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ABSTRACT 

 
Blood plasma separation is a fundamental step in numerous biomedical assays involving 

low abundance plasma-borne biomarkers. The interest in microscale blood plasma 

separation solutions has emerged with the development of microfluidic technologies in 

the early 2000s and has continued in recent years as few solutions have so far achieved 

both high yield and high purity without sample dilution, in volumes compatible with 

current clinical assays. Hydrodynamic or acoustic blood plasma separation microdevices 

have attracted considerable attention from the microfluidic community in the continuous 

separation of blood samples with a volume of a few mL due to their high throughput and 

insensitivity to clogging. However, obtaining a high yield from whole blood is 

challenging because the volume of red blood cells or hematocrit typically rises above 

physiological levels after each separation region, following plasma extraction. Some key 

parameters that influence the microfluidic blood plasma separation efficiency and yield 

of such devices have been investigated in this project. In particular, this project sought to 

establish experimentally, for the first time, the maximum hematocrit level and flow rate 

achievable in a microchannel, without hemolysis. Furthermore, the influence of flow 

fluctuation in syringe pumps, which are commonly employed in microfluidic setups, on 

the separation performance of blood plasma separation devices was investigated. These 

studies not only reveal the reasons behind the slow progress in the development of high-

throughput microfluidic blood plasma separation devices capable of handling whole 

blood samples but also provides a framework for the design optimisation of future 

microfluidic blood plasma separation devices. While for low to mid-volume clinical 

sample volume   (<4 mL), microscale solutions are viable,  for high clinical sample 

volume (>4 mL) blood plasma separation traditional centrifugation approach remains the 

gold standard but is currently cost-prohibitive. In the third part of this thesis, a low-cost 

and open-source centrifugation setup for clinical blood sample volume has been 

developed. This centrifugation system capable of processing clinical blood tubes could 

be valuable to mobile laboratories or low-resource settings where centrifugation is 

required immediately after blood withdrawal for further testing. 
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Chapter 1: Introduction 

1.1 Point of care testing 

The medical industry has been reaping the benefits of Point-of-care Testing (POCT), a 

simple delivery option for performing medical testing closer to the patients since its 

inception in the 1990s. POCT devices usually do not require permanent dedicated space 

and therefore enable testing to be done outside the physical facilities of a traditional 

clinical laboratory. To date, many POCT devices have established their place in the 

market and are capable of performing numerous tests such as (but not limited to) 

pregnancy tests, infectious disease tests, sexually transmitted disease tests, cardiac tests, 

drug abuse tests, alcohol tests, blood glucose test [1], [2]. During the recent outbreak of 

coronavirus disease in 2019, the necessity of POCT was emphasized as the medical 

industry throughout the world began to collapse owing to a lack of adequate testing 

facilities. Hundreds of POCT Covid-19 detection devices, such as Abbott ID NOW, have 

been commercialized, played an important role in meeting the demand for millions of 

tests per day. Another significant advantage of POCT devices is their rapid performance 

which helps clinical personnel or physician, without minimal laboratory science 

knowledge, to quickly diagnose patients, and potentially treat more patients within a 

reduced time frame. Moreover, the immediate availability of test results helps the 

clinicians to test their patients on a regular basis which has proven advantageous for the 

detection of diseases at an early stage [3], or in repeated sampling and testing. However, 

precise test results are required for POCT devices since tests with inaccurate test 

performance may result in inappropriate treatment, increasing healthcare expenses and 

putting the patient in danger [4]. 

Microfluidic lab-on-a-chip (LOC) technologies, also sometimes called micro total 

analysis systems (μTAS), can meet the requirement of the POCT because of their 

capability of miniaturising and integrating analytical modules used in central libraries into 

a small chip that ranges in size from millimetres to a couple of square centimetres. These 

LOC devices have several advantages such as the minimum requirement in terms of 

reagent volume which eventually reduces the cost of mass production, shorter reaction 

and analysis time, portability and automation [5]. Numerous POCT based LOC devices 

and tests that are available in the market have one commonality: they all rely on the 

correct identification of biomarkers. 
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1.2 Biomarkers in disease diagnosis 

A biomarker is a measurable indicator of a particular disease. Hulka et al. defined 

biomarkers as “cellular, biochemical or molecular alterations that are measurable in 

biological media such as human tissues, cells, or fluids” [6]. Molecular biomarkers, such 

as proteins or nucleic acids, are among the several types of biomarkers that can aid in the 

diagnosis of a variety of diseases and are well suited for POCT-based LOC devices. They 

are extracted from biological fluids such as plasma, serum, cerebrospinal fluid, or urine. 

Molecular biomarkers have a wide spectrum of uses, and they are further classified based 

on their use, such as monitoring biomarkers that provide information on the status of a 

disease or medical condition, diagnostic biomarkers that detect or confirm a specific 

disease, response biomarkers that demonstrate a patient's biological response after using 

a medical product, and so on [7]. Because of the large range of applications and the 

demand for POCT, numerous research studies have been undertaken to maximise the 

performance of extraction and processing of biomarkers from biofluids. 

Among all the biological fluids in the human body, blood is the most abundant and can 

provide a universal reflection of a person’s health condition or phenotype [8]. It has three 

cellular components: erythrocytes (Red Blood Cells or RBCs, ~45%), leukocytes (White 

Blood Cells or WBCs, ~0.7%), thrombocytes (Platelets, ~1%) and a liquid portion called 

plasma (~55%). Plasma contains around 4000 different components, including lipids, 

sugars, cell-free deoxyribonucleic acid (cfDNA) fragments, vitamins, minerals, enzymes, 

hormones, antibodies, and other proteins, in addition to cellular components. Because 

blood's cellular components cause discrepancies in biological analysis, separating plasma 

from whole blood has become a prerequisite in diagnostic tests [9]. Several biomarkers 

have been identified in the blood that has been employed in a variety of applications 

spanning from diagnosis to prognosis. Table 1.1 summarises some of the applications of 

blood-based molecular biomarkers. Among these various biomarkers accessible in the 

blood, cfDNA has been analysed in different applications such as diagnosis, prognosis, 

monitoring of different diseases or health conditions like Non-Invasive Prenatal Testing 

(NIPT), immune diseases, organ transplantation and cancer. 
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Table 1.1: Different applications of molecular biomarkers available in the blood 

Application Task Example with 

required blood 

volume 

Uses Reference 

Diagnostic 

Biomarker 

Detection of a 

disease 

Estimated 

Glomerular 

filtration rate 

(eGFR), 4 mL 

volume 

Measuring the working 

condition of kidneys 

[10]–[12] 

Blood sugar or 

hemoglobin A1c, 

Finger-prick 

volume 

Type 2 diabetes mellitus 

(DM) detection 

[13]–[15] 

cell-free DNA 

(cfDNA), Finger-

prick to 10 mL 

volume 

The non-invasive 

approach in cancer 

diagnosis, detection of 

immune diseases, 

determination of fetal 

sex in non-invasive 

prenatal testing (NIPT) 

[16]–[25] 

Monitoring 

Biomarker 

Inform the 

status of a 

disease or 

medical 

condition 

Monoclonal 

protein, ~1 mL 

volume 

Showing signs of 

progressing to other 

disorders after being 

diagnosed with 

monoclonal 

gammopathy 

[26]–[29] 

Prostate-specific 

antigen, 1 mL 

volume 

Monitoring a patient 

condition during 

prostate cancer 

[30]–[32] 

Cancer antigen 

125, <3 mL volume 

Monitoring a patient 

condition during ovarian 

cancer 

[33]–[35] 

cell-free DNA 

(cfDNA), 1-8 mL 

volume 

Rapid, non-invasive 

monitoring for cancer 

[36]–[43] 



 

4 

progression, monitoring 

organ transplantation 

Prognostic 

Biomarker 

provides 

information 

on the likely 

patient health 

outcome 

prostate-specific 

antigen (PSA), 1 mL 

volume 

Evaluation of patients 

with prostate cancer in 

determining the 

likelihood of cancer 

progression 

[32], [44]–

[46] 

Plasma fibrinogen, 

2-5 mL volume 

Access the patient 

condition during 

different stages of 

cancer 

[47]–[50] 

cell-free DNA 

(cfDNA), 3 mL 

volume 

Predicts overall survival 

in cancer patients 

[51]–[53] 

Predictive 

Biomarker 

Provides 

information 

about the 

effect of a 

therapeutic 

intervention 

Human leukocyte 

antigen allele 

(HLA), ~10 mL 

volume 

Predicts the risk of skin 

reaction during abacavir 

treatment of HIV 

patients 

[54]–[57] 

cell-free DNA 

(cfDNA), 2-8 mL 

volume 

Predicts the treatment 

response of cancer 

patients 

[58]–[61] 

Risk 

Biomarker 

Informs the 

potential for 

developing a 

disease 

C-reactive protein 

(CRP) level, Finger-

prick volume 

Identification of patients 

with a greater risk of 

coronary disease 

[62]–[65] 

Apolipoprotein E 

(APOE) gene, 1-10 

mL volume 

Identification of patients 

with a higher risk of 

Alzheimer’s disease 

[66]–[70] 

1.3 Cell-free DNA (cfDNA)- a potential biomarker  

cfDNA has emerged as a potential biomarker in the diagnosis, prognosis, or monitoring 

of a variety of diseases, including fetal chromosomal abnormalities, malignancies, 

infectious diseases, trauma, myocardial infarction, stroke, and organ transplants [71], 

[72]. These are the released small (50-200 bp) fragments of DNA from cells into the 

circulating body fluids throughout the body and were first discovered by Mandel and 

Métais in 1948 in blood plasma [73]. Usually, these fragments are originated from the 

hematopoietic system in healthy individuals [74] however during physiological or 
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pathological conditions such as pregnancy, organ transplantation and cancer they can be 

released from the affected cells or tissues [20], [39], [51]. These released sub-classes of 

cfDNA such as circulating tumour DNA or ctDNA from cancer cells, donor-derived 

cfDNA or dd-cfDNA after organ transplantation, circulating cell-free mitochondrial DNA 

or ccf mtDNA released during stress or other damaging or pathological events and Cell-

free fetal DNA or cffDNA that circulates freely in the maternal blood are the main point 

of interest during disease diagnosis as they carry significant information about the disease 

condition and can be used in various non-invasive procedures. Two of such widely used 

non-invasive techniques for cfDNA testing from blood samples are NIPT and liquid 

biopsy where the former applies in the prenatal diagnosis while the latter is used in cancer 

diagnosis which saves the patients from the pre-and post-therapeutic discomfort and a 

great deal of time. However, the extraction of cfDNA from the blood sample is very 

challenging because of its low concentration in the plasma (average 30 ng/mL, range 1.8–

44 ng/mL) [75], [76]. Elevated concentration of cfDNA has been reported to be present 

during disease conditions [77]–[79] as for cancer patients the concentration goes up to 

180 ng/mL which is nevertheless difficult to detect [40], [80], [81]. These released sub-

classes of cfDNA from disease cells or tissues are distinct from an individual's normal 

cfDNA and can therefore be analysed to identify mutations using a variety of methods, 

such as PCR-based sequence-specific detection or DNA sequencing [82]. However, they 

are extremely rare which make the detection procedure more complex [83]. For example, 

ctDNA is of particular importance in cancer detection because it contains genetic 

information about the disease despite accounting for only 0.01% of total cfDNA. 

According to Emergen Research, the market for cfDNA testing will be valued at 22.41 

billion USD by 2027, up from 3.80 billion USD in 2019 [84]. Researchers have been 

investigating novel methods to extract cfDNA utilising simple and less expensive 

techniques in the last 10-15 years. Microfluidic techniques have become popular because 

they allow non-conventional approaches to be carried out without the use of complicated 

and expensive instruments.  

1.4 Microfluidics for the extraction of plasma borne molecular biomarkers 

Microfluidic POCT technology proved great potential in detection and monitoring 

various diseases by analysing a wide range of plasma borne molecular biomarkers. 

Conventionally these analyses are performed on plasma by tests like polymerase chain 

reaction (PCR), enzyme-linked immunosorbent assay (ELISA), western blotting, flow 

cytometry and a wide range of other complex techniques, which takes a long time to 
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complete and requires expensive and bulky instruments. Microfluidics technology, as a 

solution, provides simple operation with less reagent, high throughput, cheap cost, and 

rapid diagnosis. As a result, over the last two decades, there has been a significant amount 

of research into the potential of microfluidic technology in detecting molecular 

biomarkers, resulting in the development of a wide range of successful microfluidic 

detection systems. While many of the studies focused on  different proteins detection 

from blood samples such as prostate-specific antigen (PSA) detection [85]–[87], C-

reactive protein (CRP) detection [85], [88], cancer antigen 125 (CA125) detection [89], 

others looked into genomic biomarker detection (DNA, RNA) [40], [90]–[95], lipids 

(cholesterol, acylglycerols, fatty acids) detection [96]–[99] and carbohydrates (glucose) 

detection [100], [101]. 

Blood Plasma Separation (BPS) is the pre-analytical step that separates the plasma from 

cellular components for the detection of various low abundant biomarkers available in 

plasma. Traditionally, this separation is accomplished using centrifugation, which 

necessitates the use of expensive and large apparatus, making it unsuitable for low-

resource environments. In this case, microfluidics offers a rapid and inexpensive solution 

that also considerably reduces the sample preparation stages associated with 

centrifugation. Despite these developments in microfluidic BPS solutions, centrifugation 

remains the gold standard for separating higher amounts of blood than the finger-prick 

volume. This is due to the fact that contemporary microfluidic BPS devices that ensure 

near 100% separation performance have a substantially lower yield (1-15%) and flow rate 

(6-10 mL/h) [102], [103]. For example, if a downstream study requires 1 mL plasma from 

a blood sample with a 50% hematocrit (volume fraction of RBCs), a microfluidic device 

with a 15% yield and 10 mL/h flow rate will need to process at least 13mL of blood for 

more than 1 hour. The centrifugation procedure, on the other hand, can produce the same 

volume of plasma in 10 minutes with only <3 mL of the same blood sample. Another 

major limitation of currently available microfluidic BPS devices is the need for blood 

dilution to maintain high separation efficiency, which results in further dilution of 

existing rare biomarkers, such as cfDNA [104]. Devices that do not require blood dilution, 

on the other hand, have produced poor plasma yield and separation [105]. The maximum 

achievable plasma yield and flow rate of current BPS devices must be significantly 

increased in order to develop a new fully automated, high throughput microfluidic 

platform that integrates the BPS module with further downstream analysis modules on a 

single chip, which is the project's ultimate future goal. 
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1.5 Aim and scope of this thesis 

The goal of this thesis was to investigate the current microfluidic BPS devices' limitations 

in handling whole blood samples and delivering high separation efficiency and yield. 

Many of the current blood-based biomarkers, such as blood sugar, cfDNA, M-protein, 

PSA, and eGFR, require low to mid-volume (<4 mL) blood samples to produce 

statistically significant results, as shown in Table 1.1. Despite the success of the 

microfluidic approach in processing finger-prick volume (<0.5 mL) whole blood, no high 

throughput (>20 mL/h) microfluidic blood plasma separation device has delivered enough 

yield and efficiency suitable for integration within a biomarker detection assay that 

requires more than 1 mL plasma (mid-volume BPS: 1 mL to 4 mL blood) in the last one 

and a half decades. The overarching goal of this thesis was to investigate the reasons 

behind this stunted development to explore the feasibility of a microfluidic approach 

through two independent studies in the first and second years. These studies will aid in 

the development of a microfluidic BPS device with high throughput, efficiency, and yield. 

Separation efficiency is critical for downstream analysis purity, so 100% efficiency in the 

future device is desirable, while yield and throughput can be targeted at 70% and 20 mL/h, 

respectively, because exceeding this limit could cause enough shear stress inside the 

channel to lyse the RBCs.  

While a developed high throughput microfluidics BPS device with a high yield could be 

able to serve a large portion of downstream biomarker assays in the future, during the 

first two investigations, I came to the conclusion that centrifugation will continue to be 

the gold standard for assays requiring high volumes of un-diluted plasma (>2 mL) in 

applications such as Apolipoprotein E and HLA detection, early cancer detection, NIPT, 

and liquid biopsy. This is because the required high volume plasma separation will take 

a long time even with high throughput (20 mL/h) microfluidic BPS device, making the 

entire process tedious and unfeasible. Therefore, a parallel study with the microfluidic 

approach was undertaken to serve the high-volume BPS following the centrifugation 

approach. There is currently no low-cost centrifugation equipment available for large 

volumes of clinical samples. Large-volume centrifuges are bulky and expensive, making 

them unsuitable for a resource-constrained setting. Despite the availability of a wide range 

of cost-effective microcentrifuges on the market, these instruments can only handle 0.2-

1.5 mL volume and hence cannot solve the challenge of separating large volumes of 

whole blood. Thus, in this final part of this thesis, a microcentrifuge rotor was customised 

as a cost-effective, and portable alternative to the widely used refrigerated centrifuge. As 
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well as solving the issue of large volume clinical samples centrifugation, the adapted 

centrifuge could be implemented in resource-limited labs at a cost of 140 USD. 
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Chapter 2: State of the art 

Since the previous four decades, particle separation at the micron and sub-micron scale 

has become an integral aspect of chemical and biological analysis, diagnostics, and 

chemical processing [106]. As a result, advanced particle separation research has attracted 

a lot of attention. Many different separation techniques have been developed and 

investigated in a variety of research fields, including the detection of viral particles [107], 

separation of cancer cells from normal cells [108], virus cells from healthy cells [109], 

malaria-infected cells from healthy cells [110] and plasma from blood [103], [111]–[113], 

with the main goal of shifting particles from their original input trajectory in a 

microfluidic channel and collecting them at predefined outlets [114]. Among these 

diverse study domains, blood plasma separation (BPS) is very important in the analysis 

of blood since it is the first step in most diagnostic studies in this regard, where plasma, 

the liquid portion of the blood that contains wide ranges of biomarkers (e.g., proteins and 

cell-free nucleic acid), is separated from the blood cells. As mentioned earlier, 

traditionally this step is accomplished using the centrifugation technique, which has 

several drawbacks. In order to overcome the issues, microfluidic approaches for BPS 

came into play. 

2.1 Microfluidic Blood Plasma Separation (BPS) techniques 

Microfluidic-based BPS can be achieved with active or passive separation techniques. In 

the active separation techniques, an external field (e.g., electric, magnetic or acoustic) is 

used for particle sorting, whereas passive separation techniques rely solely on particle 

interaction, the microfluidic channel, and the flow field. Figure 2.1 shows a list of 

microparticle separation strategies that have been reported in the literature. Because we 

are interested in BPS at low to high volumes (usually 0.5-10 mL excluding finger-prick 

volume) in this study, the literature review will concentrate on approaches that have been 

used in BPS and are applicable to volumes of more than 0.5 mL of blood. 
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Figure 2.1: Classification of existing microfluidic separation techniques. The star rating 

systems were found to be effective in processing large volumes of blood samples in a continuous 

manner and will be discussed extensively. 

2.1.1 Passive techniques 

• Filtration 

The filtration technique is commonly used for size-based separation of particles and has 

evolved into an acceptable separation technique for BPS at low volumes [115]–[119]. 

Microfabricated filters are employed in this technique so that only plasma can flow 

through the membrane and the cells are segregated from it. However, the method is very 

prone to clogging due to the tiny pore size of the membrane and, therefore, only suitable 

for very small volumes, such as finger-prick volumes. Plasma yields in this approach 

typically vary from 200 nL and 300 μL [116], [118], [120], [121]. Hemolysis, or the 

destruction of red blood cells (RBC), is another disadvantage of the technique caused by 

elevated stress at the membrane. Several investigations have reported this, leading 

researchers to prefer to deal with diluted samples [116], [122]–[124]. One conceivable 

application for this technique in high-volume BPS devices is at the downstream part of 

the device, where it can be employed on plasma with low hematocrit (HCT) to improve 

separation efficiency. 

• Sedimentation 

Sedimentation is a slow process by definition. Without any external force, and depending 

on the HCT, it can take a long time for cells to aggregate at the bottom of their container 

Separation 
Technique

Passive 
Techniques

Sedimentation

Filtration

Hydrodynamic 
Separation***

Deterministic Lateral 
Displacement (DLD)

Inertial Separation

Active 

Techniques

Dielectrophoresis 

Magnetophoresis

Acoustophoresis***

Lab-on-a-Disc (LoD)
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and for plasma separation to occur. In a study conducted by Maria et al., it required almost 

30 minutes of sedimentation time (on the bench) to collect 1.6 μl of plasma from an 8 μl 

whole blood sample in a cylindrical well [125]. Many researchers have embraced this 

technology to process finger-prick volume samples because no external pumps are 

required for blood infusion into the device [125]–[127]. When dealing with large samples, 

however, this technology has been integrated with other separation techniques, resulting 

in successful hybrid BPS devices [117], [128]. 

• Hydrodynamic Separation 

Hydrodynamic separation is a term that refers to all techniques that rely on inertial or 

viscous effects, as well as intelligent manipulation of microchannel geometry, to extract 

a substantial volume of plasma from diluted or undiluted blood samples [112], [113], 

[129], [130]. Only BPS studies based on this passive technique will be reviewed in depth 

because it is apparent that this technique can handle large volumes of blood samples 

continuously and is not prone to clogging.  

In passive hydrodynamic separation techniques, microchannels can be designed to take 

advantage of biophysical effects such as the cell-free layer effect [131], [132], and 

bifurcation effects [120], [133] as illustrated in Figure 2.2. According to the Fahraeus-

Lindqvist law, when a mixture of fluid and particles, such as blood flows through a tube 

with a diameter of smaller than 300 μm, the viscosity starts to decrease with a decreasing 

tube diameter [133], [134]. At these small diameters, cell migration to the centre of the 

tube can be observed [135], [136]. The cell migration can be explained as an effect of two 

different forces: shear gradient lift force and wall induced lift force. While the shear 

gradient lift force tries to move the cells towards the walls of the channel, the wall induced 

lift force acts oppositely and move the cells away from the wall. The net lift force from 

these two determines the equilibrium position of the cells somewhere in the middle of the 

channel and therefore a cell-free layer (CFL) forms at the tube wall [137]. The 

hydrodynamic technique also sometimes utilises constriction-expansion regions, 

comparable to stenosis, to create additional lift forces and displace cells to desired 

streamlines, enabling separation at bifurcations or diverging outlets. The effect occurring 

at a bifurcation is sometimes described as Zweifach-Fung bifurcation law [113], [120], 

[121]. Utilising these effects ensures the generation of cell-free zones (CFZ) at the 

bifurcations, from where the liquid portion is extracted through daughter channels. 
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Figure 2.2: Graphical illustration of cells, fluid and structure interactions in microfluidic 

hydrodynamic separation devices. Reproduced from [138]. 

The inlet flow rate, among many other flow parameters, is fundamental for hydrodynamic 

separation. When employing a low inlet flow rate, many researchers have been able to 

get a considerably greater yield. Yang et al. developed a microfluidic device (Figure 

2.3.A) for continuous, real-time BPS and obtained plasma yields ranging from 15% to 

25%. They characterized this device using the sheep blood sample having 10% to 35% 

HCT and found that when a 1:6 flow rate ratio was maintained between the plasma and 

blood collecting channels, the separation efficiency was 100% after around 30 minutes of 

continuous blood infusion [139]. Human blood has a lower viscosity than sheep blood at 

higher shear rates due to the higher flexibility of RBCs in human blood [140]. Therefore, 

the device could be capable of flowing blood with much higher HCT. The flow rate of 

0.01 mL/h utilised in their experiment, on the other hand, is extremely low and unsuitable 

for practical applications. Similarly, Faivre et al. also incorporated a low flow rate of 0.2 

mL/h in their investigation where for the first time they introduced a constriction region 

in their device before the bifurcation region and achieved a diluted plasma yield of about 

24% [131]. Although these two devices produced substantial plasma yields, a device 

capable of extracting plasma from several mL should be able to operate at a much higher 

flow rate while maintaining high separation efficiency. 

Development of devices having higher flow rates also have been reported but failed to 

yield any promising results. Jaggi et al., for example, employed a three-dimensional 

microchannel network to operate with high flow rates of 120 and 300 mL/h [141]. When 

working with 45% feed HCT, however, the separation efficiency was as low as 30% 
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(Figure 2.3.B) and the yield of the device has not been reported. Tripathi et al. developed 

a microdevice that could flow undiluted blood samples at a rate of 30 mL/h in another 

investigation [112], although the yield was low (1%-6%) (Figure 2.5.B).  

 

 

Figure 2.3: Hydrodynamic BPS devices developed by Yang et al. and Jaggi et al. (A) (Left) An 

overview of the separation device developed by Yang et al. which is designed to have a whole 

blood inlet, a purified plasma outlet, and a concentrated blood cell outlet. Each channel is 5 

mm in length. (Right) Snapshot of the zoomed part showing plasma flow through the side 

channel [139]; (B) (Left) schematic of a three-dimensional, high aspect ratio microdevice 

developed by Jaggi et al. (Right) A snapshot of the separation device with high-aspect-ratio 

channels. Channel boundaries are outlined with black lines [141] 

Aside from the inlet flow rate, there are several other variables that can be tweaked to 

improve BPS efficiency, including the constriction-expansion region, microchannel 

geometry, feed HCT, and the number of constrictions. Tripathi et al. compared their 

designed microdevice's performance as a function of dependent governing parameters 

such as flow rate, feed HCT, and microchannel geometry [130]. Two distinct expansion 

ratios (width of the constriction to the width of the blood outlet channel), 1:4 and 1:8, 

were tested in various designs, and the device with the higher expansion ratio had a lower 

efficiency. They concluded, however, that even with a model with a high expansion ratio, 

efficiency may be improved by using a much higher flow rate. But the high shear stress 
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generated inside the channel due to such high flow rates might increase the likelihood of 

cell damage. The maximum separation efficiency achieved in their study was over 90% 

for the blood with 7% HCT with a plasma yield of 4.5%. High HCT blood, on the other 

hand, reduced efficiency. In another design, the authors added cascading microchannels 

to the plasma extraction channel to further separate the cells from the collected plasma 

and improve separation efficiency. However, the boost in efficiency came at the expense 

of plasma yield (1.2%). 

