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ABSTRACT

Over the last few decades, stereolithography has emerged as a leading additive
manufacturing technique. More recently, a high-resolution (sub-micron) variant, direct
laser writing (DLW) via two-photon polymerization (TPP), has become available. This
advanced fabrication technique can be used to produce complex 3D microstructures
out of polymer-based materials ranging from hydrogels to standard photoresists. It is a
powerful prototyping method that enables researchers to iterate through many di erent
designs that would otherwise be challenging to make using any other fabrication method.
DLW is a particularly attractive approach for producing structures that can be used
in tissue engineering studies because it provides the necessary resolution to explore
the complicated relationships between cells and their surroundings. The structure of
the cellular microenvironment is a critical component of healthy tissue function, but
fabrication limitations often constrain researchers in their ability to study it with a
high degree of design control.

The use of DLW to produce testbeds for fundamental cell studies is presented.
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Important considerations for fabricating testbed structures, such as interfacing between
di erent materials and printing substrates, are addressed. Methods to introduce
softness in structures made from intrinsically sti materials are explored through
incorporation of unique design features and variable fabrication parameters. To test the
e cacy of using DLW in cell studies, devices are fabricated for monitoring endothelial
cell migration over topographically complex surfaces. Finally, a micro uidic-based

platform for studying cardiomyocyte behavior is designed and tested.
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Chapter 1

Introduction

1.1 Motivation

Scientists have known for decades that the extracellular matrix (ECM) plays a critical
role in properties such as cell migration, cell communication and tissue structure.
The ECM is regarded as a highly adaptable 3D network that is capable of signi cant
remodeling with changes in environmental factors such as mechanical or biochemical
cues (Hutchinson et al., 2010). Understanding how cells interact with their in vivo
micro-environment and how this translates to in vitro culture is crucial in improving
experimental relevance and furthering our knowledge on fundamental biological pro-
cesses (Garc a et al., 1999; Lv et al., 2010; Engler et al., 2006). This understanding
would help the scienti ¢ community model physiological conditions related to tissue
mechanical failure, such as aneurysm or brosis. It has been shown that by allowing
cells to interact with their environment and with other cells in 3D, a variety of bio-
chemical pathways can be activated that are not present in traditional 2D culture
(Chen et al., 2011). Addressing these complex 3D cues in sca old systems has proven
to be challenging. To date, most in vitro studies are performed in 2D setups (i.e., cells
grown on at substrates) or in extremely limited 3D setups (i.e., hydrogel encapsulated
cells with de ned sti ness but no speci ¢ microstructure). Furthermore, implementing
mechanical control in a complex 3D microenvironment is another hurdle for device
design, and many existing 2D mechanical test systems are formatted for mechanical

stretch along just one axis. With continuously emerging research emphasizing the



signi cance of microenvironment and mechanical forces on cell growth, there is a need
to develop technology that allows researchers to study tissue culture in biologically
relevant 3D micro-mechanical environments. However, fabrication limitations often
constrain researchers in their ability to study it with a high degree of design control.

A common method for fabricating devices to study cellular interactions within
the range of 1 m to 1 cm is standard photolithography. This technique generally
involves rst making a mask, then using this mask to selectively expose a uniform
layer of photoresist which results in 2D or 2.5D (if multiple fabrication steps are
performed) microstructures. This technique is not suitable for rapid iteration of
di erent microstructure designs as the user would need to make a new mask every
time they wanted to try out a new structure, and it does not provide the spatial
control necessary for generating truly 3D sca olds. An alternative fabrication method
that enables 3D structural control called stereolithography has emerged over the last
few decades as a leading additive manufacturing technique, but it has limitations in
terms of resolution. More recently, a high-resolution (sub-micron) variant, direct laser
writing (DLW) via two-photon polymerization (TPP), has become available. This
advanced fabrication technique can be used to produce arbitrary 3D microstructures
out of polymer-based materials ranging from hydrogels to standard photoresists. It
operates by focusing a laser into a droplet of photosensitive material and initiating a
TPP reaction at this focal point, which results in an ovoid-shaped solid. By moving
the focal spot around within the volume of photoresist, complex 3D structures can be
realized. An example of such a structure is shown in Figure 1 1. DLW is a powerful
prototyping method that enables researchers to iterate through many di erent designs
that would otherwise be challenging to make using any other fabrication method. It
is a particularly attractive approach for producing structures that can be used in

tissue engineering studies because it provides the necessary resolution to explore the



Figure 1 1: Scanning electron microscope images of (a) a pentamode
3D structure and (b) a zoomed in view. The structure was fabricated
with the Nanoscribe printer. Scale barsare 20 mand 1 m respectively.

