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RESumoO

O cancro é a segunda maior causa de morte do mundo, tendo as mortes relacionadas com
cancro vindo a aumentar. Entre os varios tipos de cancro, o cancro da prostata (PCa) é o segundo cancro
masculino mais comum. Uma grande parte das mortes por cancro poderia ser evitada se os doentes
fossem diagnosticados e tratados antes do desenvolvimento de metastases cancerigenas. A presenca de
células tumorais circulantes (CTC) e de macrofagos associados a tumores (CAML) na corrente sanguinea
dos doentes com cancro é crucial para a detecdo precoce da doenca, ja que estas desempenham um
papel importante na disseminacdo do cancro. Assim, é importante desenvolver tecnologias capazes de
detetar, quantificar e analisar estas células raras, pois isso permitiria um tratamento personalizado nao
invasivo, assim como um acompanhamento dos doentes em tempo real.

Portanto, este estudo centrou-se no desenvolvimento e otimizacdo de um sistema microfluidico
capaz de isolar eficazmente tanto as CTCs como as CAMLs do sangue periférico de pacientes com PCa.
Assim sendo, foram concebidos dois dispositivos microfluidicos em espiral de Dean Flow Fractionation
(DFF), tendo um dispositivo duas saidas e o outro quatro saidas. As forcas inerciais inerentes que atuam
sobre 0s microcanais permitem uma separacao continua das particulas de interesse, provocada pela
diferenca de tamanho entre as CTCs e CAMLs e o resto das células sanguineas. As geometrias dos
dispositivos foram desenvolvidas utilizando um software CAD, tendo estas sido otimizadas
numericamente antes de os dispositivos serem fabricados. Ambos os dispositivos foram testados
numerica e experimentalmente para assegurar que seriam capazes de isolar as células tumorais
circulantes raras. O desempenho dos dispositivos foi experimentalmente otimizado utilizando amostras
de suspensoes celulares de linhas de células cancerosas da prostata (DU-145 e PC-3) e células gigantes
geradas /n vitro, tendo estas sido suspensas em sangue saudavel e diluidas. Para os caudais ideais da
amostra e do fluido bufferde 100 e 1000 uL/min, respetivamente, a eficiéncia de isolamento do sistema
microfluidico final foi de 85,28% para a linha de células PCa e 60,83% para as células gigantes geradas
in vitro, tendo também sido alcancada uma elevada deplecao do resto das células sanguineas. Os
resultados numéricos e experimentais foram semelhantes. Assim, os dispositivos microfluidicos
propostos constituem um método viavel para isolar células tumorais circulantes raras, potencialmente

abrindo caminho para a detecdo nao-invasiva e para a monitorizacao do tratamento do cancro.

PALAVRAS-CHAVE: CAMLs, CTCs, Isolamento, Otimizacdo, Cancro da Prostata



ABSTRACT

Cancer is the world's second largest cause of death, with cancer-related fatalities growing over
the years. Among the various cancer types, prostate cancer (PCa) is the second most common male
cancer. However, a large portion of cancer fatalities might be avoided if patients were diagnosed and
treated before the development of cancer metastases. The presence of rare circulating tumor cells (CTCs)
and cancer-associated macrophage-like cells (CAMLs) in cancer patients' bloodstreams are crucial for
early disease detection and treatment monitoring, as they play an important role in cancer dissemination,
i.e. in the metastasis process. Thus, it is important develop technologies capable of detecting, quantifying
and analysing these rare cells, as that would allow for a personalized non-invasive treatment, as well as
real time patient monitoring.

Therefore, this study focused on the development and optimization of a microfluidic system
capable of efficiently isolate both CTCs and CAMLs from peripheral blood of PCa patients. As such, two
spiral Dean Flow Fractionation (DFF) microfluidic devices were designed, a two-outlet and four-outlet
device. The inherent inertial forces that act on the microchannels allow for a continuous, size-based
separation of CTCs and CAMLs from blood. The devices geometries were developed using a CAD
software, being numerically optimized prior to its fabrication. Both devices were tested numerically and
experimentally to assure that they were capable of isolate rare circulating cancer-related cells. The
devices' performances were experimentally optimized using samples of cell suspensions of prostate
cancer cell lines (DU-145 and PC-3) and /n vitro generated giant cells suspended in diluted in healthy
blood. For the optimal sample fluid and buffer fluid flow rates of 100 and 1000 uL/min, respectively, the
isolation efficiency of the final microfluidic system was 85.28% for the PCa cell line and 60.83% for the in
vitro generated giant cells, while a high depletion of non-interest cells was achieved. The numerical and
experimental results were similar. Thus, the proposed microfluidic devices constitute a viable method to
isolate rare circulating cancer-related cells, potentially paving the way for personalized non-invasive

detection and treatment monitoring of cancer.

KEYWORDS: CAMLs, CTCs, Isolation, Optimization, Prostate cancer
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A Area of the fluid surface m?
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De Dean number -
Dy, Characteristic linear dimension of the system m
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F, Dean drag force N
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Chapter 1. Introduction

1. INTRODUCTION

In order to contextualize this study in the scientific community, this chapter introduces the current
work by describing its motivation and a summary of the respective topic. The objectives are then outlined,

followed by a description of the document's structure.

1.1 Moetivation and Topic Overview

Blood is fundamental for life, as it is responsible to deliver the nutrients and oxygen to the cells,
while also being tasked with transporting metabolic waste products away from those same cells. It is also,
the most valuable biospecimens and research resource used in medicine [1].

While water makes up the bulk of blood, it is also multidimensional, including a diverse range of
cells, like red blood cells (RBCs), white blood cells (WBCs) and platelets, and molecules. There also exist
other groups of cells, the rare cells, within the circulatory system that are extremely clinically relevant.
For example, in a case of a solid tumour, circulating cancer-related biomarkers, such as Circulating
Tumour Cells (CTCs) that originate from the tumour or circulating stromal cells the Cancer-associated
Macrophage-Like cells (CAMLs), can be seen and detected in the circulating blood, as well as other
cancer-related cells [1].

Cancer is the world's second largest cause of death, with cancer-related fatalities being expected
to exceed 13 million annually by 2030 [2]. Among the various cancer diseases, prostate cancer (PCa) is
the most frequent non-cutaneous male cancer and the second most prevalent cancer, being the fifth
greatest cause of cancer-related fatalities globally [3]. It is a multifactorial disease in which
genetics, environmental factors, age, family health history, and ethnicity may combine to boost tumour
growth, and its diagnostic tends to occur at an average age of 72-74 years, with 85 % of patients diagnosed
at the age of 65 or older [4], [5].

The identification of prostate cancer-specific biomarkers in body fluids is the most often applied
technique used for PCa diagnosis and to eliminate the need of biopsies. However, due to prostate-specific
antigen (PSA) techniques’ lack of specificity, its use can also lead to episodes of over-diagnosis and
overtreatment of a low risk PCa [6]. Besides that, tumour biopsies, which are invasive and dependent on
tumour heterogeneity and genetic alterations, leads to clinical decisions based on historical biopsies and
not on real-time patient monitoring, leaving a chance for the tumour to spread, while also not offering

proper conditions for a personalized disease treatment in accordance to the patient’s specific needs [7].
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The World Health Organization (WHO) estimates that at least 30% of the above-mentioned
fatalities might be avoided if patients were diagnosed and treated before the development of cancer
metastases, which are thought to be responsible for 90% of cancer-related deaths [8]. In the case of PCa-
related fatalities, these are generally caused by the onset of metastatic iliness, with 80 % of cases mostly
localized in the bones [9]. The cancer cells that are shed from primary tumours into the peripheral
bloodstream during metastasis are known as circulating tumour cells (CTCs) [10]. They are very rare in
number (around 1-10 CTCs/billion of blood cells), thus its potential effective isolation from blood for
downstream molecular and cellular analysis has attracted researchers' interest for both improving cancer
prognosis and better understanding the metastatic process [10]. Cancer-associated macrophages-like
cells (CAMLs), other uncommon cell population recently detected in the peripheral circulation, have also
been linked to interacting with the CTC population, which also suggests a role in cancer cell dissemination
[11].

With this in mind, liquid biopsy has recently emerged as a potentially viable non-invasive
approach for molecular profiling of circulating cancer-related cells (such as CTCs and CAMLs) in different
biological fluids, with the goal of enabling early cancer detection and real-time patient monitoring [7].
Circulating cancer related-cells detection, quantification and molecular analysis can provide powerful
insights in individual prognosis, and personalized treatment by taking in account the number of cells in
the bloodstream.

Microfluidic technologies have demonstrated unique benefits in functional analytical procedures,
in particular for cell separation [12]. Since microfluidic rare cells isolation allows for single-cell analysis,
it is possible to obtain more specific and accurate information about certain cellular processes, making
this a viable approach for studies of cellular signal transmission, physiological pathology, and early
diagnosis of serious diseases; as such, microfluidics has become a significant driving force for discovery
and advancement in pharmacology, pathology, and cell biology [13].

Thus, microfluidics outperforms many approaches in terms of early diagnostic procedures, and
polymer-based microfluidics have the potential to make very complex procedures such as liquid biopsy
and early cancer detection something rather efficient, simple and inexpensive. With this in mind, the
intention and motivation of this study is to develop and analysed if a microfluidic isolation system would
constitute a viable solution for early detection and diagnosis of PCa, while also being commercially

available and easy to use.
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1.2 Objectives

The main objective of this work is to design microfluidic devices based in passive separation
methods (size based) that are capable to efficiently isolate and detect a desired population of rare blood
cells, namely the CTCs and CAMLs, from the blood of prostate cancer patients, which is the most common
neoplasia among men.

At first, the fabricated devices will be tested and validated by numerical simulations and
experimental tests. The simulations will be carried out by using the COMSOL software and corroborated
with experimental tests. Control samples, such as healthy human blood and suspensions of prostate
cancer cell lines, will be used, in order to optimize several parameters (flow rates, sample dilution, devices
geometry) for an efficient cell isolation from pathological samples.

The work has been developed using state-of-the-art facilities and techniques for soft-lithography,
microfluidic techniques and high-speed video microscope system, with this dissertation having the

following aims to:

e Design and optimization of size based microfluidic devices for rare cells isolation;

e Numerical simulations to optimize the working flow rates of the developed microfluidic devices;

e Experimental tests with healthy blood samples and suspension of prostate cancer cell lines;

e Development of a microfluidic system composed of microfluidic devices in sequence in order to
improve the rare cell isolation with high purity;

e Validation of the final microfluidic system with prostate blood analogue samples, i.e., healthy

blood with suspension of prostate cancer cells (CTCs) and /n7 vitro generated giant cells (CAMLs).

1.3 Dissertation Outline

The dissertation is divided into six sections, one of which is this introduction, which contains the
motivation for the study as well as an overview of the subject. The objectives of the project are also listed
in this chapter.

The second chapter contains a literature review on the essential theoretical contents that are
required to develop and test the proposed microfluidic devices, as well as to comprehend the results
acquired at the end of this study. The literature review on blood components and flow properties, prostate
cancer circulating biomarkers in the bloodstream, cell-separation methods, and spiral inertial

microfluidics working principal are the four primary subtopics of this chapter.
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The numerical methods employed in this dissertation are discussed in the third chapter. The
microfluidic devices geometries are described, and the numerical models and simulations are also
discussed.

In the fourth chapter the experimental setup and procedures are thoroughly presented, as the
microfluidic devices fabrication, microfluidic devices priming and tubing, microfluidic setup and
experimental tests, working fluid preparation and handling, sample processing, cell counting process and
data treatment stages are detailed.

The findings of the numerical simulations as well as the experimental tests are presented in the
fifth chapter. The results are analysed and discussed throughout this section.

The key conclusions drawn from this thesis are provided in the last chapter, along with suggestions

for further research in this subject.
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2. THEORETICAL BACKGROUND

This chapter provides a theoretical backdrop from the concepts required to understand the blood
particles motion and separation phenomena, which will allow for a critical discussion of the outcomes of
this work. It is separated into three sections, one dealing with the theory behind blood components and
its flow properties, followed by a contextualization about prostate cancer circulating biomarkers in the
bloodstream. A detailing section of cell separation methods, and finally a section about spiral inertial

microfluidics.

2.1 Blood Components and Flow Properties

Blood is a non-homogeneous fluid made of cells, proteins, and ions suspended in a viscous fluid
called plasma, with red blood cells (RBCs), white blood cells (WBCs), and platelets constituting the cell
suspension, as can be observed in Figure 2.1. These cells make about 46% of whole blood volume (with
RBCs being in majority, about 45% of the total volume), and have different profiles and sizes, as RBCs
have a biconcave shape (7-8 um), WBCs have a roughly spherical configuration (7-12 um) and platelets
are either round or oval (1-4 um) [14]. By flowing via a variety of complicated circulatory system networks,
besides being tasked with carrying the aforementioned particles throughout the human body, blood also
ensures the supply of oxygen and eliminates metabolic waste [15]. Given its components, blood ends up
playing an essential role in body homeostatic regulation, while at the same time providing a valuable
source of useful biomarkers for clinical diagnosis [1]. It can be found examples of these biomarkers in
the detection of multiple diseases such as leukaemia or anaemia where platelet concentration is often
used as a biomarker when concentrations outside of its usual range (between 1.5x10s and 4.5x10¢
cells/uL) are found [16]; or when WBCs aren’t present in its normal range of concentration values
(between 4x102 and 11x10: cells /L), then their important function of eliciting immunological responses

to foreign pathogens in order to prevent and combat infections might be affected [16].
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Figure 2.1 - Blood constituents and conventional blood processing
methods, adapted from [1].
There has been a substantial growth of interest in developing microdevices that replicate the
microcirculatory system in order to study and modulate biochemical and biomechanical blood cell
behaviour /n vitro. With the purpose of fabricating these sorts of clinically-relevant devices it is crucial to

take into consideration some technical concepts of biofluids.

2.1.1 Blood flow behaviour in microchannels

The human circulatory system consists of a complex network of blood vessels that interact
between each other in order to transport blood. At the microscale level, the rich and intricate interactions
between blood cells, blood plasma, and confining blood arteries enable the development of distinct blood
flow properties [1].

Blood circulation is caused by a pressure gradient that can be verified inside the blood vessels,
with this pressure decreasing as blood travels away from the heart. However, this constitutes just a
fraction of the blood circulation phenomena that for years researchers have been studying. In terms of
composition and flow behaviour in microvessels, there still many things to figure out, such as the flow
behaviour of blood with high hematocrit (Hct) [17]. Blood has several unique features, behaving as a
single-phase homogeneous fluid or a multi-phase nonhomogeneous fluid depending on the diameter of
the channel in which it flows [14].

In vessels with large diameters blood may be considered of as homogenous and handled as a
single-phase fluid, and their flow analysis can be conducted adequately based on this assumption.

However, in vessels with a reduced diameter (< 100 pum), blood begins to display multi-phase, non-
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homogeneous, and non-Newtonian properties, such as the local apparent viscosity (i.e., viscosity
dependent on the local shear stress), with this being mostly attributable to the RBCs' deformable nature
[17], [18].

Plasma, which by itself is blood without the presence of cells, might be regarded as a Newtonian
fluid (exhibiting a viscosity in the range of 1.1 cP-1.35 cP at 37 °C) but, with the increase of cellular
components, its non-Newtonian behaviour became more evident [19]. The precise value of a blood
sample apparent viscosity (u,) is determined by a number of variables, including hematocrit, plasma
viscosity, RBC aggregation, and RBC mechanical characteristics, while also strongly depending on the
shear rate (viscosity values range from 100 cP at a low shear rate of 0.1 s to 4-5 cP at high shear rates
of 100 to 200 s at 37 °C, which means that blood acts as a shear thinning fluid), as demonstrated in

Figure 2.2 [19], [20].
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Figure 2.2 - Variation of shear stress with the shear rate for Newtonian and
non-Newtonian fluids shear thickening and shear thinning, adapted from [21].

The presence in blood of RBCs, its concentration and structure deeply influence the rheological
behaviour of blood [14]. They have a unique structure and due to its deformable nature, RBCs can pass
through narrow vessels that are significantly smaller than their size [14], [17]. While circulating in
microchannels such as blood vessels, RBCs have a propensity to move towards the channel axis, and as
a result it is possible to verify an increase in cell concentration in the centre of the microchannel, while
also leaving a zone devoid of cells near its side walls, designated as the cell-free layer (CFL) [21]. This
axial migration of cells occurs because of various reasons, namely due to the deformable nature of the
RBCs and to the occurrence of high-shear zones near to the channel’s wall, as this results in an increase

of velocity of RBCs compared to that of plasma [21]. However, it should also be of note that the high
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deformability of RBCs also makes it tougher to achieve a mathematical model that describes correctly
the cells mechanics, thanks to its high degree of properties variations [17].

Cell concentration, deformability, vessel diameter, cell aggregation, and flow rate all influence the
thickness of the cell-free layer, as it decreases with an increase in tube diameter and with an increase in
hematocrit level, while an increment in flow rate results in a thicker CFL at the microchannel periphery
[22]. Lastly, the effect that cell aggregation on the CFL thickness is rather intricate, since the cell-free
layer, as it is less viscous, ends up acting like a lubrication zone, while the RBCs aggregated core has a
high viscosity, which means these wind up counteracting each other [23].