 

Figure 2.4: Hydrodynamic BPS devices developed by Faivre et al. and Sollier et al. (A) 

Geometrical focusing of cells in the constriction-expansion microdevice from [131]; (B) Single 

constriction developed by [132] where plasma is taken out from the cell-free zone at the 

bifurcation. 

Many studies have used a constriction region before the bifurcation to improve cell-free 

zone width (CFZW) by focusing the cells on the middle of the channel, or at one side of 

the bifurcation channel. As previously mentioned, Faivre et al. reported the first 

comprehensive study using single constriction-expansion, in which they found that the 

enhancement of the CFZ is dependent on several factors, including the length of the 

constriction region, the viscosity of the suspending fluid, the concentration of the cells, 

the deformability of the cells, and the width of the constriction [131]. Plasma yield during 

their experiment was comparably higher, almost 24%. However, they worked with diluted 

blood of 16% HCT and most importantly, as discussed in an earlier section, with a very 

low flow rate of 0.2 mL/h. The BPS device used in their study is shown in Figure 2.4.A. 

Sollier et al. tested several passive geometries to characterise the influence of geometric 

singularities and constriction in the BPS device, and with their final design which has a 

single constriction region (Figure 2.4.B), they were able to achieve a greater plasma yield 
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of 17.8% with 1:20 diluted blood [132]. The samples they collected throughout their 

experiment were scientifically validated, and there was no evidence of protein loss or 

hemolysis. The authors also stated in their concluding remarks that cascading of such 

bifurcation could result in a substantially greater yield. Similarly, Rodrguez-Villarreal et 

al. designed another single bifurcation device that can handle whole blood and along with 

the constriction effect, they evaluated the effect of temperature (as high as 50°C) on the 

CFZW, concluding that temperature can play a substantial role in this type of arrangement 

[142]. The separation efficiency in their experiment reached up to 97% at 37°C with a 

high flow rate of 12 mL/h, with no sign of hemolysis. Reduced blood viscosity at high 

temperatures may have aided in achieving improved efficiency in this study. The device 

schematic is shown in Figure 2.5.A. Although the blood can be damaged at temperatures 

exceeding 50°C [143], no cell damage was observed in this investigation. This could be 

due to the cells' brief exposure period to high temperatures as a result of high flow rates. 

 

Figure 2.5: Hydrodynamic BPS devices developed by Rodrguez-Villarreal et al. and Tripathi et 

al. (A) Schematic showing the direction of the flow and separation of the plasma after the 

constriction [142] (B) Device with a bent constriction tested with blood having 62% HCT [112] 

In another work, Tripathi et al. [112] demonstrated separation of blood with up to 62% 

HCT, which is much higher than HCT recorded in prior investigations [105], [144], [145]. 

Their design included a constriction before the single bifurcation, as well as a bend before 

the constriction to bring the centrifugal effect into account. The schematic of this device 

is shown in Figure 2.5.B. They achieved nearly 100% separation efficiency with a yield 

ranging from 1 to 6%, depending on the HCT and the plasma channel resistance utilised, 

using raw blood with 42% HCT at a 30 mL/h flow rate. Furthermore, the separation 
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efficiency was 95.3% for blood with 50% HCT, and for 62% HCT, with no visible CFZW, 

the separation efficiency came down to nearly 84%. Shatova et al., on the other hand, 

designed a constriction−expansion BPS device that they claimed achieved 99.96% purity. 

Instead of sudden increase as in prior designs, this design used a progressive expansion 

after the constriction. The device (Figure 2.6.A) was tested with a range of whole blood 

samples (40-50% HCT), and the yield was 9% [144]. However, when using this undiluted 

blood, the device's plasma throughput of 0.3 mL/h makes it less appealing in assays that 

require large volumes of plasma in a short time period. Namgung et al. also designed a 

biomimetic microfluidic BPS device with arteriolar Y shaped bifurcation and tested with 

40% HCT blood. They were able to attain 99.9% separation efficiency with a greater 

bifurcation angle (ϴ=60°). It will be difficult to design cascading bifurcation in such 

setting which will result in poor plasma yield. 

 

Figure 2.6: Hydrodynamic BPS devices developed by Shatova et al. and Kersaudy-Kerhoas et 

al.  (A) (Top) Schematic of the experimental setup; (Bottom left) Schematic of the BPS device 

design, device dimensions in mm; (Bottom right) Microscope image of the device with gradual 

expansion for separation of plasma from undiluted blood [144]; (B) Hydrodynamic BPS device 

having several bifurcations after a single constriction region [105] 

Kersaudy-Kerhoas developed a  BPS device (Figure 2.6.B) with a series of bifurcations 

and a single constriction region, which was only tested with diluted blood samples [105], 

but the results were not satisfactory. Following that, several constrictions rather than a 

single one helped to boost plasma yield (Figure 2.7.A). This new design increased the 

purity to 100% while increasing the yield to 8% [113]. Finally, in his PhD research, 

Mielczarek improved the previous device [113], increasing the yield from 8% to nearly 

14% when dealing with non-diluted blood with HCT ranging from 38% to 42% [102]. 

When the inlet flow rate was 5-9 mL/h, his device's separation efficiency was about 95% 

with whole blood (Figure 2.7.B), while a 1:1 blood dilution resulted in 100% efficiency 
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(HCT 23%). A downstream sedimentation module has been further incorporated with the 

hydrodynamic BPS part to remove the cells remaining in the plasma.  

 

Figure 2.7: Hydrodynamic BPS devices developed by Kersaudy-Kerhoas et al. and Mielczarek 

(A) BPS device having constriction region before each bifurcation [113]; (B) (inset) 

Photograph of cell separation at a bifurcation, (top) Isometric view of a hydrodynamic BPS 

device developed by Mielczarek [102]. 

• Deterministic lateral displacement (DLD) 

Deterministic lateral displacement (DLD) can be understood as a sub-category of 

hydrodynamic separation. This size-based cell or particle sorting technique uses “bump 

arrays” to separate streamlines in a flow [146]. These are the arrays of obstacles with gaps 

larger than the particle size and particles select their path deterministically based on their 

size and deformability [147]. Despite the success of this technique in successful cell 

sorting [148], [149], it still needs blood dilution, a pre-requisite for this technique. 
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Furthermore, because this technique frequently results in limited throughput, it is not well 

suited to huge volume samples of complex matrices like whole blood [63]– [65].   

• Inertial separation 

The inertial technique, which is also widely regarded as a side branch of hydrodynamic 

separation and is capable of dealing with large volumes of samples, has gained a lot of 

attention in the microfluidic community in recent years as a novel method for controlling 

and governing particles in microfluidic channels  [152], [153]. In this technique, the net 

inertial lift force (the difference between shear-gradient lift and wall-induced lift force) 

and dean drag force are primarily used, and a balance between these forces determines 

the route and magnitude of particle movement across the channel, depending on particle 

size [154]. The key reason behind not acknowledging this approach in our project is that 

blood dilution is a precondition in this technique because treating a rich quantity of cells 

would be impossible by the inertial forces and thus the technique has mainly been used 

in cell sorting, particularly for low-concentration samples [155]–[159]. 

2.1.2 Active Techniques 

• Dielectrophoresis (DEP) 

Dielectrophoresis (DEP) phenomenon occurs when there is a difference in the 

permittivity between the particle and the surrounding medium. During this phenomenon, 

a force is exerted on a dielectric particle when it is subjected to a non-uniform electric 

field [160]. The size of the particle, the electrical characteristics of the particle and the 

medium, and the amplitude and frequency of the applied electric field all influence the 

magnitude and polarity of DEP [161]. Among the two types of DEP, positive and negative 

DEP, negative DEP is preferable for cell separation in biomedical and chemical analysis 

because of the safety of the cell function [160] where particles move away from the 

electrode. However, this method is flawed because of the longer time requirement of 

particles to go through the electric field to obtain higher separation accuracy and, 

therefore, often reported as a low throughput technique [68]–[72]. Moreover, due to the 

long operating time, mostly it is used to deal with micro-volume of blood samples [145], 

[165]. 

• Magnetophoresis 

The magnetophoretic method of separation is based on the difference of magnetic 

susceptibility in cells by applying a magnetic field around the microfluidic channel [167]. 

The associated setup cost to this technique is cheaper compared to other active separation 
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techniques [105]. However, this technique has not been used widely in BPS, and the flow 

rate of 0.6 mL/h used in blood plasma extraction by Kim et al. is very low and not viable 

for practical applications [168]. It takes a long time to focus the cells, similar to the 

dielectrophoretic approach, resulting in a low flow rate and generally dealing with low 

volume samples. Vemulapati and Erickson recently developed their High-Efficiency 

Rapid Magnetic Erythrocyte Separator (H.E.R.M.E.S) sleeve, which employs magnetic 

beads to efficiently separate plasma from a 1mL whole blood sample with an average 

purity of 99.9% and a yield of 77% [169]. However, the equipment is not cost-effective, 

and processing a 10 mL undiluted blood sample will most likely cost more than $100. 

• Acoustophoresis 

Acoustic based separation techniques utilize the interaction of the acoustic waves and 

cells to separate cells from the sample [170], [171]. Transducers composed of 

piezoelectric materials are commonly utilised to produce acoustic waves in this technique. 

These piezoelectric materials produce an electric current when they are placed under 

mechanical stress, called the direct piezoelectric effect [172]. It is also possible to create 

a converse piezoelectric effect, which is the production of mechanical strain in the crystal 

induced by applying an electric field and is mainly used in acoustophoretic separation.  

Bulk Acoustic Waves (BAW) and Surface Acoustic Waves (SAW) are the two main 

categories of the acoustophoretic technique. Inverse piezoelectricity causes a mechanical 

strain when an electrical field is formed at the electrodes on the substrate. As a result, the 

frequency of the AC signal causes piezoelectric materials to vibrate. The entire 

piezoelectric material vibrates in BAW, and the generated waves propagate through the 

bulk of the substrate [173]. Acoustic waves in SAW, on the other hand, only travel 

through the surface of the piezoelectric material [174]. SAW can be further subdivided 

into standing surface acoustic waves (SSAW) [175], where the acoustic waves from two 

different opposite facing interdigital transducer (IDT) meet each other to generate a 

standing acoustic wave on the surface and travelling surface acoustic waves(TSAW), in 

which only one IDT is used to create a travelling acoustic wave on the surface [176]. 

Here, IDT is the widely used configuration of electrodes to generate SAW on the surface 

of a piezoelectric crystal firstly reported in 1965 by White and Voltmer [177]. 

The working principles for SAW and BAW are quite different. In SAW, two identical 

IDTs are fabricated on a piezoelectric substrate, and a microfluidic channel is aligned 

between the IDTs. Each IDTs comprise an array of metal electrodes with a signal input 

port and ground port. Therefore, two neighbouring electrodes have opposite polarities in 
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their electric field when radio frequency (RF) signals of equal amplitude are applied to 

the electrodes. Because of the inverse piezoelectric effect, periodic elastic stresses can be 

generated along the surface by the periodic electrical field, which finally results in 

acoustic waves propagating away both sides from the IDTs [174], [178]. In this same 

way, applied alternating voltage on the other sided IDT generates another SAW. As a 

result, these two waves with the same frequency and amplitude propagate in opposite 

directions toward the particle solution inside the microfluidic channel and create a 

standing wave field at the centre. Whereas, in BAW devices, microfluidic channels are 

made of materials with high acoustic impedances like glass or stainless steel to provide a 

significant impedance mismatch between the fluid medium and channel material [179]. 

Therefore, when the acoustic waves travel inside the channel, the channel walls serve as 

reflectors. By adjusting the width and depth of the channel, it is possible to generate 

standing acoustic waves inside the microfluidic channel [180].  

The standing acoustic waves created either by SAW or BAW provide a periodic 

distribution of pressure nodes (minimum pressure amplitude) and anti-nodes (maximum 

pressure amplitude) inside the microfluidic channel. The generated force in these periodic 

fluctuations is used in cell separation. Cells with different sizes experience varying 

degrees of radiation forces and move toward the pressure node. Figure 2.8 explains the 

principle of free flow acoustophoresis in multiplex mode separation [181]. Two main 

forces are considered during acoustophoretic separation, namely acoustic radiation forces 

and acoustic streaming induced drag forces [182], [183].  

 

Figure 2.8: Schematic of free flow acoustophoresis for multiplex separation of mixed 

suspensions where the blue particles experience a larger force than the smaller yellow and red 

ones and are thus moving faster to the central pressure node. The yellow ones experience less 

force, therefore, they moved a little bit towards the pressure node while the smallest red particles 

do not experience any force [181].  



 

21 

The primary acoustic radiation force (𝐹𝑟) and the viscous force (𝐹𝑣) on a particle can be 

expressed as [184]–[187]: 

 

 
𝑭𝒓 = −(

𝝅𝒑𝟎
𝟐𝑽𝒄𝜷𝒘

𝟐𝝀
)𝝓(𝜷, 𝝆)𝐬𝐢𝐧(𝟐𝒌𝒙) (2.1) 

 

 
𝝓 =

𝟓𝝆𝒄 − 𝟐𝝆𝒘
𝟐𝝆𝒄 + 𝝆𝒘

−
𝜷𝒄

𝜷𝒘
 (2.2) 

 

 𝑭𝒗 = −𝟔𝝅𝝁𝒓𝒖𝒓 (2.3) 

Where, 𝑝0, 𝑉𝑐, 𝜆, 𝑘, 𝑥, 𝜌𝑤 , 𝜌𝑐, 𝛽𝑤, 𝛽𝑐, 𝜇, 𝑟,and 𝑢𝑟 correspond to pressure amplitude, particle 

volume, ultrasonic wavelength, wave vector, distance from a pressure node, density of 

the medium, density of particles, compressibility of the medium, compressibility of 

particles, viscosity (dynamic) of the medium, particle radius, and relative velocity, 

respectively. The acoustic radiation force is dominant compared to the viscous drag force. 

𝜙 denotes the acoustic contrast factor in Equation (2.1) which depends on both 𝜌𝑐 and 𝛽𝑐, 

in relation to the corresponding properties of the medium (𝜌𝑤,𝛽𝑤). The relationship can 

be found in Equation (2.2). If 𝜙 < 0, particles will gather at the anti-node, but if𝜙 > 0, 

particles will move toward the pressure node. Both of these cases depend on the relative 

density and compressibility between the particles and the medium [188]. Generally, most 

biological particles in the liquid medium are moved toward the pressure node [189]. 

As the acoustic radiation force is proportional to the volume of the cells and viscous drag 

force is proportional to the radius of the cells, cells with different sizes will arrive at the 

pressure node at different speeds. Such as, for a blood sample, WBCs will move faster 

compared to the RBCs with a smaller size. Because acoustophoresis has the ability to 

handle large volumes of samples while maintaining a continuous flow separation, it is our 

preferred approach among active techniques. 

The acoustophoretic technology for separating blood components has a large literature 

base and a lot of attention. The majority of researchers incorporated this technique in cell 

sorting, and only a few of them used it in BPS. Also, blood dilution was a prerequisite in 

almost all of them. Peterson et al. demonstrated an acoustophoretic separation device 

(Figure 2.9.A) using BAW, which can separate lipid emboli from the shed blood sample 

recovered during cardiac surgery [190]. Initially, lipid particles were mixed with the 

blood which were later on removed through the designated side outlet. However, to 
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achieve acceptable separation efficiencies, sample concentrations of around 5-10% by 

volume were necessary. The study ensured that applied ultrasound during acoustophoretic 

separation does not hamper the sample quality. In a similar study, Urbansky et al. used a 

two-stage BAW device (Figure 2.9.B) and separated low abundant mononuclear cells 

(MNCs), part of the white blood cell population, from RBC with a 2800-fold enrichment 

and 88% recovery rate [191]. Nonetheless, the central buffer inlet present in their design 

plays a crucial part during the separation process and makes it less attractive for undiluted 

samples.  

 

Figure 2.9: Acoustophoretic separation devices developed by Peterson et al. and Urbansky et 

al. (A) Lipid particles separated from erythrocytes at the trifurcation of 350 mm separation chip 

with ultrasound turned on [190]; (B) Separation of mononuclear cells (lymphocytes and 

monocytes) from blood using a two-stage acoustofluidic separation device [191] 

Microfluidic based platelet separation from blood has become a topic of great importance 

in biochemical analyses and clinical diagnosis because the conventional method used to 

separate platelet using high-speed centrifugation might lead to platelet activation caused 
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by mechanical shear stress [192], [193]. Nam et al. presented SSAW based separation 

method to separate platelets with a 98% purity from undiluted whole blood [194]. To 

avoid platelet activation due to shear, they added a sheath flow from two side-inlets 

(Figure 2.10.A), which hydrodynamically concentrated the blood sample before entering 

the active zone. Their technique could be effective in BPS, where a constriction zone 

could take the place of the current cell focusing mechanism. However, due to the small 

active region in the microchannel provided by the IDTs, the device has a low flow rate 

(0.015 mL/h), which may be difficult to enhance using SSAW. To ensure high 

throughput, Chen et al. have come up with their BAW based separation device (Figure 

2.10.B) where they increased the performance to 600 mL/h and achieved more than 80% 

RBC/WBC removal and platelet recovery from whole blood [195]. Despite using a 

dextrose buffer from the top input, the researchers kept mixing to a minimum by matching 

the acoustic impedances of the two fluids and putting a pump with the same inlet flow 

rate at the top outlet. However, matching the impedance is challenging and yet very 

crucial because a slight difference in impedance, e.g., 0.1% between two fluids, can 

induce fluid mixing in a resonant acoustic field [196]. In a recent study, the same group 

improved their device even further, achieving a sample throughput of 1200 mL/h while 

increasing platelet recovery and RBC/WBC clearance to nearly 90% with this new device 

built entirely of plastic [197]. 
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Figure 2.10: Acoustophoretic separation devices developed by Nam et al. and Chen et al. (A) 

Separating platelets from blood cells by a SSAW device [194]; (B) High-throughput separation 

of platelets and blood cells using a BAW technique [195]. 

Back in 2009, Lenshof and his colleagues presented the first acoustofluidic-based BPS 

device capable of handling whole blood with a high HCT (40%) [111] and a sequential 

blood cell removal technique. Processing whole blood using active techniques is difficult, 

as previously stated because focusing cells from a sample with a higher concentration 

inside the limited active region of a BPS device takes a long time. Furthermore, 

concentrating such a large number of cells at the pressure node is difficult. The study 

examined four different designs with different separation channel lengths to overcome 

the first problem. The 224 mm long device with four meanders was able to remove 12.5% 

of plasma volume while retaining 100% separation efficiency. Several extra cell outlets 

were placed in the centre of the separation channel to help the cells focus on their design, 

as illustrated in (Figure 2.11), which gradually reduces the HCT level. Later in 2013, the 

same group modified their previous design in order to boost plasma yield which recovered 

33% plasma volume [198]. However, the inlet flow rate of 3 mL/h achieved in their 

experiment needs to be increased further. Later, Karthick et al. improved the design of 
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[111] by increasing the dimension of the channel near the cell-extraction outlet to reduce 

the effect of shear-induced diffusion, which is the diffusive mobility of microparticles in 

a shear flow due to hydrodynamic interactions, between the neighbouring particles [103]. 

Furthermore, in their proposed design, cell extraction outlets were decreased from four to 

three, allowing for a higher plasma flow rate. They were able to separate plasma at a rate 

of 1.32 mL/h while using whole blood (40% HCT) at a flow rate of 6 mL/h. 

 

Figure 2.11: Acoustophoretic BPS device developed by Lenshof et al. (A) Plasmapheresis Chip 

developed [111] where the enriched blood cell fractions are taken out through outlets A-C 

which helps decrease the HCT gradually in the channel. The remaining focused blood cells 

exit through outlet D while the clean plasma fraction is withdrawn from exit E.  

• lab-on-a-disc (LoD) 

Over the last two decades, centrifugal microfluidic devices, also known as lab-on-a-disc 

(LoD) systems, have become increasingly popular, with the fluidic platform taking the 

shape of a compact disc and fluidic channels and chambers arranged on the surface. 
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During the operation, the created centrifugal force assists in moving the sample from the 

centrally placed input to the designated outlets on the disk's edge via microfluidic 

channels, where particles of various densities are then separated from their liquid mixture 

by precise design choices. This approach has several advantages, including the fact that 

it does not require an external pump and that numerous blood analysis processes can be 

combined onto a single disc [199]. The method's primary downside is that it has mostly 

been used for finger-prick volume blood separation [199]–[203], and the separation 

performance is strongly dependent on blood dilution [204]. Li et al. recently reported that 

their centrifugal microfluidic system successfully isolated 1.6 mL of plasma from a 4 mL 

whole blood sample (Figure 2.12). Later, using immiscible phase filtration, the collected 

plasma was used to isolate cfDNA quickly [205]. 

 

Figure 2.12: Centrifugal microfluidic system developed by Li et al. Plasma separation protocol: 

(A) the whole blood and DNA extraction reagents were first added into the chamber. (B) The 

disk was then accelerated to 120 rpm and then to a sedimentation frequency of 3600 rpm where 

it remained for 4 min for plasma separation. 
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2.2 Open-source centrifugal procedures 

While traditional centrifuge systems have a number of fundamental drawbacks, such as 

cost and size, centrifugation remains an appealing approach, especially when dealing with 

high volumes samples (>4 mL) and minimum downstream processing integration is 

required. Unlike microfluidic solutions, it does not clog and is rather easy to use. 

However, cost remains an issue, which is why academic researchers have tried to develop 

open-source microcentrifuges using additive manufacturing and have achieved very 

promising results by overcoming the limitations of traditional centrifuges. A number of 

research groups have focused their efforts of DIY and open-source on minute sample 

amounts [206], [207]. However, here I will only discuss some of the open-source 

microcentrifuge systems where researchers have been able to process at least 4 ml of a 

sample through their developed devices and the production cost is less than $150.  

Patel et al. constructed a portable, low-cost microcentrifuge that achieved speeds of up to 

7000 rpm (~550×g)  utilising a DC motor, as illustrated in Figure 2.13.A [208]. Although 

the achievable speed is very high, the usage of glass test tubes in their microcentrifuge 

will increase the blood handling step. They were able to remove zinc oxide nanomaterial 

from deionized water using this 3D printed device. The gadget has not been tested on 

biological samples, and their publication lacks further performance analysis. With a 

constructed hand-powered centrifuge, Sule et al. have been able to achieve the relative 

centrifugal force (RCF) of up to 700×g where their entire device costs just $27 [209]. 

They also employed glass test tubes in their device (Figure 2.13.B) and most importantly, 

the device is not safe to use with biological samples because it lacks a protective cover. 

Typically, plasma separation requires at least 10 minutes of centrifugation with a 

refrigerated centrifuge with a capacity of around 2000×g and maintaining that time with 

a hand-powered microcentrifuge will be challenging. 
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Figure 2.13: 3D printed centrifuges for high volume sample separation (A) Block diagram of 

3D printed centrifuge includes the embedded system, DC motor, power supply and speed 

regulator [208] (B) Fully assembled open source hand-powered centrifuge [209]. 

In addition to these open-source microcentrifuges, there are some low cost (<$150) CE 

marked commercial alternatives available in the market, from SciQuip (SciSpin MINI 

Microfuge) and Camlab (Camlab D1008 Mini Centrifuge). The major limitation is that 

they can only manage a maximum volume of 1.5 ml sample.  

2.3 Conclusion 

From the cited literature, it can be concluded that passive techniques are preferable for 

efficient microfluidic BPS because of their high flow rate. Active devices are appealing 

in terms of purification efficiency, but because they require a longer residual time to 

expose cells to a physical field for successful sorting, it is difficult to achieve a high flow 

rate with them. Passive approaches are also simple and inexpensive to manufacture. 

Acoustic separation stands out from the rest of the active techniques for BPS. It can 

process whole blood while maintaining high separation efficiency and recovering a 

significant amount of plasma, resulting in a higher device yield. However, the flow rate 

achieved in [103], [111], 5 mL/h, and 6 mL/h, respectively, appear to be low. But, this 

technique could be integrated at the downstream part of the passive hydrodynamic BPS 

device where the volume fraction of RBC will be much higher. This high HCT blood can 

be separated using acoustophoresis with a higher frequency piezoelectric transducer, 

increasing the hybrid device's yield.  