complicated relationships between cells and their surroundings. The feasibility of using
DLW to produce cell sca olds has already been demonstrated by several groups of
researchers. Examples include 3D sca olds composed of exible beams for measuring
cell force from beam de ection (Klein et al., 2010), 3D cages with varying pore sizes
to study cancer cell migration (Spagnolo et al., 2015), and sca olds with select cell
adhesion sites to further enhance the ability to control a cell’s structural and chemical
surroundings (Scheiwe et al., 2015; Klein et al., 2011). Continuing to develop the
DLW toolbox speci cally for engineering the cellular microenvironment is desirable.
This dissertation presents the development of a DLW toolbox to generate testbeds
for fundamental cell studies. Important considerations for fabricating testbed struc-
tures, such as interfacing between di erent materials, are discussed. The materials
that are typically used with DLW are mechanically characterized and unique design
features are explored as a means of introducing softness into structures made from
intrinsically sti materials. Two tissue engineering studies are also presented. DLW
devices are fabricated for monitoring endothelial cell migration over topographically

complex surfaces, as shown in Figure 1 2. Finally, a micro uidic-based platform for



Figure 1 2: Colorized scanning electron microscope (SEM) image of
xed human umbilical vein endothelial cells (HUVECSs, shown in blue)
migrating over a DLW-printed curved surface. Scale bar 10 m.

studying cardiomyocyte behavior is designed and tested.

1.2 Overview

This document is organized as follows. Chapter 2 provides background information
relevant to the rest of the dissertation. This includes the fundamentals of direct
laser writing (DLW) and two photon polymerization, an overview of DLW materials,
and uses for this technique (more speci cally, how it has been implemented in tissue
engineering studies). Chapter 3 presents advances in technology relating to DLW
materials, microstructure mechanical characterization, and methods to introduce
softness through design parameters. Chapter 4 presents a demonstration of how
DLW printing can be used to study cell migration over various topographical surfaces.

Chapter 5 investigates the use of a micro uidic-based experimental platform enabled



by DLW for sensing and applying mechanical forces to cardiac microtissues. Chapter
6 summarizes the work and discusses how the technologies and methods developed
in this dissertation can contribute to future collaborative research e orts between

engineering disciplines.



Chapter 2

Background

2.1 Direct Laser Writing

The emergence of 3D printing in the last decade has revolutionized prototyping
capabilities across a multitude of industries, where users can go from idea to prototype
in less than a day. The two most common 3D printing technologies are extrusion-based
fused deposition modeling (FDM) and stereolithography (SL). In FDM printing, a
polymer is extruded through a nozzle which is moved along a pre-programmed 3D
path to eventually form a part. SL printers rely on the single-photon polymerization
process, where a chemical reaction is caused by UV light exposure. A thin layer of
photosensitive liquid (photoresist) is exposed to a light source in programmed areas
of a grid and the exposed resist polymerizes to form a solid. This exposed region is
then covered with more liquid resist and the process is repeated until a full part is
formed. The resolution in the x-y plane is about 100 m for SL printers due to spot
size limitations and roughly 250 microns for FDM printers which are limited by plastic

ow dynamics. For applications that require even higher resolution than FDM and
SL systems can provide, a 3D printing method known as direct laser writing (DLW)
is available. DLW has been growing in popularity since it was rst reported back in
1997 (Maruo et al., 1997). Commercial DLW systems such as the Nanoscribe Photonic
Professional GT, which was used to complete work in this dissertation, are capable
of resolutions down to 200 nm in the x-y plane and 600 nm along the z axis. DLW

is not limited to the planar exposures of standard lithography methods and enables



photoresist exposure in select regions of a 3D space. Although traditional lithography
can be used to fabricate 2.5D microstructures by stacking layers, limitations in design
and material choices of this layer-by-layer-based approach make it unsuitable for
fabricating spatially complex 3D microstructures. DLW systems allow high speed
printing of sub-micron resolution structures that would otherwise be impossible to
fabricate via standard deposition and etching processes. This technique is useful for
prototyping cell sca olds, optical components, and other parts that might require
microscale features. Information follows on the photochemical process behind DLW,
details about the speci ¢ DLW system and materials used in this dissertation, and on

the current applications and bene ts of DLW technology.

2.1.1 Two-photon Absorption and Polymerization

DLW operates by focusing a pulsed femto-second laser into a volume of negative
photoresist. Photoresists are typically composed of a monomer or oligomer which will
make up the nal polymeric material and a light-sensitive molecule that is capable
of absorbing photons at the desired wavelength. The absorbing molecule is called a
photoinitiator, as it uses the newly absorbed energy to initiate the polymerization
reaction to link together neighboring monomer molecules to form a polymer. In DLW,
the photoinitiator undergoes a nonlinear optical process called two-photon absorption
(TPA) in which two photons are simultaneously absorbed, exciting it from ground
state to a higher energy state. In contrast, standard photolithography and SL rely
on single-photon absorption (SPA) events to initiate polymerization. The SPA and
TPA coe cients ( and respectively) are related via equation 2.1, where 1 is laser
intensity and z is sample length (Ma et al., 2015). For a TPA event, is equal to

zero and can be solved using equation 2.2.

(2.1)
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Itp A Is the laser intensity in the sample at the focal plane of the objective where TPA
occurs and lg is the laser intensity before entering the sample. Itp can be measured
experimentally. The two-photon cross section, , can be calculated using , Planck’s

constant ~, frequency , Avogadro’s constant N, and photoinitiator concentration c:

Il
‘I

(2.3)

Z

AC

describes how well a photoinitiator is able to absorb photons via TPA and has the
units of GM (1 GM = 10 m*s/photon), named after the physicist Maria Goeppert-
Mayer who rst hypothesized TPA in 1931 (Ma et al., 2015; Xing et al., 2015). TPA
cross sections have been experimentally determined for a wide range of common
photoinitiators used in TPP processes (Schafer et al., 2004; Xing et al., 2015).

