at the 3-phase contact 
points determines the contact angle and two contact angles on the left (�L) and right (�R) 
side of the droplet were evaluated. Every measurement was repeated three times and the 
average value was calculated. 

All measurements were taken at the centre of the FR-4 substrates under constant and 
controlled laboratory conditions. The wettability of each sample was evaluated at the 
same position before treatment, immediately after treatment and systematically once 
every day to further investigate surface characteristics as a function of time. Results were 
classified on the basis of contact angle, taking into account recent published recommen-
dations summarised in Table 6.1[175]. 

Table 6.1: Hydrophilicity and hydrophobicity classification of solid surfaces according to 
the contact angle. 

 Type of surface contact angle CA (deg) 

Superhydrophilic 
(rough surface r* > 1), Hydrophilic 

≈0°, < 5° 

Weakly hydrophilic 0°~ 5° < � < (56 ~ 65°) 

Weakly hydrophobic (56 ~ 65°) < � < 90° 

Hydrophobic 90° < � < 120° 

Superhydrophobic  
(rough surface r* > 1) 

� > 150° 

* r : ratio of the true solid surface area to the apparent area  
 

 Oxygen plasma treatment and hydrophilisation 
 
Oxygen plasma treatment was performed with a Diener Femto (Diener Electronic, Ger-

many) capacitively coupled plasma reactor. The radio-frequency (RF) power supply was 
operated at 13.56 MHz and the oxygen gas flow rate was 81 standard cubic centimetres 
per minute (sccm) under 100 kPa pressure. The maximum achievable input power in this 
particular plasma reactor was 100 W. All samples were treated with varying input power 
(P) and treatment time (tt). Before every treatment the matching network was tuned 
manually to maintain the reflected power below 2% and to maximize the forward power 
(98% in case of input power 100 W). 
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Oxygen plasma assisted surface modifications were performed on commercially availa-
ble FR-4 substrates, supplied by Newbury Electronics Ltd. No mechanical post-treatment 
was employed to reduce intrinsic surface roughness. 

The PCB microfluidic structures studied consist of a 3-layer FR-4 stack, illustrated in 
Figure 6.1a to c. It comprises two 500 μm thick FR-4 core layers (Layer 2 and 3) and a 
thinner 200 μm thick FR-4 core (Layer 1), allowing optical inspection of the microfluidic 
channels. The two top layers (Layer 2 and 3) are formed following standard electronic 
PCB fabrication (mechanical drilling of vias, copper pattern definition and via electroless 
copper plating).  

The fluidic delivery network layer on the bottom is formed on the thin FR-4 core (Layer 
1) by laminating a 51 μm photo-patternable negative dry photoresist (DuPont, PC1020), 
routinely utilised as a standard copper etch mask by PCB manufacturers. The microfluidic 
channels were patterned using a laser direct imaging (Limata, UV-P300 LDI) system. 

The microfluidic chip features several variations of the design (minimum feature 
size = 150 μm). The basic design consists of a 3.1 mm long microchannel (Layer 1) 
connected in series with three pairs of concentric vias (Layer 2 and 3), stacked one on top 
of the other. The Layer 3 vias serve as channel inlets and outlets. 

Each layer was patterned according to the respective CAD design and the patterned 
layers were bonded together to form the final stack via a pressure/temperature bonding 
press. Subsequently, individual chips were separated from large panels. 

 

 

Figure 6.1: Commercially manufactured microfluidic PCB design:. a) Cross-sectional view. 
V1 (Ø 500 μm) is the inlet of the device and V2, V3 (Ø 500 μm) are the outlets. V4, V5 
and V6 (Ø 1200 μm) b) 3D exploded view diagram of the structure c) 3D cross-sectional 
detail view of the middle via V2 and V5 

It is evident throughout the literature that oxygen plasma treatment acts chemically 
by oxidising the polymer surface. X-ray Photoelectron Spectroscopy (XPS) measurements 
reveal that oxygen content on the surface is increased, carbon content is depleted while 
oxygen functional groups are formed such as carbonyl (-C=O), carboxyl (-COOH) and 
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carbonate (CO3) [171, 176-178]. The appearance of functional groups increases the surface 
free energy of the material. 

Changes in the surface free energy (SFE) of a solid affects its wetting behaviour. In 
essence, high SFE solids are hydrophilic and tend to promote wetting, while low SFE 
solids have a hydrophobic behaviour. The contact angle method is widely used to charac-
terize the wettability of a solid surface. Previous studies reported that oxygen plasma 
treatment of the FR-4 surface improves the C–O and carbonyl (C=O) ratios and decreases 
the root mean square (RMS) roughness. Consequently, the measured contact angles were 
decreased by the increased total surface energy as well as the creation of new binding 
states by the plasma treatment [171]. 

However, the rendered hydrophilicity by the oxygen plasma treatment is subject to 
aging effects causing hydrophobic recovery of the treated surface. Ageing effects can be 
attributed to a thermodynamically driven reorientation of the oxygen functional groups 
away from the surface into the sub-surface and the decay of these hydrophilic groups by 
atmospheric contaminants [178-180]. 

Plasma treated PDMS is the most popular substrate utilised for microfluidic device 
development. However, the retention of the oxygen plasma rendered hydrophilicity cannot 
exceed a 7-day period if stored in air [181, 182]. Therefore, in this work a hydrophilicity 
retention period of several weeks is considered as long-lasting surface modification, re-
garding applications in microfluidic channels. 

The contact angle of DI water on plain FR-4 surfaces was first measured prior to any 
treatment and found to be 118.3±3.4° (Figure 6.2(a)). 

 

 

Figure 6.2: 3μL DI water droplets on FR-4 surfaces   
a) untreated, θL and θR are the contact angles on the left and right droplet side respectively 
b) oxygen plasma (P=100 W, tt=2 min) treated (t1=2 sec after droplet attachment), and 
c) oxygen plasma (P=100 W, tt=2 min) treated (t2=10 sec after droplet attachment). 

An initial oxygen plasma treatment was performed on these untreated surfaces (P=100 
W, tt=2 and 20 min) in order to investigate the possibility of making them more hydro-
philic. The contact angle was measured immediately after plasma treatment. Figure 6.2(b) 
and (c) depict a representative DI water droplet spreading on the FR-4 surface after 2 
sec and 10 sec respectively (plasma treatment P=100 W, tt=2 min). As shown, the contact 
angle is almost 0°, hence it can be deduced that O2 plasma treatment changes the hydro-
phobic FR-4 surface to super-hydrophilic. 
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It is well known that roughness has a strong influence on wettability of surfaces [183]. 
Previous studies demonstrated a decrease as an effect of O2 plasma treatment on the FR-4 
surface [171]. 

The aim is to produce passive hydrophilic devices. Therefore, the time course of the 
recovery of the original surface properties is important. Hence, contact angle measure-
ments were made on the treated samples for a period of 28 days. The sample exposed for 
2 min became weakly hydrophilic after 5 days, with a CA greater than 5° (Figure 6.3)  

In contrast, treating the surface for 20 min led to the superhydrophilic regime that 
remained even after 12 days (apparent CA <5°) (Figure 6.3). Since retention of hydro-
philicity seems to depend on plasma treatment conditions, the next step was to define the 
optimum O2 plasma treatment conditions that result in the lowest possible change in 
contact angle over time. 

 

 

Figure 6.3: Contact angle measurements for 14 days after oxygen plasma treatment as a 
function of ageing time. Plasma input power P=100 W and duration: • (red) tt=2 min, ■ 
(black) tt=20 min 

 Oxygen plasma input power 
 
First the effect of oxygen plasma power density on the surface wettability was studied. 

Three different input power values (P=50 W, 75 W, 100 W) were investigated, for treat-
ment times (tt) of 2 min and 20 min. The average measured contact angle on the 6 un-
treated FR-4 surfaces was 118.3±2.7° (the error in this case, and subsequently is the 95% 
confidence interval). Immediately after plasma treatment all the samples became super-
hydrophilic (apparent CA≈0°). The samples were subsequently measured daily for a 14-
day period. 
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As expected, the highest plasma input power (P=100 W) results in a hydrophilic sur-
face that retains its characteristics longest (CA=7.9±2,2° for tt=20 min and 
CA=27.1±0.8° for tt=2 min), (Figure 6.4(a)). Moreover, the CA appears to decrease lin-
early with input power P for the shorter treatment times (tt=2 min). 