After analysing the hydrodynamic based BPS designs discussed earlier, it can be noticed 

that the number of bifurcations along with a constriction region before each bifurcation 

improves the separation efficiency and yield [102], [113], [130]. This is due to the fact 

that when working with a high flow rate, one bifurcation is insufficient to remove a large 
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volume of plasma. Also, it has been noticed that the CFZW decreases gradually at each 

subsequent bifurcation [102], [113] and blood HCT typically increases above 

physiological levels after each separation region, following plasma extraction. Therefore, 

as the channel progresses the CFZW gets smaller at each subsequent bifurcation because 

of the increasing volume of cells. As this CFZW highly depends on the flow rate ratio of 

the plasma and cell primary channel [131], a gradual increment in the flow rate ratio 

between these two outlets at each bifurcation could help to maintain a constant CFZW 

throughout all the expansion regions. Along with these discussed design considerations, 

the following aspects from prior studies should be considered while designing a high yield 

BPS device in the future. 

• Length of the constriction region [131] 

• Number of bifurcation [102] 

• An expansion ratio between the width of the blood and plasma channels [130] 

• Gradual increase of the expansion region after the constriction [144] 

One common concern in the majority of the cited literature is that most techniques require 

blood dilution in order to circumvent the cell-cell interaction which is detrimental to the 

device’s performance. These hydrodynamic interactions between the cells deviate the 

cells from their particular trajectory in a sample with a high HCT, resulting in decreased 

separation efficiency. Another reason to use diluted blood is to avoid hemolysis caused 

by high shear stress inside the channel when dealing with high HCT blood samples. When 

shear rates exceed 200 to 300 per second, blood viscosity reaches its lowest constant 

plateau [210]–[213]. As an example, a shear rate of ~1100s-1 can be calculated for a 

microfluidic channel having a cross-section of 200 µm × 50 µm with at a 1 mL/h flow 

rate. In our lab, we are primarily interested in flow rates greater than 5 mL/h in our pursuit 

to design a high yield and throughput BPS device, and the cross-section of the main 

channel of such devices will be similar to or smaller than the example provided. As a 

result, in future experiments, the viscosity of blood should remain constant, similar to that 

of a Newtonian fluid, and the pressure gradient should maintain a linear relationship with 

the flow rate. This increment of pressure gradient will eventually increase the wall shear 

stress which could lead to hemolysis. While hemolysis could be neglected by maintaining 

a minimum flow rate, such a low flow rate is not desirable in future studies. Therefore, 

before designing a BPS device capable of handling whole blood, it is crucial to understand 

why diluted blood is used, which is a major drawback of most existing devices. Additional 

factors that could limit the efficiency or yield of the BPS device will also be investigated. 
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The following chapter (Chapter 3) will primarily focus on the underlying issues 

influencing the efficiency and yield of microfluidic BPS, as well as possible solutions.  

Syringe pumps are commonly employed in microfluidic devices to maintain steady flow 

rates. The fact that these extensively used stepper motor driven low-cost syringe pumps 

exhibit flow fluctuation is a major drawback. This fluctuation can have an impact on a 

BPS device's separation efficiency. The impact of these flow fluctuations on the 

separation performance of hydrodynamic devices will be investigated in Chapter 4.  

The previous chapter emphasized our lab’s future aim to develop a microfluidic-based 

plasma separation method with high throughput, yield, and efficiency. However, several 

studies have demonstrated that simultaneously increasing the flow rate and efficiency of 

the BPS device is difficult. Based on this prior research and the fact that blood cells may 

be damaged by higher shear stress at high flow rates in a tiny microfluidic channel, it can 

be estimated that the flow rate of our future designed device will be around 20 mL/h. 

Although this high flow rate will be beneficial in many studies that require low to mid-

volumes of plasma (<2 mL), many others that require much larger volumes of plasma (~5 

mL) will opt for the centrifugation method over the microfluidic BPS because extracting 

such large volumes of plasma will require a lot of time. The fundamental problem with 

commercial refrigerated centrifuges is that they are extremely expensive, and the less 

expensive options, such as microcentrifuges, can only handle a small volume sample. 

Chapter 5 presents the design of a low-cost centrifuge solution as an alternative to 

microfluidic techniques in high volume BPS. The primary outcomes of this research study 

are presented in Chapter 6, as well as the study's future prospects. A diagram linking all 

chapters of this thesis is presented in Figure 2.14. 
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Figure 2.14: Diagram of the thesis customisation 
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Chapter 3: The effect of elevated hematocrit on human blood flow in a 

microchannel 

3.1 Introduction 

A comprehensive literature review (Chapter 2) of active and passive microfluidic blood 

plasma separation (BPS) techniques to separate plasma from whole or diluted blood 

samples has highlighted a major concern for higher than finger-prick volume (typically > 

0.5 mL) BPS. Most techniques require blood dilution which results in further dilution of 

the already rare biomarkers available in plasma and therefore greatly affects the 

sensitivity of the downstream analysis. This dilution is often necessary to reduce the 

interaction between blood cells. For a sample with a high-volume fraction of erythrocytes, 

or hematocrit (HCT), the interaction between the cells may deviate the cells from their 

particular trajectory and result in poorer separation efficiency. Another reason for dilution 

is to avoid hemolysis of erythrocytes, or Red Blood Cells (RBCs), due to high shear stress 

inside the microchannel. 

Hemolysis can be defined as the destruction of red blood cells which leads to the release 

of hemoglobin from within the red blood cells. In vitro, outside the body, hemolysis can 

occur during the collection of blood specimens or by the effects of mechanical processing 

of blood during sample preparation. For example, mixing samples too vigorously can 

cause hemolysis due to cells being exposed to larger shear stress for a certain time [214], 

[215]. When blood with high HCT is required to flow with a certain flow rate, the pressure 

gradient inside the channel will be higher compared to what is needed for low HCT blood. 

This high shear stress can be a cause of hemolysis inside the microchannel. Shear stress 

as low as 0.15 KPa has been reported to lyse RBCs in less than 100 seconds [216].  If 

hemolysis occurs inside a microfluidic device, the released contents will mix with the 

plasma and degrade the purity of the plasma, resulting in low selectivity, sensitivity, and 

erroneous results in subsequent diagnostic tests [217]–[219]. 

The hydrodynamic separation technique, which does not require external fields and has a 

high throughput and separation performance, was highlighted in the previous chapter as 

the most suitable passive separation technique for processing higher volume of blood 

volume than finger-prick volume (usually > 0.5 mL). As stated previously, the technique 

mainly uses two bio-physical effects called the cell-free layer (CFL) effect [220], [221], 

and bifurcation effects [120], [133] along with the constriction-expansion regions to 

separate RBCs from the liquid plasma part Despite the fact that this technique has been 

demonstrated to be successful in separating large volumes of plasma, the separation yield 



 

33 

is currently quite low, with a maximum of 14% at a relatively high flow rate (~9 mL/h) 

[102]. The most likely solution to this problem is to increase the number of constriction 

and bifurcation regions, which will result in a substantially higher plasma yield by 

directing a larger quantity of plasma to the specified side outlet. However, integrating a 

large number of bifurcation channels on the sides of the main channel to improve plasma 

yield might raise a number of issues, which will be discussed in the following paragraphs 

with the help of Figure 3.1. 

 

Figure 3.1: Schematic of a hydrodynamic BPS device illustrating the increment of the volume 

fraction of RBC (HCT) after each bifurcation (NB: This is not an actual device schematic, only 

a visualization). In this theoretical projection, plasma outlets are assumed to have 100% purity 

(no red blood cells).  

In a hydrodynamic BPS device, when plasma is extracted from the cell-free zones (CFZ) 

via daughter channels, HCT in the main channel increases after the bifurcation. Therefore, 

providing a higher number of plasma extraction channels by increasing the number of 

bifurcations will increase the HCT after each bifurcation. As an example, the BPS device 

presented in Figure 3.1 has three bifurcation regions with six plasma extraction channels. 

If 1000 μL of whole blood with 50% HCT is processed by the BPS chip and 250 μL of 

plasma is transported through the first bifurcation's plasma extraction channels, the blood 

with 66.66% HCT will be delivered to the second bifurcation region. Blood will flow 

through the remaining bifurcation regions in the same way, and if 150 μL of plasma and 

50 μL of blood travel through the extraction channel at the second and third bifurcations, 

respectively, the output will have 550 μL of blood with an HCT of 90.91%. Because 

plasma is the main carrier fluid for blood cells, it is essential to figure out if such high 

HCT blood can be processed down a microfluidic channel. If this high HCT blood sample 

clogs the main channel, cells will begin to invade the plasma extraction channel, reducing 

separation efficiency. Hemolysis, as previously mentioned, could be a subject of concern. 

Blood viscosity rises with increasing HCT for a given shear rate [212]. As a result, with 

higher HCT blood at different bifurcations, a higher force will be required to maintain a 
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consistent flow rate. This will raise the pressure gradient within the microchannel, 

perhaps resulting in hemolysis. Therefore, two research problems have evolved in 

designing a viable BPS device with high purity, yield, and no dilution: 

• First research question: What is the highest volume fraction of RBC that can be flowed 

through a microfluidic channel that is similar in size to what is used in a BPS device 

without clogging it? The answer to this question will provide an upper limit of separation 

yield for such devices. This upper limit has never been established before. 

• Second question: With such a high HCT, what is the maximum blood inlet flow that can 

be delivered while avoiding cell damage? This answer will reveal the highest flow rate 

that the future BPS device can achieve, and it has never been investigated previously.  

The technical work included in this chapter focuses on answering these two questions and 

has been presented at International Conference on Miniaturized Systems for Chemistry 

and Life Sciences (microTAS 2020) and Emerging Investigators in Microfluidics 

Conference (EIMC 2021). Experiments have been carried out with straight 

microchannels. To answer the first question, blood with HCT varying between 60% and 

90%, was flowed through the microchannel at various flow rates while measuring the 

pressure inside the channel. The post HCT measurement of each trial has provided the 

answer for the second question. Prior to discussing the materials and methods utilised in 

these experiments, the next part introduces additional theoretical concepts that are 

necessary to comprehend the underlying principles involved in blood flow through 

microchannels.  

3.2  Theoretical Concepts About Blood Flow in Microchannels 

3.2.1 Fluid flow in microchannels 

To effectively experiment with blood having different HCT, it is necessary to understand 

the fundamental mechanisms involved in fluid and blood flow through the microchannel. 

Any fluid flowing through a microchannel behaves differently than any other media. The 

flow of fluid through a microfluidic system is influenced by a number of factors. It is 

primarily characterized by the laminar or turbulent flow profile in a system. However, 

microfluidic flows inside BPS devices are mostly laminar, meaning that two or more 

layers of fluid can flow side by side with no mixing other than diffusion. Diffusion is a 

slow mechanism that makes reactions within microfluidic devices easily controllable. As 

an example, 5000-base-pair DNA molecules in water (D~2×10-9 m2s-1) take almost 3 

hours to cross a microfluidic distance of 100 μm by diffusion [222]. Therefore, the 

predictability of flow patterns during laminar flow is being exploited to regulate the flow 
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of particles, cells, and droplets in a growing number of cell biology, biomedical, and 

pharmaceutical protocols. In order to forecast flow behaviour, the Reynolds number (Re) 

is the most significant dimensionless number which is the ratio of inertial forces to 

viscous forces in a fluid, and it may be calculated using the formula below. 

 
𝑅𝑒 =

𝜌𝑢𝑙

𝜇
=
𝑢𝑙

𝑣
 

(3.1) 

Here, 𝜌 is the density of the fluid (𝑘𝑔𝑚−3 ), u is the velocity of the fluid with respect to 

the object (𝑚𝑠−1), l is a characteristic linear dimension (m), μ is dynamic viscosity of 

the fluid (kg. s−1m−1) (for simplicity the dynamic viscosity will be addressed as viscosity 

throughout the chapter) and 𝑣 is the kinematic viscosity of the fluid (m2s−1). For 

homogeneous fluid, at low Reynolds number, Re < 2300 (for rectangular microchannel 

approx. 700), laminar flow occurs where viscous force is the dominant one and is 

characterized by continuous and smooth fluid motion as mentioned earlier. Whereas, 

when Re > 4000, microfluidic flows are turbulent where inertial forces dominate and is 

characterized by the presence of chaotic eddies, vortices, and other so-called flow 

instabilities. Both laminar and turbulent flows are possible in the interval between 2300 

and 4000 and are called 'transition' flows [223], [224]. Table 3.1 depicts different flow 

patterns inside a microchannel. 

Table 3.1: Flow patterns inside a microchannel. Adapted from [225] 

Flow Reynolds 

number 

Pattern 

Turbulent >4000 

 

Transitional 2300-4000 

 

Laminar <2300 

For rectangular 

microchannel, 

<700 
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In any microfluidic experiment, pressure drops inside the microchannel are a vital 

parameter to monitor. Theoretically, Resistance (R) of a rectangular channel is given by: 

  

𝑅 =
12𝜇𝐿

{1 − 0.63 (
ℎ
𝑤)}

1

ℎ3𝑤
 

 

 

(3.2) 

Here, L, h, and w are the length, depth, and width of the microchannel, respectively, and 

μ is the viscosity of the liquid sample. Furthermore, the pressure inside a microchannel 

can be defined by the following formula, 

  

∆𝑃 = 𝑄 × 𝑅 

 

(3.3) 

Where ∆𝑃, Q, and R are pressure, volumetric flow rate, and resistance of the channel, 

respectively. According to equations (3.2) & (3.3), pressure drops inside the 

microchannel will solely depend on the flow rate for Newtonian fluids with constant 

viscosity and will increase linearly with increasing flow rate, however non-Newtonian 

fluids with non-constant viscosity will exhibit non-linearity.  

The flow rate is simply the multiplication of the area and velocity of flow. Therefore, for 

a rectangular microchannel, the flow rate can be described as, 

 𝑄 = 𝑤 × ℎ × 𝑢 

 

(3.4) 

Where Q, w, h, and u are the flow rate, the width of the channel, the height of the channel, 

and velocity in the microchannel, respectively. The maximum shear rate in a rectangular 

channel can be approximated by [226]: 

 
𝛾 =

𝑄𝑃𝜕

8𝐴2
 

(3.5) 

Where Q is the volumetric flow rate, A is the cross-sectional area of the channel and P is 

the wetted perimeter, and where the shape factor 𝜕 is given by: 

 𝜕 = [(1 − 0.351𝑏/𝑎))(1 + 𝑏/𝑎)]2 (3.6) 

Here b represents the short side of the rectangle and a represents the long side. 

3.2.2 Blood flow in microchannels 

Understanding the blood flow behaviour inside a microchannel necessitates a thorough 

understanding of the unique features of blood. Blood is classified as a complex non-
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Newtonian fluid. It can, however, change its nature from non-Newtonian to Newtonian 

or vice versa depending on the shear rates. Newton's law of viscosity is used to distinguish 

Newtonian and non-Newtonian fluids. 

 
𝜏 = 𝜇

𝑑𝑢

𝑑𝑦
 

(3.7) 

Where τ is the shear stress, µ is the viscosity, and du/dy is the shear rate (often represented 

by 𝛾), with velocity u and position y. Newtonian fluids have the constant viscosity. The 

viscosity of non-Newtonian fluids, on the other hand, varies with the rate of shear. Non-

Newtonian fluids are further separated into shear-thinning and shear-thickening fluids 

based on whether the viscosity increases or decreases with the shear rate. The viscosity 

of the shear-thinning fluid, like blood, will decrease as the shear rate increase whereas 

viscosity changes oppositely for the shear-thickening fluid. At relatively low shear rates, 

blood viscosity is at its maximum. Then it starts to drop at moderate shear rates (non-

Newtonian behaviour) until it finds a constant lowest plateau (Newtonian behaviour) 

[210], [212]. This is illustrated in Figure 3.2 where Brooks et al. measured the viscosity 

of different blood samples with varied HCT  throughout four decades of shear rate (0–

1000 s−1) using a viscometer [227]. It is apparent from the figure that viscosity for all the 

different HCT samples comes to the lowest constant plateau after a shear rate of almost 

300 s−1. Several studies have been carried out to understand this dual behaviour of blood 

in different regions. In particular, blood was shown to exhibit Newtonian behaviour at 

zero HCT, and thus plasma is often regarded as Newtonian fluid [228]. Therefore, at 

higher HCT, the blood cells, mainly the RBCs, are responsible for its dual Newtonian and 

Non-Newtonian behaviour [212], [228]. This is possible because of the deformation 

capabilities of RBCs, which is discussed elaborately in the following two sections. It also 

helps blood to flow with a very HCT. Without the deformation, it would be impossible to 

circulate high HCT blood due to clogging.  
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Figure 3.2: Relationship between viscosity and the rate of shear for human red blood cell 

suspension in homologous ACD-plasma at 25°C for various volume concentrations of the 

erythrocytes [227] The viscosity becomes independent of the shear rate (Newtonian behaviour) 

at high shear rates, typically >300 s-1. 

3.2.3 Individual RBC behaviour 

Depending on the shear rate inside the microchannel, individual RBCs can move in three 

manners, known as tumbling, swinging, and tank-treading [229]–[231]. These three RBC 

motions have been classified in Table 3.2. RBC maintains its tumbling pattern when the 

shear rate is very low and the Reynolds number is very high, but the flow is in the laminar 

flow regime. In this condition, they can flip around themselves and have almost no 

deformation. They travel in a transitional swinging motion as shear rates increase, 

undergoing quasi-deformation and oscillations around their stationary orientation [105]. 

Finally, at very high shear rates, RBC motion develops into a tank-treading motion [232], 

in which the largest dimension of the RBCs remains parallel to the flow direction. 
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Table 3.2: Exemplary cross-sections of rotating RBC during the tumbling, swinging, and tank-

treading motion have been taken and reproduced from [232]. 

RBC 

Motion 

Condition RBC Pattern 

Tumbling Shear Rate 

low with 

high 

viscosity 

 

Swinging Transitional 
 

Tank-

Treading 

Shear rate 

high with 

very low 

viscosity 

 

3.2.4 Collective RBC behaviour 

At very low shear rates, the flipping of RBCs around themselves often favours the 

formation of stacks (rouleaux) which results in increased viscosity [233]. However, at 

higher shear rates when a tank treading motion is formed, the number of aligned cells in 

the microchannel increases, which helps to minimize the viscosity to its lowest value 

[234], and blood maintains its lowest viscosity from this stage on [212]. In other words, 

this flexibility and tendency of RBCs to align with the flow make blood a shear-thinning 

fluid. The graphical representation and explanation about the blood flow behaviour in a 
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hydrodynamic BPS device can be found in section 2.1.1 (Hydrodynamic separation, 

Figure 2.2). 

3.3 Materials and Methods 

3.3.1 Design of the micro-channel 

Channels were designed with AutoCAD (2018, student edition) with a simple straight 

channel design to test the flow of different HCT blood samples through the microchannel. 

To carry out unique experiments, the length of the microfluidic channel was adjusted 

from 11 mm to 47 mm, while a single straight line was common in all configurations to 

cut a 150 μm width channel.  

3.3.2 Device fabrication 

In literature, many of the developed microfluidic devices incorporated glass [235], [236], 

silicon [237], polydimethylsiloxane (PDMS) [112], [144], poly(methyl methacrylate) 

(PMMA) [105], paper-based [238], [239], and hybrid devices [240], [241]. Of these, 

paper-based devices are not viable when dealing with large volume samples, and glass 

and silicon are expensive and not flexible to be dealt with, making the polymers like 

PDMS and PMMA suitable for the manufacturing of medical-grade devices [242]. 

Although PDMS is widely used for research purposes, many researchers have adopted 

PMMA in manufacturing devices because PDMS has been reported to absorb small 

hydrophobic molecules like biomolecules and proteins from the samples [243]. PMMA 

prototypes can also be easily scaled up to high-volume production. 

PMMA sheets of 2.0 mm thicknesses from Weatherall  Ltd  (UK)  (Clarex®  cast) have 

been used to manufacture the devices. Each of the devices comprises two PMMA slides 

with the size of 75mm×25mm×2mm. Microchannels were fabricated by the IPAQS group 

(HW) on the top slide using a customized laser micromachining system based on a 50 W 

picosecond laser (Trumpf TruMicro 5×50). The system provides approximately 6-ps 

pulses (measured at full-width-half-maximum) with a maximum pulse repetition 

frequency (PRF) of 400kHz. The laser spot diameter used for machining PMMA was 

approximately 24μm (measured at 1/e2 of its peak intensity). The other laser machining 

parameters were as follows: pulse energy of 15.4μJ, PRF of 20kHz, a scan speed of 

40mms-1, and hatch distance of 6μm. A 3D surface Profilometer (Alicona IFM G4) has 

been used for the measurement of the manufactured micro-channels where the width and 

depth were found to be 130 μm and 62±2 μm, respectively.  
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Access holes were created in the other PMMA slides with a 30W CO2 commercial laser 

cutter (Epilog Mini 18, 30 W, Epilog). During this double cut process, the speed and 

power was 25% and 80%, respectively. The schematic of the manufactured microchannel 

with the measurements is provided in Figure 3.3. From 5 mL/h to 30 mL/h, the Reynolds 

number calculated for the devices might range from 3 to 90. 

 

Figure 3.3: Schematic of the single micro-channel devices used in the experiment with the 

parameters. Three different devices with lengths ranging from 11 to 47 mm have been used 

while the width and depth were kept constant.  

3.3.3 PMMA bonding 

Before the bonding process, both layers of PMMA slides were thoroughly cleaned with 

clean-room tissue and ethanol to remove dust. UV-assisted pressure bonding was used to 

bond the PMMA slides, as previously described by several groups [244], [245]. The 

PMMA slides with the bonding surface on top were exposed for one minute under a 

custom-made UV lamp in our lab during the process. Both slides were immediately 

aligned in the proper order and placed inside a custom-made heating plate, which kept 

the layers at the proper temperature during bonding. Finally, the PMMA chips were 

bonded for 7 minutes at 85°C and 3.5 metric tonnes of pressure using a Bonny Doon 

Classic 20-Ton Manual Press (Rio Grande, USA). The PMMA chip's engraved channels 

are extremely narrow. Therefore, excessive heat could result in significant wall 

deformation and channel collapse [244]. It has been verified that pressing the PMMA 

chip for more than 7 minutes at 90°C causes microchannel deformation, which demands 

a higher amount of pressure to flow liquid than an undamaged channel. Therefore, care 

has been taken to ensure that the time and temperature did not exceed this limit. 

3.3.4 Sample preparation 

The blood used in the research was collected under local ethical approval from the 

Scottish National Blood Transfusion Service (contract #18~06; refrigerated at 2°-8° 
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degrees) and according to the Declaration of Helsinki. Because the volume of blood 

samples required for this thorough investigation was quite high, blood samples from the 

same group (O positive) were requested, and when they arrived, they were gently mixed 

to prevent the RBCs from being damaged by high shear stress. The appropriate plasma 

was thereafter removed in order to produce the required HCT samples for each 

experiment. 

3.3.5 Experimental setup 

All the experiments regarding this project were performed at the Department of Infection 

Medicine (IM), University of Edinburgh (Royal Infirmary of Edinburgh, Little France, 

Edinburgh) in a level II biosafety facility. The blood samples with artificially high HCT 

were loaded into 1 mL syringes (BD Plastipak, Fisher Scientific) and injected by a syringe 

pump (Aladdin, WPI, USA) into the devices at 1-30 mL/h flow rate by an increment of 

3mL/h (except 47 mm long devices where the measurements were done for 0-21 mL/h 

because of the limitation of the pressure sensor). Same length Polytetrafluoroethylene 

(PTFE or Teflon) tubing (ID 1 mm) has been used as inlet and outlet tubing which adds 

a negligible amount of resistance (<10 KPa) to the fluidic network.  The pressure was 

monitored by an inline pressure sensor (uPS1800-T116-10, Labsmith). It should be noted 

that the measured pressure in this experiment is the pressure measured at the sensor (not 

to be confused with the standalone pressure at microchannel). However, for simplicity, 

this pressure at the sensor will be considered as the microchannel pressure.  Pre-and post-

passage hematocrit values (HCTinitial and HCTpost) were measured on a hematology 

analyser (ActDiff2, Beckman Coulter). All data points were averaged from triplicate 

measurements. The schematic and photograph of the full experimental setup are shown 

in Figure 3.4. 
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Figure 3.4: Experimental setup in high HCT blood flow experiment (A) Schematic of the 

experimental set-up. HCT values are collected using ActDiff2 hematology analyser (Beckman 

Coulter) before injection of the (1mL) blood sample into the channel, and after the passage of 

the sample to assess hemolysis. A pressure sensor (uPS1800-T116-10, Labsmith) is used to 

measure the pressure drop in the microchannel. (B) Photograph of the experimental setup 

(Hematology analyser measurement is not shown). 

3.3.6 Statistical Analysis 

Statistical significance was determined by an unpaired parametric Student t-test. Unless 

specified, the p-value significance threshold was set at 0.05. When reporting on statistical 

significance symbols ‘ns’ is used to indicate non-significance (p>0.05), while *, **, *** 

denotes p<0.05, p<0.01, p<0.001 as per conventional practice. 

3.4 Results and discussion 

3.4.1 Pressure gradient inside the microchannel 

Although blood is considered a non-Newtonian fluid, it exhibits Newtonian 

characteristics at higher shear rates, thanks to the deformation capabilities of RBCs, 

which allow blood to flow with very high HCT while maintaining a constant viscosity. 

Therefore, the pressure gradient of all the blood samples inside the microchannel with 

various HCT was increased linearly (Figure 3.5) with all increments of flow rates (R2 

>0.98), just as Newtonian fluids.  According to Poiseuille’s equation, for a specific 

channel, an increment in the blood viscosity will result in a linear increment of pressure 

gradient inside the channel. Therefore, the slope of the pressure gradient curve was 
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observed to increase for all devices throughout the experiment as the volume fraction of 

the blood sample was elevated.  

