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ABSTRACT

Cells are dynamic, living structures that remodel themselves in response to stimuli from

environment or in relation to cellular processes such as cell growth, proliferation,

differentiation, migration and death. The change of cell mechanical property can be a

biophysical indicator in response to the abnormal alteration in cell functionality under

pathological conditions. The advances in tool development for cell mechanical measurement

have facilitated in-depth discussion of cell mechanics, but heavily limited by low throughput

and high cost. The emerging lab-on-a-chip microfluidic methods provide a promising solution

due to the miniaturisation, among which the acoustofluidic method (the fusion of acoustics and

microfluidics) appears to be advantageous due to its tunability, biocompatibility and acousto-

mechanical nature. In this dissertation, I explored the application of surface acoustic wave

(SAW) microfluidics in the area of cell mechanics, including establishing SAW devices for

cell mechanical measurement, comparing SAW-based measurement with the benchmark from

a conventional method, investigating the impacts on cell mechanical characteristic, and

extending the concept to a high-throughput cytometry comparable to the real-world need.

The results show that the SAW microfluidic method can provide an effective measurement on

cell mechanical characteristics and probe the impact of cellular interior structure or cellular

phenotype. It is consistent with the conventional benchmark and can be a complement for some

cellular structures of interest. At last, it can operate as a continuous-flow high-throughput

cytometry, which could be exploited in future studies related to cell mechanics.
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CHAPTER 1. INTRODUCTION

1.1 BACKGROUND

The mechanical properties of cells have been actively investigated for many decades due to the

link between cell mechanics and cellular biological processes. For example, the cell

cytoskeleton is a dynamic structure of protein filaments that will alter in relation to the

processes such as cell migration and proliferation, leading to the change in cell mechanical

characteristics [1–3]. Hence, the cellular interior processes can be interrogated by cell

mechanical measurement in a label-free, sensitive and potentially inexpensive manner [4]. In

addition, the possibility of exploiting cell mechanics as a biomarker for disease diagnostics and

drug screening has also attracted extensive research interests [5].

A variety of single-cell mechanical tools have been established for many decades such as

atomic force microscopy (AFM) [6, 7], micropipette aspiration [8] and optical tweezer [9, 10],

enabling the investigations of the functional link between cell mechanics and biological

processes. But these conventional techniques for cell mechanical measurements have not led

to a routine application in biological or clinical laboratories because of the limitations in utility

including high cost and low throughput [4]. The recent microfluidic or so-called lab-on-a-chip

technique has been rapidly developed to carry out various assays on a microchip at the scale

from nanometres to microns. The miniatured system benefits from reduced sample volumes,

low cost and high throughput, providing a promising solution to the advancement of cell

mechanics techniques [4, 11].

To date, a number of microfluidic applications have been developed for cell mechanics, using

passive methods that deform the cells via hydrodynamics or active methods that incorporate

external force fields [12]. Among the family of microfluidic methods, acoustofluidic method

which is the fusion of acoustics and microfluidics appears to be advantageous for cell

mechanical measurement in terms of tunability, biocompatibility and acousto-mechanical

nature, as compared with passive microfluidic and other active microfluidic methods [13]. The

two major acoustofluidic methods, known as bulk acoustic wave (BAW) and surface acoustic

wave (SAW), differ in the mechanisms of acoustic actuation and acoustofluidic integration. As

opposed to bulk acoustic wave (BAW), the surface acoustic wave (SAW) travels along the

substrate surface independently of the microfluidic channel, decoupling the acoustic and fluidic

domains and therefore leading to improvements in methodology [14]. BAW has been applied

for cell mechanical measurement by extracting cell mechanical properties from acoustic wave-
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induced cell trajectories [15], but the application of SAW for cell mechanical measurement has

not been established. Furthermore, the cell mechanical characteristics measured by

acoustofluidic methods have not been fully understood, such as the comparison with the

benchmark from conventional techniques and the relation to cellular interior structure. On the

other hand, both BAW and SAW methods have been widely used in a broad range of single-

cell applications such as cell focusing [16, 17], cell manipulation [18, 19] and continuous cell

separation [20, 21] due to the acoustic capability of moving micro-sized particles. Given these

successful reported examples of continuous separation using SAW, the possibility of flow

cytometric analysis based on cell mechanical properties, such as continuously differentiating

softened cells from the normal, also needs to be explored once the usage of SAW in cell

mechanical measurement is understood.

1.2 CONTRIBUTIONS OF THE DISSERTATION

This dissertation will focus on developing a surface acoustic wave (SAW) microfluidic

platform for cell mechanical measurement, assessing the capability of SAW in cell mechanics,

understanding the relationship between the measured characteristics and cellular interior

structure, and improving the application to a continuous flow cytometry based on mechanical

property with enhanced throughput and minimised physical operation.

The research aims are,

1. to develop a SAW microfluidic device for cell mechanical measurement;

2. to compare the SAW device with micropipette aspiration (as a representative of

conventional techniques), and to discuss the relationship between the mechanical

characteristics and cellular interior structure in the context of the two techniques;

3. and to develop a SAW continuous flow cytometry measuring cell mechanical property.

1.3 OUTLINE OF THE DISSERTATION

Chapter 2 provides a review of the literature regarding cell mechanics and state-of-the-art

techniques for cell mechanical measurement (categorised into conventional and microfluidic

techniques) and discusses the technical limitations and literature gap.

Chapter 3 illustrates the methodologies for microfluidic device fabrication, experimental setup

and acoustic field validation. This includes the theoretical analysis and experimental validation

of the mutual platform on which Chapter 4-6 are based. Any methodological details specific to



3

each device (such as working principle and theory) can be found in the individual chapter from

Chapter 4-6 and are not repeated in Chapter 3.

Chapter 4 presents a microfluidic device featuring phase-modulated SAW for cell mechanical

measurement. The device is first validated using polymer microbeads with known properties,

and then used to characterise cell mechanophenotypes and evaluate drug effects on cell

mechanics, followed by the discussion of SAW capabilities in the context of cell mechanics.

This Chapter has been published as a journal article and is reused with permission from the

publisher [22].

In Chapter 5, a microfluidic version of micropipette aspiration is built and compared with the

established SAW device. Cells with different cytoskeletal alterations are tested with the two

devices, respectively, facilitating the technical comparison between SAW and conventional

technique. It also allows for the discussion of the relationship between the mechanical

characteristics and cellular interior structure. This Chapter has been published as a journal

article and is reused with permission from the publisher [23].

In Chapter 6, a microfluidic cytometry featuring multi-tilted-angle SAW is constructed to

separate microparticles or cells based on their biophysical properties such as size and

mechanical property. It provides thousands of single-cell mechanical measurements within

minutes in a continuous, high-throughput manner. The measurements are first validated by

different polymer microbeads with known properties. Then the cytometry is used to reveal the

concentration-dependent drug effect on cell mechanics and the mechanical phenotypic

difference of cancer cell populations in relation to metastatic potential.

In Chapter 7, the future work is discussed and the dissertation is concluded.
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Figure 1–1. Flow chart of Chapter 2 to 7.
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CHAPTER 2. LITERATURE REVIEW

2.1 CELL MECHANICS

Cells are biological complex that can sense and respond to the biomechanical property and

stimulus from the extracellular matrix (ECM), regulating cellular processes including structural

remodelling, cell proliferation, differentiation and motility [1–3]. The study of the interplay

between mechanics and biology of cells could date back to as early as the 1910s, when D'Arcy

Thompson investigated the impact of mechanical forces such as surface tension on cell shape

and growth published in On Growth and Form [24]. The advances in tool development for

mechanical characterisation at cellular or subcellular scale have facilitated in-depth discussion

of the correlation between cell mechanics and biological behaviours [25, 26]. The change of

cell mechanical property can be a biophysical indicator in response to abnormal alteration in

cell functionality or environment under some pathological conditions. For example, the

mechanical properties of cells or tissues have been reported to be altered compared to the

healthy counterparts due to diseases including asthma [27], osteoporosis [28], osteoarthritis

[29], malaria [30] and cancer [31, 32]. In addition to understanding cell mechanics in relation

to diseases, efforts have been made to apply cell mechanics in the early detection, diagnosis

and treatment of diseases [33]. For example, the deformability of disseminated cells in pleural

effusions were used to diagnose malignant states such as acute inflammation and a

deformability-based scoring system was established to distinguish cells from the healthy to the

inflammatory [34]. In another study, the mechanical deformation caused by osmotic pressure

imbalance and therefore the deformability of cancer cells was proved capable of distinguishing

different cancerous stages and malignancies [35]. These evidences suggest the importance of

understanding cell mechanics and characterising cell mechanical property.

Within a eukaryotic cell, some cellular structures are believed to contribute to cellular

mechanical properties and resistance against mechanical forces (Fig. 2-1). Cellular membrane

composed of a lipid bilayer separates the interior of a cell from the ECM and contains protein

receptors for signalling molecules and ion transport. In addition to its biochemical roles, cell

membrane is found to be mechanically elastic in response to stretching, compression and

surface tension [36]. There are a variety of studies characterising cell membrane deformation

as a result of mechanical loading such as acoustic radiation [37], stretching [9, 10], and

localised suction [38]. The cell nucleus, despite its role as a carrier of genetic materials, has a

degree of stiffness and elasticity and attracts research interests of the mechanics at subcellular
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level [39–42]. The cytoskeleton, composed of interconnected filamentous proteins within the

cytoplasm, is well-known to resist deformation against internal and external forces and to

regulate cell shape during movement [43]. There are three cytoskeletal components: actin

filaments, microtubules and intermediate filaments. Actin laments are made up of globular

actin monomers known as G-actin, which can form polarized, helical filaments known as F-

actin with a diameter of 5-9 nm and a persistence length of tens of micron [44]. The actin

cytoskeleton is continually assembled and disassembled through F-actin polymerization and

depolymerization in response to various stimuli. For example, cell-surface adhesion can trigger

the assembly of contractile actin filaments forming stress fibre through cell receptor integrins

[45]. Microtubules are the stiffest component in a hollow, radiating structure originating from

centrosome and extending to cell periphery [43, 46]. The microtubule comprises of alternating

helical monomers, -tubulin and -tubulin, and has a diameter of around 24 nm and a

persistence length of a few millimetres [43, 44]. Intermediate filaments are a family of

filaments that were named due to their average diameter of ~10 nm between those of narrower

actin filaments and wider microtubules [44]. The intermediate filaments can cross-link with

each other and with actin filaments and microtubules [47]. They are the least stiff and more

effective at resisting tension than compression, thereby sometimes known as “stress absorber”

[43, 48].

Figure 2–1. Schematic of cellular structures including cell membrane, actin filaments,

intermediate filaments, microtubules, centrosome and nucleus. Reprinted with permission from

[49].



7

The mechanical behaviour of a cell can be interpreted by a number of models under different

assumptions. The simplest mechanical model is to assume a cell as an elastic solid where the

deformation is proportional to the mechanical loads [46, 50]. The time-dependent, liquid-like

behaviour requires more complex models, such as liquid drop models that assume cells as fluid

surrounded by cortical shell, viscoelastic solid models that include viscosity, and biphasic

models that assume cells as a combination of solid phase and liquid phase [51]. However, it

was reported that it is difficult to characterise the fluidic migration in a cell as in some liquid-

like models, and the mechanical behaviour of a cell can be sufficiently described by elastic

model within a short timescale (of a few seconds) [50, 52] or until the deformation reaches

equilibrium state [1].

In an elastic model, the mechanical behaviour of a cell is always quantified by elastic modulus,

indicating the resistance to elastic deformation when applying a certain form of stress on the

cell. An elastic modulus has a form of the ratio of stress to strain, where the stress is the applied

force divided by the subjected area and the strain is a dimensionless quantity describing the

relative deformation. Of different elastic moduli, Young’s modulus [37, 53, 54], shear modulus

[9, 10, 55, 56] and bulk modulus (or its inverse known as compressibility) [15, 57, 58] were

commonly adopted to characterise whole-cell mechanical property. Young’s modulus (E) is a

tensile elastic modulus which defines the resistance to a unidirectional force and the tendency

to deform axially; shear modulus (G) describes the rigidity in response to transverse forces and

the tendency to deform in shape; bulk modulus (K) or compressibility ( ) indicates volumetric

elasticity in response to the uniform loads from all directions which is similar to Young’s

modulus but of all directions. Hence, each elastic modulus is defined for a certain scenario. In

many studies, by assuming cells as homogeneous isotropic materials, any two of the elastic

moduli become independent and the other elastic moduli can be calculated using the elastic

modulus conversion [50, 59, 60].

2.2 CONVENTIONAL TECHNIQUES FOR CELL MECHANICAL MEASUREMENT

The techniques for cell mechanical measurement involve a method applying mechanical loads

on a cell and observations of its response, leading to the estimate of its mechanical property

represented in elastic modulus or other parameters. The conventional techniques, as opposed

to the emerging microfluidic-based techniques that will be discussed later, are categorised into

several classes based on the way that the mechanical force is applied to the cell, including
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micro-indentation, local suction, microbead-based deformation and global deformation (Fig.

2-2).

Figure 2–2. Conventional techniques for cell mechanical measurement, categorised into micro-

indentation, local suction, microbead-based deformation and global deformation.

Micro-indentation

Micro-indentation is a method to poke or indent a cell at a local point on the surface using a

microscale tip. The well-known forms of micro-indentation are microneedle technique and

atomic force microscopy (AFM). A microneedle setup usually exploits a thin glass probe made

by heating and pulling a glass fibre into a narrow tip [6, 7]. The deflection of microneedle when

indenting a cell can be measured and used to calculate the applied force at the scale of

piconewton to nanonewton based on the bending stiffness of the calibrated microneedle [6].

Following, the cell elastic property can be examined based on the experimental force-
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displacement data. Many early studies applied the microneedle setup or so-called cell-poking

technique in erythrocyte [61], fibroblast [62], chondrocyte [63] and leukocyte [64].

Similar to the microneedle, atomic force microscopy (AFM) is a more sophisticated and

powerful tool to probe the morphology of cell surface as well as to map the cell mechanical

properties using a flexible cantilever as the probe [65]. The deflection of cantilever or namely

the displacement of tip is measured using a laser-emitted light reflecting at the surface of the

cantilever, which is tracked by a position-sensitive photodiode. AFM can scan the surface

geometry by setting the tip in close contact with the surface through a feedback control,

whereas it can also indent on the cell statically or cyclically measuring intermolecular force

and relative stiffness [66]. The scanning capability and the fine spatial and mechanical

resolution facilitate the wide usage of AFM in various applications, such as characterising cell

or ECM mechanics [54, 67], examining drug-induced cytoskeletal change [68], correlating cell

mechanical properties with differentiation potential [69] and sensing mechano-chemical

stiffness in relation to circadian rhythm [70].

Local suction (micropipette aspiration)

This category of local suction refers to the well-known micropipette aspiration technique,

which applies negative pressure usually generated by differential hydrostatic pressure onto the

cell membrane through a glass pipette with an inner diameter smaller than the cell size (Fig.

2-3). The aspiration length by which a cell is pulled or sucked into the micropipette can be

recorded under a microscope. With the help of a homogenous solid continuum model, the

Young’s modulus of the cell can be calculated from the applied suction pressure, the aspiration

length and the inner radius of micropipette [8]. For cells that behave more as a liquid drop such

as neutrophils, the model can be adapted for a viscous model or viscoelastic model [8, 71]. It

is believed that the micropipette aspiration was first used in 1954 and has been considered as a

classical method in cell mechanics [46, 72]. The micropipette aspiration has been widely used

in a large number of cell mechanics studies since then, including various cell types [73, 74],

cytoskeleton and nucleus mechanics [75], diseases such as cancer metastasis [76] and drug

effect such as antibiotics [77]. Efforts have been made to improve the technique in utility such

as an automated micropipette aspiration setup [41, 78], or pneumatic-driven micropipette

aspiration [79].
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Figure 2–3. Micropipette aspiration used to aspirate a cell partially into the glass pipette,

observed under a microscope with 60x objective.

Microbead-based deformation

Microbead-based deformation is from the family of micro-manipulation techniques capable of

trapping or moving microbeads with the help of external fields such as optical or magnetic

fields [3]. They are also known as optical tweezer or optical trapping, magnetic tweezer and

magnetic twisting cytometry.

First reported by Ashkin et al. in 1986 [80], optical tweezer becomes a widely-used approach

at cellular and molecular levels based on the momentum conservation of photons. The optical

tweezer introduces a focusing laser beam onto the dielectric microbead with high refractive

index and much greater size than light wavelength, creating a restoring force along optical

intensity gradient due to the momentum change of photons and trapping the microbead close

to the beam focus. Near the focus, the trapping force is similar to that of a linear Hooke’s spring,

such that the force can be calculated by the calibrated optical “spring stiffness” and the bead

displacement [81]. By introducing the microbeads coated with certain proteins to bind to the

cells, mechanical forces can be applied onto the cell in different patterns such as axial stretching

[9, 10] and equibiaxial stretching [66, 82, 83].

Similar to optical tweezer, magnetic tweezer serves the same purpose of manipulating

microbeads and applying mechanical loads onto cells. In a magnetic tweezer setup,

ferromagnetic or superparamagnetic protein-coated microbeads are introduced to the cells,

where the magnetic force on the beads can be controlled by adjusting the magnetic field

generated by permanent magnets or electromagnets [84]. In another technique, magnetic



11

twisting cytometry, which utilises a field perpendicular to the magnetic dipole of the bead to

apply a torque to the cells [66, 85]. As most cells and medium fluid have smaller magnetic

susceptibility than that of magnetic microbeads, the magnetic techniques show a degree of

versatility and have been used in various applications including measuring cell mechanical

property [86–88], examining cytoplasm property [89], and cell-cell junction [90].

Global deformation

Instead of localised mechanical loads, the forces are applied globally or in bulk onto the whole

cell in this global deformation category. One well-known method of global deformation is the

substrate strain technique, which comprises of an elastic membrane or gel on top of which the

cells are cultured. It is capable of stretching the cells globally in a uniaxial, biaxial or

equibiaxial manner by deforming the substrate in bulk. It has been applied to study the effect

of strain on cellular activities [66]. Another global deformation method is to compress a cell

using a plate or a flat probe in direct contact with the cell. The plate or probe needs to be

precisely controlled and mechanically moved towards the cell, while the deformation is

optically measured [58, 91, 92]. An alternative to mechanical compression is using hydrostatic

pressure to compress the cells against the substrate and optically recording the deformation

[59].

Limitations

Despite the important scientific insights revealed by a variety of applications using

conventional techniques, there are limitations in terms of their clinical applications. These

techniques require bulky apparatus and time-consuming protocols, therefore leading to high

equipment cost and low throughput. AFM requires delicate instrument control and therefore

high costs. Micropipette aspiration, though less expensive and accessible in most laboratories,

requires complex experimental protocols, including operating multiple devices until the

micropipette tip contacts the cell membrane under a microscope, adjusting suction pressure,

recording and analysing a stack of images [78]. It also requires an experienced and well-trained

personnel and can eventually achieve ~10 cells measured per hour, which is however not

comparable with the real-world requirement on throughput for screening the mechanical

characteristics of cell populations [4].

Another challenge for most techniques is the lack of standards. Some techniques such as

magnet tweezer are highly customised and could lead to measurement variation if the

calibration is not standardised [3]. In addition, in the techniques like microneedle and



12

micropipette aspiration, cells are usually tested in a non-enclosed environment such as an open

reservoir, which is subject to environmental perturbation and variation [93]. It leads to

difficulties in controlling the physiological conditions for cells during testing and could affect

the validity and repeatability of measurements.

2.3 MICROFLUIDICS

Microfluidics is defined as the technique to manipulate and control fluids at the scale from 100

nm to 100 µm and it introduces the well-known concept of lab-on-a-chip over the last few

decades [11]. The birth of microfluidics could link back to the invention of transistor by the

Bell Telephone Laboratories in 1947, when the technique of photoengraving was released for

printed circuit boards and later known as the process of photolithography becoming a standard

in microelectronic manufacture [11]. As the advancement of photolithographic and etching

techniques in the silicon industry, it has been transitioned to the fields other than electronics

and used to fabricate miniatured channel systems on substrates such as glass, silicon or

polymers, enabling the liquid handling of volumes from microliters to femtoliters [94]. The

strengths of such microfluidic devices include system miniaturization, fast processing, reduced

sample and reagent volumes, similar dimensions to cells, flexibility of fabrication and low cost

[14].

Flow in microfluidic devices

The Reynolds number (Re) is an important dimensionless parameter to represent the ratio of

inertial and viscous forces and to determine the flow profile in a fluidic channel. The Reynolds

number is defined as = / , where  denotes the density of fluid,  denotes the flow

speed,  denotes the hydraulic diameter of channel, and  denotes the dynamic viscosity of

fluid. The Reynolds number in general microfluidic setup is usually low (< 1), for example,

within a channel with the hydraulic diameter of 100 µm, the flow of aqueous medium with the

density of 1,000 kg/m3, viscosity of 0.001 Pa·s and speed of 1mm/s results in the Reynolds

number of = 0.1. The low Reynolds number lead to laminar flow condition in microfluidic

devices, where viscous forces are dominant and flow profiles are smooth and constant. As there

is no disruption between fluidic layers, the flow fields such as velocity and pressure are stable

in time and space. The flow pattern in the microchannel are much more predictable as compared

with turbulent flow condition, enabling the effective design and control of microfluidic devices

[11].
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The fluid mechanics in microfluidic devices is based on the fluid continuum assumption as the

channel does not reach molecular scale, which treats the fluid as continuous rather than

individual molecules. Hence, two major governing equations are usually applied to describe

the fluid mechanics in most microfluidic applications, i.e. continuity equation and Navier-

Stokes equation. The continuity equation is given as:

+ ( ) = 0 (2-1)

And the Navier-Stokes equation for incompressible fluids is given as:

+ ( ) = + + (2-2)

where denotes the vector velocity field,  denotes the pressure field,  denotes the

gravitational acceleration,  denotes the density of fluid and  denotes the viscosity. The

mathematical derivation of the governing equations in microfluidics can be found in this review

[95].

Microfluidic methods for cell mechanical measurement

The variety of microfluidic methods can be categorised into two classes, passive and active

microfluidics, dependent on the application of an external force field [96]. In a passive

microfluidic method, it relies on the delicate channel geometric design and the intrinsic

hydrodynamics, such as stagnation, vortex, hydrodynamic stress and wall effect, to realize the

desired functionality. One of the early passive microfluidic methods is to deform cells by

passing them through a narrow channel. For example, in a single straight channel that was

narrower than the cell size, the driven pressure resulted in the direct contact between the cell

and the channel wall, leading to cell deformation and movement (Fig. 2-4). During this process,

the parameters including entry time, transit time and/or shape change index (elongation and

circularity) were measured for red blood cells in order to further understand leukemia [97],

malaria [98] and cancer [99]. Theoretical models were built to extract elastic modulus from the

measured parameters [53, 100, 101]. In order to increase the throughput, efforts were made to

multiplex the narrow channels in parallel [53, 100, 102]. In addition, there are some variants in

design including microfiltration using a pillar array with gradually decreasing gaps [103, 104]

or using vertical ridges [105, 106] in the microchannel, and constriction-induced deformation

with additional electrical measurement [107–109].
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Figure 2–4. (a) – (e) Images showing the entry of MCF-7 cell into a narrow constriction channel

(10 by 10 µm). Reprinted with permission from [99].

Another passive approach is to deform the cells by the hydrodynamic stress without physical

contact with the channel. In one set of designs also known as deformability cytometry, the cells

were passed through a single straight channel with the width comparable to the cell size, where

the shear gradient is large, stretching the cell along the flow direction (Fig. 2-5). The change

of cell shape was measured as a mechanical metric [110–112] and can be converted to Young’s

modulus with the help of a few models [113]. In addition to the single straight channel, another

set of designs incorporates a 4-way intersection channel, in the centre of which the cells were

transiently positioned and deformed. With two opposing inflows and two outflows at the

intersection, an extensional stretching perpendicular to the inflow was applied on the cells in

the centre [34, 114–116]; with three inflows and one outflow at the intersection, a pinched-

flow stretching was applied along the central inflow direction [60]. An effort was made to

combine two variants onto one chip [117]. Similarly, the change of cell shape was measured

as readout during the transient deformation. These methods achieved a throughput of thousands

of cells per second with the help of high-speed imaging, approaching that of a standard flow

cytometry and significantly outnumbering that of any other techniques [4].
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Figure 2–5. Deformability cytometry where the cells were passed through a single straight

channel with the width comparable to the cell size and stretched by the hydrodynamic stresses.

