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ABSTRACT
Kate Gleason College of Engineering
Rochester Institute of Technology

Degree: Doctor of Philosophy Program: Microsystems Engineering

Authors Name: Meng-Chun Hsu

Advisors Name: Vinay V. Abhyankar

Dissertation Title: Design and Implementation of a Modular, Standalone Microfluidic Flow
Control Platform for Cell Culture Applications

Microfluidics, a technology of manipulating small quantities of fluids (0.1-10 pL), has
drawn interest as an emerging platform for biomedical and chemical applications since its debut
due to several advantages, including better precision in flow rate control, smaller required sample
sizes, lower costs of analyses, and shorter turnaround times. Well-defined fluid flows are the
hallmark feature of microfluidic culture systems and enable precise control over biophysical and
biochemical cues at the cellular scale. One key demand for microfluidics is to control the delivered
fluid flows to downstream applications. This is generally achieved via two major components —
valves and pumps. Valves provide the essential flow rectifications for microfluidics, and pumps
enable the necessary driving of working fluids in microfluidic systems. My dissertation introduces
a passive, one-of-a-kind, in-line magnetic microvalve and a tunable, stand-alone pneumatic pump
that features a 3D-printed micro-pressure regulator (uPR) to address the demand for an accessible,
plug-and-play flow control platform (valving and pumping).

Valves for microfluidics are typically achieved via commercial check valves, which often
suffer from leakage flows when encountering low backpressure. A one-of-a-kind in-line one-way
passive valve was created via a biocompatible magnetic nanocomposite microcapsule to target the
low-pressure/low-flow regime. The microcapsule features a magnetic nanocomposite core with
Fe;04 nanoparticles immersed in polyethylene-glycol (PEG) encapsulated by a biocompatible
parylene-C shell.

Pumping fluids for microfluidics is generally achieved using displacement-based (e.g.,
syringe or peristaltic pumps) or pressure-controlled techniques that provide numerous perfusion
options, including constant, ramped, and pulsed flows. However, it can be challenging to integrate
these large form-factor devices and accompanying peripherals into incubators or other confined
environments. Since microfluidic culture studies are primarily carried out under constant perfusion
conditions and more complex flow capabilities are often unused, there is a need for a simplified
flow control platform that provides standard perfusion capabilities and can be easily integrated
into incubated environments. My dissertation introduces a tunable, 3D printed micro pressure
regulator (LPR) and shows that it can provide robust flow control capabilities when combined with
a high-pressured source to support microfluidic applications. This system is shown to (i)
demonstrate a tunable outlet pressure range relevant for microfluidic applications (1-10 kPa), (ii)
highlight dynamic control capabilities in a microfluidic network, (iii) and maintain human
umbilical vein endothelial cells (HUVECs) in a multi-compartment culture device under
continuous perfusion conditions.
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Chapter 1

Introduction

1.1 Overview of Microfluidics Platform for Cell Culture Applications

Microfluidics, a technology of manipulating small quantities of fluids (0.1-10 pL), has drawn interest as an
emerging platform for biomedical and chemical applications since its debut due to several advantages,
including better precision in flow rate control, smaller required sample sizes, lower costs of analyses, and
shorter turnaround times [1], [2], [3], [4]. Despite being granted with these benefits, microfluidic-based
solutions merely see commercial prevalence due to the lack of accessible platforms, the inconvenience of
customized fabrication and implementation, difficulties accommodating applications, and initiation costs
of setups [2], [5], [6].

One key demand for microfluidics is to control the delivered fluid flows to downstream applications. This
is generally achieved via two major components — valves and pumps. Valves provide the essential flow
rectifications for microfluidics, and pumps enable the necessary driving of working fluids in microfluidic
systems. In Chapter 1, the current state of valves and pumps for microfluidic cell culture platforms will be
reviewed in detail, followed by a discussion of mobile, battery-less technologies that enable microfluidic-

based cell culture applications.

1.2 Valving in Microfluidic Applications

Valving is commonly achieved via powered (active) or powerless (passive) actuations [7], [8]. Among these,
active and passive valves can be further categorized via actuation mechanisms. Active valves enable
functions such as flow regulations [9], [10], [11], on/off switching [ 12], and sealing of reagents or chemicals
[13], [14]. State-of-the-art active valves commonly employ mechanisms including magnetic[15], [16], [17],
electric [18], [19], piezoelectric[20], [21], [22], [23], [24], [25], thermal [26], [27], and chemical[28], [29],

[30], [31]. When power is limited or users prefer a more autonomous control with less demand in
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maneuverability, passive valves are usually deployed to perform flow directionality or flow rate
rectification[8]. Such valving is often achieved based on the built-in preferential route of flow rates based
on channel geometrical design, surface modifications, and capillary-driven designs [32]. Passive valves can

be categorized by designs with or without moving mechanical parts [33].

1.3 Pumping in microfluidic applications

When searching for a pump for microfluidic cell culture, we look to balance the ease of use, accessibility,
and precision of fluidic control. Juggling between these benefits remains an essence when introducing
actuation mechanisms into the fluidic driving system. For instance, researchers have explored different
powered actuation methods for miniaturized precise proportional fluid control [3]. These actuation methods
include electromechanical [34], electrostatic [35], electromagnetic [36], piezoelectric [37], and thermal-
based [38]. The necessary power sources, and design-specific fabrication processes, along with the
associated complexities and costs make these devices challenging to be widely implemented. On the other
end of the spectrum, researchers shed light on passive mechanisms to realize portable and user-friendly
fluidic driving. Capillary-force-based, built-in-pressure-driven, and gravity-driven are among the most
common passive pumping mechanisms designated for microfluidic platforms [39], [40], [41]. Despite the
lower costs and ease of use, passive pumping mechanisms are usually designated for applications tolerant
to flow instabilities as they often lack control over the fluid driving rates [41], [42]. Moreover, capillary-
force-based devices generally suffer from backflows [43]; gravity-driven and typical built-in-pneumatic-
pressured pumps exhibit descending flow rates during pumping. These limitations make them unsuitable
for long-term usage that requires continuous perfusion. Since attaining precise control of fluidic driving
pressure enables proportionally-controlled liquid flow rates applicable for a variety of fluidic applications,
i.e. microfluidic cell culture of HUVECs [44], [45], [46], [47], [48], [49], we look to create an accessible,
power-free, miniature system with low-complexity fabrication processes while possessing tunable fluidic

control capability. [50], [51]
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Pumps provide the necessary driving force for working fluids in microfluidic systems. Precise and tunable
pumping for microfluidic applications is commonly achieved with displacement-based (e.g., syringe or
peristaltic pumps) or pressure-controlled techniques. However, it can be challenging to integrate these large
form-factor devices and accompanying peripherals into confined environments, such as incubators. Thus,
miniaturized approaches to simplify the pumping process have also been widely explored. For example, a
commercial palm-top refillable iPrecio infusion pump was used to maintain cells in culture. However, the
pump was expensive and could not be customized. Alternatively, passive pumping, including hydrostatic
and surface tension-based methods, is low-cost and easy to use but lacks long-term stability, deeming them
unsuitable for microfluidic culturing applications (>24 h). Microelectromechanical systems (MEMS)
approaches have also been used to create microfabricated pumps. Although these micropumps can provide
the long-term control required for lab-on-chip applications, the complexity of the fabrication procedures

can make customization and implementation impractical[50], [51].

1.4 Dissertation Synopsis

In this work, improvements have been addressed to both major components of microfluidic flow control
(valving and pumping) for an accessible, plug-and-play flow control platform in the realm of cell culturing.
For a novel, in-line valving concept, we introduced a passive, one-of-a-kind, in-line magnetic microvalve
that can be fabricated without involving conventional MEMS fabrication procedures that may require
expensive infrastructures [52]. This magnetic-based microvalve has low forward flow opening pressures
suitable for lab-on-chip applications. In regards to driving flows suitable for microfluidic cell culture, we
demonstrated a tunable, stand-alone pneumatic pump that features a 3D-printed micro-pressure regulator
(uPR). With its downstream connected to a stabilizing liquid-primed microchannel resistor, the pPR is
capable of driving fluid flows at different flow rates based on the user-defined regulated pressure. Both the
pumping and valving solutions are created to be customizable, easy-to-fabricate, modular, and portable to

fit in microfluidic applications.
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Chapter 2 covers the in-line passive microvalve for low-pressure/low-flow applications via a magnetic
microcapsule. In this chapter, the design logic behind the concept is detailed. Moreover, the fabrication
process of this passive, integrable, customizable, in-line microvalve suitable for microfluidic applications
is described. The objective is to create a microvalve that effectively blocks backward flows for the low-
pressure-flow microfluidic regime. We fabricate the microcapsule (©0.75mm x 4mm) with a ferrofluid core
and an impermeable flexible shell. This ferrofluid core was created by incorporating iron oxide (FezOs)
nanoparticles into polyethylene-glycol. We pick parylene-c as the shell of the microcapsule to provide
flexibility, sealing, and diffusion-blocking capability. We would then use a ring magnet (1.59/3.18-mm
ID/OD, 1.59-mm height) to fix the microcapsule at its outlet end in a microtubing (0.79/1.59mm ID/OD).
To evaluate the valving efficiency, we would apply differential pressures from both directions and
document the resulting flow rates. The differential pressure required to drive liquid flows is applied using
a commercial pressure regulator and a pressure gauge.

Chapter 3 covers a portable, controllable pump via a micro pressure regulator. In this chapter, we detailed
the design concept and the fabrication processes of a tunable, modular micro pressure regulator that
regulates a higher supply pressure to a more suitable range of pressures for pumping fluids in microfluidic
systems. In pursuit of a cost-effective benchtop, tunable long-term pumping solution we create an accessible
3D-printed micro pressure regulator (uWPR) (®12mm x 20mm) that regulates the higher pressure from a
miniature air compressor down to a range of repeatable pressure (1 to 10 kPa). Regulated pressures drive
stable flows for long-term (>24 h) cell culture applications. Ease-of-use pressure tuning can be achieved
via manual turnings of a built-in control knob. In the design concept, pressure regulating is achieved using
a force-balance mechanism. This mechanism involves the restoring force of the springs and the pneumatic-
pressure-induced force. Turning the control knob to different rotational positions changes the springs’
restoring force correspondingly. The pneumatic-pressure force changes to match the restoring force to
maintain the balance of forces. This reflects the changes in the output pressure accordingly. The calibration
of the control knob rotational positions would provide repeatable pressure of a device. During device

operation, we supply the high-pressure to the pressure regulator via a commercial dc miniature air
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compressor. The pressure regulator would output a regulated, lower pressure to drive a cell media reservoir
to achieve desired tunable flow rates.

Chapter 4 introduces a power-free pumping platform via a dual-stage micro pressure regulator. Create a
standalone, power-free, continuous flow control system for microfluidic-based cell culture. As in vitro
studies have shown that cells distinctly change in morphology (aligned and more resembling the in vivo
status as compared to static cultures) when exposed to mechanical stimuli, we plan to create a benchtop
tunable pumping platform that can deliver different stimuli levels for microfluidic perfusion culture. Having
a standalone, power-free flow control platform allows researchers to easily transfer in and out of incubators
without dealing with the power-cord wiring complications. Through improvements to the system created
in Chapter 3, we achieve a standalone, power-free flow control system for microfluidic cell culture by
incorporating a dual-stage design. We would resolve the power requirements in the work done in Chapter
3 by replacing the commercial miniature motor air compressor with a leak-free 3D-printed pressurized mini
air tank. With a pressure regulator that regulates the higher pressure from the 3D-printed compressed air
tank, we can drive fluid flow from a sealed liquid reservoir to a downstream flow stabilizer (fluidic resistor
microchannel). The dual-stage pressure regulator can regulate pressure from a 3D-printed pressurized mini
air tank (200 kPa) down to a tunable range of pressure (up to 10 kPa) that drives stable fluid flow over 24
hours for (1) proliferation [53] and (2) alignment of HUVECs (5.5-16 dynes/cm?) [54], [55]. The flow rates
can go up to 720 uL/hour, corresponding to the range of regulated pressures to 10 kPa. The pressure
regulating principle is like that of Chapter 3. By introducing two stages, the pressure regulator suffers less
from the supply pressure effect. This allows us to move on from a battery-powered pressure source to a

pressurized air pressure chamber.
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Chapter 2

Microvalves for Flow Rectification

2.1 Current State of Microvalves

2.1.1 Relevance of Microvalves in Microfluidic Systems

Microfluidic systems have demonstrated their usage in a variety of applications, including biological flow
delivery, drug dosing, and chemical analyses[56], [57], [58], [59], [60], [61]. Manipulating fluids in micro
or nanoscale has enabled new capabilities and improved effectiveness for downstream applications.
Researchers turn to on microfluidic systems over their conventional counterparts due to the reduced reagent
volumes required, high precision of dosages, portability of the device, effective flow control, and room for
integration with other systems [62], [63]. Microvalves are essential microfluidic components used to rectify
flows, on/off switching, and sealing from undesired particles for the platforms [7], [8]. Moreover, deploying
microvalves in a system can prevent cross-contamination between liquids caused by backward flows. State-
of-the-art valves are classified into two major categories - active and passive, each with its advantages and
limitations. Active valves provide robust valving efficiency but generally require an external power source
to operate. Such power consumption adds undesirable size, weight, and wire routing complexities, making
these valves difficult to integrate into some lab-on-chip devices [64]. Passive valves, on the other hand,
require no external power for actuation. Instead, they rely on design features for flow rectification.

2.1.2 Active valves and mechanisms

Active valves and their commonly implemented mechanisms are documented in the following Table 1.

15



Applied

Actuation : Response Pressure/Force/Defl Leakage Leakage
Method Actuation Components Time T Flow Rate STJ%?J T | Eeceni Reference
. [NiFe diaphragm ] Not Not Not Yanagisawa
Electromagnetic it Not reported 7.5E-13 kPa Not reported Reported| reported | reported 1995
. [PDMS diaphragm Not Not
Electromagnetic membrane Not reported 2.3kPa Not reported 0.06 A reported | reported Bae 2003
Electromagnetic |Ni Ball Not reported Not reported 1300 mL/min 1A |1pl/min| 21kPa Oh 2006
Electromagnetic |Fe pinch Not reported Not reported 836 mL/min 0.16 A 0 207 kPa Oh 2005
. [NiFe integrated . .
Electromagnetic et A Not reported 3.15 Not reported 0.25A (3.9uL/min| 4.1 kPa Choi 2001
. |Indium Tin Oxide/PDMS . . Not
Electrostatic membrane 09s 6 psi (42 kPa) 185 nL/min 35-40 V reported (42 kPa) | Chang 2009
Parylene diaphragm Sl
Electrostatic oo 03s 20 kPa 2 nL/min 60V of >20 kPa | Yildirnm 2012
pressure
.. [Multilayer parylene g ! . ] h )
Electrostatic membrane 0.1 ms 6.9-34 kPa 1.5-9 uL/min 20-400 V|9 pL/min | 21 kPa Xie 2003
. . |PZT disc/ silicon gel 13.3
Piezoelectric hydraulic chamber 2ms 100 kPa Not reported 300V il 100 kPa | Rogge 2003
. . |PZT stack/ hydraulic 420 .
Piezoelectric chamber 0.1s 140N Not reported 100V uLimin 600 kPa Peirs 2000
’ . |[Santoprene deflected by . . . .
Piezoelectric piezobimorph 50 pm 190 pL/min 50-150 V| 2 nL/min | 1 kPa Waibel 2003
) . |PZT stack/ hydraulic . Not
Piezoelectric chamber <0.1s 40-80 kPa (192 um) 0-8.75 mL/min  |40-200 V reported 39 kPa Chen 2016
. 1.6V50| Not
Electrochemical [Cu/Pt electrodes ~1s 200 kPa/(30-70 pum) Not reported A reported 200 kPa | Neagu 1997
.1 [Cation selective . . 1V0.125 0-55
Electrochemical membrane (Nafion) 15s 5 psi (35 kPa) 0-55 pL/min mA ul/min 35 kPa Das 2016
. |Pt electrodes/ PDMS . Not
Electrochemical membrane/ NaCl 6 min 200 kPa Not reported 25V reported 200 kPa Lee 2008
. . Not Not
Electrothermal |Thermo-pneumatic <30s 0.46 kPa 1.01-5.24 pl/min | 0.22 W reported | reported Chee 2015
Electrothermal [Thermo-pneumatic 8s 20 kPa 1 pl/min 0.2W |1 pul/min| 30kPa Takao 2005
Electrothermal |Phase-change Paraffin 15-23 s 107 kPa Not reported 50-170 W rep’\::::ed 107 kPa Baek 2013
Shape memory alloy ) 16.8
Electrothermal pinch (NiTi) ~1s 207 kPa 16.8 mL/min 398 mW il 21 kPa | Pemble 1999
Electrothermal [Low melting point alloy ~1s 140 kPa Not reported 50 mW re;\éor:ed 140 kPa Shaikh 2008