Besides cells trajectories, understanding the velocity profile of blood flow in microchannels or
micro passageways is another key issue. According to some studies, the velocity profile for low blood
hematocrit can be deemed parabolic, with its behaviour following Poiseuille’s law, being dependent on
factors such as hematocrit level, shear rate, flow rate, aggregation, and the diluting medium, as all of
these affect the exact velocity profile characteristics [14], [24]. For example, RBCs flow behaviour is
markedly different in a high hematocrit environment, according to some studies [25]. When these
conditions occur, blood flow can lead to episodes of cell crowding, which results in erratic displacements
owing to constant contact of cells with their neighbouring cells. For high hematocrit levels, measurements
reveal a non-parabolic velocity profile with bluntness at the centre, adding even more complexity to the
process of comprehending the blood flow phenomena [17].

There is still a gap in the scientific community to understanding of RBC flow behaviour, which
has been a constant hindrance in the development of a device capable of separating 100 % plasma from

undiluted blood.

2.2 Prostate Cancer Circulating Biomarkers in the Bloodstream

Adenocarcinoma is the most common type of prostate cancer (PCa). It is possible to divide it into
subtypes according to its cell of origin, with the acini of the prostatic ducts being the most common
location for development of malignant iliness in the prostate (about 95 % of cases). This development
from healthy prostate to invasive carcinoma occurs due to a series of genetic and epigenetic alterations,
and it is possible to observe three distinct development stages, namely proliferative inflammatory atrophy,
low-grade prostatic intraepithelial neoplasia and high-grade prostatic intraepithelial neoplasia [5].

Because of its high phenotypic variation, sluggish growth behaviour, and lack of symptoms in the
early stages, PCa is difficult to identify and treat and, as a result, a large percentage of men with localized

PCa do not experience symptoms as a clear product of the disease itself [7]. Those who have it mainly
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suffer from lower urinary tract symptoms, including urine frequency, urgency, reduced stream force, and
nocturia, as well as other ailments such as back discomfort, leg inflammation, peripheral neurological
difficulties, and erectile dysfunction [8], [9]. The existence and prevalence of circulating tumour cells
(CTCs) in the bloodstream of patients with epithelial cancers (carcinomas), such as prostate cancer, is
an essential intermediate phase in cancer metastasis that offers critical information about disease stage
and potential treatment procedures [26].

Metastasis occurs when cancer cells spread from where they initially developed to another
section of the body breaking away from the original (primary) tumour, moving via the blood or lymph
system, and forming a new tumour in other organs or tissues of the body in a process known as
metastasis [27]. It is also of note that the metastatic tumour is the same type of cancer as the primary
tumour [27]. Cell migration, local invasion, intravasation of tumour cells into the circulation,
dissemination, arrest at secondary and primary locations, extravasation into a distant site, and ultimately
the development of clinically evident metastasis are all processes of the metastatic disease. The epithelial-
to-mesenchymal transition (EMT), during which epithelial cells intercellular adhesion is shed and
they gain a phenotype that is both more invasive and more mobile, is required for metastatic colonization;
once this occurs, tumour cells then enter the circulatory system as single cells or clusters, spread
throughout the body, and infect distant organs [9]. The cancer cells that are shed from primary tumours
into the peripheral bloodstream during metastasis, as illustrated in Figure 2.3, are known as circulating

tumour cells (CTCs) [11].
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Figure 2.3 - Representation of cancer cells (CTCs) being shed from a primary tumour into the
peripheral bloodstream during metastasis [11].
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In the bloodstream CTCs are subjected to shear stress, the innate immune system, and oxidative
damage in the circulation, which causes them to associate with platelets to defend themselves [28]. Cells
are then converted back to an epithelial state when these are exposed to a specific signal, a process
known as mesenchymal-to-epithelial transition (MET) [9]. As a result, CTCs begin to acquire resistance to
both the immune system and the tissue's defence responses, and from then on there can either occur
cell death, entering in a latent state as single cells or micro metastases (once these cells emerge from
their dormant condition, they resume their development by conquering the local tissue's
microenvironment), or colony formation through continuous multiplication [29].

CTCs in bloodstream usually have a round, spherical morphology with a well-defined nucleus,
but their dimensions depend on tumour type and can be very variable across individuals [12]. Generally,
they range from 12 to 25 pum of diameter, but there can even be particles with diameters up to 50 um

[12]. In Figure 2.4 it's possible to observe optical images of an isolated CTC micro cluster.

Figure 2.4 - Optical image (60 magnification) of an isolated CTC micro cluster (A), as well as the
correspondent fluorescence image (B), including fluorescence images of the isolated CTC particles (C), with
the sorted CTCs having been stained with stem cell marker CD133 (red), cytokeratin (green) and Hoechst
(blue), adapted from [12].

CTC molecular expression (phenotypic and genetic characterization of these rare cells) can be
utilized as surrogate biomarkers to provide crucial insight for classifying disease phenotypic, which can
contribute for early cancer detection, diagnostic and monitoring cell; these surface biomarkers can be
assessed using immunofluorescence microscopy [26]. The identification of prostate cancer-specific
biomarkers in body fluids is the most often applied technique used for PCa diagnosis and to eliminate
the need of biopsies, with only three tumour markers being cleared by the US Food and Drug

Administration (FDA) for routine practice in patient care, namely Prostate-Specific Antigen (PSA), Prostate

10
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Health Index (PHI) and Prostate Cancer Antigen 3 (PCA3) and more recently the CTCs counting for
disease stratification and treatment monitoring [6].

However, due to the CTCs’ heterogeneity, accurate identification of CTCs has some challenges,
since there is no uniform and universal biomarker that can be used to identify them, while the limited
sensitivity of the available techniques to enumerate them also adds to poor characterisation and, as a
consequence, the use of CTCs biomarkers can lead to episodes of over-diagnosis and overtreatment of a
low risk PCa [6]. For example, it is possible to distinguish cancer patients from healthy subjects by
verifying if the pan-cytokeratin (panCK) marker can be identified in the patient. However, these biomarkers
are only able to identify the presence of CTCs in the patient while not helping predict the cancer’s origins
nor the metastasis stage, since they are present in many different types of carcinomas (including prostate
cancer) [30].

Recent research has demonstrated, that CTCs are insufficient for the formation of metastasis
since the tumour microenvironment is made up of leukocytes, fibroblasts, and vascular endothelial cells,
with immune cells constituting the majority [31], [32]. Monocytes and monocyte-derived macrophages
are immune cells that can impact tumour cell invasiveness, motility, and metastatic potential, and, as a
result, when chemokines draw them into tissues peripheral to the circulation, they grow into differentiated
mature macrophages that perform particular immunological functions [33]. Circulating cancer-associated
macrophages-like cells (CAMLs) are described as highly diversified giant phagocytic cells of the myeloid
lineage, whose size ranges, shapes, and nuclear profiles can largely vary [34]; these are generally quite
big, measuring between 25 um and 300 um, with an atypically large nuclei (between 14 um and 64 um)
or perhaps even several separate nuclei, and might even have different morphological profiles, as can be
seen in Figure 2.5 [35]. Since they are engaged in phagocytosis of foreign necrotic tissue, tissue
reabsorption, and inflammation, these cells are different than CTCs, with researcher thinking that CAMLs
play an important role in enabling tumour cells to morph into CTCs by releasing cytokines and growth
factors, with both of these types of cells eventually migrating into the peripheral circulation via the

lymphatic system or intravasate past intratumour capillary barriers [34], [36], [37].
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Figure 2.5 - Morphologies of different types of CAMLs (giant macrophages). From an origin standpoint, these can
be classified as pancreatic cells (A, F, and G), breast cells (B, C, and D), prostate cells (E, H, and I) and typical
WBCs (J); in regards to their morphology, they can be amorphous (A), oblong (B and G), spindle-shaped (C, F, and
), round (D), and tadpole-shaped (E and H).

CAMLs have been detected in all cancer patients, regardless of cancer type and
development stage, in contrast to CTCs, which has been found predominantly in metastatic tumours [37].
Due to their heterogeneity, these cells have a heterogeneous markers expression, as CAMLs might
express, epithelial, monocyte, endothelial, and megakaryocyte protein markers [34], [38]. Taking this into
account, CAMLs show potential to be a useful biomarker for all cancer stages [34]. Thus, to better
understand the biological characteristics of solid tumours, it's fundamental that these cellular
components are characterized and monitored.

Despite their medical significance, rare cancer cells research is hampered by a lack of effective
and reliable CTCs and CAMLs separation procedures due to their relatively uncommon incidence (i.e.,
~1-100 CTCs per 10° blood cells); because of this, as well as their very diverse morphologies and
molecular signatures, isolating them from blood is difficult, limiting their utility as possible cancer
biomarkers in clinical cancer management [39]. As such, there is a clear need for developing efficient

and simple macroscale or microscale CTCs and CAMLs separation techniques.

2.3 Cell Separation Methods

Several clinical and scientific fields are interested in the separation and sorting of distinct
populations or subpopulations of blood cells from unprocessed or minimally handled blood specimens,
as it is important in the diagnosis and prognosis of physiologic and pathologic disorders such infectious

illnesses, tumours, and inflammatory reactions [1].
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As such, prior to blood analysis, cell separation is an important sample preparation process in
biomedical research to filter the target cell population and reduce cell-cell interactions. In clinical samples
that are highly heterogeneous, for example, subpopulations of cells with distinct biological signatures and
roles are commonly detected, which means that, in order to enable downstream biological tests, it is
important to separate specific target cells. Accurate clinical evaluation will be achieved by efficiently
extracting viable blood cells, such as cancer-related rare cells (CTCs or CAMLs, ~ 1 in 100 cells/mL) from
a huge cellular population (™5 billion RBCs/mL) [1], for further downstream analyses.

In order to have an efficient system that is able to isolate one or various component from the
bloodstream, there are some key requirements that a cell separation technique has to comply: it has to
be able to perform a high separation resolution; the separated cells should have high purity; it should
admit a high throughput to process larger sample volumes; it must be versatile in order to adapt to

different cell types and samples and show operational robustness, as well as reproducibility [40].

2.3.1 Label-dependent and label-free cell separation techniques

Cell separation techniques are commonly classified into two groups, depending if it follows a
label-dependent (affinity-binding approaches) or a label-free (conventional separation techniques)

approach [40].

2.3.1.1 Affinity-binding approaches (label-dependent)

Affinity-based cell separation techniques such as fluorescence-activated cell sorting (FACS) and
magnetic-activated cell sorting (MACS), both illustrated in Figure 2.6, have become popular among
biologists as a result of the considerate growth of monoclonal antibodies available. In this kind of
approach, prior to separation, target cells are immunolabeled with antibodies that bind to particular

surface markers [41]

13



Chapter 2. Theoretical Background

Hydrodynamic flow

. Antibody with fluorophere

. Q
Emitted ﬂuorescegcc 0 é Cell of interest

Photodetector

Scattered light

Excitation
light source

I] (__? l] Charge plates

Unbound cells

[ 1\

Capture antibody O

Magnetic bead

' '\. - ' * Magnet
+ Q} %\.-". C
+ /. > -
_ Cells «~
3| Collection (& of interest
()| tubes y
Fluorescence-Activated Aaguetic Activated
Cell Sorting

Cell Sorting

Figure 2.6 - Examples of affinity-binding approaches procedures, as MACS uses magnetic beads coupled with
antibodies that are introduced to a pool of cells and attached to the cells expressing the specific protein marker,
while FACS makes use of antibodies labelled with fluorophores, adapted from [1].

Even though affinity binding techniques usually offer better separation purity, the use of surface
antigens are less favourable because their expression levels are highly heterogeneous and tumour-
dependent, as well as the retrieval of collected CTCs is difficult thanks to the strong cell binding in the
device [42]. Besides that, due to EMT, which causes down-regulation of epithelial markers (i.e., EpCAM)
widely utilized for affinity binding, there is a possibility of losing the most of the CTC subpopulation, which
might result in a potential underestimation of the real number of CTCs present in the bloodstream [43].
For example, the only medical instrument that follows an affinity-based approach and clinically authorized
in the last decade by the FDA is the CellSearch® system from Janssen Diagnostics, but it fails in isolating
the majority of CTCs in a blood sample (7.5 mL), omitting cells that have undergone a complete EMT
phenotype or have a low degree of cytokeratin expression [40], [44].

These approaches are labour-intensive, time-consuming, and costly, and the cell yield or recovery
is too reliant on a qualified user conducting the procedure. Furthermore, recent clinical researches have
demonstrated that some CTCs recovered from peripheral blood also display EMT and stem cell markers,
emphasising the importance of adopting non-EpCAM enrichment approaches as well as other EMT

markers such as vimentin and N-cadherin for precise CTC enumeration [45], [46].
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2.3.1.2 Conventional separation techniques (label-free)

In order to avoid these problems linked with the affinity-binding approaches, there's been an urge
to create traditional labelfree separation techniques on a micro scale level, which might rely on
biophysical features such as size, density, deformability, or dielectric properties [40], [47]-[53].

Membrane filtration and centrifugation are two common '"label-free" macro separation
techniques that are both widely accessible and simple to perform [41]. Differential centrifugation is a
common technique for sorting cells depending on their size and density [41]. Membrane filtration works
by size-exclusion, retaining cells bigger than a specific size (larger than the pore size) while allowing
smaller cells to flow through a porous matrix, with target cells being collected either on the membrane or
in the filtrate [41]. However, these label-free methods also present several disadvantages, namely only
being able to process low throughputs, clogging issues, low ability to recover interest cells, complex
integration of external force fields, and potential loss of cell viability, all of which make them unsuitable
for widespread application, particularly in clinical settings [54], [55]. For example, it's hard to have an
efficient separation of blood cells with centrifugation or size-based filtration approaches using fibrous
membranes or track-etched polycarbonate filters, which represent some of the widely used conventional
“label-free” separation approaches. Apart from that, traditional macroscale blood cell separation
procedures demand a huge volume of blood and numerous manual interventions that are prone to
introducing contaminants, while also creating a need for competent technicians and well-equipped,
expensive facilities [1].

In spite of that, novel microfluidics and lab-on-a-chip (LOC) technology show a lot of promise as
it is a particular kind of microscale label-free approach that has been developing positively and gaining
importance in recent years since it allows for an efficient high throughput blood cell separation, due to its
precise fluid behaviour control and capacity to scale down the required sample volume and enable
continuous non-invasive molecular and functional analysis of blood cells down to the single-cell level [1].
Furthermore, by exploring unique fluidic transport phenomena in confining microfluidic environments and
integrating physical methods and analytical assays in a single-chip format, integrated microfluidic
approaches for blood cell sorting are provided with better comprehensive and analysis capabilities than
conventional macroscale methods [1].

Thus, microfluidic cell separation devices have several benefits over traditional cell sorters,
including portability, simplicity of operation and low sample and reagent consumption, which might allow

the development of point-of-care diagnostic systems, and higher particle separation resolution, due to its
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channel diameters being specifically tailored to the interest particles’ cell size for improved separation

control [40].

2.3.2 Microfluidic lab-on-a-chip cell separation

Microfluidics, which is defined by George Whiteside as “the science and technology of systems
that process or manipulate small (10° to 10¢ L) amounts of fluids, using channels with dimensions of
tens to hundreds of micrometres”, has fundamentally has transformed chemical analysis and biological
testing due to its unique physical phenomenon characteristics and flow control in the microscale since
the birth of these lab-on-a-chip (LOC) technologies in the 1990s [56], [57].

Higher analysis efficiency, reduced sample and reagent usage, shorter processing time, great
spatial resolution, ability to perform dimension matching between channel sizes and cell diameter, ease
of operation, reduced device cost, and great portability are all advantages of these downsized systems,
which allows them to play an increasingly important role in the field of single-cell study [13], [58].
Consequently, taking into account its ability to achieve remarkable size resolution and purity, as well as
high throughput sample processing, LOC cell separation systems have become a key instrument for cell
separation purposes [41].

It should be noted, however, that microfluidics has not taken off in the way that many expected,
as a lack of standardisation has limited LOC technology, with needlessly complicated and sophisticated
designs being developed and manufactured by engineers, making it difficult for these to have a real-world
application, thus remaining simply an academic research tool [56], [59].

Based on the presence or absence of external fields (such as electric, optical, acoustic, magnetic
fields), microfluidic cell separation techniques are divided and classified into active and passive methods;
while active techniques employ external fields to impose varying forces on cells in order to induce particle
separation, passive separation methods rely solely on intrinsic hydrodynamic forces during fluid flow,
which can be controlled by changing the microchannel design and flow conditions [41]. Various passive

separation techniques are compared on Table 2.1.
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Table 2.1 - Comparison of various microfluidic passive separation techniques, adapted from [49].