 

Figure 6.4: Contact angle measurements on the 14th day after oxygen-plasma treatment. 
a) Measured contact angles vs. different oxygen plasma input power (P) for durations (tt) 
of 2 and 20 minutes; 
b) P=50 W, tt=2 min; c) P=50 W, tt=20 min 
d) P=75 W, tt=2 min; e) P=75 W, tt=20 min 
f) P=100 W, tt=2 min; g) P=100 W, tt=20 min 

 
Treatment time seems to be as important as input power for the 100 W case. For the 

lower input power used the hydrophilic properties are almost the same 14 days after 
treatment. The highest plasma input power (P=100 W) combined with the extended 
treatment duration time (tt=20 min) leads to the most pronounced retained hydrophilic 
behaviour on the 14th day (CA=7.9±2.2°). 

 Oxygen plasma duration effect 
 
The effect of oxygen plasma treatment time on the hydrophilicity retention time of FR-

4 was examined in more detail. A batch of four samples was modified by oxygen plasma 
at the previously determined optimum input power (P=100 W). Before surface modifica-
tion the average contact angle of the four samples was 119.5±5.2°. Immediately after the 
plasma treatment all samples exhibited extreme hydrophilicity (CA≈0°), as observed pre-
viously. 

Figure 6.5 shows the surface wettability of the samples on day 14. A clear trend is 
observed where the contact angle decreases with increasing treatment time. The sample 
treated for tt=20 min at P=100 W maintains a strong affinity to water even 14 days after 
plasma exposure, with a contact angle of 7.9±2.2°. On the contrary samples treated for 
2 min, 5 min and 10 min had a surface wettability within the weakly hydrophilic regime 
i.e. CA=27.1±0.8°, 16.9±1.7° and 14.6±1.6° respectively. 
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Figure 6.5: Contact angle measurements on the 14th day after oxygen-plasma treatment as 
a function of plasma treatment time (tt).  

 
Having defined the optimum oxygen plasma treatment conditions, a longer-term ageing 

study was performed to investigate the retention period of hydrophilicity induced by ox-
ygen plasma on FR-4 surfaces. Samples were oxygen plasma treated for 20 min at an 
input power 100 W. Subsequently contact angle measurements were performed daily for 
26 days. The results are plotted in Figure 6.6. 

 

Figure 6.6: Contact angle measurements for 26 days after oxygen plasma treatment as a 
function of ageing time. Plasma input power P =100 W and duration: 
• (red) tt = 2 min, ■ (blue) tt = 20 min. 
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Following the classification of surface wettability (Table 6.1), three retention periods 
can be identified, namely super-hydrophilic, weakly hydrophilic and weakly hydrophobic. 
The surface is super-hydrophilic for the first 13 days where the apparent contact angle is 
below 5° (CA≈0°). 

Afterwards the wettability enters the weakly hydrophilic regime. The duration of this 
period is again 13 days where the 26th day the measured sessile droplet contact angle is 
64.0±2.37°. Hence the hydrophilic retention period of the treated surface for 20 min under 
100 W input power can be considered as 26 days. However, shorter plasma treatment 
duration time (tt=2 min) with the same plasma intensity (P=100 W) results in long-
lasting (17 days) weakly hydrophilic behaviour, as illustrated in Figure 6.6 (•, red). 

According to the observations above, FR-4 laminates treated by oxygen plasma (P=100 
W, tt=20 min) exhibit long-lasting (26 days) weakly hydrophilic properties and for the 
first 13 days can be classified as super-hydrophilic. Consequently, this material could be 
used as substrate for passive microfluidic components. The post-treated microfluidic struc-
tures would be expected to remain hydrophilic for a sufficient period of time, owing to 
the FR-4 hydrophilicity retention presented. 

 Hydrophilisation of PCB microchannels 
 
In order to explore whether the specified oxygen plasma post-treatment could be used 

to produce passive PCB microfluidic structures, a basic microfluidic network was designed 
and manufactured in collaboration with Newbury Electronics Ltd, a UK based PCB in-
dustrial manufacturer. Figure 6.7(a) illustrates a cross-sectional schematic of the struc-
tures. The PCB microfluidics were delivered from the manufacturer and examined by 
attempting to fill them with DI water under capillary action. 

A 500μm thick blunt needle, maintained at a fixed distance (~400μm) from the channel 
inlet (to avoid any external pressure), supplied DI water droplets to the inlet. At the 
beginning a droplet starts to form in the centre of the inlet via 1 (Figure 6.7b) and by 
gradual expansion attaches to the internal wall (Figure 6.7c and d). As the size of the 
droplet increases and by the time its volume becomes larger than Via 1, the droplet enters 
the underlying VIA 4 (Figure 6.7e). On the bottom of VIA 4 the hydrophobic FR-4 
surface (which also serves as the microchannel bottom), meets a capillary barrier. The 
barrier is created by the hydrophobic surfaces of the microchannel walls and cannot be 
overcome by the low hydrostatic pressure of the expanding droplet itself (no external 
pressure applied). Figure 6.7f illustrates the droplet at the time (104 sec after start) when 
the two VIAs (VIA 1 and VIA 4) are fully filled. Afterwards water cannot flow through 
the microchannel and consequently, the droplet starts expanding out of VIA 1 as shown 
in Figure 6.7g. Therefore, commercially manufactured microfluidic structures on FR-4 
cannot be considered intrinsically passive, as expected, due to the inherent hydrophobic 
nature of FR-4. 
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Figure 6.7: Still images from the DI water-filling experiment on the manufactured PCB micro-
fluidic a) cross-sectional view of the PCB microfluidic structure device. b) to g) filling 
before plasma treatment, h) to m) after plasma treatment. 

The same, sealed PCB microfluidic structures were treated with the oxygen plasma 
(P=100 W, tt=20 min). After treatment the same sample was examined for passive filling, 
by repeating the previous experiment. The flow rate through the blunt needle was set to 
20 μL/min. Figure 6.7h and i illustrate the inlet filling procedure (VIA 1 and 4). By 
comparing Figure 6.7i and j in the area of VIA 2 it can be observed that VIA 2 in Figure 
6.7j was filled. The surface of the water reflects light and is visible in the middle of VIA 
2. This demonstrates that the DI water has moved through the microchannel connecting 
VIA 4 and 5. One second later (t=7 sec, Figure 6.7k), this water surface disappeared, 
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although the flow rate through the needle had not changed. Actually, the water level in 
VIA 2 dropped due to further water flow through the microchannel connecting VIA 5 and 
6. As a consequence, after 2 seconds (t=9 sec, Figure 6.7l) water level in both outlet VIAs 
(VIA 2 and 3) rose concurrently forming a meniscus. Figure 6.7m illustrates the formed 
meniscus in its greatest extent. 

The experiment was performed daily on structures of different size (VIA diameters and 
microchannel width) and the same behaviour was repeatedly observed. It is worth noting 
that even 26 days after plasma treatment, wide microchannel (500μm) structures could 
be successfully filled, and the water menisci appearing through the outlet VIAs were 
formed concurrently. Therefore, plasma treatment delivers PCB passive microfluidic chan-
nels, maintaining their hydrophilicity over 26 days. 