Table 2.1. Classifications of Active Valve Mechanisms [26], [27], [28], [30], [31], [65], [66], [67], [68],
[69], [70], [71], [72], [73], [74], [75], [ 761, [77], [78]

As seen from the above table, electricity-driven mechanisms constitute most of the active valving
mechanisms. They can be further categorized into -electrostatic, piezoelectric, electromagnetic,
electrochemical, electrothermal.

a) Flectrostatic actuation

Electrostatic microvalves usually comprise a valve-opening/closing membrane along with a pair of
electrodes, controlled by a connected circuit[69]. Actuating the valve is realized by controlling the voltage

to move the membrane toward the desired level[79]. The electrostatic force between the electrodes was
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created by the “pull-in voltage”. This voltage scales to the closing force of the valve, which dictates the
sealing pressure of the valve. The response time of this type of valve is short (under ms) and the operating
energy consumption is low [66]. However, the operating voltage can range from 50 to 220 V, making them
dangerous to cell monolayer if leakage current occurs[7].

b) Piezoelectric actuation

Piezoelectric materials, such as PVDF (polyvinylidene fluoride) or PZT (lead zirconate titanate) have been
used to realize valving in the microfluidic level[20], [21], [22], [80]. Piezoelectric materials in stacks or
discs exert a large force making them suitable for large pressure (MPa) applications[81], [82]. Due to the
nature of the piezoelectric actuators, the displacements of the valving components are small (1~10pm) even
when actuated by a large voltage (>100V)[83]. Even with a hydraulically amplifying design to increase the
displacement of the valve, Chen et al. were only able to drive a maximum valve displacement from 22 to
308um at 100 V of operating voltage [75]. This makes them difficult to be applied to microchannels or
microtubings with larger thickness/ diameter.

¢) (Electro)magnetic actuation

Typical magnetic microvalves involve permanent magnets and flexible membranes (or in-line mobile
structures) with soft magnetic material[84], [85], [86]. The deflection of the membrane or the movement of
the mobile structure (often a stainless-steel sphere) is caused by the control of magnetic forces[15], [16],
[87]. Electromagnetic actuation provides a relatively fast response with room for larger displacement of
valve body compared to piezoelectric actuation while maintaining a robust seal against large stroking force.
For instance, Liu et al. created an electromagnetic valve for pneumatic control of microfluidic with an
operating response of ~17 ms[84]. Paschalis et al. introduced a ferrofluid-based valve consisting of a
silicone capillary tube, two permanent magnets, and a ferrofluid that can be manually displaced to
accommodate the users’ desired direction of flows[88]. Since the (electro)magnetic actuators often require
at least a coil or a permanent magnet, this makes scaling difficult for miniaturized applications[7].

d) Electrochemical actuation
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These actuators operate via reversible electrochemical processes to open/close the passage for fluids to pass
through. Electrodes were to electrolyze solution to produce bubbles in sealed chambers [28], [29], [89].
This increases the pressure within and deflects the moving structures, e.g. PDMS membranes, SU-8
cantilevers, for the microvalve to operate [28]. Reduction and oxidation (redox) reactions are involved in
the reproducible production and consumption of gas bubbles at the electrodes. By controlling the actuation
voltage, users are allowed to precisely control the valve membrane/ cantilever. Since the sealing is based
on the production of gas bubbles in a tiny microchamber to reduce the operation time, these valves are not
suitable for high backpressure/ high flow rate regime [8]. These actuators are often produced via typical
MEMS fabrication processes; this makes a perfect seal against gas leakage challenging for these devices
over time. Moreover, the electrochemical reactions can cause the degradation of materials over time,
affecting the longevity and reliability of the microvalve.

e) Electrothermal actuation

Electrothermal actuators operate via reversible heating/cooling processes to open/close a microvalve. Bi-
metallic [90], shape-memory alloy [77], [91], [92], paraffin [76], and thermopneumatic [26], [27], [93],
have been used to realize the electrothermal actuation. Electrothermal actuators used for microvalves
present capabilities to provide large displacement actuation.

2.1.3 Passive valves and their mechanisms

Passive valves can be categorized by their actuation methods — mechanical and non-mechanical. Some
common non-mechanical passive valves include diffuser-type valves and capillary-effects-based valves
[94], [95], [96], [97]. These valves offer flow directionality by introducing imbalanced flow resistance. This
can be achieved by the design of geometries or different surface properties (hydrophilic/hydrophobic).
Diffuser-based passive valves perform poorly in preventing leakage since the diffuser elements in these
valves are always open [8]. Capillary-based passive valves also face similar issues, as the microchannels
are normally open. These valves also face difficulties blocking vapor from one side to the other, resulting

in cross-contamination of fluids. Conventional passive mechanical valves exploit backpressure to seal the
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valve from backward flows. Mechanical actuators for such valves include cantilever-type flaps, membranes,
or spherical balls[15], [98], [99]. These actuators generally provide robust rectification against higher
backpressure. Current mechanical passive valves (check valves), due to the stiction of the valve/seat
interface, can suffer from large opening pressures, making them unsuitable for low operating pressure
applications. Moreover, actuating components of these conventional mechanical valves may suffer from
poor sealing when encountering low backpressure[13]. This is because these valves rely on backpressure
to provide the closing force and would not close against backward flows until they encounter a certain level
of backpressure. In general, mechanical passive valves suffer from leakage flows for applications with low
operating pressures. The improvements of the passive valves usually come from the materials used, the
coating technology breakthrough from stiction prevention, and the miniaturization of the valves to prevent
dead volumes.

2.1.4 Choosing passive valves over active valves for implementation

There are pros and cons of choosing active or passive valves. Active valves in general provide robust
valving efficiency but require external power to operate. This peripheral power source likely adds
undesirable size, weight, and wiring complexities for lab-on-chip applications. Passive valves, on the other
hand, are commonly realized by exploiting the geometrical or mechanical differences between the two flow
directions. However, these valves are typically more limited in modes of valving (preferred flow directions).
Passive valves provide the simplicity of usage without external power sources, reliability because they often
encounter few moving parts and no need for external actuation and require less maintenance, and
miniaturization that makes them well suited for compact and portable devices [33], [100]. In exchange, we
will have less control accuracy in the valving compartment in the microfluidic systems.

2.1.5 Performance evaluation of a passive valve

Several key factors for the passive valve evaluation include its flow rectifying capability, threshold pressure,
leakage flow rate, size, and dead volume. Flow rectifying capability, or valving efficiency can be evaluated

through the ratio of the forward flow rate over the backward flow rate under the same pressure drop applied
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across the microvalve. The threshold pressure, or opening pressure, refers to the minimum pressure required
to open the valve. This metric is essential for ensuring the valve operates under specific conditions. Leakage
flow rates of the passive valve often occur when it encounters low backward (reverse) flows. This is because
check valves, mechanical passive one-way valves, close based on the force generated from backward flows;
low-pressure backward flows don’t generate enough force to prevent leakage from happening. The size
(scaling capability) of the passive valve allows it to fit in smaller form factors. Finally, the dead volume of
a passive valve refers to the volume of fluid that remains trapped within the valve when it’s not in use. The
residual fluid can affect the precision and efficiency of fluid control in microfluidic systems. In general,

lower dead volume also comes along with faster response times.

2.2 Technology gap and significance

Current mechanical check valves suffer from dead volume of operating chambers of diaphragm/ rooms for
in-line mobile structure, leakage issues under low backpressure regime, and large opening pressure due to
the seat/ valve interface stiction [101]. In this dissertation, a new actuation concept for a passive valve is
introduced to achieve efficient flow regulation at low pressures while capable of blocking diffusion. This
valve, due to the design concept, shows near-zero dead volume. Moreover, the fabrication process of the
microvalve is simple compared to the typical MEMS processes required for most check valves and can be
easily customized to accommodate different microfluidic systems. The working mechanism of the passive
valve is based on the imbalanced deformation of magnetically responsive soft microcapsules from different
flow directions. Such microcapsules feature a magnetically responsive core, and a biocompatible,
impermeable shell. The Fe;Os/polyethylene-glycol (PEG) mixture was chosen as the biocompatible
magnetic nanocomposite core and Parylene-C as the biocompatible shell to realize this valve concept [102],
[103], [104]. The Parylene-C shell provides enclosure, flexibility, and a barrier between the nanocomposite

and the fluid flow. The valve demonstrates effective flow rectification capabilities, low reverse leakage
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flows at low pressure, diffusion blocking capabilities, and simplicities in integration into microfluidic

systems.

2.3 Concept and theory

A cylindrical magnetic microcapsule is chosen to fit in a microchannel to realize valving. The microcapsule
consists of a magnetic nanocomposite core and a polymeric shell. For this device to be biocompatible,
superparamagnetic iron oxide (Fe;O4) nanoparticles are chosen to be the soft magnetic material. These
nanoparticles are suspended in polyethylene-glycol (with an average molecular weight of 1500) to act as
the composite core in the microcapsule. The microcapsule features a soft polymeric shell of parylene-c,
which has shown biocompatibility and is commonly used in biomedical applications. The fabricated
microcapsule is guided into the microchannel and steered to the desired location using a ring magnet (1.32T).
The ring magnet is fixed at one edge of the microcapsule as shown in Figure 2.1(a); this edge is now
deemed the outlet edge. Since the nanocomposite core is in the liquid phase during operation, the
nanoparticles of the nanocomposite can freely move toward, and agglomerate at the microcapsule’s outlet
edge under the influence of the ring magnet. These nanoparticles at the outlet edge push the polymeric shell
of the microcapsule to expand radially. This creates a tight contact between the microcapsule and the
microchannel wall. As shown in Figure 2.1(a), this contact creates a firm seal. When encountering forward
flow pressures, the path can open easily due to the directionality of the microvalve as shown in Figure
2.1(b). The concept of flow directionality can be explained by the difference in the forces encountered in

the forward vs backward flow scenarios.
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Figure 2.1 (a) 3D Illustration of the valve with a magnetic field gradient source applied at the outlet edge.
This magnetic field gradient source (ring magnet) expands the microcapsule at the outlet edge and seals the
microchannel. (b) 3D illustration of the microvalve. The valve demonstrates flow directionality — opens for
forward flows.

2.3.1 Balance of Forces to Realize the Novel Valving Concept
In this following section, the forces involved in the theory of this new valving concept are discussed. These
forces include the magnetic force provided by the ring magnet, the frictional force between the microcapsule

and the microtubing, and the flow-pressure-induced forces on the microcapsule.

a) Magnetic force
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The microvalve sealing is governed by the magnetic attraction force ﬁmag. The ring magnet exerts the

magnetic force (ﬁm) on each nanoparticle as represented in Equation 2.1.

E,=V(@mn-B) (Equation 2.1)
where m is the magnetic dipole moment of a single nanoparticle, B is the magnetic field.
Since the size of the nanoparticle allows it to align with the magnetic field lines, Equation 1 can be rewritten
as the form of Equation 2.2.

E,=(m-V)B (Equation 2.2)

Each nanoparticle is interpreted as a small sphere. This allows us to portray m, the magnetic dipole moment

of the nanoparticle, as shown in Equation 2.3.
— — 4T . .
m = pvM = p?a3M (Equation 2.3)

where p is the particle’s density, v is the volume of the particle, M is the magnetization of the particle per
unit weight, and a is the radius of the nanoparticle.

The microcapsule is discussed in cylindrical coordinates due to its geometry. The magnetic force that
contributes to the sealing of the valve is in the radial direction, combined with Equations 2.2 and 2.3, which
are shown in Equation 2.4.

i 4t .. 0 (Equation 2.4)

The total magnetic force of all encapsulated nanoparticles F:na g 1s represented as in Equation 5.

ﬁmag _ Z B (Equation 2.5)
N

where N is the number of nanoparticles encapsulated in the microcapsule.
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The number of encapsulated nanoparticles is concentration- and volume-dependent, as seen in Equation
2.6.

cv (Equation 2.6)

where C is the concentration of nanoparticles in the nanocomposite, V is the total volume of the
nanocomposite.

b) Frictional force and pressure-induced forces

The introduced valving mechanism predicts that the microvalve is suitable for low operating pressures.
When the applied inlet (forward flow) pressure is too high, the forward force (ﬁf) due to the applied inlet

pressure may cause the microcapsule to slide in the microtubing. When sliding occurs during operation, the

microcapsule would be flushed away by the applied pressure - a catastrophic mechanical failure of the

microvalve. To prevent the microcapsule from sliding, we need to ensure that the pushing force (ﬁf) is

smaller than the maximum friction force (ﬁfrmax) between the microcapsule and the tubing wall. For a
more straightforward depiction of the scenario, we consider the pushing force effective along the z-axis, as
radial forces do not contribute directly to the movement of the microcapsule along the microchannel.

The forward force by the fluid, ﬁf, is presented in Equation 2.7.

ﬁf =— J Pn-%dA (Equation 2.7)

where P is the applied flow pressure, 71 is the normal vector to the surface, Z is the unit vector along the z-
axis in the cylindrical coordinates, and dA is the infinitesimal area element of the microcapsule’s surface
exposed to the fluid flow pressure.
Since friction is related to the normal force against the surface and the interface’s surface properties, we
present the maximum friction to keep the microcapsule as shown in Equation 2.8.

F}rmax = /,Lsﬁn (Equation 2.8)
where ﬁfrmax is the maximum friction force, ug is the coefficient of static friction, and ﬁn is the normal

force of the surfaces.
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The magnetic force of the nanoparticles pushes the microcapsule shell radially and creates contact with the
inner wall of the microchannel. This contact results in a normal force (ﬁn) between the microcapsule shell
and the microchannel’s inner. Since the polymeric shell easily changes shape without providing much
resistance, we consider no loss in the force applied - the normal force (ﬁn) is considered to have the same
direction and strength as the magnetic force.

During operation, the valve allows flows when the opening force (F;,) exceeds the normal force (ﬁn). This
opening force, caused by the pressure of the applied flow, opens paths for fluid flow past the valve as shown
in Figure 2.1(b). F , induced by the applied flow pressure, is effective in the radial axis, as represented in

Equation 2.9.

P = _Jpﬁ'? dA (Equation 2.9)
P

where 7 is the unit vector along the radial direction in the cylindrical coordinate, and dA is the infinitesimal
area element of the shell’s surface exposed to the fluid flow.
When backpressure is applied from the outlet edge, the majority of normal vectors of area elements can be

seen along the z-axis. This suggests a much smaller opening force when pressure is applied in the backward

direction. This unique valve design offers flow directionality.