Separation
P . Mechanism/principle Separation criteria Throughput
technique
L Hydrodynamic force/ . .
Biomimetic Fahraeus effect Size deformability 10 pL/h
. 20 plL/min
Hydrodynamic Streamline Size shape
manipulation > 10°/min
Hydrophoretic filtration Pressur‘e field Size 4> 10°/s
gradient
Inertial Lift force Size shape ~ 10¢/min
secondary flow
10°
Microstructure Laminar flow/perturbation Size deformability Hm/s
(Pillars and weirs) of flow 5 puL/min
Surface affinity Specific binding to surface Size surface 1-2 mL/h
markers biomarkers
Pinched flow Laminar flow ~ 4 % 10°/min
fractionation (Hydrodynamic Size
(PFF) force) 20 ul/h

Because of its ease of use and greater separation resolution when compared to the others
technologies, inertial microfluidics has emerged as a very promising option for size-based cell separation
[41]. Di Carlo et al. [60] published the first key paper about this approach in 2007, in which the particle
inertial focusing effects in microfluidics and their use for high throughput size-based particle separation
was described, and ever since then numerous inertial microfluidics review articles have been published,
providing a great overview of inertial microfluidics in various channel geometries [60]. Among those, the
spiral microchannel geometry is one of the most popular cell separation designs since it makes use of
both size-dependent particle inertial focusing and secondary Dean-induced migration phenomena to

accomplish cell separation.

2.4 Spiral Inertial Microfluidics

Inertial focusing, as the name implies, takes advantage of inertial forces created by the fluid flow

within a confined microchannel. Shear-gradient lift and wall-induced lift combine to provide a net lift force
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which propels particles toward equilibrium points inside the microchannel cross-section, rapidly
transforming an initially homogenous microparticle flow into a highly focused microparticle stream [60].

There are two variables that are mainly responsible for regulating these inertial forces, which are
the Dean number and the ratio of particle diameter to the microchannel hydraulic diameter [1]. By
manipulating these two parameters it is possible to optimize a device design, in order to achieve blood
cell separation and sorting, and specifically to isolate CTCs from diluted blood [1], [61]. This is possible
to accomplish by designing a microfluidic device with a curvilinear channel; as particles travel through
the microchannel at different speeds, due to a centrifugal acceleration of the fluid flow, an extra lift (the
Dean drag force) is generated thanks to the channel curvature [12]. The devices that contain this sorting
method with a curved section are designated spiral devices [12].

The ultimate particle location is determined by a net force between Dean drag, shear-gradient
lift, and wall-induced lift, which varies depending on particle size [12]. As hematologic cells are usually
smaller than CTCs, these cells tend to flow towards the outer wall, while CTCs and cells with higher sizes
flowed closer to the inner wall, theoretically resulting in an efficient separation of CTCs or rare cells from
hematologic cells [61].

It should be taken into account that there’s a factor that has been deeply limiting to the use of
inertial microfluidics for blood related separation: the large red blood cells (RBCs) background (45% v/v
in blood, ~ 10° RBCs/mL), as cellto-cell interactions can have a significant negative impact on cell

focusing behaviour and, as a result, in the separation efficiency [62].

2.4.1 Classification of spiral devices

Due to the dominant viscous drag forces (low Reynolds), fluid mixing at the microscale presents
a number of obstacles, as molecular diffusion continues to be the primary transport mechanism in this
laminar flow regime [41]. As the form and size of Dean vortices are affected by flow conditions and
channel geometries, these parameters have been intensively researched in the spiral inertial microfluidics
field of studies in order to improve cell sorting capacities [63], [64]. There are four main types of spiral
devices, each with its own focusing methods and characteristics: rectangular spiral microfluidics,
trapezoidal spiral microfluidics, double-inlet spiral (designated as Dean Flow Fractionation (DFF)), and

High-resolution Dean Flow Fractionation (HiDFF), and their properties are compared in Table 2.2 [41].

18



Chapter 2. Theoretical Background

Table 2.2 - Comparison of different spiral devices configuration and sorting, adapted from [49].

Rectangular . . Dean flow . .
. Trapezoid spiral . . High resolution
Type spiral microfluidics fractionation DFF (HiDFF)
microfluidics (DFF)
6]
o
Configuration
N prnmipiee
i\ @ ~g : - oé. .’J« ,.'.,p:‘ ?.'pd °
Principle i‘FnQ_." N s<E o S EES e
Qo - - [+ X ool T30
e @0 O
[
Size ¢ ¢
~5-50 um ~5-30 um ~1-30 um 1-3 um
Mode Multiplexed sorting Binary sorting Multiplexed sorting Binary sorting
Sample ~ . ~ . ~ . ~ .
Flow Rate 0.5-3 mL/min 0.5-6 mL/min 0.1-0.2 mL/min 0.05-0.2 mL/min
Cell “10=/mL (T 0.1-  T10+/mL (T0.5- “10¢/mL (T10-  T10%/mL (T 10-20%
0.5% hematocrit) 2% hematocrit) 20% hematocrit) hematocrit)
Cell separation o Rare cell isolation  \icrovesicle isolation
Particl Rare cell isolation . .
o article o Bacterial sorting Nanoparticles
Applications concentrator Microfiltration .
Protein purification separation

Cell alignment and
ordering

Plasma separation

Buffer exchange

Bacterial sorting

However, some of these systems do not meet the established requirements, as the rectangular

and trapezoidal spiral microchannels. The two strategies can be highly effective for size-based particle

and cell separation while working with low sample concentrations (around ~10%7/mL), but their usage in

blood-related applications is severely constrained due to the high RBC background (~45% v/v, ~10°

RBCs/mL) [62]. The cells interactions can significantly impact cell focusing behaviour and thus decrease

separation efficiency [62]. Another alternative consists on the dilution of whole blood samples (50-100

X, ~ 0.1-2% haematocrit), but that would increase processing time to a level unsuitable to process the

large volumes of blood samples required for CTCs isolation applications, namely 7.5 mL [41].
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In order to solve these issues, the Dean Flow Fractionation (DFF) configuration developed by Hou
et al [12] was introduced, consisting in a more flexible and practical separation approach, allows for a
continuous collection of sorted CTCs in a single stage [12]. When compared to the previously mentioned
CTCs separation spiral inertial methods, DFF technique presents many advantages such as the ability to
process large amounts of whole blood samples in a short period of time (3 mL of whole blood in an hour)
while also efficiently separating the CTCs, thus providing unmatched separation and throughput
performance [12]. Besides that, this type of setting also holds advantages to affinity-capture or physical
filtration microdevices, as the constant collection of sorted CTCs and its brief residence time inside the
device's channels (<10 msec) considerably reduces CTCs' exposure time to the shear in the channel,
minimizing the shear-induced alterations to the CTCs' phenotype and preserving its properties and
allowing for a better molecular characterization [12]. Lastly, using this sort of configuration, the device
setup and operation are simplified because sample preparation is minimal and just syringe pumps are
needed for it to work; this is something that is very important since it allows technicians and clinicians
with minimum training and expertise to easily work with the DFF device, facilitating its commercialization
and adoption in clinical settings [12].

In sum, the Dean Flow Fractionation (DFF) configuration is a flexible blood separation technology
that, via the characterization of differences in cell morphology, can be used to separate diseased cells

(such as CTCs) from whole blood.

2.3.1.1 Dean Flow Fractionation (DFF) characteristics

Hou et al [12] developed a Dean Flow Fractionation (DFF) configuration with two-inlet and two-
outlet spiral device that has the purpose of isolating CTCs from whole blood, represented in Figure 2.7
[12]. By taking advantage of the size difference between cancer cells and other blood cells, this technique
allows for larger CTCs and CAMLs to be inertial focused towards the inner wall, whereas smaller blood
components, such as RBCs and WBCs, are predominantly impacted by the Dean drag and transferred

towards the outer wall, thus resulting in the isolation of the rare cells.
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Figure 2.7 - Schematic representation of the separation principle for high-throughput
CTCs separation using Dean Flow Fractionation (DFF): (A) inertial microfluidic design and
(B) representation of the cells focusing considering the cross-section of the device,
adapted from [12].

This separation approach uses a sheath buffer (which is used to influence particle focusing),
allowing for a seamless and controlled Dean migration of huge volumes of RBCs, enabling the processing
of even high hematocrit blood samples (~20-25%) [41]. The sample to sheath flow rate ratio ends up
playing a major role in the DFF technique, as its careful regulation will allow DFF to serve as an effective
buffer exchange system to efficiently deplete tiny biological components such as biomolecules (aptamers)
and nanoparticles from the target cells [41], [65], [66].

From a clinical and research standpoint, the DFF spiral biochip presents a series of distinct

features that make it extremely valuable, such as:

1. CTCs (or the isolated cells) are counted in suspension rather than immobilized on chips, allowing
for rapid manipulation and analysis, as the continuous collection of viable CTCs enables easy
coupling with, for example, conventional 96-well plate for subsequent biological assays or other
downstream tests [40].

2. lIsolation principle is not dependent on tumour antigen and, as a result, this technique might be
more sensitive than other immuno-based technologies. CTC clusters, which are thought to play
a role in tumour metastasis, may also be detected and quantified from blood samples [67].

3. High purity of the enriched samples, with up to 4 log WBC depletion [49], [68]. The CTC
separation technique's high specificity allows for better precision in genome sequencing and

mapping, as well as single-cell analysis [40].
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4. The large microchannel diameters and high flow conditions, which enable processing high
hematocrit blood samples, minimizing clogging difficulties, unlike conventional affinity-capture or
physical filtering microfluidic devices, ensuring a robust separation platform for processing of

large clinical sample volumes [12].

Though, there are also some limitations in this configuration, since despite the fact that spiral
microfluidics avoids the usage of immunoaffinity markers, which can have limited sensitivity and
specificity, the DFF approach may still be unable to identify the smaller CTCs, as the isolation of the
interest particles is performed in accordance to a pre-established size threshold; for example, if the
defined size threshold for separation of cells is too low in order to isolate even the smallest CTCs (™10
um), this would result in other non-interest cells such as WBCs (™12 um) to be separated into the interest
outlets [40]. Thus, even if there is some loss of smaller CTCs, it is better to define a higher size threshold
in order to avoid non-interest cell contamination. Nevertheless, thanks to its proven high isolation
efficiency, it is expected that a significant pool of CTCs can be obtained for therapeutic and research
purposes [40]. Besides the design and working flow rates that should be manage for high isolation, other
strategies can be applied, namely to decrease cellular interactions that effect inertial focusing in
microchannels, RBC lysis and subsequent sample dilution can be applied [40].

These extra steps can be avoided by using a cascaded spiral configuration, as a 2-stage cascaded
DFF system can be built up by connecting the CTCs outlet of the first spiral device to the sample intake
of a second spiral device for full RBC removal from the sorted CTCs. This sort of setup enables for the
elimination of any leftover RBCs and leukocytes that may reach the CTCs output during the first stage
due to undesired cell-cell interactions, as well as for the reduction of CTCs loss by removing the need to
manually transfer the separated CTCs solution to a new device, all while maintaining the same throughput
and processing time values (20 mins/mL of whole blood) since both spiral devices are working in
conjunction, as well as achieving a CTC recovery rate of more than 85% according to hemacytometer

analysis and thus outperforming existing CTC sorting approaches based on size and affinity [12].

2.5 Flow characteristics

To properly understand the advantages of inertial microfluidic systems, it's necessary to
understand the physics of fluids at this size and how this influences their behaviour.
A fluid, such as a liquid, may be regarded of as a material that deforms continuously under shear

stress when an external force is applied, displacing some of its constituents at the boundary layer {i.e.,
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surface) [69]. The continuum approach, which means modelling the mechanical behaviour of materials
as a continuous mass instead of separate particles, can be assumed in microfluidic systems, since fluid
is a material that can be deformed continuously under the action of shear stress without a change in its
properties [70]. In order to characterize a liquid, it is fundamental to know three major properties, which
are its density, p (kg/m?), its pressure, P (Pa), and its viscosity, u (Pa.s).

One of the fundamental principles in order to understand the physics of fluids is the conservation
of mass principle which, according to the continuity equation (Equation (1)), assures that the mass
entering any control volume will be the same as the mass exiting said volume, where p; is the fluid
density at point 1, A; is the area across which the fluid enters the control volume and v, the average
velocity of the fluid across A;; in accordance with this logic, the variables with the index "2’ refer to point

2 [20].
p1A1v1 = prAs v, (1)

The continuity equation may be simplified and rewritten as Equation (2) for incompressible flows,
such as blood, as for these the fluid density is constant for a set control volume (p; = p,) and the mass
does not change [20]. It should be noted that Q is the volume flow rate that traverses the control volume.
The continuity equation can be particularly useful when applied to a bifurcation, such as the ones that
might be found in a DFF device, with the equation being expressed as Equation (3) or alternatively

Equation (4) for a situation like the one illustrated on Figure 2.8 [20].

A;v; = A,v, = Q = constant 2)
Q1= Q2+ Q3 (3)

Alvl = szZ + A31.73 (4)

Figure 2.8 - Bifurcation in a DFF device’s microchannels, for which the
continuity equation can be applied, adapted from [21].
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In regards to pressure in a microfluidic system, where the channel depths are on the micrometre
scale, pressure changes owing to differing depths may be ignored, however, since the microchannels in
which the liquid is present might have inlets and outlets, any external pressure difference impacting them
will be perceived by the liquid, which then causes the flow to begin. This flow does not flow freely though,
as it experiences a certain resistance to its motion, with this internal friction being called viscosity [69].

In fluid mechanics, there are many phenomena that fluids have to follow, with one of them being
known as the no-slip condition, with all fluids satisfying this condition [20]. Considering a scenario of two
parallel plates separated by a film of liquid of thickness /, illustrated in Figure 2.9, while the lower plate
remains stationary, an external force, £, causes the upper plate to move, resulting velocity, v; because of
the intermolecular interactions between the liquid molecules, the movement of the upper plate causes
the molecules in the immediately following layer to move as well, with this process being continued across
the successive levels [69]. This then indicates that the velocities of these layers range from v (the layer
nearest to plate B) to zero in a steady state (the layer closest to plate A) and, thus, the fluid molecules

cling to the plate and do not slide over its surface [20].
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Figure 2.9 - Velocity profile in a fluid between two parallel plates demonstrating the no-slip
condition, adapted from [21].

The shear stress (t = £/4) is caused by the area of the liquid surface, 4, that is impacted by the
force, while the shear strain (y = 4x/1) is caused by the displacement of the liquid at the top plate, 4x,
in relation to the thickness of the film, L. With this in mind, the coefficient of viscosity, p, can be defined
as the ratio of the shear stress to the shear rate, as stated in Equation (5), with the results of this equation
making it possible to determine if the fluid being studied can be considered as a Newtonian fluid [20]. In
case the shear stress of the fluid is directly proportional to the velocity gradient, or putting into other
words, if the viscosity of that fluid remains constant, it is indeed a Newtonian fluid, as fluids in which the
viscosity varies in accordance with the shear rate are called non-Newtonian [20]. It should be noted that
with increasing shear rate, the viscosity of non-Newtonian fluids can either increase (shear thickening) or

drop (shear thinning) depending on fluid properties [20]. When it comes to fluid mechanics in
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microfluidics, shear stress is an important concept to understand, especially when the pressures applied
to blood are high enough to cause red blood cell rupture.

F/A
ST 2

The viscosity of a fluid, which is related to its resistance to deformation, is one of its most
important attributes, with the viscosity of many fluids being a constant property that only varies with
temperature and pressure [70]. In fluid mechanics, the Navier-Stokes equations, as presented in Equation
(6), can be used to characterize the motion of a viscous fluid. The Navier-Stokes equations, which are
based on the fundamental laws of conservation, regulate the motion of fluids (mass, momentum, and
energy). Because the equations include more unknown factors, these are solved using a variety of

boundary conditions and assumptions [41].

p(Ou/dt+u-Vu) = —Vp + uViu +f (6)

In the equation above, p represents the fluid density, u is the fluid dynamic viscosity, u is the
fluid velocity field, p represents fluid pressure field, and f is the vector field of external body forces
imparting on fluid elements. p(du/ dt + u - Vu) corresponds to the inertial forces, —Vp corresponds
to pressures, and uV2u corresponds to viscous forces [41]. As blood constitutes a steady, incompressible
fluid (Vu = 0), then Equation (7) may be simplified and, when solved together with the continuity
equation (Equation (1)), can be written as Equation (7), with the conservation of momentum being
represented by the Navier-Stokes equations, whereas the conservation of mass is represented by the
continuity equation [20].

%ﬁ-(pﬁ):o 7)

The Reynolds number (#/e) can be used to determine the fluid flow conditions in microsystems
[70]. The channel Reynolds number (Ae) is a dimensionless quantity that quantifies the ratio of inertial
to viscous forces in a fluidic system, as stated in Equation (8) and is used to define fluid flow [41].

— pUmDh
u

Re, (8)

25



Chapter 2. Theoretical Background

Here, p is the density of the fluid, U, is the maximum velocity of the fluid flow, Dy, is the
characteristic linear dimension of the system (either diameter or channel depth) and u is the dynamic
viscosity of the fluid. In case the microchannel under consideration does not have a cylindrical cross-
section, the hydraulic diameter, Dj,, will be employed in order to compute Re,, in accordance to Equation
(9), where P,,,; is the perimeter that is in contact with the liquid and A is the cross-sectional area.