6.3 High‑performance PCB‑based capillary pumps 

 PCB‑based micropillar designs 
 
Capillary pumping is an elegant and useful method of moving liquids in passive micro-

fluidics [48]. The flow rate in these devices is design-dependent and controlled by the 
surface tension of the liquids, microchannel wall wettability and geometry (i.e. width, 
height and length) [184]. Several studies have exploited capillary forces for liquid trans-
portation within a microfluidic network. Juncker et al. reported an autonomous microflu-
idic capillary system transporting aliquots of different liquids from the inlets through a 
reaction chamber into the capillary pumping component comprising three microchannels 
[185]. The performance of this technology was enhanced by Zimmermann et al., who 
studied the effect of various capillary pumping structures [48], while more recently Madadi 
et al. optimised the shape of micropillars and studied the effect of the geometry of the 
pillar array [186]. Inspired by the previous studies on capillary driven pumps, a pumping 
technique to control fluid movement in a PCB Lab-on-Chip is developed. In the previous 
chapter was demonstrated that oxygen plasma (O2 plasma) treatment on FR-4 surfaces 
rendered the surface long-lastingly hydrophilic, with devices retaining superhydrophilicity 
for 13 days, and remaining weakly hydrophilic for another 13 days [187]. Plasma reactors 
are used as etching machines in standard PCB manufacturing processes and provide an 
environmental-friendly way of cleaning and etching PCBs [188]. Therefore, the developed 
devices are in alignment with the manufacturing processes that are currently applied in 
the PCB industry. 

Capillary pumps comprise either many parallel microchannels with a common inlet or 
micropillar array structures to provide the desirable capillary pressure. Micropillar struc-
tures are of greater interest, mainly due to the increased surface-to-volume ratio enhanc-
ing the capillary flow and their ability to minimize entrapped air [48]. Micropillar struc-
tures can be very versatile as well. By modifying a range of geometrical parameters, 
significant differences in the performance and accuracy of the pump can be achieved. The 
micropillar shape can be optimized to minimize flow resistance while the liquid filling 
front advances in the capillary pump. Moreover, the desired flow rate through the device 
can be tailored by introducing a microfluidic flow resistance at appropriate points. The 
flow properties of autonomous capillary systems were investigated by Zimmerman et al. 
for various micropillar shapes [48]. 
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In the work of Madadi et al., an extensive investigation of both the micropillar geometry 
and array topology on the hydraulic resistance was presented [186]. The authors examined 
a large variety of micropillar shapes and offered a detailed comparison between these, 
describing optimal architectures to ensure minimum flow resistances. Figure 6.8 illustrates 
two of these proposed architectures, i.e. a diamond (Figure 6.8a) and a circular micropillar 
shape (Figure 6.8b), together with geometrical parameters, e.g. the long diagonal (LD) 
and the short diagonal (D). In this chapter the performance of both, circular and diamond 
shaped micropillar arrays is presented. Circular micropillars are easier to fabricate, while 
the diamond shaped micropillar arrays, of Madadi et al. are reported to achieve higher 
flow rates. The adoption of the nomenclatures of Madadi et al. defines the micropillar 
array by the flow directional distance FD and side distance SD between the micropillars, 
while the minimum feature size (MFS) of the structure is stipulated by FD. Figure 6.8c 
and d show examples of the designed and fabricated capillary pumps. A total of, six 
different architectures were selected for analysis consisting of three variations of the dia-
mond and circular structures, each defined by a different MFS, namely 50, 100 and 
150 μm. The PCB-based capillary pumps were also combined with three variations of 
250 μm wide serpentine microchannels with 2, 10 and 20-turns, corresponding to a total 
length of 14.71, 72.00 and 145.55 mm, respectively. Thus, a total of 24 different combi-
nations were fabricated and characterized. Table 6.2 provides a summary of all design 
parameters and the resulting pump capacities. 

Table 6.2: Micropillar capillary pump design parameters. 

 
Equations [6.1] and [6.2] define the relation between the design parameters (MFS, FD, 

D, SD and LD as illustrated in Figure 6.8) of the diamond and circular architectures 
respectively, derived from the experimental results in micropillar capillary pump flow rate 
performance of Madadi et al. [186]. 

 

 𝑀𝑀𝑀𝑀𝑀𝑀 = 𝑀𝑀𝐷𝐷 = 3
5
𝐷𝐷 = 𝑀𝑀𝐷𝐷

2
= 3

20
𝜇𝜇𝐷𝐷 [6.1] 

 
 
 
 

𝑀𝑀𝑀𝑀𝑀𝑀 = 𝑀𝑀𝐷𝐷 = 3
5
𝐷𝐷 = 𝑀𝑀𝐷𝐷 = 3

5
𝜇𝜇𝐷𝐷 [6.2] 

Micropillars 
Shape 

MFS 
(μm) 

LD 
(μm) 

D 
(μm) 

SD 
(μm) 

FD 
(μm) 

Pump 
Volume 

(μL) 
 Circular  150  -  250.00  150.00  150.00  1.38  
 Circular  100   -  166.67  100.00  100.00  1.79  
 Circular  50   -  83.33  50.00  50.00  1.80  
 Diamond  150  1.000.00  250.00  300.00  150.00  2.09  
 Diamond  100  666.67  166.67  200.00  100.00  2.04  
 Diamond  50  333.33  83.33  100.00  50.00  2.10  
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Figure 6.8: Micropillar shape and array topology parameters  for: a diamond micropillars 
b circular micropillars. PCB microfluidic capillary pump designs: c diamond pillar design 
with MFS 100 μm d circular pillar design with MFS 150 μm. 

 Device fabrication 
 
The fabrication process is described in Figure 6.9 and is similar to the standard indus-

trial PCB manufacturing processes. As a first step, a 400 μm thick FR-4 laminate was 
cleaned using Acetone and Isopropanol (IPA) (Figure 6.9a). Subsequently, DuPont™ Pyr-
alux® PC1000 negative dry photoresist, 50 μm thickness, was laminated on top of the 
FR-4 laminate, using a pouch laminator (Figure 6.9b). The sample was exposed through 
a mask using hard contact (using an EVG 620 mask aligner) and developed in a mild 
caustic solution (Sodium carbonate 1% w/w), following standard lithographic processes. 
The developed structures (Figure 6.9c) were post-baked at 160°C for 2 hours. After post-
baking, the samples were irradiated with O2 plasma to render the FR-4 substrate super-
hydrophilic (contact angle ≈0°). The O2  plasma treatment conditions were identical to 
those used previously [187]. Following O2 plasma treatment, a polyethylene terephthalate 
sealing film (50 μm thickness, PET, VWR® Polyester Sealing Films for ELISA) was ma-
chined using a CO2 Laser cutter (Epilog Mini 24 Legend Laser System, USA) to define 
sample inlet and outlet vent holes (Figure 6.9d). The machined PET film was laminated 
on top of the samples with a pouch laminator (Figure 6.9e). The resulting internal channel 
height was around 40 μm, based on standard stylus profilometer measurements. Finally, 
Figure 6.9f illustrates a microscope image of the fabricated diamond micropillars of the 
PCB-based capillary pump (see Figure 6.8c). 
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Figure 6.9: Sample fabrication steps.a) FR-4 laminate cleaning b) dry photoresist lami-
nation c) exposure, development and O2 plasma radiation d) PET film Laser microm-
achined e) micromachined PET film lamination f) microscope image of the diamond 
micropillars  

 Fluidic performance characterisation 
 
A “first-order” analysis of the rectangular microchannel, i.e. the first segment of the 

fabricated PCB-based capillary pumps (see Figure 6.8), can be performed using the fol-
lowing equations ([6.3] to [6.6]). The capillary pressure P formed in a rectangular micro-
channel driving the liquid-air meniscus through the channel is defined as: 

 

 𝑃𝑃 = −𝛾𝛾 �
cos𝜃𝜃𝐵𝐵 + cos𝜃𝜃𝑇𝑇

𝑐𝑐ℎ
+

2 ∙ cos𝜃𝜃𝑊𝑊
𝑐𝑐𝑤𝑤

� [6.3] 

 
where � is the surface tension of the liquid in N/m, cw and ch are the microchannel width 
and height in meters and �B, �T, �W are the contact angles of the liquid on the bottom, top 
and side walls, respectively. The resulting flow rate Q of the liquid, when filling a micro-
channel by capillary pressure P is: 
 

 𝑄𝑄 =
∆𝑃𝑃

𝜇𝜇 ∙ 𝐿𝐿 ∙ 𝑅𝑅𝑟𝑟𝑑𝑑𝑟𝑟
 [6.4] 

 
where μ is the dynamic viscosity of the liquid in Pa·s, L the length of the filled micro-
channel (in m) and Rcsr  is the cross sectional hydraulic resistance parameter for rectangu-
lar microchannels in m-4. The parameter Rcsr can be calculated using equation [189]: 
 