Reprinted with permission from [112].

Several passive size-based particle sorting methods have been adapted to take into account the

highly deformable cells like red blood cells, whose sizes are strongly dependent on the

deformation during separation, giving insights into cell mechanical characteristics. For

example, deterministic lateral displacement (DLD) composed of a micropillar array in the

channel with each column shifted by certain distances [118, 119], and pinched flow

fractionation (PFF) involving a pinched-flow introduced at the bifurcation [120], were applied

in the studies where the cell mechanical characteristics were discussed in relation to separation

outcome.

Interestingly, a few ideas from conventional techniques were transplanted onto the microfluidic

platform, increasing the throughput by parallel processing with multiple channels. A

compression microfluidic device was built to compress the cells in multiple microchambers via

an elastomeric membrane deflected by pneumatic pressure, as a replacement for the

conventional mechanical probes, to investigate the compressive deformation and relaxation

[121]. A miniatured substrate-strain method was established to stretch the elastomeric

membrane via pneumatic actuation, on which the cells were cultured [122]. The classic

micropipette-aspiration setup was also realised in the microfluidic environment, where each

cell was trapped at one of the microchambers and aspirated through a narrow microchannel

that served as a micropipette [41, 123–125].
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Different from these passive methods, active microfluidic methods are known for the addition

of external force fields including optical, electrical, magnetic or acoustic fields, in order to

extend the versatility and flexibility as opposed to a pure fluidic channel. Within the active

microfluidic methods for cell mechanical measurement, one popular optofluidic technique

(which is the integration of optics and microfluidics) is optical stretcher, a variant from optical

tweezer. In an optical stretcher, laser light is coupled into two optical fibres positioned at each

of the microchannel sidewalls and oppositely aligned with each other, such that two beams of

light are delivered to the opposite sides of the cell in the channel in a unfocused state [66]. The

cell is trapped in three dimensions and stretched along the light direction [46] (Fig. 2-6(a)).

The optical stretcher has been used in the applications of measuring cell mechanical property

[126] and distinguishing metastatic cancer cells [31, 127]. Other optofluidic methods include

optical alignment compression cytometry which traps one cell using laser and let another cell

collide into it following the flow [128], and Brillouin light scattering spectroscopy which

probes the cell mechanical property via light scattering [39]. In addition to optofluidic methods,

an electroporation flow cytometry was built to apply a DC voltage between channel ends,

triggering water and molecules influx through the cell membrane and mechanical swelling of

the cell [35]. Another electrical method is known as electrodeformation, stretching the cells

between two electrodes by dielectrophoretic (DEP) forces generated by AC electrical signals

[129, 130] (Fig. 2-6(b)).
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Figure 2–6. (a) Optical stretcher where the cells were stretched by two beams of laser from the

opposite optical fibres. Reprinted with permission from [31]. (b) Electrodeformation method

where the cells were deformed by AC signal-induced dielectrophoretic (DEP) forces between

two electrodes. Reprinted with permission from [130].

Microfluidic methods are in general lower in cost and higher in throughput as compared with

conventional techniques [131]. The microenvironment of the cells during acquisition is better

confined and constant in an enclosed channel other than an open environment. While the

passive microfluidic methods are capable of examining cell mechanics in a considerably high

throughput, it is usually difficult to adjust in-situ as the channel geometry is fixed once

fabricated. Active microfluidic methods are introduced in an attempt to improve the tunability

and versatility by combining the application of external force field into the microfluidic channel

[14]. Of the family of active methods, the magnetic methods are well-known for magnetic

micro-manipulation but uncommon in cell mechanical measurement, because the magnetics

does not interrogate the mechanical properties and requires additional magnetic materials that

may contaminate cells [132]. The optical and electrical fields are strong enough to deform the
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cell by the generated force gradient, but may damage the cells or even lead to apoptosis during

exposure, such as excess heating [133] or cellular structure change [35].

Due to these limitations, integrating acoustic field with microfluidics, also known as

acoustofluidics, has attracted research interests, as acoustic wave is naturally a mechanical

transverse wave propagating by means of compression and decompression. In addition, the

acoustic wave is believed to be safe on cells, not only because ultrasound has been widely used

in clinical practice, but also supported by many experimental studies [134, 135].

2.4 ACOUSTOFLUIDICS

Acoustofluidic methods appear to be a promising active tool in cell mechanics due to its

biocompatibility and mechanical nature. The fundamental of acoustofluidics will be introduced,

followed by a review of state-of-the-art applications.

Acoustic radiation force and acoustic streaming

Two effects of the acoustic field in the fluidic domain are acoustic radiation force and acoustic

streaming. The acoustic radiation force results from the momentum transfer to the particle in

the fluid exposed to acoustic wave, in the process of acoustic scattering due to the mismatch in

acoustic properties between the particle and the fluid. On the other hand, the acoustic streaming

refers to the oscillatory acoustic effect on the fluid, giving rise to a time-averaged vortex of the

fluid and then dragging the particles inside. In an acoustofluidic system at a fixed frequency, it

is known that the dominance between acoustic radiation force and acoustic streaming is

dependent on the particle size. Small particles are dominantly subjected to acoustic streaming,

whereas large particles are governed by acoustic radiation force [13, 136].

The fundamental theories of acoustic radiation force could date back to the 1930s when King

et al. first discussed the acoustic radiation force of travelling and standing acoustic wave on a

rigid, incompressible sphere [137] and a circular disc [138]. In the following decades, a number

of analytical theories were proposed, expanding the scope from a rigid, incompressible sphere

to a soft sphere with compressional sound velocity and/or shear sound velocity [139, 140].

These analytical theories were later reviewed and compared, found to be consistent with each

other [141] (Fig. 2-7). However, most of the analytical equations are in a very complex form

and confined to a certain combination of particle material, particle shape and acoustic wave

modality.
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Figure 2–7. Connection of the analytical theories for acoustic radiation force.  and  denote

the sound velocity and density of the sphere where applicable;  and  denote the

compressional sound velocity and shear velocity of the sphere where applicable;  and

denote the sound velocity and density of the fluid. Reprinted with permission from [141].

Furthermore, these analytical theories were summarised and generalised into a simpler form

by Gorkov based on the perturbation theory and scattering theory, enabling the calculation of

both acoustic radiation force and acoustic streaming for any general acoustic field [142, 143].

Specifically, a perturbation expansion was used to describe the fields in the fluid with acoustics:

= + + , (2-3a)

= + + = + + , (2-3b)

= + (2-3c)

where ,  and  denote the density field, pressure field and vector velocity field of the fluid;

the subscript 0 denotes the quiescent state; the subscript 1 denotes the first-order perturbation;

the subscript 2 denotes the second-order perturbation.

Assuming a time-harmonic expression for all first-order fields and combining with continuity

equation and Navier-Stokes equation, after a series of mathematical derivation which can be

found in [143, 144], we can obtain that the first-order fields follow the form of wave equation,

and the second-order fields can be determined from the first-order fields. Notably, the time-

averaged effect of the first-order fields is zero, given the term cos( ) in the wave equation

and that its time average cos( = 0. However, the time average of the second-order fields

is non-zero [143, 144]. The time-averaged second-order velocity  is the acoustic streaming

in the form of fluid movement, and the time-averaged second-order pressure  creates the

acoustic radiation force pushing the particle along or against the gradient.
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Hence, once defining or numerically simulating the acoustic field in terms of first-order fields

such as and , the acoustic radiation force and acoustic streaming velocity at any point can

be calculated using finite element method (FEM) for an arbitrary geometry [143, 144]. Many

numerical studies adopted Gorkov’s theory to simulate the acoustic fields in acoustofluidic

applications [136, 145, 146] (Fig. 2-8).

Figure 2–8. A simulation example of surface acoustic wave-induced field in a rectangular

microchannel. (a) Oscillating first-order pressure field  at one timepoint. (b) Oscillating first-

order velocity field  at one timepoint. Data from (a) and (b) can used to determine acoustic

radiation force (not shown). (c) Time-averaged second-order velocity  which induces

acoustic streaming. (d) Zoom of the time-averaged second-order velocity  in (c). Reprinted

with permission from [136].

A special case of Gorkov’s equation is a one-dimensional standing plane wave. Considering a

standing plane wave along the y-direction defined by the expression of ( , ) =

cos( ) sin ( )  with the wavenumber  and angular frequency , then the acoustic

radiation force ( ) can be given by the Gorkov’s equation as below [143].

( ) = 4 sin (2 ) (2-4a)
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(2-4b)

where  denotes the acoustic intensity;  denotes the so-called acoustic contrast;  denotes

the particle radius. The acoustic contrast  is dependent on the density ratio between particle

and fluid, , and the compressibility ratio between particle and fluid, .

Eq. (2-4) indicates a periodic force field pointing to the potential minimum in each period

known as pressure node. Notably, the equation is in the same form compared with one earlier

analytical theory regarding a soft sphere in standing wave by Yosioka and Kawasima [139].

Hence, many studies with a standing wave setup adopted Yosioka and Kawasima’s equation

instead and showed it is experimentally accurate [14, 15]. The equation also indicates the

mechanical nature of acoustics through the dependence on the particle compressibility related

to mechanical property.

Bulk acoustic wave (BAW) and its applications

Based on the way that the source of acoustics is coupled into the fluidic domain, the state-of-

the-art acoustofluidic methods can be divided into bulk acoustic wave (BAW) and surface

acoustic wave (SAW) [147]. Bulk acoustic wave (BAW) is named after its nature of

propagating across the bulk volume of the microchip material in an unguided manner (Fig. 2-9).

The BAW transducers are typically piezo ceramics such as lead zirconate titanate (PZT) and

attached to the periphery of microfluidic chip via a coupling layer made of glue or water. The

microfluidic channel serves as a resonant cavity to create a stable standing wave in the fluidic

domain. Hence, the reflection at microchannel wall and the dimensions of microchannel

matching the resonance conditions are essential [148]. In particular, the microchip material is

usually silicon or glass with a large difference in acoustic impedance compared with the

aqueous medium in use, maximising the reflection at the wall, while the commonly used PDMS

is inapplicable due to its similar acoustic impedance to water. The width of microchannel needs

to be a multiple of half wavelength and is usually set as half wavelength to enable a single

nodal plane in the centre [148].
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Figure 2–9. Schematic of a BAW microfluidic chip.

As discussed, the dominance between acoustic radiation force and acoustic streaming depends

on the particle size once the acoustic field is given. One study systematically analysed the ratio

of the two effects based on experiments and simulations in a typical BAW setup, and suggested

the diameter threshold was around 1.4 µm at the frequency of 2 MHz [149]. This threshold was

smaller than usual cell size, indicating that cells will be dominated by acoustic radiation force

in most BAW setups. Since the acoustic radiation force is shown to relate to the compressibility,

several BAW applications have been established for mechanical measurement through the

evaluation of acoustic radiation force based on the driven motion (such as acceleration, velocity

or trajectory), including characterising cell mechanophenotype [15, 150, 151], understanding

cell mechanics in relation to cancer metastasis [127, 152] and measuring the compressibility of

C. elegans [153].

In addition to the cell mechanical measurement, BAW is capable of single-cell manipulation

and continuous cell separation due to the acoustic radiation force. Cells, microbeads and

droplets can be focused at the pressure nodes by the acoustic radiation force of the resonant

standing wave [16, 154, 155]. The similar setup with a single pressure node in the centre of

half-wavelength resonant microchannel can also be adapted for binary size-based separation,

in which the pre-focused, heterogenous samples travelled through the acoustic area in a

continuous flow and ended up exiting via either of the central or side outlets. Since the acoustic

radiation force is related to particle size, the binary size-based separation was based on the

different acoustic radiation forces due to size difference of heterogenous samples, leading to

different speed towards the pressure node and sorting the samples into groups (Fig. 2-10). The

size-based separation was applied for microbeads with different sizes [156, 157], circulating
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tumour cells from whole- or partial-blood sample [20, 158], non-viable cells from the viable

[159] and cells in different cell cycles [160].

Figure 2–10. A BAW size-based separation microfluidic chip. A mixture of viable and

nonviable mammalian cells, which were later measured with the diameters of 18.4 ± 2.1 µm

and 15.5 ± 1.9 µm, respectively, was injected at the sides, while a stream of suspension buffer

was injected in the centre. The acoustic radiation force preferentially pushes larger, viable cells

toward the acoustic pressure node in the centre, but is insufficient to move the smaller,

nonviable cells to the centre. Reprinted with permission from [159].

However, a key limitation of BAW is the reliance on the resonance from the microfluidic

channel sidewalls to establish stable acoustic fields, such that the acoustics and fluidic

geometry are highly coupled and restricted by each other. Furthermore, the coupling not only

restricts the geometric design of both fluidic and acoustic domains, but also limits the choice

of microchip material to acoustic-reflective materials, such that the acoustic-absorbent PDMS

known for ease of fabrication and optical transparency cannot be used.

A few studies utilised a different setup with a bulk focused transducer generating focused

acoustic wave at an area of the attached PDMS microchannel, and demonstrated the

applications in microparticle trapping, droplet sorting and acoustic-induced cell deformation

[161–164]. The concept of the setup is similar to the setup of optical tweezer as described in
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Section 2.2, in which acoustics and fluidics could be independent, but is limited for the similar

reasons as optical tweezer such as the complexity due to the combination of a macroscale

transducer to a microscale channel.

Surface acoustic wave (SAW) and its applications

As opposed to BAW, the acoustic waves propagate at the surface of piezoelectric substrate in

a typical SAW setup and the oscillatory displacement magnitude deceases exponentially with

the depth below the surface. The best-known form of surface acoustic wave, later known as

Rayleigh wave, was firstly investigated by Lord Rayleigh in 1885, composed of a longitudinal

and a vertically polarized shear component [165]. Although other forms of SAW exist due to

different piezoelectric properties of materials such as Love wave (which is a shear-horizontal

wave at the substrate surface), the discussion of SAW will focus on the form of Rayleigh wave

in the following, as most SAW microfluidic methods exploit Rayleigh SAW.

As shown in Fig. 2-11. the excitation of SAW is through a periodic metal structure deposited

on the piezoelectric substrate surface. The metal structure is known as interdigital transducer

(IDT) and composed of a pair of comb-shaped metal layers as electrodes to receive AC

electrical actuation. The pattern and dimension of IDT determines the performance of SAW

such as bandwidth and propagation direction. For example, the period of IDT, which is the

distance between two nearest periodic IDT fingers, defines the acoustic wavelength . The

resonant frequency  is determined by the wavelength  and the sound velocity of piezoelectric

substrate , where = / . Beside the typical IDT with straight and uniform finger patterns,

a number of variants have been proposed, including focused IDT with annular fingers that can

focus SAW to a focal point [166], and chirped IDT [18] and slanted IDT [167] with a gradient

of finger width along or normal to the SAW propagation direction allowing for wider

bandwidth.

Once applying an AC signal onto the IDT, the SAW can be generated due to the piezoelectric

effect that converts electrical energy to mechanical strain, propagating from the IDT aperture

at the substrate surface. When the SAW encounters the fluid in a microchannel along the

propagation path, the SAW refracts into the fluid and the refracted waves are also called leaky-

SAW or pseudo-SAW. The refracted waves then travel along the direction at a certain angle,

known as Rayleigh angle. The Rayleigh angle  is given by = arcsin ( ), where

and  denote the sound velocities of the liquid and the piezoelectric substrate, respectively.

For the commonly used piezoelectric substrate 128° Y-cut lithium niobate (LiNbO3) and
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aqueous medium, the Rayleigh angle is about 22° [14]. On the other hand, when there are two

IDTs at each side of microchannel, two counter-propagating SAWs can be generated and

refracted into the fluidic domain, interfering with each other and forming a standing wave in

the fluid.

Figure 2–11. (a) IDT pattern from top view. (b) SAW microfluidic chip with one IDT

generating a travelling surface acoustic wave (TSAW) from side view. (b) SAW microfluidic

chip with two IDTs generating a standing surface acoustic wave (SSAW).

The SAW microfluidic setups with one IDT are usually known as travelling surface acoustic

wave (TSAW) methods. Although TSAW method has been utilised in an open environment

without an enclosed channel such as manipulating liquid droplet on the surface [147, 168], we

will focus on the applications with an enclosed microfluidic channel. As the acoustic wave

refracts into the fluidic domain and transfers the energy, the fluid is perturbed such that TSAW

allows for applications in fluid mixing [169–171], flow switching [172] and pumping [173]. In

addition, the particles in the fluid can also be manipulated or sorted by TSAW. For example, a

focused TSAW was applied to push and collect the labelled particles of interest in the flowing

heterogeneous population, comparable to fluorescence activated cell sorting (FACS) [166, 174,

175] (Fig. 2-12). TSAW was also used to sort one type of microbeads from another based on

the difference in physical properties [176, 177]. These applications of particle manipulation or

sorting are enabled by the TSAW effect on the fluidic domain including drifting, patterning or

streaming vortices [178], and/or the interaction between microchannel wall and acoustic wave

in the near-wall area [179].
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Figure 2–12. A focused TSAW microfluidic chip with a focused IDT (FIDT), used to sort at

the single-particle level upon activation. Reprinted with permission from [166].

The SAW microfluidic setups with one or multiple pairs of IDTs are known as standing surface

acoustic wave (SSAW) methods, as a standing wave is formed by two opposite IDTs. As an

acoustofluidic method, acoustic radiation force and acoustics streaming are also observed in

SSAW setups. The acoustic streaming in SSAW could be used to mix fluids in a similar manner

to TSAW [180], and the acoustic radiation force, however, is more extensively considered

because it is dominant for the cells or microbeads with the size of microns. The acoustic

radiation force pushes the particles to the pressure node of standing wave, which can be utilised

for the applications of particle focusing in a microchannel [17, 181–183]. The signals applied

to the pair of IDT can be adjusted in order to control the focused line in the case of one pair of

IDTs [184] or the focused point in the case of two orthogonal pairs of IDTs [18], opening the

possibilities of 1D, 2D and 3D cell movement and manipulation. The applications of cell

manipulation can be achieved by frequency change enabled by chirped or slanted IDTs [18,

167, 185], phase shift [186, 187], and pulsed actuation [188]. Additional efforts were made to

realise 3D manipulation by considering upward lifting of acoustic streaming [187], to refine

the spatial resolution by increasing frequency [189] and to introduce more than two pairs of

IDTs in a spiral arrangement [190].

Another well-known application of SSAW is continuous cell separation. One typical SSAW

setup is identical to that in BAW, sorting particles based on difference in acoustic radiation

forces and thereby speed towards pressure node in a half-wavelength microchannel. It has been

applied for size-based separation of microbeads [191], density-base separation of microbeads

[192] and cell capsules [193], size-base separation of Escherichia coli bacteria from peripheral

blood mononuclear cells [21]. However, the separation occurred within the half-wavelength
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area between two nearest pressure nodes or pressure antinodes, and the half wavelength could

be less than 100 µm for the SSAW setups using the frequency of tens of MHz, limiting the

separating displacement of particles and reducing the spatial tolerance. Compared to BAW,

SSAW decouples the acoustic and fluidic domains, allowing for more flexible designs for

acoustics and flow. By placing the flow with a tilted angle with respect to the pressure node,

the flow is made to drive the particles across multiple pressure nodes while the acoustic

radiation force tends to retain the particles. The balance between these two effects creates a

sensitive binary separation, and this so-called tilted-angle SAW method has been utilised for

microbeads with different sizes [194–196] and circulating tumour cells from white blood cells

[194, 197, 198], showing higher efficiency and throughput (Fig. 2-13). Other improvements

for increasing the performance of continuous separation include dynamically adjusting input

electrical signals in terms of phase [199, 200] or frequency difference [201], customising the

acoustic impedance of medium [202], and utilising the travelling wave component due to

attenuation [203].

Figure 2–13. A tilted-angle SSAW microfluidic chip that continuously drives the mixture of

circulating tumour cells (CTC) and white blood cells (WBC) across multiple pressure nodes.

The acoustic radiation force tends to retain the larger CTCs and pushes them to the collection

outlet. Reprinted with permission from [198].

2.5 SURFACE ACOUSTIC WAVE MICROFLUIDICS FOR CELL MECHANICAL

MEASUREMENT

As reviewed in the above sections, there are several BAW applications for cell mechanical

measurement. They were constructed in a half-wavelength silicon microchannel which
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accommodates the resonation of acoustic waves. The initially scattering cells were pushed to

the same pressure node and the trajectory was the readout containing the information of cell

mechanical properties. For example, Hartono et al analysed the trajectory of initially scattering

cells being dragged to the center of microchannel by BAW, and calculated the magnitude of

acoustic radiation force and therefore the cell compressibility for cancer cell lines [15]. Yang

et al developed a BAW setup combined with optical lasers, where they positioned cells in the

center using the lasers and applied the acoustic radiation force dragging the cells to the sidewall,

for the purpose of extracting the cell compressibility [127].

However, due to the mechanism of BAW, the acoustic field is highly coupled with the fluidics,

so that the pressure node in the half-wavelength setup is always at the microchannel centreline

and cannot be adjusted. The initial scattering and therefore the different displacement each cell

went through may lead to uncertainties in measurements [15]. In addition, the requirement of

acoustic resonation leads to the microchannel limited to acoustic-reflective materials such as

non-transparent silicon, causing difficulties in optically capturing the motion of cells.

On the other hand, SAW overcomes the limitations by decoupling acoustics from fluidics. As

a result, the SAW applications including 3D microparticle manipulation and tilted-angle

continuous separation would be difficult to achieve in a half-wavelength BAW setup. However,

the SAW applications of cell manipulation [187] and cell size-based continuous separation

[194, 197, 198] did not provide any measure of cell mechanical properties such as

compressibility. The implementation of SAW for cell mechanical measurement to overcome

the limitations caused by BAW is lacking.

To date, there are very few studies focusing on cell mechanical characteristics with a SAW

setup. A recent study applied a tilted-angle SAW setup as an attempt to measure cell

mechanical properties, but could not provide single-cell measurement and instead assumed a

constant mechanical modulus for the whole population [204]. Another recent study used SAW

for a continuous separation between fixed and live cells by considering the difference in

mechanical properties and based on the experimentally optimised choice of medium, but did

not provide a measure on cell mechanical characteristics [202]. Hence, the single-cell

mechanical measurement using SAW has not been established in literature and needs to be

explored.

The current acoustofluidic methods for cell mechanical measurement have mainly focused on

cell populations with known differences in phenotypes such as cell types or cell lines. The



29

measurements have not been linked to the biological activities such as responses to drug

treatment or cellular structures such as cytoskeleton that is believed to determine cell

mechanics. In addition, the acoustofluidic methods have not been compared with the

conventional techniques in terms of performance and measured mechanical moduli. The

relationship between acoustofluidic methods and other techniques is not fully understood.

Hence, a comprehensive characterisation for acoustofluidic method is needed, including the

link to biology and the comparison to the conventional benchmark.

Although the current acoustofluidic methods exhibited a higher throughput than the

conventional techniques, the throughput has been limited because it was not operated under a

continuous flow [15]. As a result, the measurements were usually less than 100 cells per cell

population, which may not be enough to reveal the heterogeneity of the cell population [4]. A

recent study attempted to adapt the typical BAW setup to a continuous-flow condition by

measuring the cut-off position of cells before reaching pressure node, but the reported

measurements were still tens of cells for each population [150]. Given the successful reported

examples using SAW under a continuous condition, a SAW method in the format of a

continuous flow cytometry based on cell mechanical property with enhanced throughput and

larger amount of measurements is needed.

2.6 SUMMARY

In this review chapter, it is demonstrated that cell mechanics and cell mechanical property play

an important role in cellular processes and can be a label-free biomarker for single-cell bioassay

and diagnostics. Based on the mechanical models describing cellular behaviour, the

conventional techniques for cell mechanical measurement have effectively provided insights

into cell mechanical characteristics. But they are greatly limited in utility due to the high cost,

complex protocol and low throughput. The emerging lab-on-a-chip microfluidic technique is

shown to lower the cost and increase the throughput, of which active microfluidics has more

tunability and flexibility than passive microfluidics. Among the active microfluidic methods,

the integration of acoustics and microfluidics, known as acoustofluidics, appears to be more

suitable for cell mechanical measurement than the optical, electrical and magnetic counterparts,

due to the biocompatibility and mechanical nature of acoustic waves.