4Acs
h =

(9

Pwet

From Equation (8) it can be deducted that the Reynolds number decreases as the system's
characteristic dimensions decrease; when the Reynolds number goes below 2000, the system enters the
laminar flow regime, which differs from turbulent flow (Re, > 4000) in various ways [71]. For starters,
laminar flow is highly predictable, which makes mathematical modelling of these systems easier and less
intensive; furthermore, unlike in the turbulent regime, there is no convective mixing in the laminar phase,
only diffusion, resulting in extremely predictable kinetics [71]. As for the particle Reynolds number (Rep)
it is used to characterize the interaction between the particles (a is the particle size) and the channel

dimensions, according to Equation (10), when considering finite-size particles in the channel flow [41].

a’ U,,a?
Re =Rec—=p =

P D?  uD, (10)

The size ratio of particle to channel constitutes a very important variable, as the flow pattern in the
channel will change accordingly to it [41]. As such, for example, the viscous drag dominates at Re,,<<'1
and the particles are classified as "point-particles" [41]. Inertial effects in the channel flow become
increasingly obvious as Re,, grows, and when Re falls below a crucial value of around approximately
2040 laminar flow begins [72]. Re, is often less than 100 in microfluidics due to the narrow channel
diameters (normally less than 1 mm), as fluid flow is entirely laminar and thus viscous forces of the fluid
outweigh inertial forces (Stokes flow) [41]. This means that, for most microfluidic systems, the inertial
element of the Navier-Stokes equation (Equation (6)) is neglected by equating the left-hand side of the

equation to zero.

2.5.1 Fluid transport mechanics

Microfluidic flows are frequently linked with significant viscous drag forces (low Reynolds number,
Re), which provide laminar flow profiles that entrain suspended particles and cells along streamlines [58].

It has been demonstrated that, due to considerable inertial forces, particles may migrate across
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streamlines to concentrate at various points in microchannels, which can be used for high throughput,
size-based particle and cell separation [60], [61], [73], [74].

Particle lateral migration and focusing are caused by the combination of two inertial lift forces
(F) operating in opposing directions on the particles: shear induced lift force and wall-induced lift force;
besides that, due to the presence of transverse Dean flows coming from the centrifugal acceleration of
fluid flow in curved channels, particles encounter an extra lateral Dean drag force (F,) in curvilinear
channels, such as the DFF spiral device setting [60], [75]. In order to reach an efficient, high-resolution
size-based separation of whole blood particles, it's crucial to take advantage of the interplay between

inertial lift and Dean forces.

2511 Inertial lift forces

The interaction of two dominant inertial lift forces, the shear gradient induced lift force pushing
particles in the medium away from the channel centre and the wall induced lift force repelling particles
away from the wall, was found to be the cause of this unusual particle lateral migration effect. Besides
these forces, it's also important to note that the Stoke's drag force in secondary lateral flow is another
crucial factor to consider [41].

For a particle flowing near the channel wall, the Wall Induced Lift Force (Fy,.) is formed as the
contact between the particle and the channel wall causes the particle to lag behind the fluid flow;
furthermore, because of the constrained flow area between the particle and the channel wall, fluid flow
towards the top side of the particle will be accelerated as more streamlines are diverted to this side. This
results in a decreased pressure on the particle's "opposite to the wall" side, resulting in a lift force

directed away from the wall, as depicted in Figure 2.10 [41].

Figure 2.10 - Schematic illustration of the wall induced lift force experienced
by particles in inertial microfluidics, adapted from [42].
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The curvature of the parabolic velocity profile induces the shear gradient lift force, as the velocity
magnitudes on either side of the particle are distinct, as illustrated in Figure 2.11, resulting in a pressure
difference between the top and bottom sides of the particle. The shear gradient lift force (Fs; ) is generated
on the particle due to this pressure discrepancy, which pushes it towards the channel wall until it is
balanced by the wall induced lift force [41]. The net lift force acting on a particle changes depending on
where it is positioned in the microchannel, as the diverse fluid dynamics at different places in the channel
are to blame for the variance in lift patterns: the shear gradient lift force prevails at the channel's centre,

whereas the wall induced lift force is more substantial towards the channel's periphery [41].

Figure 2.11 - Schematic illustration of the shear gradient lift force experienced
by particles in inertial microfluidics, adapted from [42].

For a Poiseuille flow, Asmolov developed an analytical equation for the net lift force imposed on
a solid particle (a/Dy, << 0.1), which can be seen in Equation (11), where f (Re,, x) is the lift coefficient
which depends on the particle position within the channel (x) and the channel Reynolds number (Re,)
[76].

2

UZa*
=22 f(Ree,x) =%R,§f(Rec,x) (11)

F, =
L szl

Existing theoretical predictions are based on the "point-particle" approach, which neglects the
particle size impact; however, when the size of the particles approaches the channel diameter the
particles will alter the flow disruption [41]. Besides that, it has also been experimentally demonstrated
that the net lift force varies with the position of the particles in the microchannel [77]. As such, for a
particle of finite-size (0.05 < a/D;, < 0.2), the lift force scaling relationship varies when comparing the

area near the channel wall (Equation (12)) and the one near the centre of the channel (Equation (13)).
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Fso = —5—fsu(Rec, x) (13)
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The diverse fluid dynamics at different places in the channel are responsible for the variance in
lift forms, as the shear gradient lift force prevails at the channel's centre, whereas the wall induced lift

force is more substantial towards the channel's periphery.

2.5.1.2 Dean drag force

William Dean identified the now-called Dean vortices in curved channels in 1928, which resulted
of a mismatch in fluid momentum inside the channel cross section caused by centrifugal acceleration
acting on the fluid flow [78]. It means that, because of the parabolic flow profile, when fluid flows through
a curved channel, the fluid velocity at the centre is higher than at the edges; due to centrifugal
acceleration, the faster-moving fluid in the channel centre gains more momentum and is pushed toward
the outside wall (the concave wall) of the channel curvature along the channel midline [41]. This also
means that secondary counter-rotating flows are created to compensate for the fluid displacement due to
mass conservation and, as a result, at the top and bottom of the cross-sectional plane, two symmetrical

counter-rotating vortices develop (Dean vortices), as depicted in Figure 2.12 [41].
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Figure 2.12 - Representation of a pair of Dean vortices within a spiral channel with a rectangular cross
section, adapted from [42].

A non-dimensional Dean number (De) can be used to determine the strength of the secondary
flow (De), according to Equation (14); in this equation, Re.. is the channel Reynolds number, previously
defined in Equation (8). A large curvature ratio (6 = Dj,/2 R, where R is the average radius of curvature
of the channel) will imply a faster turn in the channel (i.e., smaller radius of curvature R) and resulting in

a stronger Dean flow [41].
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Dy,
De = Re, SR (14)

The expression of average transverse Dean velocity for a given De (Up,) may be calculated as
in Equation (15) and, as a result, assuming Stokes drag, the Dean drag force (Fp) experienced by a
particle in this flow may be calculated and stated as in Equation (16), with this force being represented

in Figure 2.13.

Up, = 1.84 X 107*Del®3 (15)

Fp = 3nulUp,a = 5.4 X 10~ *muDel%3a (16)

Figure 2.13 - Schematic illustration of the shear gradient lift force experienced
by particles in inertial microfluidics, adapted from [42].

The Dean coupled inertial migration of particles is caused by the interaction of the net inertial lift
force (F) and the Dean drag force (Fp) in spiral or curved channels. This Dean-induced lateral migration
can be defined in terms of a ""Dean cycle" (DC); for example, a particle that begins near the microchannel
outer wall and makes its way to the inner wall is considered to have completed half of a Dean cycle (DC
0.5), while returning to the original location near the channel outer wall completes a full Dean cycle (DC
1) [12]. A complete Dean cycle migration length (Z,) is approximately equal to 2w + A (where wis the
microchannel width and £ is the channel height) and thus, for a certain microchannel length, particles
may experience several DC migrations with rising flow rate conditions, while the opposite can also be
verified [12].

Lastly, Di Carlo et al. [73] introduced a critical parameter Ry (Equation (17)), the ratio of shear
gradient lift force to Dean drag force, to describe particle inertial focusing in curved channels, and it is
widely acknowledged that particle inertial focusing in microchannels requires an Ry > 0.04 (or a/Dy >

0.07) [73], [79], [8Q]. Since Ry has a substantial dependence on particle size, this constitutes the
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backbone for size-based particle separation in spiral devices, as the particle equilibrium separation can

be adjusted by manipulating these forces [41].

Fy, 1

Rr =t o —
f='F, 6D} (17)

2.6 Fabrication of DFF devices

In the design of microfluidic systems, the use of certain materials with specific properties is quite
important. One of the cornerstones of successfully creating a device with multiple microfluidic functions
is correctly selecting materials with specific qualities, such as hardness, processability, electrical
conductivity, transmittance, corrosion resistance, and biocompatibility depending on its final purpose
[13]. Generally, the optimum material for microfluidic DFF applications should be low-cost, easy to
produce, transparent, chemically inert to the substrate being tested in the device, biocompatible, have
appropriate elasticity, and allow for a rather straightforward bonding process to other surfaces [17].

The materials used in microfluidic manufacturing may be split into two categories: inorganic
materials, such as silica and glass, and polymer materials [13]. Initially, silicon and glass were generally
employed for fabrication, however its use presented many disadvantages, such as brittleness, high cost,
bonding difficulties, complex fabrication techniques and opaqueness in the case of silicon, and as such
researchers were compelled to investigate alternate materials and production methods for the fabrication
of microfluidic devices, with polymer-based microfluidic coming out as a better solution [17].

As distinguished from inorganic materials, polymer materials have the benefits of diversity,
processability, compatibility with biological and chemical reagents and suitability for mass production at
a low cost; polymer-based microfluidics also allows for a wide range of possibilities and variation by
making it possible to select appropriate materials with specified qualities in order to meet a certain
requirement, as it can be seen in Figure 2.14 [81]-[83]. Therefore, polymers have become the most
commonly used materials for microfluidics, with Polydimethylsiloxane, or simply PDMS, especially taking
the spotlight in this field of studies, thanks to its low toxicity, easy shaping, and high thermal stability and
biocompatibility [13].
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Figure 2.14 - Diagram depicting the relationship between several types of polymer materials and manufacturing
methods for polymer-based microfluidics [13].

PDMS is an elastomeric substance pioneered by George Whitesides and his Harvard group in the
late twentieth century [84]; it is a siloxane elastomer, a synthetic polymer with a dimethylsiloxane
repeating unit ((Si(CH.),0),) along its backbone, and it became the most widely used material for
microfluidic devices fabrication [85].

It's an elastomer with long chains and low glass transition and melting temperatures, which
allows for a lot of flexibility and elasticity. Since PDMS has a low shear modulus of 250 kPa, it acts like a
flexible rubber, and its flexibility may be tweaked by adjusting the monomer-to-crosslinker ratio as well as
the thickness of the manufactured device [86], [87]. Besides that, as PDMS has a high optical
transparency, it allows for real-time observation, which facilitates the study of the physical and biological
processes that take place within them [88]-[90]. It is also durable and permeable to gas, and as such
PDMS is a good material for flexible microfluidics [85], [91], [92].

Regarding the fabrication process of the spiral devices using PDMS, it is rather simple and does
not require expensive clean room facilities [71]. First a master structure has to be created, and then the
solution of PDMS base and curing agent can be poured over the mould; since PDMS has a low surface
energy, it is easily removed from the mould and flows into the mould’ features [71].

The elastomeric structure of PDMS allows it to produce a seal capable of withstanding mild fluid
pressures when placed in direct contact with another substrate [84], [93]. After this fabrication process,
the PDMS channels are usually sealed with ease by bonding it to another material, as an irreversible bond
between the two surfaces can be established when they are heated or put through a plasma treatment
of the two interfaces, with PDMS devices being frequently sealed against a glass slide [71]. Taking

advantage of the simplicity of executing this method, development of microfluidics devices became rapid
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and inexpensive. Nevertheless, there have been some concerns about the usage of PDMS in recent years,
as it has been verified that, at high pressures, the PDMS channel diameters can change due to its low
modulus of elasticity and PDMS might also absorb tiny molecules due to its vapour permeability

properties, leading to a decrease in precision [94].

2.6.1 Manufacturing Methods for PDMS-Based Microfluidics

The correct selection of manufacturing method also constitutes a fundamental part in an efficient
microfluidic system. As such, it's critical to consider the availability of technologies and equipment, as
well as the cost, speed, and fabrication capabilities (for example, the size and profile of the desired
feature), while deciding on the best suited manufacturing process [95], [96]. In the case of PDMS-based
microfluidics, soft lithography is the most indicated procedure for the fabrication of PDMS microfluidic
device [13]. This process can be divided into two stages, which are the master mould fabrication (via

photolithography, Figure 2.15 (A) and the PDMS processing (via soft lithography, Figure 2.15 (B) [13].
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Figure 2.15 - Schematic illustration of the soft lithography procedure for the fabrication of PDMS microfluidic
devices, which can be divided in two stages: (A) photolithography process and (B) soft lithography process,
adapted from [22].

For the photolithography stage, also referred to as UV lithography or optical lithography, micro
and nanostructures are patterned on a variety of surfaces, with light being used to stimulate the
polymerization reaction and to transmit geometric patterns through photomasks, as solid microstructures
are produced out of a liquid resist [13]. SU-8 is the most extensively used photoresist, as it grants excellent
thermal, chemical, and mechanical stability to the resulting lithographic structures, due to the strong
crosslinking that occurs during the UV exposure procedure [97], [98]. The various stages that constitute

the moulding fabrication procedure can be breakdown in the following steps [97], [99]-[102]:
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|.  The photosensitive thin film is either spin-coated or simply put onto the substrate, which is
typically a silicon wafer, in order to selectively etch it.

II.  With the use of a photomask, which regulates the light output that reaches certain sections of
the thin film, target patterns are formed in the substrate during UV exposure in accordance to
the photomask’s placement.

lll.  When exposed to UV light, the photoresist can be chemically to either dissolve the exposed
portions in case it is a positive photoresist or to dissolve the unexposed parts in case it is a
negative photoresist; as the SU-8 is a negative photoresist, the exposed portions of SU-8 become
stiff and intractable when exposed to radiation, whereas the nonexposed parts are removed.

IV.  The uncured photoresist is washed out afterwards, leaving just the etched pattern.

V. The master mould is subjected to a surface chemical treatment called silanization to boost the

mould’s longevity and diminish PDMS adherence to the pattern structures.

Regarding the PDMS processing stage, first the PDMS prepolymer has to be cast on the surface
of the master mould and then cured on a hot plate under vacuum conditions. After being fully cured,
holes can be punched in the wafer, as these will serve as the inlets and outlets that will be responsible
for introducing and collecting fluids in the device [13]. In the last stage, the PDMS wafer with the patterned
geometries has to be treated and bonded with a laminate film, generally a glass slide [13]. It is important
to create strong and conformal binding between the materials surfaces, with oxygen plasma activation
being the most often employed technique for irreversible bonding [103], [104]. Several plasma treatment
parameters, including power, oxygen flow, and plasma exposure time, can impact the bonding process,
and so they must be manipulated in a way that grants the ideal characteristics for the desired application
and design of the microfluidic biochip [103], [104]. Lastly, a conformal contact between the treated
surfaces of the PDMS and the laminate surface must be made in order to form the final microfluidic

device [13].
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3. NumEeRricAL METHODS

Prior to the experimental approaches, 3D models of two spiral devices were created through a CAD
software. Then the designs were transferred to the numerical software COMSOL (version 5.3). The
numerical simulations were performed to determine the optimal working conditions (i.e., device geometry,
flow rates and fluid viscosities), in order to achieve high isolation efficiency of particles or cells.

In this chapter the numerical procedures and methodology developed are presented into five
sections, one dealing with the microfluidic device geometry, followed by a breakdown of the initial
considerations regarding the numerical methods, then a section where the numerical model is detailed

and finally the numerical simulations are explained.

3.1 Microfluidic Devices Geometries

As illustrated in Figure 3.1, there are many aspects, considerations and constraints that have to
be accounted in order to design an efficient CTCs and CAMLs separation microfluidic device. The choice
of a passive technique, based in the device geometry, cells size and sample fluid (interest cells and whole
blood), lead to the development of inertial based designs with a spiral geometry comprising two inlets
and several outlets [17].

Considering the information present in section “Microfluidic lab-on-a-chip cell separation”, chapter
2, among passive separation methods, the spiral inertial technique for particle separation stands apart,
having benefits such as ease of use and greater separation resolution when compared to the other
technologies. However, cell-to-cell interactions can have a significant negative impact on cell focusing
behaviour and, as a result, separation efficiency may be affected, primarily due to the large red blood
cells (RBCs) background (45% v/v in blood, = 10° RBCs/mL) and rarity of the interest CTC and CAML
cells (7 10 - 100 CTCs and CAMLs/mL of whole blood).

The Dean flow fractioning technique (DFF) configuration is particularly fit to fulfil an efficient
separation of these large, rare cells. It has the ability to process large amounts of whole blood samples
in a short period of time (3 mL of whole blood in an hour) and to efficiently isolate the CTCs and CAMLs,
while also being simple to use and having properties that allow for a good molecular characterization.
Thus, a Dean flow fractionation (DFF) method with a double-inlet spiral geometry, will be used in this

study in order to isolate the rare and large CTCs and CAMLs from the rest of the blood cells population.
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Figure 3.1 - Aspects, considerations and constraints that have to be examined in order to design an
efficient passive microfluidic CTCs and CAMLs separation device, adapted from [19].