2.4 Materials and methods

a) Materials selection

The microvalve setup requires a magnetic microcapsule and a magnetic field gradient source. To fabricate
the magnetic nanocomposite as the core of the microcapsule, biocompatible materials are included -
polyethylene glycol is chosen with an average molecular weight of 1500 (PEG-1500) because of its melting
temperature and Fe;O4 nanoparticles. These materials are commonly used for biocompatible applications.
Fe;04 nanoparticles are selected for their high saturation magnetization and soft magnetic properties. In

this work, Fe3O4 nanoparticles are chosen with an average diameter of 300 nm — a size that provides a good
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balance between mobility and magnetization. The low mass and small size facilitate the particles’ transport
within the microcapsule toward the magnetic field source. The high saturation magnetization of selected
particles, compared to that of the smaller diameter nanoparticles, is essential to provide sufficient magnetic
forces as described in Equation 2.4. PEG-1500 is chosen for its phase-change characteristics — solid-phase
during shell coating, and molten at a relatively low temperature at 44-47°C. Sustained heating of PEG-1500
for 72 hours at 80°C results in thermal degradation, a phenomenon commonly involved in the breakdown
of PEG’s molecular chains. This leads to a lower melting temperature lower than room temperature,
yielding a liquid-phase nanocomposite microcapsule core. Parylene-C is selected as the encapsulation
material due to its role as a gas and liquid barrier [105]. The concept can be realized for a wide range of
geometry designs, materials, and dimensions of microfluidic channels. In this work, commercial fluorinated
ethylene propylene (FEP) tubing with an inner diameter (ID) of 794 um and 1.59 mm outer diameter (OD)
was selected to demonstrate the capability of this concept. A 1.32T, N42 axially magnetized NdFeB ring
magnet (K&J Magnetics 1/8"OD x 1/16"ID x 1/16" thickness) was used to provide the magnetic field
gradient required to seal the valve at the outlet end.

b) COMSOL multiphysics simulation

A 2D-axisymmetric stationary COMSOL Multiphysics® simulation was performed to evaluate the valve
concept. Via the fluid-structure interaction (FSI) physics model in COMSOL, the mechanical properties of
the microcapsule with its liquid core and the polymeric shell and the magnetic load at the end of the
microcapsule were investigated. The model was built by encapsulating a bulb of a PEG-like fluid (density
= 1000 kg- m™, dynamic viscosity = 0.001 Pa-s) with a 2-um-thick Parylene-C (density = 1290 kg-m™,
Poisson’s ratio = 0.4, Young’s Modulus = 1.67 GPa) layer. The mechanical properties of Parylene-C were
obtained experimentally with a tensile test (Series 5560 Load Frame, Instron, Norwood, MA, USA). The
microcapsule is modeled as a cylinder with a diameter of 784 um and a length of 4 mm. The outer boundary
is constrained to the inner diameter of the FEP tubing used for experimental verification. This tubing has
an inner diameter of 794 um, leaving a 5-um gap between the inner wall of the tubing and the microcapsule

before the application of the magnetic force. The magnetic force acting on the wall of the microcapsule was
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calculated by distributing the magnetic force calculated using Equation 2.5, considering the concentration
to be 75% wt/wt FesO4: PEG, by the circumference of the microcapsule. To simplify the load of the
magnetic force, the load is chosen to be in the form of the ring load as the magnetic gradient would be the
strongest at a certain position. This ring load due to the magnetic force attraction between the nanoparticles
and the permanent magnet was calculated to be 3.43 N/m. The load deformed the microcapsule and
stretched its shell toward the inner wall of the microtubing; decreasing the gap to 0.7 nm as shown in Figure

2.2.

Surface: Displacement field, R component (pm)

Surface: Displacement field, R component (um)

()

Figure 2.2: (a) COMSOL 2D-Axisymmetric model with a 4 mm-long microcapsule (b) Zoomed-in view
of microcapsule-microchannel wall gap without magnetic force ring load, and (¢) magnetic force applied
to show deformation.

The interaction between the fluid flow within the tube and the capsule was investigated by simplifying the
model into a single solid object with an equivalent Young’s modulus and mechanical properties as the FSI
model. The COMSOL structural model used the same geometry and loading as previously described (3.43
N/m ring force). The capsule’s top and bottom were set as fixed. A parametric sweep was performed to
ascertain the effective Young’s modulus of the single object model to match the deformation of the FSI
model. A Young’s modulus of 2.15 MPa provided deformations within 0.14% of the FSI model and was
used in the fluid flow simulations.

Geometric changes of the solid object model were investigated with differential pressure applied at the inlet

and outlet sides of the tubing. As in the FSI model, under zero applied differential pressure, the valve-to-
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wall gap was 0.70 nm, effectively sealing the valve to block diffusion. Application of pressure to the inlet
side of the valve walls resulted in microcapsule wall deformation to expand the valve-to-wall gap to 0.42
um at 15 kPa. When the pressure was applied to the outlet side of the valve walls, the valve-to-wall gap is
significantly reduced to 0.17 um at 15 kPa. Results of valve-to-wall gap versus applied pressure are shown

in Figure 2.3.
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Figure 2.3: Capsule to channel wall gap at the magnetic attraction point (3.43 N/m load) versus applied
pressures from inlet or outlet ends (forward and backward flows). The inset showed that the capsule-to-
channel-wall gaps at 15 kPa were 0.42 and 0.17 for forward and back flows, respectively.

A corresponding laminar flow model predicted the flow rate of water versus applied pressure based on the

predicted valve deformations. As shown in Figure 2.4, the model predicts flow rectification behavior of

300%, with a significantly larger resistance to backpressure-driven flows.
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Figure 2.4: Simulated flow rates resulting from pressure applied at the inlet (forward flow) and outlet
(backward flow). Flow rectification is achieved with the passive valve design.

¢) Fabrication of the microvalve

The fabrication process of the valve is illustrated in Figure 2.5. Nanocomposites were prepared by
incorporating Fe;O4 nanoparticles (300 nm by Alpha Chemicals) into molten PEG with concentrations of
50%, and 75% Fe;04: PEG weight-to-weight ratio. A heated ultrasonication bath ensured proper mixing
and break down of agglomerates. When the nanoparticles exceed 75% wt-wt ratio, the composite becomes
brittle and prone to breakage during fabrication. As the nanoparticle concentration reaches the 25% wt-wt
ratio, the fabricated microvalve no longer exhibits flow rectification. FEP tubing with a 750-um inner
diameter served as the mold of the nanocomposite. The nanocomposite within the FEP tubing mold was
placed in vacuum to eliminate trapped air cavities and cooled down to solidify the PEG. The resulting ingot
was pushed out of the tube and manually cut into microcapsule cores with the desired lengths (i.e. 1-4 mm).
The microcapsule cores were then encapsulated by ~2 pm Parylene-C (Specialty Coating Systems,
Indianapolis, Indiana) using a customized magnetic rotating stage to turn the microcapsules during
deposition and achieve a uniform coating using a built Parylene deposition tool. Using magnetic tweezers,
the microcapsule was dropped into the target fluidic channel, in this work, 794 pm-inner-diameter FEP
tubing. The microcapsule was steered to the desired location in the FEP tubing with pressurized deionized
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water. An N42 axially magnetized NdFeB ring magnet was used over the FEP tubing to lock the Parylene-
C coated nanocomposite from one end. Moreover, the ring magnet provides the necessary magnetic field
gradient required for operation. After being locked in place, the microcapsule was heated to melt the
nanocomposite allowing the nanoparticles to be attracted to the magnet and agglomerate at the edge forming
a sealing point. Short-term heating at 75°C for 72 hours successfully thermally-degraded the PEG polymer,

lowering the melting temperature to below room temperature.

(a)

(d)

S ¥
I
Parylene C

Figure 2.5: Illustration of the fabrication process. (a) We incorporated Fe;O4 nanoparticles into molten
PEG to form the magnetic nanocomposite (b) The magnetic nanocomposite was transferred to the FEP
tubing mold and cooled under vacuum (c¢) The magnetic nanocomposite is cut into pieces with desired
lengths to be used as the core of the microcapsule (d) We encapsulate the magnetic nanocomposite cores
with Parylene-C to form microcapsules (e) The magnetic microcapsule was steered to the desired location,
locked in place with a ring magnet, and heated for PEG thermal degradation to ensure the core in the liquid
phase.

d) Characterization and experimental setup

Scanning electron microscope (SEM) was used to inspect the quality of the Parylene-C encapsulation shell.
We imaged the microcapsules as fabricated and after being used for valving. By using the vibrating sample

magnetometer (VSM) to obtain the microcapsules’ magnetic properties, the magnetizations from different
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concentrations of magnetic nanocomposites are investigated. The number of nanoparticles affects the
magnetic force applied to the microcapsule shell hence affecting the valve performance.

Valving performance was documented in a flow rate vs applied pressure experiment using dyed deionized
water throughout the FEP tubing. Regulated pressures were applied from the inlet side and then repeated
from the outlet side with the recording of the travel distance of the dyed water over time to determine the
flow rate. The opening pressure and flow rectification performance were studied as a function of magnetic
nanoparticle concentration in the nanocomposite.

To test the valve’s diffusion blocking capability, a fluorescein sodium salt solution of 1mg/ml in deionized
water was carefully injected into the hole drilled on the tubing at the outlet end of the valve. The diffusion
was observed by recording the fluorescence intensity variation over time at the inlet and the outlet ends of
the valve using a fluorescence microscope (LEICA DM 2500) at the 515-nm emitting wavelength. The
fluorescence intensity of the inlet end of the valve was normalized by the intensity measured at the outlet
side at the same time. The diffusion test without the valve was performed similarly, however, a 4 mm air
gap was kept between the injected hole of fluorescein solution and the inlet measurement spot. The gap was
filled with deionized water using a 34G syringe tip inserted from the inlet side of the tubing right before
the fluorescence intensity measurements to avoid the capillary effects and ensure the time origin of the
contact between the fluorescein solution and deionized water. The fluorescence intensities of the inlet and
outlet measurement spots were recorded instead of the inlet and outlet ends of the valve. The designated

inlet measurements of intensities were normalized by the outlet measurements at the same time.

2.5 Results and takeaways

Magnetization of the nanocomposite core in the microcapsule plays a key role in the magnetic attraction
force — a key factor that provides the seal of the valve, and controls the operating pressures as well as the
operating range. To confirm the uniformity of magnetic nanocomposite from the fabrication process, we

utilized the vibrating sample magnetometer (VSM) to characterize the magnetizations of the fabricated
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microcapsules. Magnetization measurements are presented in Figure 2.6. We investigated the
concentration-dependent magnetizations for valves - 19 emu/g and 33.2 emu/g for microcapsules with
concentrations of 50%, and 75% wt/wt FesO4: PEG, respectively. VSM also helped reassure a key
hypothetical mechanism - Fe;O4 nanoparticles can be attracted and travel freely and accumulate at the
designated outlet edge of the microcapsule under the influence of the magnetic field source (ring magnet).
To characterize the magnetization distributions of the microcapsules to determine the proper microcapsule
length, we cut microcapsules of different lengths into 1-mm-long segments and characterize the
magnetizations immediately for two scenarios — right after fabrication and right after operation. A fixed
concentration of 75% wt-wt Fe;O4: PEG was used for devices with lengths of 2 mm, 4 mm, and 5 mm. As
fabricated microcapsules were retained at room temperature in their solid phase, cut, and analyzed. After
use, microcapsules were inserted into the 794-um-ID FEP tubing and locked in place with the ring magnet
as previously described. Following thermal degradation, the microcapsules were cooled to room
temperature and then frozen in liquid nitrogen to ensure full solidification before cutting and VSM analysis.
Magnetizations for each segment are shown in Figure 2.7. The as-fabricated samples exhibit a uniform
distribution of the nanoparticles. Following use, there is a clear gradient of magnetization - low at the inlet
side and peaking at the outlet side of the microcapsule. This demonstrates the Fe3O4 nanoparticles migrating
toward the magnetic source while PEG is in the liquid phase. The shortest valves (2-mm-long) yielded a
lower peak magnetization than the 4-mm and 5-mm valves, suggesting an insufficient magnetic
nanoparticle density. The 5-mm-long microcapsule, as shown in Figure 7(c), exhibited a non-zero
magnetization at the inlet edge (Length 0-1). This suggested that the ring magnet does not possess sufficient
magnetic strength to attract all particles in microcapsules of this size. For this configuration (794-um-ID
microtubing, and the selected N42 axially magnetized NdFeB ring magnet), the optimal microcapsule

length is 4 mm long.
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Figure 2.6: Magnetization curves for nanocomposites in microcapsules with concentrations of 50%, and
75% wt/wt FesO4: PEG characterized using the vibrating sample magnetometer.
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Figure 2.7: Magnetization distributions for microcapsules as-fabricated and after-operation with lengths of
(a) 2 mm, (b) 4 mm, and (¢) 5 mm.

The shape and morphology of the microcapsules were studied through SEM imaging. Figure 2.8(a) shows
the fabricated cylindrical shape microcapsule in its solid state. The image shows the uniformity of the
Parylene-C encapsulation and the consistent diameter of 750 um. When inserted into the fluidic channel,
the solid microcapsule will add fluid resistance but will not act as a valve. As the microcapsule is heated
within the fluidic channel in the presence of the magnetic field source, the geometry changes to provide the
valve function. Figure 2.8(b) shows the geometry change of the microcapsule, with the outlet side

expanding under the force of the magnetic nanoparticles while the inlet side narrows. Texture variation is

33



due to shrinkage of the operated microcapsule after re-solidification (a process that is not done in normal

use); microcapsule dimensions are not representative of the actual dimensions in use.

Inlet ‘_@ Outlet

SEM HV: 2.0 kV WD: 35.23 mm MIRA3 TESCAN|

SEMHV:20kV  WD: 35.42mm
View field: 3.64 mm Det: SE

View field: 3.98 mm

Figure 2.8: Geometries of the microcapsule (a) as-fabricated (b) following operation with a magnetic field
source (PEG in liquid phase) and re-solidification for removal and image analysis.

Flow rectification and leakage pressure are important parameters for valving efficiency. Flow rate vs.
pressure tests were conducted for 4-mm-long 50%, and 75% wt/wt Fe;O4: PEG microcapsules with
fabricated diameters of 750 um. As shown in Figure 2.9(a), the 50% formulation provided flow
rectification but only achieved an inlet vs. outlet ratio of 4.2 at 14 kPa. The 75% formulation (as seen in
Figure 2.9(b)) demonstrated outstanding flow rectification with an inlet flow of 5 uL/min and an outlet
flow of less than 0.07 uL/min at 14 kPa flow pressure. This yields a 71.4 inlet vs. outlet flow ratio. This
enhanced performance is due to the stronger magnetic force attraction, which provides better sealing
between the microcapsule wall and the tubing wall. In addition, the microvalve sees extremely low leakage
flows from backpressures at a rate of 4.7 nL./min kPa™ for the 75% formulation, solving one of the major
challenges passive microvalves encounter — low-pressure range leakage flows that might cause cross-
contamination of fluids. The valve successfully blocked backward flows coming from the outlet side at
backpressures up to 5.5 kPa, well above the biomedical implant, Lab-on-Chip, and wearable microfluidic
application requirements. For example, inner ear drug delivery applications experience backpressure
characterized by the endolymphatic pressure; of 0.53 kPa in guinea pigs [106]. The valve’s forward-flow

opening pressure was recorded to be 2.1 kPa, satisfying our goal to achieve a passive valve under a low
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flow rate regime. The results of Figure 2.9 also demonstrate a relationship between magnetic nanoparticle

concentration and forward flow rate, making this a design parameter to be tuned for the specific application.
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Figure 2.9: Flow rates for forward and backward flows for (a) 50%, (b) 75% wt/wt Fe;O4: PEG
microcapsules with diameters of 750 um as flow rectifying valves.

An important feature of the presented passive valve is its ability to block diffusion. Diffusion tests with
fluorescence on the outlet side and fresh water on the inlet side are shown in Figure 10. In the absence of
the valve, the fluorescence intensity on the inlet side reached the maximal value within one hour. The

concentration of the fluorescein solution can be represented as [107].

log(C) = —15.20 + 0.957 x log (FI) (Equation 2.10)

where C is the concentration of fluorescein, and F1 is the fluorescence signal.

The equation can be rewritten as

C,/C, = (FI, /FI,)%%57 (Equation 2.11)

where C; and C; are two concentrations of fluorescein salt, //; and FI; are the fluorescence signals.
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Over 1 hour, the diffusion rate with the valve was measured to be 0.04% of the diffusion rate in the absence
of the valve, indicating that the valve had successfully blocked 99.96% of the diffusion for the measurement
period. This demonstrates robust sealing of the microcapsule wall to the tubing wall in the no-flow state,

providing a unique capability in passive valves.
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Figure 2.10: Normalized intensity trends with/without the valve are compared. The diffusion was observed
by recording the fluorescence intensity variation over time at the inlet and the outlet ends of the valve using
a fluorescence microscope (LEICA DM 2500) at 515 nm emitting wavelength.