 𝑅𝑅𝑟𝑟𝑑𝑑𝑟𝑟 = �
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 [6.5] 

 
with A the cross-sectional area of the microchannel in m2 and ch and cw defined above. 
For the Fourier series in equation [6.5], only the first 6 terms were used to calculate Rcsr, 
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producing a negligible error of ~10-6. Finally, the parameter m (m-1) in equation [6.5] is 
described as follows: 
 

 𝜇𝜇 =
𝜋𝜋
𝑐𝑐ℎ

(2𝑛𝑛 − 1) [6.6] 

 
To investigate the time-dependent behaviour of the liquid within the microfluidic chan-

nel, additional mathematical analysis was conducted. More specifically, equation [6.4] can 
be re-written as a function of the meniscus position in the microchannel if L is substituted 
by x, the distance of the advancing meniscus in the microchannel from the inlet (in me-
ters): 

 

  𝑄𝑄(𝑥𝑥) =
𝐵𝐵
𝑀𝑀

= 𝐴𝐴 ∙ 𝑢𝑢(𝑥𝑥)����� ,𝑤𝑤ℎ𝐿𝐿𝑒𝑒𝐿𝐿 𝐵𝐵 =
∆𝑃𝑃

𝜇𝜇 ∙ 𝑅𝑅𝑟𝑟𝑑𝑑𝑟𝑟
 [6.7] 

 
With the mean flow velocity 𝑚𝑚(𝜕𝜕)����������  described as a function of the time derivative of the 

displacement: 
 

 𝑢𝑢(𝑥𝑥(𝑡𝑡))�������� =
𝑑𝑑𝑀𝑀(𝑟𝑟)

𝑑𝑑𝐿𝐿
=
𝐵𝐵
𝐴𝐴
∙

1
𝑀𝑀(𝑟𝑟)

 [6.8] 

 
we end up with an ODE, with a compact form: 
 

 
𝑑𝑑𝑀𝑀(𝑟𝑟)

𝑑𝑑𝐿𝐿
−
𝐵𝐵
𝐴𝐴
∙

1
𝑀𝑀(𝑟𝑟)

= 0 [6.9] 

 
A solution to the ODE of equation [6.9] defining the time-dependent behaviour of the 

resulting flow in the microfluidic channel is 
 

 𝑄𝑄(𝑟𝑟) =
𝐵𝐵

�2𝐵𝐵
𝐴𝐴
∙ 𝐿𝐿

= �𝐴𝐴 ∙ 𝐵𝐵
2 ∙ 𝐿𝐿

 [6.10] 

 
Equation [6.10] is useful in providing an analytical description of the flow rate as a 

function of time within a rectangular microfluidic channel. As shown in the following 
paragraphs, equation [6.10] was used to simulate the flow rate of the fluid within the 
microchannel of the capillary pumps. 

Red dye (Direct Red 23, Sigma-Aldrich®) dissolved in deionized (DI) water was used as 
sample solution for characterization. Initially, a 6 μL sample droplet was deposited in the 
6-mm-wide device inlet. The filling of the device was recorded with a full HD (1080p) 
digital microscope camera at a 50 Hz frame rate. As a first characterisation step, the 
static contact angle (CA) of sessile deionised (DI) water droplets on the PET film were 
measured with a Drop Shape Analysis System (DSA30 Kruss Co., Germany), see [187]. 
A 3 μL DI water droplet were placed on the adhesive surface of the PET film. Each 
measurement was repeated three times, giving a CA of 111.3°±1.1°, verifying hydrophobic 
behaviour of the PET film used to seal the devices. The O2 plasma treated FR-4 surface 
has superhydrophilic properties and hence the value of the CA can be approximated 
to ≈0° [187]. Figure 6.10 illustrates a graphical representation (Figure 6.10a and b) and 
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an experimental image of the shape of the meniscus formed as the liquid advances in the 
microchannel (Figure 6.10c). More specifically, in Figure 6.10a, the shape of the advancing 
meniscus in the microchannel is demonstrated geometrically, while in Figure 6.10b, a 
sectional view along the microchannel central axis is shown. Both images were generated 
using the experimentally measured CAs of the selected materials (O2 plasma treated FR-
4 and PET film). The CA θT on the top wall is assumed based on the PET hydrophobic 
behaviour (θT = 111.3°±1.1°). The meniscus angle formed on the bottom O2  treated 
FR-4 surface θB is considered ≈0° while the CA on the microchannel dry photoresist (DPR) 
sidewalls θW was assumed to be 20°, determined from the meniscus images (please see 
Figure 6.10c) and the reported effect of O2 treatment on DPR [190]. Figure 6.10c verifies 
the expected fluid formation showing an image of the actual liquid-air meniscus advancing 
in the microchannel. 

 

 

Figure 6.10: Liquid meniscus advancing in the hydrophilic microchannel:  a) 3D model of 
the formed meniscus, b) A-A sectional view of the meniscus along the microchannel 
central axis, c) still image of the actual meniscus advancing in the microchannel. 

In order to validate equation [6.10] describing the liquid meniscus advancing in the 
microchannel as a function of time, the videos of microchannel filling for different devices 
were analysed. In particular, the 2-turn microchannel was divided in two equal parts while 
the 10- (see) and 20-turn microchannels were divided into 5 and 10 parts respectively. 
The number of video frames for the meniscus to reach the particular positions separating 
the different parts (as illustrated in Figure 6.12, points 0 to 5 divide the microchannel of 
the 10-turn device into 6 regions) along the microchannel were counted. Subsequently, 
the average flow rate for the region to be filled was calculated. In total 9 videos of various 
devices (three of each design) were processed and the data statistically analysed. Figure 
6.11 summarises the average flow rates as the sample filled the microchannel. The simu-
lation in Figure 6.11 demonstrates the ideal flow rate of the liquid within the microfluidic 
channel as time evolves according to equation [6.10], where the points in the figure show 
the experimental results from devices comprising 2, 10 and 20-turn serpentine microchan-
nels. Error bars are standard deviations.  
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Good agreement was observed between theory and experimental results for all fabri-
cated devices. The theoretical value derived from equation [6.4], assuming �B, �T and �W = 
0°, 112.4° and 20° respectively, with L=72 mm (at the end of the 10-turn microfluidic 
channel, Figure 6.12) was found equal to 1.61 μL/min while the average experimentally 
measured flow rate for region 4-5 (see Figure 6.12) is 1.63±0.18 μL/min, verifying a good 
match between theory (equation [6.4]) and device. Finally, the inset in Figure 6.11 demon-
strates the same data plotted on a log-log scale, to illustrate the power law dependence 
in the first seconds of flow. 

 

 

Figure 6.11: Comparison between the experimental average flow rates and the theoretical 
flow rate while the liquid-air meniscus advances in the 2-turn, 10-turn and 20-turn ser-
pentine microchannel. 

Figure 6.12 shows data for the whole device (microchannel and capillary pump). The 
microchannel was divided into 5 sections as described previously, while the capillary pump 
was divided into 6 regions. For the capillary pump, the first region (inlet region) is the 
transition zone between the microfluidic inlet and the main uniform capillary pumping 
zone (region 1 to 4) while the last region (vent) comprises the air vent of the device. 
Regions 1 and 4 are of the same liquid capacity. The same applies between regions 2 and 
3. However, the volume percentile difference between regions 1 and 2 (or 3 and 4) is below 
0.5% for MFS ≤ 100 μm and below 4.0% for MFS = 150 μm. 



Electronic Materials & Devices Research Group  Zepler Institute 

Nikolaos-Sotirios Vasilakis  117  

 

Figure 6.12: Flow rate experimental characterisation. The device comprises a 10-turn 
serpentine microchannel divided in 5 sections. The capillary pump is divided in 6 regions. 
The points in the graph are the measured average flow rate while the liquid front was 
advancing through the device. 