Once TPA occurs, there are several pathways that the newly excited photoinitiator
can take (detailed in Figure 2 1). A successful photoinitiator will have su cient
preference toward the pathway which leads to reaction with a monomer. The molecule’s
ability to form a radical after TPA is described as radical quantum yield, . Once a
photoinitiator reacts with a monomer, this monomer can either react with another
monomer to propogate the reaction and create a polymer chain, react with an another
radical or undergo a side reaction that halts the polymerization (termination step).
The polymerization reaction that results from a TPA event is known as a two-photon
polymerization (TPP) reaction, and it only occurs within the laser focal spot where the
highest photon ux can be encountered. TPP results in the formation of a volumetric
pixel (voxel) that appears as an ovoid stretched in the vertical (z) direction. The
voxel represents the smallest 3D element that can be produced in a photolithographic
process, and is regularly used to describe resolution.

When selecting materials to use with a two-photon DLW system, a general rule
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Photoinitiator Ground State Polymer

Figure 2 1: Diagram displaying photoinitiator excitation via TPP
and the various reaction pathways that can take place after excitation.
Adapted from (Wu et al., 2006).

of thumb is that the resist must be transparent at the system’s laser operating
wavelength but absorb at half this wavelength. Many commercially available resists
are already optimized for absorption near 350 nm (UV) for standard photolithography
processes, which is close to the desired absorption wavelength of 390 nm for the
Nanoscribe. However, one must take care to evaluate the optical properties of the
resist speci cally for our DLW system; if and/or are too low at 390 nm, structures
may only form with extremely slow printing speeds and relatively high intensities,
or no polymerization at all might occur. There is also the potential for radicals to
undergo other undesirable chemical reaction pathways depending on the photoresist
recipe (e.g. excited photoinitiator reacts with water or a reaction byproduct instead
of reacting with a monomer to propagate the TPP reaction). All of these factors
ultimately contribute to the photoresist polymerization threshold, or the minimum
intensity needed to build up a polymer network dense enough to form a voxel. For

optimized photoresists there is also a ceiling to the intensity that can be used that is
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described as the burning threshold. Above this threshold, the photoresist begins to
bubble and the high energy can damage already-polymerized material. Examples of
commercial negative photoresists that have su cient polymerization reaction e ciency
at 390 nm are IP-Dip (Nanoscribe Gmbh) and ORMOCOMP (MicroChem). TPP
reaction kinetics for other multifunctional acrylate monomers have been explored

(Mueller et al., 2014).

2.1.2 DLW Printing Process

Our DLW printer (Nanoscribe Photonic Professional GT) uses an inverted microscope
to focus a pulsed femtosecond ber laser with center wavelength of 780 nm, repetition
rate of 80 MHz and pulse duration between 100 and 200 fs. In order to achieve
an intensity high enough to satisfy the photon ux requirements for TPA without
generating too much heat in the photoresist, pulsed lasers are used. By moving the laser
focal spot around in the liquid photoresist and selectively inducing TPA-TPP, complex
3D constructs can be fabricated. Users can control how tightly focused the laser is by
switching between microscope objectives. Two of the most commonly used microscope
objectives in our lab for printing are a 63x (NA=1.4) oil immersion objective and a 25x
(NA=0.8) immersion objective with a corrective collar for immersion in materials with
refractive indices ranging from that of water (1.0) to oil (1.7). Average power, Payg,
was measured after each objective at 1.0 power scaling, 100 percent laser power and
found to be 50 mW for the 63x objective and 70 mW for the 25x objective. Each of
these objectives produce structures with di erent resolutions as the focal spot volume
varies between them. The xy-plane and z-axis resolutions with the 63x objective are
200 nm and 600 nm respectively, and for the 25x objective these values are 500 nm
and 1500 nm respectively. It is important to note that resolution is dependent on
photoresist, and although these limits can be achieved with highly e cient resists such

as IP-Dip (Nanoscribe), not all resists will exhibit resolution in the nanometer range.
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The working distance of 370 m for both 63x and 25x objectives enables printing in
two con gurations. The rst con guration uses the photoresist as the immersion liquid
and is known as dip-in laser lithography (DiLL, Figure 2 2(a)). Typically, a substrate
is selected and a droplet of photoresist is placed on the substrate surface and oriented
so the photoresist points downward. The objective is raised to dip into the photoresist
and the surface of the substrate is located automatically using a built-in detection
system so that the printed structure has a point of attachment. The 25x objective is
better suited for this method since it has the corrective collar which can be adjusted
for the refractive index (RI) of the photoresist being used. The second con guration
uses oil as an immersion liquid, and the laser is focused through the oil and a piece of
coverglass ( 150 m thickness) into a photoresist (Figure 2 2(b)). This setup is useful
for when the photoresist might contain particulates such as nanotubes which could be
di cult to clean o or solvents that might damage the objective if placed in direct
contact as with DiLL mode. One downside to oil mode is that structures are printed
in the upward direction and, with each new z-slice, the laser takes a path through
already-polymerized material that might absorb some of the energy, thus reducing the
energy at the focal plane. This occasionally necessitates some sort of power scaling
procedure so that power will incrementally increase as z-height increases (hence, as
the laser is traveling through more polymerized material) to make up for power loss.
DiLL mode enables structure height to be as tall as desired before the photoresist
meniscus between the substrate and lens breaks (several millimeters), whereas oil
mode only allows for structures with heights up to 150 m for printing on standard
cover glass (working distance minus the glass thickness and safety threshold). DiLL
mode is the method of printing for all projects discussed in this document unless
otherwise mentioned.