2.6 Conclusion

In this work, a one-of-a-kind passive and biocompatible valve was developed. The in-line and scalable
design is based on a microcapsule with a core of magnetic nanocomposite encapsulated with a soft
polymeric impermeable shell. The microcapsule with the magnetic field gradient source demonstrates flow-
rectifying capabilities along with an ultra-low forward-flow opening pressure. The forward-to-backward

flow ratio was measured to be 71.4 at 14 kPa for valves based on 4 mm long microcapsules with

concentration of 75% wt/wt Fe3O4: PEG. The valve’s forward-flow opening pressure was measured to be
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an astonishingly low 2.1 kPa, allowing microfluidic devices to easily actuate flows in the desired direction.
The valve also successfully blocked 99.96% of diffusion, one of the major unsolved problems for passive
microvalves, making contamination-free microfluidic applications possible. Future work on this valve may
focus on further miniaturization and customization of the microcapsule, and alternative polymerization
techniques of the polymer shell over the magnetic core. The magnetic-nanocomposite-core microcapsule
may have utility in a variety of microfluidic channels to achieve robust flow rectification for precise flow

control and diffusion blocking for contamination prevention.
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Chapter 3

Pressure Regulator for Pumping in Microfluidics

3.1 Current Pumps in Microfluidic Cell Culture

Pumps provide the necessary driving force for working fluids in microfluidic systems. Precise and tunable
pumping for microfluidic applications is commonly achieved with displacement-based (e.g., syringe or
peristaltic pumps) or pressure-controlled techniques. However, it can be challenging to integrate these large
form-factor devices and accompanying peripherals into confined environments, such as incubators. Thus,
miniaturized approaches to simplify the pumping process have also been widely explored. For example, a
commercial palm-top refillable iPrecio infusion pump has been used to maintain cells in culture. However,
the pumps were expensive and could not be customized. Alternatively, passive pumping, including
hydrostatic and surface tension-based methods, is low-cost and easy to use but lacks long-term stability,
deeming them unsuitable for microfluidic culturing applications (> 24 h). Microelectromechanical systems
(MEMS) approaches have also been used to create microfabricated pumps. Although these micropumps
can provide the long-term control required for lab-on-chip applications, the complexity of the fabrication
procedures can make customization and implementation impractical.

3.1.1 Relevance of Pumps in Microfluidic Systems

Microfluidic systems have revolutionized as a powerful platform in cell culture, as they provide controlled
flow rate over the cellular microenvironment. A key aspect to the functionality of these systems is the
driving source, often a pump, to facilitate the controlled delivery of reagents to cells and waste removal. In
microfluidic systems, control over fluid flow is typically achieved via displacement-based or pressure-
controlled pumping schemes [108], [109], [110]. The displacement-based mechanism is often seen in
syringe and peristaltic pumps. Syringe pumps use the rotary motion of mechanical screws to dispense fluid
from a syringe barrel at a controlled flow rate (Q), while peristaltic pumps employ a cam mechanism to
push or pull fluids through compliant tubing to directly control Q [109], [111]. Although syringe and
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peristaltic pumps are frequently used due to their robust flow control capabilities and compatibility with
standardized components (e.g., syringes, fittings, and tubing), they can be challenging to integrate into
confined environments. In addition, the mechanical oscillations of their rotary motor or cam mechanisms
can introduce undesired flow pulsations that result in cell damage [112], [113], [114]. Controlled pressure
pumping schemes create a defined pressure drop (AP) across microfluidic networks to drive fluid flows.
These pumping schemes are typically seen in electroosmotic pumps and pneumatic pressure driven pumps.
Electroosmotic pumps offer continuous, pulse-free flows, along with compact size, making them an
excellent alternative for microfluidic flow control. However, the high voltage requirement of the pumps
may necessitate additional voltage control equipment. Moreover, the high voltage may lead to electrolysis
of the cell media, creating bubbles for disruption [115]. When connecting external pneumatic pressure
sources, the pressure-driven pumps offer high responsive flow rates. These flow rates are governed by the
hydraulic analogy to Ohm’s Law, Q=AP-R"!, where R is the hydrodynamic resistance of the network [116],
[117]. Because of the intrinsic damping nature, pneumatic approaches suffer less from flow pulsations
compared to displacement-based methods. However, they also require more complex peripheral equipment,
such as a dedicated high-pressure air source (e.g., laboratory air), a closed-loop pressure controller, or
precise pressure/flow sensors [118], [119]. Consequently, pneumatic methods are rather difficult to
integrate into cell culture environments [6]. Both displacement and controlled-pressure techniques offer
excellent flow control capabilities and can be programmed to dynamically adjust flow profiles, including
ramped, periodic, pulsed, or even reversed flows. Nevertheless, these features are not often needed in
standard microfluidic culture applications. In fact, a constant flow rate is generally used to maintain or
stimulate cultured cells [120], [121]. The experimental need for a single controlled flow rate allows us to
forgo some of the advanced flow functionalities in favor of a simple and portable pumping solution.

3.1.2 Performance evaluation of a portable pump in microfluidic cell culture

Several key aspects we value when creating a suitable and portable single flow rate system for microfluidic
cell culture applications include the accessibility of the system, long-term pumping capability, and

simplicity of fabrication. For instance, Sasaki introduced a palm-top system with an infusion micropump
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(iPrecio SMP101-L, Primetech, Tokyo, Japan) [122]. However, the pump was expensive (>$300), one-time
use, and could not be customized. Passive pumping, on the other hand, provides a more cost-friendly and
portable alternative. Unfortunately, despite the lower costs and ease of use, passive pumping mechanisms
usually lack control and stability over the flow rates during pumping, making them unsuitable for long-
term culturing (> 24 hours) [123], [124]. As such, researchers have implemented microelectromechanical
(MEMS) fabrication techniques to enable micropumps [3], [34]. Although these micropumps can provide
the long-term control required for lab-on-chip applications, the complexity of the fabrication procedures
can make customization and implementation impractical.

3.1.3 Pressure regulating for pumping in microfluidic cell culture

Researchers have utilized a step-down pressure regulator coupled with a compressed air source with higher
pressure. The pressure regulator stabilizes and output consistent downstream pressure, which is often
coupled with a known stabilizing microchannel to achieve consistent and precise flow rates. Different
mechanisms to regulate down the pressure have been proposed by researchers. These mechanisms include
diffusion, electromagnetic, mechanical, electrostatic, piezoelectric, and thermopneumatic. The benchmark

of some literature examples are covered in Table 3.1.
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Table 3.1 Benchmark table of compressed-air based flow driving set ups [16], [66], [125], [126], [127]
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Table 3.1 Benchmark table of compressed-air based flow driving set ups (cont’d)[70], [85], [128],
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Table 3.1 Benchmark table of compressed-air based flow driving set ups (cont’d)[130], [131], [132], [133]
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Table 3.1 Benchmark table (cont’d) [24], [134], [135], [136], [137]
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Table 3.1 Benchmark table of compressed-air based flow driving set ups (cont’d)[26], [93], [138]
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The aforementioned pressure regulating mechanisms as pumps can be categorized into active and passive.
Active pressure regulating mechanisms usually involve pressure or flow sensors to ensure the output
pressure stays at the desired level. Since the designated usage of the pump is to output a constant pressure
for steady flow driving, the interesting mechanisms would be the passive types - mechanical and diffusion.
Mechanical pressure regulators depend on the balance between the forces. Diffusion-based pressure
regulating was realized by Podwin via the gas permeability of the PDMS membrane [125], [139].
Mechanical pressure regulators are preferred over diffusion-based pressure regulating due to the stability

of the output pressure.

3.2 Technology gap and significance

Here, we introduce a simple and accessible pneumatic pumping platform that uses a 3D-printed micro
pressure regulator (WPR) to provide a tunable AP that controls the flow rate in a microfluidic channel
network. As 3D printers have become more accessible for research laboratories [140], we anticipate that
this 3D-printed uPR can be fabricated and assembled in any research laboratory and tailored to achieve
application-specific flow requirements. Our pPR uses a force-balance mechanism to reduce the pressure
supplied by a battery-powered miniature air compressor to a controllable pressure range relevant to
microfluidic applications. We detail the design and fabrication of the uPR, establish output pressure control
and stability, and demonstrate both successful cultures within a microfluidic channel and its dynamic

control capabilities.

3.3 Concept and theory

a) A force-balance mechanism enables a range of regulated outlet pressure

Pressure regulators are commonly used in pneumatic circuits to reduce high-pressure air to a lower,
controllable pressure setpoint for downstream applications. As with most manual pressure regulators, our

3D-printed uPR uses a force-balance mechanism and is designed to maintain a user-defined setpoint
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suitable for standard microfluidic systems (~1-10kPa). As shown in Figure 3.1, the uPR consists of a high-
pressure air chamber, low-pressure air chamber, and pressure control component. The high-pressure air
chamber includes the closing (bottom) cantilever springs, the poppet valve, and the connecting rod. This
chamber receives constant pressure from a miniature air compressor. The low-pressure chamber with the
pressure sensing diaphragm outputs the regulated outlet pressure. The pressure control component consists
of 3D-printed top cantilever springs and the control knob (a bolt and a pairing nut), which is used to control

the outlet pressure as described below.

control
knob
cantilever
springs
Pressure
— Control
Component
pressure
sensing
diaphragm _
connecting L Low-Pressure
rod | Air Chamber
outlet .
chamber
cantilever L High-Pressure
springs Air Chamber
inlet o
chamber

Figure 3.1: Cross-sectional schematic of essential components in the 3D-printed uPR. The high-pressure
chamber (red) receives a constant high-pressure air supply from an external source. The low-pressure
chamber (blue) outputs air at a constant low pressure. The outlet pressure is controlled by adjusting the
pressure control component, consisting of cantilever springs and a control knob.
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b) Operating phases of pressure regulator

POUt

Figure 3.2: Depiction of the four phases of the pressure regulating process. During Phase 1, the air passage
is fully closed, while we supply air at a constant high pressure. In Phase 2, the user turns the control knob
to displace the top cantilevers. As the top cantilever restoring force (Fr) increases, the air passage between
the chambers remains closed. In Phase 3, when F surpasses a certain threshold, the air passage opens.
Finally, in Phase 4, the pressure in the low-pressure air chamber will reach the desired level indicated by
the control knob and the passage will close. Once the pressure is set by the user, the device toggles between
Phase 3 and Phase 4 to maintain the desired output pressure.
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The operation of PR can be described in four phases as shown in Figure 3.2.

Phase 1

Constant high-pressure air is supplied to the high-pressure chamber using a miniature air compressor. There
are two closing forces present at this stage. The inlet pressure force (Fj,,) is an upward force generated by
the inlet pressure acting on the poppet. The closing cantilever spring force (F;) is a constant upward force
generated by the displacement of the non-adjustable bottom cantilever springs during assembly. These
upward forces press the poppet to the seat and close the air passage between chambers. In this phase, the
bolt length under the nut is L and the tip of the bolt rests against the pressure-sensing diaphragm without
exerting a downward force.

Phase 2

As we turn the control knob clockwise, the bolt length under the nut is increased to L + Axy and the top
cantilever springs are displaced upward from their relaxed state by Axy. This upward displacement of the
cantilever springs generates a downward restoring force (Fy = kr - Axr) on the sensing diaphragm. During
this phase, the air passage is still sealed by upward forces (F;;,, and F¢), as Fr < Fj, + Fe.

Phase 3:

When the control knob is rotated further, F; overcomes the upward forces (Fj, + F¢) and the bolt tip
displaces the pressure-sensing diaphragm and the connecting rod. The motion of the connecting rod unseats
the poppet valve and opens the air passage, allowing high-pressure air to enter the low-pressure chamber.
The pressure (P, ) in the low-pressure chamber exerts an upward force F,,; on the bottom surface of the
pressure-sensing diaphragm (area Ag), Poyt = Four - A7t

Phase 4:

P, increases until F,,;; and other upward forces Fj,, Fr combine to match Fr as shown in Equation 3.1.
These upward forces lift the poppet valve and block air flow between chambers (Figure 3.2). This allows
us to set P,,; by changing the top cantilever spring force (Fr = k¢ - Ax7), which can be adjusted by the

rotational position of the control knob. Since P,,; is used to pump liquid flow in a downstream primed
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microchannel, the exhaust due to pumping decreases P,,; and triggers uPR to re-enter Phase 3 to allow
high-pressure air to compensate for the pressure loss. Once Axr is set by the control knob, the uPR toggles

between Phases 3 and 4 to maintain a stable P,,;.

Fr =Fyy + Fip + F¢ (Equation 3.1)

Here, the top cantilever spring force Fr = k¢ - Ax7; ky is the spring constant of the top cantilever spring,
with Ax; being the spring displacement. The outlet pressure force, F,,: = Poyt - Ag; Pour 15 the outlet
pressure, and A, is the area of the sensing diaphragm. Fj, is the inlet pressure force on the exposed area of
the poppet, while F is a constant closing force from the bottom cantilever springs.

Equation 3.1 can be simplified because the closing cantilever springs in the high-pressure chamber are not
adjustable and F is constant. F;,, is constant as long as we supply a constant input pressure to the high-
pressure chamber. Because both Fj,, and F; are constants, we can control F,,; (thus P,,;) by manipulating
the Fr applied to the diaphragm. Fr scales linearly with the displacement (Ax7) of the top cantilever

springs, hence we can tune P,,; by adjusting the angular position of the control knob.

3.4 Materials and methods

a) Material selection for the uPR

The structural components of the puPR, including the inlet (high-pressure) and outlet (low-pressure)
chambers and the pressure control component, were 3D printed using the Formlabs Form 2
stereolithography printer (Formlabs Inc., Somerville, MA, USA). We chose Dental SG resin (Formlabs Inc.,
Somerville, MA, USA) as the building material due to its gas-impermeable characteristics and Class I
biocompatibility (EN-ISO 10993-1:2009/AC:2010). This would allow us to implement the device for cell
culture applications. We picked Viton fluoroelastomer O-rings (shore 60A) (McMaster Carr, Elmhurst, IL,

USA) as the poppet valve sealing material to prevent pressure leakage between high and low-pressure
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chambers. Polyimide with 100-um thickness was chosen as the pressure sensing diaphragm due to its
chemical stability and material robustness.

b) Fabrication of the uPR

The Viton fluoroelastomer (shore 60A) O-ring was fitted over the connecting rod adjacent to the poppet
valve of the high-pressure inlet chamber as shown in Figure 3.3(a) (i). An 8-mm-ID/10-mm-OD natural
rubber (shore 70A) O-ring (McMaster Carr, Elmhurst, IL, USA) was then placed in the outer groove of the
inlet chamber. The low-pressure outlet chamber, shown in (ii), was placed over the inlet chamber with the
connecting rod extending through the cavity to form the cross-chamber air passage. Next, a 100-um thick
Kapton (Gizmo Dorks LLC, Temple City, CA, USA) was placed onto the outlet chamber as the pressure
sensing diaphragm, in contact with the connecting rod. As shown in (iii), an O-ring was placed on top of
the diaphragm to help seal the top of the outlet chamber. The pressure control component with built-in
cantilever springs was then stacked onto the diaphragm. These cantilevers were 0.5 mm wide, 0.5 mm thick,
and 5 mm long. An M2 nut (McMaster Carr, Elmhurst, IL, USA) was glued to the cantilever springs with
epoxy adhesive (ClearWeld™ Professional, J-B Weld Company, Sulphur Springs, Texas, USA) (iv). As
shown in (v), an M2 bolt was threaded into the nut. A 3D-printed pointer was added to the hexagonal socket
head to create the control knob. A laser-cut, 24-position acrylic dial was attached to the pressure control
component using pressure-sensitive adhesive (PSA, 3M 468MP Adhesive Transfer Tape, 3M Company,
Maplewood, MN, USA). The dial provided indications for rotational positions in 15° increments. Finally,
3D-printed clamps were used to compress the outer O-rings sandwiched between the structural components
and complete the assembly as shown in (vi). The assembled device is 12mm in diameter and 20mm in

height. Figure 3.3(b) shows an image of the assembled device next to a US dime for scale.
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Figure 3.3: (a) Schematic view of the 3D printed pPR and fabrication workflow. (i) The high-pressure air
inlet chamber includes a poppet valve, a sealing O-ring (white), and a connecting rod. (ii) The low-pressure
air chamber is placed on top of the inlet chamber. (iii) A Kapton diaphragm (yellow) and an O-ring (black)
are placed atop the outlet chamber. (iv) The pressure control component, consisting of three built-in
cantilevers and a threaded nut, is positioned on top of the O-ring. (v) An M2 bolt with a 3D-printed position
indication pointer is threaded into the nut. (vi) The device is then sealed using two 3D-printed compression
clamps to achieve an air-tight assembly (©12mm x 20mm) and a laser-cut position dial is added. (b) Image
of the assembled 3D-printed pPR next to a United States dime for scale.