The two major acoustofluidic methods, BAW and SAW, have been used in a broad range of

single-cell applications such as cell manipulation and separation. The two methods show a

difference in the mechanisms of acoustic actuation and acoustofluidic integration, where the
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acoustic and fluidic domains are coupled because of the half-wavelength resonance in BAW

but become independent in SAW. The decoupling of acoustics and fluidics in SAW leads to

better flexibility in design and actuation control, such that the methodological improvements

that would be difficult for BAW were fulfilled in the SAW applications [14].

Then, a few gaps have been found in the literature. (i) Although there are some instances using

BAW for cell compressibility measurement as shown in this review, the application of SAW

for cell mechanical measurement has not been established. (ii) The cell mechanical

characteristics measured by acoustofluidic methods has not been compared with the benchmark

set by the conventional techniques, and its relation to cellular interior structure has not been

understood. (iii) SAW is capable of continuous separation in many studies from the literature,

but the possibility of a high-throughput continuous flow cytometric analysis of cell mechanical

property has not been fully investigated.
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CHAPTER 3. METHODOLOGY

3.1 MICROFLUIDIC DEVICE FABRICATION

Multiple microfluidic devices are used in this dissertation and the basic fabrication methods

are similar. Hence, in this section, the basic fabrication methods will be summarised including

soft lithography, metal deposition, assembly and alignment. The fabrication process for each

microfluidic device is a slightly different combination of these methods and will be explained

in detail in the next chapters containing individual devices.

3.1.1 Soft lithography

Lithography, also known as photolithography, is used in microfabrication to print a

micropattern onto a thin film or the bulk of a wafer. The steps include application of a

photosensitive layer (i.e. photoresist), optical exposure when covered by a photomask made

with the desired micropattern, and immersion in a developer solution to dissolve the exposed

or unexposed photoresist and to render the micropattern on the photoresist. These steps are

usually followed by physical or chemical treatments which etch the wafer or allow for

deposition of new materials onto the wafer based on the built micropattern, and finally washing

away the photoresist. Soft lithography is a complement to the standard lithography, and it is

called “soft” because of the usage of elastomeric materials such as polydimethylsiloxane

(PDMS). It can subsequently use the wafer built by the standard lithography as a mould,

repeatedly casting PDMS onto the mould and peeling off the PDMS with the micropattern that

can be later used as a microfluidic channel.

The lithographic manufacture is processed layer by layer, so a one-layer microstructure such

as a microchannel with a uniform height is the simplest and most standard. The fabrication

process of a one-layer microstructure is shown in Fig. 3-1. Firstly, the 2D geometry of the

microchannel from top view was designed in AutoCAD (2015, Autodesk) and an open-source

software KLayout (Köfferlein M.). Then, the 2D design was imported to the mask writer (IMP

SF100), and a photomask made of 3mm-thick soda lime glass with Cr coating was built with

the desired 2D micropattern. After dehydration bake of a clean 4-inch silicon (100) wafer at

200°C for 10 minutes to ensure strong adhesion, a thin layer of negative photoresist SU-8 was

spin-coated on the wafer where the SU-8 product number and the spinning parameters were

chosen based on the desired thickness and the datasheet. The wafer was soft baked at 95°C for

5 min, exposed to UV (ABM-USA, Inc.) with the photomask in hard contact for a dose of 125
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mJ/cm2, post-exposure baked at 95°C for 3 min and developed in SU-8 developer until clear.

Then, the silicon wafer with the patterned photoresist was etched by the desired height of

microchannel using Bosch etching (Oxford Plasmalab 100) at approximately 0.30 µm per cycle,

followed by the removal of photoresist with Piranha wet cleaning and oxygen plasma to ensure

cleanliness and the deposition of a thin film of C4F8 for anti-stick coating. It marked the finish

of making the one-layer silicon mould, which can be later repeatedly used to cast PDMS

microchannels.

An alternative to the one-layer silicon mould is a one-layer SU-8 mould for the purpose of

quick prototyping. The fabrication of a SU-8 mould is very similar to but a little easier than

that of a silicon mould, because the silicon etching is left out and SU-8 remains on top of the

silicon wafer as the mould.

In order to make PDMS microchannels from the mould, PDMS (Sylgard-184) with a mixing

weight ratio of 10:1 (base : curing agent) was cast onto the mould, degassed at vacuum for 30

min, cured at 80 °C for 1 hour, peeled off from the mould and diced into individual channels

for future use. The channel inlet and outlet were created with a diameter of 0.5 mm using a

puncher (Harris Uni-Core).
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Figure 3–1. The fabrication process of a PDMS microchannel from (a) a one-layer silicon

mould, or (b) a one-layer SU-8 mould.

As shown in Fig. 3-2, multi-layer microstructure can be made by dividing the 3D structure into

multiple 2D layers and then repeating the one-layer lithographic processes as described above.

Firstly, two photomasks were built, each of which contained the design of one layer and a

mutual alignment marker. Then, the first layer was made of silicon using the first photomask,

the same as the procedures used in a one-layer silicon mould, including SU-8 photoresist spin-

coating, UV exposure and development of SU-8, silicon dry etch Bosch etching and final

cleaning. After building the first layer made of silicon, the second layer was made of SU-8 in

addition to the first layer. The procedures were the same as that of a one-layer SU-8 mould,

including SU-8 photoresist spin-coating, UV exposure and development of SU-8, and final

cleaning. Importantly, the alignment marker was used to align the second photomask to match

the locations of two layers during UV exposure.
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Figure 3–2. The fabrication process of a PDMS microchannel from a two-layer mould

composed of a silicon layer (the 1st layer) and a SU-8 layer (the 2nd layer).

3.1.2 Metal deposition

Metal deposition is used to deposit thin films of metal and particularly for the fabrication of

IDT structure on a piezoelectric substrate of the SAW microfluidic devices (Fig. 3-3). Firstly,

the IDT structure with the period of 300 µm and the finger width of 75 µm was designed in

AutoCAD (2015, Autodesk) and KLayout (Köfferlein M.), imported to the mask writer (IMP

SF100) and built into a photomask. Then, a thin layer of AZ4562 photoresist was spin-coated

on a 128° Y-cut X-propagation lithium niobate (LiNbO3) wafer, followed by a prebake at

110 °C for 180 seconds and UV exposure (ABM-USA, Inc.) for a dose of 150 mJ/cm2. After

photoresist development, an e-beam evaporator (Intlvac) was used to deposit a double metal

layer (Ti/Au, 50 Å/800 Å) onto the LiNbO3 wafer. The wafer was then immersed in acetone

to dissolve the photoresist pattern, lifting off the photoresist and the metal on top of the

photoresist.
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Figure 3–3. The fabrication process of IDT structure on a piezoelectric LiNbO3 substrate.

3.1.3 Assembly and alignment

After building the superstrate and substrate of a microfluidic device, the two parts need to be

bonded to form a sealed microchannel using plasma-activated bonding (Fig. 3-4). Plasma-

activated bonding increases the bonding strength of surfaces via surface activation, and

therefore allows for the bonding of surfaces at low temperature. A plasma cleaner (PDC-002,

Harrick Plasma) was used to activate the surfaces of the two parts with air at the pressure of

400 mTorr with the power of 30 W for 90 seconds. Before bonding the two plasma-activated

parts, they need to be aligned with each other. Two alignment methods were used. The first

method was to add a drop of isopropanol (20-40 µL) as lubricant between the two parts to delay

the bonding for a few minutes and then manually align the parts under a microscope. The

second method was lubricant-free, performing the alignment on a customised platform with the

lower part fixed and the upper part moving with three translational degrees of freedom and one

rotational degree of freedom. Once aligned, the microfluidic device was baked at 60°C for at

least 2 hours (for SAW device) or 80°C overnight (for micropipette-aspiration device) to

enhance the bonding.
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Figure 3–4. Alignment and bonding of SAW device (top) and micropipette-aspiration device

(bottom).

3.2 EXPERIMENTAL SETUP

During an experiment, the microfluidic chip is fixed on a transparent heating stage (D110,

Okolab) on the platform of an inverted microscope (IX51, Olympus), surrounded by the flow

system, electrical system if applicable, and control and data acquisition system (Fig. 3-5).

Figure 3–5. Experimental setup including microfluidic device, microscope, flow system,

electrical system and control and data acquisition system.
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3.2.1 Flow system

The flow system in the experiment setup is for injecting the sample or buffer into the

microfluidic chip and controlling the flow rate at the scale from millilitres per minute to

nanolitres per minute. It comprises of a syringe pump (Legato 180, KD Scienti c), a syringe,

Luer adaptors, tubing and collection tubes. The syringe pump gradually and smoothly pushes

the syringe via a stepper motor and transfers a precise amount of liquid at an accurate rate. The

Luer adaptors can be a needle or a Luer-to-thread adaptor, creating a seamless connection

between the syringe and tubing. The other end of tubing is inserted into the inlet hole of

microfluidic chip directly or via a hard steel tubing. The outlet hole is similarly connected with

the tubing to the collection tube.

The choices of syringe and tubing will influence the responsiveness of fluidic system. Taking

an resistor–capacitor (RC) circuit as an analogue, the responsiveness of fluidic system is

dependent on the fluidic resistance and fluidic capacitance [205]. In the open-loop syringe-

pump-driven fluidic system in our study, the fluidic resistance is mainly determined by tubing

cross-sectional geometry and length and the fluidic capacitance is determined by the rigidity

of system. The systems with two types of syringe and two types of tubing were tested with a

flow sensor (MFS 1, Elveflow), respectively, for characterising the responsiveness represented

by step response in relation to syringe and tubing materials. The syringe was either a glass

syringe (Hamilton) or a disposable plastic syringe (Terumo) both in the volume of 1 ml. The

tubing was made of either hard PTFE or soft PVC. The results show that the combination of

glass syringe and PTFE tubing provided the quickest response, with a fitted exponential time

constant of ~0.5 min (Fig. 3-6). Hence, the combination of glass syringe and PTFE tubing will

be used in a flow-rate-sensitive application, such as the micropipette-aspiration device (Chapter

5) that needs stepwise increasing flow rates. Other combinations are acceptable when it is

insensitive to flow rate.
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Figure 3–6. Flow rate characterisation with regard to syringe and tubing materials, represented

as a step response from 0.05 to 0.1 µl/min (left) and a step response from 1 to 0.05 µl/min

(right).

The accuracy and stability of fluidic system was also characterised using the flow sensor (MFS

1, Elveflow). When the system reached a steady state, the fluidic system showed a coefficient

of variation (CV) of 1% and an error of 5% overall. Particularly, the steady flow rate is always

lower than the set, so the error appears to be a systematic error that can be compensated for.

3.2.2 Electrical system

The electrical system in the experiment setup is only for the SAW devices (Chapter 4 to 6) that

requires the input of sinusoidal electric signals with the frequency that matches the IDT. The

system comprises of a two-channel signal generator (DG-4102, RIGOL), coaxial cables with

alligator clips at one end, and an RF power amplifier if necessary. The two-channel signal

generator allows for the separate signal control of each IDT, the phase adjustment between two

IDTs, and various forms of waveform modulation.

When the required voltage to the IDT is less than 20 Vpp, the coaxial cables directly connect

the signal generator to the IDTs. When the required voltage is higher than 20 Vpp, the maximum

output of signal generator, the RF power amplifier is in use. The IDT in our study has been

constantly designed for a resonant frequency of 12.8 MHz, which is determined by the period

of IDT fingers and the acoustic velocity of LiNbO3. Hence, the amplifier was characterised

only at this frequency using an oscilloscope (DS-1102E, RIGOL). The amplification factor was

calculated as 40 dB at 12.8 MHz, equivalent to 100-fold increase in voltage (Fig. 3-7).
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Figure 3–7. Characterisation of the RF power amplifier at 12.8 MHz.

The IDTs were reported to generate heat in a similar 13-MHz SAW device [170]. In the

previous report, the temperature increase was only observed when applied voltage was above

35 V [170]. The highest voltage used in this dissertation is 30 V. Hence, it is expected that the

heating effect can be negligible in this study. In addition, the frequency response or impedance

matching of IDTs are not measured, as the single frequency and constant power input used in

this study are expected to generate a stable power to the IDT and therefore stable acoustic field

regardless of possible power loss. Measurements and reviews of the frequency response and

impedance matching of IDTs are available in [206, 207].

3.2.3 Control and data acquisition system

A digital monochrome camera (BM-141GE, JAI cameras) is mounted on the microscope and

used to record images. The images can be acquired using the default software JAI Control Tool

(JAI cameras) in a single shot or image stacks. However, the software stores the acquired

images in the memory temporarily and requires a following write into the hard disk in bulk

when the acquisition ends. Hence, it does not allow for a continuous write such that the

maximum number of images for one batch is limited by the memory capacity. For example, it

is limited to thousands of images in our setup, accounting for less than two minutes. On the

other hand, the fluidic system and electrical system need interaction during the experiment and

some information need to be recorded in synchronization with the image recordings.

A central integrated control and data acquisition system has been developed based on

LabVIEW (National Instruments), featuring real-time image acquisition, display and

continuous write into hard drive without memory limit, and user-friendly control of camera,

syringe pump and signal generator. The user interface is shown in Fig. 3-8, including status
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and file management panel, camera panel and control panel. The camera, syringe pump and

signal generator are connected to a computer via Ethernet or USB ports and the communication

is based on NI-VISA and NI-IMAQ drivers. The overall programmatic structure is based on

the well-known Producer/Consumer design pattern, that is, the producer loop continuously

acquires the real-time image from the camera and adds to the data queue, and the consumer

loop independently processes the data and responds to user interaction.

Figure 3–8. User interface of the custom control and data acquisition system based on

LabVIEW.

3.3 ACOUSTIC FIELD VALIDATION

The SAW field in this setup needs to be experimentally characterised and validated. Following

the procedures as described above, I built a piezoelectric LiNbO3 substrate with a pair of IDTs

that has a resonant frequency of 12.8 MHz and a single straight PDMS microchannel with a

height of 40 µm and a width of 150 µm or 450 µm, which were then aligned and bonded into

a SAW microfluidic device. The height was chosen to allow for microparticles to be tested in

this dissertation ranging from 3 µm to 15 µm in diameter. The width was chosen to allow for

either one pressure node (150 µm) or maximum three pressure nodes (450 µm) in the

microchannel. The SAW microfluidic device was set up and tested with polystyrene

microbeads, in order to observe the acoustic effect on microparticles.
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3.3.1 Theory

Upon the excitation of SAW through applying an AC signal with the resonant frequency onto

each of the two IDTs, two counter-propagating SAWs can be generated, propagating at the

substrate surface and forming a standing wave in the fluidic domain, also known as standing

surface acoustic wave (SSAW) as reviewed in Chapter 2. With the presence of micron-sized

microbeads, the dominant acoustic effect will be the acoustic radiation force pushing the

microbeads along or against the acoustic potential gradient (Fig. 3-9). A number of theories

describing acoustic radiation force have been reviewed in Chapter 2, and in this study I take

the equation of Yosioka and Kawasima’s [139], which is shown to be experimentally accurate

[14, 15] and consistent with the generalised Gorkov’s equation [143]. The form of Yosioka and

Kawasima’s equation for a SSAW setup is shown as below, describing the acoustic radiation

force  from a standing wave along the y-direction.

( ) =
2

5 2
2 +

sin(2 ) (3-1a)

= (3-1b)

where ,  and  denotes the density, compressibility and volume of the particle

respectively;  and  denotes the density and compressibility of the medium repectively;

and  denotes the density and acoustic velocity within substrate respectively;  denotes the

distance away from pressure node and = 0 coincides with pressure node;  and  denotes

the wavelength and the wavenumber of acoustic wave respectively;  dentoes the input power

to the IDT;  denotes the working area of IDT; denotes the energy coefficient. It is

notiecable that this equation is equivalent to Eq. (2-4) in Chapter 2, with a slight adaptation to

the SSAW setup.

Another governing force on the microparticle is the well-known Stoke’s drag force from the

fluid.

= 6 (3-2)

where  denotes the dynamic viscosity;  denotes the radius of the particle;  denotes the

particle velocity relative to that of the flow.
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Figure 3–9. Schematic of microparticles being pushed to the pressure node by the total effect

of acoustic radiation force actively driving the motion and Stoke’s drag force dampening it.

3.3.2 Particle focusing

Polystyrene microbeads with a diameter of 3 µm (Sigma-Aldrich) comparable to cell size were

injected into the 150 µm-width SAW microfluidic chip while the acoustics was switched off.

In the design, one of the pressure nodes coincided with the centreline of microchannel. It was

observed that the polystyrene microbeads were firstly dispersed, and then moved to the

centreline once the acoustics was turned on with a voltage amplitude of 14 Vp-p (Fig. 3-10(a)

(b)). Subsequently, the trajectory of microbeads being pushed upon turning on the acoustics

was captured. Since the pressure node is parallel to the microchannel direction, the acoustics

only influenced the lateral motion. On the other hand, the theoretical motion could be

calculated by combining Eq. (3-1) and Eq. (3-2), with all parameters known including

dimensions, input power, calibrated energy coefficient and physical properties of polystyrene

and water (Fig. 3-10(c)). A summary of the values can be found in Section 4.7.2 and Section

4.7.4. Finally, we compared the experimentally-captured lateral motion with the theoretical

counterparts, and they were closely matched with a fitting residual error of 0.54 µm (defined

as the root mean square of the difference between the experimental and simulated

displacement). These observations experimentally prove the effectiveness of acoustic radiation

force in the SAW setup and the reliability of theoretical analysis.
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Figure 3–10. Images of 3-µm polystyrene microbeads inside the SAW microfluidic chip (a)

before and (b) after switching on the acoustic waves under no-flow condition. (c) Experimental

trajectory and theoretical trajectory of the microbeads moving towards the pressure node.

3.3.3 Particle manipulation using phase modulation

Polystyrene microbeads with a diameter of 3 µm were again injected into the 450 µm-wdith

SAW microfluidic chip, with a larger width allowing for the presense of maximum three

pressure nodes. Two synchronised AC signals were applied onto the two IDTs, respectively,

and the phase difference  can be tuned via the signal generator. Upon the excitaion of SAW

device with = 0° , three focused lines of polystyrene microbeads were observed,

corresponding to the pressure nodal lines. Then, the phase difference  was changed from 0°

to 360° with an increment of 90°. As a result, the focused lines moved downwards accordingly

(Fig. 3-11). The initial bottom-most line hit the sidewall after = 180°, and a new line
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appeared from the top in the end. At = 360°, the same pattern of three focused lines

appeared as a result of the initial pattern moving down by one cycle. The average reverse

grayscale along the lateral direction was plotted for each stage (Fig. 3-11). The peak in reverse

grayscale refers to a focused lines of microbeads, as the microbeads are darker than the

environment. These observations prove the effectiveness of phase modulation adjusting the

spatial modality of SAW field, and demonstrate the capibilty of particle manipulation. As the

microbeads were initially dispersed and dragged by the flow to the field of view, there were a

small portion of microbeads present between the focused lines, which were approaching but

did not reach the pressure nodes due to insufficient acoustic exposure (Fig 3-11). This

phenomenon disappeared when reducing the flow rate or increasing the acoustic intensity (not

shown).

Figure 3–11. Focused lines of 3-µm polystyrene microbeads in response to phase modulation

from = 0° to = 360°. The average reverse grayscale along the lateral direction was

plotted next to the image at each stage.

3.4 SUMMARY

This chapter summarises the microfluidic fabrication methods including soft lithography, metal

deposition, assembly and alignment. It also demonstrates the experimental setup including flow

system, electrical system, control and data acquisition system. The theory of SAW-induced

acoustic field is introduced, followed by the experimental validation using particle focusing

and phase-modulated manipulation. The results prove the reliability of theoretical analysis for
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the acoustic radiation force in the SAW setup, the effectiveness of phase modulation adjusting

the spatial modality of SAW field, and the capibilty of particle manipulation using SAW.
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CHAPTER 4. CELL COMPRESSIBILITY MEASUREMENT USING

PHASE-MODULATED SURFACE ACOUSTIC WAVE

4.1 NOTE TO READER

This chapter has been previously published as a research article titled “On-chip cell

mechanophenotyping using phase modulated surface acoustic wave” in Biomicrofluidics and

it is utilised with the permission of publisher [22].

In this chapter, a phase-modulated surface acoustic wave (SAW) microfluidic device was built

to measure the compressibility of cells and differentiate cell mechanophenotypes. Polystyrene

microbeads and poly(methyl methacrylate) (PMMA) microbeads were first tested in order to

calibrate and validate the acoustic field. Following, A549 human alveolar basal epithelial cells

(A549 cells), human airway smooth muscle cells (HASM cells) and MCF-7 breast cancer cells

were tested and compared in terms of cell compressibility and cell size. In addition, MCF-7

cells treated with colchicine and 2-methoxyestradiol, respectively, disrupting the cell

microtubules, were tested together with the control group. Computer simulation was carried

out to investigate the effect of cell compressibility and cell size and to examine the sensitivity

of measurement.

This study aims to demonstrate the capabilities of SAW microfluidic device in measuring cell

compressibility and differentiating cell types or cellular structural conditions.

4.2 INTRODUCTION

Cell mechanobiology is an approach to describe how the mechanical properties of cells affect

or reflect biological activities, such as understanding cell function or identifying the impacts of

human disease at the cellular level [33, 51, 208]. Cell mechanophenotyping is one of the key

aspects of cell mechanobiology. The mechanical properties of cells have been used to examine

and differentiate cells from healthy donors or patients, and different cell types [12, 39, 104].

For example, the abnormalities in the mechanical properties of red blood cells was impacted

by sickle cell anemia [209] and malaria [30, 210]. Moreover, circulated tumour cells in the

process of metastasis showed distinct mechanophenotype compared with those in the primary

tumour [31, 99, 211]. These studies highlighted the importance of the mechanical properties of

cells, which could be exploited in single-cell bioassay for diagnostic applications.
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Conventional methods for measuring the mechanical properties of single cell have been well

established, such as atomic force microscopy (AFM), optical tweezer and micropipette

aspiration [9, 55, 65, 66, 71, 81, 212]. However, these methods are limited by high equipment

cost, time-consuming protocol and low throughput. For example, micropipette aspiration

requires a well-trained experimenter to look into the eyepieces of microscope, operate multiple

devices until the micropipette tip contacts the cell membrane, adjust suction pressure, record a

stack of images and post-process data, which makes it difficult to use [78].

In contrast, several emerging microfluidic techniques have been proposed that are low in cost

with higher throughput for measuring the mechanical properties of cells. Such techniques

include microfluidic devices that deform the cells by either mechanical constraint or

hydrodynamic stress, i.e. passive microfluidics, while few studies have incorporated an active

external field into the microfluidic devices to increase the potential, versatility and functionality,

i.e. active microfluidics [110, 116, 118, 120]. Acoustophoretic microfluidics is one of the active

methods combining the application of an acoustic field with microfluidics. A commonly-used

acoustophoretic microfluidic method is the bulk acoustic wave (BAW), generated using a

piezo-ceramic transducer (PZT), that travels across the bulk volume of material (such as silicon

or glass) from the PZT side to the other side comprising the fluid domain. BAW has been used

to measure the cell’s bulk modulus and compressibility [15, 127, 213], enrich cell

subpopulations [20] and separate different cell types [156, 157]. Recently, a size-independent

BAW device was built based on inhomogeneous fluid with acoustic contrast gradient, and

measured the mechanophenotypes of cell lines and leukocytes [151]. However, a key limitation

with BAW is the reliance on the resonation from the microfluidic channel sidewalls, which

restricts the allowable width of the channel to a multiple of /2 (where  is wavelength) and

the microfluidic channel material must be acoustic-reflective (for example silicon or glass)

[155, 156]. Furthermore, the restrictions on the width of channel limits the geometry of channel,

the position and modality of pressure node and therefore the flexibility of design. The

restrictions on the microfluidic channel material prohibits the usage of the acoustically-

absorbent polydimethylsiloxane (PDMS) which is widely-used in microfluidic applications

because of its transparency and ease to fabricate [14].