3.1.1 Design of the DFF devices’ geometries

The microchannel dimensions impact cell equilibrium locations, and so the spiral devices
channels had to be designed in a way that it allows only the bigger target cells to be focused towards the
inner wall, while the smaller undesirable particles end up occupying the lateral position near the outer
wall. As a result, the target cells will be separated from the rest of the working fluid due to their size and
collected via the interest cells outlets, while non-target cells end up being depleted by the waste [105]. In
order to fully understand the particle focusing dynamics in a DFF device microchannel, in Figure 3.2 it is

possible to observe a schematic illustration of this, which can be breakdown in the stages below [41]:

i.  Atthe channel's inlet, neutrally buoyant particles are spread at random.

ii.  Asevere shear gradient is formed in the vertical direction of the channel due to the asymmetrical
parabolic flow profile, with the randomly distributed particles being pushed from the streamlines
to the channel top and bottom surfaces by the dominating shear gradient lift force (F;). Near
these walls, the particles equilibrate into two broad bands as they experience opposing wall-

induced lift force (Fy ).
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vi.

A rotational-induced lift force (Fq) will then act on the particles, causing them to migrate laterally
towards the top and bottom channel walls’ centre, forming two focussed streamlines. This lift
force Fq is more significant in radially asymmetric (i.e., rectangular) channels since particles
spin in the presence of a high shear rate near the channel wall.

The secondary Dean drag force (Fp) increases as flow velocity increases, and particles begin to
move towards the inner wall region in the presence of the Dean vortices.

Finally, the equilibrium in the interplay between net inertial lift force (F;) and Dean drag force
(Fp) results in a single concentrating point, with the particles being inertially focused near the
inner sidewall region.

Larger particles (a/Dy, > 0.07, as Dy, = h in a low aspect ratio channel) will focus inertially closer
to the inner wall due to increased inertial lift (F, o< a* vs. F, o a), whereas smaller particles
will be positioned further away from it, as these different equilibrium positions are greatly
dependent on particle size (Rf ~ a?); a decrease in the lift coefficient f(Re., x), which is
dependent on particle position within the channel, can explain the phenomena of particle
migration away from the inner wall. It should be noted that, in case there is a further increase in
flow velocity, the focused particle streams will move back towards the outer wall due to increasing

Dean drag force.
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Figure 3.2 - Schematic representation of particle migration dynamics in a DFF device
microchannels. Adapted from [49].

The DFF technique is a size-based separation method and, despite both desired cells having

large sizes, CTCs and CAMLs differ in size. The particle’s size threshold was established in order to define

the microchannels’ dimensions. As CAMLs have generally a size over 25 um and CTCs’ dimensions may
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range between 12 um and 25 um, with its average dimension being closer to 20 pum, it was established
that the size-based separation would occur for particles with diameters over 20 um. This means that
some smaller CTCs may be lost during the size-based separating procedure, however that threshold will
also prevent cells like RBCs (T 8 um) and WBCs (= 7 - 12 um) from being focused in the interest
outlets.

It was also defined that two DFF devices would be used for isolation of the target cells. A device
with two outlets will separate cells that are above the proposed particle size threshold (20 um) from those
that are below (Figure 3.3 (A)), and a device with four outlets that further separates and categorizes the
separated cells over its various outlets in accordance to which cell population these belong to, namely if

they are CTCs, CAMLs or remains of RBCs and WBCs (Figure 3.3 (B)).

. Waste: RBCs
Waste: ll-lgll and other cells
concentration of <20 pm
Outlets M RBCs <20 pm (B) 4 Outlets
CTCs, CAMLs
m— and other cells
CTCs, CAMLs - >20 pm

and other cells
>20 pm

Figure 3.3 - Proposed DFF two-outlets (A) and four-outlets (B) devices for target cell isolation, which differentiate
between themselves in the number of outlets and, consequently, on how the particles are isolated and
categorized.

A functioning spiral cell sorter must feature a microfluidic channel with a proper depth to allow
inertial concentrating of only the target cells near the inner wall, while the remainder of the smaller
untargeted cells are scattered and follow the streamline away from the inner wall. Taking into account
that particle inertial focusing in microchannels requires that R¢ > 0.04 or, equivalently, that a/D, >0.07,
the target particles will achieve a tight focusing along the inner wall when satisfying a/D;, = 0.1. Thus,
for separating the interest cells (= 20 um) from the other blood cells, a spiral CTC isolator should have a
channel depth of ~150-180 um, in accordance with Warkiani et al. [40]. Thus, the two proposed DFF
devices have a depth of 170 um and are composed by a two-loop spiral channel of 500 um of width.

Warkiani et al. [40], also proposed that the channel length of the CTC isolator should be
determined following the Equation (17) for a Reynolds number of = 20 - 100, since the inertial focusing
of large particles generally occurs under these conditions. As a result, for both devices, it was defined

that the buffer inlet, placed near the inner wall, would have a channel width of 500 um, while the sample
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inlet, placed near the outer wall, would have a channel width of 75 um, with the purpose of forcing the
cells to enter the spiral channel and begin their lateral migration at a similar position, due to the small
sample intake.

The lateral position of the cells along the channel width at varied flow rates was used to define
the split design and dimensions of the channel outlets. To do that, it was necessary to determine the flow
rate range required for 20 and 35 um diameter particles, such as CTCs and CAMLs, to focus near the
inner wall, as well as the flow rate and channel length necessary for blood cells (< 12 pm) to complete
one Dean cycle. By finding a flow rate and channel length window that meets both of the above-mentioned
requirements, it was possible to determine the optimal position of the outlet split through the
measurement of the particles distribution over the channel width in several experimental trials. As a result,
for the two-outlet device the optimal position for the bifurcation is 150 pm wide for CTC collection outlet
near the inner wall (Outlet 2) and 350 um wide for waste outlet near the outer wall (Outlet 1). In regard
to the device with four outlets, the optimal position for the outlet split is 150 um wide for CTC collection
outlet near the inner wall (Outlet 4), 180 um and 210 um for Outlets 3 and 2, respectively, and 350 pm
wide for waste outlet near the outer wall (Outlet 1).

Thus, in order to the DFF microfluidic devices achieve proper separation between larger CTCs
and CAMLS (= 20 pm) and smaller blood cells, its dimensions were defined as stated on Table 3.1. After
having the dimensions determined, it was then possible to create CAD models of the DFF microfluidic
devices geometry using AufoCAD software. With the final models being presented in Figure 3.4 for the
two-outlet device, and in Figure 3.5 for the four-outlet device.

Table 3.1 - Defined dimensions for the main design features of the DFF microfluidic devices that will be used for numerical
and experimental trials.

Dimensions projected in Dimensions projected in
Design Feature the AutoCAD design (um) the AutoCAD design (um)
two-outlet device four-outlet device

Spiral channel width 500 500
Spiral channel depth 170 170
Buffer inlet channel width 500 500
Sample inlet channel width 75 75
Outlet 1 width 350 350
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Outlet 2 width 150 210
Outlet 3 width i 180
Outlet 4 width - 150

2 Outlets

Figure 3.4 - Design in AutoCAD software of the proposed two-outlet DFF device with the respective lengths of
inlets (A) and outlets (B).

4 Outlets Outlet 1
Outlet 2

Outlet 3
Outlet 4

Figure 3.5 - Design in AufoCAD software of the proposed four-outlet DFF device with the respective lengths of
inlets (A) and outlets (B).

3.2 Numerical Model

Taking into account that the objective of this study is to determine the working flow rates for an
efficient cells distribution and isolation trough the proposed DFF devices, it was used the CFD Module
from COMSOL software for the numerical modelling process. The following main steps were necessary

to perform:

|.  Defining parameters and component variables;
Il. Geometry creation, import, and manipulation;
lll.  Choosing the materials that will be used in the component;
IV.  Defining the physics of the fluid flow in domains and on boundaries (i.e., laminar flow), and

coupling that to other physics (i.e., particle tracing physics for fluid flow);
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V.  Creating a suitable mesh for the modelling domain, while taking into account the behaviour of
the fluid-flow system;
VI.  Solving the equations that explain a system's behaviour, whether stationary or dynamic;

VII.  Gathering and evaluating results.

3.2.1 Initial conditions

To successfully run the simulations, it was necessary to define the properties that would influence
the model, like the particles characteristics and the fluid that would flow inside the microchannels. As
such, the parameters used to represent both the fluid and the particles are exposed in Table 3.2, for a
reference temperature of 20°C and a reference pressure of 101.325 kPa (i.e., atmospheric pressure). It
should be noted that water (H,0) was chosen as the material that would be used to flow in the device due
to its characteristics being close to those of the buffer fluid, phosphate buffered saline (PBS). PBS will be
used as sheath fluid and to dilute the whole blood sample. This was defined in the “Parameters” section,

“Global Definitions” interface and in the “Materials” section in the “Component” interface.

Table 3.2 - Parameters used in all the simulations performed within this study.

Name Description Value
dp_rbc Particle diameter: RBCs 8 um
dp_wbc Particle diameter: WBCs 12 um
dp_ctclb Particle diameter: Small CTCs 15 um
dp_ctc20 Particle diameter: Large CTCs 20 um
dp_caml Particle diameter: CAMLs 35 um
rho_rbc Particle density: RBCs 1130 kg/m¢
rho_wbc Particle density: WBCs 1080 kg/m?
rho_ctc Particle density: CTCs 1050 kg/m¢
rho_caml Particle density: CAMLs 1050 kg/m?
rho_h20 Fluid density: Water 998.23 kg/m?
mu_h20 Fluid dynamic viscosity: Water 0.001003 Pa-s
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In regard to the models geometries, after having already created the CAD models using AufoCAD,
both geometries were then imported to COMSOL, in order to study the fluid flow and particles sorting, as

can be seen in Figure 3.6.

Figure 3.6 - 2D geometry imported to COMSOL of both two-outlet and four-outlet DFF devices that will
be used to numerically study fluid flow behaviour and particles distribution.

Since a 2D geometry does not account for the channel depth, a 2D model was not used for this
specific study, as the channel depth constitutes an essential variable that deeply impacts the fluid flow
and particle sorting behaviour. As such, in order to the inertial focusing take effect and to obtain faithful
results, the CAD models were imported into a 3D space dimension. The devices’ surface geometries had
to be extruded, with the extrusion size correspondent to the channel depth (170 um). The extruded

version of the four-outlet device geometry can be seen in Figure 3.7.

Figure 3.7 - 3D model of the proposed four-outlet DFF device with a channel
depth of 170 pum, which was achieved by extruding the CAD geometry in the
“Geometry” interface of COMSOL.
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The “Single-Phase Flow” branch included in the CFD Module has a number of subbranches with
physics interfaces that describe different types of single-phase fluid flow. One or more of these physics’
interfaces can be used, either singularly or in combination with other physics interfaces for mass transport
and heat transfer, for example. In the case of this study, there were two physics’ interfaces that were
selected in order to model the fluid flow and particle sorting behaviour in the proposed devices: the

“Laminar Flow” interface and the “Particle tracing for fluid flow”.

3.2.2 Laminar flow

The “Laminar Flow” physics on COMSOL are used to compute the velocity and pressure fields
for the flow of a single-phase fluid in the laminar flow regime (i.e., small to intermediate Reynolds
numbers). A flow remains laminar if the Reynolds number is below a certain critical value (Re. = 2040),
as disturbances have a tendency to grow and cause transition to turbulence at higher Reynolds numbers.
As pointed out in section “Flow characteristics”, chapter 2, in microfluidics Re. is often less than 100 due
to the narrow channel diameters, thus the fluid flow in these numerical models was considered entirely laminar
and the “Laminar Flow” interface was used. The equations solved by this physics interface are the Navier-
Stokes equations for conservation of momentum (Equation (6)) and the continuity equation for
conservation of mass (Equation (1)), and the “Laminar Flow" interface can be used for stationery and
time-dependent analyses.

Blood constitutes a steady, incompressible fluid (Vu=0). When the “Incompressible flow” option
is selected on COMSOL, the incompressible form of the Navier-Stokes and continuity equations is applied.
For this study, a low Reynolds number was considered thus the inertial terms in the Navier-Stokes
equations were neglected.

For the discretization of fluids, the default discretization for “Laminar Flow” interface is P1+P1
elements, which means linear elements for both velocity components and pressure field. However, some
higher order interpolations are also available in order to obtain high accuracy for flows with low Reynolds
numbers. As a result, the used discretization of fluids was P3+P3 elements (i.e., third order elements for
the velocity components and third order elements for the pressure field), as it allowed to obtain more
accurate results, namely in what regards to the particles trajectories, as a lower-level discretization
resulted in some elements taking a neutral path near the outer wall throughout the entire device.

Lastly, fluid flow with varying flow rates and no slip boundary conditions (= 0m/s close to the

wall) were applied at the channel inlets and channel wall boundaries respectively. At the outlets, the
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pressure was set to zero with no viscous stress on the boundary, which influences the flow behaviour and

dictates that it should exit via these outlets.

3.2.3 Particle tracing for fluid flow

Dean migration of the fluid elements across the inner and outer wall regions of the devices was
obtained using the “Particle Tracing for Fluid Flow” functionality in the COMSOL software.

The trajectory of particles in a fluid may be computed using this interface, which allows the
combination of the laminar flow physics with the particle tracing module for computing the flow fields that
drive particle motion. For each particle, an ordinary differential equation is solved for each component of
the position vector, which means that for each particle in 3D, three ordinary differential equations must
be solved. The forces operating on each particle are obtained from the computed fields at the current
particle position at each time step, with the particle position being then updated and the procedure being
repeated until the simulation's specified end time is achieved. The Particle Tracing interfaces on COMSOL
may be used to represent particle motion in laminar flow systems, such as the one under study

In this study particles were considered to have mass, having their movement governed by the
Newtonian formulations from classical mechanics. The boundary conditions were imposed on the
particles on the surfaces of the geometry in a way that allowed particles to bounce in the channel walls
and to freeze in the channel outlets. The particles were uniformly released into the system on a given
boundary, which in this case were the channel inlets. To properly emulate the whole blood sample
characteristics, it was necessary to guarantee a large RBCs background, as well as to assure the rarity of
the cancer cells; to do that, it was defined that a specific number of particles that inherit the whole blood
cells’ diameter and density would be used in the simulations, with these cell-like particles being introduced
into the device via the sample channel inlet (i.e., outer inlet). As such, their initial position was set as
“Projected plane grid” and the number of particles per release was set to 30 for the RBCs-like particles,
12 for the WBCs-like particles, 4 for the CTCs-like particles and 4 for the CAMLs-like particles, which met
the above-mentioned requirements and did not demand an extreme number of computational resources.

In regards to the inertial forces that will act on the model, the drag force and the lift force were
applied, as these play an essential role in the particle focusing dynamics. Two wall induced lift forces had
to be used in this study, with one of them being responsible for the up and down parallel boundaries,
while the other was tasked with the sidewalls' parallel boundaries. For example, in Figure 3.8 it is possible
to observe the sidewalls’ parallel boundaries of the inner wall (in colour orange) and of the outer wall (in

colour pink).
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Figure 3.8 - Sidewalls’ parallel boundaries of the inner wall (in colour orange) and
of the outer wall (in colour pink), which influence the wall induced lift force.

3.2.4 Mesh properties

Creating an appropriate mesh for the Finite Element Analysis (FEA) simulations is an important
aspect of the simulation process, and it is critical for getting representative results, but the need of high
computing power should be taken into consideration.

The mesh used in a fluid flow simulation is determined by the fluid flow model and the simulation's
accuracy requirements. There can be cases in which the requirement of accuracy in the results can limit
the maximum element size, as a fine element grants results with more precision, and other where the
results do not need to be highly precise but in which the fluid flow model may require a fine resolution in
order to converge. In order to cover these different mesh needs, there are a number of different mesh
types and meshing strategies for fluid flow modeling in COMSOL.

For most types of geometries, unstructured meshes that are generated via free-meshing methods
can be used, as the highly automated mesh-generating algorithms can frequently produce a mesh that
covers all of the geometry. For the proposed 3D DFF devices, the default COMSOL's physics-controlled
unstructured mesh with coarse element size presented a reasonable average element quality to perform
the simulations and the computational demands were not too substantial. For these conditions, using the
four-outlet DFF model, there was a number of mesh elements of 92803, with the maximum element size
being 236 um and the minimum element size being 70.9 um; all the mesh properties can be observed
in Table 3.3. In Figure 3.9 it is possible to observe the mesh configuration for the proposed four-outlet

DFF device, especially the outlets area.
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Table 3.3 — Mesh conditions for the four-outlet DFF model.

Mesh Properties Value
Number of elements 92803
Minimum element quality 0.065
Average element quality 0.5192
Element volume ratio 0.001559
Mesh volume 1.148E10 um?

Figure 3.9 - Mesh configuration for the proposed four-outlet DFF device. Detailed view of the
outlets region.

3.3 Numerical Simulations

In order to determine the fluid flow and particles distribution behaviour in the proposed DFF
devices, two studies had to be executed, namely a stationary domain study step to solve the modelled
fluid flow, and a time-dependent study based on the solutions obtained from the stationary one, in order
to retrieve the particles trajectories under the influence of both drag and lift forces.