¢) Microfluidic channel fabrication

(Poly)dimethylsiloxane (PDMS, Sylgard 184, Dow Inc., Midland, MI, USA) microchannels were
fabricated using standard soft-lithography techniques [141], [142]. SU-8 2100 (Kayaku Advanced
Materials, Westborough, MA, USA) was spin-coated onto a 4” silicon wafer, soft-baked, and exposed to
UV light through a transparency mask (CAD/Arts Services Inc., Bandon, OR, USA) to define channel
features and post-baked at 95°C. The photoresist was then developed (Kayaku Advanced Materials,
Westborough, MA, USA). A PMMA sheet with rectangular openings (length = 75 mm, width = 25 mm)
was attached to the wafer using PSA to create a molding cavity with a defined height. Upon attachment of
the PMMA ring, the mold was then filled with degassed PDMS pre-polymer (10:1 base to catalyst ratio by
mass) and cured on a hotplate for 1 hour at 80°C. The PDMS block was then removed from the mold and
access ports were cored with a 1-mm biopsy punch (World Precision Instruments, Sarasota, FL, USA).

d) COMSOL flow simulation setup
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A 3D simulation was performed using the laminar flow physics (stationary) module in COMSOL
Multiphysics. Microchannel geometry (20-pm height, 100-um width, and 32-cm length) was applied with
the material set as water. Pressures (P = 1-10 kPa) are applied to the inlet of the microchannel geometry,
while the outlet pressure is defined as atmospheric (P = 0) with suppressed backflow. The other walls in
the simulation setup are assigned no-slip boundary conditions.

e) Pressure and flow rate measurement

The general experimental setup featured a uPR and a PDMS microfluidic channel (20-um height, 100-pm
width, and 32-cm length). We supplied pressure to the pPR with a miniature DC air compressor SX-2
(Binaca Pumps, Temecula, CA, USA) operating at 3V and 0.09A. The outlet of the pPR was connected to
a three-way connector, with one end feeding the inlet of the PDMS microfluidic channel and the other
connected to a Honeywell pressure sensor (TBPDANS005PGUCYV, Honeywell International Inc., Charlotte,
NC, USA). Silicone tubing (2-mm ID, 5-cm length) was used to connect these components. The PDMS
microchannel was primed with a solution of blue dye (McCormick Inc., Baltimore, MD, USA) in deionized
water to improve contrast.

f) Characterization of outlet pressure vs control knob position

This characterization followed the aforementioned experimental setup. The Honeywell pressure sensor
(TBPDANSO005PGUCYV, Honeywell International Inc., Charlotte, NC, USA) allowed the characterization
of P,,; based on the rotational position of the control knob. The control knob is turned by 15° increments
(indicated with the acrylic dial) while P,,; is being measured. P,,; is then allowed to stabilize for 5-
minutes for each position after turning. A full cycle of the calibration process included clockwise rotational
turns (P, increased from 1 to 10 kPa) and counterclockwise turns (P,,,; decreased from 10 to 1 kPa). 15
full cycles are used to calibrate the outlet pressure readings versus the knob position. To quantify the
stability of the regulated pressures, the pressure data from the sensor are collected over 1000 minutes for
three designated pressures (P, = 1, 5, and 10 kPa), covering the low, medium, and high set points of the

range.
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g) Cell culture of HUVECs in uPR microfluidic platform

Detailed design and fabrication of the barrier platform have been described in our group’s previous work
[143], [144]. The cell culture platform consists of the top and bottom microchannels, separated by an
ultrathin nanomembrane (SiMPore Inc., Rochester, NY, USA). The nanomembrane has a thickness of 100
nm and pore size of 60 nm. The device has a core open-well module known as the m-uSiM which can be
reconfigured into a fluidic device by adding a flow module into its well and sealing it magnetically using
two housings with embedded magnets. The flow module is fabricated using the standard soft lithography
method and housings are fabricated using a laser cutter (H-series 20x12, Full Spectrum, CA, USA) [143].
The dimensions of the top channel were, h = 200 um, w = 1.5 mm, and | = 5 mm, and the bottom channel
are, h =150 um, w = 2-6 mm, and 1 = 15 mm. The flow from the media reservoir is connected to the inlet
of the top channel using tubing and gauge 21 dispensing tips (Jensen Global, USA).

Before cell seeding, the nanomembrane is coated with 5 ug-cm™ fibronectin (Corning Inc., Corning, NY,
USA) for one hour at room temperature, and then rinsed with fresh cell media. Human umbilical vein
endothelial cells (HUVECs) (Thermo Fisher Scientific, Waltham, MA, USA) are cultured in EBM-2 Basal
Medium (Lonza Bioscience, Walkersville, MD, USA) supplemented with EGM-2 Endothelial Cell Growth
Medium-2 BulletKit (Lonza Bioscience, Walkersville, MD, USA) and maintained in a tissue culture flask.
Before use, cells were dissociated using TrypLE (Thermo Fisher Scientific, USA) for 3 min and centrifuged
at 150 G for 5 min. After re-suspension, cells are seeded onto the membrane surface through the top
microchannel and incubated for 1 hour to promote cell attachment.

The pPR is set to an output pressure of 8 kPa (AP = 8 kPa), which corresponds to a media flow rate of 1
uL-min (shear stress of 0.02 dynes-cm™ at cell monolayer) in the top channel for 24 hours. LIVE/DEAD
stain (Thermo Fisher Scientific, Waltham, MA, USA) is used to assess cell viability based on the vendor’s
protocol. Labeled cells are imaged using an Olympus IX-81 fluorescence microscope with CellSens

software (Olympus, Tokyo, Japan) with constant image capture settings across the experimental sets.
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Figure 3.4 Schematic of the cell culture process workflow. The AA batteries were used to power the mini
air pump, which a higher pressure to be regulated by the uPR. The uPR pressurized the sealed cell media
reservoir to provide necessary media flow to the microfluidic cell culture device.

h) Dynamic flow control

A Y-shaped PDMS microchannel consisting of two 1-cm-long inlet channels and a 1-cm-long outlet
channel was connected to two uPRs (P1 and P2) and two battery-powered micropumps. Each uPR was
connected to a pressure sensor to measure pressure. P1 was maintained at 1.0 kPa while P2 was varied. We
allowed 30 seconds for each P2 stage to provide a sequence of pressures: 1.0 kPa, 1.3 kPa, 1.0kPa, 1.5 kPa,
1.0 kPa, 1.8 kPa, and 1.0 kPa, for a total of 3 minutes and 30 seconds. The liquid-liquid interface between
colored streams was recorded with an SMZ-168 stereomicroscope and its camera (Motic Co., Itd., Xiamen,

China).

3.5 Results and takeaways

a) Calibration of the uPR. pressure stability. and driven liquid flow

A major goal of our pumping platform is to provide tunable pressure control while maintaining a portable
setup. Therefore, we selected a miniature battery-powered air compressor instead of a compressed air line
or a pressurized cylinder as the external high-pressure source. Since our pPR operates on the assumption
of constant inlet pressure (see Equation. 3.1), we first confirmed that the pressure from the miniature air
compressor. Running at 3 volts, the pump maintained a stable pressure (41 £+ 0.02 kPa) over 5 days. Next,
the relationship between the angular position of the control knob and the resulting outlet pressure is being

investigated. As shown in Figure 3.5(a), the control knob was rotated by 15° increments (corresponding to
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increasing or decreasing Axy) and the output pressure was being measured. The data revealed two distinct
slopes. In the first region of the calibration curve from the 1* to the 9™ position (1.0 — 2.2 kPa), the slope
was 0.15 kPa per 15° increment; and in the second region from the 10™ to 20" position (2.6 kPa — 10 kPa),
the slope was 0.70 kPa per 15° increment. These different slopes may be a consequence of the
compressibility of the sealing O-ring on the poppet valve. That is, the O-ring may be partially in contact
with the valve seat and limiting air flow between chambers (from positions 1 to 9). With increased rotation
(positions 10 to 20), the O-ring detaches fully from the valve seat and air can flow between chambers with

less resistance, thus creating a steeper slope relationship.
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Figure 3.5: (a) Outlet pressure vs. control knob positions (15° steps). Pressures increase by 0.15-kPa
increments between the 1% and 9™ positions (blue), and 0.70-kPa increments between the 10™ and 20
positions (red). (b) Outlet pressure stability test with pressures set to 1, 5, and 10 kPa, by turning the control
knob to the 1%, 14™, and 20™ positions following the calibrated results in (a). The pressure was measured
over 16 hours to check the stability of the outlet pressure regulated by the device. The three outlet pressures
were 1.0 = 0.01 kPa, 5.1 = 0.09 kPa, and 10.2 £ 0.16 kPa throughout the 5-day test.

To ensure controlled flow for culture applications, it is important to provide a stable pressure drop (AP =
Pout — Pgaem) across the microchannel network. Here, the outlet pressure (P, ) regulated by the uPR helps

establish AP. Using the calibration data acquired as shown in Figure 3.5(a), we characterized the stability

of P,,; over 16 hours at three different setpoints, 1, 5, and 10 kPa. As shown in Figure 3.5(b), the measured
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outlet pressures were 1.0 £ 0.01 kPa, 5.1 £ 0.09 kPa, and 10.2 &+ 0.16 kPa. The error to measured pressure
ratios for 1, 5, and 10 kPa were 1.0%, 1.8%, and 1.6% respectively, demonstrating the uPR’s ability to
provide tunable and stable pressures across the output range.

Pout Patm
100- - " AP 'a .
PR

Microchannel

Flow Rate (nL-min'1)
14y
o
|

0 I | | | J | 1 |
1 2 3 4 5 6 7 8

Pressure (kPa)

Figure 3.6: The inset shows the test setup, including the pressure regulator that creates a AP across the
microchannel. AP is determined by the outlet pressure of uPR and the atmospheric pressure at the end of
the microchannel. AP (1 to 8 kPa) covers flow rates from 9 to 100 nL-min™, yielding a slope of 12 nL-min"
".kPa™'. The straight line is drawn with the simulated response of flow rates vs. the outlet gauge pressures.
R? =0.999 is the correlation between the experimental data and the COMSOL simulation results.

Next, we explored how the uPR could be used to provide a stable pressure drop across a microfluidic
channel and produce flow rates practical for cell culture applications. The pPR was designed to support low
flow rates that can be difficult to achieve with commercial pressure regulators (e.g., 10 - 100 nL-min™) for
cell culture applications. The flow rates were measured in Figure 3.6 for different outlet pressures to

investigate the uPR’s capability of controlling the liquid flow. We introduced pressure drops, AP, from 1

to 8 kPa, using the uPR and measured flow rates ranging from 8.50 nL-min™ to 98.7 nL-min™'. We observed
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an excellent correlation (R%=0.999) between the COMSOL simulations and experimental flow rate
measurements (AP from 1 to 8 kPa). The slope describing the relationship is 12 nL-min™-kPa™.

b) Microfluidic culture of Human Umbilical Vein Endothelial Cells (HUVECs)

In microfluidic systems, media perfusion is required because the small media volume in the channel is
rapidly depleted of nutrients by metabolically active cells and must be replenished to maintain cell viability.
To demonstrate the compatibility of our uPR to control fluid flow and maintain cells, we used the uPR to
establish an endothelial monolayer in a tissue barrier model that we previously developed [143]. As shown
in Figure 3.7(a), the culture platform consists of two microchannels separated by a nanomembrane. The
lower channel was filled with cell media while the top channel was supplied with flows driven by the uPR.
The puPR induced a stable pressure drop of 8 kPa across the top culture microchannel, resulting in a constant
1uL-min flow rate for introducing cell media from the reservoir into the culture region.

As expected, cells cultured in the device with media flow driven by the uPR were maintained alive and
formed a confluent monolayer after 24 hours while the majority of cells in the static control died due to
lack of cell media supply (Figure 3.7(b)). The live/dead staining showed a 98.5% survival rate in the uPR-
supplied device whereas the static control (no media flow) had a 38.2% survival rate. These results
confirmed the capability of the uPR to deliver stable flow rates and maintain a long-term culture of cells in

microfluidic devices.
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(a) Schematic of the cell culture setup

(b) Established endothelial monolayer after 24 hours
(i) Continuous flow by yPR

Top channel

Nancmembrane

Bottom channel

(ii) Control (No flow)
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Figure 3.7: (a) The inset schematic illustration of the cell culture platform. A miniature air compressor
supplies high-pressure air to uPR, which outputs a stable pressure drop (AP) across the top microchannel
of the platform. This results in the flow of cell media from the reservoir into the microchannel. The platform
consists of two microchannels separated by an ultrathin nanomembrane. Components of the platform can
be disassembled after the experiment due to its reversible magnetic latching mechanism. We set the output
of 8 kPa from the uPR to drive the culture media flow (Q = 1 uL-min™). (b) Cross-sectional view of the
endothelial monolayer, and comparison of cultured cells in (i) dynamic culture (with the flow) and (ii) static
culture (no flow). The cells were stained with LIVE/DEAD stain and fluorescence images were captured
in green (viable cells) and red (dead cells). This demonstrates that the uPR can drive continuous flow vital
for long-term cell culture and the formation of a confluent cell monolayer. Scale bars = 100um.
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Figure 3.8: Dynamic responses of pressure patterns including, (a). 1 to 5 to 1 kPa, (b). 5 to 10 to 5 kPa,
and (c). 1 to 10 to 1 kPa are achieved via control knob turns with the calibration data in Figure 3.5(a). Each

pattern features three stages, each with 200 seconds under the real-time observation of the dynamic pressure
response.

¢) Dynamic pressure control using the control knob

Since the outlet pressure can be easily changed based on the calibrated position of the control knob, we
demonstrate uPR’s responsiveness to real-time pressure switching. Here we show that dynamic changes
can be made to the ranges of pressure — low to high, medium to high, and low to medium. As shown in
Figure 3.8, we measured dynamic pressure adjustments, each with three stages, that spanned the tested
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range (a) 1 kPa- 5 kPa- 1kPa, (b) 5 kPa- 10 kPa - 5 kPa, and (¢) 1 kPa - 10 kPa - 1 kPa. In this experiment,
we again used the calibration results as presented in Figure 3.5(a) for setpoints of the control knob positions
for pressures used in this experiment. Figure 3.8 shows that our pPR could ramp up and down to reach
desired setpoints within one-minute periods, even among the largest dynamic pressure patterns in the
experiment.

To highlight the integration of multiple pPRs in a single system, we utilized two uPRs to separately control
the flow rates of two liquids within a Y -shaped microfluidic channel and visualized the dynamic equilibrium
position of the two-stream laminar flow interface while adjusting one uPR to a new setpoint. We fed red-
dyed deionized water to the top inlet port of the Y-channel with the pressure set to 1.0 kPa uPR, P1. Blue-
dyed deionized water was fed into the bottom inlet port with pressure regulated by a second pPR, P2; these

pressure values were changed during the experiment from a range of 1.0 kPa to 1.8 kPa.