In order to overcome this limitation, a different method to generate and propagate acoustic

wave was introduced, i.e. surface acoustic wave (SAW), where acoustic wave propagates along

the surface of piezoelectric substrate immediately adjacent to the fluid domain [13, 14, 147].

SAW does not constrain the material or geometry of microfluidic channel, because the acoustic
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field is formed on the piezoelectric substrate independently of the microfluidic channel. The

independent formation of acoustic field in SAW applications results in higher flexibility to

shape and adapt the acoustic field, such as tunable frequency and versatile pressure nodal

position, improving the performance to manipulate particles and examine the property of

particles [18, 167, 194]. Up to now, most of the surface acoustic wave (SAW) microfluidic

applications focused on droplet manipulation [168], particle focusing [17], cell patterning or

manipulation [167, 187, 189, 214] and size-based separation of particles or cells [21, 191, 194,

215]. However, few studies have incorporated the compressibility measurement of cells into

SAW microfluidics [14, 177].

In this study, a SAW microfluidic device was developed to measure the compressibility of cells

and also to differentiate cell mechanophenotype based on compressibility and cell size.

Microbeads of known mechanical properties were used to calibrate the device and measure

compressibility. It was further used to characterise A549 human alveolar basal epithelial cells

(A549 cells), human airway smooth muscle cells (HASM cells) and MCF-7 breast cancer cells

based on compressibility and cell size. In addition, MCF-7 cells treated by colchicine and 2-

methoxyestradiol respectively which destroyed the microtubules were tested and compared

with the non-treated MCF-7 cells in terms of cell compressibility and cell size.

4.3 METHOD

4.3.1 Fabrication and experimental setup

The fabrication process of the microfluidic chip is demonstrated in the supplementary material.

The microfluidic chip is built from two identical interdigital transducers (IDTs) on the

transparent LiNbO3 substrate, with a polydimethylsiloxane (PDMS) microchannel located

between the two IDTs. The width of microchannel is 450 µm and the height is 40 µm. The

IDTs have an aperture of 4 mm and 20 pairs of fingers of 75 µm in width and 75 µm in spacing

between neighbour fingers. Thus, the fingers of IDT have a period of 300 µm, resulting in

resonant frequency of 12.8 MHz. The frequency was chosen to ensure relatively large

wavelength and therefore long travel distance of particles. The experimental setup is shown in

Fig. 4-1(b). A signal generator (DG-4102, RIGOL) inputs two MHz-frequency sinusoidal

signals to the two IDTs. The SAW microfluidic chip is placed on a microscope (IX51, Olympus)

with a digital monochrome camera (BM-141GE, JAI cameras). A syringe pump (Legato 180,

KDScientific) is used to inject the sample into the SAW microfluidic chip.
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Figure 4–1. (a) Image of the SAW microfluidic chip with two identical interdigital transducers

(IDTs) on the LiNbO3 substrate, and a polydimethylsiloxane (PDMS) microchannel between

the two IDTs. (b) Schematic of the experimental setup. (c) Schematic of the SAW microfluidic

chip and its working mechanism. When = 0, two input signals are synchronised (relative

phase = 0) and particles are initially pre-focused at the pressure node (grey line). When =

, the phase of one IDT is shifted by 120° (relative phase = 120°), the pressure node is

immediately translated to a new nodal line (red line), and all the pre-focused particles are

moved to the new nodal line by a displacement of ~50 µm.

4.3.2 Methodology for measuring compressibility

Upon applying two synchronised sinusoidal signals of the same frequency on the IDTs (i.e. the

relative phase = 0), standing acoustic wave is generated and therefore pressure interference

is formed inside the fluid domain. Consideration should be given to the difference between

BAW half-wavelength resonator and our device. In our study, PDMS was used instead of

silicon or glass. The reflection at the interface of PDMS and liquid can be considered as

negligible, as it’s been reported that the calculated reflection coefficient of PDMS/water is 4%

[166].
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The acoustic radiation force pushes and pre-focuses particles inside the fluid domain towards

the pressure node (grey line in Fig. 4-1(c)). Once the particles appear in the centre of field of

view, the phase of one IDT is shifted by 120° (i.e. the relative phase = 120°) so that the

pressure node is immediately translated to a new nodal line (red line in Fig. 4-1(c)). All the

pre-focused particles are moved to the new nodal line, where the motion of the particles inside

the microfluidic channel is driven by both acoustic radiation force  and Stoke’s drag force

. The governing equation is:

+ = (4-1)

where denotes the acoustic radiation force in vector form, denotes Stoke’s drag force

in vector form,  denotes the mass of the particle and  denotes the acceleration in vector form.

The equation describing the acoustic radiation force on a compressible sphere as applied to

progressive or standing acoustic waves was proposed by Yosioka & Kawasima [139], where

the magnitude of acoustic radiation force  in standing acoustic field is defined as:

= ( ) =
2

×
5 2
2 +

× sin(2 ) (4-2)

where ,  and  denotes the density, compressibility and volume of the particle

respectively;  and  denotes the density and compressibility of the medium repectively;

and  denotes the density and acoustic velocity within substrate respectively;  denotes the

distance away from pressure node and = 0 coincides with pressure node;  and  denotes

the wavelength and the wavenumber of acoustic wave respectively;  dentoes the input power

to the IDT;  denotes the working area of IDT; denotes the energy coefficient.

Assuming the particles are of spherical shape, the well-known Stoke’s drag force is applied to

calculate the interaction between fluids and particles:

= 6 (4-3)

where  denotes the dynamic viscosity;  denotes the radius of the particle;  denotes the

particle velocity relative to that of the flow.

The motion of particles towards the new pressure nodal line was captured via the camera, and

the video data were analysed by Motion Studio (Integrated Design Tool Inc.) tracking the

trajectory within the image sequence. A custom Matlab (R2017a, MathWorks) program was

written to simulate the trajectory by solving Eq. (4-1) – (4-3) and compare it with the captured
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trajectory. To calibrate and validate the acoustic field, the SAW microfluidic chip was first

tested by polystyrene microbeads with a diameter of 3 µm (Sigma-Aldrich), polystyrene

microbeads with a diameter of 10 µm (Magsphere) and PMMA microbeads with a diameter of

10 µm (PolyAn). This is made possible because of the known physical properties of the

microbeads, which are summarized in the supplementary material. The energy coefficient in

Eq. (4-2) i.e. the only unknown parameter, was calibrated when the error between the

experimental and theoretical trajectory reached the minimum (see the supplementary material).

Once calibrated, the theoretical trajectory was simulated and compared with the experimental

trajectory.

Following, A549 human alveolar basal epithelial cells (A549 cells), human airway smooth

muscle cells (HASM cells) and MCF-7 breast cancer cells were tested using the same

procedure. In order to calculate the compressibility of these cells based on Eq. (4-2), it would

require the density value of these cells. Unfortunately, there are no published data of single-

cell density of the cell types in this study. However, there are few studies that have examined

single-cell density such as Anderson EC et al., who measured the density of Chinese hamster

ovary (CHO) epithelial cells during different cell cycles using buoyant balance in solution with

density gradient, and concluded that the average density was 1051 ± 3 kg·m-3 [216]. Bryan AK

et al. measured the single-cell density of H1650 human lung cancer cells and L1210 mouse

lymphoblastic leukemia cells using suspended microchannel resonator (SMR), and obtained

values ranging from 1040 kg·m-3 to 1070 kg·m-3 [217]. In this study, we assumed a constant

cell density of 1050 kg·m-3. The compressibility of cell  was therefore the only unknown

parameter which could be calculated by fitting the theoretical trajectory with the experimental

trajectory.

Finally, MCF-7 cells compressibility were measured when treated with drugs that disrupt the

cells microtubules, which are responsible for maintaining the cell’s mechanical structure and

compressibility [50, 58, 218, 219]. Microtubule-disruptors colchicine [220] and 2-

methoxyestradiol [221] were added to MCF-7 cells respectively to alter the condition of cells.

The treated group and the non-treated control group were tested using the same procedure.

4.3.3 Cell culture

A549 cell and MCF-7 cell

The type II alveolar epithelium-derived adenocarcinoma cell line A549 [American Type

Culture Collection (ATCC), VA, USA] was cultured in complete DMEM medium [containing
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10% (v/v) HIFCS, 2 mM L-Glutamine, 1% (v/v) non-essential amino acids, 1% (v/v) sodium

pyruvate, 0.2% (v/v) sodium bicarbonate, 15 mM HEPES, 100 IU/ml penicillin and 50 µg/ml

streptomycin]. MCF-7 human breast adenocarcinoma cell line was cultured in complete

DMEM medium [containing 10% (v/v) HIFCS, 15 mM HEPES, 1% (v/v) L-Glutamine, 1%

(v/v) non-essential amino acids, 1% (v/v) sodium pyruvate, 100 IU/ml penicillin and 50 µg/ml

streptomycin]. Both cell lines were kept at 37°C in a humidified atmosphere containing 5%

CO2. The cells were passaged twice weekly by washing confluent cell monolayers twice with

PBS, then incubating with trypsin (0.12% w/v) for 5 minutes or until cells were in suspension.

Human airway smooth muscle (HASM) cell

The human airway smooth muscles cells were generated from the bronchi resected from heart-

lung transplant recipients that were provided by the Alfred Hospital and the Royal Melbourne

Hospital (Melbourne, VIC, Australia). The dissected airway smooth muscle was incubated with

ltered elastase (Worthington Elastase, 1 mg mL-1) for approximately 3 hours, followed by

incubated with collagenase (Worthington Collagenase Type II, 1 mg mL-1) at 37°C overnight.

The cells were isolated from centrifugation (5 min, 1000 × g, 4°C), washed with phosphate

buffered saline (PBS), and resuspended in complete DMEM medium. The resultant cell

suspension was transferred into a sterile 25 cm2 culture ask and allowed to grow to con uency

(approximately 7-10 days) in a 37°C incubator with 5% CO2.

Drug treatment

Colchicine and 2-methoxyestradiol were both used at 10 µM. After adding the drugs, cells were

left in the 37°C incubator with 5% CO2 for 3 hours, washed with PBS, trypsinized and

suspended in solution prior to experiment. The cell solution was in the concentration of around

400,000 /ml, allowing around 5 cells in the field of view at one time.

4.4 RESULTS

4.4.1 Microbead focussing and compressibility measurement

To observe the SAW phenomenon and to validate the SAW device, polystyrene microbeads

with a diameter of 10 µm were injected into the SAW microfluidic chip. The signal generator

produced a sinusoidal waveform with a frequency of 12.8 MHz and an amplitude of 12 Vp-p

that were then transmitted to the two IDTs. The polystyrene microbeads were firstly pre-

focused, and once the relative phase  was shifted from 0 to 120°, the microbeads moved to

the new nodal line due to the phase modulation (Fig. 4-2(a)). These observations validate the
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existence of the standing acoustic wave and its capability of phase modulation in the SAW

microfluidic chip, which moved the microbeads towards the new pressure node.

The trajectory on which microbeads were pushed towards the new pressure node, represented

in displacement versus time, was imported into Matlab and compared with the theoretical

trajectory. Since the acoustic radiation force  is along the y-direction (Fig. 4-1(c)), only the

lateral displacement (i.e. displacement along y-direction) vs time was considered, while the

motion along the x-direction is constant and similar to the fluid flow. Once the energy

coefficient was calibrated (see the supplementary material), we compared all the

experimental trajectories with the corresponding theoretical trajectories and found they were

closely matched with a fitting residual error of 1.22 µm (defined as the root mean square of the

difference between the experimental displacement and the simulated displacement). The

relative error, the ratio of the fitting residual error to the total displacement, was 2.8%,

indicating a good reliability of the measuring methodology (Fig. 4-2).
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Figure 4–2. (a) Images at three sequential time points of 10-µm polystyrene microbeads inside

the SAW microfluidic chips moving from old pressure nodal line to new pressure nodal line,

upon phase shifting from = 0  to = 120° . (b) Experimental trajectory and theoretical

trajectory of the microbead moving towards the pressure node.

To demonstrate the ability to measure compressibility using SAW, the experiments were

repeated with polystyrene microbeads of 3 µm in diameter, polystyrene microbeads of 10 µm

in diameter and Poly(methyl methacrylate) (PMMA) microbeads of 10 µm in diameter.

Assuming the compressibility of microbeads was unknown, we calculated the compressibility

of each group of microbeads in order to examine the accuracy. The measured compressibility

are 2.12 ± 0.21 ×10-10 Pa-1 (n=40) for 3-µm polystyrene microbeads, 2.23 ± 0.28 ×10-10 Pa-1

(n=27) for 10-µm polystyrene microbeads, and 1.68 ± 0.21 ×10-10 Pa-1 (n=20) for 10-µm

PMMA microbeads. They are respectively consistent with the polystyrene compressibility
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2.16 ×10-10 Pa-1 used in the calibration [194], the polystyrene compressibility reported from

literature ranging from 2.1-2.4 ×10-10 Pa-1 [15, 222], and the PMMA compressibility reported

from literature which is 1.73 ×10-10 Pa-1 [223].

4.4.2 Compressibility measurement of different cell types

To establish the compressibility from cells and distinguish the mechanophenotypes of different

cell types, A549 human alveolar basal epithelial cells (A549 cells), human airway smooth

muscle cells (HASM cells) and MCF-7 breast cancer cells were tested in the SAW microfluidic

chip respectively. A549 and HASM were chosen due to their similarity in sizes and their

locations being found in the human respiratory system. MCF-7 cells were selected because

they are larger than A549 and HASM in size. Both the setup and procedure were similar to the

microbead experiment, except that cells instead of microbeads were used. The cells were

injected by the syringe pump, and pre-focused at the initial pressure node by two signals with

a frequency of 12.8 MHz, an amplitude of 20 Vp-p (for A549 and HASM cells) or 12 Vp-p (for

MCF-7 cells) and zero relative phase ( = 0). Once cells appeared in the centre of field of

view, the relative phase of acoustic wave was shifted to = 120°. We observed that the cell

was pushed from the initial pressure node to the new pressure node by the acoustic radiation

force (Fig. 4-3(a)).

Once the trajectory travelling to the pressure node and the size of the cell were captured and

recognised respectively, we fitted the theoretical trajectories with the experimental trajectories

using cell compressibility as the fitting parameter. The theoretical trajectories matched well

with the experimental trajectories for each cell types. The fitting residual error was 1.43 µm

for A549 cells, 1.26 µm for HASM cells and 1.10 µm for MCF-7 cells; the relative error was

2.6% for A549 cells, 2.3% for HASM cells and 2.0% for MCF-7 cells.
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Figure 4–3. (a) Overlapped image at different time while the cell was pushed towards the new pressure node upon phase shifting. (b) Experimental

trajectory and theoretical trajectory of the cell moving towards the pressure node.
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The compressibility and size of each cell was also obtained from these experiments. The

measured compressibility was A549: 4.33 ± 0.13 ×10-10 Pa-1 (n=114), HASM: 4.04 ± 0.24

×10-10 Pa-1 (n=93), and MCF-7: 3.99 ± 0.16 ×10-10 Pa-1 (n=191). The cell size was A549: 15.2

± 2.2 m (n=114), HASM: 13.6 ± 1.7 m (n=93), and MCF-7: 18.7 ± 2.8 m (n=191). By

comparing these values, A549 and HASM cells were similar in size but distinguished by

compressibility (p < 0.001, Student’s unpaired t-test), while HASM and MCF-7 cells were

similar in compressibility but distinguished by size (p < 0.001). The SAW microfluidic chip

was able to distinguish the cell types based on either compressibility or cell size or both. The

relationship between compressibility and cell size (Fig. 4-4) also demonstrates that the three

cell types are further differentiated when setting compressibility and cell size as two metrics of

cell mechanophenotype. Each cell type populates different regions of the graph and the

distributions of compressibility or cell size are differed among cell types. For example, A549

cells are broadly distributed in terms of cell size but narrowly in terms of compressibility; the

converse pattern was observed for HASM cells. These distinctions cannot be appreciated when

only considering compressibility. Therefore, the combination of the measured compressibility

and cell size sheds additional light on mechanophenotypic difference among the three cell types.
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Figure 4–4. Compressibility versus cell size for A549, HASM and MCF-7 cells. The

compressibility is measured for A549: 4.33 ± 0.13 ×10-10 Pa-1 (n=114), for HASM: 4.04 ± 0.24

×10-10 Pa-1 (n=93) and for MCF-7: 3.99 ± 0.16 ×10-10 Pa-1 (n=191); the cell size measured is for

A549: 15.2 ± 2.2 m (n=114), for HASM: 13.6 ± 1.7 m (n=93) and for MCF-7: 18.7 ± 2.8

m (n=191).

4.4.3 Compressibility measurement of cells under different conditions

To establish the capability of distinguishing the mechanophenotypes of the same cell type but

under different conditions, MCF-7 cells were treated with colchicine and 2-methoxyestradiol

respectively, which are known to disrupt microtubules in the cells [220, 221]. Both treated

group and the according control group were tested in the SAW microfluidic chip using the
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same procedure, where two signals with a frequency of 12.8 MHz and an amplitude of 12 Vp-p

were phase-shifted in order to move the cells and measure the compressibility from the motion.

Colchicine treatment increased the cell compressibility from 4.04 ± 0.16 ×10-10 Pa-1 (n=62) to

4.14 ± 0.18 ×10-10 Pa-1 (n=75) (p < 0.001), but it did not affect the cell size when comparing

the control and the colchicine treated group, 18.4 ± 2.1 m (n=62) versus 18.9 ± 2.2 m (n=75)

(p = 0.13) (Fig. 4-5(a)). 2-Methoxyestradiol treatment increased the cell compressibility from

3.99 ± 0.21 ×10-10 Pa-1 (n=66) to 4.16 ± 0.15 ×10-10 Pa-1 (n=74) (p < 0.001), and it also increases

cell size from 17.9 ± 1.3 m (n=66) to 18.8 ± 1.8 m (n=74) (p < 0.01) (Fig. 4-5(c)). The

increase in compressibility agrees with the assumption that cells become more compressible

after destroying microtubules, and demonstrates the capability of the SAW microfluidic chip

in detecting the changes in cells conditions.

By plotting the displacement versus time with the average displacement as each data point, we

noted that the treated groups for both drugs moved slower than its control group because of

higher compressibility (Fig. 4-5(b) (d)). The travel time, which is the time that each cell took

to travel to the pressure node, of control and colchicine treated group were 2.7 ± 0.4 s (n=62)

and 3.3 ± 0.5 s (n=75), while the travel time of control and 2-methoxyestradiol treated group

were 2.8 ± 0.4 s (n=66) and 3.1 ± 0.4 s (n=74). The slope of the trajectories of both control

groups was respectively steeper than that of the according treated group, indicating the acoustic

radiation force was reduced after drugs destroyed the microtubules in the cells.
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Figure 4–5. (a) Compressibility and size of MCF-7 cells before and after colchicine treatment. (b) Average trajectory of control and colchicine treated

groups, represented as displacement versus time. (c) Compressibility and size of MCF-7 cells before and after 2-methoxyestradiol treatment. (d)

Average trajectory of control and 2-methoxyestradiol treated groups, represented as displacement versus time. Please note that ** denotes p < 0.01 and

*** denotes p < 0.001, using two-tailed t-test.
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4.4.4 Theoretical sensitivity study of cell compressibility and cell size

In order to better understand the effects of cell compressibility and cell size on the trajectory

of the cell towards the pressure node, a theoretical sensitivity study was conducted by solving

Eq. (4-1) – (4-3) under different cell compressibility or cell size. The effects of compressibility

were analysed by substituting all the experimentally measured parameters for the two cell types

except compressibility p. A range of compressibility values from 3.5 × 10-10 Pa-1 to 4.5 × 10-

10 Pa-1 were defined and used to calculate the corresponding cell trajectories (Fig. 4-6(a)). Each

trajectory contains a series of 2-dimensional data, i.e. lateral position versus time (y, t). The

simulated sampling rate was set as 30 points per second, consistent with the frame rate of

camera in the experiment. Here, in order to evaluate the difference between two trajectories

containing two series of 2-dimensional data, we introduced Euclidean distance of trajectories,

which is commonly used in motion tracking and trajectory similarity testing [224]. Euclidean

distance between trajectory R and trajectory S each containing n datapoints is defined as:

( , ) = , , + , , (4-4)

where ,  and , denote the x and y coordinate of the ith point of trajectory ; ,  and ,

denote the x and y coordinate of the ith point of trajectory . Since only the lateral displacement

is considered, the x components can be neglected. Euclidean distance involves the summation

of position difference at every point of the trajectory and interprets trajectory difference (Fig

6a).

Sensitivity was represented as the Euclidean distance between two trajectories with an

increment of compressibility , i.e. ( ( ), ( + )). The increment of compressibility

was set as 0.1 ×10-10 Pa-1. As the input voltage determines the intensity of the acoustic field

and thereby influences the cell trajectory, the sensitivity analysis was again repeated but under

different input voltages ranging from 6 Vp-p to  20  Vp-p. The results demonstrate that the

Euclidean distance and therefore sensitivity increase with an increase in compressibility (Fig.

4-6(c)). It indicates that when differentiating two objects with higher compressibility, the

trajectory difference between these two objects grows, and vice versa. In the comparison using

different input voltages, a reduction in input voltage increases the Euclidean distance between

two trajectories and makes the trajectory differences more pronounced.
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The sensitivity study on cell size was conducted by simulating a group of trajectories for cells

of different size (Fig. 4-6(b)). Similar to the compressibility analysis, cell size was introduced

as the variable instead, ranging from 12 µm to 20 µm. Sensitivity was represented as the

Euclidean distance between two trajectories with an increment of cell size , i.e.

( ( ), ( + )). The increment of cell size was set as 1 µm. The analysis was

repeated again with input voltages ranging from 6 Vp-p to 20 Vp-p. The Euclidean distance and

therefore sensitivity decrease with an increase in cell size, while reducing voltage still increases

sensitivity (Fig. 4-6(d)).

Figure 4–6. (a) A group of simulated trajectories of different compressibility ranging from

3.5 × 10-10 Pa-1 to 4.5 × 10-10 Pa-1.  denotes the distance of the ith points of the two trajectories.

Euclidean distance of trajectories is defined as root-sum-square distance of every

corresponding points from the two trajectories. (b) A group of simulated trajectories of different

cell sizes ranging from 12 µm to 20 µm. (c) Sensitivity test versus compressibility under
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different voltage. Sensitivity was represented as the Euclidean distance between two

trajectories with an increment of compressibility , i.e. ( ( ), ( + )) . The

increment of compressibility was set as 0.1 ×10-10 Pa-1. (d) Sensitivity test versus cell size

under different voltage. Sensitivity was represented as the Euclidean distance between two

trajectories with an increment of cell size , i.e. ( ( ), ( + )). The increment of

compressibility was set as 1 µm.

4.5 DISCUSSION

In our study, the mechanophenotypes of the three different cell types were characterised using

SAW microfluidic device. Compared with conventional techniques such as atomic force

microscopy and optical tweezer, the experimental procedure of the SAW microfluidic device

is simpler and lower in cost. However, it will still require capturing video data and post-

processing the data, which can be time-consuming. This could be improved by automatic

control and real-time data processing.

The vertical position of microbeads or cells inside microfluidic channel was not measured in

this study. It has been reported in previous works that the acoustic radiation force is mainly

induced by horizontal time-averaged pressure field and independent of vertical position [136].

However, the acoustic streaming, which is another effect in addition to acoustic radiation force,

relates to vertical position [187, 225]. These studies also showed that acoustic streaming is

strengthened by an increase of channel depth from 40 µm to 100 µm [225] or by an increase of

applied power from 200 mW to 1500 mW [187], which increase Stoke’s drag force induced by

acoustic streaming and move the particles vertically. In our study, the channel depth was fixed

as 40 µm and we anticipate that there is minimal acoustic streaming effect [225]. Furthermore,

we did not observe any vertical movement of microbeads or cells during the exposure to

acoustic waves. We also anticipate that any acoustic streaming would move the particles

vertically and had minimal impact on horizontal acoustic radiation force, hence not affecting

the compressibility measurements.