 

Figure 3.5: Effect of elevated HCT in microchannels. Pressure drops (at sensor) versus flow 

rate for (A) 60%, (B) 70%, (C) 80%, and (D) 90% HCT blood in 11 ( ), 15 () and 47 (●) mm 

channels. The pressure sensor used has a limit of measurement up to 1700 KPa. Therefore, it 

was not possible to conduct the full experiment up to 30 mL/h with 80% and 90% HCT blood. 

3.4.2 Hemolysis in microchannels 

The previous section addressed the study's first research question, demonstrating that 

blood samples with up to 90% HCT can flow through microfluidic channels with 

diameters equivalent to previously developed BPS devices. However, because of the 

increased cell interaction, the pressure gradient inside the channel was extremely high for 

samples with higher volume fraction of RBCs. The effects of these increased pressure 

gradients on hemolysis have been investigated in this section. 

Figure 3.6 shows the normalised HCT for different sized channels with different HCT 

samples over a range of flow rates from 0 to 30 mL/h. The difference between the initial 

and post HCT of each sample used in each experiment was divided by the initial HCT 

value to calculate the normalised HCT. In this way, only the hemolysed samples will 

show a positive value, while the non-hemolysed sample will maintain their zero value as 

there will be no difference between their initial and post HCT values. Figure 3.6 illustrates 

that there was no trace of hemolysis in any of the different sized channels for 60% and 



 

45 

70% HCT samples. There was also no trace of hemolysis in the 80% sample for 11 mm 

and 15 mm channels, but the cell started to get damaged after 9 mL/h with a 47 mm long 

channel, where the difference between the initial and post HCT reached over 30% at 15 

mL/h. For 90% HCT, cell damage was persistent for all sized devices (80% HCT sample 

data not achieved). For a 47 mm long channel, hemolysis occurred after 5 mL/h, and the 

difference increased to nearly 50% at 15 mL/h, but cells survived up to a flow rate of 19 

mL/h for an 11 mm long channel. Therefore, cells are expected to survive a flow rate 

smaller than 19 mL/h for a 15 mm long channel.  

 

Figure 3.6: Normalised HCT (HCTinitial-HCTpost/HCTinitial) versus flow rates after passage 

in the microchannel. A positive value indicates the presence of hemolysis after the passage of 

the sample in the microchannel. In some points, the error bar becomes smaller than the 

respective point. 

To find out the effect of exposure time of the cells inside the microchannel on hemolysis, 

the wall shear stress on the cells at each experiment was calculated and plotted against 

their respective exposure time. It can be seen from Figure 3.7 that RBCs started to damage 

when flowing with a shear stress of 1KPa for over 160 ms. RBCs, on the other hand, can 

withstand nearly double the shear stress during shorter exposure times (e.g., 17ms).  
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Figure 3.7: Wall shear stress versus exposure time. The Circular points shows the non 

hemolysed samples after full operation. The triangular points represents where hemolysis has 

occurred (points where we got a positive normalised value in Figure 3.6). Squared points 

represents the border non-hemolysed points just before the hemolysis. The exponential trend 

line is drown using those border non-hemolysed points of all the different devices indicates that 

there could be an exponential relationship between the wall shear stress inside the 

microchannel and the cell exposure time.  

3.4.3 Microchannel acting as a viscometer 

In the next set of results, the dynamic viscosity of various HCT samples was calculated 

from the measured pressure gradient using equations (3.2 and (3.3 and compared to values 

obtained from other literature. These calculated viscosities were plotted against the 

haematocrit value of the sample and compared to historical literature data available on 

high haematocrit samples, of interest in the present study.  Closer inspection of  Figure 

3.8 shows that viscosity for 60% and 70% HCT is almost similar for each of the three 

devices tested and matches the viscosity measured using a rheometer in [211], [227]. 

However, for blood with 80% HCT, calculated viscosity became 13cP, 15cP and 21cP 

for 11mm, 15mm and 47mm channel devices, respectively, higher than the values 

reported in [211].  
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Figure 3.8: Viscosity calculated from experimental data (11,15,47 mm) is compared to 

experimental data obtained on rheometers in literature  [211], [227], [228]. 

3.5 Discussion 

As previously stated, depending on the shear rate, blood can behave like both Newtonian 

and Non-Newtonian fluids. With a 1 mL/h flow rate, the predicted minimum shear rate 

in this work was roughly 1011s-1 using equation (3.5). Blood viscosity reaches its lowest 

plateau and behaves like a Newtonian fluid from 300 s−1 shear rate [134], [210], [212], 

[213], so does the blood sample in the following experiments because of its much higher 

shear rates throughout the experiment. This viscosity is determined by several factors, 

including RBC deformability [246], protein structure and amount [247], erythrocyte and 

leukocyte masses [211], and, most importantly, HCT [211], [246], which alone has been 

reported to increase viscosity by 20% with an increase of 10% HCT in the range of 

60.16% and 25.32% [211]. This increase in viscosity with higher HCT can be attributed 

to increased cell-cell interaction, resulting in a high-pressure gradient within the 

microchannel that could damage RBCs (increase hemolysis). 

From Figure 3.5.D, it can be noted that at the highest surviving flow rates, the pressure 

gradient for 11 mm and 47 mm long channels was about 1000 and 1600 KPa, respectively. 

Because the cells in the 11 mm long channel appeared to be damaged at a much lower 

pressure, there must be a definite link between hemolysis and the exposure time of the 

cells in the microfluidic channel. This has been investigated further and established an  

exponential relationship between wall shear stress and exposure time, similar to what 

[216] reported using a viscometer previously.   

Blood viscosity represents the ability of blood flow through blood vessels in the human 

body and its precise assessment is critical in cardiovascular illnesses including stroke and 

myocardial infarction [248], [249]. For example, during the Covid-19 pandemic, 

monitoring blood viscosity became significantly vital because many patients began to 
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develop atypical blood clotting despite taking anti-clotting medicine [250], [251]. 

Traditionally, these measurements are performed using different types of viscometers 

such as the capillary viscometer, falling ball viscometer, and rotating viscometer [252] 

which necessitate bulky and expensive instruments, vast quantities of samples, and longer 

experimental times [253]. Therefore, many alternative microfluidic approaches using 

microchannel array [253], micro-cantilever [254] have been reported by many research 

groups. Although these approaches have made measuring viscosity considerably easier 

and less expensive, they are not simple to manufacture. In contrast, the straight 

microchannel device utilised in this project can be used in conjunction with a syringe 

pump and a pressure sensor to detect the viscosity of any sample. The calculated viscosity 

with different sized devices up to 70% HCT blood was comparable with the literature 

value. However, the calculated viscosity of 80% HCT blood was different than the 

previously measured ones via viscometer which seemed increasing with the channel 

length. This is counterintuitive with the theory because viscosity is always constant for a 

certain volume fraction of RBC. When testing with 90% HCT blood, the same type of 

viscosity difference was observed for 11mm and 47mm long devices, and the values were 

significantly greater than those reported in the literature [228]. This discrepancy was 

attributed to manufacturing defects and this phenomenon can be described with the cell-

cell and cell-uneven surface interaction of RBCs that introduced flow resistance while 

flowing with a high-volume fraction. Any blockage or resistance in the flow path can 

raise the pressure gradient inside the channel, resulting in higher viscosity values than 

those recorded with a rheometer, which is unaffected by blockages.  

3.5.1 A possible explanation for the different viscosity for blood with the same HCT 

In the previous section, inconsistencies in measured viscosities for high HCT (80% and 

90%) blood were identified, and two hypothetical barriers that could have increased the 

resistance during the flow and caused these discrepancies were outlined. The first is the 

uneven surface, which was introduced by a manufacturing flaw during the microchannel's 

laser cutting. Figure 3.9 presents the surface profile of the 47mm long microchannels 

employed in the experiment (at three different locations). One can see that the surface of 

the laser-cut channels was not completely smooth (Same for the 11mm and 15 mm 

channels). 
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Figure 3.9: Surface profile of the 47mm long microchannel used in the experiment at 3 

different locations (Measured with Alicona profilometer). 

The ferrule-based connection that was employed to connect the tubing with the 

microchannel outlet could also be a major contributor to the increased resistance. Because 

there is an abundance of plasma available when blood has a low HCT, it does not 

encounter any barriers on its flow path. A sample with a high HCT, on the other hand, 

has less available plasma and interacts in the opposite way to the obstacles because of the 

difficulties in flowing through the microchannel. During the experiments, even though 

the surface was not completely smooth, or the ferrule connection tried to restrict the flow, 

when blood flowed up to 70% HCT, it did not encounter any impediments on its flow 

path since there was enough plasma available. During the flow of blood with a high HCT, 

however, the situation would have been entirely different. The phenomenon is visually 

described with the help of a diagram in Figure 3.10. During the high HCT blood flow 

(>80%), some RBCs would have gathered at the asperities inside the channel because of 

the lack of plasma. But it has been assumed that the main flow resistance was introduced 

from the contact region of the ferrule and the outlet hole, where the cells faced maximum 

resistance due to the blockage, as opposed to the low HCT samples, which had a little 

blockage. Due to the high cell-cell interaction of RBCs at the flow path, more cells would 

have travelled to the already gathered RBC’s position at the ferrule connection. This could 

explain why, in earlier investigations, higher pressure was required to flow blood with 

high HCT, resulting in high calculated viscosity values with high HCT samples. 
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Figure 3.10: Illustration of the effect of the ferrule (OD:1.6mm, ID: 0.5mm) on blockage in 

high HCT set-up (A) full microchannel showing the ferrule based connection of the tubing and 

microfluidic inlet/outlet; (B) zoomed section of the outlet showing blood flowing out through 

the ferrules without any resistance with a low volume fraction of RBCs; (C) zoomed section of 

the outlet showing blood flowing out through the ferrules with high resistance and blockage 

with a high volume fraction of RBCs; [Cartoon produced to explain the reason behind the 

varying viscosity in ferrule based setup] 

To evaluate the effect of the ferrule connection at the outlet, the ferrules were removed 

from the outlet of a previously utilised 11 mm long channel device and through which 

90% of HCT blood flowed. The result from this experiment is shown in Figure 3.11 from 

where it can be observed that the measured viscosity from this experiment has reduced to 

almost 20 cP, almost similar but slightly higher than the viscosity measured with the 

rheometer [211]. However, due to the increased pressure measured at some flow rates, 

viscosity is still higher in the range of 26-28 cP at some points. Although the reason for 

this abrupt increase of viscosity at particular flow rates is unknown, the surface 

unevenness issue mentioned previously could be a contributor. Furthermore, there was 

no cell damage or hemolysis up to 30 mL/h in this experiment, whereas hemolysis 

occurred after 19 mL/h in the previous experiments.  
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Figure 3.11: Calculated viscosity without ferrule system (A) Calculated viscosity from the 

measured pressure data against different shear rates (11mm long channel device without outlet 

ferrule). Due to the device shortage, only one set of data has been achieved (B) Comparison 

between viscosity with and without ferrule showing significant viscosity difference between two 

systems. The grey dashed line indicates the 90% HCT blood viscosity from literature [228]. 

Despite the fact that the effect of surface roughness could not be examined in the same 

way because all of the laser engraved microchannels in our lab have certain asperities, 

measured viscosity was almost identical to the literature after removing the ferrules. 

Therefore, it can be concluded that the ferrule-based connection between the outlet and 

tubing is the primary cause of the high pressure that leads to higher measured viscosity 

values while working with high HCT blood samples in this experiment. However, the 

same experiment should be carried out using the long channel device, which has a 

significantly larger surface area, allowing the effect of surface roughness to be observed. 

RBCs gathering at the asperities is a slow process because these asperities are distributed 

over a large surface area, and this can be avoided by increasing the frequency of the 

cleaning process. Here, the device was cleaned frequently with the Phosphate-buffered 

saline (PBS) after each experiment. On the other hand, cells start to gather immediately 

at the ferrule connection after starting the high HCT blood flow which acts as a blockage 

at certain points and increases the pressure. This cannot be avoided without stopping the 

use of the ferrules. But in a high-pressure setup, the ferrules play a crucial role in the 

connection between the microfluidic channel and tubing. Therefore, to solve this issue a 

three-part, three-step PMMA bonding process was proposed. 

3.5.2 Proposed new ferrule system. 

During the initial device manufacturing, two PMMA slides were employed, one with the 

engraved microchannel and the other with the inlet-outlet holes. However, it was 

explained in the previous section with the help of Figure 3.10 that ferrules connected at 

the outlet may impede high HCT blood flow to the point where considerably higher 
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pressure is necessary to flow the blood than is required for low HCT blood. This will 

result in a higher viscosity, which could easily damage the cells. Therefore, it is essential 

to construct the device in the three steps depicted in Figure 3.12 to eliminate the likelihood 

of obstructions forming at the output ferrule. At the first step, the channel will be engraved 

on a PMMA slide. The inlet and outlet through holes will be cut into another PMMA slide 

in the second step. The diameter of the through-holes will be the same as the inner 

diameter of the ferrule. Finally, the third step will be identical to the second, but the 

diameter will be equal to the ferrule's outer diameter. The full-cut profile should be 

circular, not cone-shaped which is often the case because of the laser beam shape. This is 

necessary to prevent the ferrules from being squeezed. This can be accomplished in a 

number of ways, including altering the laser pointer's focus or using a tape attached to 

one side of PMMA. 

Figure 3.12(b & c) presents the zoomed section of the outlet showing blood flowing 

through the outlet of the new ferrule system with low and high HCT blood. Because of 

the placed ferrules, there will be no obstacles, and as a result, there will be no room for 

RBCs to congregate and block the flow of the high HCT blood. 
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 Figure 3.12: Proposed new ferrule system to reduce blockage at the outlet (A) Proposed new 

ferrule system for high HCT blood sample where the base PMMA slide has the engraved 

microchannel. The middle PMMA slide has the inlet and outlet connection holes equal to the 

diameter of the ferrule ID. Finally, the top PMMA slide has the inlet and outlet holes equal to 

ferrule OD; (B) zoomed section of the outlet showing low HCT blood flowing out through the 

ferrules (C) zoomed section of the outlet showing high HCT blood flowing out through the 

ferrules; in both cases, there are no obstacles at the ferrule connection and therefore no 

pressure increment is expected. [Cartoon produced to explain the reason behind the varying 

viscosity in ferrule-based setup] 

3.6 Conclusion 

While many studies have deciphered the behaviour of red blood cells in a confined 

environment, few studies have studied bulk blood flow, especially at high HCT flow in 

microchannels. In this study, it has been established that blood can flow through 
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microchannels of the size employed in the BPS device with an HCT of up to 90%. 

However, it has also been noted that flowing blood samples with high HCT can 

potentially damage RBCs depending on their residence time in the microchannel. The 

existing ferrule-based method has been recognised as the source of cell damage in high 

HCT blood flow, and a new ferrule-based system has been proposed as a solution, 

involving device manufacturing segmented into three parts rather than two. Furthermore, 

for viscosity measurement, this device can be a low-cost microfluidic alternative to the 

traditional bulky, high-cost viscometer, and it is much easier to manufacture than the other 

currently available microfluidic viscometers. Most importantly, this study provides a 

framework for the design of future blood plasma separation devices or the study of 

neonate circulation [134]. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 



 

55 

Chapter 4: Effects of Syringe Pump Fluctuations on Cell-Free Zone in 

Hydrodynamic Separation Microfluidic Devices 

4.1 Introduction 

Precise and accurate control of flow rates is essential in many microfluidic-based 

experiments such as droplet generation [255], [256], particle separation [257], [258], cell 

manipulation [259], [260], sample processing [261], [262], and chemical and 

biomolecular sensing [263]. Three types of systems are used to control the liquid motion 

in microfluidic devices: (i) hydrostatic pressure and capillary action, which do not require 

external forces, (ii) pressure control via pressure generators, and (iii) flow rate control via 

syringe pumps. Among them, syringe pumps are widely used for flow rate control because 

of their availability, user-friendliness, cost-effectiveness, and their capability to control 

the flow rate across micro-channels independently of the fluidic resistance. Additionally, 

syringe pumps are ubiquitous equipment in medical settings, which makes them 

particularly suitable for medical applications and medical staff. However, stepper motors 

inside syringe pumps can be an unwanted source of flow fluctuations. These flow 

instability has been demonstrated to be a serious concern for droplet microfluidics, where 

flow fluctuations have been confirmed to increase polydispersity [264], [265]. Because 

of the pulsation of the stepper motor from the syringe pump, Li et al. observed a 13 μm 

radial variation of 435 μm sized formed jet at the meeting point of the two fluids flowing 

from different capillaries in their droplet microfluidics experiment [264]. They 

discovered that the calculated frequencies of mechanical oscillation from the syringe 

pump are consistent with the measured frequency of ripples and are linearly related to the 

driving flow rate, similar to the findings of Zeng et al., who compared the measured 

frequencies of induced pressure fluctuation in their device [266]. The difference between 

these two frequencies was less than 10%, according to this later study, and smaller 

diameter syringes provide higher frequency fluctuation, while the amplitude of 

fluctuation is higher for larger diameter syringes. Researchers have devised methods for 

dealing with fluctuations. The use of elastomeric tubing before the microfluidic network 

is a straightforward approach that does not necessitate the use of any additional fluidic 

components [267]. However, this solution is not compatible with high-pressure 

microfluidic applications and creates an additional surface that increases non-specific 

binding. Microfluidic stabilizers using air bubbles have been proven attenuating 46% 

flow fluctuation with one stabilizer by expanding and shrinking the trapped air volume 
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[268]. Most recently Zhou et al. developed similar air bubble based hydraulic capacitors 

that can minimize the flow pulses by 75.3% [269]. The drawback is that a separate unit 

is required to dampen the fluctuation induced by the syringe pump. Naive systems (non-

damped) are common in research settings and warrant further investigations. No study is 

yet to investigate the effects of these flow fluctuations on the microfluidic-based particle 

separation technique. Therefore, here in this chapter, I will rigorously focus on flow 

fluctuation effects on microfluidic-based passive separation techniques, specifically on 

hydrodynamic separation techniques. 

Amongst techniques that are particularly susceptible to pump fluctuations, are 

hydrodynamic separation techniques. Microfluidic-based passive separation techniques 

use specific channel geometries to separate particles in designated outlets and harvest 

pure particle-free liquid into the remaining outlets. These passive techniques have been 

applied for cell separation [270]–[272], blood plasma separation (BPS) [112], [113], 

[129], [130], algae separation [273], [274], and other applications [275]–[277]. Flow 

stability is crucial in these techniques because instabilities can cause particles or cells to 

travel in the wrong flow streams and thus lead to poor separation efficiency [278], [279]. 

Particularly, it is of utmost importance in BPS, to ensure no cells travel to the plasma 

outlet because of lower efficiency as this can lead to further disturbances in biomarker 

detection during downstream analysis. It is hypothesized that there is an ample chance of 

unwanted migration of blood cells to the plasma outlet as a result of flow fluctuation 

induced from the syringe pump’s mechanical oscillation. This study set out to evaluate 

the impacts of syringe pump fluctuations on hydrodynamic separation structures, utilising 

a novel high-speed imaging technique called a coded compressive rotating mirror 

(CCRM) camera. The findings of the study were characterised in the context of milk fat 

separation, where separation efficiency was investigated against the pump fluctuations. 

The technical work included in this chapter has been presented at Emerging Investigators 

in Microfluidics Conference (ICAM 2021) and published in the journal Physics of Fluids 

[138].  

4.2 Materials and methods 

4.2.1 Hydrodynamic Separation Technique 

Microfluidic passive separation techniques use particle-particle interaction, microfluidic 

geometry and particle’s flow field for the separation of particles from their liquid mixture. 

As mentioned before, hydrodynamic passive separation techniques are advantageous over 

the other techniques because of their capability of processing large volume samples with 
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a considerable high flow rate. All the available hydrodynamics techniques and the full 

working principle of this technique have been discussed elaborately in Chapter 2. In 

summary, this technique uses several biophysical effects such as the cell-free layer effect 

[220], [221], and bifurcation effects [120], [133] to ensures the generation of cell-free 

zones at the bifurcation from where the liquid portion is extracted through daughter 

channels. The stability of the cell-free zones positioning is crucial to maintain the high 

separation efficiency of these devices. 

4.2.2 Microfluidic chip design and fabrication 

The hydrodynamic separation device (Aug 15 C1) used in this experiment was previously 

developed and tested by our lab group in the context of BPS where a separation efficiency 

of 95% with 14% yield has been reported [102]. This device comprises one inlet and two 

outlets, one outlet for particle-free liquid and one outlet for particle-enriched liquid, as 

illustrated in Figure 2.7.B. The main inlet channel separates into two units where each 

unit comprises five constriction-expansion regions, followed by a bifurcation into a 

daughter channel collecting the particle-free liquid and the particle-laden main channel. 

The main channel width varies from 100 to 150 μm, whereas the constriction width varies 

from 35 to 37.5 μm. The devices were fabricated commercially in a proprietary Bisphenol 

A Novolac epoxy resin (SU8), on a Polymethyl methacrylate (PMMA) substrate 

(Epigem, UK). A PMMA holder and Polyether ether ketone (PEEK) connectors were 

machined in-house to enable standard HPLC-type fittings to be connected to Luer-lock 

syringe connections for safe, high-pressure fluid actuation. This device has been used in 

all the experiments except the one where different syringe pumps have been compared 

(Section 4.3.5). 

In certain studies, two other BPS devices with very similar channel sizes, the Nov 09 and 

Feb 16 B1 (Figure 4.1), were used to assess the impact of fluctuations from different 

commercial and open-source syringe pumps. In section 4.3.1 (Figure 4.5), both Nov 09 

and Feb 16 B1 along with Aug 15 C1 and the straight microchannel device were utilised 

to examine the relative fluctuation change with various channel geometry. The Feb 16 B1 

device was also used to compare different syringe pumps (section 4.3.5). Although the 

three BPS devices have comparable channel diameters and manufacturing processes, their 

device geometry is different, which will aid in providing a clear depiction in the 

comparison. Main difference between device Aug 15 C1 and Feb 16 B1 is the inlet 

placement. The Aug 15 C1 device has all the inlet, particle/cell laden fluid outlet and 

particle/cell free liquid outlet on the same side of the device to ensure longer relaxation 
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time for the particles/cells before entering the constriction-extraction region. But for the 

Feb 16 B1 device the inlet is placed on the opposite side of the both outlets. Instead of 

dividing the inlet into two separate units (where each unit comprises five constriction-

expansion regions), device Nov 09 has only single inlet channel with eight constriction-

expansion regions. In addition, a straight microchannel device, used in the experiment in 

Chapter 3, has been employed to observe the fluctuation effects on a device without any 

complex geometry.  

 

Figure 4.1: Schematic of the hydrodynamic BPS device used in section 4.3.1 and 4.3.5 (A) Feb 

16 B1 (B) Nov 09. 

4.2.3 Fluid flow actuation 

An overview of the experimental setup is shown in Figure 4.2.A. The milk sample was 

injected into the device by a syringe pump (Aladdin Single-Syringe Pump, model: AL-

1000HP, pitch S=1.27 mm). With every step generated by the stepper motor inside the 

syringe pump, the pushing block moves forward, forcing the syringe to flow the liquid 

into the system. For a specific flow rate, the pushing block covers a fixed distance by a 

step originated by the motor. The generated pulse during each step has been identified as 

a source of disturbance in the flow initiated by the syringe pump [264]. Three other 
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syringe pumps were used in the last section when the performance of different syringe 

pumps was compared. The pulseless mid-pressure pump used was the neMESYS 1000N 

(Cetoni, Germany). The commercial KD Legato 130 (KD Scientific, USA) and an open-

source pump built by Baas and Saggiomo from a standard fused deposition modelling 

(FDM) 3D printer (Creality Ender3) were the two other stepper motor-based pumps used 

in that comparison [280]. Luer-lock plastic syringes (1mL: 4.78 mm ID and 5 mL: 12.06 

mm ID, Fisherbrand) have been used in all experiments. An inline pressure sensor 

(LabSmith uPS-series pressure sensor, model: uPS1800-T116-10**) was used to record 

the pressure fluctuations originating from the syringe pump. All experiments described 

in this chapter were run in triplicate or otherwise stated. 

 

Figure 4.2: Experimental Setup in syringe pump fluctuation study: (A) Microfluidic setup. 

Samples were injected by a syringe pump. An inline pressure sensor was used to record pressure 

fluctuations. A high-speed CCRM camera capturing at the rate of 220 frames per second 

recorded the cell-free zone position for the full run. The pressure sensor data and cell-free zone 

width data from the video file were aligned manually and compared to establish the relationship 

between the syringe pump fluctuation induced pressure fluctuation and CFZW. Extracted 

samples collected from the daughter channel were examined with a spectrophotometer and 

Dynamic Light Scattering (DLS) equipment to study the effect of fluctuation on separation 

efficiency. (B) Optical (CCRM) set-up. The sample was illuminated using a halogen lamp 

where the reflected light was collected using a set of objective and relay lens systems which was 

then encoded via an optical encoder. The encoded scene was collected via a lens and focused 

on the rotating mirror. The reflected light from the mirror was continuously swept across a 

CMOS detector and was collected by the processing unit for applying the reconstruction 

algorithm. 