(a)

(d)

1.0 kPa

P1=P2

1.0 kPa

Pressure Regulator #2 Laminar Flow Observing Channel

Figure 3.9: Real-time observation of co-laminar liquid flow pressurized with two pPRs. uPR #1 supplies
pressure (P1) to one inlet port of the laminar flow observing channel, while uPR #2 supplies pressure (P2)
to the other. P1 is set to 1 kPa as control, while P2 is adjusted to (a) 1.0 kPa, (b) 1.3 kPa, (c) 1.5 kPa, and
(d) 1.8 kPa via the control knob. Scale bar = 1 mm

As expected, when P1 = P2, the liquid-liquid interface between the red and blue streams was located at the
midline of the channel (white dashed line), indicating pPRs’ capability of delivering stable flow rates using
multiple uPRs. As we changed P2 from 1.0 kPa to 1.8 kPa by turning the control knob, the flow rate in the
bottom channel increased and the interface was shifted upward (see Figure 3.10). 30 seconds of observation
time were allowed for each new P2 set point with the following sequence of pressures: 1.0 kPa, 1.3 kPa,
1.0kPa, 1.5 kPa, 1.0 kPa, 1.8 kPa, and 1.0 kPa, for a total of 3 minutes and 30 seconds. The liquid-liquid

interface shifted in response to the P2 pressure adjustment and quickly settled to the new position, and the
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interface maintained stable during each of the 30-second pressure monitoring periods. The dynamic
response of the uPR flow adjustment demonstrated real-time pressure adjustment and stable dynamic
equilibrium positions. The pressure control capabilities of the system and flow profile possibilities were

highlighted for more advanced real-time features that require pressure controls.

3.6 Conclusions

The goal of the platform is to provide a portable, simplified microfluidic flow control method while
providing stable flows suitable for cell culture applications. While there are commercial solutions for
pneumatic pressure control, these pressure regulators have larger footprints (>30mm), a higher outlet
pressure range (~35 kPa) with a lower resolution (>3.5 kPa resolution). These approaches also cannot be
customized, are expensive (>$100 USD), and require a dedicated laboratory compressed air line. By
introducing the PR along with a mini air pump to create a microfluidic flow control platform, a range of
tunable and stable flow rates can be delivered within a portable system. This platform provides a cost-
effective pressure control scheme with a range of customization opportunities owing to the increasing
availability of hobby and commercial 3D printers. For reference, the total cost of the mini air pump and
uPR setup as shown in this work is less than $7 USD, of which the pPR is less than $1.20 as shown below

in Table 3.2
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Iltem Stock Quantity | Unit price Adjusted
Number Price
Dental SG Resin FLDGORO1 1.24 mL | $299/Liter $0.37
Viton O-ring (001) 1284N101 1 $5.80/(25 pieces) $0.23
Oil-resistant Buna-N O- | 9262K442 2 $17.67/(100 pieces) | $0.35
ring
M2 nut 91828A111 1 $6.14/(100 pieces) $0.06
M2 bolt 91290A012 1 $16.58/(100 pieces) | $0.17
UPR total $1.18
Mini air pump 1 $10.99/(2 pieces) $5.50
Total $6.68

Table 3.2 Bill of materials for the pPR and mini air pump set up

In our design, (see Figure 3.2 and Figure 3.3), the pressure regulating mechanism is similar to that of
conventional pressure regulators. However, by incorporating 3D printing techniques, two sets of cantilever
springs were integrated as an alternative to large commercial springs to simplify the assembly and help
miniaturize the device. By incorporating cantilever springs into the poppet valve design, we created an
upward closing force (Fc), as shown in Figure 3.3, to prevent possible high-pressure air leakage to the low-
pressure chamber through the air passage. This “normally-closed” design allows users to shut off output
pressure and momentarily disconnect the cell culture compartments for inspection or modification. Since
regulation of Poy depends on the closing actions of the poppet valve, a gas-impermeable elastomeric Viton
O-ring (shore 60A) was chosen at the poppet for better sealing. This suits our target applications, which are
often operated with a low-pressure and flow rate regime. To target the range of 1-10 kPa, we chose the M2
size (0.4-mm pitch, 2-mm diameter) bolt as the control knob and partner it with a 24-position dial. Such a
combination provides sufficient pressure resolution (< 1kPa per 15° turn) while retaining user-friendly

control. By adjusting some key mechanical parameters, such as kr and Aq we can achieve different targeted
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outlet pressure ranges. Equation 3.2 shows that kt can be modified by changing the mechanical properties
of the material by either switching to a different material or changing the curing settings of the 3D printer.
kr can also be altered by the geometry of cantilevers. For instance, we can increase the pressure sensitivity
when we decrease kr - which can be achieved by increasing the length of the cantilever springs or decreasing

their width or thickness, as shown in Equation 3.2.

3Ebh3
k= 22—
T 413

(Equation 3.2)
Where E is the Young’s modulus of the 3D-printed material, and b, h, | are the width, thickness, and length
of each cantilever, respectively.

Although kr is more sensitive to changes in the thickness (h) of the cantilever than the width (b) (see
Equation 3.2), the z accuracy (i.e., layer thickness control) of the 3D printer is often less than the x-y axes,
resulting in greater variability in the thickness.[145] For example, a 0.1-mm thickness change (from 0.5 to
0.6 mm) of the cantilever springs can result in 70% increase in the spring constant. We anticipate that the
3D printed pPR can be modified to fit different pressure ranges based on the mathematical descriptions.
For example, increasing the area of the sensing diaphragm A4 can improve the resolution of the output
pressure setpoint but results in a larger device footprint and a smaller upper bound (constrained by
maximum cantilever spring force) of the outlet pressure, since the outlet force scales linearly with the
diaphragm area but is limited by the top cantilever spring force.

We fabricated our device by stacking 3D-printed components with an O-ring as a key sealing component
to separate the high and low air pressure chambers. One may use multi-material 3D printer to print this
device in one fabrication step with rigid and flexible parts for robust sealing, but these printers may not be
accessible in all laboratories. For single-material printers, print-pause-print techniques may allow
placements of soft materials for sealing during the fabrication, but it would add fabrication uncertainties,
which defeat the purpose of creating an accessible and replicable platform. Since 3D-printed structures are

still associated with dimensional errors for such small device features, we have to calibrate each device to

determine the actual pressure control setpoints for usage as the mathematical equations serves only as a
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design guideline. The relationship between control knob positions and outlet pressures, once calibrated, can
be used to produce the desired outlet pressure. The compact and easy setup of the uPR-based microfluidic
flow control platform provides manual control of AP based on the calibration. Since the flow control
platform depends on the pressure drop to achieve the required flow rates, we implemented an open-end
system (pressure at channel outlet = P.m) to limit backpressure effects. During the cell culture experiment,
we were able to deliver a constant flow rate of media to the culture platform to maintain a viable
environment for HUVECs as compared to the no-flow situation. For more complicated microfluidic
networks or closed-end systems, users may add back-pressure regulators to raise the downstream pressure
threshold at the end of the microfluidic network to prevent potential backflows, however, this would require
a higher range of driving pressures to deliver the same flow rates [146], [147].

With the dynamic control capability demonstrated with the co-laminar flows, we present more possibilities
in dynamically controlling the outlet pressure to introduce different media flow rates for culture setup
changes using our pPR (e.g., shear stress adjustment for cell alignment purposes) without modifying the
channel geometry. In contrast to syringe pumps and commercial pneumatic solutions, the small footprint
and minimal peripheral equipment requirements of the pPR-based system and be easily moved in and out
of a cell culture incubator. Although this work is focused on creating an ease-of-use, tunable, and simple
cell culture platform for single constant flow rates, automated flow control functionalities including pulsed
or controlled ramp flows could be introduced using a stepper motor and gear train to program adjustments

to the knob positions.
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Chapter 4

Battery-less, two-stage pressure regulator flow control

platform

4.1 Introduction

As demonstrated in Chapter 3, an accessible and portable system was capable of driving cell media flow
into a microfluidic cell culture platform (m-uSiM) and successfully kept cells (HUVECSs) alive to form a
confluent monolayer. We propose a standalone, tunable, power-free continuous perfusion system for cell-
based microfluidic devices. This system, based on the work shown in Chapter 3, would be designed to
deliver flows in perfusion culture with two modes: (1) proliferation and (2) alignment of cells[53], [54],
[55]. This power-free system can be easily transferrable between environments, e.g. from incubators to
microscopes. This all-in-one design provides user-friendly operation of perfusion culture meanwhile
ridding of the wiring complexities most current perfusion methods required (i.e. syringe pumps, microflow
controllers, peristaltic pumps).

To address the need for a straightforward yet functional pumping platform that is portable, and power-free,
we incorporate a 3D-printed miniature pressurized air tank/liquid reservoir as the high-pressure source.
Despite the advantages of a pressurized air tank, the pressure decreases over time, impacting output stability.
To maintain stable output pressure, we implement a two-stage pressure regulation mechanism. This two-
stage micro pressure regulator (WPR) provides a tunable pressure differential (AP) across a stabilizing
microchannel, controlling the flow rate in a downstream microfluidic network. 3D printing technology is
used to create the pressure regulator, offering benefits such as customization, scalability, and rapid
prototyping. The system's fully integrated design allows for easy transfer in and out of incubators for cell

culture applications, facilitating periodic observations under optical microscopy.
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The two-stage pressure regulator offers finer control over pressure adjustments compared to single-stage
regulators. The non-tunable first stage, designed to screw onto the mini pressurized air tank's outlet, handles
larger input pressures and provides a robust design. The first stage's outlet connects to the second stage's
inlet via a 3D-printed flow control platform with integrated routing. This setup allows the regulator to
manage higher input pressures and reduces the impact of supply pressure fluctuations. The sealed liquid

reservoir with cell media is then introduced into a cell culture microchannel, enabling perfusion culture.

We anticipate that the dual-stage pressure regulator can reduce the higher pressure from the mini air
tank/liquid reservoir (200 kPa gauge pressure) to a tunable range of 1-10 kPa gauge pressure, driving stable
fluid flows. Preliminary experiments demonstrated success using microchannels with a cross-sectional area
of 60 um x 200 pum, achieving 16 dyne/cm? at 720 pL/hr fluid flow. To meet the designated flow rates (up
to 720 pL/hr), the output pressure range of up to 10 kPa is designed to drive a fluidic stabilizing
microchannel with dimensions of 60 pm x 200 pm x 7 cm. The maximum dispensed volume for 24 hours
of pumping at 720 puL/hr is 16.6 mL. The two-stage regulator is expected to make significant contributions
to microfluidics by addressing gaps in continuous flow driving and enabling cell culture applications. This
platform offers a simple, portable, and customizable solution for precise flow control, making it accessible

to research laboratories with 3D printing capabilities.

Although switching to a pressurized air tank enables a power-free design, the pressure in the tank decreased
as a function of time and impacted the stability of the output pressure. To ensure that the output pressure
doesn’t drift off from its designated mode of perfusion culture due to this supply pressure effect, we
introduce a dual-stage micro pressure regulator that operates in a similar fashion as the one shown in
Chapter 3. As compared to the pressure regulator introduced in Chapter 3, we added a non-tunable 1*
stage that’s designed to be a screw-on to the outlet of the mini pressurized air tank. The resin-based
diaphragm is designed to receive a larger input pressure. The outlet of the 1% stage is connected to the inlet
of the 2" stage, which features a similar setup to Chapter 3. With this two-stage design, the new pressure

regulator not only receives a larger input pressure (required for long-term, power-free pumping) and also
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suffers less from the supply pressure effect (due to the exhaust and a constrained volume of the pressurized
mini air tank). At the downstream of the pressure regulator, we have a sealed liquid reservoir with cell

media, which would be introduced into a cell culture microchannel, where perfusion culture happens.

Chapter 3 Chapter 4
Power required Yes No
Compressed air source Mini air compressor Pressurized mini air tank
Pressure regulator type Single-stage Two-stage
Input pressure range 40-60 kPa 100-200 kPa
Output pressure range 1-10 kPa 0-10 kPa
Demonstrated flow rate range 10-100 nL/min 0-720puL/hr
Fluid stabilizing microchannel 20 um x 100 pm x 32 cm 60 um x 200 um x 7 cm

Table 4.1 Comparison between the work in Chapter 3 and Chapter 4.

4.2 Concept and theory

We look to create a stand-alone cell culture system that can be carried around. The continuous perfusion
system would operate with two modes: (1) cell proliferation of HUVECsS to form a confluent monolayer on
the porous nanomembrane (2) alignment of HUVECs (coefficient of alignment > 0.5) after 24 hours of
media flows. To fulfill the requirements, we need (1) a 3D-printed miniaturized pressurized air tank as the
high-pressure source, (2) a two-stage pressure regulator for fine-tuning the flows, (3) a fluidic resistor
microchannel to stabilize the flow, and (4) a microfluidic cell culture platform.

4.2.1 Design and Mechanism of a two-Stage PR based flow driving platform

a) Design principles and pressure regulating mechanism

A two-stage pressure regulation allows reduced pressure fluctuations and lowers the supply pressure effect,
in which the outlet pressure deviates from its designated value when the inlet pressure (air tank) lowers due
to the exhaustion of flow driving. The pressure regulator follows similarly to the mechanism covered in
Chapter 3.

68



Pressure Regulating Mechanism

F
Fout ‘ L FD gr,l;tPUt to

1st-stage
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Figure 4.1: Depiction of the forces involved in the pressure regulating process. During Phase 1, the air
passage is fully closed, while we supply air at a constant high pressure. In Phase 2, the adjustable load (F;)
on the diaphragm opens the air passage. As the diaphragm restoring force (Fp) increases, the air passage
between the chambers remains closed. In Phase 3, when Fp surpasses a certain threshold, the air passage
opens. Finally, in Phase 4, the pressure in the low-pressure air chamber will reach the desired level indicated
by the control knob and the passage will close. Once the pressure is set by the user, the device toggles
between Phase 3 and Phase 4 to maintain the desired output pressure.

Phase 1 (Resting phase)

Pressurized liquid is supplied via the air tank/liquid reservoir. There are two closing forces. The inlet
pressure force (F,) is an upward force generated by the inlet pressure acting on the poppet. The diaphragm
has a restoring spring force (Fp) is an upward force generated by the displacement of the 3D-printed
diaphragm. The displacement was due to the installment of the O-ring to the poppet as a valve. These
upward forces press the poppet to the seat and close the air passage between chambers. Depends on the
stages of the pressure regulator printed, the connecting rod length would vary, leading to different restoring
spring forces.

Phase 2 (Loading phase)

As we adjust the load on applied on the diaphragm, F; is no longer zero. This changes the restoring spring
force (Fp), the restoring force (Fp = kp - Axp) on the sensing diaphragm would slightly increase. During

this phase, the air passage is still sealed by upward forces (F;;, and Fp).
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Phase 3:

When we further incease the load, F; overcomes the upward forces (Fj, + Fp) and pushes down the
pressure-sensing diaphragm and the connecting rod. The motion of the connecting rod unseats the poppet
valve and opens the air passage, allowing pressurized liquid to enter the outlet chamber. The pressure (P,,,;)
in chamber exerts an upward force F,,;; on the bottom surface of the pressure-sensing diaphragm (area A;),
Pout = Foue * Aa™ -

Phase 4:

P,y increases until F,,,; and other upward forces F;;,, Fp combine to match F; as shown in Equation 4.1.
These upward forces lift the poppet valve and block air flow between chambers. This allows us to set P,
by changing the force (Fp = kp - Axp). Since P,y is used to pump liquid flow in a downstream primed

microchannel, the exhaust due to pumping decreases P,,; and triggers uPR to re-enter Phase 3 to allow

pressurized liquid to compensate for the pressure loss. The uPR toggles between Phases 3 and 4 to maintain

a stable P,,;.

Fy = Foue + Fin + Fp (Equation 4.1)

The outlet pressure force, Fyyr = Poyt * Aa; Pour 15 the outlet pressure, and A, is the area of the sensing
diaphragm. F;;, is the inlet pressure force on the exposed area of the poppet, while Fj is the diaphragm
restoring force determined by the displacement of the diaphragm.