Though the heating effect was not measured in our study, temperature measurement can be

found in a similar 13-MHz SAW mixer device in Luong’s work [170]. In their report,

temperature increase was observed only when applied voltage was above 35 V; while the

voltage in our study was below 20 V. Hence, we anticipate that heating effect was negligible

in our study.
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The concentration of cell solution was chosen to allow around 5 cells in the field of view at

any one time, minimising the potential scattering disturbance from the cell to the surrounding

acoustic field. In addition, the particle-to-particle effect was theoretically neglected in most

acoustofluidic studies [143]. As a proof, we used microbeads of concentrations varying from

400,000 /ml to 3,000,000 /ml in our study and however did not observe any obvious effect of

particle concentration on the trajectory.

4.5.1 Validation of the measured cell compressibility

The existing applications to measure the compressibility of cells have been mainly established

based on BAW microfluidic methods, by similarly tracking the cell trajectory towards the

pressure node in the centre of the microfluidic channel [15, 127, 213]. However, BAW is

limited by its reliance on the resonation from the microfluidic channel sidewalls, hence

restricting the channel material and geometry. It further constrains the modality of pressure

node, the choice of material and therefore the flexibility of design [155, 156]. In order to

alleviate the limitation of BAW, one study managed to decouple the acoustic resonation and

fluidic domain, by placing additional PDMS layer to fill in part of the silicon microfluidic

channel, which only impacted fluidic domain and had no effect on acoustic resonation [154].

However, it resulted in more complex fabrication protocol, involving precise laser cutting and

complex PDMS casting.

In this study, instead of forming a standing wave by resonation between acoustic-reflective

channel walls, SAW generates acoustic waves by IDTs on the piezoelectric substrate and

overcomes the limitations of BAW to some extent. The measured compressibility of MCF-7

cells, 3.99 ± 0.16 ×10-10 Pa-1, agrees with those in literature using BAW, 3.8 - 4.22 ×10-10 Pa-1

[15, 127]. Although there is no published data on the compressibility value of A549 and HASM

cells, the measured values in this study are comparable to other cell types reported in literature

using BAW: 3.77 ± 0.09 ×10-10 Pa-1 for MCF-12A breast cells [15] and 4.3 ± 0.2 ×10-10 Pa-1

for HEPG2 liver cancer cells [127].

In addition to compressibility measurement using BAW, Pasternak M et al. used scanning

acoustic microscopy to measure the bulk modulus, the inverse of compressibility, of MCF-7

cells at different cell cycle, which gave values of bulk modulus ranging from 2.40 GPa to 2.45

GPa, equivalent to compressibility of 4.08 - 4.17 ×10-10 Pa-1 [57]. Nijenhuis N et al. measured

bulk modulus of NIH3T3 mouse broblasts in response to drug treatment using scanning

acoustic microscopy, which gave values around 2.6 GPa, equivalent to compressibility of 3.85
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×10-10 Pa-1 [50]. Cushing KW et al. used ultrasound on neutrally buoyant samples of variety of

cell types and obtained compressibility ranging from 334 TPa-1 = 3.34 ×10-10 Pa-1 to 404 TPa-1

= 4.04 ×10-10 Pa-1 [223]. These values are also comparable to the measured values in this study.

4.5.2 Effects of cell compressibility, cell size and input voltage on cell trajectory

In our study, we found that the cell trajectory was impacted by both compressibility and size

of the cell. The results show that the SAW microfluidic method is better at differentiating cells

of higher compressibility or smaller size. In addition, a reduction in input voltage increases the

differences in cell trajectory and hence increases the sensitivity of the device. It provides an

experimental insight that reducing the input voltage would be a reasonable practice to improve

the sensitivity of differentiating the cells with different compressibility or size. However, if the

input voltage is too low, the effect of acoustic radiation force may become so small that the

motion towards pressure node becomes too slow to be observed [193]. The possible

environmental noise may have a stronger impact when the input voltage is low, limiting the

usage of low input voltage.

In addition, the measure of cell size can affect the measure of cell compressibility, as the two

factors concurrently influence the cell trajectory. We have measured the cell size by analysing

every frame of the video and averaging the measured sizes among the frames. The measured

sizes of cells were recorded to have a relative error of around 0.6%, which would cause an

approximately 0.3% relative error of the measured compressibility as pointed out by Hartono’s

work [15]. Thus, this error could be considered as negligible. In addition, we did not observe

any dependency of measured compressibility on cell size in Fig. 4-4. Hence, we believe that

the compressibility was measured independently of cell size.

4.5.3 Mechanophenotyping based on both cell compressibility and cell size

Some studies characterised the mechanophenotypes of cells by examining cell compressibility

as the only factor [15, 213]. Other studies differentiated or separated microbeads or cells based

only on size and consequently were only effective at large size difference with a diameter ratio

from 3.33 to 14.46 [21, 191, 226]. In this study, both compressibility difference and size

difference could be concurrently measured. It was possible to measure the compressibility

difference of the A549 and HASM cells with similar sizes (i.e. with a diameter ratio of 1.12)

and that of non-treated and treated MCF-7 cells. At the same time, it was also possible to

differentiate the size differences of HASM and MCF-7 cells. These further distinctions would

not be appreciated if only one of the two factors were considered. Hence, further insights into
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cell mechanophenotype could be achieved using a combined metric consisting of cell

compressibility and cell size.

4.6 CONCLUSION

This study presented a surface acoustic wave (SAW) microfluidic device to measure the

compressibility of cells and differentiate cell mechanophenotype. The device was first

validated using microbeads of known properties and then used to characterise the properties of

A549, HASM and MCF-7 cells based on compressibility and cell size. In the following, MCF-

7 cells with or without colchicine treatment and 2-methoxyestradiol treatment were tested. A

sensitivity analysis was conducted to understand the effects of cell compressibility, cell size

and input voltage to the device. Using a combined metric of cell compressibility and cell size,

the device was successful in differentiating different cell types and cells under different

conditions. Future work may exploit the trajectory difference between cells induced by

compressibility and cell size, with multiple microfluidic channels, to achieve cell separation

based on their mechanophenotype.

4.7 SUPPLEMENTARY MATERIAL

4.7.1 Microfluidic chip fabrication

The microfluidic chip fabrication stages consisted of three parts, the polydimethylsiloxane

(PDMS) channel fabrication, the piezoelectric substrate fabrication, and finally bonding of

channel and substrate. The PDMS channel was fabricated using standard photolithography and

mould-replica techniques. Firstly, the channel design with the width of 450 µm was drawn in

AutoCAD (2015, Autodesk) and converted into KLayout (Köfferlein M.). The 4-inch mask

with the layout of the PDMS designs was fabricated. Secondly, the silicon mould for

microchannel was processed by photoresist patterning (Fig. 4-7(a) (b)) and subsequent wet

etching (Fig. 4-7(c)). The etch depth was set at the desired channel depth of 40 µm. SylgardTM

184 Silicone Elastomer Base and SylgardTM 184 Silicone Elastomer Curing Agent were mixed

at a 10:1 weight ratio, casted onto the silicon mould, and cured at 80 °C for 1 hour (Fig. 4-7(d)).

After peeling off the PDMS from silicon mould, the patterned PDMS was diced into single

channels, and the channel inlet/outlet was created using a puncher (Harris Uni-Core).

Similar to the PDMS channel fabrication, the design of interdigital transducer (IDT) with the

period of 300 µm (i.e. 75 µm for spacing and 75 µm for finger width) was drawn in AutoCAD

(2015, Autodesk) and KLayout (Köfferlein M.), and fabricated into a 4-inch mask (Fig. 4-7(f)).
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Following, a thin layer of AZ4562 photoresist (MicroChemicals) was spin-coated on a 128° Y-

cut X-propagation double-side polished lithium niobate (LiNbO3) wafer, prebaked at 110 °C

for 180 seconds and exposed under UV light (ABM-USA) with 365nm wavelength for a dose

of 150 mJ/cm2 (Fig. 4-7(g) (h)). After developing, a double metal layer (Ti/Au, 50 Å/800 Å)

was deposited onto the surface of LiNbO3 wafer via an e-beam evaporator (Intlvac) (Fig. 4-

7(i)). Subsequently, the metal attached to the photoresist was removed, allowing retention of

the metal attached to the substrate and thereby forming the IDT (called lift-off process). The

LiNbO3 wafer was diced prior to bonding with the PDMS channel.

In the final assembly stage, the longitudinal direction of IDT needs to be parallel to the flow

direction of channel, requiring accurate alignment between PDMS channel and substrate. Four

cross-shaped alignment marks were included in both the PDMS channel design and the

substrate. Surfaces on both the PDMS channel and the piezoelectric substrate were activated

by air plasma chamber (at pressure 400 mTorr and power 30 W). A drop of isopropanol (20 L)

was added on the piezoelectric substrate to delay the bonding and enable the PDMS channel to

slide over the substrate. The alignment was performed manually under microscope until the

alignment marks from the PMDS channel and the piezoelectric substrate overlapped. Finally,

the SAW microfluidic chip was baked for at least 2 hours under 60 °C to enhance bonding (Fig.

4-7(k)).
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Figure 4–7. Fabrication procedure of the SAW microfluidic chip. (a-e) PDMS channel

fabricated using standard photolithography and mould-replica techniques. (f-j) Piezoelectric

LiNbO3 substrate and interdigital transducer (IDT) fabricated by photolithography, metal

deposition and lift-off process. (k) Bonding between PDMS channel and LiNbO3 substrate.

4.7.2 Values of known properties used for acoustic radiation equation

The property values used in this study for the Eq. (4-2) are shown in table 4-1.

Density of medium m (kg/m3) 1000
Compressibility of medium m (×10-10

Pa-1)
4.6

Density of substrate s (kg/m3) 4650 Acoustic velocity within substrate cs (m/s) 3997

Working area of IDT Aw (mm2) 32 Frequency f (MHz) 12.8

Density of polystyrene for calibration

(kg/m3)
1050

Compressibility of polystyrene for

calibration (×10-10 Pa-1)
2.16

Table 4–1. Summary of used values for the Eq. (4-2).

4.7.3 Method for simulating trajectory

The trajectory of particles moving towards new nodal line can be simulated by solving the Eq.

(4-1) – (4-3). Since the acoustic radiation force Fr is along the y-axis and the flow is along the

x-axis (Fig. 4-1(c)), only the lateral displacement (i.e. displacement along y-axis) vs time needs



69

to be considered, while the motion along the x-axis is constant and similar to the fluid flow.

There is no flow along y-axis, so that the y-component of relative velocity ,  becomes the

absolute velocity = . Hence, combining Eq. (4-1) to (4-3), we obtain a second-order

ordinary differential equation of y.

2
×

5 2
2 +

× sin(2 ) 6 = (4-5)

Eq. (4-5) can be further simplified to save computational resource by neglecting the second-

order term, given that m  6 R.

2
×

5 2
2 +

× sin(2 ) + 6 = 0 (4-6)

4.7.4 Calibration using microbeads

In Eq. (4-2), the energy coefficient  relates to the propagation loss of surface acoustic wave

(SAW) and needs calibration specific to each SAW microfluidic device. In this study, we

assume a second power relationship between input power and input voltage, i.e. ~ ,

supported by Augustsson's work and Barnkob’s work [151, 227]. Hence, the term  can be

transformed into , where is the energy coefficient for voltage and equivalently

referred as energy coefficient in the following.

In order to calibrate the energy coefficient , polystyrene microbeads with a diameter of 3

µm were injected into the SAW microfluidic chip. The trajectory of microbeads being pushed

towards the pressure node was captured. A range of values of the energy coefficient  were

defined and used to simulate the corresponding trajectories.

The fitting residual error  between one captured trajectory and its simulated trajectory, defined

as the root mean square of the difference between the captured displacement and the simulated

displacement, is a function of the energy coefficient .

( ) =
( ) (4-7)

where denotes the fitting residual error;  denote the captured displacement; ( )

denotes the simulated trajectory determined by the energy coefficient ;  denotes the

number of displacement data within the trajectory.
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Ten trajectories in total were used to calibrate the device and hence the above simulation was

repeated for ten times. The total fitting residual error  is the average of the ten fitting

residual errors.

( ) =
( )

10
(4-8)

where ( ) denotes the total fitting residual error determined by the energy coefficient

; ( )  denotes the fitting residual error of one trajectory determined by the energy

coefficient .

The total fitting residual error  versus the energy coefficient  was plotted (Fig. 4-8).

The value of the energy coefficient at the minimum fitting residual error was determined as the

energy coefficient of the device, which was consistently used in the following microbead and

cell experiments.

Figure 4–8. The total fitting residual error  versus the energy coefficient , where the

minimum fitting residual error is 0.59 µm at = 3.19.
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CHAPTER 5. COMPARATIVE STUDY BETWEEN SURFACE ACOUSTIC

WAVE AND MICROPIPETTE ASPIRATION

5.1 NOTE TO READER

This chapter has been previously published as a research article titled “On-chip surface acoustic

wave and micropipette aspiration techniques to assess cell elastic properties” in

Biomicrofluidics and it is utilised with the permission of publisher [23].

In order to further characterise the SAW technique in the context of cell mechanics, this chapter

aims to compare SAW device with micropipette aspiration as a representative of benchmark

conventional techniques, and to provide comprehensive insights into the relationship between

cytoskeletal components and cellular elastic moduli. We built a phase-modulated surface

acoustic wave microfluidic device measuring cellular compressibility and a microfluidic

micropipette-aspiration device measuring cellular Young’s modulus. The microfluidic devices

were both validated based on experimental data and computational simulations. Then the cell

compressibility and Young’s modulus were examined in MCF-7 cells in response to

cytoskeletal alterations using the two devices, respectively. The actin filaments and

microtubules were stained to confirm the structural alteration in cytoskeleton.

This study will identify the structural roles of cytoskeletal components (i.e. actin filaments and

microtubules) in terms of cell elastic properties (i.e. compressibility and Young’s modulus)

and compare the capabilities of SAW and micropipette aspiration in detecting cellular interior

structural changes.

5.2 INTRODUCTION

Cells in vivo are subjected to mechanical forces and can mechanically interact with the local

microenvironment. Hence, their mechanical properties play an important role in cellular

behaviours [1, 33, 51]. The mechanical property of a cell is also believed to be governed by its

cytoskeleton, comprising of actin filaments, intermediate filaments and microtubules. The

cytoskeleton supports the cell’s inner structure and is known to be responsible for cellular

processes such as proliferation, migration and differentiation [218, 228]. The cytoskeleton can

also be altered by pathological conditions, leading to changes in mechanical properties [1, 12,

25]. For example, malaria induces the distortion of cytoskeleton and thereby the alteration in

deformability of infected red blood cell [210, 229]. The change in cytoskeleton from a rigid
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structure to a more compliant state produces less stiff metastatic cancerous cells as compared

with their benign counterparts [31, 99, 211]. Hence, it highlights the importance of

understanding cytoskeletal mechanics and shows the possibility to exploit cell mechanical

properties as a label-free and sensitive biomarkers for diagnostic applications.

The cell mechanical property is commonly defined by its stiffness, usually measured by

techniques providing a Young’s modulus or shear modulus value [50]. These techniques

include atomic force microscopy (AFM) [55, 65], optical stretching [126], magnetic twisting

cytometry [230], micropipette aspiration [77, 212], and acoustic radiation induced deformation

[37, 231, 232]. Each technique applies mechanical load on adherent cells or suspension cells,

whole-cell or onto cell surface, statically or dynamically and in contact or contact-free

conditions. These methods examine the reaction of single cells and measure the elastic modulus

at the cellular level [66]. For example, AFM locally indents an adherent cell via a cantilever

and measures the resisting force as well as the deformation, while the optical stretcher traps

and deforms a cell in suspension by dual-beam lasers and examines the whole-cell property in

contact-free manner.

However, a recent study reported that the elastic modulus measurements of MCF-7 breast

cancer cells by different techniques can vary 1,000-fold, where up to six commonly-used

techniques were implemented and compared [233]. The authors concluded that the

measurements are specific to the force profile, the location probed on the cell and other factors

in these different techniques. In addition, there are evidences showing that a single-modulus

measurement was unable to reveal cytoskeletal alterations in some cases [68, 234, 235]. Even

if considering the cell as a homogeneous and isotropic object, at least two of the elastic moduli

(such as Young’s modulus, shear modulus and bulk modulus) are needed to fully describe its

elastic property.

These observations suggest the necessity of multi-modulus measurement to better understand

cellular mechanical behaviour and cytoskeletal mechanics. Some single-modulus measuring

studies achieved the second modulus by assuming a Poisson’s ratio of 0.5 indicating cells are

incompressible. However, there are evidence that the Poisson’s ratio of a cell could range from

0.37 to 0.45, undermining the validity of the constant assumption [6, 92, 236]. On the other

hand, a few studies attempted to determine two independent elastic moduli using one

mechanical measurement. For example, a custom cytocompression device that compress cells

against a glass slide using a compressing probe was used to characterise compressive stiffness
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and apparent Poisson’s ratio of chondrocytes [58]. Similarly, Lin et al. applied controlled,

uniform hydrostatic pressure on monocytes and measured Young’s modulus and Poisson’s

ratio [59]. However, it is uncertain that these measures of two moduli are truly independent

and decoupled, as they are derived from one deformation mode. Furthermore, Nijenhuis et al.

applied atomic force microscopy (AFM) and scanning acoustic microscopy in the same study,

as two independent techniques, to characterise cell shear modulus and bulk modulus separately

and independently and support the discussion of independent contributions of cytoskeleton on

volume change and shape change [50]. This approach, however, is limited in utility by high

equipment cost, time-consuming protocols and low throughput due to the two microscopic

methods.

During the last decade, the emerging micro uidic techniques have been demonstrated with

lower cost and higher throughput for cell mechanical measurements, as compared with

conventional techniques. In this study, we applied two independent microfluidic techniques to

study cytoskeletal structure and its relationship to the cell mechanical property. A phase-

modulated surface acoustic wave (PM-SAW) microfluidic device measuring cellular

compressibility (the inverse of bulk modulus) and a microfluidic micropipette-aspiration

(µFMA) device measuring Young’s modulus were developed for this purpose. The

microfluidic devices were validated based on experiments and computational simulations,

thereby facilitating measurement of two independent elastic moduli with minimal prior

assumptions. Following, the actin filaments or microtubules of MCF-7 breast cancer cells were

disrupted, and then the compressibility and Young’s modulus were examined by the two

techniques, respectively. The actin filaments and microtubules were also visualised by

immunofluorescence staining to confirm the structural alteration in cytoskeleton. In this study,

we evaluated the contributions of actin filaments and microtubules to cellular compressibility

and Young’s modulus, and also discussed the capabilities of acoustophoresis and micropipette

aspiration to detect different cytoskeletal changes.

5.3 METHOD

5.3.1 Phase-modulated surface acoustic wave (PM-SAW) microfluidic device

As described in our previous study [22], the phase-modulated surface acoustic wave (PM-SAW)

device consists of a LiNbO3 piezoelectric substrate with two interdigital transducers (IDTs) at

each side and a polydimethylsiloxane (PDMS) microfluidic channel bonded to the middle of

the substrate (Fig. 5-1(a)). The microfluidic channel is aligned parallel to the IDTs. Two
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counter-propagating acoustic waves are generated due to piezoelectric effect of the substrate

upon applying two coherent, sinusoidal electrical signals on the IDTs. The acoustic waves

travel from the IDTs to the fluidic channel in the form of Rayleigh wave confined to the

substrate surface and enter the fluidic domain, forming standing acoustic wave and therefore

pressure interference in the fluid. The particles inside the fluidic channel are pushed by acoustic

radiation force and pre-focused at the pressure node that is parallel to the flow (Fig. 5-1(b)).

Then the phase of one input signal at the IDT is shifted by 120°, resulting in phase offset and

therefore translation of pressure node (Fig. 5-1(b)). The pre-focused particles are pushed to the

new nodal line, where the lateral motion is governed by the equation defined as below,

involving acoustic radiation force  and the Stokes drag force .

+ = (5-1)

where  denotes the acoustic radiation force,  denotes Stoke’s drag force,  denotes the

mass of the particle and  denotes the acceleration.
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Figure 5–1. (a) Image of phase-modulated surface acoustic wave (PM-SAW) device with two

interdigital transducers (IDTs) on a LiNbO3 piezoelectric substrate and a polydimethylsiloxane

(PDMS) microfluidic channel bonded in the middle. (b) Working mechanism of PM-SAW

microfluidic device. The particles are pushed by acoustic radiation force and pre-focused at the

pressure node. Then the phase of one input signal at the IDT is shifted by 120°, resulting in

translation of pressure node. Following, the pre-focused particles are moved to the new nodal

line.

The acoustic radiation force  on a compressible spherical particle in standing acoustic fields

is defined as below [139].

=
2

×
5 2
2 +

× sin(2 ) (5-2)

where ,  and  denotes the density, compressibility and volume of the particle

respectively;  and  denotes the density and compressibility of the medium repectively;

and  denotes the density and acoustic velocity within substrate respectively;  denotes the

distance away from pressure node and = 0 coincides with pressure node;  and  denotes
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the wavelength and the wavenumber of acoustic wave respectively;  dentoes the input power

to the IDT;  denotes the working area of IDT; denotes the energy coefficient.

The well-known Stokes drag force on a sphere is defined as below:

= 6 (5-3)

where  denotes the dynamic viscosity;  denotes the radius of the particle;  denotes the

particle velocity relative to that of the flow.

The fabrication, dimension and experimental setup of the PM-SAW device are demonstrated

in the supplementary material. 10-µm polystyrene microbeads (Magsphere) were used to

calibrate the acoustic intensity of the PM-SAW device by determining the energy coefficient

in Eq. (5-2). The details of calibration process can be found in the previous study [22]. Once

calibrated, the theoretical trajectory of 10-µm polystyrene microbeads was simulated based on

the Eq. (5-1) to Eq. (5-3) and compared with the experimental one. Subsequently, MCF-7 cells

with or without cytoskeletal disruption were tested by the PM-SAW device. Cytochalasin-B

which is known to disrupt actin filaments [237] and 2-methoxyestradiol which is known to

disrupt microtubules [221] were separately added to MCF-7 cell populations for 4 hours prior

to mechanical characterisation. The compressibility of cells is the only unknown parameter that

can be estimated by tting the theoretical trajectory with the experimental trajectory, assuming

a constant cell density of 1050 kg·m-3 based on our previous study and other studies from

literature [22, 216, 217]. Then the compressibility of control, actin-disrupted and

microtubule-disrupted groups of MCF-7 cells were measured by the PM-SAW device.

5.3.2 Microfluidic micropipette-aspiration (µFMA) device

The layout of the microfluidic micropipette-aspiration (µFMA) device is based on a design in

Lee et al.’s study [123]. As shown in Fig. 5-2, our design consists of a main serpentine

microfluidic channel and 42 micropipette-aspiration units, which is fewer than the repeating

units in Lee et al.’s study. The major advantage is allowing the observation of half of the units

in one field of view and therefore reducing the number of microscopic scanning positions for

the ease of observation. The 42 units are located across two neighbouring segments of the main

channel and aligned in 7 columns, each of which has 6 units. Each unit is comprised of

chambers and a micropipette, where the chamber accommodates the cell to be aspirated and

the micropipette is at the center of the chamber sidewall, such that the cell remains in

suspension while being aspirated by micropipette (Fig. 5-2).
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Figure 5–2. (a) Overall layout and (b) photo of microfluidic micropipette-aspiration (µFMA)

device. (c) Zoomed-in schematic of the junction between micropipette-aspiration unit and main

channel, where a cell would preferably enter the unit. (d) Zoomed-in schematic of a cell loaded

at one micropipette-aspiration unit, where the pressure difference between the two ends is

completely exerted on the loaded cell.

The experimental procedures comprise of three steps: channel priming, cell loading and

stepwise aspiration. At the beginning of experiment, the µFMA device is flushed by Tyrode’s

solution containing 0.25% BSA and 0.3% Pluronic F127 to remove all of the air inside the

microfluidic channel. Then cells are loaded into the µFMA device and trapped in the

micropipette-aspiration unit. The loading mechanism of this device is similar to the pipette

array in the previous study [123]. The rationale is based on the careful design of the flow
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resistances along main channel and micropipette. The flow resistance along a rectangular

channel is determined by its cross-sectional width and height as well as the path length.