In regard to the stationary study (“Stationary” study interface on COMSOL), this was performed
by solving the “Laminar Flow” physics interface that had been set up earlier. As a result, the velocities
fields that take place on the device’s channels were obtained, making it possible to observe and determine
the flow velocity in the various regions of the microchannel. This allowed to obtain information and graphs
about the velocity magnitude that is verified in various points and planes of the microchannels, as shown

in Figure 3.10 for the inlet are of the four-outlet DFF model.

46



Chapter 3. Numerical Methods

Slice: Velocity magnitude (m/s)

Figure 3.10 - Example of the velocity magnitude graphs that can be obtained by performing a
stationary study in COMSOL using the proposed four-outlet DFF model.

Finally, the time-dependent study (“Time Dependent” study interface on COMSOL) was
performed by solving the “Particle Tracing for Fluid Flow" physics interface. In order to perform this study,
its variables had to be based on the solutions obtained in the stationary study, thus using the computed
velocity field obtained in the first study to generate plots of the estimated particles trajectories along the

microchannels, as shown in Figure 3.11 for the four-outlet DFF model.
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Figure 3.11 - Example of the particle trajectories graphs that can be obtained by performing a time dependent study in
COMSOL using the proposed four-outlet DFF model.

3.4 Data Treatment

With the numerical simulations solved, the last stage of the numerical procedures consisted on the
post-processing of all the information and data that was possible to retrieve from the studied model.
The information was obtained via the “Results” interface of COMSOL with data regarding the

velocity fields and the particle trajectories (Figure 3.10, Figure 3.11Figure 3.11). Besides that, in order
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to be able to determine the separation efficiency of the numerical models, using COMSOL it was possible
to determine how many particles follow through each outlet, while also being able to distinguish the
different types of particles in accordance to their size.

This data was then treated with the purpose of calculating the particles separation efficiency for
both two-outlet and four-outlet DFF models. Various sample and buffer flow rates were used, multiple
simulations were run using both models and, as a result, several velocity and particles distribution results
were obtained. In order to determine which setting granted the best outcome (i.e., most particles

separation efficiency), it was also necessary to perform a comparison between all the results obtained.
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4, EXPERIMENTAL SETUP AND PROCEDURES

This chapter describes and explains the experimental procedures and relevant stages to perform
all the experiments in order to evaluate the microfluidic devices and the final microfluidic system for the
isolation of CTCs and CAMLs from blood samples. Thus, the chapter explained in detail the following

stages of the experimental procedures:

e Microfluidic devices fabrication;

e Microfluidic devices priming;

e Microfluidic setup and experimental tests;
e Working fluid preparation and handling;

e Sample processing;

e Cell counting process and data treatment.

4.1 Microfluidic Devices Fabrication

The two devices designs described in section “Design of the DFF devices geometries”, chapter
3, were fabricated by replica mould, i.e., manufactured by soft lithography. The respective master mould
was obtained by photolithography technique. Regarding the master mould processing, this was done in
a clean room facility, where a thin layer of the photoresist AZP4110 (indicated for high device depths)
was spin-coated onto the silicon (Si) wafer. The devices designs were then transferred to the wafer by
direct UV exposure using a Direct Write Laser Lithography machine, as seen in Figure 4.1. After the wafer
pattern steps of resits development, etching and optical inspections were performed until the desired
depth of the devices (170 um), and respective final master mould, was obtained. Wafer dicing using the
Automatic Dicing Saw machine was also performed, with the purpose of having a better handling of the
wafer when performing (PDMS) replica devices fabrication. After this stage, the moulds were silanized
with some droplets of trichlorosilane (tridecofluoro-1, 2, 2 tetrahydrooctyl-1-trichlorosilane) (97%, Sigma
Aldrich) during a period of twenty minutes, in order to increase its lifespan and aid in the posterior PDMS

detachment stage.
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Figure 4.1 - Devices design being transferred to the wafer by photolithography.

In regards to the microfluidic devices fabrication, this should take place in a clean, lab
environment, with most of the necessary procedures being done over a laboratory workbench. First, the
PDMS (Sylgard 184 Silicon Elastomer kit, Dow Corning) mixture was performed by properly mixing the
base and the curing agent at the ratio of 10:1 (w/w). The base-cure agent ratio must be thoroughly
respected in order to guarantee that the PDMS chip has the intended characteristics. Both were mixed
vigorously in a reservoir until the mixture present a white appearance. Then it was degassed using a
vacuum desiccator and a vacuum pump, in order to remove all the created bubbles (Figure 4.2 (l)). The
PDMS was cast over the Petri dish with the master mould in it and posteriorly, to achieve proper PDMS
casting conditions, it was again degassed in the vacuum desiccator. After all air bubbles being released
from the PDMS, the Petri dish was placed in the oven for PDMS polymerization at 65 °C for two hours
(Figure 4.2 (11)).

Following that, the PDMS was carefully unmoulded using a sharp blade and spatulas, which
requires extreme caution since a mishandle of the blade can cause the wafer to get cut or cracked, which
might negatively impact the cell separation process, as well as damage the master mould (Figure 4.2
(). Both devices’ inlets and outlets holes were made in the appropriate locations using a 1.5 mm
puncher (Kai Medical). The PDMS devices replicas were cleaned with scotch tape in order to remove any
PDMS debris and to ensure the proper bounding (Figure 4.2 (IV)). Afterward, irreversible bounding was
achieved through surface activation of clean glass slides and PDMS replicas by an exposure to an oxygen
plasma environment inside the chamber of a plasma cleaner (Harrick Plasma) (Figure 4.2 (V)). Finally,
the bounding surfaces of glass slide and PDMS replica were brought into contact and, to reinforce the
bounding, the devices were again placed in the oven at 65°C for thirty minutes. The various stages of

the microfluidic devices’ fabrication procedure can be observed in Figure 4.2.
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(V)

Figure 4.2 - Microfluidic devices' fabrication procedure: (I) PDMS mixture process, (ll) PDMS casting over the Petri
dish with the master mould and PDMS polymerization in the oven at 65 °C for two hours, (Ill) detachment of the
PDMS replica from the Petri dish with the master mould, (IV) punching of inlet and outlet holes in the PDMS wafer,
(V) bonding of the PDMS wafer and glass slide surfaces.
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4.2 Microfluidic Devices Priming and Tubing

After having the PDMS devices permanently bonded to the slide glass, all inlets and outlets were
connected with 1.5-mm-diameter EVA plastic tubing with 25 cm of length and syringe tips on the other
end of the tubing, in order to connect the devices to the syringe pumps and to the outlets reservoirs.
Following, passivation must be done with the new microfluidic devices, in order to reduce the sample
clinging to the devices' walls. Thus, a filtered sample of Pluronic F-127 (Sigma Aldrich) at 1% (w/v) in
phosphate buffer saline (PBS) was run inside the spiral chip at a flow rate of 250 uL/min for around five
minutes, in order to get rid of persisting air bubbles within the system and to guarantee that the device’'s
channels are hydrophobic, as can be seen in Figure 4.3. The microfluidic systems were then sterilized
with 70% (vol/vol) ethanol at a flow rate of 500 pL/min. In order to remove some ethanol waste and the
remaining air bubbles, a 60 mL syringe was loaded with sterile and filtered PBS, and a final washing run

in the microfluidic system was performed at 500 pL/min.

Figure 4.3 - Pumping of a filtered sample of Pluronic F-127 (Sigma Aldrich) at 1% (w/v) in PBS to the spiral chip
at a flow rate of 250 pL/min for around five minutes, in order to get rid of persisting air bubbles within the
system and to guarantee that the device's channels are hydrophobic.

4.3 Microfluidic Setup and Experimental Tests

The experimental setup (Figure 4.4) needed to test both two-outlet and four-outlet devices
comprises two syringe pumps, calibrated accordingly to the brand and volume of the used syringes, with
one being connected to the sample intake (outer inlet) and the other connected to the sheath buffer intake
(inner inlet). In regard to the outlets of the devices, these were connected to sterile 15 mL falcon tubes

with the purpose of collecting the recovered samples and, posteriorly, counting the cells in them.
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Figure 4.4 - Setup of the microfluidic system, with the syringes (B - buffer syringe, D - sample syringe) properly
mounted on the syringe pumps (A and C), the tubing connected to the inlets and outlets of the biochip (E), and the
sample collection conical tubes (F) set to receive the microchannels’ outputs.

In case of the two-outlet microfluidic device, its outlet 1 (the outlet most distant from the centre
of the device) is classified as “waste”, as the non-interest cells and the largest volume of the inlet sample
comes through it. Oppositely, the outlet 2 recovered samples are considered as the interest collection,
which means that these are the interest cells that were focused next to the inner wall of the device.
Regarding the four-outlet microfluidic device, it is comprised of the same inlet configuration, however four
outlets were designed in order to efficiently isolate and categorize the cells by size. The outlet 1 is also
considered as “waste”, while the other outlets (2, 3 and 4) are the interest ones.

Cell isolation experiments will be performed in the two microfluidic devices that were developed
and numerical tested under several conditions and with different samples. The set of experiments are

organized as follow:

A. Flow rates optimization for both devices tested individually for a threshold size of 20 pm
(Figure 4.5).
» Two-outlet device and four-outlet device run separately;
» This experiment was performed using a single sample composition, of a cell

suspension of both DU-145 and giant cells (orange) in diluted whole blood.
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Figure 4.5 - Schematic representation of the experiments (A), as DU-145 and giant
cells were suspended in diluted blood and run separately in the two-outlet and in
the four-outlet devices, with the cells isolated in each outlet being counted under

fluorescence microscope.

B. With the optimal flow rate, the devices were tested in sequence with different cells size
and different cells number per sample to determine rare cells isolation efficiency (Figure
4.6).

» Two-outlet device and four-outlet device in sequence, with intermediate
centrifugation step.

» Prostate cancer cell line DU-145 and /n vitro generated giant cells at cell number
of 100, 500, 1000 and 2000 were suspended in diluted blood samples;

» This experiment was performed using three different sample compositions: cell
suspension of DU-145 (yellow), cell suspension of giant cells (green) and cell

suspension with both DU-145 and giant cells (orange).

50, 100,1000, 2000

Giants L interest cells .| Sampleisruninthe
o suspended in two-outlet device
DU-145 and Giants B> diluted blood

\ 4

Counting under . . Recovery of outlet 2,
microfluidic — Sample i run in t - centrifugation, pellet

. four-outlet device '
microscope re-suspended in PBS

Figure 4.6 - Schematic representation of the experiments (B), as 50, 100, 1000 and 2000
DU-145 or/and giant cells suspended in diluted blood were run into both two-outlet and
four-outlet devices, with an intermediate centrifugation stage, with the cells isolated in each
outlet being counted under fluorescence microscope.

54



Chapter 4. Experimental setup and procedures

C. Proof-of-concept of the proposed microfluidic system, using a cell suspension analogous
to the pathological samples (Figure 4.7).
» Two-outlet device and four-outlet device in sequence, with intermediate
centrifugation step;
» Prostate cancer cell line PC-3 and /n vitro generated giant cells at cell number

of 100 were suspended in diluted blood samples;

100 interest cells sample is run in the
suspended in P

PC-3 and Giants 3> .
diluted blood two-outlet device

\ 4

\ 4

Cou_ntmg L_ln.der Sample is run in the Recoyery o_f outlet 2,
microfluidic < . < centrifugation, pellet

. four-outlet device ’
microscope re-suspended in PBS

Figure 4.7 - Schematic representation of the experiments (C), as 100 PC-3 cells and giant
cells suspended in diluted blood were run into both two-outlet and four-outlet devices, with
an intermediate centrifugation stage, with the cells isolated in each outlet being counted
under fluorescence microscope.

4.4 Working Fluid Preparation and Handling

In order to be able to successfully run the experiment, the working fluid must first be prepared.
As such, it is necessary to have a sample fluid with characteristics that resemble those of a pathological
sample, allowing it to have a close behaviour in action, and thus its constituents must be thus carefully
selected. For this study, with the goal of having a reliable sample, a suspension of prostate cancer cell

lines, /n vitro generated giant cells and healthy blood samples were used, as seen in Figure 4.8.

Figure 4.8 - For this study, a reliable sample consisted on a suspension of prostate cancer cell
lines (B), /n vitro generated giant cells (C) and healthy blood samples (A) was used, as their
combination has characteristics that resemble those of a pathological sample.
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The prostate cancer cells lines, respectively DU-145 and PC-3, were properly cultured with
supplemented medium with 10% (v/v) fetal bovine serum and 1% of penicillin-streptomycin. Cells were
maintained at 37 °C in an atmosphere of 5 % CO, until confluence. These cells, were obtained from
Leibniz Institute DSMZ-German Collection of Microorganisms and Cell Cultures Gmb (Germany), went
through a testing and authentication process, as cells were monitored by microscopy and tested for
mycoplasma contamination. The mean diameter of the DU-145 cells (pictured in Figure 4.9 (A)) was
about 18 £+ 3 um, while the PC-3 cells (pictured in Figure 4.9 (B)) had a mean diameter of 22 + 3.4 um,

both in suspension.

Figure 4.9 - DU-145 cells (A) and PC-3 cells (B) observed via a
microscope. Objective lens of 20x.

To generate the giant cells (depicted in Figure 4.10), i.e. in vifro differentiation of healthy human
monocytes, healthy blood samples from Hospital of Braga were collected for monocytes isolation using a
density gradient method. Briefly, a RosetteSep™ human monocyte enrichment cocktail kit (StemCell,
Cambridge, MA) and a Histopaque-1077 (Sigma-Aldrich) density gradient medium were used to isolate a
monocyte-enriched layer from blood. Then, the monocytes were seeded in a 24-well culture plate
supplemented with a RPMI medium with 25% fetal bovine serum (FBS) and 1% penicillin, and
differentiated for ten days in an environment with a combination of hM-CSF (50ng/mL) + IFN-y
(I00U/mL) + IL-3 (10ng/mL) cytokines. After the culture processes, giant cells were removed using a
cell scraper and collected for subsequent microfluidic studies. The size of the generated giant cells was

evaluated through the use of /magen./ software, and its mean size in suspension was about 34.8 £ 7.9

pm.
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Figure 4.10 - Giant cells observed via an electronic inverted
fluorescence microscope. Objective lens of 20x.

With the purpose of being able to better distinguish the cells during the cell counting process,
before proceeding to sample fluid preparation, the cancer and giant cells have to go through a staining
procedure, with nuclei or viability markers (DAPI, Img/mL and Calcein-AM, 12.5 ug/mL, respectively,
Sigma Aldrich), which will allow to execute a proper evaluation of the separation efficiency of the devices.

The working fluids were properly prepared by diluting healthy blood samples 2.5x and by adding
the respective number of cancer cell lines suspension, with the final result being a sample fluid such as
the one depicted in Figure 4.11. A total sample volume of 3 mL was used to perform each experimental

test, as well as 60 mL of sheath buffer (PBS).

Figure 4.11 - Sample fluid consisting on a suspension of diluted healthy
blood and a certain number of cancer cell lines suspension.

4.5 Sample Processing

To run the experiment, a 60 mL syringe filled with running buffer (PBS) is connected to the sheath
inlet of the spiral chip. This buffer will play a role in the cell focusing process, as it contributes to forcing
the different cells to move to certain areas of the microchannels and, thus, to different outlets in

accordance to their dimensions. A 5 mL syringe containing the working fluid is loaded into a second
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syringe pump, having its flow rate set in accordance to predetermined data. This syringe pump must be
put in a vertical position, as presented in Figure 4.12, in order to prevent sample sedimentation. The
syringe must be at roughly the same height as the rest of the system to achieve consistent pressure

conditions throughout the entire experiment.

Figure 4.12 - 5 mL syringe containing the working fluid loaded into a syringe pump
and connected to the biochip using tubing and a precision tip.

The prepared sample and buffer (PBS) were injected into the microfluidic devices at different flow
rates, with the working fluid being pumped in either at 100 or 200 pL/min, and with the buffer fluid being
pushed into the device at either 800, 1000, or 1200 pL/min in case the biochip had two inlets and two
outlets, and at either 500, 600, 800, 1000, or 1200 uL/min in case the biochip had two inlets and four
outlets. After the sample pumping is finished and the cells are properly separated, exemplified in Figure
4.13, the buffer is kept being pumped into the system for a few minutes in order to clean the device and

to remove any remaining sample fluid that may be contained therein.

Figure 4.13 - Differentiated fluids collected in outlets 1 to 4 (from left to right, respectively) in
one of the experimental runs performed with the four-outlet device.
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4.6 Cell Counting Process and Data Treatment

The fluid samples collected from the devices’ outlets are then counted and evaluated. First, a
centrifugation process at 1200 rpm for 50 minutes at room temperature was performed (Figure 4.14
(A)), with the resulting pellet (Figure 4.14 (B)), which contains the interest cancer cells, being re-
suspended in PBS for sample evaluation under microscope. The re-suspended samples were seeded in
a 96 well plate and, via fluorescence visualization using an electronic inverted fluorescence microscope,
the isolated cells were characterized and counted (Figure 4.14 (C)). A control sample of the inlet was also

performed.

Figure 4.14 - Parts of the cell counting process, namely the centrifugation of the collected fluid samples (A), the pellet
containing the interest cancer cells (B), and the characterization and counting of the isolated cells using an electronic
inverted fluorescence microscope (C).