The experimentally measured average flow rate for the microfluidic channel is described 
in Figure 6.12, while for every capillary pump zone the experimentally determined average 
flow rate was calculated from the recorded data. Three example images are shown in 
Figure 6.13. These three images show the propagation of the sample from the microfluidic 
channel (Figure 6.13a), into the inlet region of the capillary pump (Figure 6.13b) and 
then travelling towards the vent (Figure 6.13c). Note that the sample in Figure 6.13b has 
just entered region 1, while in Figure 6.13c it just entered the vent region.  

The mechanism governing filling of capillary pumps is well understood. The microfluidic 
channel upstream of the capillary pump acts as a constant hydraulic resistance once it is 
completely filled and the liquid front advances towards the capillary pump. Therefore, 
devices comprising only capillary pumps tend to exhibit very high flow rates. This is why 
in this case, the diamond micropillar capillary pump with MFS 100μm without a micro-
channel (as shown in Figure 6.8c) has an average flow rate of 137.51 μL/min in regions 1 
to 4, with the average flow rates filling regions 1 and 4 are ~220 μL/min and ~92 μL/min, 
respectively. 
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Figure 6.13: Still images from the video footages of the device filling experiments: a) sam-
ple filling the microchannel. Filling front advancing in b) region 1 and c) vent region 

The variation in flow rate between region 1 and 4 is expected, since the flow rate tends 
to decrease as the filling front advances. This can be attributed to the absence of a mi-
crochannel with significantly higher hydraulic resistance compared to the micropillar hy-
draulic resistance. Additionally, the designs were not long enough to achieve equilibrium 
between the micropillar hydraulic resistance and the capillary pressure and therefore the 
flow rate has a large difference between minimum and maximum values. However, the 
overall performance, capacity and footprint (around 14.6 mm x 5.0 mm) of these de-
vices, makes them an excellent solution for single step LoPCB analytical platforms, once 
electrodes are integrated into them. It is worth highlighting that these devices have around 
56 times higher average flow rates compared to the capillary pumps reported by Madadi 
et al. [186]. This difference in flow rate performance is attributed to both, the 6.7 times 
higher micropillar height (our devices use 40 μm-height micropillars instead of 6 μm) 
reducing the micropillar array hydraulic resistance and the superhydrophilic properties of 
O2 treated FR-4 substrate, which increases the capillary forces. 

For the other capillary pump architectures, the average flow rate of the sample during 
propagation through the inlet as well as the vent regions is expected to differ from the 
average flow rate through regions 1 to 4. This can be explained by the fact that the inlet 
region comprises micropillar arrays that serve as transition zones between the microchan-
nel and the main pumping regions (1 to 4). The number of micropillar rows in both inlet 
and vent region differs from the one in regions 1 to 4 where the number of rows is constant 
throughout. Additionally, the distance between the pillars and the curved pump sidewalls 
varies in these two regions, affecting the flow rate. Therefore, the performance of the 
devices was experimentally investigated only when the filling front wetted regions 1 to 4. 
Figure 6.14 illustrates the average flow rates of devices combining 2-turn serpentine mi-
crochannels with circular and diamond micropillar architectures (Figure 6.14a and b, 
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respectively), while Figure 6.15 is for the 10-turn serpentine microchannels together with 
circular and diamond micropillars (Figure 6.15a and b, respectively). 

 

 

Figure 6.14: Average flow rates filling regions 1 to 4 of devices comprising capillary pumps 
having various MFS and 2-turn microchannel. a) circular micropillars b) diamond mi-
cropillars.  

As expected, smaller MFS results in higher flow rates. Note that the capacity of the 
capillary pumps made with diamond micropillars is higher compared to the circular 
shaped micropillars (see Table 6.2). For the 2-turn microchannel structures in Figure 6.14, 
the maximum average flow rate (8.11 μL/min ± 9%) was achieved using the diamond 
shaped micropillars of 50 μm MFS, despite the fact that these devices exhibit non-con-
stant flow rate (the plus-minus percentile variation is calculated as the ratio of the abso-
lute difference between the maximum and minimum observed flow rates, and the overall 
average flow rate through regions 1 to 4). 

 

Figure 6.15: Average flow rates filling regions 1 to 4 of devices comprising capillary pumps 
having various MFS and 10-turn microchannel. a) circular micropillars b) diamond mi-
cropillars. 
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More specifically, the average flow rate through region 1 gradually decreased as the 
filling front advances in the capillary pump. Such behaviour is mainly due to the balance 
between the capillary pressure formed in the capillary pump and the hydraulic resistance 
of the microfluidic channel. Thus, devices with longer microchannels, such as those in 
Figure 6.15b have a lower flow rate (2.15 μL/min ± 8%), but with less variation. Finally, 
the diamond micropillars produce higher flow rates compared to the circular pillars, in 
agreement with Madadi et al. [186]. The 100 and 150 μm MFS devices shown in Figure 
6.14 and Figure 6.15, demonstrate stable average flow rates with low variation. In partic-
ular, diamond capillary pumps with 100 μm MFS had average flow rates of 
7.00 μL/min ± 2% when combined with the 2-turn serpentine microchannel 
(14.7 mm long).  

Figure 6.16 summarises the measured average flow rates of all the devices with serpen-
tine microchannels. The error bars represent the minimum and maximum observed aver-
age flow rates. The devices comprising 20-turn microchannels give the lowest variation in 
flow rate for either the MFS or micropillar shape. Compared to Zimmerman et al. [48], 
we achieved more than 5 times higher flow rate with less than 3 times the microchannel 
hydraulic resistance. More specifically, the 150 μm MFS diamond shaped micropillar de-
vices combined with the 20-turn microchannel exhibit an average flow rate of 0.66 μL/min 
while Zimmerman’s “symmetric-line”-type devices with characteristic length 150 μm (the 
150_R1 design [48]) have a flow rate of 0.12 μL/min.  

 

 

Figure 6.16: Average flow rates while filling front advances in regions 1 to 4 of devices 
with circular and diamond micropillars, and 2, 10 and 20-turn microchannels. 

The hydraulic resistance of the microchannel is calculated by multiplying the cross 
sectional hydraulic resistance parameter Rcr (equation [6.5]) with the microchannel length 
L. In this case the 20-turn serpentine microchannel has a total resistance of 0.12 μm-3 
while in Zimmerman’s the 30 x 30 μm2 cross section of the 1 cm-long microchannel [48] 
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results in a hydraulic resistance of 0.35 μm-3 (around 3 times higher). Furthermore, com-
paring the average flow rate of the 20-turn diamond 50 μm MFS devices (0.96 μL/min) 
to the 15 μm characteristic dimension “symmetric-line”-type capillary devices of Zimmer-
man et al. (15_R1 has a flow rate of 0.22 μL/min [48]), these devices have more than 4 
times the flow rate, primarily due to the lower hydraulic resistance of the microchannel. 
The observed change in flow rate of the PCB-based capillary pumps can be attributed to 
the superhydrophilic properties of the O2 plasma treated FR-4 surface instead of the 
weakly hydrophilised Au surface (contact angle of 40°) in Zimmerman’s work [48]. 

 Capillary pump performance with whole blood samples. 
 
One of the common specimens for a PoC testing device is whole blood. Therefore, after 

the demonstration of high-speed filling with aqueous solutions, the performance of the 
developed micropillar array capillary pumps was investigated using whole blood samples. 

Blood is a non-Newtonian two-phase fluid. The dynamic viscosity of whole blood sam-
ples is not constant and depends on the ratio between flow velocity and the dimensions 
of the conducting channels (shear rate �̇�𝛾 = 𝜕𝜕𝑢𝑢

𝜕𝜕𝜕𝜕�   , 𝑀𝑀𝑛𝑛 𝑠𝑠−1) [191]. It is a suspension of red 
blood cells (RBCs), leukocytes, and platelets in plasma [192]. The rheological properties 
of whole blood samples are mainly driven by the RBCs behaviour. In detail, RBCs tend 
to aggregate under low shear rate conditions mainly because plasma proteins increase the 
attractive force between RBCs and consequently the apparent blood viscosity increases 
[193]. On the contrary, at high shear rate flows RBCs disperse, deform, and rotate [194, 
195]. This effect is known as shear-thinning of blood viscosity and results in lower appar-
ent viscosity values. It is mainly attributed to these hemorheological characteristics of 
RBCs in plasma. Blood viscosity varies according to physiological and pathological con-
ditions [196-198]. It is evident that whole blood flow through the developed micropillar 
array capillary pumps on PCB is expected to be complicated and its characterisation in 
the fluid dynamics domain is not an objective of this work. In particular, the objective of 
the performed study is to investigate the potential application of the proposed PCB-based 
capillary pumps on PoC testing devices performing analysis of whole blood specimens. 