Although the micropipette has a smaller cross-section than the main channel, the main channel

is much longer than the micropipette and therefore has a high flow resistance. As a result, a

cell at the junction between the micropipette-aspiration unit and the main channel would

preferably enter the unit. The design incorporating 6 repeated units in one column further

ensures that the cells enter the chamber of micropipette-aspiration unit instead of traveling

along the main channel. Once a cell enters the chamber, the micropipette is completely blocked

since cell diameter is greater than that of micropipette, and the following cells would move on

to downstream unoccupied units.

After all the micropipette-aspiration units are loaded with cells, the pressure difference between

the two ends of micropipette due to pressure drop along the main channel is completely applied

to the loaded cells. The pressure difference can be defined by Darcy–Weisbach equation [238]:

=
( ) ( + )

8( × )
(5-4)

where ( ) denotes the laminar friction constant for aspect ratio  and ( ) = 56.91 for =

1 in our device [239];  denotes the dynamic viscosity of the fluid;  denotes the path length

between the two ends of micropipette along the main channel;  denotes the flow rate;  and

 denotes the main channel cross-sectional width and height.

The pressure difference is increased stepwise by increasing flow rate every 2 min, which allows

the aspiration length to reach the steady state prior to the next pressure increment. The data

series of aspiration length  versus the corresponding pressure difference  can be used to

estimate Young’s modulus of the cell via linear regression based on an elastic half-space model

[240].

=
3

2
(5-5)

where  denotes the Young’s modulus;  denotes the geometric constant of micropipette and

takes the value of 2.1 in our device given the thickness and the radius of micropipette [240,

241];  denotes the aspiration length;  denotes the hydraulic radius of micropipette. Since
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the micropipette is square in cross section, the equivalent hydraulic radius is half of the side

length [123, 124].

The fabrication, dimension and experimental setup of the µFMA device are demonstrated in

the supplementary material. To confirm the cell-loading mechanism and the hydrodynamic

pressure difference applied on the cells, computational fluid dynamics (CFD) models were

built in 3D using COMSOL 4.3a (COMSOL Multiphysics) to study the flow field in the µFMA

device. One column of units was modelled to represent the 7 repeated columns. The velocity

field and pressure field were simulated for cell loading (when micropipette-aspiration units are

vacant) and stepwise aspiration (when micropipette-aspiration units are fully occupied) using

laminar flow component.

Similarly to the PM-SAW experiment, MCF-7 cells treated with cytochalasin-B and

2-methoxyestradiol were tested by the µFMA device. The loading flow rate was chosen as 10

nL/min and the cell concentration was ~1,000,000/mL, ensuring that loaded cells are not

subjected to significant suction pressure and the loading can finish within 10 minutes. The cells

experienced stepwise increasing pressure generated by increasing flow rate with the increment

of 10 nL/min for every 2 min until 100 nL/min. The Young’s modulus of control,

actin-disrupted and microtubule-disrupted cells were estimated based on linear regression

analysis of the aspiration length versus the corresponding pressure.

5.3.3 Cell culture

MCF-7 cells [American Type Culture Collection (ATCC)] were cultured in complete DMEM

medium [containing 10% (v/v) HIFCS, 2 mM L-Glutamine, 1% (v/v) non-essential amino

acids, 1% (v/v) sodium pyruvate, 0.2% (v/v) sodium bicarbonate, 15 mM HEPES, 100 IU/ml

penicillin and 50 µg/ml streptomycin]. The cells were kept at 37 °C in a humidified atmosphere

containing 5% CO2. The cells were passaged twice weekly by washing confluent cell

monolayers twice with PBS and incubating with trypsin (0.12% w/v) for 5 minutes or until

cells were in suspension, followed by centrifugation at 462 × g and resuspended in complete

DMEM.

5.3.4 Actin and microtubule disruption

Both cytochalasin-B (Sigma) and 2-methoxyestradiol (Steraloids) were initially dissolved in

DMSO, then diluted in complete DMEM and added to the cells at 10 M. The same

concentration of DMSO was identically diluted and added to the control group as vehicle
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control. After adding the drugs, cells were left in the 37 °C incubator with 5% CO2 for 4 hours,

washed with PBS, trypsinized and suspended in solution prior to the experiment.

5.3.5 Immunofluorescence

MCF-7 cell suspension was prepared following the procedures prior to the experiment as

described above, and fixed in 10% (v/v) neutral buffered formalin (NBF) for 10 min. After

PBS washes, the cells were centrifuged onto slides using the cytospin (Shandon Cytospin 4,

Thermo) at 350 rpm, 10 min. The non-specific binding sites were blocked by incubation with

5% normal goat serum/0.1% Triton X-100 in PBS for 1h. The -tubulin (9F3) rabbit

monoclonal antibody (1:100, #2128S, Cell Signaling) was incubated overnight at 4°C followed

by an AlexaFluor-594 conjugated anti-rabbit IgG (H+L) cross-adsorbed secondary antibody

(1:500, #A-11012, Invitrogen). The cells were then stained with Oregon-green 488 (green)

phalloidin (1:50, O7466, Invitrogen Molecular Probes) for 20 min. The cell nuclei were stained

with DAPI for 10 min. The slides were mounted using DAKO fluorescent mounting medium

(S3023, DAKO) and examined using the Zeiss LSM880 Airyscan Fast Confocal Microscope

(Biological Optical Microscopy Platform, University of Melbourne).

5.4 RESULTS

5.4.1 PM-SAW device validation

Prior to cell measurement using PM-SAW device, the device was validated by 10- m

polystyrene microbeads. Once injected to the PM-SAW device, the microbeads were pre-

focused at the pressure node of standing acoustic waves. Upon phase shift by 120°, the

microbeads moved to the new pressure nodal line due to phase modulation (Fig. 5-3). The

trajectory of the microbeads being pushed to the new pressure node was captured, represented

in displacement versus time and subsequently compared with the theoretical trajectory

simulated for the same microbead (Fig. 5-3). We found that the experimental and simulated

trajectories for all microbeads were closely matched and exhibit a fitting residual error of 0.77

m (de ned as the root mean square of the di erence between the experimental and the

simulated displacement) and a relative error of 1.8% (defined as the ratio of the tting residual

error to the total displacement). The behaviour of the PM-SAW device agrees with that reported

in our previous study [22]. As further validation, an example of compressibility measurement

using PM-SAW device was provided and compared with literature values in the supplementary

material.
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Figure 5–3. (a) Overlaid images captured at different stages of a 10-µm polystyrene microbead

being pushed towards the new pressure node upon phase-shift in PM-SAW device. (b)

Experimentally captured trajectory and the simulated trajectory of the microbead.

5.4.2 µFMA device validation

Two three-dimensional CFD models were built to study the mechanism of µFMA device and

to validate the applied pressure. The first CFD model simulated cell loading at a constant flow

rate while the micropipette-aspiration units were vacant. The streamlines were plotted in Fig.

5-4(a) and showed that the majority of fluid flowed into the 6 units in the column at the junction

with the main channel due to flow resistance design. It suggests a successful cell loading

mechanism and agrees with our observation during experiment.

The second CFD model simulated the pressure field at a certain flow rate during stepwise

aspiration and repeated for different flow rates. The pressure field at the flow rate of 100

nL/min was visualised in Fig. 5-4(b) and the 6 units were labelled as position 1 to 6. It was

found that the pressure difference between two ends of the unit dropped slightly from position

1 to position 6, due to the reduction in path length along the main channel. The numerical

pressure difference simulated by the CFD model and the analytical one derived from Eq. (5-4)

were plotted with regard to the flow rate, which exhibited a linear relationship (Fig. 5-4(c)).

The same trend of pressure drop from position 1 to 6 was observed at different flow rates.

Hence, the pressure difference was configured specific to the position of each unit during

following measurements. In addition, the analytical solutions matched well with the numerical

ones such that the analytical solutions were used in the following for saving computational

resources. As further validation, an example of Young’s modulus measurement using µFMA

device was provided and compared with literature values in the supplementary material.
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Figure 5–4. (a) Simulated streamlines for cell loading at a constant flow rate while the

micropipette-aspiration units are vacant in µFMA device. (b) Simulated pressure field at the

flow rate of 100 nL/min while cells are loaded in µFMA device. The 6 units are labelled as

position 1 to 6 for further illustration. (c) Numerical pressure difference simulated as shown in

(b) and analytical pressure difference derived from Eq. (5-4) versus flow rate, for each position

from position 1 to 6.

5.4.3 Compressibility and Young’s modulus measurements after actin and microtubule

disruption

Actin filaments and microtubules are the two major cytoskeletal components that contribute to

cell mechanical behaviour. In order to discuss the contributions of these two cytoskeletal

components to the two elastic moduli of interest and evaluate the capabilities of the two devices

to detect cytoskeletal alteration, actin filaments and microtubules of MCF-7 cells were

disrupted by drug treatments, respectively. The two disrupted groups as well as the common

control group were measured by PM-SAW and µFMA devices.

In PM-SAW device, as exposed to phase-modulated acoustic waves, MCF-7 cell was pushed

from the original pre-focusing pressure node to the new pressure node (Fig. 5-5(a)). By plotting

the trajectory on which the cell moved to the new nodal line as displacement versus time for

the three groups, we noticed that the microtubule-disrupted group moved slower than the

control and actin-disrupted group, while no difference was found between the control and actin-

disrupted groups (Fig. 5-5(b)). The slopes of the trajectories of control and actin-disrupted



83

groups were steeper than that of the microtubule-disrupted group, indicating that the acoustic

radiation force was reduced after microtubule disruption but unchanged after actin disruption.

In µFMA device, MCF-7 cells were loaded at the micropipette-aspiration units and aspirated

by stepwise increasing pressure. The images of cells being aspirated into micropipette were

shown at different flow rate and therefore different applied pressure for the three groups (Fig.

5-5(c)). The aspiration length of the cell from actin-disrupted group was longer than those from

the other two groups at the same flow rate and similar pressure. In addition, in the graph of

aspiration length versus pressure for the three cells, the slope of actin-disrupted group was

distinguished from the control and microtubule-disrupted groups, while the difference between

the control and microtubule-disrupted groups was subtle (Fig. 5-5(d)). Considerations should

be given to the aspiration length that was constantly measured from the edge of micropipette.

Even though the edge of micropipette may not exactly coincide with the starting edge of a cell,

only the incremental response will be considered due to the nature of the following linear

regression analysis and therefore any global offset error will have no impact on the results.
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Figure 5–5. (a) Overlaid images captured at different stages of MCF-7 cell being pushed

towards the new pressure node upon phase-shift in PM-SAW device. (b) Average trajectories

of control, actin-disrupted and microtubule-disrupted MCF-7 cells in PM-SAW device,

represented as displacement versus time. (c) Demonstrations of different aspiration lengths of

MCF-7 cells with or without actin/microtubule disruption with regard to increasing flow rate

and therefore increasing pressure in µFMA device. (d) Aspiration length versus pressure for

control, actin-disrupted and microtubule-disrupted MCF-7 cells as shown in (c).

The compressibility and Young’s modulus were calculated for the three groups (Fig. 5-6). The

measured compressibility of the control group was 4.07 ± 0.16 × 10 10 Pa 1 (mean ± SD, n =

31); that of the actin-disrupted group was 4.04 ± 0.18 × 10 10 Pa 1 (n  =  34);  that  of  the

microtubule-disrupted group was 4.17 ± 0.19 × 10 10 Pa 1 (n = 36). A statistically significant

difference in compressibility was found between the control and microtubule-disrupted (p <

0.05, unpaired t test), while there was no significant difference in compressibility between the

control and actin-disrupted (p = 0.42). The measured Young’s modulus of the control group

was 73.7 ± 27.3 Pa (mean ± SD, n = 28); that of the actin-disrupted group was 46.8 ± 21.3 Pa
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(n = 23); that of the microtubule-disrupted group was 62.3 ± 30.4 Pa (n = 34). A statistically

significant difference in Young’s modulus was found between the control and actin-disrupted

(p < 0.001, unpaired t test), while there was no significant difference in Young’s modulus

between the control and microtubule-disrupted (p = 0.12). The alteration of actin filaments was

revealed by Young’s modulus change using micropipette aspiration rather than compressibility

change using acoustic waves, whereas the alteration of microtubules was revealed by increased

compressibility.

Figure 5–6. Compressibility (left) and Young’s modulus (right) measurements of control (n =

31 for compressibility; n = 28 for Young’s modulus), actin-disrupted (n = 34 for compressibility;

n = 23 for Young’s modulus) and microtubule-disrupted (n = 36 for compressibility; n = 34 for

Young’s modulus) MCF-7 cells using PM-SAW and µFMA devices, respectively. Please note

that * denotes p < 0.05 and *** denotes p < 0.001, using unpaired t-test. Each bar with an error

bar represents mean ± SD.

With the independently measured compressibility  and Young’s modulus , the Poisson ratio

 of MCF-7 cells can be then estimated by the well-known elastic modulus conversion formula

= 1/2 /6, assuming that cells are homogeneous isotropic linear elastic materials. In all

groups, the calculated Poisson’s ratios were close to 0.5, with the deviation less than 5 × 10-9.

The deviations of Poisson’s ratios from incompressible limit, 0.5 - , were calculated as 5.0 ±

1.9 × 10-9 (control), 3.2 ± 1.4 × 10-9 (actin-disrupted) and 4.3 ± 2.1 × 10-9 (microtubule-

disrupted), where the errors were calculated using standard error propagation.

5.4.4 Immunofluorescent visualisation

In order to confirm the cytoskeletal alterations of MCF-7 cells used in this study, actin

filaments and microtubules were stained as described in the method section.
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Immunofluorescence imaging showed significant effects of cytochalasin-B and 2-

methoxyestradiol on the distributions of actin and microtubule networks (Fig. 5-7). The actin

filaments were distributed as a network at the periphery of the cell. In the control cells, the

actin staining exhibited partly clear filamentous interconnections and partly punctate structure

as bright spots. Upon treatment of 10 M cytochalasin-B, there was indiscernible filamentous

structure observed in the actin staining and the overall network density was reduced. In contrast,

the filamentous networks of actin remain with the treatment of 10 M 2-methoxyestradiol (Fig.

5-7).

Tubulin was stained to visualise the microtubule networks and found throughout the cell. The

fibrous structures of microtubules were clearly observed in the control and cytochalasin-B

treated cells. However, the tubulin staining appeared as disjoined and scattering dots at the

treatment of 2-methoxyestradiol, indicating that the microtubule network was disrupted (Fig.

5-7).
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Figure 5–7. Immunofluorescence images of actin and tubulin of control, 10 M cytochalasin-

B (Cyto-B) treated and 10 M 2-methoxyestradiol (2-MEO) treated MCF-7 cells. Scale bar

represents 5 m.

5.5 DISCUSSION

In this study, micropipette aspiration and acoustic wave were implemented in a microfluidic

environment to examine the Young’s modulus and compressibility of MCF-7 cells. In the

Young’s modulus measurements of this study, MCF-7 cells were found to become softer due

to reduction of Young’s modulus after actin disruption, while no significant difference was

shown after microtubule disruption; in the compressibility measurements, MCF-7 cells became

more compressible after microtubule disruption but showed no difference after actin disruption.

The immunofluorescence imaging confirmed the cytoskeletal alterations in this study, and the
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observations of suspension cells with cytoskeletal disruptions were in agreement with the

previous studies that similarly immunolabelled suspension cells [126, 235]. In addition, the

Poisson’s ratio of MCF-7 cells was estimated based on the measured Young’s modulus and

compressibility, and found to be very close to but slightly less than 0.5, suggesting that the

behaviours of MCF-7 cells are close to incompressible due to the major fluidic component in

the cytoplasm.

In literature, several studies reported Young’s modulus in response to cytoskeletal alterations

including actin disruption and microtubule disruption. For example, the Young’s modulus of

the MCF-10A non-tumorigenic epithelial cell line was found reduced due to actin disruption

by latrunculin-A using a similar microfluidic pipette device [123]. Human umbilical vein

endothelial cells [75], platelets [242], neutrophils [243] and porcine aortic endothelial cells [71]

were aspirated by conventional micropipette and exhibited higher aspiration length, suggesting

lower Young’s modulus due to actin disruption by cytochalasin. In addition to measurements

using micropipette aspiration, AFM was implemented to reveal that the Young’s modulus of

cells decreased after actin disruption [50, 68]. These studies agree with our observation using

µFMA device that the actin disruption of MCF-7 cells caused a reduction of Young’s modulus.

On the other hand, micropipette aspiration has also been used to show that the Young’s moduli

of human neutrophils [73] and chondrocytes [235] had no significant change after microtubule

disruption by colchicine. Other studies using moving probe indentation on chondrocytes [234]

and AFM on fibroblasts [68] showed that no change in Young’s modulus was induced by

microtubule disruption. These studies agree with our observation using µFMA device that the

microtubule disruption of MCF-7 cells did not induce significant impact on Young’s modulus.

In addition, a few studies measured compressibility (or equivalently bulk modulus) in response

to cytoskeletal alterations. As acoustic wave is a type of compression wave such that acoustic

propagation in a material is primarily related to its compressibility, acoustic-based methods

were usually applied for cell compressibility measurements. One study examined mouse

fibroblasts using scanning acoustic microscopy and reported that disrupting actin filaments left

the compressibility (or bulk modulus) unchanged [50]. On the other hand, it was reported in

our previous study that disrupting microtubules increased cell compressibility [22]. In addition

to acoustic-based methods, a custom cytocompression device was built to study chondrocytes

and showed that the initial compressibility derived from visually measured volume change

were increased only at microtubule disruption (represented as decreasing initial apparent

Poisson’s ratio) and unchanged at actin and intermediate filaments disruptions [58]. These
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studies are consistent with our observations using PM-SAW device that microtubule disruption

of MCF-7 cells increased the compressibility and actin disruption had no impact.

In contrast to our observations, there are studies showing the decrease in Young’s modulus of

microtubule-disrupted endothelial cells [71] and platelets [242], and the increase in Young’s

modulus and the decrease in compressibility (or the increase in bulk modulus) of microtubule-

disrupted fibroblasts [50]. These discrepancies could be attributed to a number of factors. As

pointed out in Wu et al.’s study [233], elastic modulus measurements could vary regarding the

force profile and other loading conditions of techniques. For example, in the study of

endothelial cells using micropipette aspiration [71], a constant pressure instead of stepwise

increasing pressure was applied, and the size of micropipette and the aspiration length were

smaller than those in our study, which may lead to different elastic modulus measurements.

Furthermore, different cell culturing or testing conditions could result in different measured

elastic moduli. For example, the hardening of fibroblasts after microtubule disruption was

demonstrated using adhered cells and explained as actin polymerisation compensating for the

microtubule disruption, which may not be pronounced after detaching cells from substrate

[126].

The measurement discrepancies among literature appear to be caused by mechanical loading

and cellular physiological conditions, as well as by the need for a minimum of two elastic

moduli to generate a mechanical model, supporting the advantages of two independent

techniques to measure the cell mechanics as used in this study. This approach could reduce

possible variation due to cell culture differences among laboratories, facilitate comparison

between techniques and obtain elastic moduli independently [50]. This more comprehensive

approach is made easier by lower cost, lesser instrumental requirement and higher throughput

of these microfluidic methods compared with conventional techniques. Although the

experiments using two techniques in this study were performed in parallel, it is possible for

future work to combine them into one microfluidic device, examining every single cell by

applying the two techniques in sequence and performing a paired comparison, as shown in one

previous study where acoustophoresis and optical stretching were combined [127]. The

combination of two measurement methods could raise concerns such as SAW-induced

structural change of the cell lipid bilayer, which might affect the cell membrane deformation

when using micropipette aspiration. However, it was also reported that the transient submicron

indentations on lipid bilayer induced by high-frequency (>10 MHz) SAW rapidly recovered

upon SAW relaxation [244]. The use of acoustic wave has been considered a non-invasive
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method with minimal effect on cell viability, proliferation and differentiation [134, 135]. Hence,

we anticipate that any SAW-induced temporal effect will not affect micropipette-aspiration

measurement if combined in cascade.

Our observations demonstrate the roles of cytoskeletal components with regard to cellular

elastic moduli. The differences in subcellular localization and organization of actin and

microtubule networks denote their distinctive structures. Actin filaments are distributed around

the cellular cortex beneath the plasma membrane and form a network of cross-linked stress

fibers [245]. Conversely, microtubules form a network throughout cytoplasm originating from

centrosome and extending to cell periphery and can be thought of structural rods [58, 246].

Then, the cellular tensegrity model links the cytoskeletal structures to their mechanical roles

[218, 228]. The model suggests that actin filaments could be deemed as pre-stressed tensional

“cables” and are better at resisting tension and shape distortion, so they mainly contribute to

tensile Young’s modulus which is defined in the elastic regime of a uniaxial deformation.

Microtubules are presumed to behave as compression-resistant “struts” and show greater ability

to withstand compression, thereby mainly contributing to compressibility which measures the

relative volume change in response to uniform compression. For example, one study analysed

an icosahedron tensegrity structure consisting of 6 struts in the center and 24 cables connecting

the ends of struts, and reported that its bulk modulus (equivalent to compressibility) was not

affected by the cable pre-stress and the resistance to compression was essentially due to the

strut stiffness [247]. In another study, a tensegrity structure with repeating 3-strut (also known

as two-stage 3-bar SVD-type tensegrity) showed that its axial stiffness or namely Young’s

modulus was increased by the cable pre-stress increase [248]. Despite more complex

interconnection between cytoskeletal networks, these tensegrity structures with cables and

struts resemble the actin and microtubule networks as structural analogue, and the tensegrity

mechanical behaviours are consistent with the results in this study. The consistency suggests

that the different roles of cytoskeleton on cellular elastic moduli could be explained by the

cellular tensegrity model.

In addition, our results showed that micropipette aspiration showed greater ability in detecting

alteration in actin filaments and acoustophoresis exhibited better performance in detecting

alteration in microtubules. The different responses of these two techniques could be determined

by the relationship between the mechanical loading conditions and cytoskeletal structures.

Micropipette aspiration applies localised suction pressure, increasing the load on the actin

cortex underlying cell membrane and hence causing a change in cell shape. In contrast, acoustic



91

waves propagate by means of compression and decompression throughout entire spatial

cellular structure, and thereby the response may be dominated by the microtubules. For future

cell mechanics studies, these observations suggest the need to select a suitable measuring

technique based on its mechanical loading conditions and the cellular structure of interest. On

the other hand, it was suggested that a mechanical modulus measured by a technique could be

biased to certain structures and uncorrelated with others due to the complex structural

behaviour of a cell, which contradicts the common assumption of isotropy and homogeneity

[233]. It suggests a combined usage of multiple methods in one study to apply different forces

from a force spectrum to comprehensively evaluate the mechanical responses of cells, such as

a recent application of three microfluidic deformability cytometry methods with different strain

rates in response to actin destabilisation [249].

5.6 CONCLUSION

This study established a phase-modulated surface acoustic wave (PM-SAW) microfluidic

device for cellular compressibility measurement and a microfluidic micropipette-aspiration

(µFMA) device for cellular Young’s modulus measurement. It allows independent

measurements of two elastic moduli of MCF-7 cells in response to cytoskeletal alterations.

Different structural roles of actin filaments and microtubules were found in relation to cellular

elastic moduli, where actin filaments mainly contribute to tensile Young’s modulus and

microtubules mainly contribute to compressibility (or bulk modulus). In addition, micropipette

aspiration and acoustophoresis techniques showed the capability in detecting alteration of actin

filaments and microtubules, respectively, indicating the necessity for future studies to select a

suitable measuring technique according to the cellular structure of interest.

5.7 SUPPLEMENTARY MATERIAL

5.7.1 PM-SAW device

Fabrication, dimension and experimental setup

The fabrication of PM-SAW device was demonstrated in our previous study [22]. The width

and height of the PDMS microchannel were 450 µm and 40 µm. The finger width and finger

spacing of the IDT were both 75 µm, resulting in a period of 300 µm and thereby a resonant

frequency of approximately 12.88 MHz. The frequency was chosen to ensure large wavelength

as compared with the sizes of microbeads and cells used in this study, therefore ensuring the



92

validity of long-wavelength assumption for Eq. (5-2) and allowing for long travel distance of

particles for the ease of experiment.