Structure design les are created using a 3D CAD program such as Solidworks
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Figure 2 2: Schematic that displays two of the printing modes of
the Nanoscribe system. (a) DiLL mode, where the objective is dipped
directly into the photoresist and (b) oil mode, where the lens is dipped
in immersion oil and the laser is focused through the substrate into
photoresist on the top side. The black dot represents the region where

TPP will occur.
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Figure 2 3: SEM images of the same 3D part with 1.5 m slicing and
0.75 m hatching values (left) and 0.4 m slicing, 0.25 m hatching
values (right). Voxel lines are clearly visible in the structure produced
with higher slicing and hatching values compared to the more nely
hatched/sliced structure on the right. Scale bar is 10 m.

or Blender. User-controlled system parameters must be optimized for each structure
printed and its material. Selecting an appropriate laser path for your structure is not
arbitrary. One part of choosing the laser path is setting structure hatching and slicing
distances, which designate the voxel spacing in the xy-plane and spacing between
layers in the z-direction, respectively. Depending on the photoresist and objective,
these values can typically range anywhere from 0.1 to 1.5 m for hatching and 0.1 to 5

m for slicing. The photoresist properties like resolution and expected proximity e ect,
or the tendency of the photoresist to Il in gaps between closely spaced structures, are
also important in determining proper hatching and slicing values. Figure 2 3 displays
two SEM images from a printing test with varied hatching and slicing values. Users
have the option to print parts with voxel lines rastering along a designated axis, or to
print parts in \contour mode where the laser path follows the outline of the object
and circles inward until the z layer is complete.

The laser path you select depends on the speed with which you plan to print
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Figure 2 4: Plots showing the time needed to print a 150 x 150 x
100 m box in both contour and hatched-line modes at various speeds
set by the user. At some point, the acceleration and deceleration of
the galvo-scanning mirrors limit the printing speed regardless of preset
speed values. The maximum print speed that can be attained depends
on the geometry of the structure.

and the set laser power. Faster speeds result in lower power density, which might
require adjusting the hatch/slice parameters to get smooth surface structures. On
the other hand, if a part is too tightly hatched/sliced and slower speeds are used,
bubbles will form from overexposure. The Nanoscribe includes a 3-axis piezo stage for
high-precision motion (at the sample) as well as an xy-galvometric scanning mirror
(upstream of the sample and lens) which can be used to quickly drive the beam. Most
DLW printing of structures larger than 20 m in total size are printed using the
galvo-scanning mirrors to drive the beam in the xy-plane and the z-axis piezo to drive
the sample holder up and down. This is because the galvo-scanning mirror can move
much faster than the piezo stage with speed upper limits of approximately 10 cm/s
for the galvo mirror versus 300 m/s for the piezo. The printer also has linear drives
for larger motion, but these drives are not usually used during printing due to lack
of precision. To determine the upper limits of our printer in terms of galvo-scanning

speed, a series of 150 x 150 x 100 m boxes were printed using di erent speeds and
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Figure 2 5: SEM images of a 20 m cube printed in Ormocomp with
constant hatching and slicing values but varied power and scan speeds.
Power is increasing from left to right (50 to 80 percent), and scan speed
is increasing from bottom to top (10 to 20 mm/s). Scale bar is 20 m.
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the time needed to print each structure was recorded (Figure 2 5). The maximum
speed our printer can reach before the actual speed is lower than the set speed is 130
mm/s for the 25x and 40 mm/s for the 63x. Laser power is just as important as scan
speed and laser path in nal structure quality. Figure 2 4 displays a power and scan
speed test for a particular structure. Signi cant structural variations can be observed
with di erent parameter values even though the same laser path is taken for each. In
literature there are several common ways to describe the system laser power, the most
common notations being average power and peak intensity. Average power is the peak
power of the laser multiplied by the duty factor and has been measured for our system.
Peak intensity is the peak power per unit area. To convert units from average power
to peak intensity, average power (Payg) must rst be converted to peak power (Ppeax)

using laser repetition rate (r.,) and pulse duration (t,uise) as shown in equation 2.4.