4.2.2 Supply pressure effect and dual-stage regulator design

Since we have a constrained supply of pressure sources, we need to factor in the system’s supply pressure
effect on the delivering pressure and driven flow in this system. This effect stems from the force-balance
mechanism (Equation 4.1) as introduced above. P;,, thus F;;,, decrease due to liquid dispensing over time,
and F,,,; would have to increase to maintain the balance. An increased F,,,;; scales linearly with P,,,; since
the diaphragm area A; remains constant. We calculate the supply pressure effect by the ratio of the poppet

area exposed to the supply pressure and the pressure sensing diaphragm area exposed to the outlet pressure.
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For instance, in the single-stage pressure regulator as introduced in our previous work, the theoretical supply

—)Area exposed to the supply pressure -)1.5%x
|4 pply p _

pressure effect is =(-)14%. This suggests that when the

Area exposed to the outlet pressure 427
supply pressure decreases by 100 kPa due to exhaust, the output rises by 14 kPa. For our targeted range of
output pressure (<10 kPa for this application), this would lead to catastrophic pressure/flow control stability.
Several solutions can be implemented to alleviate this effect. A straightforward way to lessen the supply
pressure effect is simply by increasing the diaphragm area exposed to the outlet pressure. Due to the
constraints in the system footprint, we decide to not adopt this solution. Other options include cascading
multiple stages or creating a “balanced” poppet design (the poppet area originally exposed to the supply
pressure is exposed to the outlet pressure chamber through a built-in air channel). Because of the
manufacturing difficulty of stereolithography parts in a miniature device, the complex air channel routing
and specific sealing requirements over moving pistons make the balanced poppet design a challenging task.
Thus, we decided to insert an extra stage to create a dual-stage pressure regulator. Cascading two stages
with identical supply pressure effects would result in a new effective supply pressure effect of

(-)14%x(-)14%, or ~2%.

4.3 Fabrication of the two-stage nPR based flow driving platform

4.3.1 Material selection

Component selection is based on factors like biocompatibility, chemical resistance, and mechanical
properties. We chose to 3D-print the structural components of the pPR, including the air tank/ liquid
reservoir, 1% stage regulator, 2™ stage regulator, and the entire flow platform, using the Form 2
stereolithography printer (Formlabs Inc., Somerville, MA, USA). We chose surgical guide resin (Formlabs
Inc., Somerville, MA, USA) as the building material due to its gas-impermeable characteristics and Class I
biocompatibility (EN-ISO 10993-1:2009/AC:2010). This would allow us to implement the device for cell
culture applications. We picked Viton fluoroelastomer O-rings (shore 60A) (McMaster Carr, Elmhurst, IL,

USA) as the surface-surface sealing material to prevent pressure leakage between thread interfaces of
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chambers and air tank/ liquid reservoir. We encapsulate the devices with parylene-c coating (SCS Coating
Systems, Indianapolis, IN, USA) to ensure the biocompatibility when the working fluids would be in

contact with the components.

4.3.2 Fabrication process

The fabrication processes include the fabrication of the structural components of the flow driving system
(airtank/ liquid reservoir, both stages of the pressure regulator), the flow stabilizing microchannel

afterwards, and the nanoporous membrane-based cell culture platform.

a) Structural components of the platform: air tank, stages of the pressure regulator, routing system

We 3D-printed the air tank, two-stages of pressure regulator using the surgical guide resin. R-14 size O-
rings are epoxy glued to the groove in the geometry of 1 and 2™ stages, enabling a leak-tight design with
thread-on capabilities. The components would then be threaded on for application. Viton fluoroelastomer
(shore 60A) O-rings were fitted over the connecting rod from the poppet valve of the 1" and 2™ stages.
Natural rubber fittings were placed in the fluid routing connections built in the 3D-printed flow control
platform to prevent liquid leakage. A rubber sport ball valve is fit into the opening of the air tank to ensure

a refillable, leak-tight design.

Air Tank

=

1ststage PR

Culture Platform

System with Fluid Routing
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Figure 4.2 The two-stage pressure-regulator based flow driving platform. The system features 3D printed
components: the air tank, 1* stage PR, 2™ stage PR, system with fluid routing. In the system, we have a
designated downstream applications (a culture platform that features a nanoporous membrane.)

The system consists of an air tank/liquid reservoir design, a 1% stage pressure regulator, a 2™ stage pressure
regulator. The flow after the 2™ stage pressure regulator would go downstream applications, such as the
culture platform. We fit a sport ball refill valve to the opening of the air tank. Thread the 1*-stage PR with
a commercially available balloon inside the air tank/liquid reservoir. The 1* stage PR is connected to a
three-way valve. We then connect the outlet of the three-way valve into the fluidic routing platform and
thread on the 2"-stage PR onto the 3D-printed platform. The threaded reservoir/1*' stage PR outlet with a
three-way valve has one outlet connected to the system for input for the 2™ stage pressure regulator, and
the other hanging as the refill port. The rails designed in the 1* stage PR allows us to easily slide into the

fluid routing system and fixed in place.

b) Microfluidic flow-stabilizing channel

Microchannels were fabricated from polydimethylsiloxane (PDMS, Sylgard 184, Dow Inc., Midland, MI,
USA) using standard soft-lithography techniques. A 4-inch silicon wafer was spin-coated with SU-8 2100
photoresist (Kayaku Advanced Materials, Westborough, MA, USA), soft-baked, and exposed to UV light
through a transparency mask (CAD/Arts Services Inc., Bandon, OR, USA) to define the channel features.
The wafer was then post-baked at 95°C, and the photoresist was developed (Kayaku Advanced Materials,
Westborough, MA, USA). A PMMA sheet with rectangular openings (75 mm long, 25 mm wide) was
attached to the wafer using a pressure-sensitive adhesive (PSA) to create a molding cavity with a defined
height. The cavity was filled with degassed PDMS pre-polymer (mixed at a 10:1 base-to-catalyst ratio by
mass) and cured on a hotplate at 80°C for 1 hour. After curing, the PDMS block was removed from the
mold, and access ports were created using a 1-mm biopsy punch (World Precision Instruments, Sarasota,

FL, USA).

¢) Nanoporous membrane-based cell culture platform m-uSiM
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Ultrathin nanoporous silicon nitride membranes, with a thickness of 100 nm, 15% porosity, and 60 nm pore
sizes, were provided by SiMPore Inc. (Rochester, NY, USA). The overall dimensions of the membrane
chip, including the silicon support, were 5.4 mm X 5.4 mm X 0.3 mm, featuring a permeable porous window
measured at 2 mm x 0.7 mm X 0.1 um. Components of the microfluidic-silicon membrane system (m-
uSiM), such as the transparent cyclic olefin polymer (COP) base, pressure-sensitive adhesive (PSA)
channel and support layers, and acrylic layers, were sourced from Aline Inc. (Pasadena, CA, USA). The
membrane and m-uSiM components were assembled in a layer-by-layer fashion as shown in our
companions’ papers. The porous region of the membrane, distinguished by its yellow color, was encircled
by a silicon support. This membrane divided the m-uSiM into luminal and abluminal compartments,
facilitating the exchange of soluble factors between these compartments across length scales comparable to
the approximately 100 nm thick basement membrane found in vivo.

The structural parts of m-uSiM has a core open-well as shown in Figure 4.2. This allows us to reconfigure
the setup into a fluidic device by adding a flow module into its well. The flow module was fabricated using
the standard soft lithography method with PDMS (Sylgard-184, Dow Inc., Midland, M1, USA)[141], [142].
SU-8 2100 (Kayaku Advanced Materials, Westborough, MA, USA) was spin-coated onto a 4” silicon wafer,
soft-baked, and exposed to UV light through a transparency mask (CAD/Arts Services Inc., Bandon, OR,
USA) to define the channel featuring a rectangular groove with dimensions 60 pm x 200 um x 5 mm. We
post-baked the wafer at 95°C. The photoresist was then developed (Kayaku Advanced Materials,
Westborough, MA, USA). A PMMA sheet with rectangular openings attached to the mold via pressure
sensitive adhesive. The mold was then filled with degassed PDMS pre-polymer (10:1 base to catalyst ratio
by mass) and cured on a hotplate for 1 hour at 80°C. We removed the PDMS flow modules from the mold
and access ports were cored with a 1-mm biopsy punch (World Precision Instruments, Sarasota, FL, USA).

The PDMS flow modules were ozone-treated to form a permanent bond with the nanoporous membrane.

4.4 Flow rate control via the dual-stage pressure regulator
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4.4.1 Setting up the flow control platform

This step follows the assembly of the system, which includes the air tank with a refill valve, both pressure
regulating stages, fluid routing platform. We use a luer lock to 1/8 in’ connector to connect fluid lines to
the stabilizing microfluidic resistor. The outlet of the microfluidic resistor is connected to a flow sensor

(LG-16, Sensirion AG, Stéfa, Switzerland)

We use a 5-mL syringe with an 18G syringe tip to pressurize the air tank/liquid reservoir design. 25 mL of
liquid is first filled into the liquid reservoir. Refilling of the liquid reservoir is performed via a three-way
valve with luer lock ends. By repeatedly filling in with 5-ml syringe for five times, the amount of fluid can
be accurately controlled and filled in the balloon reservoir present in the air tank/reservoir setup.
Pressurizing and re-pressurizing of the air tank/liquid reservoir can be performed after the liquid reaches
the capacity with the following process. (1) Insert an 18G syringe tip to the refill valve to vent remaining
pneumatic pressure inside the air tank (2) Connect a 5-mL syringe with its barrel at the 5-mL mark and
presses the barrel until the end of the syringe and pull the syringe out of the three-way valve (3) Repeat step
2 for five times (4) Connect a 5-mL syringe to the hanging 18G syringe tip at the refill valve and press the

barrel until the end. (5) Pull out the syringe with tip at the refill valve and repeat step 4.

4.4.2 Leakage test

The 3D-printed pressurized air tank is filled with 200 kPa gauge pressure from air supplied with the Dwyer-
110 pressure gauge and a ControlAir Type-90 pressure regulator. Pressure is filled into the air tank via the
sport valve, as introduced in the fabrication process, using a syringe tip (size 18G). The air tank’s outlet is
then connected to a pressure calibrator suitable for pressures (Fluke-717, Fluke, Everett, Washington, USA).
The pressure in the air tank is monitored over 72 hours for leakage observation.

4.4.3 Flow rate measurement

The general pressure/flow experimental setup features the pressure regulator and the PDMS stabilizing
microchannel (60-um height, 200-um width, and 7-cm length). We supply pressure to the 1 stage pressure
regulator with a compressed air chamber with 200 kPa gauge pressure. The outlet of the 1% stage regulator
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is connected to supply the inlet of the 2"-stage pressure regulator. The outlet of the 2™ stage was then
connected to the inlet of the PDMS microfluidic channel and the outlet of the channel further connected to
a flow sensor (LG-16, Sensirion AG., Stifa, Switzerland). Tygon microtubings (2-mm ID, 5-cm length)
were used to connect these components.

4.4.4. Verification of required flow rates to deliver both modes

To ensure the flow rates delivered to the culture platform can provide the two modes of perfusion, we
deliver 60 and 600 pl/hr using a syringe pump to PDMS microchannels with dimensions of 60 um x 200
um x 5 mm. We would perform LIVE/DEAD stain (Thermo Fisher Scientific, Waltham, MA, USA) to
assess cell viabilit. Labeled cells were imaged using an Olympus IX-81 fluorescence microscope with
CellSens software (Olympus, Tokyo, Japan) with constant image capture settings across the experimental

sets.

4.5 Results and takeaways

a) Fabrication and leakage test

The device is fabricated via the fabrication step as mentioned in the fabrication process. The system
assembly can be described in two steps as shown below in Figure 4.3 and Figure 4.4.

The first part of the fabrication included parylene-c coating of all 3D-printed components. This
step is performed using SCS coating (SCS Coating Systems, Indianapolis, IN, USA) with 1 gram of

parylene dimer with vapor pressure of 30 mTorr.
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Figure 4.3 The first part of the fabrication process. (a) The 3D-printed air tank with a commercially
available balloon. (b) The 1% stage pressure-regulator is has a R1 size natural rubber O-ring as the poppet
valve sealing component. A R14 O-ring is fit in the groove for sealing the air tank/ media reservoir. (c) The
first part of the system is fabricated by threading the 1% stage pressure regulator to the air tank with the
balloon’s outlet connected to the poppet valve. A sport ball valve is fit to the design of the 3D printed air
tank to enable a refillable design.

A commercial balloon is fit into the 3D printed air tank with its outlet facing outwards. A R-1 size O-ring
is fit into the poppet valve of the 1% stage pressure regulator. A R-14 O-ring is epoxy glued to the groove
designed in the 1* stage pressure regulator for sealing purposes. The 1* stage pressure regulator is threaded
onto the 3D-printed air tank with the balloon’s outlet covering the poppet valve. A sport ball valve is fit

into the refill port of the 3D-printed air tank for venting and pressurizing.

The leakage test of the air tank would be performed in a setting similar to this step, but without the R-1
poppet valve O-ring and the balloon. The outlet of the pressure regulator is connected to a pressure
calibrator (Fluke-717, Fluke, Everett, Washington, USA). The pressure was first supplied to the air tank via
the sport valve using a 18G syringe tip. The supplied pressure was controlled to be 200 kPa, using

ControlAir Type-90 pressure regulator along with the Dwyer-110 pressure gauge and the confirmation of
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the pressure calibrator. The syringe tip was pulled out after pressurizing. After 24 and 72 hours, the readings
were recorded. We performed the test on three different air tanks for three times, the recorded air tank
pressure was 197.1£1.2 kPa at 24-hr mark and 192.3+4.0 kPa at 72 hr mark. This suggested minimal

pressure loss for the sealed air tank.

2" stage
pressure
regulator

1st stage B Three-way
pressure. ¥ valve with
regulator | _ R |uer lock

Figure 4.4 The second part of the fabrication process. After the 1% stage pressure-regulator is completed, a
three-way valve with two luer lock female ends, and a luer male end is connected. The outlet of the 1* stage
pressure regulator is fit to one luer female. The other luer female is hanging for refill uses via syringes. The
luer male is fit to the fluid routing platform as the supplied pressurized source for the 2™ stage pressure
regulator. The 2™ stage pressure regulator is threaded onto the fluid routing platform. The outlet of the 2™
stage pressure regulator can be connected to desired fluidic stabilizing resistance to users’ desire.

The second part of the fabrication included fitting the 1% stage pressure regulator’s outlet to a leur female
end of a three-way valve. The other luer female is placed to be hanging vertically. This allows users to refill
working liquid into the balloon reservoir. The luer male end of the three-way valve is connected to the fluid

routing platform as the inlet for the 2™ stage pressure regulator. The 2™ stage pressure regulator followed
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a similar threading process onto the fluid routing platform. The outlet of the 2™ stage pressure regulator is

connected to a PDMS resistor/ or a coil of microtubing to the users’ preference.

b) Power-free pumping cycles of 24 hours

To realize a true stand-alone, power-free platform, we implemented an air tank/ liquid reservoir design that
incorporates a leak-free refill port and an outlet connected to the 1% stage of the regulator. Since the system
has a constrained pressure source during one pumping cycle, we seek to limit the total dispensed volume
of media by the end of a pumping cycle to avoid significant pressure decrease (which may result in
undesired flow rate drifts). This requires us to culture cells with smaller flow rates and thus smaller culture
channel dimensions.

¢) Supply pressure effect and dual-stage regulating

Since we have a constrained supply of pressure sources, we need to factor in the system’s supply pressure
effect on the delivering pressure and driven flow in this system. This effect stems from the force-balance
mechanism. P;,, thus F;;,, decrease due to liquid pumping over time, and F,,; increases to maintain the
balance. An increased F,,,; directly results in an increased P,,,; as the diaphragm area A; remains constant
(Fput = Pout - A4)- The supply pressure effect can be calculated by the ratio of the poppet area exposed to
the supply pressure and the pressure sensing diaphragm area exposed to the outlet pressure.

For instance, in the single-stage pressure regulator, the theoretical supply pressure effect is

— _ 2
(D)Area exposed to the supply pressure _ ()15 w =(-)14%. This suggests that when the supply pressure

Area exposed to the outlet pressure 421

drops by 100 kPa due to exhaust, the output rises by 14 kPa. For our targeted range of output pressure (<10
kPa for this application), this would lead to catastrophic pressure/flow control stability.