A two-channel signal generator (DG-4102, RIGOL) was electrically wired to the two IDTs

individually and produced two synchronised sinusoidal signals with the frequency of 12.88

MHz and the peak-to-peak voltage of 12 V. The PM-SAW device was observed on a heating

stage (D110, Okolab) set to 37°C mounted on an inverted microscope (IX51, Olympus) with a

digital monochrome camera (BM-141GE, JAI cameras). A syringe pump (Legato 180, KD

Scienti c) was used to inject the sample into the device. A custom LabVIEW program was

used to control the signal generator, acquire the real-time images from the camera and record

the data. During the experiment, the motion of pre-focused particles moving to new pressure

node upon phase-shift by 120° was captured and saved as video data, which were then tracked

by Motion Studio (Integrated Design Tool Inc.) and transformed into trajectory data and

particle size data. In addition, theoretical trajectory can be simulated by a custom Matlab

(R2017a, MathWorks) program solving Eq. (5-1) – Eq. (5-3).

Measurement validation

To demonstrate the capability of measuring compressibility, the microbead experiment was

repeated while assuming the compressibility of polystyrene is unknown. The compressibility

of the particle is the only unknown parameter that can be estimated by tting the theoretical

trajectory with the experimental trajectory, as described in the method section. The measured

compressibility of 10- m polystyrene microbeads was 2.21 ± 0.15 × 10 10 Pa 1 (mean ± SD, n

= 18), which agrees with the values ranging from 2.1 to 2.4 × 10 10 Pa 1 reported in our previous

study and other studies from literature [15, 22, 222]. These observations support the reliability

of compressibility measurements using PM-SAW.

5.7.2 µFMA device

Fabrication

Given the three-dimensional structure of µFMA device, it was composed of two pieces of

PDMS chips aligned and bonded based on soft-lithography technique, where the three-

dimensional structure was split in height into the two chips. The top PDMS chip included part

of the main channel (19 µm in height) and the entire micropipette (8 µm in height). The bottom

PDMS chip included the other part of the main channel (11 µm in height). In total, it formed

the main channel with 30 µm in height and the micropipette with 8 µm in height as designed.
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The silicon mould for the top PDMS chip consisted of two layers, in which one Si layer was

for micropipette and one SU-8 layer was for main channel. Two photomasks were built and

contained micropipette and main channel features, respectively, labelled as mask 1 and mask

2 in Fig. 5-8. The micropipette layer was built first. SU-8 2002 negative photoresist was coated

on a silicon wafer and patterned using mask 1 by standard photolithography. Then silicon dry

etch Bosch etching was performed to an etch depth of 8 µm into the silicon wafer (Oxford

Plasmalab 100). The photoresist was removed with Piranha wet cleaning and oxygen plasma

to ensure cleanliness. Importantly, in the design of mask 1, the micropipette feature was

extended by 2 µm at each side to ensure connection to the following main channel feature.

Secondly, the main channel layer was built in addition to the first layer. The silicon wafer was

coated with SU-8 2025 to a thickness of 19 µm and aligned with mask 2 (EVG620 mask

aligner). The SU-8 photoresist was exposed and developed to create the main channel feature.

The completed silicon mould for the top PDMS chip was shown in Fig. 5-9.

Figure 5–8. Two photomasks contained features of micropipette and main channel, respectively,

labelled as mask 1 and mask 2.

Mask 1 Mask 2
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Figure 5–9. Silicon mould for the top PDMS chip that included part of the main channel (19

µm in height) and the entire micropipette (8 µm in height).

The silicon mould for the bottom PDMS chip was in one layer. Similarly, SU-8 2025 was

coated on a silicon wafer to a thickness of 11 µm, exposed with mask 2 and developed to create

the main channel feature. The capability of recycling mask 2 in both top and bottom moulds

was due to its self-mirror-symmetry that ensures the main channel features in top and bottom

PDMS chips are identical after flipping.

Both silicon moulds were cast with PDMS (Sylgard-184) with a mixing weight ratio of 10:1

(base : curing agent). Two PDMS chips were cured at 80 °C for 1 hour, peeled off from the

silicon moulds and punched by a puncher (Harris Uni-Core) to create channel inlet/outlet with

a diameter of 0.5 mm. Surfaces of the two PDMS chips were activated by air plasma chamber

(at pressure 400 mTorr and power 30 W). A drop of isopropanol (40 L) was added on the

bottom PDMS chip to delay bonding and enable sliding over each other for a few minutes. The

alignment was performed manually under an inverted microscope. Finally, the assembled

PDMS chip was baked overnight at 80 °C to enhance bonding.

Experimental setup

The inlet of µFMA device was connected to a glass syringe (1001TLL, Hamilton) driven by a

syringe pump (Legato 180, KD Scienti c) via polytetrafluoroethylene (PTFE) tubing,

providing precise and responsive flow rate control. It was placed on a heating stage (D110,

Okolab) set to 37°C mounted on an inverted microscope (IX51, Olympus) with a digital

monochrome camera (BM-141GE, JAI cameras). A custom LabVIEW program was used to

control the syringe pump, acquire the real-time images from the camera and record the data.
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Dimensions

In order to optimise the device performance, four sets of dimensions that differ slightly in main

channel length or micropipette length were designed, labelled as device number 1 to number 4.

The dimensional details include main channel unit-segment length , width  and

height , curvature diameter , micropipette-aspiration unit length , width  and

height , position offset  and spacing , as shown in Fig. 5-10. The details for the four

designs are summarised in table 5-1.

Figure 5–10. Schematic of the design details, including main channel unit-segment length

, width  and height , curvature diameter , micropipette-aspiration unit

length , width  and height , position offset  and spacing .

Device number

1 5000

30 30 100

25

8 8 200 100
2 4000 25

3 5000 20

4 4000 20

(All in µm)
Table 5–1. Design details for the four designs from device number 1 to number 4.

In order to examine the performance of the four sets of dimensions, A549 epithelial cells

[American Type Culture Collection (ATCC)] were cultured following the same cell culture

procedures as described in the method section. A549 cells were tested by four µFMA devices
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built from four slightly different dimensions (i.e. device number 1 to number 4 as mentioned),

respectively. We followed the testing procedures described in the method section, except that

the stepwise increasing flow rate was from 100 nL/min to 450 nL/min with the increment of

50 nL/min, as A549 cells appeared stiffer than MCF-7 cells.

The four devices showed similar performance in cell loading based on our observation. The

Young’s modulus of A549 cells was measured as 357 ± 176 Pa (mean ± SD, n = 15) by device

1, 369 ± 128 Pa (n = 22) by device 2, 408 ± 157 Pa (n = 10) by device 3, and 384 ± 111 Pa (n

= 9) by device 4. No significant difference was found between any of the four measurements

using unpaired t test, indicating consistent measurements of Young’s modulus among the four

devices. Hence, the difference among the four dimensions does not appear to affect the

performance and the measurement, since the path length along main channel L in Eq. (5-4) was

configured specific to each micropipette-aspiration unit. The four sets of dimensions were then

used interchangeably in this study.

Figure 5–11. Young’s modulus of A549 cells measured by four µFMA devices built from four

slightly different designs.

Measurement validation

As further validation, MDA-MB-231 cells were chosen because the Young’s modulus of this

cell type has been reported by both similar microfluidic micropipette device and conventional

micropipette in Lee et al.’s studies [123, 124], MDA-MB-231 cells were loaded into the µFMA

device and aspirated by increasing pressure from ~50 Pa up to ~500 Pa, as described in the
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method section. The Young’s modulus of each single cell was calculated by linear regression

analysis of Eq. (5-5) and the average Young’s modulus for MDA-MB-231 cells was 164 ± 90

Pa (mean ± SD, n = 19). It is comparable to the reported Young’s modulus ranging from 127

to 206 Pa [123, 124], which demonstrates the utility of µFMA device.
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CHAPTER 6. HIGH-THROUGHPUT MICROFLUIDIC COMPRESSIBILITY

CYTOMETRY USING MULTI-TILTED-ANGLE SURFACE ACOUSTIC

WAVE

6.1 INTRODUCTION

Cells are dynamic, living structures that remodel themselves in response to stimuli from

environment or in relation to cellular interior processes such as cell growth, proliferation,

differentiation, migration and death [1–3, 250]. The mechanical property of cells has been

constantly probed as a biophysical indicator due to the correlation between these biological

processes and the associated cell mechanics [25, 26]. In addition, many diseases associate with

mechanical irregularities in cell mechanics, such as sickle cell anemia [209], malaria [30, 210]

and cancer [31, 32]. The changes in cell mechanical property represent the abnormal alteration

in cell functionality and can be used for the applications in disease detection, diagnosis and

treatment [33]. For example, the deformability of disseminated tumour cells in pleural

effusions were used to diagnose pathological states such as acute inflammation and a

deformability-based scoring system was established to evaluate the malignancy [34]. Hence,

these evidences suggest the importance of understanding cell mechanics and characterising cell

mechanical property.

The cell mechanical property has been conventionally measured by a variety of techniques,

such as cell-poking microneedles [62, 63], atomic force microscopy (AFM) [65], micropipette

aspiration [8], optical tweezer [81], and magnetic tweezer [84]. These conventional techniques

provide an effective mechanical measurement of cells and usually give a measure of cellular

Young’s modulus or shear modulus [46]. However, they often require bulky apparatus to probe

one cell at a time, therefore limited by high instrument cost and low throughput.

The emerging microfluidic methods provide a promising solution in a low-cost and high-

throughput manner [131]. To date, a variety of microfluidic applications have been developed

for cell mechanical measurement, based on the deformation induced by hydrodynamic stress

[110–112], physical contact with microchannel [97–99], and external force fields such as optics

[31, 126, 127]. Among the family of microfluidic methods, acoustofluidic method which is the

fusion of acoustics and microfluidics appears to be advantageous for cell mechanics

applications due to its tunability, biocompatibility and acousto-mechanical nature [13, 14]. In

particular, acoustofluidic method creates a contact-free force field with a spatial resolution at
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the same or smaller scale as cells, therefore capable of probing individual cells [14, 189, 251].

Due to the mechanical nature of acoustic waves, the acoustic radiation force exerted on a cell

is dependent on its mechanical property, i.e. compressibility or bulk modulus, which thereby

can be measured through the acoustic radiation force. This method provides an additional

mechanical parameter to the more commonly measures of Young’s modulus and shear modulus

of the cell [143].

Several studies have implemented acoustofluidic methods for cell mechanical measurement.

For example, Hartono et  al measured the compressibility of various cancer cell lines by

analysing the trajectory of initially scattering cells being dragged by the acoustic radiation force

[15]. Yang et al incorporated optical lasers into the acoustofluidic setup, positioning cells at

one position and then applying the acoustic radiation force [127]. Wu et al further extended the

idea using the phase modulation of surface acoustic wave to pre-focus cells at one line before

tracking the trajectory towards a new line driven by the acoustic radiation force [22]. These

trajectory-tracking methods capture the entire motion of a cell that lasts for a few seconds and

cells are usually tested under no-flow condition or a very slow flow for the purpose of ensuring

a complete motion capture. Hence, the method has been limited in terms of throughput.

Acoustofluidic method has also been widely exploited in the applications of cell separation,

which operate in a continuous-flow and high-throughput manner [252]. The separation was

achieved by creating a threshold for different speed towards the acoustic-induced focusing line

[20, 156, 158], different motion direction travelling across a tilted acoustic field [194, 195,

198], or different equilibrium position in a medium with certain property value or gradient [202,

253]. These differences stem from the significant difference in biophysical properties and

therefore in the magnitude of acoustic radiation forces between two populations. However, the

separation is binary with a single threshold and shows difficulties when two populations have

overlap in properties [198, 202]. In addition, it does not provide a measured characteristic of

population and its usage adheres to specific applications of two populations that differ in cell

size [252].

In this study, we developed a high-throughput microfluidic compressibility cytometry using

multi-tilted-angle surface acoustic wave (SAW), which operates under a continuous flow,

separates microparticles or cells into different bins based on their biophysical properties and

provides thousands of cell compressibility measurements in a few minutes. The working

principle was first demonstrated by mathematical analysis and computational simulation,
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followed by fabrication of the compressibility cytometric device. Three sets of experiments

were done using the compressibility cytometry. Firstly, in order to validate the working

principle and to demonstrate the characterisation capability, polymer microbeads with different

materials and sizes were tested. Secondly, the compressibility cytometry was used to

characterise one cell line in response to different levels of drug-induced cellular structure

disruptions, where MDA231 cells treated with colchicine (known to disrupt cellular

microtubules) at different concentrations were characterised. Finally, the compressibility

cytometry was used to characterise cell lines with different metastatic phenotypes, where

MDA231 cells and the highly metastatic variant MDA231 LNm5 cells were examined and

compared.

6.2 WORKING PRINCIPLE

The multi-tilted-angle surface acoustic wave (SAW) compressibility cytometric device

consists of a LiNbO3 piezoelectric substrate and a PDMS microchannel containing a series of

segments with different angles with respect to a pair of interdigital transducers (IDTs)

deposited on the substrate (Fig. 6-1(a)). The device is constructed to separate microparticles or

cells into different bins based on their biophysical properties such as size and compressibility,

by dragging them towards the sidewalls at different segments (Fig. 6-1(b)). This is achieved

by the design of channel tilted angles and therefore the varied balance between the effects of

acoustics and flow.

Figure 6–1. (a) Photo of compressibility cytometric device, consisting of a pair of interdigital

transducers (IDTs) on a LiNbO3 piezoelectric substrate and a PDMS microchannel containing

a series of segments tilted by different angles. The grid square in the background is 10 mm ×



101

10 mm. (b) Schematic of compressibility cytometric device separating microparticles or cells

into different bins by dragging them towards the sidewalls at different segments.

6.2.1 Theory

Once a radio frequency (RF) signal at the resonant frequency is imposed at each IDT, it

generates two counter-propagating SAWs traveling from the IDTs in the form of a Rayleigh

wave and entering the fluidic domain in the microchannel. A pressure interference is formed

in the fluidic domain and the time-averaged pressure creates the acoustic radiation force

pushing any present particles towards a pressure node or antinode depending on their acoustic

contrast. Most solid polymer microbeads and cells including the ones used in this study have a

positive acoustic contrast [14]. Hence, the acoustic radiation force  would push particles

towards pressure nodes and could be defined as below [139].

=
2

5 2
2 +

sin(2 ) (6-1a)

= (6-1b)

where  denotes the acoustic energy intensity; ,  and  denotes the density,

compressibility and volume of the particle respectively;  and  denotes the density and

compressibility of the medium repectively; and  denotes the density and acoustic velocity

within substrate respectively;  denotes the distance away from pressure node and = 0

coincides with pressure node;  and  denotes the wavelength and the wavenumber of acoustic

wave respectively;  dentoes the input voltage to the IDT;  denotes the working area of

IDT; denotes the energy coefficient.

Another governing force on the particle is the well-known Stoke’s drag force from the fluid.

= 6 (6-2)

where  denotes the dynamic viscosity;  denotes the radius of the particle;  denotes the

particle velocity relative to that of the flow.

The motion of a particle can therefore be described by the balance between the acoustic

radiation force  and Stoke’s drag force  along the x- and y-directions.
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2
5 2
2 +

(2 ) + 6 ( ) = 0

2
5 2
2 +

(2 ) + 6 = 0
(6-3)

where  denotes the angle between acoustic-induced pressure node and flow direction; ( )

denotes the flow velocity profile, which is a function of  since the channel is along the x-

direction and under laminar condition.

In order to have a clearer representation of particle trajectory, Eq. (6-3) can be combined and

transformed as below.

=
· sin[2 ( sin + cos )] cos

· sin[2 ( sin + cos )] sin + ( )
(6-4a)

9
(6-4b)

·
5 2
2 + (6-4c)

where  denotes the flow rate; ( ) denotes the flow velocity profile per unit flow rate, that

is, ( ) = · ( ), which is also constant once the microchannel dimension is determined.

We define a constant  specific to the device and the testing medium which is water or aqueous

solution throughout this study, and a combined property  for the particle in Eq. (6-4). This

indicates that the particle trajectory depends on experimental conditions such as input voltage

 and flow rate  and particle properties including radius , density  and compressibility

.

6.2.2 Multi-tilted angle simulation

A scenario of one tilted angle was first analysed to demonstrate the angle-dependent

thresholding effect on particle properties and to assist in tilted angle design. In the simulation,

particles flowing from the centre of a single straight channel titled at an angle were subjected

to a constant flow and acoustic radiation force. The particle trajectory was simulated by solving

Eq. (6-4) using MATLAB (R2017a, MathWorks) and the lateral displacement was calculated.

The simulation covered a range of tilted angle  and a range of particle compressibility ,

while the other parameters were fixed including the medium as water, the particle as MCF-7
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cell reported in the previous study [22] and the microchannel dimension as 450 µm in width

and 1000 µm in length.

Then multi-tilted angle is conceptualised with a series of straight segments in sequence with

different tilted angles, such that particles will be separated into groups hitting the sidewall of

the segment where their properties match the threshold (Fig. 6-1(b)). The particle trajectory in

a multi-tilted-angle device can be simulated by repeatedly solving Eq. (6-4) using MATLAB

(R2017a, MathWorks). Based on Eq. (6-4), the simulation results can be represented as a map

of hitting position = , , which is a function of the parameter  related to

experimental conditions and the particle property  related to size, density and compressibility.

Hitting position = 1,2,3, … ,  refers to channel segment number 1 to  where particles hit

the sidewall. Hitting position = + 1 means particles do not hit the sidewall. There are few

situations at the transition from one segment to another that hitting position  is a fractional

number, because the pre-focused band of particles split into hitting two neighbouring segments

due to the slight difference in initial position. In this case, hitting position  is defined as the

mean hitting position of the band. More information about multi-tilted-angle simulation can be

found in the supplementary material.

6.2.3 Compressibility measurement

When a population of particles are tested, they are injected into the multi-tilted-angle SAW

device, hydrodynamically focused and then subjected to both acoustics and flow. The motion

of each particle is video recorded, in which the hitting position  and radius  is captured by

image analysis. Knowing the input voltage , flow rate  and device constant  (obtained

from calibration process), the captured hitting position  can be converted to an estimate of

property  in Eq. (6-4c) using the simulated hitting position map = , . The

property  is defined based on radius , density  and compressibility  . In this study, the

density of microbeads is obtained from literature and that of cells is assumed to be a constant

value of 1050 kgm-3 supported by previous studies.[22, 23, 216, 217] The radius  is

experimentally captured from video recordings. Hence, by decoupling radius  and density ,

the estimated property  can be further converted to an estimate of compressibility  for each

particle. In the hitting position map, a hitting position  may lead to a small range of  values

and therefore a small interval for compressibility , so the median of compressibility interval

is used as the estimate.
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6.3 MATERIALS AND METHODS

6.3.1 Fabrication and calibration

The fabrication process has been previously described [22]. The device comprises of a PDMS

microchannel and a LiNbO3 piezoelectric substrate. The PDMS microchannel has a main inlet

for sample, a sheath inlet for hydrodynamic focus before acoustic area and an outlet. An array

of pillars with the minimal spacing of 20 µm is designed right after the main inlet, for the

purpose of filtering out larger dusts or aggregates and only allowing single microbead or cell

entering the channel. The channel consists of four segments with a length of 1000 µm, a width

of 450 µm for each and a uniform height of 100 µm. This single-layer PDMS microchannel

was fabricated using the standard soft lithography and PDMS casting techniques. On the other

hand, a 128° Y-cut X-propagation LiNbO3 wafer was used to build the piezoelectric substrate.

A pair of IDTs were deposited on the LiNbO3 substrate using the lift-off process with uniform

electrode width and spacing of both 75 µm, leading to a resonant frequency of ~12.8 MHz.

Then the PDMS channel and LiNbO3 substrate were aligned and bonded by air plasma. The

calibration process of a fabricated device can be found in the supplementary material.

6.3.2 System setup

The device was mounted on an inverted microscope (IX51, Olympus) with a digital

monochrome camera (BM-141GE, JAI cameras). The main inlet and sheath inlet were

connected to two glass syringes (1001TLL, Hamilton) driven by two syringe pumps (Legato

180 and Legato 270, KD Scienti c) via PTFE tubing, respectively. A signal generator (DG-

4102, RIGOL) provided a RF signal which was sequentially amplified by a RF power amplifier

to the two IDTs. An oscilloscope (DS-1102E, RIGOL) was used to monitor the real-time

voltage provided to the IDTs to ensure a stable input voltage to the device as desired. A custom

LabVIEW program was used to control the signal generator, monitor the input voltage to the

device and acquire the real-time images from the camera.

6.3.3 Sample preparation

MDA231 cells [American Type Culture Collection (ATCC)] were cultured in a complete

DMEM medium [containing 10% (v/v) HIFCS, 2 mM L-Glutamine, 1% (v/v) non-essential

amino acids, 1% (v/v) sodium pyruvate, 0.2% (v/v) sodium bicarbonate, 15 mM HEPES, 100

IU/ml penicillin and 50 µg/ml streptomycin] and kept in an humidified incubator at 37°C and

containing 5% CO2. The cells were passaged twice weekly by PBS wash, trypsinization,

centrifugation and resuspension in complete DMEM. MDA231 LNm5 cells were derived
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through a process as previously described [254], and were cultured in the complete DMEM as

described above.

In the drug treatment experiment, colchicine that is known to disrupt microtubules [22] was

added to MDA231 cells at 1, 10 or 100 µM, and the cells were kept in the incubator for 4 hours.

Before the experiment, the device was primed with PBS containing 0.25% BSA and 0.3%

Pluronic F127 for the purpose of clearing air in the microfluidic channel. In the microbead

experiment, 10-µm PS microbeads (Magsphere), 10-µm PMMA microbeads (PolyAn) and 15-

µm PS microbeads (Advance Scientific) were prepared in Milli-Q water containing 0.3%

Pluronic F127 at the concentration of ~2 × 106/ml and injected into the main inlet, while Milli-

Q water was injected into the sheath inlet. In the cell experiment, cells were washed with PBS,

trypsinized, suspended in PBS at the concentration of 1 – 1.5 × 106/ml and injected into the

main inlet, while PBS was injected into the sheath inlet. The flow rate ratio of main inlet to

sheath inlet was kept at 1:10.

6.4 RESULTS

6.4.1 Device design and simulation

In the first simulation for the angle-dependent thresholding effect, particles with varied

compressibility from the centre of a single straight channel titled at a varied angle were

subjected to a constant flow and acoustic radiation force (Fig. 6-2(a)). The simulation results

show that less compressible particles reach the maximum lateral displacement (225 µm) and

hit the sidewall, while more compressible particles have a small lateral displacement and stay

in the centre, indicating a thresholding effect on the particle compressibility. The threshold on

compressibility can be tuned by changing the tilted angle, where a decrease in tilted angle will

increase the portion of particles hitting the sidewall and vice versa.
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Figure 6–2. (a) Simulation of a one-tilted-angle scenario. The lateral displacement was

simulated with regard to a range of tilted angle  and a range of particle compressibility ,

while the other parameters were fixed. (b) Simulation of multi-tilted-angle compressibility

cytometry. The simulated hitting position  is a function of parameter  related to a constant

, input voltage  and flow rate , and particle property  related to size, density and

compressibility. Results were represented as a hitting position map.

In the second simulation for the multi-tiled-angle SAW device, the microchannel was designed

with four straight segments in sequence with decreasing tilted angles, such that a series of

thresholds were created to allow particles hitting the sidewall of the segment where their

properties match the local threshold. The tilted angles were chosen as 20°, 18°, 16° and 14°

throughout this study, based on the simulation results in Fig. 6-2(a) compared to the reported

cell compressibility [22]. The hitting position , which had values of = 1~5, was simulated

and represented as a hitting position map (Fig. 6-2(b)). The hitting position map suggests that

at a certain parameter , that is, under a certain input voltage  and flow rate  and with a

device constant , the particles with different property  will hit the sidewall at different
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positions. In practice, the parameter  can be tuned by changing the input voltage  and/or

flow rate , leading to a shift in the threshold on the property  and therefore size, density or

compressibility.

6.4.2 Measurement of microbeads

Microbeads with different materials and diameters were first tested using the compressibility

cytometry, including 10-µm PS, 10-µm PMMA and 15-µm PS microbeads. Each group of

microbeads were tested under multiple combinations of input voltage and flow rate, and

therefore different values of , in order to shift the cut-off threshold and to validate the

theory in various conditions. The combinations of input voltage and flow rate, , were

adjusted for each group while ensuring an effective hitting position between = 1 and = 5.