P
Ppeak = & (2 .4)
r-reptpulse

From here, peak intensity (Ipeax) Can be calculated from equation 2.5 using peak
power and spot size radius, r = 0:61 =NA, where is equal to the laser operating

wavelength:

2P
lpeak = eFak (2.5)

With so many parameters to consider when constructing a DLW part, careful
optimization is necessary. Laser path, scan speed and laser power are primary factors
in determining part quality. In addition to customizing these parameters for each part

design, they must also be adjusted for the photoresist being used.
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2.1.3 Advantages and Disadvantages of DLW

The recent availability of commercial 3D direct laser writing (DLW) systems has
enabled researchers to explore ultralight high-strength materials, interactions between
cells and their structural microenvironment, and complex 3D photonic structures
(Meza and Greer, 2014; Montemayor et al., 2014; Jang et al., 2013; Bauer et al., 2014,
Spagnolo et al., 2015; Torgersen et al., 2013; Deubel et al., 2004; Gissibl et al., 2016).
The most powerful bene t to this approach is that the user can go from a design to a
usable part in less than a day, where most fabrication methods with this resolution
can take weeks to produce a similar structure. Furthermore, no lithography masks
are required, structures are produced in a single fabrication step, and making small
changes to a design le is relatively easy. On the other hand, DLW is not suited for
mass production. While several groups have suggested the possibility of DLW scale-up
through beam splitting or including multiple lasers, DLW printing is very much a
prototyping tool that enables users to quickly iterate through di erent part designs.
We have found that using DLW structures as a mold for other materials can be a
useful alternative for repeatedly printing the same microstructure and/or fabricating
parts with materials that are incompatible with DLW. More details on the molding
procedure are discussed in Chapter 5. Using DLW as a tool to study fundamental cell
behavior will hopefully give insight on which features within the microenvironment

are important to replicate when scaling up for macroscopic tissue studies.

2.2 Engineering the Cellular Microenvironment

2.2.1 DLW in Cell Studies

Controlling the 3D environment is necessary to improve the physiological relevance
of in vitro cell studies. Only in the last decade has DLW been developed to the

point that it can be used in tissue engineering studies. Since then, DLW sca olds are
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most commonly used to study cell migration. For example, Greiner et al. fabricated
polymer woodpile-like structures with beam spacing ranging from 2 to 10 m and
studied broblast and epithelial cell invasion into these structures. By printing on
a porous substrate, a chemical gradient could be applied across the thickness of the
structure to encourage migration (Greiner et al., 2014). Similarly, Spagnolo et al.
studied the invasion of non-tumorigenic and tumorigenic human breast cancer cells
through 3D cage-like structures as a more e ective method of screening for metastatic
cancer (Spagnolo et al., 2015). The same group went on to further characterize these
cages and found that not only does pore size matter, but local cage sti ness plays a
signi cant role in the cell’s ability to deform the structure and squeeze through the
pores (Lemma et al., 2017). Olsen et al. observed behavioral di erences in dendritic
cell migration through woodpile structures (Olsen, 2013). In Chapter 4, our work to
characterize endothelial cell migration over curved topographies and how it di ers
from frequently studied square wave topographies is described (Cheng et al., 2019).

Researchers have used DLW to examine behavior beyond cell migration in physically
complex 3D environments. It has been shown that properties such as cellular and
nuclear volume can be impacted by the 3D environment; both cellular and nuclear
volumes increased in broblasts cultured on 3D DLW structures, whereas epithelial
cells cultured in a similar 3D environment exhibited no change in volume compared
to 2D culture (Greiner et al., 2015). Hohmann and Freymann studied the in uence of
3D topographies on the proliferation of osteoblast-like cells on 3D structures coated
with titanium dioxide for better comparison to implant materials. They observed a
170 percent increase in proliferation compared to unstructured surfaces (Hohmann
and Von Freymann, 2014).

In addition to physical cues, 3D DLW sca olds with integrated biochemical cues

have been explored. Klein et al. fabricated a cell sca old with selective adhesion
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sites using two di erent photosensitive materials. Sca olds were rst printed using a
protein-repellent material, then a second printing step was used to add protein-adhesive
sites to the existing sca old. The microstructure was soaked in bronectin, seeded with

broblasts, and stained for paxillin to quantify cell binding on the protein-adhesive
portion of the sca old (Klein et al., 2011). In a later publication, the same group
presented a similar method to functionalize a sca old with two unique protein binding
sites by adding a biotinylation step prior to the bronectin incubation (Richter et al.,
2017). Others have used this technique to study broblast shape as a function of
sca old mechanics (Brand et al., 2017). More work must be done to improve the
fabrication time and output of these structures with integrated biochemical cues,
and to enable the patterning of these 3D sca olds using materials outside of those
compatible with DLW.