Several solutions can be implemented to alleviate this effect. One straightforward way to lessen the supply
pressure effect is simply by increasing the diaphragm area exposed to the outlet pressure. Due to the
constraints in the system footprint, we decide to not adopt this solution. Other options include cascading
multiple stages or creating a “balanced” poppet design (the poppet area originally exposed to the supply
pressure is exposed to the outlet pressure chamber through a built-in air channel). Because of the
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manufacturing difficulty of using stereolithography parts in a miniature device, the complex air channel
routing and specific sealing requirements over moving pistons make the balanced poppet design a difficult
task. Thus, we decided to insert an extra stage to create a dual-stage pressure regulator. Cascading two
stages with identical supply pressure effects would results in a new effective supply pressure effect of
(-)14%x%(-)14%, or ~2%.

The dual-stage pressure regulator uses the force-balance mechanism to reduce the higher pressure to a lower
controllable range of pressures. The 1% stage needs to be capable of receiving a much higher pressure (200
kPa) to be sufficient to drive liquid flows for 24 hours. Moreover, we need a normally open design for the
1% stage to guarantee a stable pressure supply for the 2™ stage. Thus, we introduce a different design in the
1* stage. We remove the cantilever springs in the inlet pressure chamber to make the device normally open.
Furthermore, instead of using polyimide the pressure sensing diaphragm material, we 3D-printed the
diaphragm, the connecting rod, and the poppet altogether with the outlet pressure chamber. To ensure the
poppet valve can provide necessary sealing during operation, we fit an O-ring to fit between the poppet
valve and the air channel of the outlet chamber. We look to optimize the fabrication process for the 2™
stage of the pressure regulator by replacing the commercial bolt/nut pair with 3D-printed threads. Moreover,
we add a boss plate with a stainless-steel ball bearing to ensure that the pressure tuning process stays smooth.

d) Air tank/ liquid reservoir validation

In this section, we investigate the supply pressure effect on the stability of the flow delivering pressure to
layout the design requirements of the air tank.

The supply pressure effect on the fluidic driving pressure can be summarized as the following equation.

P;(t) = P;(0) + SPE * AP;gnik (Equation 4.2)
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Where P;(t) is the driving pressure at time t, P;(0) refers to the initial driving pressure set by the user,
SPE is the supply pressure effect, and APsgnx = (Prank (t) — Prank (0)), is the difference in the pressure of
the pressurized air tank over the pumping period t.

The total dispensed volume of cell media (V) is represented as the integration of real-time liquid flow rate
Q(7) over the pumping period t. The liquid flow rate by a differential pressure over a set fluidic resistance
can be described as a hydraulic analogy of Ohm’s law, Q(7) = P;(t) - R™1, where R is the resistance of
the stabilizing microfluidic resistor, where we assume its fluidic resistance stays constant throughout the
period. The relationship between dispensed cell media volume and fluidic driving pressure can be

interpreted as follows.

t ¢ 1t (Equation 4.3)
V() = Jo Q(r)dr = Jo Py(t) R ldr = EJO Py(7)dr
Since the highest pressure present in our system is 200 kPa gauge pressure and the air remains sealed in the
liquid reservoir, we implement Boyle’s law (pressure*volume = constant) to represent the states of the
pneumatic pressures involved in this system.
In this section, we assume:
1. The system includes the pressurized air tank, the air passage between the regulator and the liquid
reservoir, and the liquid in the microchannels.
2. All dispensed liquid is collected in an open container exposed to atmospheric pressure.
3. Boyle’s law stands in the air line and the liquid reservoir during the pumping period from 7 = 0 to
T=1
4. Negligible initial dead volume for pneumatic pressure in the system.
5. The incubator provides a constant temperature environment for the system.

Att=0 Attt =t
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Ptank (0) * Vtank + Pd (0) * Vd (0) Ptank (t) * Vtank + Pd (t) * Vd (t)

Ptank (0) * Vtank Ptank (t) * Vtank + Pd (t) * Vd (t)

= (Ptank (O) - Ptank (t)) * Vtank = Pd (t) * Vd (t)

= —APank * Viank = Pa (t) = Va (t) (Equation 4.4)

When we combine Equation 4.2 and Equation 4.4, we get

= —APank * Viank = (Pd (0) + SPE APtank) * Vg (t)

= _APtank * (Vtank + SPE * Vd(t)) = Pd(o) * Vd(t) (Equation 4.5)

For this dual-stage pressure regulator, the theoretical supply pressure effect is (+)2%, which indicates a
descending output pressure when the supply pressure to the regulator drops. To ensure the supply pressure
effect wouldn’t cause the fluidic driving pressures to drop out of the desired ranges, we start the culture
with fluid flow rates for both modes at their higher bounds of pressure ranges mode 2 at 10 kPa.

Here we investigate the flow rate and pressure requirements for different modes on the air tank volume.
Mode 1: Keep the device in perfusion over 24 hours

The minimum flow rate required to be delivered to device can be calculated via the equations covered in
Young’s work (Young 2010). ECT, or the effective culture time is linearly related to the height of the media
level h. Typically, for a 1.2 mm height of media results in 48 hours of effective culture time in culture flasks.
By scaling, this indicates the cell media in our culture channel (height of 50 pm) would provide a 2 hours
of effective culture time; suggesting that we should pump 12 full exchanges of cell culture media in the
channel per day. The total volume of the microchannel including the cored ports is 5 pL.. This means the

minimum flow rate has to be 60 pL/day, or 2.5 pL/hour or 42 nL/min.

82



Mode 2: Keep the wall shear stress at the cell culture channel between 5.5-16 dynes/cm?

The maximum dispensed volume over 24 hours at mode 2 would be pumping at 720 pl/hr at P; = 10 kPa
for our system, or a total dispensed volume (V;(24 h)) of 16.6 mL.

For design purposes, we substitute V;(t) with a maximum dispensed volume of 16.6 mL, and the driving
pressure at designated fluidic driving pressure P;(0) = 10 kPa. To stay in mode 2, P; (24 h) should not fall

under 4 kPa. Since the supply pressure effect constant of the dual-stage system is 2%, the system stays in

(Pq(24 hours)—P4(0))
SPE )

mode 2 as long as the tank pressure difference (AP;4,; ) over 24 hours remains under (

or (-)1.5 kPa/2% = (-)75 kPa. For a fail-safe design, we use P, (0) for the largest V-

We target the system to create two shear stress ranges of cell media flow in a cell culture microchannel -
one for proliferation and the other for alignment of cells. In this design, we look to demonstrate this
capability using HUVECs and the m-uSiM platform covered in Chapter 3. The two modes of flow rates
(1) sufficient flow for perfusion at minimum of 42 nL/min and (2) 5.5-16 dynes/cm’ shear stress range
mentioned in the literature to successfully form confluent cell monolayer and alignment of HUVECs after
24 hours of cell media flow, respectively (DeStefano 2017, Sinha 2016). The newly designed culture
channel featured dimensions of 50-um height, 200-um width, and 5-mm length. With these channel
dimensions, we would drive flow rates from 165 up to 720 uL/hr to deliver 5.5-16 dyne/ cm?* shear stress

range for mode 2.
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Figure 4.5 Mode 1 flow delivery: device flow rate started from 930 nL/min (or 1.29 dynes/cm” wall shear
stress) at 0-hr mark and ended at 400 nL/min (0.56 dynes/cm” wall shear stress) at 24-hr mark.

As shown above in Figure 4.5, we were able to keep the flow above from 930 down to 400 nL./min for the
entire 24 hours of delivery. This flow rate is sufficient to keep the cell growth while preventing the cells
from experiencing shear stress range that might causes cell alignment.

The device successfully delivered the flow range we are interested in over the 24-hour period, a typical

span where researchers observe the cell microenvironments.

» g Pre e (kPa 0
0 10 693.3+16.0
0.25 9.8 678.1£15.1
0.5 9.6 666.8+18.5
1 9.4 652.5+20.3
24 3.2 222.4+15.5

Table 4.2 Mode 2 delivery of the flow rate measured results in 693.3 uL/hr, which slowly decays to 222.4
puL/hr after 24 hours of pumping. This indicated the device could deliver shear stress from 7.4-23.1
dynes/cm? at the microchannel.
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In mode 2 of pumping, the system can deliver shear stress from 7.4-23.1 dynes/cm? fulfilling the
requirement of shear stress level from 5.5-16 dynes/cm?. The system can be refilled and re-pressurized with
ease; this allows users to deliver desired flow rates without further increasing the pressure level or air tank

volume of the system.

4.6 Conclusion

By introducing a two-stage uPR with a built-in, refillable air tank that also works as a liquid reservoir, we
have developed a microfluidic flow control platform that delivers a range of tunable and stable flow rates
within a portable system size. Our platform offers an accessible, stable, and power-free pressure control
scheme with customization opportunities, thanks to the increasing availability of hobbyist and commercial
3D printers.

In this system, the uPR is in direct contact with the working liquid. The inclusion of a built-in, refillable air
tank that also serves as a liquid reservoir adds to the portability and convenience of our platform, eliminating
the need for an external compressed air line. This air tank allows for continuous and stable flow rates over
extended periods, and its refillable nature ensures that the system can be easily maintained and adapted to
various experimental needs.

Ease of use is a significant advantage of our platform. 3D-printed structures are prone to dimensional errors,
especially for small device features, making the calibration of the uPR’s outlet pressure device-specific.
Once calibrated, the relationship between control knob positions and outlet pressures can be used to achieve
the desired outlet pressure. The pPR’s direct contact with the fluid allows for seamless integration into cell
culture systems. The compact and easy setup of the pPR-based microfluidic flow control platform provides
manual control of AP based on calibration. Since the flow control platform relies on the pressure drop to
drive the required flow rates, backpressure regulators may be added to the end of the microfluidic network

for applications with potential backflow issues. For additional functionalities, we can automate the knob
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control process by incorporating stepper motors, unlocking advanced functions such as pulsed and
controlled ramp flows.

Our pPR-based system is designed with user-friendliness in mind, particularly focusing on the ease of
refilling and transferring the device in and out of a cell culture incubator. This feature makes it easy to
periodically observe cultures under optical microscopy without significant disruption. In this work, we were
able to maintain a constant flow rate of media to a culture platform, creating a viable environment for
HUVECs compared to a no-flow situation. Unlike syringe pumps and commercial pneumatic solutions, the
small footprint, built-in air tank, and minimal peripheral equipment requirements of the uPR-based system
allow it to be easily moved in and out of a cell culture incubator. This ease of use makes it an attractive
option for researchers looking for reliable and flexible microfluidic flow control, with the added benefit of

straightforward maintenance and adaptability.
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Chapter 5

Contribution and Future Directions for the All-in-One

Stand-Alone Microfluidic Cell Culture Platform

5.1 Introduction and Major Contribution of this Thesis

The introduced microfluidic cell culture flow control system allows us to demonstrate continuous cell media
delivery to the cellular microenvironment. The devices are compact and portable, making them easy to
transfer in and out of the incubator to periodically observe under optical microscope. Moreover, the devices
do not require excess electric wiring or pneumatic compressed air lines that need to be connected through
the incubators. The system introduced in this thesis enable an accessible device, ready for collaboration
with different laboratories and researchers. The system featured an easy-to-fabricate microvalve, and a
pumping system consisted of 3D-printed components via a widely deployed commercial SLA 3D printed.
This enables the accessibility of the system, allowing users from different labs to conveniently fabricate,
assemble, and customize their design. Despite the great advantages of this all-in-one, stand-alone
microfluidic cell culture platform, there is still room for further work and improvement. Here, we explore
several potential improvements via the following categories to enhance the functionality, precision, and

efficiency of battery-less, stand-alone microfluidic cell culture platforms.

5.2 Increase the pumping period for high shear environment

The battery-less system was capable of continuous delivery of cell media to the designated cell culture
microenvironment. The refillable pressurized air tank is the key driving source of the fluid flow delivery.
However, due to the exhaust of the air during the pumping process, the pressurized air tank inevitably
encounters pressure drop when we set the device in long term cell culture applications. A few design

optimizations may be incorporated to solve this issue. For instance, since current system consists of 3D-
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printed components with SLA process, we printed the diaphragms larger to ensure the pressure regulating
ratio match our expectation. Moreover, we reserved extra tolerance during device printing to prevent
undesired geometrical failures, such as clogged airways or smaller diaphragm area than expected. This
conservative approach of fabrication enables a higher yield rate in the expense of dead volumes in different
components. These dead volumes require us to prime the devices with some care prior to use and contribute
to the faster exhaust in the pressure drop, thus flow rate decay.

To further minimize the supply pressure effect from the pressurized air tank, an extra stage of the pressure
regulator can be modularly connected. The current setup allowed us to cascade multiple pressure regulating
stages to the system. Although the response time of multi-stage pressure regulators increase accordingly to
the number of stages, we prefer to deliver a stable and continuous flow to the downstream applications over
the real-time pressure adjustment capability shown in Chapter 3.

Another design modification that we may incorporate is to increase the supply pressure in the pressurized
air tank. With a higher supply pressure, the stand-alone system would be able to deliver a larger flow rate
for long-term cell culture without repressurizing the air tank. To realize this design change, we can look
toward a different material for the air tank and the first stage pressure regulator. For instance, additive
manufacturing featuring titanium via selective laser melting process has been used to create pressure vessels

that can withstand 1.03 MPa [148].

5.3 Minimize manual intervention

One way to minimize manual intervention is to realize the aforementioned improvement — prolonging the
pumping period without refilling/ repressurizing the air tank. A pre-pressurized liquid cartridge with a one-
time valve design can also enhance the refill process. This allows users to conveniently discard and restart
pumping without refilling via a syringe and a corresponding tip. This reduces the need for manual

intervention, minimizes the risk of human error, and ensures consistent experimental conditions.
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5.4 Scalability and Modular Design

We have been working on the device to make them modular and scalable, however there is still room for
improvements. Currently, our modular components are 3D-printed with specific interconnect designs. We
would investigate the possibility of incorporating commercial interconnects with more universal
specifications. Furthermore, maintaining flexibility of the interconnects enable an easier routing of the
downstream microfluidic network via plug-and-play of multi-way connectors/ splitters, rather than
developing a design-specific microfluidic network with complicated channel routings. By keeping the
design specifications aligned with commercially available products, the system can be easily replaced or
upgraded, allowing researchers to focus on customizing the biomedical aspects of the platform for specific
applications. Scalability ensures that the platform can accommodate different cell types and culture

conditions, making it a valuable tool for a wide range of biological and biomedical studies.

5.5 Microfluidic network at downstream

Enhancing the design of the microfluidic channel networks and components can improve the efficiency and
functionality of the platform. By optimizing the geometry and carefully investigate the flow routing, we
can design a more complex downstream microchannel network that feature multiple cell culture
microenvironments [ 149]. Such systems, referred as multi-organ-on-chips, provide a framework investigate
how one microenvironment would interact to another (or more) [150], [151], [152]. Organs-on-chips (OoCs)
are systems that contain miniature tissues or cell layers grown inside microfluidic chips. Combining
advances in tissue engineering and microfabrication, OoCs have gained interest as a next-generation
experimental platform to investigate human pathophysiology and the effect of therapeutics in the body.
These systems are developed to study human physiology with specific controlled microenvironments, such
as blood-tendon-on-chip[153], lung-on-chip [154], kidney-on-chip[155], and blood-brain-barrier-on-
chip[156], [157], [158], [159], [160]. Tissues or cell layers grown in the chips later investigated on their

reaction to different stimuli, such as inflammatory factors. To better mimic human physiology, the chips
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are designed to control cell microenvironments and maintain tissue-specific functions. This accessible

microfluidic cell culture platform with expansion capabilities would be beneficial for the field.

5.6 Conclusion

In conclusion, several improvements can be made to battery-less, stand-alone microfluidic cell culture
platforms to enhance their functionality, efficiency, and usability. Using a less dead volume design,
increasing the initial pumping pressure, optimizing the scalable/ modular microfluidic design, and
incorporating a more complicated microfluidic network are key strategies to achieve these goals. These
advancements will not only extend the operational lifespan of the platforms but also broaden their
applications in various research fields, ultimately contributing to significant advancements in cell culture

technology.
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