We observed that the microbeads were dragged towards the sidewall as a result of both

acoustics and flow, hitting the sidewall at certain positions (Fig. 6-3(a)). ~100 microbeads were

tested for each value of  from each group, and the results were represented as the mean

and standard deviation of hitting position for those microbeads (Fig. 6-3(b)). For all three

groups of microbeads, the mean hitting position decreased when the  increased, which

agrees with the expectation that particles will be dragged towards the sidewall earlier when the

acoustics is stronger and/or the flow is slower. The hitting position of microbeads with different

materials or sizes could be seen clearly in the following examples. PS and PMMA microbeads

of 10-µm diameter were both tested under  = 113.6 and 142.5 V2(µL/min)-1 and showed

differences in mean hitting position of 3.96 vs 1.90 and 2.83 vs 1.79, respectively. In addition,

for a similar hitting position such as = ~2, the three groups of microbeads required different

combinations of voltage and flow rate, , where 10-µm PS microbeads needed twice the

 and equivalently twice the input power as 15-µm PS microbeads.
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Figure 6–3. Measurement of microbeads. (a) Photo of microbeads hitting the sidewall at certain

positions as a result of both acoustics and flow. (b) Experimental and predicted hitting positions,

(c) measured radius and compressibility, and (d) 50% density contour of compressibility vs

radius for 10-µm PS (n = 476), 10-µm PMMA (n = 346) and 15-µm PS (n = 314) microbeads.

*** denotes p < 0.001 (unpaired t-test). Data are represented as mean and standard deviation

in (b) and a standard box plot in (c).

Since the properties of PS and PMMA can be found in literature, the hitting positions were

predicted using the hitting position map. The property values used for prediction are provided

in the supplementary material. The predicted hitting positions were plotted as dash lines in Fig.

6-3(b), which agree with the experimental results and suggest a good reliability of the proposed

theory.
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The radius and compressibility of microbeads were measured by the compressibility cytometry

(Fig. 6-3(c)). The measured radius of the 10-µm PS, 10-µm PMMA and 15-µm PS microbeads

was 4.99 ± 0.10 (mean ± SD, n = 476), 5.00 ± 0.11 (n = 346), and 7.48 ± 0.15 (n = 314) µm,

respectively. The measured compressibility of the three groups was 2.10 ± 0.31 (n = 476), 1.33

± 0.42 (n = 346), and 2.14 ± 0.22 (n = 314) × 10 10 Pa 1, respectively. The measured radius

agrees with the specifications from manufacturer, and the measured compressibility agrees

with 2.1 – 2.4 × 10-10 Pa-1 for PS [15, 222] and 1.1 – 1.7 × 10-10 Pa-1 for PMMA [223, 255].

These results suggest that the compressibility of PS and PMMA has been correctly

characterised by the compressibility cytometry.

The 50% density contour of compressibility vs radius, which is the probability contour within

which 50% of the population resides, was plotted for each group (Fig. 6-3(d)). This bivariate

contour clearly distinguished 10-µm PS, 10-µm PMMA and 15-µm PS microbeads in terms of

the location and spread in the graph, providing further insights on the characteristic of a

population. The full data of univariate and bivariate distributions of cell compressibility and

size can be found in the supplementary material.

6.4.3 Measurement of microtubule-disrupted cells

As microtubules are believed to contribute to cell compressibility [23], MDA231 cells treated

with different concentrations of colchicine to disrupt microtubules were tested along with the

control group using the compressibility cytometry. All groups were tested under three

combinations of input voltage and flow rate,  = 113.6, 142.5 and 163.6 V2(µL/min)-1,

which resulted from a constant flow rate  = 5.5 µL/min and voltages  = 25, 28, 30 V.

We observed that the cells also hit the sidewall at certain positions as a result of both acoustics

and flow (Fig. 6-4(a)). 300~500 cells were tested for each value of  from each group, and

the results were represented as the mean and standard deviation of hitting position for those

cells (Fig. 6-4(b)). The hitting positions of all groups decreased when the  increased. At

each , the mean hitting position of the control group was lower than those of the three

colchicine-treated groups, indicating that more control cells hit at earlier position than the

microtubule-disrupted cells.
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Figure 6–4. Measurement of microtubule-disrupted cells. (a) Photo of MDA231 cells hitting

the sidewall at certain positions as a result of both acoustics and flow. (b) Hitting positions, (c)

measured radius and compressibility, and (d) 50% density contour of compressibility vs radius

for the control (n = 1444), 1 µM colchicine-treated (n = 916), 10 µM colchicine-treated (n =

1013) and 100 µM colchicine-treated (n = 968) cells. *** denotes p < 0.001 (unpaired t-test).

Data are represented as mean and standard deviation in (b) and a standard box plot in (c).

The radius and compressibility of control and colchicine-treated cells were measured by the

compressibility cytometry (Fig. 6-4(c)). The measured radius of the control, 1 µM colchicine,

10 µM colchicine and 100 µM colchicine was 7.46 ± 0.85 (mean ± SD, n = 1444), 7.41 ± 0.86

(n = 916), 7.47± 0.86 (n = 1013) and 7.61 ± 0.88 (n = 968) µm, respectively. The measured

compressibility of the four groups was 3.56 ± 0.32 (n = 1444), 3.61 ± 0.33 (n = 916), 3.61 ±

0.33 (n = 1013) and 3.64 ± 0.32 (n = 968) × 10 10 Pa 1, respectively. The radius of MDA231

cells remained unchanged at 1 µM and 10 µM colchicine treatment and increased at 100 µM
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colchicine treatment. The compressibility of MDA231 cells was increased at all three

concentrations, and the cells treated by 100 µM colchicine appeared the most compressible.

The 50% density contour of compressibility vs radius was plotted for each group (Fig. 6-4(d)).

From the control to the 100 µM colchicine-treated, the contour of compressibility vs radius was

gradually shifted upward. It was further shifted to the right at the 100 µM colchicine treatment.

The shape of contour did not show a clear difference between groups. The full data of univariate

and bivariate distributions of cell compressibility and size can be found in the supplementary

material.

6.4.4 Measurement of cancer cells with different metastatic potential

MDA231 cells and MDA231 LNm5 cells which are a highly metastatic variant derived from

MDA231 cell line were both tested using the compressibility cytometry. The two cell lines

were tested under three combinations of input voltage and flow rate,  = 113.6, 142.5 and

163.6 V2(µL/min)-1, which resulted from a constant flow rate  = 5.5 µL/min and voltages

= 25, 28, 30 V.

300~400 cells were tested for each value of  from each cell line, and the results were

represented as the mean and standard deviation of hitting position for those cells (Fig. 6-5(a)).

The hitting positions of the two cell lines decreased when the  increased. At each ,

the mean hitting position of MDA231 cells was lower than that of MDA231 LNm5 cells,

indicating that more of the parent cell line hit at earlier position than the highly metastatic

daughter line.
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Figure 6–5. Measurement of cancer cells with different metastatic potential. (a) Hitting

positions, (b) measured radius and compressibility, and (c) 50% density contour of

compressibility vs radius for MDA231 (n = 1197) and MDA231 LNm5 (n = 1146) cells. ***

denotes p < 0.001 (unpaired t-test). Data are represented as mean and standard deviation in (a)

and a standard box plot in (b).

The radius and compressibility of MDA231 and MDA231 LNm5 cells were measured by the

compressibility cytometry (Fig. 6-5(b)). The measured radius of the two cell lines was 7.38 ±

0.80 (mean ± SD, n = 1197) and 7.57 ± 0.94 (n = 1146) µm, respectively. The measured

compressibility of the two cell lines was 3.62 ± 0.36 (n = 1197) and 3.82 ± 0.30 (n = 1146) ×

10 10 Pa 1, respectively. The radius and compressibility of the highly metastatic daughter line

were both larger than those of the parent cell line.

The 50% density contour of compressibility vs radius was plotted for each cell line (Fig. 6-5(c)).

The contour of MDA231 LNm5 cells was located higher than that of MDA231 cells, suggesting

a higher compressibility. In addition, the shape of MDA231 LNm5 contour was narrower and
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the orientation was more towards the top right as compared with MDA231 cells, suggesting

the different bivariate relationship between compressibility and radius as a characteristic

distinguishing the two cancer cell lines that differ in metastatic potential. The full data of

univariate and bivariate distributions of cell compressibility and size can be found in the

supplementary material.

6.5 DISCUSSION

In this study, we demonstrated a high-throughput compressibility cytometry using multi-tilted-

angle SAW, providing thousands of single-cell measurements of compressibility and radius for

each cell population. The working principle of compressibility cytometry was studied by

mathematical analysis and computational simulation and validated by the experimental results

using the microbeads with different materials and sizes. The microbead results also suggest

that the compressibility cytometry can detect the difference in material properties such as

compressibility between populations. For example, 10-µm PS and 10-µm PMMA microbeads

were clearly differentiated in terms of the hitting position in the cytometry and the measured

compressibility, while the two populations have no difference in particle size.

Different cell populations were measured by the compressibility cytometry and the measured

compressibility is comparable to the previous acoustofluidic compressibility measurements

ranging from 3.28 × 10 10 Pa 1 to 4.30 × 10 10 Pa 1 for a variety of cell lines [15, 22, 127, 204].

However, the previous studies mostly applied a trajectory-tracking method, which first

positioned a target cell away from the pressure node of standing acoustic wave and then

exposed the cell to the acoustic wave dragging it to the pressure node. The trajectory of entire

time-lapse motion was needed and a slower motion had a better resolution of differentiating

small difference [22]. As a consequence, the trajectory-tracking method was implemented

under no-flow condition [15, 127] or a low flow rate [22] and preferably under low acoustic

energy intensity, limiting the throughput and sample size of compressibility measurement.

Although a recent study attempted to adapt it to a continuous-flow condition by measuring a

cut-off position in the middle of motion, the reported measurements were still tens of cells for

each population [150]. The compressibility cytometry in this study currently yields a

throughput of ~10 cells per second and enables thousands of single-cell compressibility

measurements within less than ten minutes for the first time. This is made possible because

only the cell count at a hitting position is needed instead of every single-cell trajectory,

requiring less instrumental and computational resource and facilitating an easier path towards
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automation. On the other hand, the large sample size (>1,000 cells) provides more insights on

the intrinsic distribution of a cell population and the bivariate correlation between radius and

compressibility which significantly differentiated cell populations in this study.

The compressibility cytometry also demonstrates a technical improvement from the state-of-

the-art SAW-based binary separation. A typical SAW-based binary separation setup is based

on a straight fluidic channel tilted by a constant angle with respect to SAW, similar to the

simulation in Fig. 6-2(a). It has demonstrated the effectiveness in the applications such as

microbeads with different sizes [194, 195], circulating tumour cell (CTC) separation from

blood [194, 197, 198] and bacteria separation from blood [256], which benefit from the

significant difference in size between target and non-target. However, it was reported that two

cell populations may have an overlap in biophysical properties due to the heterogeneity of a

population, which would be difficult to address in a binary separation [150, 198, 202]. A recent

study attempted to address this issue by applying a random sequence of voltages to the typical

setup, but could not provide single-cell measurements or information on heterogeneity due to

the difficulties in registering the voltages with single-cell detection [204]. In this study, the

compressibility cytometry with multiple tilted angles and therefore multiple “binary

separations” can examine the heterogeneous biophysical properties within a cell population,

identify the overlapping properties between two populations and detect any populational

difference such as shift and skew.

The technical improvement by the compressibility cytometry has led to the potential of many

biomedical applications. The impact of microtubule disruptions was effectively captured by

the compressibility cytometry, suggesting possible applications in the areas of cell mechanics

and microtubule structure. In light of the cellular tensegrity model, microtubules are seen as

compression-resistant struts and thereby mainly contribute to whole-cell compressibility [218,

228]. Hence, cell compressibility could be a rapid biophysical marker for the interior

microtubule structure, and the compressibility cytometry could be applied in the studies of

microtubule-related diseases such as cancers [257, 258] and neurodevelopmental disorders

[259]. For example, microtubule rigidity was reported to influence the formation of

microtubule bundles and the efficacy of taxane-based chemotherapeutic drugs treating

circulating tumour cells [258]. On the other hand, the compressibility cytometry has also

effectively detected the biophysical difference between MDA231 cell line and its highly

metastatic variant MDA231 LNm5 cell line which differ in cellular phenotypes and gene

expressions [254, 260, 261]. The results agree with the previous studies that the cancer cell
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lines with higher invasiveness and metastatic potential have a higher compressibility [150, 152].

In addition to the compressibility comparison, the bivariate correlation between radius and

compressibility enabled by the compressibility cytometry could be another indicator for cancer

cell characterisation.

The current throughput of ~10 cells per second is much higher than the conventional methods

such as atomic force microscopy (~10 – 100 cells per hour) [112] but lower than that reported

from another well-known microfluidic method called deformability cytometry (~100 – 1,000

cells per second) [53, 110, 116]. However, the current throughput has not been maximised yet,

and given the simple readout (i.e. cell count at each hitting position), we anticipate that the

throughput could be further optimised. On the other hand, as pointed out that the measured

mechanical modulus of cells could vary according to the mechanical force profile [23, 233],

we see the compressibility cytometry applying a high-frequency compressional wave onto cells

as a complement to the deformability cytometry yielding a shear-induced deformation.

The current compressibility cytometer has only one outlet and therefore is unable to collect the

cells separately, as this study aims to demonstrate the cytometric analysis using multi-tilted-

angled SAW instead of cell separation. However, the feature of cell separation could be added

to the method by having multiple outlets in the future. Then the cells that were already sent to

different positions could be collected separately for further bioassay, and/or be delivered to a

following on-chip cell counter such that microscopy would not be needed. To achieve this,

considerations should be given to the change of flow field when having additional outlets,

leading to the change in the balance between flow and acoustics. A sophisticated design of flow

resistance and flow division between outlets will be needed, followed by computational and/or

experimental characterisation of flow field to be fed into the proposed multi-tilted-angle model

in this study to optimise the future setup.

6.6 CONCLUSION

In this study, we developed a high-throughput compressibility cytometry using multi-tilted-

angle SAW, which was first conceptualised from mathematical and computational simulations

and validated by experiments of microbeads with different materials and sizes. The

compressibility cytometry enables thousands of single-cell measurements of radius and

compressibility within a few minutes. The compressibility cytometry was proven with the

capabilities of detecting the structural alteration of cellular microtubules and comparing the

biophysical phenotypes of cancer cell lines with different metastatic potential. In future work,
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the compressibility cytometry can be exploited in the areas of cell mechanics, microtubule-

related diseases, cancer metastasis and cell sorting based on biophysical phenotypes.

6.7 SUPPLEMENTARY MATERIAL

6.7.1 Simulation of multi-tilted-angle compressibility cytometry

As described in the Working Principle section, the trajectory of a particle subjected to the flow

and the acoustics tilted by an angle can be determined by Eq. (6-4). Hence, the simulation of

the compressibility cytometry with a set of decreasing angles can be done by iteratively solving

Eq. (6-4). The process involves solving one iteration, transition from one iteration to the next

and consideration of actual focusing band.

At the first iteration, Eq. (6-4) was solved using the solver ode15s() in MATLAB with the

initial condition =  (where  denotes the y coordinate of the initial position) and the x

span from = 0 to =  (where  denotes the segment length). Due to the rectangular

cross section of microchannel, the flow velocity profile per unit flow rate ( ) was defined as

below [95].

( ) =
48

1 0.630

1
1

cosh

cosh,

sin
2 (6-5)

where  and  denote the height and width of microchannel. In Eq. (6-5), the vertical position

of particle in the microchannel was assumed to be at the half channel height, as the effect of

vertical focusing was reported in the previous studies [181, 195]. Furthermore, any possible

discrepancies from the assumed vertical position will result in a constant scale-down for ( ),

which will be considered or corrected in the calibration process for the constant  in Eq. (6-4).

In the following iterations, there were two changes made from the last iteration. Firstly, the

coordinate system was translated and rotated to the one with respect to the current segment

(with the origin at the centre of segment entrance and with the x-axis parallel to the channel).

Secondly, the initial condition was set as the last position from the last iteration, that is, the

initial condition of the th iteration was = . The rest was the same as the previous

iterations.

After solving all the iterations, the trajectory of the particle starting from =  can be

determined and the hitting position (where the y coordinate reached /2) can be extracted for
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given constant , input voltage , flow rate  and particle property . Hence, the simulated

hitting position was represented as , , .

In reality, the initial condition  does not necessarily take the value of zero due to the

hydrodynamic focusing forming a band instead of a line. The width of focusing band in our

device was measured as approximately 40 µm. Hence,  needs to take a value from -20 to 20

µm. We assumed it follows a normal distribution ~ (0, (20 3) ). Then, the final hitting

position  was the weighted mean of the hitting position  weighted by the probability density

function ( ).

, = , , ( ) ( ) (6-6)

6.7.2 Comparison between current simulation and CFD simulation: a case study

The current simulation method as described above assumed a sharp turning of flow velocity

profile at the boundary between two neighbouring segments, whereas the actual flow velocity

may gradually turn the direction. Hence, a CFD model was created by COMSOL 4.3a

(COMSOL Multiphysics) to provide a more accurate flow profile throughout the microchannel.

Simulations were done based on the flow profiles determined by Eq. (6-5) and by the CFD

simulation, respectively. A case study of comparison between the two simulations was

conducted for a microchannel with tilted angles from 27 to 15° with a decrement of 4° under a

given condition. Then the hitting position  was plotted with regard to the particle property

(Fig. 6-6).
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Figure 6–6. A case study comparing the current simulation with CFD simulation.

The results showed that the two simulations matched well and the maximum error in  is ~5%,

suggesting that the current simulation was accurate enough despite the approximation at the

boundary between two segments. Due to the complexity in adjusting geometry and relatively

high computational cost in CFD simulation, the current simulation method based on Eq. (6-5)

was used in this study.

6.7.3 Prediction and device calibration by hitting position map

With the hitting position map, the behaviour of particles with known properties can be

predicted under any given condition. The property values used for the predictions for 10-µm

PS, 10-µm PMMA and 15-µm PS microbeads were summarised in the table as below.

 (µm)  (× 10-10 Pa-1)  (kg/m3)  (× 10-10 Pa-1)  (kg/m3)  (µm2)

10-µm PS 5 2.16 [194] 1050 [15,
194]

4.6 997 14.5

10-µm PMMA 5 1.73 [223] 1200
[223]

4.6 997 20.0

10-µm PS 7.5 2.16 [194] 1050 [15,
194]

4.6 997 32.6

Table 6–1. Property values used for the predictions for 10-µm PS, 10-µm PMMA and 15-µm

PS microbeads

In addition to the property values given in the table 6-1, the property variation of a population

also needs to be considered. In our previous study [22], the  of 10-µm PS microbeads showed
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a standard deviation of 1.04 µm2 or a variation of 7%, as a result of the variations in the

measured radius and compressibility. Hence, we assumed a variation of 7% for the  of each

microbead population, which followed a normal distribution ~ ( , ( ×

7%) )  and a probability density function ( ) . The predicted hitting position for a

microbead population can be calculated as a weighed mean across the range of .

= , ( ) (6-7)

In the calibration process, hundreds of 10-µm PS microbeads were tested under different

combinations of input voltage  and flow rate . The hitting position was experimentally

obtained as  and then compared with the predicted hitting position . Then the

constant  can be determined by = min , . For

example, the constant  for the chip used in this study had a value of 6.439 × 104 when input

voltage  was in V and flow rate  was in m3/s.



120

6.7.4 Full data of cell compressibility and size

Figure 6–7. Full data for the measurement of microbeads
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Figure 6–8. Full data for the measurement of microtubule-disrupted cells

Figure 6–9. Full data for the measurement of cancer cells with different metastatic potential
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CHAPTER 7. CONCLUSIONS AND FUTURE WORK

7.1 SUMMARY

This dissertation has explored the applications of surface acoustic wave (SAW) microfluidics

in the area of cell mechanics. Several SAW devices were built with two interdigital transducers

(IDTs) on a LiNbO3 piezoelectric substrate and a PDMS microchannel between the two IDTs.

The two IDTs could generate a standing SAW and the acoustic radiation force which is

dependent on cell compressibility pushed present cells in the microchannel to the pressure

nodes.

Chapter 3 aimed to study the general principle of SAW and to theoretically analyse and

experimentally identify the acoustic radiation force. The microparticles were focused into a

line (in a narrow microchannel) or multiple lines (in a wide microchannel) and the lines could

be moved along the SAW propagation direction by tuning the electrical input. The findings

indicated that the entire acoustic-induced motion was accurately predicted by the theory. The

magnitude and modality of acoustic radiation force agreed with the theoretical prediction.

Hence, the theories of SAW and its acoustic radiation force have been validated.

In Chapter 4, a SAW method for cell mechanical measurement was developed by the use of

phase modulation moving microparticles from one pre-focused line to another line. The entire

motion of each microparticle was analysed to reveal the compressibility of the microparticle.

The findings suggested that the SAW method can effectively measure the compressibility of

microbeads and cells. It can distinguish the mechanical phenotypic differences among cell

types. In addition, it was shown that the SAW method can detect the structural disruption of

microtubules and the cells with the microtubules disrupted are found to be more compressible.

Chapter 5 aimed to compare the SAW method and conventional micropipette aspiration

technique in terms of technical performance, mechanical modulus being measured and its

relationship to cytoskeletal structure. The results suggested that the two methods have a

different sensitivity towards cytoskeleton, where the micropipette aspiration is more sensitive

to actin filaments and the SAW method is more sensitive to microtubules. Actin filaments

mainly contribute to Young's modulus and microtubules contribute to compressibility. Overall,

the SAW method can be a complement to the conventional membrane-deforming methods like

micropipette aspiration. It also highlights the importance of technique selection based on the

cellular structure of interest.
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In Chapter 6, the SAW method has been improved to a high-throughput compressibility

cytometry which is comparable to the real-world requirements. The results suggested that the

compressibility cytometry can separate microbeads or cells with different properties into

groups and rapidly provide measurements for the microbead or cell population. The impact of

microtubule disruption has been effectively captured by the compressibility cytometry,

suggesting applications in cell mechanics and microtubule-related diseases. The difference in

cell compressibility and size between a cancer cell line and its highly metastatic variant has

been detected by the compressibility cytometry, showing that the higher compressibility of the

more invasive and metastatic cell line could be a biophysical marker for cancer metastasis.

7.2 FUTURE WORK

Future work may improve the technical performance of the proposed SAW method in terms of

throughput and functionality. As discussed in Chapter 6, although the current SAW

compressibility cytometry outperforms the conventional techniques like AFM in throughput

and is comparable to a standard flow cytometry, the throughput has not been maximised in this

study. There are several possible improvements to the technical performance. A comprehensive

parametric study will be needed in the future, including (i) optimizing the highest operating

flow rate by safely enhancing the acoustic intensity, (ii) adjusting microchannel geometry such

as width and height for a higher efficiency, and (iii) adjusting the working area of IDTs and the

length of tilted microchannel to maximise the separation.

The functionality can also be extended in the future work. As the SAW method has been well

demonstrated to manipulate or sort microscale objects including cells, the compressibility

cytometry shows a great potential to operate as a cell sorter based on mechanical phenotypes.

For example, the sorting could be achieved by adding fluidic outlets for collection at different

positions. If the separated cells could be collected, it would lead to subsequent single-cell

analyses such as molecular profiling or sequencing, providing insights into the correlation of

cell mechanics database, or “mechanomics”, with the other omics databases. On the other hand,

the possible addition of on-chip cell counter will replace the microscopy and simultaneously

capture the information needed for compressibility measurement, enabling a portable and

integrated microfluidic system in clinical or scientific laboratories.

The SAW microfluidic method can provide an effective measurement on cell mechanical

characteristics and shows a unique sensitivity towards certain cellular structures in comparison

with other existing techniques such as micropipette aspiration. The biological applications,
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where the SAW method would show a distinctly higher sensitivity, have not been identified

yet and is worth exploring. Considerations should be given to application-oriented studies using

SAW compressibility measurement in the real-world medical challenges, such as testing cells

from cancer patients for the rapid characterisation of tumour cell invasiveness or the

microtubule-targeting chemotherapeutic response/resistance of cancer cells.
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