Although considerable e ort has gone into understanding the mechanical interac-
tions between cells and their micro-environment outside of the realm of DLW-printed
sca olds, scientists are limited by the lack of test systems that realistically represent
the complex, 3D and dynamic nature of in vivo cell-ECM interactions. Some re-
searchers have attempted to tackle this challenge using DLW technology. For example,
a deformable sca old for cardiomyocyte growth was constructed and characteristic
contractile forces exerted by the cells onto the structure were observed and quanti ed
(Klein et al., 2010). Combining the concept of a deformable sca old with selective
adhesion sites, Scheiwe et al. designed single cell sca olds and investigated the e ects
of static and periodic stretching on broblast morphology (Scheiwe et al., 2015). Six
pillars with cell-adhesive sites positioned near the top were radially oriented to form a
hexagon shape (10 m spacing between pillars with sca old diameter 25 m). A
micromanipulator probe was used to displace one of the pillars for 15 minutes using

either periodic or static stretching, and signi cant remodeling of both cytoskeletal
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actin and cell matrix adhesions was observed compared to control studies. While this
group e ectively demonstrated the importance of mechanical stretch and selective ad-
hesion on cell morphology, displacement using micromanipulator probe is not optimal
for long-term pacing and manual probe positiong may lead to substantial variability
between tests. Optical imaging was used to track displacement, which also limits the
amount of data that can be collected during the stretching tests. In Chapter 5, we
present a method to electrically sense and actuate iPSC-derived cardiomyocytes in a

DLW-fabricated testbed.

2.2.2 Material Considerations

Cell behavior is greatly in uenced by choice of material. Cell culture on photoresist
materials have been reported in literature, and cell growth on IP-Dip (coated and
uncoated in bronectin) and polyethylene diacrylate (PEG-DA) coated in bronectin
has been tested in our lab (Klein et al., 2011; Klein et al., 2010; Spagnolo et al.,
2015). Many photoresists are extremely toxic in their liquid state so it is important to
make sure that the structure is fully cured and any residual photoresist and solvents
are rinsed away prior to contact with cells. In addition to concerns about toxicity,
polymerized photoresists are typically much sti er than substrates that cells \like" to
grow on. Biologically relevant sti nesses for soft tissue are in the range of 5 to 50 kPa
whereas commercial photoresist sti nesses after exposure are typically in the range of
0.8 to 2 GPa. For these reasons, considerable e ort has gone into the development of
less toxic hydrogel photoresists and water soluble photoinitiators. Adding water to a
polymerization reaction system can signi cantly alter reaction chemistry, speci cally
reaction rates and e ciency. Once photo-induced radicals enter the system, they can
\choose" to react with monomers to continue the polymerization process, or with water
molecules which release gas and terminate further propagation (discussed in section

2.1.1). When radicals react with water molecules, more energy must be added to the
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system to attain the same degree of polymerization as the non-aqueous system. To
increase energy dosage at the focal spot, laser writing speeds can be decreased and
power can be increased. There is a point where writing speeds are too slow to be
useful. Another concern for both aqueous and non-aqueous photoresists, especially
when considering the high spatial resolution that may be needed, is how much the
polymerized material will swell and how this swelling will impact structure function.
Swelling may cause undesirable stress within the structure and the material may
become sti er; however swelling could also provide an advantageous increase in matrix
elasticity. An alternative to printing with hydrogel materials is to print structures with
highly e cient photoresists that have engineered softness through design. Further

information on this is provided in Chapter 3.
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Chapter 3

Technology Development

This chapter focuses on the development of various printing protocols and methods
for DLW structure fabrication that may be useful for tissue engineering applications.
Di erent photoresists and printing surfaces are explored and a method to mechanically
characterize complex 3D microstructures has been developed. Intelligent structure
design for producing biologically-relevant microstructures is also discussed. Some of
this work (Section 3.1.3) was done in collaboration with Dr. Jeremy Reeves of Prof.
David Bishop’s group at Boston University. Dr. Reeves designed MEMS devices and

performed stencil lithography for patterning metallic elements onto DLW structures.

3.1 DLW Printing Materials

3.1.1 Photoresists

With growing popularity of DLW printing in the research community, many di erent
photoresists have been developed for a wide range of applications. Although commercial
resists are well characterized (particularly those used in single photon processes), mixing
resists in house is a cost-e ective alternative that can allow for more customization.
Acrylated monomers are very common in TPP resists due to the wide diversity of
acrylated materials available. Two example oligomer molecules that contain acylate
moieties are displayed in Figure 3 1. The rst material is pentaerythritol triacrylate
(PETA). It is a main component of several commercially available TPP resists. The

second material is polyethylene glycol diacrylate (PEG-DA). Once crosslinked, PEG-
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DA forms a polyethylene glycol (PEG) network. PEG is a frequently used, FDA
certi ed, and highly modi able polymer. Once cured, both materials are biosafe. In
most cases, 2 to 5 weight percent photoinitiator is added to the monomer solution
{ the amount of photoinitiator is usually limited by solubility. Solubility of many
photoinitiators is further decreased in the presence of water, which can be problematic
when trying to generate resists with protein components for cell studies. As a result,
a whole eld dedicated to developing water-soluble initiators with high TPA cross
sections and radical quantum yields has emerged (Xing et al., 2015; Song et al., 2019).
In this dissertation, non-aqueous photoresists commonly encountered in literature
are used, such as commercial resists IP-S (Nanoscribe), IP-Dip (Nanoscribe) and
ORMOCOMP (Microchem) and in-house resists made from PETA and PEG-DA with
commercial photoinitiators Irgacure 819 (1819, BASF) and Irgacure 369 (1369, BASF).
In order to maintain fast print speeds and high resolutions, no aqueous photoresists
were selected. E orts were focused on engineering softness into the 3D microstructures
through design. Although the components in these resists are widely accessible through
major vendors in the US and many studies have been conducted that make use of these
materials, limited mechanical characterization data was available for these materials
after DLW printing. Section 3.2 discusses a method for mechanically analyzing complex

3D structures produced using DLW.