EDTA (Ethylene Diamine Triacetic Acid) whole blood sample was obtained from the 
Imperial College Healthcare Tissue Bank (Application Number R17032). The sample was 
collected on the same day of the experiments. EDTA is an anticoagulant that prevents 
clotting and therefore affects (reduces) the viscosity of plasma [199]. 

At first, whole blood wettability of both surfaces, O2-plasma treated FR-4 and PET 
film was investigated. Three 15 μL droplets of the sample were placed on both surfaces 
and images of the formed sessile droplets were captured. The photos were later processed 
using a Drop Shape Analysis System (DSA 30 Kruss Co., Germany) following the same 
methodology as describe in chapter 6.2.1 (see page 102). The contact angle of whole blood 
sample on O2-plasma treated FR-4 was found to be 24.6±1.8° while on PET film 87.7±1.5°. 
It is notable that the wettability of O2-plasma treated FR-4 surface was not superhydro-
philic but weakly hydrophilic. 

The fabricated PCB-based micropillar array capillary pump for these experiments was 
redesigned to offer higher volume capacity and smooth filling frond propagation. The first 
is required to perform on chip bioassays of several steps (e.g. ELISA) while the second 
prevents the formation of air cavities. Figure 6.17 depicts both, device overview (Figure 
6.17a) and micropillar array topology (Figure 6.17b). The device comprises three regions, 
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inlet, transition zone, main pumping structure and vent. Inlet and vent are exposed to 
air while the other two are covered using a PET film. The transition zone is preceded by 
a microchannel 100 μm wide and around 1mm long. The applied device fabrication steps, 
including the FR-4 hydrophilisation process, are identical to the once describe in chapter 
6.3.2 (see page 112). 

 

 

Figure 6.17: Capillary pump design with slanted diamond pillars and high capacity. a) de-
vice overview. Effective volume 14μL b) micropillar array geometry c) detail of the tran-
sition zone. 

Briefly, 50 μm thick dry photoresist was laminated on pristine FR-4 substrate and 
following standard lithography processes the capillary structures were formed. Subse-
quently, the devices were O2-plasma treated while laser milled PET films were used to 
seal the pumping structures leaving two opening for sample inlet and air vent (dashed 
lines in Figure 6.17). Figure 6.17b shows the diamond shaped micropillar array topology. 
The minimum feature size of this device is 51 μm while the geometry of both, pillars (D 
and LD) and array (Hd and Vd) are in compliance with equations [6.1] and [6.2]. However, 
this design uses diamond micropillars that are slanted with respect to the device filling 
axis at an angle of 15° (angle A, see Figure 6.17b). Additionally, the array of the micropil-
lars is not orthogonal. Instead, the “horizontal” axis of the array forms an angle B=10° 
with respect to the filling axis. Zimmerman et al. studied the effect of micropillar array 
topology on filling front control [48]. Based on this study, pillars perpendicular to the 
filling axis result in filling front parallel to the pillar columns. Following this approach, 
here the diamond shaped micropillars are slanted to induce a filling front parallel to the 
pillar columns as shown in Figure 6.18 (sample flows from left to right) while the filling 
flow rate is maintained high. The selected values are not optimised, and the values were 
selected intuitively. Figure 6.17c shows the pillar array in the transition zone. Throughout 
the device, a 110 μm clearance from the capillary pump frame was formed. The reason 
for this is to avoid sample propagation along the peripheral edges faster than through the 
micropillar array, increasing the risk of air cavities formation. This effect is known as 
bypassing. 

20 μL droplet of whole blood sample was placed on the inlet of the device using a 
pipette. HD video of high frame rate (50 fps) was captured and later processed to acquire 
the filling flow rate as a function of time. Figure 6.18 includes still images from the ex-
periment. The sample propagates from left to right. The filling front is perpendicular to 
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the filling axis as expected due to the slanted micropillars and array topology. Figure 
6.18a to e show the whole blood sample during transition zone filling. At the beginning, 
the observed flow rate is high due to low hydraulic resistance of the device. The average 
filling flowrate for the first 3.3 sec was 2.4 μL/min (see Figure 6.18b) while later it 
dropped gradually to 1.3 μL/min. This is the calculated average flowrate of the filling 
front propagating between Figure 6.18d to e. Thereafter, the sample entered the main 
pumping zone ( Figure 6.18f to j) and filled the device completely. Two air cavities were 
formed (see Figure 6.18i and j) but their volume is negligible (around 8 and 2 pL respec-
tively). The clearance along the frame edges of the device prevented successfully the by-
passing flow along the peripheral zone of the device. The device was filled completely by 
the whole blood sample. 

Figure 6.19 summarises the calculated average flow rates attained from the post pro-
cessing of the video footage. 16 time lapses were selected to facilitate the filled volume 
calculation leveraging the filling front shape. Average flowrate was calculated as the ratio 
between volume and elapsed time for the sample to propagate. 

 

 

Figure 6.18: Time series of still images from the video footages of the device filling exper-
iments with whole blood sample.a) immediately after placing the sample on the inlet (t=0 
sec) b) to e) whole blood sample advancing in the transition zone (t= 0 to 119.2 sec). 
f) to j) sample filling the device completely (t=119.2 to 1069.3 sec). 

Filling flowrate drops exponentially (first 7 points in the graph) while sample spreads 
through the transition zone due to the conical shape of the zone. Thereafter, the filling 
flowrate drops gradually following a more linear trend (between 200 and 1000 seconds in 
Figure 6.19). It is in agreement with the findings if using aqueous solutions. In detail, in 
Figure 6.14b the diamond shaped micropillars of 50 μm MFS demonstrate the same 
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trend. The whole blood sample required around 18 minutes to fill the device completely. 
The overall average filling flowrate is around 0.8 μL/min. The sample filled the transition 
zone at an average flowrate of 1.5 μL/min while the main device thereafter was filled by 
an average flowrate of 0.7 μL/min. Both, device capacity and overall filling time allow 
for PoC applications where several steps should be performed on the device (e.g. ELIZA 
if blood plasma is used). The preceding channel can act as a passive valve if designed 
appropriately. In this way, liquids of smaller volume than the device capacity can be 
placed on the device inlet where subsequently will be absorbed by the pump. 