In order to evaluate the experimental efficiency of the microfluidic system, the results obtained and
the data taken from the experimental trials has to be thoroughly analysed. As such, for the experiment
described above, the isolation efficiency, i.e. recovery rate, and the depletion were quantified in

accordance with Equations (18) e (19), respectively.

n? of isolated cells

Isolation efficiency (%) = 19 of cells in inlet (18)

) n° of cells in inlet — n° of isolated cells
Depletion (%) = n° of cells in inlet * 100 (19)
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5. RESULTS AND DISCUSSION

This chapter summarises the key findings of this dissertation trough numerical approaches and
experimental assays. Some brief considerations about the proposed DFF devices properties and
procedures are described, then the numerical and flow rates optimization process is detailed. The
fabrication of the PDMS devices was also discussed, and the final microfluidic system proposed for the

isolation of CTC and CAMLs was tested, with its results being presented and discussed.

5.1 DFF Devices Design

As defined previously two DFF devices were developed in order to perform rare blood cells
separation. Both devices design consisting of a two-loop spiral microchannel, which has a width of 500
um and a depth of 170 um, in order to allow inertial focusing of the target cells (i.e., diameter over 20
um) near the inner wall, while the remainder of the smaller untargeted cells are scattered and follow the
streamline away from the inner wall.

The proposed geometries have been designed with two inlets for sample and buffer intake (with
a width of 170 um and 500 pum, respectively). Both devices differentiate between themselves at the
region of the outlets. In the device with a two-outlet configuration, the outlet channel width is 350 and
150 um, for outlet 1 and 2 respectively, and in the device of four-outlet configuration the outlet channel
width is 350, 210, 180 and 150 um, for outlet 1, 2, 3 and 4 respectively. In both devices, the working
principal focuses the interest cells into the inner outlets, as a result of the channel dimensions, geometry
design and flow rates ratio between the sample and buffer inlet. A description of the main dimensions
was already presented in Table 3.1, section “Design of the DFF devices’ geometries”, chapter 3, for both

DFF devices.

5.2 Numerical Simulations

With the devices' geometry defined, it was numerically tested and flow rates optimization
performed for both DFF devices. First a numerical flow rates optimization procedure was developed and,

based on the results obtained, an experimental flow rates optimization procedure was also performed.
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5.2.1 Numerical flow rates optimization

According to the work of Hou et al. [12], for a close design of DFF devices the optimal flow rate
ratio between the sample fluid and the buffer fluid is one to nine, respectively [12]. As such, it was defined
that for both devices models the sample inlet fluid would be tested at flow rates of 100 or 200 pL/min,
while the buffer inlet fluid would be tested at flow rates of 600, 800, 1000 and 1200 uL/min. These
numerical experiences were performed using the particle properties for RBCs, WBCs, large CTCs and
CAMLs described in Table 3.2, section “Design of the DFF devices’ geometries”, chapter 3.

Regarding the model of the two-outlet device, a total isolation in outlet 2 of the particles with sizes
over 20 um was achieved for the flow rates of 100/1000 pL/min and 200/800 uL/min, respectively
sample/buffer. With that flow rates the cells with dimensions under 20 um are all depleted in outlet 1.
In regards to the other combinations of sample and buffer flow rate, some of them resulted in a decrease
in the isolation efficiency of the interest cells (200/600 uL/min and 100/800 uL/min), and an increase
of contamination with non-desired particles (< 20 um) in the interest outlet was also verified for the flow
rates of 100/1200 pL/min and 200/1000 uL/min (Figure 5.1). Thus, for the two-outlet device model,
the flow rates of 100/1000 pL/min and 200/800 uL/min were considered the optimal values.

100 - -

Cells > 20 pm:
Isolation Efficiency

- = Sepeton |
40
20- H

0- in

Sample/Buffer Flow Rates (UL/min)

(=]
o
1

Isolation Efficiency / Depletion (%)

Figure 5.1 - Average numerical isolation efficiency of cells > 20 um and depletion of
cells <20 pm obtained for the two-outlet device model using different flow rates of
sample/buffer ratio.

In case of the four-outlet device model, only with the sample flow rate of 100 uL/min and a buffer
flow rate of 800 uL/min, it was possible to achieve a proper isolation of the interest cells in the inner
outlets (outlets 3 and 4, respectively CAMLs and CTCs) and a depletion of the other cells in the outer
outlets (outlets 1 and 2). For all the other flow rate combinations (100/1000 uL/min, 100/1200 uL/min,
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200/600 uL/min, 200/800 uL/min and 200/1000 uL/min), a contamination of the inner outlets with
particles with a size under 20 um was verified, with total contamination of the interest outlets being
verified for the 100/1200 uL/min flow rate ratio (Figure 5.2). Thus, the flow rates of 100/800 uL/min
were considered the optimal values for the four-outlet device model, and in Figure 5.3 it is possible to

visualize the different particles separated over the four-outlet device model outlets.
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Figure 5.2 - Average numerical isolation efficiency of cells > 20 um and depletion of
cells < 20 pm obtained for the four-outlet device model using different flow rates of
sample/buffer ratio.
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Figure 5.3 - Cells > 20 um (red and green, CAMLs and CTCs, respectively) pm
isolated in the inner outlets of a four-outlet device after the execution of a numerical
simulation on COMSOL using a flow rate ratio of 100/800 uL/min.
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The velocity magnitudes in the plane XY and in the plane YZ can be seen in Figure 5.4 for the
two-outlet device and in Figure 5.5 for the four-outlet device. The highest velocities in the two-outlet device
are registered in the outer outlet microchannel, while in the four-outlet device model it is observed

throughout the centre of the device model main channel.
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Figure 5.4 - Velocity magnitude graphs obtained in COMSOL for the XY and YZ planes of
the two-outlet device.
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Figure 5.5 - Velocity magnitude graphs obtained in COMSOL for the XY and YZ planes
of the four-outlet device model.

5.3 DFF Devices Fabrication and Working Principal

With the devices’ geometry determined and optimized, it was then possible to proceed to the
master mould fabrication, which subsequently led to the PDMS device replicas production. As described
in the section “Microfluidic Devices Fabrication”, chapter 4, the master mould of the devices was
fabricated by photolithography and, in order to be able to reproduce the results obtained numerically

achieve in the experimental trials, the efficiency that was obtained in the numerical simulations, it was
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fundamental to verify if the design features dimensions of the fabricated PDMS wafers matched those of
the proposed geometries defined on AufoCAD. Thus, the wafers with the designs patterned were
measured by using a microscope, with especial attention paid to the PDMS replicas depth, as the correct
depth of 170 um is a fundamental parameter in the separation process. All projected and real dimensions
are virtually similar for both devices’ replicas, as disclosed in Table 5.1, including the PDMS device
channel depth.

Table 5.1 - Comparison between the design features dimensions of the fabricated wafers and the PDMS devices depth of the
proposed geometries defined on AutoCAD for both devices.

Two-outlet Device Four-outlet Device
Dlnjen5|or.15 Pattern designs D|njen5|or?s Pattern designs
Design Featur projected in measurements brojected in measurements
esign Feature 1 ihe AutoCAD design ) the AutoCAD )
(um) " design (um) M
Spiral channel width 500 499 500 499
Spiral channel depth 170 169.8 170 170.2
Buffer |n!et channel 500 500 500 499 2
width
Sample |r?let channel 75 748 75 245
width
Outlet 1 width 350 351 350 350
Outlet 2 width 150 149.5 210 209
Outlet 3 width - - 180 179
Outlet 4 width - - 150 149.8

Prior to the beginning of the experimental trials, simple tests with rigid polymethylmethacrylate
(PMMA) particles were performed to ensure that the devices’ working principal was occurring, i.e. isolating
the interest cells to the desired outlets. In order to do so, a sample of PMMA microparticles suspended
in dextran 40 (Dx 40) was processed in the devices (Figure 5.6). PMMA microparticles (pow= 1200
kg/m?) with dimensions of 6 pm, 10 um, 20 um and 60 pm were used, with the concentration for the 6

pm, 10 um and 20 um particles being 2% (w/v) and for the 60 um particles being 1% (w/v).
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Figure 5.6 - Images obtained from the recorded videos from the DFF devices. A to C for the two-outlet device (A)
stabilized and well distributed flow of the sample; B and C the larger particles been focus to the outlet 2. D to F the
four-outlet device, D the flow of stabilized and well distributed sample; E and F observation of the focusing of the
larger particles to the inner outlet. Objective lens of 20x.

The tests with the PMMA particles demonstrated that the larger ones are being focused close to
the inner wall, while smaller particles were recirculated back to the outer wall. As a result, the PDMS
devices’ design was confirmed to efficiently conduct dean flow-focusing and, thus, could be utilized with

biological samples.

5.4 Experimental Flow Rates Optimization

With the results of the numerical flow rates optimization, the same flow rates were tested
experimentally for an efficient cell separation process using the proposed DFF devices.

In regards to the particles that were used in the experimental procedures, with the purpose of
mimicking the rare cancer cells characteristics, cancer cell lines and /n vifro generated giant cells, both
with size and shape properties close to the ones of CTCs and CAMLs were used as sample working fluid.
Cell lines DU-145 and PC-3 were utilized as a substitute for the CTCs, while the giant cells were used as
a substitute for the CAMLs. According to the measurements performed by using /mage./ software, the
average cell size of DU-145 cells is 15.2 + 3.0 um (Figure 5.7 (A)). This means that these particles are
under the defined devices’ particle size threshold and, as such, it was not expected that these cells could
be efficiently retrieved and separated in the devices’ outlet 2 or 3 and 4. In spite of that, both devices
were expected to properly separate and recover in the interest outlets the great majority of giant cells,

sized 34.8 + 7.9 um (Figure 5.7 (B)), as well as most of the PC-3, sized 22.1 + 5.0 um (Figure 5.7 (C)).
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Figure 5.7 - Size distribution of (A) DU-145 cells (min = 11.008 pm, max = 21.075 um, mean = 15.1974 pum, SD =
2.954 um), (B) giant cells (min = 23.766 um, max = 58.137 um, mean = 34.821 um, SD = 7.938 um) and (C) PC-3
cells (min = 12.625 pm, max = 22.093 um, mean = 15.1974 pum, SD = 5.033 um).

Thus, for the flow rates optimization, a cell suspension of /n7 vifro generated giant cells and cell
line DU-145 in diluted whole blood was used to evaluate the isolation efficiency of each PDMS device,
and injected into the devices at flow rates of 100 or 200 pL/min. The buffer or sheath fluid (PBS) flow
rates injection would be 800, 1000 and 1200 pL/min for the two-outlet device, while for the four-outlet
device the flow rates tested would be of 600, 800, 1000 uL/min, the same values used in the numerical
simulations. This procedure corresponds to the set of experiments A that was introduced in section
“Microfluidic Setup and Experimental Tests”, chapter 4, and is represented in Figure 4.5.

In regard to the two-outlet DFF device, with the sample fluid being pumped at 100 yL/min and
by changing the buffer fluid flow rate, the best separation efficiency results were achieved for the 1000
uL/min (buffer), with a recovery efficiency of the giant cells of 92.80% and 11.90% for the DU-145 cells,
which corresponds to a depletion of 88.10% (Figure 5.8). From these results, it's possible to verify that
the separation efficiency was very low for the DU-145 cells, as these cells have smaller size in relation to

the imposed threshold of 20 um and, thus, they were mostly discarded through the waste, outlet 1.
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Figure 5.8 - Average isolation efficiency of cells > 20 pum (giant cells suspended into PBS)
and depletion of cells < 20 um (DU-145 cells suspended into PBS) obtained for the two-
outlet device using different flow rates of sample/buffer ratio. Results are displayed as
Mean + SD of 3 independent experiments.

A substantial decrease in cell recovery for particles with dimensions larger than the size cut-off is
observed when the buffer flow rate was raised to 1200 uL. This may indicate the presence of an instable
flow inside the devices, which causes instability in the cell focusing process. As a result, a decrease in
the isolation of cells with dimensions above 20 um was also verified, as well as an increase of DU-145
cells recovery through the outlet 2. If instead there is an increase of the sample fluid flow rate to 200
uL/min, there is a substantial increase in the recovery of cells under than 20 um, which leads to an
increasing of recovered sample contamination with other blood cells population (RBCs and WBCs). As
such, taking into account that the best giant cells separation efficiency was obtained for the flow rates
pairing of 100/1000 uL/min, then these are the optimum values for the two-outlet device. These results
confirm the ones obtained numerically for the two-outlet device.

Similar conclusions were also reached for the four-outlet device, as again the optimum
performance for the DFF device is achieved by employing a flow rate ratio of 100/1000 uL/min for
sample and buffer, respectively. In this device, for an efficient separation process, the interest cells with
dimensions above 20 um (i.e., giant cells) should be collected in either outlet 2, 3 or 4, with the smaller,
non-interest cells (i.e., DU-145) being collected in outlet 1. As observed in the Figure 5.9, 93.79% of the
larger cells were retrieved in the interest outlets, while only 10.50% of the DU-145 particles reached these
outlets, with 89.50% being depleted. Besides this, it should also be noted that raising the sample fluid
flow rate to 200 yL/min, resulted in a decrease of separation efficiency of the large cells, with the particles

size under 20 um once again contaminating the interest outlets.
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Figure 5.9 - Average isolation efficiency of cells > 20 pum (giant cells suspended into
PBS) and depletion of cells < 20 um (DU-145 cells suspended into PBS) obtained for
the four-outlet device using different flow rates of sample/buffer ratio. Results are
described as Mean + SD of 3 independent experiments.

Thus, in order to achieve the best interest cell isolation efficiency, flow rates of 100/1000
uL/min, respectively sample/buffer, are required for both devices proposed in this study. In case of the
four-outlet device, numerically the best efficiency was obtained for the flow rates ratio of 100/800
uL/min. Numerically, that flow rate provides a clear separation of the CTC population through the outlet
4 from the CAMLs, which follow throught the outlet 3. However, that perfect separation and isolation
between both cells was not observed in any experimental assay. The explanation for this might be related
to the cell-to-cell interactions. The number of cells used for the simulations represents just a fraction of
the number of cells that constitute an experimental sample fluid, or else it would be necessary an
enormous amount of computational power to run the simulations with a larger number of cells. As a
result, the cellular interactions that can be verified in the experimental procedures cannot be replicated
completely using the numerical models. Thus, considering that the cellular interactions influence the cells
isolation results, a new set of experimental assays was performed, as described in the next section.
Besides this, it was identified the need of obtaining recovered samples free of other blood cells population,
as these contaminated the interest outlets. This led to de development of the strategy described in the

next section.

5.5 Microfluidic System for Rare Cells Isolation

With the optimal flow rate for both devices determined, the performance of both microfluidic
PDMS devices in isolating rare cancer cells was experimentally tested in order to determine the recovery

rates of CTCs and CAMLs through a combination of both devices, two-outlet and four-outlet, in sequence.
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As such, the prostate cancer cell line DU-145 and /n vitro generated giant cells at a cell number
of 100, 500, 1000 and 2000 were suspended in diluted whole blood from healthy individuals and
processed through the proposed microfluidic system at the pre-determined ideal flow rate combination of
100/1000 pL/min. The sample flows within the two-outlet device, with the recovered sample of outlet 2
being collected. Then it was centrifuged at 1200 rpm for five minutes, with the resulting pellet being
reduced and re-suspended in 1000 pL of PBS. The resulting cell suspension was then run through the
four-outlet device and the different resulting fluids in each outlet were recovered and counted by
observation using a fluorescence microscope. This procedure corresponds to the set of experiments B,
represented in Figure 4.6, that was introduced in section “Microfluidic Setup and Experimental Tests”,
chapter 4.

In the three sets of experiments performed, it was possible to verify that the DU-145 depletion
rate stayed considerably high independently of the number of suspended cells used, depletion rates of
92%, 76%, 96% and 84% were obtained for the samples containing respectively 50, 100, 1000 and 2000
suspended cells (Figure 5.10 (A)). Thus, a high depletion of cells with sizes under 20 um was obtained

with the proposed microfluidic system.
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Figure 5.10 - Average depletion of cells < 20 pm of three different experiments, where 50, 100, 1000 and 2000 DU-
145 cells were suspended in diluted blood (A) and average recovery rate of cells > 20 um of three distinct
experiments, where 50, 100, 1000 and 2000 giant cells were suspended in diluted blood. These were processed by
the two-outlet device at flow rates of sample/buffer of 100/1000 pL/min. The recovered outlet 2 fluid was then
centrifuged, reduced to 1000 pL and run in the four-outlet device with flow rates of sample/buffer of 100/1000
uL/min. Results are described as Mean +SD of 3 independent experiments.

In regard to the giant cells, they were expected to be isolated from the rest of the sample cells
since the majority of these cells has dimensions above the established size threshold (20 um). Thus,

when a sample with only suspended giant cells was run through the system, it was expected that these
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cells would be isolated in the outlet 2 of the two-outlet device and, after the centrifugation process,
separated into the outlets 3 and 4 of the four-outlet device.