4.2.4 Optical set-up and image processing 

The effects of the fluctuation on the width of the cell-free zone were quantified by using 

the optical setup. The optical setup of the CCRM camera [70] is shown in Figure 4.2.B. 
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The high-speed CCRM camera recorded images of the interrogation window 

(approximately 400 μm × 350 μm, centred on the first bifurcation) at the rate of 210 

frames per second (7× faster than the acquisition rate of the pressure sensor). The dynamic 

scene was first collected by an infinity-corrected microscopic objective and directed 

towards the lens tube. The 2D image was focused onto an optical encoder. The encoder 

pattern was printed on a soda-lime glass with a 1:1 ratio between the blocked and 

transparent pixels. The encoded image was then collected by an ordinary convex lens and 

focused on the surface of the rotating mirror. The rotation of the mirror was controlled by 

an off-the-shelf low-cost electric motor [281]. Lastly, the reflected light from the rotating 

mirror was swept across the surface of the detector (low-cost CMOS module) [281]. The 

continuous sweeping from the mirror overlapped the individual encoded frames based on 

their time of arrival hence applying optical compression on the frames. The optically 

encoded and compressed observed frame from the detector can be reconstructed via an 

optimisation algorithm that produces a series of individual frames based on the capture 

rate of the system. Converting these images to grayscale provided the white solid lines 

for the milk particles and the side walls of the device while the background remained 

black. Furthermore, because we are solely interested in the mobility of milk fat particles, 

soft thresholding on images was employed to reduce noise from the casein particles in 

milk as well as suppressing the imaging noise. Finally, image processing function with 

the prior knowledge about the scene (detector pixel size, optical magnification factor, 

physical dimensions of the chip etc) was used to process each individual frame, and an 

interactive line (Red line, Figure 4.3) was placed 20 μm away from the sidewall using the 

imdistline function. This function includes a distance tool as well as a text level that shows 

the distance between line endpoints. The distance of 20 μm was picked at random since, 

in this case, any distance will suffice because we are computing relative fluctuation value. 

Amir Matin and Xu Wang (IPAQS, Heriot-Watt University) were in charge of developing 

the optical setup and processing the recorded footage. 
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Figure 4.3: Measuring the CFL width or CFZW where (A), (B) and (C) shows three different 

frames during the measurement using MATLAB. 

4.2.5 Sample material 

While the chip was designed for BPS, full-fat milk (Tesco Whole Milk (homogenised), 

7.4g fat/200 mL) was used in lieu of blood to enable the experiments to be performed in 

an optical laboratory with a low biosafety level. Milk and blood share useful properties 

for the purpose of these experiments. Milk fat takes the shape of large fat globules. Like 

red blood cells, these globules are soft and deformable in a water-based liquid. The 

composition of milk has been extensively studied. While the average size of the fat droplet 

is 1.6 – 10 µm in non-homogenised milk, following homogenisation, the size of the fat 

globules is around 0.2-2 μm, not far from the smallest dimension of red blood cells 

(RBCs) (2-3 µm in their smallest dimensions). In addition, there are casein micelles (<0.2 

µm in size) in the milk as well as various smaller molecules. There are approximately 

1.5×1010 fat globules present per mL of milk [282]–[284], compared to 4-6×109 red blood 

cells in plasma. However, milk fat globules and red blood cells significantly differ in 

density. The density of RBCs is 1.11 g/mL and higher than their surrounding plasma 

(1.025 g/mL) [285], while milk fat density is 0.9 g/mL and less dense than its surrounding 

liquid (1.029 g/mL) [286]. Despite their density differences, it is possible to observe milk 

fat separation in devices designed for BPS from cells. Due to the higher shear rate, a CFL 

is enhanced at the constriction walls. At the expansion-bifurcation, milk fat globules 

maintain their initial spatial distribution: the fat particles remain on their streamlines and 

flow into the channel with a higher flow rate. The water-based fat-poor fluid formed at 

the expansion of the channel can be harvested through the daughter channel. To observe 

the behaviour of different dilution samples during experiments, whole milk samples were 
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diluted with Phosphate-buffered saline (PBS, pH= 7 to 7.6, Fisher Scientific) to maintain 

physiological conditions. 

4.2.6 Computational Flow Dynamic (CFD) study 

To plot the fluid streamlines, the full device (August 15 C1) was simulated using the finite 

element analysis from COMSOL Multiphysics software (v5.3). The 3D separation model 

designed by AutoCAD (2019 edition) was imported as the device geometry in COMSOL. 

Water was used as the fluid material, but the density and viscosity were changed to 1033 

kg/m3 and 2 cP, respectively, to match milk parameters. To save the computational time 

fine meshing was preferred throughout the whole device which resulted in a total of 

525628 domain elements, 142918 boundary elements, and 20355 edge elements. To 

better comprehend the laminar flow regime, a stationary solver was used to simulate 

laminar flow physics with two outputs and one pressure-driven inlet. To simulate the 

average pressure of different samples used in section 4.3.3, the viscosity and density of 

material water has been replaced by the calculated one from specific samples (e.g., 

glycerol, milk etc.) and 10 mL/h has been used as the inlet flow rate. After computing, 

the average pressure throughout the device has been calculated from the pressure field. 

Finally, to simulate the streamlines in section 4.3.4, the minimum, average and maximum 

pressure fluctuation value from the experiment was used as the inlet pressure. A no-slip 

boundary condition was applied to all sidewalls. After computing, flow streamlines were 

plotted from specific locations from the internal constriction wall to infer expected 

particle locations. To accomplish so, the co-ordinates of the constriction edge were first 

determined using the measure function from the geometry tab. A streamline plot has been 

constructed from the velocity 3D plot group. The streamline positioning and entry method 

have been set as start point controlled and co-ordinates, respectively, in the streamline 

plot. The x-coordinates of the previously measured constriction edge were maintained the 

same, but the y and z coordinates were varied (y: 1.5, 2.5, and 3.5 μm away from the 

edge, z: 10 and 6). 

4.2.7 Characterisation of hydrodynamic separation performance via 

spectrophotometry 

The effect of syringe pump pressure fluctuations on the separation efficiency has been 

characterized using spectrophotometry. A spectrophotometer (Jenway 7315) was used to 

measure absorbance from 198 to 1000 nm wavelengths. The limit of the equipment 

photometric absorbance is -0.300 to 2.500. To be able to measure in this range, collected 
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milk samples were diluted to 1:250 in PBS before measurement in microcuvette (centre 

H 15 mm, Brand Gmbh + Co KG) cuvettes. In the ultraviolet (UV) spectrum, milk fat 

was previously reported to absorb strongly at 220 nm [287], [288] whereas in the near-

infrared (NIR) spectrum, milk fat was previously reported to provide a peak at 968 nm 

[289]. However, absorbance values at 968 nm are very small compared to the 220 nm 

value because the water content present in milk interferes in this region and strongly 

absorbs the IR light [290]. Absorbance peaks at both 220 nm and 968 nm were measured 

from the sample collected from the inlet and both outlet samples after 1:250 dilution with 

PBS solution.  

4.2.8 Dynamic Light Scattering 

The size distribution of the particles presents in all the collected samples from the inlet 

and both outlets at different flow rates were determined using Dynamic Light Scattering 

(DLS) (Nanozetasizer, Malvern). All the collected samples were diluted to 1:250 in PBS 

before the measurements and the analysis was performed at 20 °C.  

4.2.9 Statistical analysis  

Statistical significance was determined by unpaired parametric Student t-test. Unless 

specified, the p-value significance threshold was set at 0.05. When reporting on statistical 

significance symbols ‘n.s’ is used to indicate non-significance (p>0.05), while *, **, *** 

denotes p<0.05, p<0.01, p<0.001 as per conventional practice. 

4.3 Results  

4.3.1 Comparison between of theoretical and measured syringe pump pressure 

fluctuation frequencies  

The goal of this first experiment was to verify the previously established relationship 

between the measured frequency of the pressure fluctuation and the inherent mechanical 

frequency of the screw-driven syringe pump. The mechanical frequency can be calculated 

from the following equation, established by [291]: 

 
𝑓𝑚 =

4𝑄

𝜋𝐷2𝑆
 

 

(4.1) 

Where Q represents the volumetric fluid flow rate, D is the internal diameter of the 

syringe which depends on the model and S is the pitch of the screw in the syringe pump. 

Different milk samples (10-50%) were flowed into the device at various flow rates, while 

the pressure sensor recorded the pressure fluctuations. The frequency of pressure 
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fluctuations was extracted from the experimental data and compared to the theoretical 

data calculated from Equation (4.1). 

 

Figure 4.4: Pressure fluctuation data on various milk samples (A) Comparison between 

theoretical and measured frequency of syringe pump fluctuations in the function of flow rate. 

The measured frequency was obtained from the pressure sensor measurement while using a 

syringe with an Internal Diameter of 4.78 mm (50% milk sample, N=3). The error on the 

measured frequency is close to the point size. The theoretical syringe pump frequency is based 

on Equation (4.1) for a 1mL syringe, and the pitch of the screw in the syringe pump is 1.27 

mm. There is no error on the theoretical value of the syringe pump fluctuation frequency (B) 

Relative fluctuation at various flow rates for 10, 20 and 50% milk samples. Up to 0.06 Hz, the 

linear decay of the relative fluctuation with the frequency corroborates other studies [266]. 

However, from 0.06 Hz (corresponding to 5mL/h) it has been uncovered that the relative 

fluctuation reaches a plateau corresponding to a fluctuation with an amplitude of around 2% 

of the average pressure. 

Figure 4.4.A shows the theoretical and measured frequencies plotted against flow rates 

ranging from 5 to 25 mL/h. The correlation between the theoretical and measured 

frequencies is high (R2=0.99). The deviation was more pronounced at a higher flow rate. 

The difference between theoretical and measured frequencies was found to be in the range 

of 4 to 8%, which is consistent with previous findings [266]. The relative amplitude of 

pressure fluctuations was plotted against the pump theoretical frequency (Figure 4.4.B). 

Here, 𝑃𝑎𝑣𝑔 is defined as the average pressure drop and 𝛥𝑃𝑟𝑚𝑠 as the root mean square 

(RMS) value of pressure drop fluctuations. Similar to a previous study, from 0.5mL/h to 

5mL/h, the relative fluctuations with this set-up were higher at low flow rates and 

decreased with an increment in flow rate [266]. However, in previous studies, the highest 

reported flow rate was 5 mL/h. Higher flow rates are desirable in microfluidic separation 

devices, as they lead to higher throughput. Thus, the effects of syringe pump fluctuations 

were investigated at higher inlet flow rates, ranging from 0.5-25 mL/h. The relative 

fluctuation maintains a plateau with an amplitude of about 2% of the average pressure at 
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flow rates >5mL/h (corresponding frequency 0.06 Hz), contrary to previously reported 

behaviour at lower flow rates.  

Four different microfluidic devices were evaluated by flowing DI water at various flow 

rates to explore how this 2% relative fluctuation plateau changes with different 

microfluidic settings. Figure 4.5 compares the relative fluctuations of these devices, and 

it is worth noting that relative fluctuations maintain a plateau, approximately 2% of the 

average pressure fluctuations, starting at 0.06 Hz frequency (matching flow rate 5 mL/h) 

for all of the devices. One of the devices examined consisted of a straight microchannel 

with no sophisticated structure and exhibited the same relative fluctuation characteristics 

as the other BPS devices. In a broad sense, any type of microfluidic device with any 

channel geometry and sample at a higher frequency will have constant relative 

fluctuations. The relationship between this syringe pump induced pressure fluctuations 

and CFZW fluctuations at the expansion-bifurcation is investigated experimentally in the 

following section. 

 

Figure 4.5: Using DI water, the relative pressure fluctuation of four different microfluidic 

devices at different flow rates. Regardless of the channel geometry, all devices retain a 2% 

plateau. 

4.3.2 Relation between mechanical pressure fluctuations and cell-free zone width 

fluctuations 

In the previous section, it has been demonstrated that the relative pressure fluctuation 

reaches a plateau, equal to 2% of the average pressure from 0.06 Hz (5mL/h). It is first 

necessary to relate the pressure fluctuations to CFZW fluctuations in order to understand 

how these fluctuations affect a hydrodynamic separation device since the CFZW dictates 

the location of the separation between cell or particle-free liquid and cell or particle-laden 

liquid, and thus the separation performance. An analysis of the relationship between cell-

free zone fluctuations and pressure fluctuations in milk samples is presented in this 

section. Milk samples were flowed through the hydrodynamic separation device at 5, 10, 
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15, 20 and 25 mL/h and dilution of 10, 20 and 50% with PBS. The pressure and cell-free 

zone fluctuation were recorded respectively, via the inline pressure sensor and CCRM 

camera, as presented in the Materials and Methods section. Figure 4.6.A shows CCRM-

acquired images of the first bifurcation for 15, 20 and 25 mL/h flow rates at 50% milk 

dilution. The measured average CFZW is indicated for each nominal flow rate. 

 

Figure 4.6: Relationship between CFZW fluctuation and pressure fluctuation (A) Photographs 

of the cell-free zone acquired by the CCRM set-up at 50% milk dilution and 15, 20 and 25mL/h. 

The yellow arrow indicates the position from which the width of the cell-free zone (CFZW) is 

acquired. The average of the CCRM-measured CFZW is indicated for each flow rate. (B) Raw 

data for CFZW (CCRM acquisition) and (C) Pressure fluctuations (LabSmith pressure sensor, 

c.f. method section) for 50% milk sample at 15, 20 and 25 mL/h flow rate. The pressure sensor 

provides 30 samples per second whereas the CCRM camera is able to capture 210 frames per 

second. 

The measurement data of CFZW fluctuations for 50% milk at the first bifurcation are 

shown in Figure 4.6.B, while the pressure fluctuations are right at the bottom of each 

CFZW fluctuation data (Figure 4.6.C). The CFZW fluctuations were manually aligned to 

the pressure fluctuations since the image acquisition and the pressure acquisition could 

not be automatically synchronised. On these images, it can be observed that the CFZW 

fluctuations reproduce the pressure fluctuations. The full dataset of CFZW and pressure 
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fluctuation measurement for 50%, 20% and 10% milk can be found in appendix A, where 

the data corroborate with the discussed findings from 50% milk sample data. 

As the pressure fluctuations increased in frequency and amplitude at higher flow rates, it 

has been observed that CFZW fluctuations also increased in frequency and amplitude. To 

investigate the correlation between the two sets of data, the measured frequencies of the 

pressure fluctuations were first plotted against the measured frequencies of the cell-free 

zone fluctuations. Figure 4.7.A shows a large correlation (R2=0.994) and agreement 

between the frequencies of the CFZW and pressure fluctuations. It was also investigated 

if the pressure and cell-free zone fluctuations had any amplitude correlation. Figure 4.7.B 

illustrates that cell-free zone amplitude is linearly related to the pressure fluctuation 

amplitude (R2=0.977).  

 

Figure 4.7: Relationship between CFZW and pressure fluctuation frequency and amplitude 

(A) Plot of frequency of pressure fluctuations versus frequency of cell-free zone fluctuations 

for 10% (●), 20% (▲), and 50% (■) milk dilution (B) Plot of the amplitude of pressure 

fluctuations versus amplitude of cell-free zone fluctuations for 10% (●), 20% (▲), and 50% 

(■) milk dilution (acquired in triplicate). 

4.3.3 Effect of overall sample kinematic viscosity on pressure fluctuations  

The amplitude of pressure fluctuations was linked to the amplitude of CFZW fluctuations 

in the preceding section. The pressure gradient inside a microchannel is directly 

proportional to the viscosity which varies from one sample fluid to another [226]. As a 

result, higher viscosity samples are expected to flow through the microfluidic network 

with a higher-pressure gradient. This will result in higher cell-free zone fluctuation which 

could further degrade the separation efficiency. The effect of pressure fluctuations on 

samples of various densities and viscosity has been examined in this regard. Since it was 

impossible to control both viscosity and density independently, these results are reported 

for kinematic viscosity (ratio of dynamic viscosity over density). The milk-PBS mixture 

is considered a binary mixture so that mixing the components does not produce any 
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volume change. The density of the mixture is calculated by dividing the total mass by the 

volume where the initial density of milk and PBS are taken as 1.033 kg/l and 1 kg/l, 

respectively. Finally using the viscosity of the mixtures are calculated using Arrhenius 

equation (for binary mixture),  

 ln 𝜇12 = 𝑥1 ln 𝜇1 +𝑥2 ln 𝜇2 (4.2) 

Here, 𝑥1 and 𝑥2 are the volume fraction of milk and PBS and 𝜇1and 𝜇2 are the viscosity 

(dynamic) of the initial milk and PBS sample (2 and 1 cP). Whereas, the viscosity and 

density of the complex glycerol-water solution are calculated from an online calculator 

based on the viscosity and density of the glycerol water mixture model from [292], [293]. 

The calculated values of densities, dynamic and kinematic viscosities can be found in  

Table 4.1. 

Table 4.1: Calculated densities, dynamic and kinematic viscosity for different mixtures 

 

Samples 

 

Density (g/cm
3
) 

 

Dynamic viscosity 
(cP) 

Kinematic 

viscosity 
(cSt) 

Water 0.997 1 0.997 
Milk 50% 1.015 1.414213562 1.415062 
Milk 20% 1.0042 1.1487 1.153525 
Milk 10% 1.0006 1.0718 1.087877 

Glycerol 6.67% 1.017585669 1.2383 1.260076 
Glycerol 20% 1.056975506 1.985 2.098096 

Glycerol 33.3% 1.095588698 3.482 3.81484 

 In a first instance, pressure fluctuations recordings were measured for three milk dilution 

samples (10, 20 and 50%) in the 5-25 mL/h range with a 5 mL/h increment. It was 

observed the absolute pressure fluctuations for 50% milk was occasionally marginally 

superior to that of 20% and 10% milk (Figure 4.8.A) because of its higher kinematic 

viscosity. It is noticeable from Figure 4.8.B that the CFZW fluctuations also match with 

the pressure fluctuation because of the correlation between the pressure and CFZW 

fluctuation proved in the previous section. As the kinematic viscosity of these three 

samples were very close to each other, it was difficult to determine clear trends. 

Therefore, the same experiment was performed with an additional four samples, three 

diluted glycerol samples (6.67, 20, 33.3%) and water at 5 and 10 mL/h. The variations of 

pressure at 10 mL/h and 5 mL/h were found to increase logarithmically with kinematic 

viscosity (Figure 4.8.C and E). Although the reason is unknown, I assume that the 
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particles present in samples might be a reason for this. This can be explained from the 

relative fluctuation of the samples. 

Relative fluctuation for the sample samples can be seen increased to 2% of the average 

pressure for the milk samples Figure 4.8. D and F. However, when working with water 

or glycerol samples, a smaller value has been measured. From this I assume that the 

particles present in milk samples might influence the syringe pump fluctuation inside 

microfluidic channel. However, this needs to be clarified by further investigation. 

 

Figure 4.8: Effect of overall sample kinematic viscosity on pressure fluctuations (A) Pressure 

fluctuations at various flow rates and milk dilutions (B) CFZW fluctuations at various flow 

rates and milk dilution. (C) Pressure fluctuation for samples having different kinematic 

viscosities at 10 mL/hour (D) Relative pressure fluctuations for samples having different 

kinematic viscosities at 10 mL/hour. (E) Pressure fluctuation for samples having different 

kinematic viscosities at 5 mL/hour (F) Relative pressure fluctuations for samples having 

different kinematic viscosities at 5 mL/hour. Samples: water; ● 10% milk; 20% milk; 50% 

milk;  6.67% glycerol;  20% glycerol;  33.33% glycerol. 

Simulation using the compressible fluid module was carried out using the calculated 

viscosity and density. It can be seen that when pressure fluctuation amplitude is calculated 

using relative fluctuation measured from the experiment, the simulated pressure 
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fluctuation followed the similar trend like the experimental value with a high R2 value 

(Figure 4.9. A and B). When taken independently, the milk samples provided very good 

linearity and high correlation and good agreement between the simulated and measured 

results (R2=0.995) (Figure 4.9.C).  

 

Figure 4.9: Simulated vs measured pressure fluctuations on samples with different kinematic 

viscosity (A) Pressure fluctuations vs kinematic viscosity for measured and simulated data. A 

good agreement exists between the measured and simulated milk samples exists, but deviations 

for the water sample and glycerol was observed. (B) Correlation between simulated and 

measured fluctuations (all samples) (C) Correlation between simulated and measured 

fluctuations (milk) 

4.3.4 Effect of syringe-pump pressure fluctuations on hydrodynamic separation 

performance 

It has been established in previous sections that the pressure fluctuations of the syringe 

pump introduce fluctuations in the CFZW, and both are linearly related in frequency and 

amplitude. In a hydrodynamic device, the fluctuations of the CFZW at the bifurcation 

might become large enough to drive particles in the cell-free outlet and hence reduce the 

separation efficiency of the device. Two different scenarios are possible: (i) The CFZW 

is very large and situated away from the daughter channel collecting particle-poor or 

particle-free fluid. In this case fluctuations in the CFZW are unlikely to lead to any 
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particles travelling to the skimmed milk outlet. The separation efficiency will remain 

unaffected by the pressure fluctuations (ii) The CFZW is relatively small and situated 

closely to the daughter channel. In this case, pressure fluctuations are most likely to affect 

the particle's path, deviating them from their original position leading to the particle-poor 

channel. Both of these theoretical situations are illustrated in Figure 4.10.A.  

To analyse these scenarios, three distinct flow rates were identified: a lower flow rate (10 

mL/h), to investigate the first scenario and two higher ones (20 and 30 mL/h) to 

investigate the second scenario. In addition, CFD simulation was run for the three flow 

rates.  

 

Figure 4.10: COMSOL simulation results to determine the effect of pressure fluctuation (A) 

Schematic explaining the effect of cell-free zone variation on separation efficiency (i) When 

the cell-free zone resides very close to the skimmed milk outlet at lower flow rates, fat particles 

have chances to travel to the skimmed milk outlet at minimum pressure fluctuation amplitude 

and degrade the separation efficiency (ii) When the cell-free zone resides far away from the 

skimmed milk outlet, fat particles mainly travel to the milk fat outlet even though the 

fluctuation is higher at higher flow rates (B) computed streamline which are: --- 1.5 µm, --- 2.5 

µm and --- 3.5 µm far from the constriction upper boundary are presented for 10,20 and 30 

mL/h. The dark coloured streamlines are simulated from the channel centre (Z=10 μm, 20 μm 

total depth) and light-coloured ones are 4 μm bottom from the channel centre (Z=6 μm)   At 10 

mL/h, particles which are present at the midplane (Z=10) and 2.5 µm far away from the 

constriction upper boundary have the tendency to travel to the skimmed milk outlet when the 

pressure fluctuation amplitude is minimum. For a different depth (Z=6), this distance can go 

up to 3.5 µm. Whereas for 20 and 30 mL/h, fat particles reside at least around 2 µm (For Z=10) 

and 3 µm (For Z=6) far away from the upper boundary have no chance to travel to the skimmed 

milk outlet. 
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For the mid-plane scenario (z =10), the CFD simulations in Figure 4.10.B. showed that 

for any flow rates (10, 20, 30 mL/h), all particles situated 1.5 μm from the edge of the 

constriction will travel into the particle-free daughter channel (red traces). Whereas, 

particles situated from and beyond 2.5 μm (black trace) will travel to the particle-rich 

outlet except for the minimum pressure scenario for 10 mL/h when a “switching” event 

(indicated by an arrow on Figure 4.10.B) was observed. At this minimum pressure 

fluctuation for 10 mL/h, the streamlines starting 2.5 um from the wall, switch from the 

particle–rich channel to the particle-poor channel. A similar switching event at 10 mL/h 

(minimum pressure fluctuation) was observed when the streamlines were computed 4 μm 

away from the z-mid-plane and 3.5 μm away from the constriction sidewall. For this z 

plane, all the particles reside within this 3.5 μm distance follows the particle-poor 

channel, no matter what the flow rate is.  

Before explaining the experimental result, it is worth noting again that the device used in 

this experiment was designed to separate blood plasma and does not have 100% 

separation efficiency for milk fat. Therefore, some fat particles will end up at the skimmed 

milk outlet without any fluctuation effect. The lowest amount of fat that could travel 

through the skimmed milk outlet will be at higher flow rates (e.g., 20 mL/h) which might 

be because of the remaining smallest fat particles (0.2-0.5 μm) within the CFL as 

confirmed and explained in the simulation result in the previous paragraph. To further 

verify the effect of pressure fluctuations on the separation performance, milk (50%) was 

flowed into the device at 10, 20 and 30mL/h. Absorbance measurements were acquired 

at 220 and 968 nm to characterise the presence of fat particles in particle-poor (skimmed 

milk) microfluidic extract and particle-rich (fat) microfluidic extract. All the absorbance 

measurements were acquired in triplicates on samples collected from extractions in three 

unique and previously unused, but identical, devices. For these experiments, the cell-free 

zone was imaged under a microscope (Dinolite, Premier AM7013MZT) (Figure 4.11.A) 

and the absorbance spectrophotometry was used to characterise the separation 

performance on the inlet (feed) solution. Both the absorbance spectrum from 190nm-

1000nm for particle-poor and particle-rich outlets are shown in Figure 4.11. B and C. A 

higher 200 nm absorbance peak can be noticed at 10 mL/h for particle-poor skimmed 

milk outlet as a result of a large number of fat particles travelling to that outlet. A complete 

opposite trend was observed for the milk fat outlet because most of the fat particles 

travelled to the milk outlet at 20 and 30 mL/h. However, the trend at 968 nm is difficult 

to notice because of its lower value compared to 220 nm absorbance, as discussed earlier.  
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Figure 4.11: Spectrophotometry results for different milk samples (A) Photographs of the cell-

free zone at 10,20 and 30 mL/h; (B) Absorbance spectrum of skimmed milk outlet sample after 

1:250 dilution with PBS in range (190nm-1000nm) at different flow rates. It can be visible that 

at 220 nm, the sample collected from the low flow rate (10 mL/hour) provides a higher 

absorbance value compared to the other two (which are almost similar) due to the presence of 

a large number of fat particles. CFZW fluctuation is one of the major factors behind this fat 

particle movement to the skimmed milk outlet. Absorbance peak at 968 nm is very small 

compared to the 220 nm peak, therefore, is not visible here; (C) Absorbance spectrum of Milkfat 

outlet sample after 1:250 dilution with PBS in range (190nm-1000nm) at different flow rates. 