 

 

Figure 6.19: Average flow rates while whole blood sample propagates in the device 

6.4 Conclusions 
 
This chapter showed that oxygen plasma treatment of sealed, commercially manufac-

tured PCB microfluidic structures can render them hydrophilic and suitable for passive 
microfluidics systems. Different plasma input power settings and treatment times were 
investigated to optimise the hydrophilic retention of FR-4 surfaces. Both plasma input 
power and treatment time affected the surface hydrophilicity, with increased input power 
and longer treatment times showing better long term retention. The optimal oxygen 
plasma treatment conditions were P = 100 W and tt= 20 min. FR-4 substrates treated 
under these conditions were found to remain superhydrophilic for 13 days and weakly 
hydrophilic for a further 13 days. Hence, the hydrophilic behaviour was retained for 
26 days. The O2 plasma treatment was used on a commercially manufactured (Newbury 
Electronics Ltd) PCB microfluidic test chip, formed from FR-4. Treated structures could 
be passively filled with DI water. Further experiments indicate that the long-lasting 
weakly hydrophilic behaviour of the treated FR-4 surface, can deliver a simple passive 
microfluidic platform. Furthermore, a simple passive capillary pump that can be inte-
grated into an affordable LoPCB platform was developed. The microfluidic systems are 
based entirely on PCB manufacturing technology, and will deliver low-cost, electronic-
based disposable analytical platforms. High-speed filling of LoPCB chips without requir-
ing any external power source is reported. Capillary pumps with an array of diamond 
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shapes with particular geometrical parameters increase the induced capillary pressure and 
decrease the pillar hydraulic resistance. These designs, combined with the superhydro-
philic properties of O2 irradiated FR-4 substrates, give average flow rates of around 
8 μL/min. Increasing the channel length gives slower flow rates (1,43 μL/min ± 6% us-
ing a 10-turn serpentine microchannel). Significantly lower flow rates (an order of magni-
tude) were observed for even longer microchannels (0,58 μL/min ± 6% using a 20-turn 
serpentine microchannel). The variation in mean flow rate for the diamond micropillars 
with MFS 150 μm is below 7% for both, high and low flow rates, giving constant filling 
of a device. Capillary pumps without microchannel exhibit very high flow rates of around 
138 μL/min. This performance is around 56 times higher than the average flow rates 
quoted by Madadi et al. with pumps fabricated from glass-PDMS [186] due to both, the 
6.7 times higher micropillar height (decreasing the device hydraulic resistance) and the 
superhydrophilic properties of the O2 treated FR-4 substrate. Finally, a device of high 
capacity (14μL) and slanted diamond pillars demonstrated whole blood sample filling. 
The sample required 18minutes to fill the device completely without forming air cavities. 
The filling front was perpendicular to the filling axis while no bypassing flow along the 
peripheral edges was observed due to the tailored design. The high and stable flow rates 
of the PCB-based capillary pumps could lead to functional, accurate and most im-
portantly versatile microfluidic systems. 
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7 Summary of Conclusions 
 
LoPCB technology allows for the development of low-cost PoC medical diagnostic de-

vices, aligned with the ASSURED criteria. The asset of this technology is the integration 
of electrochemical biosensors, microfluidic networks and electronics, offering accordingly: 
electrochemical sensing, sample preparation and manipulation, and signal processing in a 
monolithic manner. However, the industrial fabrication of PCB-based microfluidic devices 
remains a challenge, while the lack of passive fluidic manipulation of samples and reagents 
is the major disadvantage of this technology. In this work, bespoke microfluidic modules 
that can be used in PCB-based microfluidic PoC implementations have been demon-
strated as well as passive microfluidic capabilities were achieved. The latter resulted in 
micropillar pumps with in-built fluid control based on capillary forces that can deliver the 
equipment-free requirement included in the ASSURED criteria while eliminating both, 
fluid interfacing and external power consumption.  

The work resulted in design-to-fabrication procedure that enables the fabrication of 
microfluidic structures on PCB in an industrial setup. The standard PCB fabrication 
techniques that are currently available in a PCB production line were optimised to allow 
for microfluidic structures on PCB realisation. A standard protocol has been established 
so that designers can dispatch microfluidic design files and the industry can proceed with 
the fabrication of the microfluidic structures on PCB. Industrial fabrication of PCB-based 
microfluidic devices along with sensing electrodes was enabled, while the studies on fab-
rication variations resulted on the design rules driving the minimum nominal sensing 
electrode diameter with respect to the nominal reference electrode diameter. 3-Layer mi-
crofluidic PCB devices comprising one microfluidic layer and two layers of stacked VIAs 
serving as microfluidic inlet or outlet ports as well as biosensing electrodes were fabricated. 
Pressure driven flow through the microfluidic PCB devices was demonstrated. Addition-
ally, the required overpressure to fill the devices with aqueous solutions was studied ex-
perimentally and the results were in good agreement with the theoretical values. The 
feasibility of a standardised LoPCB fabrication in an industrial setup was shown. 

A simulation model based on COMSOL Multiphysics® combined with 3D CAD software 
SOLIDWORKS® to perform optimisation studies for the development of bespoke micro-
fluidic structures has been developed. Laminar flow, concentration-based advection-diffu-
sion and heat dissipation models were combined. A coarse mesh along with second-order 
elements (quadratic) and the Codina stabilisation technique was used to lower the nu-
merical diffusion while reduced the computational cost. The developed simulation tech-
nique was employed to design and optimise various microfluidic modules for PoC imple-
mentations. Specifically, the 3D CAD software was used to generate designs of high geo-
metric complexity. It was coupled with COMSOL Multiphysics® where the parameters 
and boundary conditions of the simulation models were defined. The in-silico platform 
was used to estimate the mixing efficiency and fluidic performance of various passive 
micromixing geometries. The demonstrated designs were based on the staggered herring-
bone design approach to achieve high mixing efficiency, smaller footprint and lower pres-
sure drop. In this way the design and simulation methodology were verified.  
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Consequently, the in-silico platform was used to design a pressure and flow rate bal-
anced unit cell for modular step-wise serial dilution networks. Moreover, the design-sim-
ulation platform was further enhanced with the optimisation capability including the 
automated design modification. In detail, the optimisation module of COMSOL Mul-
tiphysics® was added, where performance requirements (pressure, flow rate and mixing 
efficiency) and design geometry parameters were specified as objectives and variables re-
spectively. Pressure and flow-rate balanced properties of the unit cell design were demon-
strated. Its operation requires only one flow source, tolerates source instabilities and gen-
erates diluted samples so that can be a robust component of quantitative PoC medical 
testing. This unit cell was further optimised computationally to acquire a modular serial 
dilution unit cell that can be repeated to generate multistage step wise serial dilution 
networks. Finally, the design-simulation platform was enhanced further by adding a heat 
transfer model. The performance of a thermally regulated dilution rate microfluidic device 
on PCB was studied computationally. 

The developed serial diluter was prototyped on PMMA as a proof of concept and the 
device performance was characterised with glucose samples of known concentrations. Af-
terwards, designs based on the pressure and flowrate balanced approach and in alignment 
with the PCB manufacturing limitations were optimised computationally and the result-
ing microfluidic networks were fabricated on PCB in an industrial setup leveraging the 
established design-to-fabrication procedures. The fabrication of the two stage PCB mi-
crofluidic diluter was finalised in house to enable the tubing interfacing. Dilution perfor-
mance characterisation experiments were conducted, and simulation results were found in 
good agreement with measurements. The advantage of the pressure and flowrate balance 
design approach is that the serial dilution unit cell is a modular network that can be 
repeated in a cascaded manner to form multistage serial dilution networks of compact 
footprint (around 75 x 8 mm2 per stage). Additionally, the pressure and flow rate balanced 
capability allows for diluent and sample to be driven through the device using a single 
flow source. Moreover, this source can be either a compressed air chamber or a constant 
flow rate source (syringe pump). The device can be part of a simple quantitative PoC test 
requiring serial dilutions for calibration. The generated dilution ratios tolerate flow source 
instabilities, since the dilution ratio remains constant as long as the nominal flow rate or 
inlet pressure is not exceeded. More specifically, the novelty of the proposed design lies in 
the fact that any instabilities in the mixing ratio induced by input flow fluctuations (due 
to interfacing tubing, syringe pump vibrations etc.) will be mitigated, due to similar 
behaviour of device inlets with respect to pressure. 

In an attempt to equip the LoPCB technology with passive microfluidic capabilities 
oxygen plasma treatment of sealed, commercially manufactured PCB microfluidic struc-
tures was employed to render them hydrophilic and suitable for passive microfluidics 
systems. Plasma treatment parameters were optimised and long-lasting hydrophilic reten-
tion of FR-4 surfaces was demonstrated. In detail, FR-4 substrates radiated by O2 plasma 
were found to remain superhydrophilic for 13 days and weakly hydrophilic for a further 
13 days. The O2 plasma treatment was used on a commercially manufactured PCB mi-
crofluidic test chip, comprising three layers of FR-4. Treated structures could be passively 
filled with DI water.  