Considering the results of the three sets of experiments performed, the average recovery rate of
the giant cells processed through the PDMS microfluidic system when a low number of suspended cells
was around 76% for both 50 and 100 cells (Figure 5.10 (B)). However, for a higher number of suspended
cells (1000, 2000) the average recovery rate dropped abruptly, as just 10% of cells were successfully
recovered in the outlets of the four-outlet device. This considerable reduction in the recovery efficiency
may be attributed to the fact that the giant cells, with their varying lengths and irregular morphologies,
tend to aggregate and promote cell-to-cell interactions. As a result, an entrapment may be formed in the
devices' outlet areas, which may affect the focusing of the giant cells and lead to a decrease in recovery

efficiency.

Samples with both DU-145 cells and /7 vitro generated giant cells were processed in the proposed
system. As such, both cell populations circulated in the microfluidic system simultaneously. Considering
the three sets of experiments performed, there were variations in the values of recovery efficiency of the
giant cells and DU-145 depletion when compared to the tests performed with the suspended cells
separately. This implies that the combination of DU-145 cells and giant cells may modify the equilibrium
positions of cells, impacting the depletion of cells with sizes below 20 um and the recovery rates of cells
with sizes above 20 pm.

The average recovery rate of the giant cells was high when the sample contained a low number
of suspended cells (72.67% for 50 cells and 83.33% for 100 cells), while for a higher number of
suspended cells the average recovery rate dropped considerably (19.20% for 1000 cells and 12.80% for
2000 cells) (Figure 5.11). As for the DU-145 depletion rate, it increased as samples with a greater number
of suspended cells were used, as depletion rates of 66.00%, 76.67%, 90.00% and 94.82% were obtained
for the samples containing 50, 100, 1000 and 2000 spiked cells of each population, respectively (Figure
5.11).
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Figure 5.11 - Average recovery rate of cells > 20 pm and average depletion efficiency of cells < 20 um of three
different experiments, where 50, 100, 1000 and 2000 DU-145 cells and giant cells were suspended in diluted
blood and processed by the two-outlet device at flow rates of sample/buffer of 100/1000 pL/min. The recovered
outlet 2 fluid was then centrifuged, reduced to 1000 pL and run in the four-outlet device with flow rates of
sample/buffer of 100/1000 pL/min. Results are described as Mean +SD of 3 independent experiments.

From all these results it is possible to conclude that the proposed microfluidic system — both
devices in sequence — appears to be a viable choice for large, rare cancer cell separation. The efficiency
of the interest output sample can be increased by processing it first in the two outlet-device at flow rates
of 100/1000 uL/min, recovering the outlet 2 fluid, centrifuging and reducing it to 1000 pL, and then
running it in the four-outlet device at flow rates of 100/1000 uL/min. With this strategy implemented,
the desired cells were recovered and the contamination of the recovered samples with other blood cells

was highly reduced. A final proof-of-concept experiment was then performed with this microfluidic system.

5.6 Proof-of-concept of the Microfluidic-based system

In order to determine if the proposed microfluidic system would perform well when using
pathological samples of patients with prostate cancer, a different working fluid was tested. A new cell line
was used, PC-3, as well as /n7 vifro generated giant cells, were both suspended in diluted blood at a cell
number of 100. The optimal flow rates were used and the outlets of the microfluidic system were
evaluated by counting the cells collected in each outlet. This procedure correspond to the set of
experiments C that was introduced in section “Microfluidic Setup and Experimental Tests”, chapter 4,
and is represented in Figure 4.7.

When compared to the previously used DU-145 cells, the PC-3 cell line has characteristics more
resemblant to the CTCs, mainly due to having larger diameters, and close cell deformability, and thus
these cells will mimic perfectly the CTCs founded in the pathological samples [106]. As mentioned in

section “Experimental Flow Rates Optimization”, chapter 5, the PC-3 cells diameter is 22.1 + 5.0 um.
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Considering the optimal flow rates of 100/1000 uL/min for sample and buffer intake, respectively, and
using a cell suspension analogous to the pathological samples, i.e. 100 PC-3 cells and 100 giant cells
suspended in diluted whole blood, the sample was processed through the proposed microfluidic system.

Four independent experiments were performed, with the average recovery rate of PC-3 cells being
85.28%, while for the giant cells was 60.83% (Figure 5.12 (A)). From these results it is possible to
conclude that the proposed microfluidic system is capable to achieve an efficient isolation of cells
analogous to the ones found in pathological samples. Observing the cells isolation in each outlet of the
four-outlet device (Figure 5.12 (B)), it was not possible to achieve a perfect separation between PC-3 and
giant cells, contrary to what the numerical results suggested; however, the cell recover is high and in an

almost pure sample.
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Figure 5.12 - Average recovery rate of cells > 20 um (A) and average recovery rate of PC-3 and giant cells per
outlet of the four-outlet device (B) of four different experiments, where 100 cells of both PC-3 cells and giant cells
were suspended in diluted blood and processed by the two-outlet device at flow rates of sample/buffer of
100/1000 pL/min. The recovered outlet 2 fluid was then centrifuged, reduced to 1000 pL and run in the four-
outlet device with flow rates of sample/buffer of 100/1000 uL/min. Results are described as Mean +SD of 3
independent experiments.

The numerical simulations results confirmed the ones obtained in the experimental procedures,
as the experimental conditions were mimicked. However, the recovery rate obtained for both CTC-like
particles and CAML-like particles was 100% (Figure 5.13), with the CAMLSs being all collected in outlet 3,
while all the CTCs were collected in outlet 4. Thus, the numerical models corroborate the efficient values
obtained in the experimental procedures. The difference in the efficiency values obtained is attributed to
the impossibility to recreate numerically cell-to-cell interactions, as well as to some small loss of interest

cells that might have occurred in the centrifugation stage of the experimental methods.
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Figure 5.13 - Average recovery of cells > 20 pm obtained for the combination of the two-outlet device
model with the four-outlet device model device at flow rates of 100/1000 pL/min for the sample

and buffer, respectively.

Thus, it is possible to conclude that the proposed microfluidic system composed of two DFF

devices can be used for prostate cancer CTCs and CAMLs cells isolation, as a high recovery rate is

achieved. Besides this, the numerical simulations demonstrated to be a useful tool in the development

and optimization processes of the devices' geometries.
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6. ConcLusIONS AND FUTURE WORK

6.1 Conclusions

The work developed in this dissertation had the main purpose of microfabricating a microfluidic
device for cell sorting capable of isolating both circulating tumour cells (CTCs) and giant cancer-associated
macrophage-like cells (CAMLs). Such device would act as a non-invasive approach for detection,
quantification and molecular profiling of circulating cancer-related cells, potentially enabling for earlier
cancer detection and real-time patient monitoring.

These cell populations are rare in number ("1 to 10 CTCs and CAMLs/mL of whole blood), and
are extremely difficult to isolate with efficiency and high yield by using conventional microfluidics
approaches. Size-based inertial separation methods constitute an interesting approach, especially the
Dean Flow Fractionation (DFF) configuration. This method allows for an efficient separation of the interest
cells from the rest of the blood with high efficiency, sample throughput and high cell viability.

In this work, the DFF approach was adopted, with two inertial and size-based microfluidic devices
for focusing and isolation of CTCs and CAMLs being developed. The devices geometries were defined in
a way that the large cells are collected in the inner outlets of the devices, while the smaller ones, RBCs
and WBCs are pushed to the outer outlets, as a consequence of the inertial forces in play. Both proposed
devices are composed of two inlets, a channel depth of 170 um and have a size threshold for particle
focusing of 20 um, with one of them having two outlets and the other four outlets. The devices geometries
were developed using CAD models, being numerically optimized before the fabrication. The devices
master moulds were obtained by photolithography technique, with PDMS being used for the fabrication
of the microfluidic devices.

Both devices, two-outlet and four-outlet, were tested numerically and experimentally to assure
their working principal. Numerically, it was determined that the optimal flow rates for the sample and
buffer fluid were, respectively, either 100/1000 uL/min or 200/800 uL/min for the two-outlet device
and 100/800 uL/min for the four-outlet device. The optimal experimental isolation results were obtained
using flow rates of 100 and 1000 uL/min for the sample and buffer fluid, respectively, in both devices.
The isolation efficiency of the two-outlet device for cells over 20 um is 92.80% and for the four-outlet
device is 93.79%.

When the two devices were run in combination, with intermediate centrifugation, the results
obtained experimentally revealed that, for the optimal flow rate ratio, recovery rate of the cells mimicking

the CTCs is about 85.28% and for the cells mimicking the CAMLs is about 60.83%, with a high depletion
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of non-interest cells also being achieved. The numerical simulations results corroborated the experimental
tests. The different efficiency values obtained in the numerical and experimental procedures was
attributed is attributed to the impossibility to recreate numerically cell-to-cell interactions, as well as to
some the loss of interest cells that occurs in the centrifugation procedure of the experimental methods.
It is concluded that the developed devices and the microfluidic system proposed in this
dissertation are viable of using in pathological samples of prostate cancer to isolate cancer-related cells,
CTCs and CAMLs, for further downstream analysis and to obtain more insight about the pathology and

its progression for metastatic stage.

6.2 Future Work

Future research and work in this topic can be performed. As such, in order to optimize the
proposed microfluidic system, the centrifugation procedure used to reduce the volume of the sample that
will run in the in the four-outlet device, should be eliminated, and a more integrated system should be
developed. There are two potential alternatives consisting in directly connect the interest outlet of the two-
outlet device to the sample inlet of the four-outlet device using EVA tubing or by adopting a stacked
configuration, in which the two-outlet device is stacked on top of the four-outlet device, with the interest
outlet being connected to sample outlet of the second device. The last possibility would result in a
considerable reduction of time necessary to perform the experimental runs, while also resulting in a more
compact, and simple microfluidic system, especially if the stacked configuration is adopted.

Besides that, with the purpose of reducing RBCs contamination in the interest outlets, it should
be investigated the viability of using lysed blood instead of diluted blood. This would result in a substantial
decrease in the number of cells that are processed in the microfluidic system, which would cause a
reduction in the cell-to-cell interactions that take place. As such, the focusing of interest cells would be
less affected by interactions with the RBCs, and the recovered samples contamination would be reduced.

Lastly, for a final validation of the experimental results, the microfluidic system should be tested

using pathological samples from prostate cancer
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i Introduction |

With the goal of contributing to the development of a novel microfluidic system with high sensitivity for analysis of blood cancer clinical samples, an innovative inertial and size-based device
for prostate cancer screening was designed.

By using microfluidic devices based in passive methods (inertial and size based) to isolate the cancer-related cells, it is expected that Circulating Tumor Cells (CTCs) and Cancer-associated
Macrophage-like Cells (CAMLs) [1] can be separated from the rest of the blood.

A label-free isolation [2] method was chosen, as it allows an efficientinertial focusing of cells with high throughputs, while also make possible further isolated cell analysis.

A device with spiral-shaped channel was desi; having 2 inlets (for sample and buffer inflow) and 4 outlets.

The cells of interest cells, with a length of over 20 um (CTCs and CAMLs) are captured in the inner outlets and separated from the other cells (e.g. Red Blood Cells, White Blood Cells).
This system is being tested and validated by performing numerical simulations and experimental tests.

_| Material and Methods : : Results and Discussion |_

Microchannel geometry and Working principal Velocity fields
The working principle behind the spiral device is based on the action of inertial forces The velocity fields thaF are present in th? device's C"!anﬂe|5 were computgd, Whjd!
(the Lift and the Dean drag forces) on the particles that flow through the device. is a fundamental step in order to determine the particles behavior aqd trajectories.
When both of these forces reach an equilibrium, the smaller cells (> 20 um) will be The flow rates tested were 100/1000, 100/1200 and 100/800 uL/min,
focused near the outer wall, exiting via the outer outlets (1 and 2), while the larger " »
ones ( < 20 um) align close to the inner wall and exit via the inner outlets (3 and 4), ..
and thus a size-based separation takes place. . - o )
4 Outlets | e
3 A lInlet i
: = L. = fo
g \ w
2 s | I
Inertial Focusing — Size Based Separation - \ »
L = = J
Numerical approach Particles Separation

Prior to the experimental approaches, 3D models of the spiral device were created
using COMSOL software and optimal working conditions (device geometry, flow
rates and fluid viscosities) were computed, in order to achieve high isolation
efficiency of particles (or cells).

Mesh

After having the laminar flow and the velocity field determined, the particles
migrations can be computed. The particles trajectories, including understanding in
which outlet it ends up, were determined and the efficiency was calculated.

Flow #100/1000 =100/1200 =100/800

out | owz| ows | owa | out| ouz|ows | ous| out | ouz | ous | ous | out | oua | ous [ oua
Recs wecs ces cams

The best results were obtained for the flow rates 100 and 800 pL/min (sample and
sheath buffer inflow, respectively), as numerical data shows that the mean isolation

Mesh properties: efficiency of particles over 20 um is above 90% under this conditions, with the CTCs
Steady Incompressible = Number of elements: 17289; and CAMLs being entirely separated from the other particles as they exit through
Navier-Stokes Equations « Maximum element size: 236 pm; the inner outlets (3 and 4). By looking at the particle trajectories images below, it can

oQu- V) = —Vp + uv - (Pu+ Tw)T) be observed that over the course of the channel the interest cells (green and red) get

= Maximum element size: 70.9 um.

Vou=0 closer to the inner wall, as a result of the drag forces action, while the RBCs and
The mesh element size is based in the Coarser WBCs (in blue) stay in the middle of the channel, or even closer to the outer wall,
settings, due to the computational efforts. which in the end means that it exits through the non-interest outlets (1 and 2).

‘ Dean Drag Force i ‘ . . o T e

‘ P — ‘ Fluid flow dynamics physics: n»m:uun otal

N° Cels | Efficiency | N* Cells | Efficiency | N® Cells [ Efficiency | N* Cells | Efficiency | N" Cells [N" Interest Cells| Purity
30 0 - [ - - 30

= laminar flow solving ; Outlet 1 100%
" - Outlet 2 0 - 12 | 100% | 0 0 - 12
— - = no slip wall condition; Outlet3 0 £ 0 2 0 = 4 100% | 4 100%
‘ Inertial Lift Force ‘ Outlet 4 [ - [ 4 100% | 0 - 2 100%

‘ = two inlets with different velocities (the

_ 244
F = CpGrat sample and buffer) and four outlets. =

: . Particles tracing module: / ’
‘ Particles Properties ‘ 8 (Fo)
TG CAMLs | Total = A Dean Drag Force (Fp); s
s 4 | % ::_,'_4

= Two wall induced forces (one that acts on
N the sidewalls and other that acts on the
upper and lower walls) - Lift Force (F).

Discretization of fluids :

= A P3+P3 discretization was chosen (3 order elements for the velocity
components and 3" order elements for the pressure field), as it allowed to obtain

more accurate results, namely in what regards to the particles trajectories. Refe rences

[1] Adams, D.L., et al. Proceedings of the National Academy of Sciences 2014, 111, 3514-3519.

I Conclusions and FutureWOl"k : [2] Rzhevskiy, A. S., et al. Cancers 2020, 12(1): 81.
= In this work, we have developed an inertial and size-based device for prostate cancer
screening. The results are very promising, especially the numerical ones. ﬂ Acknowledgements h FCT

= The best flow rates are 100 and 800 pL/min (sample and sheath buffer inflow respectively),

with an efficiency above 90% and a total isolation by size, as the CTCs flow separately to the
device's outlet 4 and the CAMLs follow isolated to the outlet 3.

The authors would like to thank the funding source for this
research trough the project POCI-01-0145-FEDER-031442,
= Experimental essays with spiked cancer cells in blood samples are currently ongoing in order funded by Fundagao para a Ciéncia e Tecnologia (FCT) and ERDF.
to corroborate the numerical data. e
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Inertial and size-based focusing of cancer-related blood cells in a 4-outlet

spiral microchannel: numerical approach
Luis Dias?®, Rui Lima®, and Diana Pinho?
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Av. Mestre José Veiga, Braga 4715-330, Portugal
®MEtRICs, Mechanical Engineering Department
University of Minho, Campus de Azurém, Guimaraes 4800-058, Portugal

a78689@alunos.uminho.pt

With the goal of contributing to the development of a novel microfluidic system with high
sensitivity for analysis of blood cancer clinical samples, an innovative inertial and size-based
device for prostate cancer screening was designed. It is expected that by using microfluidic
devices based in passive methods (inertial and size based), to isolate the cancer-related cells,
circulating tumour cells (CTCs) and cancer-associated macrophage-like cells (CAMLs)!", they
can be separated from the rest of the blood. Thus, a label-free isolation®?? device with spiral-
shaped and 4 outlets was designed. Prior to experimental approaches, 3D models of the spiral
device were created in the COMSOL software and optimal working conditions - such as device
geometry, flow rates and fluid viscosities - were computed, in order to achieved high isolation
efficiency of particles (or cells). With the numerical approach, it is possible to determine the
velocity fields in the device, as well as to trace the particle movement, including in which outlet
it ends up. The best working flow rates obtained were 100 uL/min and 1000 pyL/min for sample
and sheath buffer inflow, respectively. Numerical data shows that the mean isolation efficiency
of particles over 20 ym is above 90%. Experimental assays with spiked cancer cells in blood

samples are currently ongoing in order to corroborate the numerical data.

[1] Adams, D.L., et al. Proceedings of the National Academy of Sciences 2014, 111, 3514-
3519.
[2] Rzhevskiy, A. S., et al. Cancers 2020, 12(1): 81.
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