3.1.2 Substrate Options

The most common DLW substrate material is borosilicate glass as it can be used in
both oil or DILL printing modes. In some instances, the di erence in refractive index
between glass and the photoresist being used is not large enough to distinguish the
substrate-resist interface automatically using the Nanoscribe \ nd interface" function.
Glass coated with indium tin oxide (ITO glass) provides enough of a change in

refractive index at the substrate surface and is a good option if substrate transparency
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Figure 3 1: Oligomers (a) pentaerythritol triacrylate (PETA) in IP-dip
and (b) polyethylene glycol diacrylate (PEG-DA) which can be mixed
with a photoinitiator. In (b), n represents the number of repeat units
in the molecule.

is required. A downside to using commercially available ITO glass is that although
sheet resistance and ITO thickness are reported by the vendor, the coating process
varies among manufacturers which can in turn lead to variable optical properties,
making it di cult to standardize protocols. If substrate transparency is not important
(e.g., part will ultimately be removed from the substrate) silicon can be used instead.

When printing on untreated glass or silicon, DLW structures usually adhere enough
to the surface to stay attached through processing, but can be easily removed with
minimal force if necessary. To create a covalent bond between the DLW structure
and the printing substrate, the substrate can be chemically modi ed prior to print-
ing. When using glass or silicon, substrates can be cleaned and plasma treated to
activate the surface, then acrylated by being placed in a desiccator with a droplet
of 3(trimethoxysilyl)propyl acrylate (TMPA) for several hours. Alternatively, after
plasma treating, the surfaces can be dropcast with TMPA as a faster, liquid-based
alternative to the more time consuming vapor phase acrylation. The downsides to
liquid acrylation are that it uses more TMPA and sometimes substrates degrade under

direct contact with the liquid acrylate. Printing on substrates treated with TMPA
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results in much stronger adhesion between substrate and DLW structure. In many
cases, the DLW structure will break before popping o the substrate when force is
applied.

It is also possible (but less common) to print on exible substrates. When selecting
a plastic substrate for DLW printing, it is a requirement that the laser does not melt
the substrate material. When printing, it is recommended to start printing a structure
a few microns into the substrate to ensure good adhesion; if the laser melts the
substrate, there is an increased risk of the print job failing or potentially damaging the
objective. It is also convenient if the refractive index di erence between the substrate
and photoresist is adequate for use with the Nanoscribe interface detector. Finally,
the substrate material must be chemically compatible with common development
solvents used to remove excess photoresist after printing and, if it will be used in
cell studies, the material must not cloud, degrade or substantially swell in water.
Polydimethylsiloxane (PDMS) is a frequently used material in biology labs for its
good optical transparency, lack of toxicity, and easy formability. PDMS can be
chemically modi ed for use as a DLW substrate with TMPA as previously described
to enable covalent bonding with DLW structures. Table 3.1 displays several plastics
that were tested as potential DLW printing substrates as an alternative to PDMS
that do not need to be treated prior to printing yet still exhibit excellent adhesion
to acrylate-based photoresists. The materials tested include polymethylmethacrylate
(PMMA, McMaster 8560K1), polycarbonate (PC, McMaster 8184K21), polyethylene
terephthalate (PETG, McMaster 85815K11), polyester Im (McMaster 8567K92),
LEXAN 8040 (Sabic Innovative Plastics), and MELINEX 561 (DuPont).

Printing on atypical substrates such as the tips of optical bers (Weber et al.,
2017; Gissibl et al., 2016), AFM tips (Alsharif et al., 2018), and even the surface of

microelectromechanical systems (MEMS) devices (Jayne et al., 2018) is also possible.
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Table 3.1: Di erent plastic materials were tested as possible substrates
for DLW. Requirements for suitable substrates are that the interface
can be detected with the Nanoscribe system, the laser does not melt
the plastic (laser compatibility), the material holds up to solvents
common in photoresist development, and the material does not degrade
or substantially swell in water. (X) and (x) indicate whether the
substrate passed or failed the requirement, and (-) indicates substrate
was not tested for the condition due to failure of other requirements.

Substrate  Interface Laser Chemical Photoresist  Water
Type Detection Compatible Compatible Adhesion Resistance
PMMA X X X X X
MELINEX X X X X X

PETG X X - - -

PC X X - - -

Polyester X X X X X

LEXAN X X - - -

A huge challenge with printing on nonplanar surfaces in any DLW system is tilt
control. If the printing surface has too much tilt, whether from nonuniform substrate
thickness or poor sample alignment to the printing plane, the user risks crashing or
damaging the objective. In some cases, large planar structures may lose contact with
the substrate and oat away during printing, which can cause further complications if
the oating part blocks the beam. More information on printing directly on unique

surfaces such as on MEMS devices is provided in section 3.2 and in Chapter 4.