At higher flow rates (20 and 30 mL/hour) most of the fat particles travelled to the milk outlet 

hence showing a higher absorbance peak at 220 nm. 968 nm peak can be visible but difficult 

to quantify from the figure because of the large difference between the absorbance peak values. 

To observe the trend clearly, the absorbance values at 220 nm and 968 nm are shown in 

Figure 4.12.A and B, respectively, for the inlet, and particle-poor (skimmed milk) and 

particle-rich (fat) outlets at various flow rates. The absorbance of separated centrifuged 

skimmed milk (at 16,000×g for 10 minutes) is also added as a control. In these 

experiments, the particle-poor, skimmed milk outlet sample absorbance for 10 mL/h was 

superior compared to the ones from 20 and 30 mL/h (respectively p= 0.0056, and 

p=0.024). This can be further understood by Figure 4.12.C and D from where it can be 

inferred that when the CFZW is increased to a certain point, there is no more influence of 

flow fluctuation on the separation efficiency, thus the absorbance values of the skimmed 

milk outlet achieve a plateau. A complete opposite relationship can be observed for milk 

fat outlet. Finally, the inlet and the extracted particle-poor samples were analysed by DLS. 

The DLS results (Figure 4.12.C) showed a relatively larger portion of the milk fat 
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globules (1-7 µm) in the 10 mL/h separations, which confirmed the spectrophotometric 

measurements. 

 

 

Figure 4.12: Detailed spectrophotometry and DLS results for different milk samples (A) 

Absorbance values for the sample collected from Inlet, skimmed milk (centrifuged at 16,000g 

for 10 minutes), skimmed milk outlet and milk fat outlet at 220 nm; (B) Absorbance values for 

the sample collected from Inlet, skimmed milk (centrifuged at 16,000g for 10 minutes), 

skimmed milk outlet and milk fat outlet at 968 nm; (C) CFZW vs the absorbance values for the 

skimmed milk outlet and milk fat outlet at 220 nm; (D) CFZW vs the absorbance values for the 

skimmed milk outlet and milk fat outlet at 968 nm; (E) Dynamic Light Scattering (DLS) data 

from the skimmed milk outlets show that the milk fat fraction (1-7 µm) is increased in the 

10m/h experiments. However, due to the DLS data variability, statistical significance was not 

fully achieved. 
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4.3.5 Comparison between different syringe pumps 

The results of earlier sections were obtained with Aladdin syringe pumps, demonstrating 

how syringe pump fluctuation influences the separation efficiency of a microfluidic BPS. 

There are a variety of commercial and open-source syringe pumps available, and it would 

be interesting to compare their performance in microfluidic settings, particularly in terms 

of fluctuations and their amplitudes. In this section, the fluid delivery performance of 

three commercial syringe pumps (neMESYS, KD Legato, and Aladdin) and one open-

source syringe pump (Ender) have been compared. Figure 4.13 illustrates all of the pumps 

that were compared. 

 

Figure 4.13: Photograph of the different syringe pumps used to compare the flow rate 

fluctuation. Except for the neMESYS 1000N pump, which is pulseless, all the other pumps are 

stepper motor-driven pumps. 

When operated by a syringe pump, smaller diameter syringes should provide higher 

mechanical oscillation, according to Equation 4.1. The performance of three stepper 

motor-driven syringe pumps was investigated to observe the pressure fluctuation caused 

by this mechanical frequency. Figure 4.14. A depicts the relative fluctuation of different 

syringe pumps at 0.5 to 25 mL/h flow rates. Similar to the Aladdin syringe pump, the KD 

and Ender syringe pumps provide larger fluctuation at low flow rates and maintain a 

plateau with their lowest relative fluctuation amplitude at high flow rates (from 5 mL/h). 

The KD pump's plateau magnitude is roughly 0.2%, which is significantly less than the 

Aladdin and Ender pumps' relative fluctuation plateau magnitudes of 2% and 2.5%, 

respectively.  
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Figure 4.14: Characterization with different syringe pumps using Feb 16 B1 BPS device (A) 

Relative fluctuation of three stepper motor-based syringe pump at different flow rates using 1 

mL syringe showing the KD pump which can take 3200 micro-steps per revolution provides 

much lower relative fluctuation compared to the Aladdin (400 micro steps) and Ender (200 

micro steps) pump (B)Relative fluctuation comparison between pulseless neMESYS syringe 

pump and stepper motor based Aladdin and Ender pump using 5 mL syringe at different flow 

rates showing superior performance of neMESYS pump than the other two (C) Magnitude of 

relative fluctuation plateau for different pumps using 1 mL syringe confirms significant 

difference in performance between them (D) Magnitude of relative fluctuation plateau for 

different pumps using 5 mL syringe. The pulseless neMESYS pump maintains a plateau 

throughout the operation. 

The pulseless syringe pump neMESYS performed the best with a 5 mL syringe, keeping 

the relative fluctuation amplitude within 0.1-0.7% throughout the operation (Figure 

4.14.B). In the case of Aladdin and Ender pumps, on the other hand, the relative 

fluctuation was higher at low flow rates, and at higher flow rates, it attempted to reach 

the plateau at 2% of the average pressure for both of them, which has been already 

observed. Figure 4.14.C (for 1 mL syringe) and Figure 4.14.D (for 5 mL syringe) present 

a clear comparison of the plateau magnitude of different pumps. 



 

77 

4.4 Discussion 

Unlike the previous studies, this study was conducted from low to very high flow rate (2-

25 mL/h) and informed that at higher flow rates (>5 mL/h) the relative pressure 

fluctuation comes to a plateau magnitude of 2% of the average pressure with commercial 

Aladdin syringe pump. According to this, pressure fluctuations in the 50% milk sample 

using the August 15 C1 device can exceed ±40 KPa at 30mL/h. Previous studies have 

shown CFZW at an expansion-bifurcation to increase with the shear rate and the pressure 

gradient [113], [132]. As an extension, this study uncovered that the CFZW is also 

fluctuates with the same frequency as pressure gradient fluctuations and it directly copies 

the fluctuation nature of the pressure fluctuation. This can be seen even during minor 

secondary pressure fluctuations, for example, such as the secondary pressure fluctuations 

seen between the two peaks in Panel B of Figure 4.6 for 15mL recordings (first set), which 

could be due to temporary minor blockages in the device. 

It has been previously shown that Polydimethylsiloxane (PDMS) and other rubber-based 

materials of low Young Modulus have damping properties, thereby reducing the 

amplitude of mechanical oscillations in a fluidic network [294], [295]. PDMS is a silicon-

based organic polymer that is popular among academic microfluidics communities in the 

exploratory stages of research because of its straightforward fabrication, cost, robustness, 

flexibility and optical transparency [296]. Here both the chip and the tubing material are 

non-silicone; the chip is a composite of SU8 and PMMA and the tubing is 

polytetrafluoroethylene (PTFE). Therefore, most of the hydrodynamic instabilities are 

expected to be transmitted in the fluid and visible at the CFZW. The advantages of a 

SU8/PMMA approach include its suitability for industrial mass manufacturing, better 

chemical and mechanical stability, and lower absorption of small molecules, as also 

mentioned in Chapter 3. 

The amplitude of pressure and CFZW fluctuation has also found to be linearly related. 

From this corelation it is possible to back-calculate a particular CFZW fluctuation for a 

given pressure fluctuation amplitude. For example, for a 10 KPa pressure fluctuation from 

the mean pressure, the CFZW will vary about 2 μm (this holds for 10-50% milk dilution). 

Since the best in-silico blood models, including the most recent Lattice-Boltzmann 

models, cannot yet resolve high haematocrit blood flow (or high-density particulates) or 

support the design of complex, high-density soft particulate flow, these experimental 

findings could be useful when designing hydrodynamic separation devices. By knowing 

the cell-free zone spatial fluctuations, designers and experimentalists can adjust devices 

to avoid cells or particles non-intentionally reaching undesired outlets. 
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The experiment was broadened for a wide variety of various kinematic viscosity samples, 

and it was discovered that samples with no cells or particles have lower relative 

fluctuation, and so the overall fluctuation appears to demonstrate a logarithmic 

relationship between samples. The reasons for the reduced relative fluctuation in the 

glycerol and water samples is unknown; however, cell-cell interactions have been 

postulated as a possible cause of the pressure fluctuations [297]. 

The initial streamline location for the CFD simulation was critical for observing the 

fluctuation effect, and it was carefully determined based on the forces and effects that are 

active in those regions. As mentioned earlier in section 4.2.1, three forces are mainly 

considered in inertial focusing to determine the ultimate position of a particle in a micro-

channel named as shear gradient lift force, wall induced lift force and drag force. Based 

on the relative velocity around the particles, the shear gradient lift force moves the 

particles mainly towards the channel wall, while the wall induced lift force acts on the 

particles in the opposite direction. Counter interaction of these two forces determines the 

net lift force on a specific particle. However, mainly the wall induced lift force has been 

considered in determining the distance of the streamlines from the top constriction 

boundary because of its dominance on the particles that are initially moving close to the 

side walls. These particles will interact with the channel wall and because of the pressure 

build-up between the wall and the particles, they will move away from the wall. In this 

study, the primary focus was on the homogenised fat globules (typically 0.2-2 μm in size) 

present in the homogenised milk, although some unhomogenised and larger fat globules 

(∼2-6 μm) were also expected to be present in the sample. In a rectangular channel, 

depending on the aspect ratio (channel width/channel depth) and Reynolds number, 

particle distribution pattern might lead to two to eight equilibrium positions near the walls  

[298]–[301]. Since the Reynolds number varies between 100 and 300 in this setting and 

the aspect ratio is nearly two, it was assumed for simplicity that there will be four 

equilibrium positions near the top-bottom and sidewalls, similar to [302]. Therefore, 

when predicting the positioning of particles at different distances from the sidewall, those 

particles' positioning in the z-direction (channel depth) have also been taken into account.  

According to the simplified net lift force near the sidewall [303] derived from [304], the 

larger sized particles which are close to the sidewall will experience higher wall induced 

force and move further away from the wall faster than the smaller sized ones. This will 

create the CFL near the side wall depending on the channel diameter, particle size and 

density [137], [305]. For a specific sized channel, the CFL usually decreases with an 

increment in the density of particles. As an example, for a channel with a 40 μm width, 
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the CFL decreased from 2.9 to 2 μm when the blood HCT rises from 40 to 45% [137], 

[306], [307]. This is because the degree of axial migration decreases with the aggregation 

of RBC at the core of the channel. However, the scenario will be different with milk. As 

it has been mentioned earlier that the smallest size of fat particles available in 

homogenised milk is much smaller than that of RBCs, the wall induced force exerted on 

those particles will be comparably very small and this will affect the migration 

significantly. Moreover, the comparably higher number of fat particles available in milk 

will further hinder this migration as a result of higher cell-cell interaction. Regardless of 

the presence of a cell-free layer, particles larger than 2 μm, cannot have their centre of 

mass between the streamline located at 1 μm from the wall. Smaller fat particles (0.2-0.5 

μm) and casein particles (∼100 nm) located within the 1.5 μm zone are expected to travel 

to the skimmed milk outlet, as the net lift force will be negligible for them. In general, the 

fat particles will try to move to the centre at different speeds depending on their size, 

which is related to the wall induced force and interaction with the already existing 

different-sized particles near the centre of the channel. The smallest fat particles (∼ 0.2-

0.5 μm) are expected to reside next to the casein particles layer after crossing the CFL 

boundary. However, some of them might remain within the CFL because of the smaller 

induced force and their interaction with the particles that will try to move to the sidewall 

from the centre because of the shear gradient lift force and reside at the CFL boundary. 

Whereas the biggest fat particles are predicted to cross the CFL boundary and remain at 

the furthest region from the sidewall. Flow streamlines were computed from precise 

starting locations from the constriction boundary side wall (1.5, 2.5 and 3.5 μm) at the 

closest to the daughter channel and for two z locations: one at channel centre and another 

one 4 μm away from the centre. A central shift of particles can be noticed by observing 

at the post- streamline placement after the constriction. This central shift of particles 

flowing through the particle rich channel is expected as the particles tend to move towards 

the channel centre near the top and bottom walls to attain their equilibrium position. It 

can be inferred from the CFD simulation that, although some fat particles will end up at 

the skimmed milk outlet because of the insufficient cell-free zone, the effect of pressure 

fluctuation will further degrade the separation efficiency. 

Characterisation with the absorbance spectrophotometry and DLS shed light into the 

experimental effect of syringe pump fluctuation on the separation efficiency of the BPS 

device. Although the CFZW was large enough to be situated beyond the particle-poor 

channel at the nominal pressure, the pressure fluctuations due to the mechanical 

fluctuation of syringe pump led to more milk fat particles travelling into skimmed milk. 
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This study bears similarities with investigations into stenosed arteries under pulsatile flow 

and plasma skimming effect as a function of heart rate [308]–[310]. Since the results 

presented in this study do not allow direct comparison (data acquired on milk rather than 

blood), future work will be dedicated to investigating the fluctuations of the cell-free 

zones in blood flow under syringe pump-induced fluctuations. Vascularisation associated 

with cardio-vascular and cancer pathologies (respectively stenosis and abnormal vascular 

structure[311]) which operates under similar pulsatile conditions could inspire 

biomimetic structures (such as constrictions and bifurcation geometries) for optimal 

blood plasma separation.  

Furthermore, various commercially available and open-source pumps were investigated 

to determine their mechanical fluctuation effects. The KD pump performed exceptionally 

well among the syringe pumps without feedback loops, as one could expect considering 

its higher cost (15 times that of Ender) and higher motor steps per revolution (3200 micro 

steps). One might expect higher motor steps per revolution (3200 micro steps) than the 

other two pumps. Pulseless nemesys pumps perform best at low frequency since they 

utilize feedback loops to keep pressure fluctuations to a minimum, but they are quite 

expensive. 

Between the low-cost commercial Aladdin pump and open-source Ender pump, 

significant statistical difference in the plateau magnitude can be observed while operating 

with a smaller diameter 1 mL syringe. Whereas, for 5 mL syringe, there was no significant 

difference in plateau magnitude. While the main reason for this is unknown one reason 

could be the faulty setup of Ender pump. Ender pump is made up of three separate 

programable pumps, two of which were used in this study. Although it is assumed that 

these pumps operate identically (same diameter screws were used), this may not be the 

case, as the pump used in the 1 mL experiment had more fluctuation. This is most likely 

due to the fact that the screws required to push the syringes are manually attached, and 

some of them might not have been adequately connected. Another reason could be Ender 

pump's comparatively better performance at higher frequencies (mechanical frequency is 

higher when working with lower diameter syringe). Because of its fewer micro-steps per 

revolution, the Ender pump's performance may not be as good as the Aladdin pump at 

lower frequencies. 

4.5 Conclusion 

The effect of syringe pump fluctuations on the cell-free zones in the microfluidic 

hydrodynamic separation structure has been investigated. Using a CCRM imaging 
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approach, having reported for the first time, a direct relationship between the mechanical 

oscillation of the syringe pump and the width of the cell-free zone at an expansion region. 

The cell-free zone width at an expansion region has been observed to fluctuate with the 

same frequency and amplitude as the mechanical fluctuations of the syringe pump. To 

explore this effect in the context of high throughput applications, relevant to cell 

separation studies, the relative fluctuations of pressure and cell-free zone width have been 

measured in this study from moderate to high flow rates (from 5 to 25 mL/h). The relative 

pressure and cell-free zone fluctuation maintain a plateau with an amplitude of 

approximately 2% of the average value for this range (with Aladdin pump), which should 

hold for devices with any geometrical structure. Finally, the potentially damaging impact 

of pressure fluctuations on hydrodynamic separation has been demonstrated using milk 

fat separation. It has been proved, by simple simulation and experiment, that these 

pressure fluctuations degrade the particle flow path and the separation efficiency. It has 

also been demonstrated that absolute pressure fluctuations increase with kinematic 

viscosity, implying that the impacts of pressure fluctuations will become more severe for 

blood and other two-phase, or highly viscous flows. Furthermore, the performance of 

various commercial and open-source syringe pumps was evaluated using pressure 

fluctuation measurements, which revealed that employing a pulseless syringe pump or a 

high precision stepper motor-based pump (higher micro-steps) can greatly reduce these 

fluctuations. These high-precision pumps, however, are hugely expensive. 

In conclusion, following these results, microfluidic designers may take two approaches. 

On one hand, using pulseless syringe pumps or damping solutions will overcome major 

fluctuation effects and improve the efficiency of separation devices. On the other hand, it 

is possible to take pressure fluctuations into account and design a hydrodynamic 

separation system for widely used conventional syringe pumps. Using the present 

findings, designers of bulk cell separation devices can ensure robust performances, 

independent of pressure fluctuations. 
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Chapter 5: Design, 3D-printing, and characterisation of a low-cost, 

open-source centrifuge adaptor for separating large volume 

clinical blood samples 

5.1 Introduction 

A centrifuge is one of the most frequently used instruments in laboratory diagnostic and 

molecular biology laboratories, where it is employed to extract particles having different 

densities from a variety of mediums, using centrifugal forces. The primary uses of a  

centrifuge in a laboratory include the separation of plasma from whole blood for 

immunoassays or hematocrit analysis [209], the separation of pathogens and parasites in 

biological fluids [312], and DNA extraction preparation steps [313]. 

In particular, blood plasma separation is essential, and often the primary step in numerous 

biomedical assays involving low abundance target molecules, such as cell-free nucleic 

acids. Conventionally, this separation process is performed using high-capacity 

refrigerated centrifuges which are capable of dealing with a large volume (>5-50 mL) of 

blood samples. These laboratory centrifuges are bulky (120 kg), usually work with 20–

40 cm diameter rotors holding 20–100 sample vials, thus occupy a sizeable space in the 

laboratory space. Moreover, these large capacity centrifuges are expensive, (capital 

expenditure starts from $1,500)  and have high operational costs associated with them 

[314]. There are commercially available micro-centrifuges that can be cost-effective 

whose price starts from $120, however their drawbacks are that firstly they cannot handle 

volume blood samples above 1.5 mL and secondly, they cannot handle routinely used 

clinical tubes such as S-Monovettes (Sarstedt, Germany) which introduces further 

preparation steps before the centrifugation. Many researchers have adopted microfluidic 

blood plasma separation to enable low-cost plasma separation; however, these systems 

still have yield and purity issues for extremely low abundance biomarker detection, and 

the low throughput (10 mL/h) of the developed high-purity ones makes them inadequate 

for practical high-volume blood processing applications. In many clinical applications, 

such as Apolipoprotein E and HLA detection [68], [70], early cancer detection [21], [315], 

and liquid biopsy [52], [53], large volumes of plasma (>4 mL) are required. Hence, there 

is a clear demand on the market for a centrifugation system that will at the same time be 

safe, low-cost, able to handle large volumes as well as work with routinely used clinical 

blood tubes. A system like this might be useful for mobile laboratories or low-budget labs 
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in underdeveloped nations when centrifugation is necessary immediately after blood 

collection for additional testing. 

To reduce the cost of centrifugation, a number of so-called “frugal” solutions have 

emerged, as part of the open-source and open-science movement [316]–[318]. 

Centrifuges using hand powered rotary mechanism such as fidget spinners [319], [320], 

egg beaters [207], paper toy [206], hand crank torch lights [321], salad spinners [322] and 

centrifuges involving electric motor such as USB fans [323], [324], Dremel tools [325] 

have been proposed, amongst other solutions. However, all of these devices are only able 

to handle low volume samples typically from a few microliters to 2 mL. Only a few 

solutions have been proposed to meet the large volume centrifugation requirement. Patel 

et al. constructed a portable, low-cost 3D printed microcentrifuge with a DC motor that 

can accommodate special 4 mL glass tubes, which necessitates additional blood handling 

phases [208]. Sule et al. also designed a 3D printed hand-powered centrifuge for high 

volume centrifugation that costs only $27 in total. [209]. Because it lacks a protective 

cover, the gadget might not be suitable for use with biological samples. Plasma separation 

needs at least 10 minutes of centrifugation in a refrigerated centrifuge, which will be 

difficult to achieve using a hand-powered microcentrifuge. Most crucially, none of the 

abovementioned low or high-volume systems can employ clinical blood collection tubes 

(such as S-Monovette) straight after blood removal, resulting in further sample 

preparation steps. Figure 5.1.A shows the processing volume of available commercial and 

open-source academic microcentrifuges against their price. Figure 5.1.B illustrates the 

size difference between the blood handling tubes commonly used in microcentrifuges and 

the clinical S-Monovette collection tube.  I have identified the need for a low-cost, yet 

automated, approach to the centrifugation of larger sample volumes. Such a device could 

facilitate access to relevant laboratory tools and expand scientific or medical research and 

practice. 

In this work, I propose a novel approach to significantly reduce the cost of S-Monovette 

centrifugation by customising the rotor of a commercially available microcentrifuge 

(SciSpin MINI Microfuge, model: SQ-6050) using low-cost additive manufacturing (3D 

printing) (Figure 5.1.C). The main goal was to ensure that the modified rotor spun at the 

same rated speed as the original microcentrifuge motor, resulting in high-speed 

centrifugation that can match the performance of the high-cost refrigerated centrifuge. 3D 

printing has emerged in recent years as a convenient method for the development of cost-

effective and open-source scientific and diagnostic tools [317], [326]–[328]. This solution 

has been made open-source and all the manufacturing details are included for others to 
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replicate this work. This customization procedure could be beneficial to scientists in a 

low-resource environment [316]–[318], to scientists in need of a mobile centrifugation 

solution, or to educators. This developed setup can be customised from a widely 

accessible CE approved low-cost microcentrifuge, and its enclosed structure enables safe 

centrifugation of two widely used standard 9 mL S-Monovette blood collection tubes, 

while costing as little as $140. I report the effects of different parameters (size, mass, 

aerodynamic drag force) on the behaviour and performance of the 3D printed rotor using 

plasma yield, blood cell counts, cfDNA and albumin levels for biological 

characterisation. The work has been presented at International Conference on Additive 

Manufacturing (ICAM 2021) and a full manuscript is currently under review and the pre-

print is published online [329]. 

 

Figure 5.1: Developed 3D printed centrifuge setup  (A) Sample processing volume vs price of 

available commercial and open source academic microcentrifuges, (B) Illustration of the 

different sized tubes used with the available microcentrifuges along with S-Monovette tube used 

in this project, (C) Adaptor concept: C.i) Commercial SciSpin MINI Microfuge, model: SQ-

6050 with its original rotors C.ii) CAD schematic of the designed three-part rotor adaptor C.iii) 

Final 3D printed rotor adaptor mounted on the commercial microcentrifuge base C.iv) Top 

cover removed from the adaptor, showing inside part of the rotor adaptor that holds two 

standard 9mL S-Monovette tubes. 
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5.2 Material and methods 

5.2.1 Theoretical background and design consideration 

Centrifugation is a way to increase the gravitational field magnitude by spinning a sample 

around an axis which creates a relative centrifugal force (RCF, also called the “g” force) 

capable of pulling cells and other particles to the furthest position from the centre of 

rotation. The RCF is proportional to the square of the rotor speed and the radial distance 

and can be calculated using the following equation: 

 𝑅𝐶𝐹 = 1.118 × 10−5 × �̅� × 𝜔2 (5.1) 

 

Where �̅� is the average radial distance of the sample in the tube (in cm) and 𝜔2 is the 

rotor speed (in Revolutions Per Minute, RPM). The schematics of the tubes and 

dimensions are shown in Figure 5.2.A. 

 

Figure 5.2: Parameters affecting the performance of centrifugation (A) Schematic illustration 

of the tubes on a fixed-angle adaptor and the radial dimensions (B) The influential parameters 

on the applied RCF on the sample in the tube mounted on the adaptor. 

Although it seems from equation (5.1 that the RCF should increase with an increment in 

speed and the distance of the sample from the axis,  other parameters must be considered 

to obtain the highest RCF. These parameters include the moment of inertia, torque, and 
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aerodynamics (Figure 5.2.B). As the original rotor is going to be replaced by the 

customised one, to meet this additional load demand, the torque of the motor will increase, 

which will force the speed to go down because of the inverse relationship between the 

torque and speed. As the RCF increases with the square of the rotor speed, halving the 

speed will result in a 4-fold decrement in RCF which will result in poor separation 

efficiency. The additional mass and larger size of the rotor adaptor to accommodate the 

S-Monovette tubes lead to a decrease in the speed because of the larger moment of inertia 

and higher aerodynamic drag force. Therefore, although the increment of radial distance 

increases the RCF, it can also decrease the rotational speed because of the increased 

moment of inertia and aerodynamic drag force. In this trade-off between speed and radial 

distance, the speed has been given priority because of its squared relationship with the 

RCF and every effort has been made to keep the design as small and light as possible. In 

addition to these discussed parameters, the rotational angle also plays a vital role in the 

separation process where most compact pellet after the separation usually forms with a 

higher rotational angle and therefore 45° fixed angled rotors are most common in 

commercial centrifuges that uses fixed-angle rotors. It should be noted that, among the 

two types of rotors, fixed-angle and swing-bucket rotors, the former one has many 

advantages like lower exposure to stress, higher RCF and not having any moving hanging 

parts; hence, adopted in our project. The effect of different angled rotors has been studied 

in different designs which will be discussed in the next sections. 