Exploiting further the results, a simple passive capillary pump that can be integrated 
into an affordable LoPCB platform was developed. The microfluidic systems were based 
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entirely on PCB manufacturing technology. Rapid filling of LoPCB chips without requir-
ing any external power source was shown. Capillary pumps with an array of diamond 
shapes and particular geometrical parameters increased the induced capillary pressure 
and decreased the pillar hydraulic resistance. The PCB based capillary pumps benefit 
from the superhydrophilic properties of O2 irradiated FR-4 substrates and resulted in 
average flow rates of around 8 μL/min. Preceding microfluidic channels of appropriate 
length can reduce the filling flow rates according to the designs. The variation in mean 
flow rate for the diamond micropillars with is below 7% for both, high and low flow rates, 
giving constant filling of a device. Capillary pumps without preceding microchannel ex-
hibit very high flow rates of around 138 μL/min. Finally, a device of high capacity (14μL) 
and slanted diamond pillars demonstrated whole blood sample filling. The sample required 
18minutes to fill the device completely without forming air cavities. The filling front was 
perpendicular to the filling axis while no bypassing flow along the peripheral edges was 
observed due to the tailored design. The high and stable flow rates of the PCB-based 
capillary pumps could lead to functional, accurate and most importantly versatile passive 
microfluidic systems.  

To conclude, the demonstrated LoPCB technology allows for the development of low-
cost PoC medical diagnostic devices. The demonstrated passive PCB-based microfluidic 
system satisfies most of the criteria for autonomous monolithic PoC platforms and is 
superior to all the published devices based on PCB technology that require syringe pumps 
to move samples and reagents within the microfluidic channels placing limits on their 
applicability to PoC. 

7.1 Contributions 
 
This work demonstrated the feasibility of a design-to-fabrication procedure that enables 

the fabrication of microfluidic structures on PCB in an industrial setup employing already 
available PCB manufacturing techniques. The design rules of the two-layer VIAs stack 
serving as microfluidic inlet or outlet ports as well as biosensing electrodes offer a stand-
ardised integration ability across microfluidics and electrochemical sensors in a monolithic 
manner. This contributes to the major asset of this technology, i.e. the high integration 
ability between, microfluidics, biosensing and signal processing. 

A novel pressure and flow rate balanced stepwise serial diluter has been demonstrated. 
The developed balanced unit cell, is a modular component that once selected to be used 
in cascade form, can result into an N-stage serial diluter. This architecture can allow for 
incorporating modular unit cells in any microfluidic design that overall simplifies the 
design process. Furthermore, the proposed device can operate by employing either a sy-
ringe pump as a flow rate source, or by a pre-compressed air chamber as pressure source. 
The device has been prototyped on a printed circuit board (PCB) by a commercially 
available PCB technology bringing new prospects for accessing this technology widely. 
Moreover, “rules-of-thumb” are provided to ease the design procedure of similar devices. 

This work offered to the LoPCB technology the capability of passive liquid handling in 
a controllable manner. Rapid filling along with steady flowrates were demonstrated ma-
nipulating both, whole blood sample and aqueous solutions. The demonstrated capillary 
pumping system allows for easy integration into a LoPCB system to facilitate the accurate 
and effective manipulation of fluids. Moreover, the employed technique to render the PCB-
based pumping structures long-lastingly superhydrophilic is a standards technique that is 
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already available in industrial PCB fabrication setups. This achievement is of paramount 
importance since most of the successful PoC diagnostic devices currently available are 
based on passive flow of sample and reagents. The obtained results demonstrate the fea-
sibility of a complete LoPCB platform, where all three compartments will co-exist and 
co-operate, providing an electronic-based PoC system for electrochemical biosensing. 
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7.3 Recommendations for future work 
 
The outcome of this work can serve as the basis for several research directions related 

to the LoPCB technology with main focus on PoC medical tests. 
The computational study of the temperature controlled diluter can be further investi-

gated to achieve a higher dilution ratio range. The presented results are an indication 
that this device can generate several dilution ratios upon appropriate control. 

The pressure and flowrate balanced step-wise serial diluter can be an essential compo-
nent for quantitative PoC medical testing devices. Further development of this technology 
is to extend the microfluidic network for generating additional dilutions. In that way, an 
accurate calibration curve on chip can be acquired. Additionally, both the actively con-
trolled diluter and the pressure and flowrate balanced serial dilution microfluidic network 
can be integrated following the LoPCB approach with: 

a) the standardised 2-layer stack of VIAs serving as sensing electrodes and  
b) electronic components for signal processing, 

in a monolithic device as illustrated conceptually in Figure 5.1. The final device will 
comprise three layers and can be used as a platform for quantitative bioassays for medical 
diagnostic tests (e.g. ELISA for interferon-� detection for latent tuberculosis diagnosis). 

Equipping the LoPCB technology with hydrophilic properties opens a large field for 
further development. The high and stable flow rates of the PCB-based capillary pumps 
could lead to functional, accurate and most importantly versatile microfluidic systems. 
Future directions include more complicated microfluidic networks, incorporating merging 
junctions and passive valves to give platforms for complicated assays. Connecting capillary 
pumps of different array parameters (pillar size and density) in series can result in devices 
that can host several step assays and with various incubation/reaction times. The super-
hydrophilic properties combined with the low hydraulic resistance of the micropillar ar-
rays can be further exploited for sample preparation (e.g. plasma extraction from whole 
blood samples). In the simplest case, a nitrocellulose filter of an appropriate porosity can 
be integrated in the transition zone of the capillary pump to separate the red blood cells 
from the plasma. It is evident that, a LoPCB device combining the prominent capabilities 
of passive microfluidics (no external power source for liquid flow) with the inherent char-
acteristics of a PCB-based microfluidic device (electronics and sensing electrode integra-
tion, upscaling, low cost) can result in an ideal candidate for a disposable diagnostic Lab-
on-PCB platform. 
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Appendix 

A Surface tension is the elastic tendency of liquids which makes them acquire the least surface 
area. Surface tension is caused due to the greater attraction of water molecules to each other 
(cohesion) than to the molecules in the air (adhesion). 

B The Péclet number (Pe) is a class of dimensionless numbers relevant in the study of transport 
phenomena in a continuum. It is named after the French physicist Jean Claude Eugène Péclet. It 
is the ratio between advective mass transport and diffusive mass transport : 𝛥𝛥𝑠𝑠 =
𝑚𝑚𝑑𝑑𝑎𝑎𝑜𝑜𝑐𝑐𝑜𝑜𝑟𝑟𝑎𝑎𝑜𝑜 𝑁𝑁𝑚𝑚𝑜𝑜𝑜𝑜 𝑜𝑜𝑟𝑟𝑚𝑚𝑟𝑟𝑜𝑜𝑑𝑑𝑜𝑜𝑟𝑟𝑜𝑜
𝑑𝑑𝑟𝑟𝑜𝑜𝑜𝑜𝑜𝑜𝑜𝑜𝑟𝑟𝑎𝑎𝑜𝑜 𝑁𝑁𝑚𝑚𝑜𝑜𝑜𝑜 𝑜𝑜𝑟𝑟𝑚𝑚𝑟𝑟𝑜𝑜𝑑𝑑𝑜𝑜𝑟𝑟𝑜𝑜 = 𝑜𝑜𝑎𝑎𝑎𝑎𝑎𝑎𝜇𝜇𝑐𝑐ℎ

𝐷𝐷  where 𝜇𝜇𝑐𝑐ℎ the characteristic length of the channel and 𝐷𝐷 the diffu-
sivity. It is defined to be the ratio of the rate of advection of a physical quantity by the flow to the 
rate of diffusion of the same quantity driven by an appropriate gradient. 

C The Boltzmann constant 𝑘𝑘𝐵𝐵 having dimensions of energy (Joule) per degree of temperature 
(Kelvin) it provides a measure of the amount of energy corresponding to the random thermal 
motions of the molecules of a substance. Employing 𝑘𝑘𝐵𝐵 the average energy per degree of freedom 
can be quantified as 𝑘𝑘𝐵𝐵𝑇𝑇

2  for an ideal gas, i.e. for a three dimensions the average translational 
kinetic energy is for an ideal gas molecule is 32 𝑘𝑘𝐵𝐵𝑇𝑇 .  
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