5.2.2 Centrifuge hardware 

The commercial microcentrifuge (SciSpin MINI Microfuge, model: SQ-6050) used in 

this project is widely available on mainstream purchasing platforms. To the best of my 

knowledge, this is the lowest cost CE-marked microcentrifuge on the market at the time 

of writing. It also has a higher rotational speed (7000 RPM), is lightweight and is more 

compact compared to other available devices. The full technical specifications of the 

microcentrifuge are provided in Table 5.1. A commercial benchtop refrigerated centrifuge 

(Allegra X-12R, Beckman Coulter) with a swinging bucket, (Modular Disk Adapters for 

Tubes (SX4750)) was used as the benchmark. The benchmark centrifuge was always run 

with an RCF of 3273×g (3750 RPM).  The RCF for the benchmark was chosen as the 

maximum speed allowed on a swinging bucket configuration and close to the average 

first spin values used in cfDNA studies [330]. The maximum speed for the commercial 

Allegra centrifuge is respectively 3750 and 10,200 RPM for swinging bucket and fixed 

angle, (equivalent RCF respectively 3273 and 11,400 ×g). The second spin protocol 
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applied in plasma quality measurements was 12,000×g RCF for 10 minutes with a 

commercial high-speed microcentrifuge (5417 R, Eppendorf), also based on cfDNA 

studies [330]. 

Table 5.1: Technical specification of SciSpin MINI Microfuge, model: SQ-6050 

 

5.2.3 3D printed adaptor fabrication 

All 3D printed rotor adaptors presented here were designed using 3D modelling CAD 

(SolidWorks, 2018) and fabricated using Fused Deposition Modelling (FDM) 

technology. The Anycubic i3 Mega (Anycubic, Shenzhen, China) 3D printer was 

employed for printing. Polylactic Acid (PLA) (Verbatim 1.75mm clear PLA) was used to 

print the rotor. The technical characteristic of the printer is provided in Table 5.2. The 

objects were sliced with Ultimaker Cura 4.4 [331] using the standard settings summarized 

in Table 5.3. All the design files are provided in .stl format in the online repository 

FigShare (https://doi.org/10.6084/m9.figshare.16762444.v2 ). 

Table 5.2: Technical characteristics of Anycubic i3 Mega 3D printer 

 

 

https://doi.org/10.6084/m9.figshare.16762444.v2
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Table 5.3: 3D printing setting for Ultimaker Cura 4.4 

 

5.2.4 Simulation of critical speed 

Any rotating system tends to vibrate in the absence of a driving force at certain 

frequencies called natural frequencies. When the frequency of the rotational speed 

matches with the natural frequencies of the system, there will be a resonance and the 

system will vibrate at that frequency. This natural frequency matching speed is commonly 

known as the critical speed of the system. The vibration of the rotating system can impose 

high shear stress on the blood cells and could potentially damage the cells, leading to 

hemolysis, the destruction of red blood cells, and erroneous analytical results [216]. 

Therefore, it is important to minimize the critical speed to ensure the minimum shear 

stress on blood cells. Industrial centrifuge systems operate below and above critical 

speeds and the critical speeds are controlled via damping in rotor shaft connection [332]. 

In this project, the critical speed of different designs was predicted in-silico using Ansys 

workbench modelling (2021 R1, student edition) with the purpose of minimising the 

model critical speed. During the simulation, modal analysis has been selected from the 

available analysis systems. The designed 3D model was then imported into the analysis 

using the geometry tab. The remaining configuration was then completed in the analysis' 

model tab. PLA material was assigned in this step and the threads present in the original 

design were removed to facilitate the meshing. Fine meshing was chosen which was the 

highest possible meshing setting available with the Ansys version used in this study. Later 

the connection point between the designed rotor and the centrifuge base was selected as 

a fixed support. To run the modal analysis under loaded condition (rotational velocity) 

and calculate the critical speed using Campbell diagram, the Coriolis effect, the Campbell 
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diagram and the damped condition were turned on, and the number of points was set to 

15, allowing me to do the modal analysis for fifteen different speeds. Finally, from the 

environment tab, a rotating velocity was added to the analysis, and fifteen rotational 

speeds were employed, ranging from 0-7000 RPM with 500 RPM intervals. Following 

the computation, a Campbell diagram was created under the solution, displaying the 

design's critical speeds, with the one lower than 7000 RPM chosen as the model critical 

speed for the further analysis. 

5.2.5 Deflection measurement 

The deflections of each 3D printed adaptor were measured from video recordings using 

a code written in the Python OpenCV module. Three video recordings of each adaptor 

were taken, with a duration of 4 minutes (At 0 sec, Motor mains and video start; at 2 min, 

Motor mains stop; at 4 min, video stop). Prior to the deflection measurement, sizes of the 

video files were reduced using an online video converter (https://ezgif.com/). In the first 

module of the python code, the edge position of the adaptor was detected and transformed 

in pixel units for each frame of the video. Then these detected positions were compared 

with the initial reference and deflections in the pixel unit were incorporated into a final 

deflection matrix.  Finally, the values of the deflection matrix were saved to an MS Excel 

file along with their corresponding pixel numbers. The code saved the screenshot of the 

processed video images from which a pixel per mm value was calculated from a known 

distance. This calculated pixel per mm value was then compared to the saved deflections 

values in the MS Excel file which provided the absolute deflection in mm for each design. 

The full deflection measurement procedure can be visualised with the help of Figure 5.3 

and the required Python code is provided in Appendix B. All video recordings are 

available from the FigShare repository https://doi.org/10.6084/m9.figshare.16762444.v2. 

https://doi.org/10.6084/m9.figshare.16762444.v2
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Figure 5.3: Deflection measurement from recorded video using Python code (A) Step-by-step 

guide for the deflection measurements  (B) Corresponding illustration for steps annotated I-V 

in the process. All three video files for each design are available from FigShare 

https://doi.org/10.6084/m9.figshare.16762444.v1. 

5.2.6 Sample material 

Human blood samples were obtained under local ethical approval from the Scottish 

National Blood Transfusion Service (contract #18~06) and according to the Declaration 

of Helsinki. Samples were kept refrigerated (2°-8° degrees) before their use. Blood 

samples were ordered from the same group (O positive) and pooled. Upon arrival, they 

were mixed gently to save the RBCs from getting damaged via excessive shear stress. 

Prior to each experiment, 9 mL blood samples (from the same pool) were poured into 9 

https://doi.org/10.6084/m9.figshare.16762444.v1
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mL S-Monovette opened syringes using S1 Pipet Filler (Thermo Scientific) which 

enabled fatigue-free pipetting. The larger diameter of the pipette tip (~0.9 mm) ensured 

lower stress exerted during blood aspiration.  

5.2.7 ImageJ analysis on yield calculation 

Prior to the experiments, all the S-Monovette tubes were marked to indicate the area 

required for a 1 mL volume of plasma. After each experiment, photographs of the tubes 

in a fixed custom set-up were captured with a mobile camera (Samsung Galaxy Note9). 

Thereafter, the captured images were processed using ImageJ software to measure the 

yield of the separated plasma. During the analysis, the previously marked area was 

selected as the scale. The plasma volume separated after centrifugation was calculated 

from the position of the plasma limit. Finally, the yield was calculated by comparing this 

separated plasma volume with the total available plasma in the sample, known from the 

hematocrit (HCT) measurement (See section 5.2.8). 

5.2.8 Blood cell counts 

RBCs and platelets count, HCT, and hemoglobin (HGB) of all the pre-and post-

centrifuged blood and plasma samples were measured by a hematology analyzer (Sysmex 

XP-300, Sysmex Corporation, Japan). These measurements were used to compare the 

separation efficiency and purity of different designs. 

5.2.9 Characterisation of hemolysis via spectrophotometry 

A centrifuge operates at a high centrifugal force and may exert a shear rate on the RBCs 

resulting in hemolysis. The reference for hemolysis rate during storage provided by the 

American Society for Clinical Pathology is 2% or less [333], the Council of Europe 

guidelines recommend not to exceed 0.8% [334] and the US FDA 1%. While these values 

provide a useful guide to interpret the effect of centrifugation on blood samples, it should 

be noted that they refer to hemolysis in blood and blood components intended for 

transfusion or further manufacture, not in-vitro diagnostics. During hemolysis, RBCs 

release their HGB content on the sample. Free HGB measurements in plasma provide an 

estimation of the overall hemolysis of a sample. In order to evaluate the hemolysis 

generated during the centrifugation with different devices, HGB concentration on the 

plasma was measured using the spectrophotometric Cripps method at 560, 576 and 592 

nm wavelengths [335]. The percentage of hemolysis was estimated with equation (5.2 

[336]: 
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𝐻𝑒𝑚𝑜𝑙𝑦𝑠𝑖𝑠 𝑃𝑒𝑟𝑐𝑒𝑛𝑡𝑎𝑔𝑒(%) =

(100 − 𝐻𝐶𝑇) × 𝐹𝑟𝑒𝑒 𝐻𝐺𝑏

𝑇𝑜𝑡𝑎𝑙 𝐻𝑔𝑏
 (5.2) 

where HCT and Total HGB represents the total hematocrit and total HGB content of the 

initial blood sample and free HGB is the estimation of HGB concentration using the 

Cripps method in an undiluted plasma sample. In this method, background absorption 

from other proteins, such as bilirubin, is automatically mitigated by the fractional 

absorbance between 576 nm and at 560 nm and 592 nm wavelengths. In order to quantify 

the absolute free HGB level in the samples, a standard curve was obtained by diluting 

human HGB powder (Sigma-Aldrich, USA) in human plasma (Cambridge Bioscience, 

UK) to make samples of 1, 0.5, 0.1, 0.05, 0.01, and 0.005 mg/dL. The absorbance of the 

plasma samples extracted after centrifugation of different devices along with the standard 

samples made from human plasma was measured with the 96 well plate reader 

(POLARstar Omega, BMG Labtech). 

5.2.10 cfDNA extraction 

To assess cfDNA levels in several designs and controls, total cfDNA was extracted from 

3 mL of separated plasma using the QIAamp Circulating Nucleic Acid kit (QIAGEN) 

following manufacturer instructions. Extracted cfDNA samples were frozen until use.  

Real-time quantitative PCR was performed using 2x Power SYBR® Green PCR Master 

Mix (Thermo Fisher Scientific) to amplify 90 bp target with LINE primers (final 

concentration 200 nM): forward 5’-TGC CGC AAT AAA CAT ACG TG -3’ and reverse 

5’-GAC CCA GCC ATC CCA TTA C-3’ [337]. A standard curve was created using a 

series of 5 dilutions of Human Genomic DNA. Thermal cycling conditions involved a 

10-minute cycle at 95°C followed by 40 cycles with 15 seconds at 95°C and 60 seconds 

at 60°C. Samples were amplified in triplicates using Applied Biosystems StepOnePlus™ 

Real-Time PCR System (Applied Biosystems). A melting curve was performed as a 

control measure for non-specific amplification. Absolute amounts in each sample were 

obtained from the standard curve. 

5.2.11 Protein load 

Bromocresol Purple (BCP) Albumin Assay Kit (Sigma-Aldrich, Merck, Germany) 

performed as per manufacturer’s instructions with plasma samples diluted 5-fold in 

ultrapure water. The kit utilizes bromocresol purple, which forms a coloured complex 

specifically with albumin. The intensity of the colour, which is directly proportional to 

the albumin concentration in the sample, was measured at 610 nm with a 96 well plate 

reader (POLARstar Omega, BMG Labtech).  
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5.2.12 Statistical Analysis 

Statistical significance was determined by an unpaired parametric Student t-test. Unless 

specified, the p-value significance threshold was set at 0.05. When reporting on statistical 

significance symbols ‘ns’ is used to indicate non-significance (p>0.05), while *, **, *** 

denotes p<0.05, p<0.01, p<0.001 as per conventional practice. 

5.2.13 Safety Notice 

To accommodate the large rotor adaptor, the original safety lid of the mini-centrifuge was 

removed. During the development phase, other safety measures were put into place in 

case of an adverse event (e.g., accidental detachment of rotor adaptor). Firstly, the base 

of the microcentrifuge was fixed with a 5 mm Perspex sheet with recessed screws. 

Secondly, all the experiments were performed under a custom 6 mm thick Perspex safety 

hood.  All the designs went through a 30-minute continuous runtime without incident. 

None of the designs showed any overheating, rotor displacement/detachment. The motor 

power load was measured on C-E0 designs on a Bench Digital Multimeter (Keithley 

DMM6500, Tektronix, Beaverton, OR, USA) (Table 5.4) and found to operate well below 

the indicated power rating of the original instrument at full speed. Peak power loads 

within 10% of the original power rating were observed at the beginning of each cycle. 

Motor power load measurements are available on Figshare at 

https://doi.org/10.6084/m9.figshare.16762444.v2. While we are confident the adapted 

rotor can be safely operated, we recommend additional precautions, such as (i) 

performing a thorough visual inspection of the printed parts to ensure they have no defects 

(ii) ensuring the correct balance of the tubes prior to spin, and (iii) operating the 

instrument within an appropriate enclosure (we recommend at least 5 mm thick solid 

polycarbonate). Despite the fact that the final design provided equivalent performance to 

the control refrigerated centrifuge, users should keep in mind the customised setup's 

service life. Obviously, the customised setup will not be able to provide the same level of 

service life as the high-cost refrigerated centrifuge in operation. 

 

 

 

 

 

 

https://doi.org/10.6084/m9.figshare.16762444.v2


 

94 

Table 5.4: Motor power load of different designs at the loaded and unloaded condition 

 

5.3 Results and discussion 

5.3.1 Design progression 

A total of thirteen designs were manufactured and tested. Each design is presented in 

Table 5.5 alongside physical parameters. All the designs are capable of holding two 9 mL 

S-Monovette tubes. Parameters such as the size of the device, weight, radial distance, 

aerodynamic drag force around the device and the rotational angle were explored. Design 

A and B are the preliminary rotor designs planned without aerodynamic drag force 

considerations where the angles and radial distance of the two designs were varied while 

keeping the weight constant around 60 g to observe the radial distance effect on the RCF.  
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Table 5.5: Evolution of design and basic characterisation 

 

Although the radial distance of design A is higher than that of design B, the RCF of 

Design A is smaller because of the higher speed obtained by design B. A close inspection 

of angle variations also shows similar phenomena. The radial distance of higher angled 

designs is slightly higher than the smaller ones. As an example, the radial distance of 

design B-45° is 0.931 mm higher than that of B-30° design and the RCF value is 16×g 

lower. These designs' optimal speed is also substantially lower (3.5 times) than the 

motor's rated speed.  

In the subsequent designs (C-E), the aerodynamic drag force was considered by making 

them truncated cone shape rotor. The speed of the truncated conical shape devices was 

over two folds that of the primary designs A-B. The relationship between the radial 

distance and speed for all designs is displayed Figure 5.4.A.   
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Figure 5.4:Influence of design shapes and sizes on speed (A) The radial distance of all designs 

vs their rotational speed (B) Lateral surface area of the truncated cone-shaped designs vs their 

rotational speed. NB: Both panels A and B share the same legend (Error bars in B and C are 

smaller than the pointer) 

After achieving a higher speed (4160 RPM) with the initial truncated cone shape design 

C, speed was further increased with the later designs D-E by decreasing the lateral surface 

area (Figure 5.4.B). Design with a smaller lateral surface area provided the least air 

resistance during the rotation and less moment of inertia which increased the speed of 

these designs. The final design E5, achieved a rotational speed of 6884 RPM, almost the 

rated speed of the original mini-centrifuge, and an RCF value of around 1100×g. It can 

be noted that the final three designs (E0, E2 and E5) all possess a 25° rotational angle. 

Although a higher angle is recommended to ensure the most compact pellet, the trade-off 

has to be made to increase the speed and RCF of the designs. 

5.3.2 Truncated cone shape design and vibrational analysis  

In the previous section, it has been noticed that by considering the aerodynamic drag force 

with the first truncated cone shape design, Design C, the rotational speed was increased 

almost 2-fold compared to design B which is an arbitrary shaped design. However, with 

higher speeds, vibrations were observed during the ramping up or slowing down of the 

rotation. In order to understand the nature of these vibrations and reduce them, video 

analysis was used to measure their amplitude and duration (see Material and Methods 

section). Figure 5.5.A illustrates this process on Design C. Figure 5.5 A.i and A.ii show 

snapshots of the recorded video before, and after, the edge detection with the Python 

OpenCV code. Figure 5.5.A.iii shows the deflection measurements obtained from one of 

the Design C videos. A deflection around 4 mm was observed both in the accelerating 
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and decelerating phase at nearly 800 RPM, which by definition constitutes the critical 

speed of this design. These vibrations at high speed could damage the RBCs because of 

high stress, hence the primary target was to lower the critical speed of the later designs 

while ensuring higher rotational speed. To serve this purpose, the lateral surface area of 

the abovementioned designed devices has been decreased to boost the rotational speed 

while Ansys workbench modelling helped to predict the critical speed before printing the 

devices.  
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Figure 5.5: Experimental and simulated deflection measurement (A) Deflection measurement 

from the recorded video of conical Design C. A.i) Snapshot of one of the video recordings of 

Design C A.ii) Edge capturing from one of Design C videos using Canny, an edge detection 

operator in Python OpenCV module A.iii) Measured deflection of both acceleration and 

decelerating phase from the recorded video using python OpenCV module for Design C. All of 

the design’s real-time deflection measurement from video recordings can be found in Appendix 

C (B) Critical speed measurement in Ansys workbench B.i) Meshing of Design C (Nodes: 6749, 

Elements: 39228) B.ii) Mode shape during natural frequency B.iii) Simulated (model) vs 

experimental critical speed of each conical shape design showing a good agreement between 

them with low percentage difference (1-5%) (C) Measured deflection of each conical shape 

design showing all designs experiencing deflection from 4 to 7 mm (D) Duration of deflection 

higher than 1.5 mm was decreasing the lowering of critical speed except design E5 which 

experienced higher deflection for longer times.  
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The fine meshing of design C and the mode shape during the deflection of the device can 

be observed from Figure 5.5.B.i and ii, for illustration. The Ansys model correctly 

predicted the critical speed of each model with high accuracy (model vs experimental 

measurement values in Figure 5.5.B.iii, R2=0.983). The maximum deflection of each 

design at their critical speed can be found in Figure 5.5.C. The final design, E5 with the 

lowest critical speed of around 600 RPM provided a maximum deflection of around 7 

mm whereas for the other designs the average deflection was limited within 4 to 5 mm. 

Figure 5.5.D illustrates the duration of deflection higher than 1.5 mm. The duration of 

large deflections was minimised from C to E2. However, design E5 appeared to be 

providing maximum deflection for about 7 seconds.  

5.3.3 Plasma yield 

The separation performance of a centrifuge can be described by the separation yield. The 

separation yield indicates how much volume of plasma the centrifuge can separate from 

the total volume of available plasma. To determine the plasma separation yield, 9 mL of 

pooled blood samples were centrifuged with each conical design (C, D, E0-2-5) and the 

full–scale centrifuge control for 3, 6 and 10 minutes and the separated plasma volume and 

full blood count were measured. Figure 5.6 shows photographs (panel A) and quantitative 

results of plasma yield in the initial sample and samples after 3,6-, and 10-minutes 

centrifugation on the adapted centrifuge and the control. 
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Figure 5.6: Plasma yield of different devices at different time instances (A) Images of the initial 

and post centrifugated (3,6,10 minutes) S-Monovette tubes showing that larger centrifugation 

times resulted in a higher volume of plasma separated from 9 mL sample. (B) Measured 

separation yield of different designs compared with the control centrifugation performance. 

Statistics: standard unpaired t-test between each column and the control. Design E2 and E5 

were able to separate the same amount of plasma as the control at 6 and 10 minutes with no 

statistically significant difference (C) RCF vs yield of different designs at different time 

instances. 

It is worth noting that most of the plasma gets separated within 3 minutes of centrifugation 

(minimum separation ~70% for Design C) and the separation volume further increases at 

6 and 10 minutes. The single most striking observation is the decreased separation 

performance of Design E5 at 6 and 10 minutes which might be resulted from extended 

duration of intensive vibration. With device E2, it was possible to achieve almost 80% 

yield within 3 minutes which was almost equivalent to the performance of the control. 

The comparative yield of design E2, E5 (approximatively 95%) are not significantly 

different from the control after 10 minutes of centrifugation. Figure 5.6.C shows that the 

yield reaches the plateau position after around 1000 RCF.  
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5.3.4 Plasma quality: Residual blood cell count  

Firstly, the total RBC count was measured each time the blood sample was remixed 

following centrifugation to investigate the integrity of the blood sample after 

centrifugation. Figure 5.7.A presents the pre-and post-centrifuged whole blood RBC 

count at 3, 6 and 10 minutes. It is apparent that there was no significant decrease in RBC 

count between centrifugations. Due to the removal of plasma (the hematology analyser 

removes around 50 μL of the sample during each measurement) at every time instance, a 

slight increment in the RBC count per litre of blood has been noticed on some of the 

designs (and control). The absence of hemolysis in most of the samples (see Section 5.3.5) 

corroborate this interpretation.  

Secondly, a residual cell count can be used to establish the quality of the separated plasma. 

Figure 5.7.B shows the remaining RBC count on the separated plasma. The remaining 

RBCs in design E2 was significantly lower than that of the control at all time instances. 

Design E5 performed best at 3 minutes, however, due to the vibrations reported earlier in 

this work, the separation reversed at 6 minutes. The best cell separation performance was 

observed in the platelet counts (Figure 5.7.C).  Notably, design E2 separated almost 4 

times more platelets than the control, which could be of benefit in coagulation studies 

requiring platelet-poor plasma. As explained in Materials and Methods, the separation 

performance was investigated on pooled blood samples, which has the advantage of 

removing individual sample specificities and enables accurate comparison between 

designs and control. To investigate any notable differences between individual pools, the 

separation performance of designs E0, E2 and control was compared after 10 minutes of 

centrifugation with two different pools of blood (Figure 5.7.D). The two pools 

investigated were found to have significant differences in original HCT (Pool 1, HCT ≈ 

45.5%; Pool 2, HCT ≈ 43.2%). However, in terms of relative difference post and pre-

centrifugation, the pools showed no significant differences in RBC and platelet relative 

counts.  
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Figure 5.7: Blood count at 3, 6 and 10 minutes (A) The red blood cell counts of pre (initial) 

and post (3,6, 10 minutes) separated blood to show the integrity of the sample after 

centrifugation. The statistical indications relate to a non-paired t-test between the RBC counts 

between 0, 3, 6, and 10 minutes (B) The red blood cell (RBC) count on plasma after 

centrifugation shows RBC concentration with design E2 was significantly lower than the 

control in all periods. On the contrary, design E5, although performing well at 3 minutes was 

hampered by vibrations reversing the separation process. Here the statistics relate to a non-

paired t-test between each of the designs and the control, for each time point (C) Platelet count 

(PLT) on separated plasma. Design E2 was able to separate almost 4 times higher platelet than 

the control within 10 minutes. Here the statistics relate to a non-paired t-test between each of 

the designs and the control for each time point (D) Relative RBC and Platelet counts after 10 

minutes centrifugation from two different pools of blood. Here the statistics relate to a non-

paired t-test between Pool 1 and Pool 2 for each experiment. No significant difference was 

observed between different pools of blood. 

5.3.5 Plasma quality: Hemolysis detection 

To assess the quality of the separated samples, the free-hemoglobin released after 

centrifugation was measured and derived a hemolysis percentage (See Materials and 

Methods). HGB levels from collected plasma samples of design E0, E2 and control 

(single and double centrifugation) were measured using Cripps method (See Materials 

and Methods). As reported in Figure 5.8.A, all the measured samples had an estimated 
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percentage of hemolysis between 1 to 1.7% corresponding to a free HGB concentration 

of 0.2-0.4 g/dL. Despite the deflections observed on Designs E0 and E2, the separated 

plasma is well below the threshold of hemolysis limit and similar to the control used in 

the experiment, which shows the adapted device is adequate for the general low-speed 

spin of clinical blood samples.  

 

Figure 5.8: Biological characterization of the separated plasma (A) Percentage of hemolysis in 

separated plasma from E0, E2 and control. (B) Albumin concentration in E0, E2 and control  

(C) Cell-free DNA levels in E0, E2, and control after single centrifugation or with additional 

second separate centrifugation (D) WBC count on the residual plasma after single 

centrifugation (at the own respective speed, 10 minutes) and double centrifugation (12000 rpm, 

10 minutes) 

5.3.6 Plasma quality: Protein load 

Albumin is known to be the most abundant plasma protein in humans which accounts for 

almost 60% of the total serum protein. It is an established biomarker of nutritional status 

[338] and reliable prognostic indicator for heart failure [339], pulmonary arterial 

hypertension [340], in acute surgical patients [341], morbidity and mortality [342] and 

many more diseases. The recovered plasma from the best designs (E0, and E2) and control 
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centrifugation (single and double) were analysed to quantify the concentration of 

albumin. The albumin quantification from the sample was obtained by directly measuring 

the absorbance at 610 nm when the available albumin in a sample provides a peak in the 

presence of reagent bromocresol purple (see Materials and Methods). As shown in Figure 

5.8.B, E0 and E2 samples (single and double centrifugation) showed a similar 

concentration to the full-scale centrifuge control, around 1.5 mM (~2.5 g/dL) with no 

statistically significant difference which shows the adapted centrifuge is suitable for 

plasma protein studies.  

5.3.7 Plasma quality: cfDNA extraction 

As elaborately discussed in section 1.3, Cell-free DNA (cfDNA) are small (50-200 bp) 

DNA fragments that originate from cell apoptosis or necrosis. cfDNA overall levels or 

specific cfDNA regions can be used as biomarkers in the diagnosis, prognosis, or 

monitoring of fetal chromosomal abnormalities, various cancers, infectious diseases and 

organ transplants [71]. To assess the suitability of the adapted centrifuge for cfDNA-

based assays, the levels of cfDNA was measured using a LINE PCR. Total cfDNA was 

extracted from 3 mL of separated plasma as per Material and Methods. After the first 

centrifugation, it has been found the cfDNA concentration from design E0 and E2 to be 

higher (6.5-8 ng/μL) compared to the control (~5 ng/μL) (Figure 5.8.C). This could be 

due to the substandard pelleting of white blood cells singe significantly more residual 

white blood cells (WBCs) were found in the adapted centrifugation, compared to the 

control (Figure 5.8.D). A second, higher speed centrifugation is often incorporated in 

cfDNA extraction protocols. This second spin at a higher speed (12,000×g RCF for 10 

minutes), can be performed on smaller sample volumes using cheaper and smaller bench 

centrifuge. To test if cfDNA yields can be brought to the same level as the control, a 

second spin was applied to both design E2 and control samples. After this second 

centrifugation, both sample types showed a similar lower concentration of cfDNA with 

no statistically significant difference. 

5.4 Discussion 

In comparison to the subsequent truncated cone shape designs, the initial two arbitrary 

designs A and B experienced substantially stronger aerodynamic force around their 

bodies. This can be explained by the aerodynamic drag force acting during the rotation 

which is directly related to the drag coefficient (depends on the shape of the body), the 

frontal area and the square of the rotating velocity [343]. The frontal area of design A and 

B can be compared to a flat plate that is highly resistive to the surrounding air and have a 
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high drag coefficient of 1.17 to 1.98 [344], [345]. With a higher radial distance or angle, 

the frontal area becomes even bigger and minimize the speed and RCF value. It is also 

noteworthy that the maximum achievable speed of designs A and B is much smaller than 

the rated speed of the motor because of their high air resistive flat plate shape. Therefore, 

although these initial arbitrary shaped designs have some advantages such as the low 

material amount and low material cost, and fast printing time (<2 hours), the achieved 

speed and RCF are not capable of highly efficient centrifugal separation. 

Whereas, the truncated cone shape designs have a drag coefficient of about 0.05 to 0.5 

[344], [345]. As a result, they experience substantially less aerodynamic force, allowing 

them to achieve faster speeds. A schematic diagram of the aerodynamic drag force around 

the designs A-B and C-E is provided in Figure 5.9. 

 

Figure 5.9: Schematic diagram showing an arbitrary shape design provides higher 

aerodynamic drag force than the truncated cone shape design by resisting much of the 

surrounding airflow. For simplicity, airflow is shown only in one direction instead of all sides. 

One point of concern is that during the ramping up and down of the speed, the truncated 

cone shape designs introduced deflections from their axis of rotation. These deflections 

can be interpreted as impulsive vibrations which might exert excessive shear stress on the 

RBCs and cause hemolysis [346], [347]. The final degree of hemolysis depends on the 

shear stress exerted on RBCs and the exposure time of the impulse vibration [348]. This 

can be observed from the separation performance of Design E5. Because of the intensity 

and duration of the impulsive vibrations, despite having the maximum rotating speed and 

lowest critical speed, this device had a low separation efficiency.  

This can be also interpreted from the separation yield of design E5 (Figure 5.6). The 

design showed much greater performance after 3 minutes centrifugation (~90% yield) 

compared to the control. However, during 6- and 10-minutes separation instances, the 

design failed to maintain this higher performance where it was unable to separate all 

RBCs present in the separated plasma. The internal shape of design E5 might be a reason 
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behind this poor separation efficiency. This design is comparatively the smallest of all the 

other designs and to accommodate this size, the sidewall was brought very close to the 

placed tube inside and furthermore, the tube was completely encased against the sidewall, 

unlike the other design where the tubes are hanging freely, away from sidewalls. 

Therefore, the high deflection and duration of deflection with design E5 might cause the 

sidewall to touch the S-Monovette tubes randomly at several instances and hinder the 

separation efficiency. Given the design's performance at 3 minutes, it's likely that if the 

vibration intensity and duration are reduced, this design will outperform the control. 

Among the other designs, Design E2 maintained the same yield as the control in all time 

instances. As discussed previously, the overarching goal in this study was to customize a 

low-cost microcentrifuge in such a way that it could handle a large 9 mL clinical sample 

volume directly after the blood withdrawal without any extra blood handling steps.  At 

the same time, the device should ensure at least similar separation performances as a 

benchtop refrigerated centrifuge. Our lab, and others in the field, have previously 

demonstrated microfluidic solutions as an alternative to traditional centrifugation [112], 

[113], [131], [132]. However, in previous chapters, I have concluded that for extremely 

low concentrated biomarker detection such as the detection of various fractions of 

circulating DNA, currently available microfluidic BPS devices are not viable because of 

their low separation yield and the difficulty to handle the large volume of the viscous 

whole blood sample. The main barrier in the available microfluidic BPS devices is the 

cell-cell interaction between red blood cells. When high volume fractional blood flows at 

a high flow rate, the cell interaction between a large number of RBCs in the microfluidic 

channel increases, which inhibits the cell-free zone formation and other deterministic 

effects, thus reducing the separation performance [138]. As a result, the use of high-

volume fractional blood in the above comparative high-throughput studies has resulted in 

much lower separation yields. Comparatively, it can be observed, design E0 and E2 

managed to secure more than 95% of the available plasma within 10 minutes of 

centrifugation. This high plasma yield is a valuable factor in low-level biomarker 

detection. Plasma yield has been seen to reach a plateau after around 1000×g RCF. This 

is why at least 1000×g RCF is recommended to run for 10 minutes to separate plasma 

from blood in clinical settings. 

In platelet separation, all adaptors (except E5) outperformed the control. Because of the 

size and density of platelets, ultracentrifugation (high speed) is commonly employed in 

industry for platelet separation. All of the designed devices have faster speeds than the 

control, ensuring superior platelet separation performance.  
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The albumin concentration in all samples, including control samples, was slightly lower 

than the normal range of Albumin in plasma (3.4 to 5.4 g/dL). The total cfDNA levels in 

this study were also higher than levels reported elsewhere. Both of these are due to the 

age of the samples (three days old) which is sub-optimal for cfDNA-based diagnostic or 

in protein load studies, but adequate to characterise the performance of a device. 

The only downside of the designs is their ability to separate WBCs within first 

centrifugation. The lysis of remaining WBCs during the cfDNA extraction has introduced 

genomic DNA, resulting in overall higher cfDNA levels.  However, other studies also 

have reported higher cfDNA concentration after single centrifugation [330]. Although 

designs E0 and E2 showed similar RBCs separation and the yield compared to that of 

control, the low rotational angle of 25° resulted in lower buffy coat compaction and 

consequently higher WBC counts in the separated plasma, compared to the benchmark. 

This issue might be addressed by exploring the use of a higher rotational angle or longer 

spin duration. In the meantime, second high-speed centrifugation can remove remaining 

WBCs and lead to similar cfDNA levels in the adapted design and benchmark. 

5.5 Conclusion 

In this study, a mini-centrifuge costing <$130 was adapted to handle large volume (9 mL) 

standard clinical samples in S-Monovette collection tubes. The results showed that the air 

resistance was the most crucial parameter needed to be optimised to ensure an adequate 

centrifugal force for comparable cell separation to a commercial centrifuge. Following 

optimisation, the final design reached a speed of around 6725 RPM and RCF of 1060×g. 

Similar yield, cell counts (red blood cells, platelets), hemolysis and albumin levels were 

obtained from the optimised design and benchmark. Only the total cfDNA levels of the 

plasma separated in the adapted design were found to be significantly different to the 

benchmark, owing to a reduced separation performance for white blood cells. The nearest 

cheapest option for 9mL S-Monovette centrifugation cost over $1,500. The bill of 

material for the adapted centrifuge setup stands at around $140. The overall performance 

of the optimised adapted centrifuge, which costs a fraction of the total price of the 

commercial control centrifuge, was equivalent to a commercial centrifuge and superior 

to microfluidic approaches in yield, throughput and quality. Therefore, this developed 

centrifuge setup offers value and performance to the low-resource environment or could 

be further adapted to create portable diagnostic laboratories.   
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Chapter 6: Conclusion and future work 

In this thesis, I have presented the findings of three years of research focused on high-

volume blood plasma separation (BPS) techniques. The investigation focused on various 

key aspects influencing microfluidic BPS efficiency and yield of BPS devices was the 

main emphasis of the first two years. Although a developed microfluidic device in future 

with high yield and throughput will be critical in low to mid-volume BPS (<4 mL), I came 

to the conclusion that the devices will have several limitations for high volume BPS (>4 

mL), which will be detailed further in the following paragraphs. In order to facilitate this 

high-volume BPS, the rotor of a commercially available micro-centrifuge was modified 

in the last year to allow centrifugation of large volumes of clinical blood samples (two 9 

mL S-Monovette tubes). 

The high HCT blood flow experiment (Chapter 3) demonstrated that blood with a high-

volume fraction of red blood cells (RBCs) or hematocrit (HCT) (~90%) can flow through 

a microfluidic channel similar in size to that used in microfluidic BPS devices without 

any sample dilution, with caveats on distance and residence time. Therefore, it will be 

possible to provide a large number of bifurcations at the main channel to ensure high 

plasma yield and separation of samples with up to 90% HCT. I found that a flow rate of 

19 mL/h may be achieved in an 11 mm long channel without hemolysis, this flow rate 

could be enhanced to 30 mL/h with the use of a new suggested ferrule system (Section 

3.5.2). The proposed new ferrule system is simple to manufacture and greatly improves 

the high HCT blood flow. I hope that this research could aid future design engineers in 

making informed decisions about design parameters while developing a new BPS device. 

In addition, the design and fabrication of the straight microchannel used in this high HCT 

study are simple and can be used as a viscometer along with a pressure sensor and syringe 

pump. 

The study investigating the effect of syringe pump fluctuation on cell-free zone width 

(CFZW) (Chapter 4), is the first study in this field to conclude that all commonly used 

low-cost syringe pumps are responsible for adding a high level of fluctuation to the 

CFZW and thus could degrade the separation efficiency of a microfluidic BPS device. 

Using different dilutions of milk samples, it was demonstrated that at high flow rates (>5 

mL/h), the fluctuation could be 2% of the average pressure and that each 10 KPa 

fluctuation could be responsible for roughly 2 μm CFZW fluctuation. Moreover, using 

samples of varying viscosity, it has been verified that the 2% pressure fluctuation at high 

flow rates (>5 mL/h) is true for any shape of a microfluidic channel structure. These 
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findings should hold true in BPS as well. In future, only the 2 μm CFZW fluctuation that 

accounts for a 10 KPa pressure fluctuation can be verified by replicating that required 

specific experiment in BPS. In conclusion, despite the fact that this study was conducted 

with milk samples rather than blood, the results should be similar with blood samples, 

with the exception that the pressure gradient inside the channel and the CFZW fluctuation 

amplitude for whole blood samples will be substantially higher. This fluctuation effect 

can be reduced by utilising a pulseless syringe pump (e.g., neMESYS) or a stepper-motor 

based syringe pump with higher micro-steps per rotation (e.g., KD Legato). Both of these 

methods, however, are costly and thus unsuitable for low-cost settings. To perform BPS 

with commercial low-cost syringe pumps such as the Aladdin pump (~$700) or a custom-

made Ender pump (~$200), designers must account for the syringe pump's fluctuation 

effects when designing their device and ensure that the CFZW is greater than the CFZW 

fluctuations that can occur for the designated flow rate at each bifurcation. This study 

could open up a practical approach for experimentalists wanting to simulate oscillating 

flows, for example in the context of rheological or haematology studies. 

Experiments with a single bifurcation device should be done in order to improve future 

designs of microfluidic BPS devices. After each separation zone following plasma 

extraction, blood HCT often rises above physiological levels, resulting in a gradual 

decrease in the CFZW [102]. I also verified this phenomenon by plotting fluid velocity 

streamlines for different viscosity samples using COMSOL Multiphysics on the 

previously developed BPS device (August 15 C1) designed by our lab. This design was 

also employed in the syringe pump fluctuation experiment in Chapter 4. The results 

informed that when the flow rate ratio is the same (1st-3rd bifurcation: 1:22), the same 

viscosity samples (2 cP) maintain the same CFZW at each bifurcation, however, the 

CFZW for a higher viscosity sample (5 cP) decreases by around 10 μm compared to the 

lower viscosity sample (2 cP) (Figure 6.1). I hypothesize that increasing the flow rate 

ratio between the plasma extraction and main channel at each bifurcation is essential to 

maintain a constant CFZW, which will ultimately improve the BPS device's overall 

performance.  
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Figure 6.1: Effect of different viscosity samples on CFZW (A) Snapshot from COMSOL 

simulation which shows the velocity streamline from where the CFZW is measured for different 

viscosity samples. The streamline is computed at the channel centre (Z=10 μm, total height 20 

μm), 4 μm far from the constriction upper boundary (Y=4 μm, constriction width 37.5 μm), 7 

μm far from each constriction edge towards the expansion region. The YZ plane slice from 

where the CFZW is measured is 25 μm inside from each bifurcation bend. (B) Measured CFZW 

for different viscosity samples (Material: water). Viscosity values have been randomly chosen 

considering the average blood viscosity of 3 cP. For the first 3 bifurcations, the flow rate ratio 

is the same therefore CFZW for 2 cP and 5 cP samples are constant around 44 μm and 34 μm 

respectively. This shows the significance of increasing the flow rate ratio after each bifurcation 

in order to maintain a constant CFZW throughout all bifurcations. In the fourth bifurcation, 

where the flow rate ratio is increased, the CFZW is larger for both samples, which indicates 

the importance of increasing the flow rate ratio. 

In hydrodynamic BPS, maintaining a constant substantial CFZW at each bifurcation is 

important because if the layer shrinks and the cell layer moves too close to the plasma 

extraction channel, RBCs have a strong possibility of invading the plasma extraction 

channel due to the syringe pump fluctuation effect, which can reduce separation 

efficiency significantly. However, if the flow rate ratio between the cell outlet and the 

plasma extraction channel is made too high to assure a large CFZW, the flow rate of the 

plasma extraction channel will be considerably lowered, which is not ideal for high yield 

BPS devices. Furthermore, raising the flow rate ratio will result in a higher overall 
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pressure gradient inside the device, which could damage the RBCs' quality and lead to 

hemolysis. The single bifurcation study would thus facilitate the investigation of these 

counterintuitive phenomena and the determination of the optimal CFZW size at each 

bifurcation. It will also inform about the total number of required bifurcations as well as 

the rate of flow rate ratio increment after each bifurcation. Figure 6.2 summarises the 

entire process chart of the investigation into the likely limiting factors that affect the yield 

and separation efficiency of a microfluidic BPS device, as well as how these findings will 

aid in the design of a high-performance BPS device. 

 

Figure 6.2: The process chart of designing a high-performance microfluidic BPS device. 

Studies coloured in green are already investigated and the red one is yet to be investigated in 

future. 

Although microfluidic BPS has a number of advantages, including being less expensive 

because it requires lower sample sizes and reagent volumes, being portable, and being 

compatible with continuous flow operations, centrifugation remains the gold standard for 

BPS to date. The required amount of plasma in many diagnostic methods like plasma 

fibrinogen detection, monitoring organ transplantation, liquid biopsy and NIPT is in the 

range of 1 to 10 mL, or above [43], [50], [315], [349], [350]. Any requirement above 1mL 

of undiluted plasma is not deliverable in a fast manner by currently available microfluidic 

BPS (non-centrifugal) devices whose yield and flow rates are very low. 
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During my PhD, it was expected that a newly developed high-yield BPS device with a 

high throughput would be produced for integration into an automated cfDNA extraction 

platform. After investigating some of the key parameters that influence the performance 

of microfluidic BPS, it became apparent that a microfluidic device with a high yield and 

high flow rate (~20 mL/h) could be developed and coupled with low-cfDNA-required 

assays that only require 0.5 to 2 mL of plasma. A flow rate between 15 mL/h and 20 mL/h 

may seem high for a microfluidic setting, but such flow rates would not suffice to separate 

high volume blood (>4 mL) in a short period like within 10 minutes. For instance, several 

non-invasive cancer diagnosis procedures require 10 mL blood for analysis of the cfDNA 

present in plasma, therefore a microfluidic BPS device with a 20 mL/h flow rate will take 

30 minutes to process this amount of blood, which is not feasible and would weigh down 

the entire procedure. Therefore, a parallel investigation has been conducted alongside the 

microfluidic approach to the development of a low-cost centrifugation system to facilitate 

high volume BPS (>4 mL). 

The developed low-cost microcentrifuge rotor (version E2) (Chapter 5) is able to ensure 

comparable separation performance to the bulky, high-cost refrigerated centrifuge that is 

widely used to separate the large volume of plasma that is required in many blood-based 

biomarker detections including cfDNA analyses. This newly developed setup 

(microcentrifuge & custom printed rotor) costs only around $140 and is able to separate 

two 9 mL clinical blood samples in the same collection tube immediately after blood 

withdrawal. This cost-effective centrifugation method ensured 95% plasma yield within 

10 minutes, the same as the refrigerated control centrifuge. The estimated percentage of 

hemolysis in the device is between 1 to 1.7% which is below the acceptable range 

provided by the American Society for Clinical Pathology [333]. To assess the quality of 

the plasma separated using the developed setup, a variety of observations and assays were 

performed and evaluated against the benchmark. The developed centrifuge is capable of 

extracting the same amount of Albumin as the control centrifuge and can be employed in 

plasma protein studies. Furthermore, the performance of this customised centrifuge in 

platelet separation is better than the control due to its high speed, which can be useful in 

coagulation studies. Only the cfDNA concentration was slightly higher than the control 

after 10 minutes of centrifugation which can be alleviated by further optimisation of 

vibration or potentially by a slightly longer time spin. In a nutshell, this developed 

centrifugation setup costs only a fraction of the total price of the commercial refrigerated 

centrifuge yet provides similar performance. 
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Three modifications are planned for the adapted centrifuge future development, which 

will considerably increase BPS performance as well as aid in the separation of other 

biological samples (e.g., algae). The first one is the centrifuge speed control, which will 

be accomplished by connecting a potentiometer to the centrifuge. This is necessary for 

lowering the centrifuge speed required for cultured cell pelleting, as high-speed 

centrifugation can induce cell damage in these situations [351], [352]. Secondly, falcon 

tubes with a capacity of 15 mL are commonly used in biological laboratories to handle a 

variety of biological materials, including blood. To be able to handle the 15 mL falcon 

tube using the same rotor used in S-Monovette tube handling, the lid can be replaced by 

additional two parts (connector and lid). Introducing these two parts will facilitate the 

separation of samples in 15 mL falcon tubes. Finally, the tubes inside the rotor will be 

prevented from touching the sidewall by making the fastest design, E5, hollow, which 

should improve separation performance over the control refrigerated centrifugation. 

In conclusion, this thesis investigates the use of microfluidics and centrifugation as 

solutions to low to high-volume BPS (0.5 mL-10 mL). Future designers are expected to 

develop high-performance hydrodynamic BPS devices that can extract low and mid-

volume plasma (typically 0.25-2 mL) in the lowest feasible time using the microfluidic 

technique presented here. In addition, the newly developed low-cost centrifuge system 

could make a positive contribution to near-patient, field applications that handle large 

volume biological samples. Figure 6.3 shows the best separation methods for analysing 

several blood-based molecular biomarkers based on their initial blood volume 

requirements. 
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Figure 6.3: Suitable separation methods for different plasma-based diagnostics methods 

requiring different volumes of separated plasma after BPS [12], [15], [22]–[25], [29], [32], [35], 

[40]–[43], [50], [65], [68], [69], [315], [349], [350], [353]–[357]. 
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Appendix A 

A.1  

Raw data for CFZW (CCRM acquisition) and pressure (LabSmith pressure sensor 

acquisition) for 50% milk dilution. The dataset was aligned manually, since the image 

acquisition and the pressure acquisition could not be automatically synchronised. 

However, the CFZWperfectly mirror the pressure sensor acquisition. The pressure sensor 

provides 30 samples per second whereas the CCRM camera is able to capture 210 frames 

per second. 
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A.2 

Raw data for CFZW (CCRM acquisition) and pressure (LabSmith pressure sensor 

acquisition) for 20% milk dilution. The dataset was aligned manually, since the image 

acquisition and the pressure acquisition could not be automatically synchronised. 

However, the CFZWperfectly mirror the pressure sensor acquisition. The pressure sensor 

provides 30 samples per second whereas the CCRM camera is able to capture 210 frames 

per second. 
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A.3 

Raw data for CFZW (CCRM acquisition) and pressure (LabSmith pressure sensor 

acquisition) for 10% milk dilution. The dataset was aligned manually, since the image 

acquisition and the pressure acquisition could not be automatically synchronised. 

However, the CFZWperfectly mirror the pressure sensor acquisition. The pressure sensor 

provides 30 samples per second whereas the CCRM camera is able to capture 210 frames 

per second. 
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Appendix B 

Python code for deflection measurement from recorded video. 

#Matplotlib inline library 

import cv2 

import numpy as np 

import time 

import matplotlib.pyplot as plt 

import os 

import pandas as pd 

from openpyxl import load_workbook 

 

cv2.namedWindow("window") 

def nothing(x): 

    pass 

# for finding optimal values 

cv2.createTrackbar("upper", "window", 0, 255, nothing) 

cv2.createTrackbar("lower", "window", 0, 255, nothing) 

vid = cv2.VideoCapture('Documents/matplotlib/3rd phase/corrected/c2.mp4') 

cap = cv2.VideoCapture('Documents/matplotlib/3rd phase/corrected/c2.mp4') 

_, img = cap.read()    

img = cv2.resize(img, (450, 700)) 

gray = cv2.cvtColor(img, cv2.COLOR_BGR2GRAY) 

while True: 

     

    # sets x and y which will be used later for edge detection 

    x = cv2.getTrackbarPos('lower', 'window') 

    y = cv2.getTrackbarPos('upper', 'window') 

 

    edge = cv2.Canny(gray, x, y) 

    cv2.imshow('window', edge) 

    if cv2.waitKey(1) == 27: 

        cv2.destroyAllWindows() 

        break 
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orig = 76 

diff = [] 

initial = False 

while True: 

    try: 

        _, frm = vid.read() 

        frm = cv2.resize(frm, (450, 700)) 

        gray = cv2.cvtColor(frm, cv2.COLOR_BGR2GRAY) 

        img = cv2.Canny(gray, x, y) 

          

        #saving one image for pixel calculation 

        path = 'Documents/matplotlib/3rd phase/corrected/' 

        cv2.imwrite(os.path.join(path , 'c2.jpg'), img) 

 

        # thresholding to only have either pixel value 0 or 255 

        _, img = cv2.threshold(img, 0, 255, cv2.THRESH_BINARY) 

        cv2.imshow("winname", img) 

 

        # refrence line 

        gr = img[220, 115:170] 

        #gr = img[233, 30:70]=255 

        #cv2.imshow("gr", img) 

                 

        if not(initial): 

            # setting refrence point 

            ref = np.argmax(gr) 

            initial = True 

             

        # getting current positon 

        curr_val = np.argmax(gr)   

 

        print(gr) 

        print(ref) 

        print(curr_val) 

        print(ref-curr_val) 



 

123 

 

        # getting and appending deflection from ref point 

        if curr_val != 0: 

            diff.append(ref-curr_val) 

        else: 

            diff.append(0) 

    except: 

        break 

    if cv2.waitKey(1) == 27: 

        break 

cv2.destroyAllWindows() 

print(diff) 

t = np.arange(len(diff)) 

#writing to specific excel sheet using path & df to excel 

path= r"Documents/matplotlib/3rd phase/corrected/3rd phase.xlsx" 

book = load_workbook(path) 

writer = pd.ExcelWriter(path, engine = 'openpyxl') 

writer.book = book 

#writer = pd.ExcelWriter(path, engine = 'xlsxwriter') 

df = pd.DataFrame(diff) 

df.to_excel(writer, sheet_name = 'C2_XY') 

writer.save() 

writer.close() 

# plotting everything 

plt.plot(t ,diff) 

plt.show() 
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Appendix C 

Real-time deflection measurement from the recorded video of Designs C, D, E0, E2,  E5. 
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