3.1.3 Further Processing of DLW Materials

After printing, there are many di erent options to further process your sample de-
pending on applications. Chemical post-processing steps can be performed to change
the surface chemistry of the DLW part. If the part will be used as a micro uidic mold,
treatment with Trichloro(1H,2H,2H-per uoroocytl) silane (TPFOS) reduces PDMS
adhesion during demolding. For cell studies in particular, materials such as IP-Dip
and PETA are already cell-adhesive and PEG-DA is nonadhesive, but incubation
in solutions containing bronectin (FN) or pluronic (PL) can further encourage or

discourage adhesion respectively, and provide chemical uniformity on the structure
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surface.

To add materials incompatible with the DLW process, such as metals, to DLW
structures, we have shown that a stencil-based technique using MEMS technology can
be used (Reeves et al., 2018; Reeves et al., 2019). This technique can be applied to
3D multilayer microstructures for the creation of optical metamaterials. Complex 3D
DLW structures are printed directly onto a MEMS device and then positioned under
a MEMS stencil mask suspended on folded exural springs as shown in Figure 3 2
(Reeves et al., 2018). Metallic patterns are deposited through the stencil mask onto the
surface of the DLW structure, then the structure is moved back to its initial position
for a secondary DLW printing step and the process is repeated. By implementing
multiple stencil lithography steps, in principle it is possible to build each layer out
of independent patterns and materials. Here, electron-beam evaporation is used to
pattern elemental metal, but other materials and physical vapor deposition (PVD)
methods can also be used with the technique including processes for depositing organic
molecules such as organic vapor jet printing (Shtein and Forrest, 2008). This stencil
lithography process provides an alternative to or can be used in conjunction with
a technique similar to Klein et al., where DLW sca olds were produced in multiple
printing steps to generate biochemically patterned 3D structures for select cell adhesion

(as discussed in section 2.2).

3.1.4 Multimaterial Bimorph Behavior

Controlling polymer shrinkage through gradients in exposure conditions within the
same material and structure can lead to bimorph behavior. This is a useful fabrication
technique since it enables users to quickly print a 2D sheet that, during the photoresist
rinsing step, deforms into a 3D structure through shrinkage. Photochemical shrinkage
for bimorphing sheets has been reported (Bauhofer et al., 2017). This group exploited

changes in polymer density from laser power gradients within di erent layers of
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Figure 3 2: Metallically-patterned DLW structures. (a) The patterned,
multilayer structure positioned back in the initial shuttle position after
a second aluminum deposition step. (b) The double layer structure. (c)
Close-up of the separated, patterned layers. (d) Close-up of an individual
metallic structure. (e) Close-up of the connection between the rst and
second DLW layers showing good polymer-polymer adhesion. (Scale
bars represent 100, 50, 10, 1, and 10 m respectively.)
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Figure 3 3: Controlling polymer shrinkage through gradients in ex-
posure conditions within the same material and structure can lead to
bimorph behavior. This gure displays a sweep of di erent structure
thicknesses (increasing from bottom (2 m) to top (10 m)) with con-
stant slicing distance of 1 m and various hatching distance gradients
(maximum hatching distance increases from left (0.5 m) to right (2.5
m)). All structures have the same hatching conditions for the base
layer, or the z-slice layer attached to the substrate, and each column
of structures contains the same maximum hatch distance of the top
layer. Depending on the thickness, the number of layers to reach the
maximum hatch distance varies. Scale bars are 100 m and 20 m.

material. More dense polymer layers shrink less thank the less dense regions, leading
to a stress gradient within the structure. This phenomenon can also be implemented
through changes in fabrication parameters like slicing and hatching. Figure 3 3 displays
a sweep of di erent structure thicknesses (increasing from the bottom of the image
to the top) and various hatching distance gradients within each structure (hatching
distance increases from the bottom layer to the top layer). All structures have the same
hatching conditions for the base layer, or the z-slice layer attached to the substrate,
and each column of structures contains the same maximum hatching distance (which
increases from the left-most column to the right-most column). Depending on the
thickness, the number of layers to reach the maximum hatch distance varies.

Sheet deformation from photochemical shrinkage by implementing di erent fabri-
cation parameters is useful for fast 2D to 3D pop-up structures, but it is irreversible.

Reversible bimorph behavior can be enabled through a swelling mechanism. This



30

has been presented in the literature at larger length scales (Wu et al., 2013), but not
using DLW. Using hydrogel materials such as PEG-DA to print on top of more rigid
materials that do not exhibit much swelling in aqueous environments, structures can
be generated that begin in a at state, then morph into a 3D construct once exposed
to water. Figure 3 4 shows an optical image of the same IP-Dip DLW structure used
in metallic patterning in Figure 3 2. The structure contains two IP-Dip support walls
(left and right side) that have rectangular cut-outs which were originally included to
improve contact area between printed IP-Dip layers. In between these walls, a2 m
thick sheet was printed, attached to the walls by \L-shaped" tethers on either side
(best shown in Figure 3 2(b)). In the device shown in Figure 3 4, a thin hydrogel
(PEG-DA/1819) layer was printed on the center sheet of IP-Dip. When placed in
DI water, the PEGDA sheet swelled, but expansion was limited by the IP-Dip sheet
(which did not swell). The resulting hydrated structure appeared rounded, or \domed"
in the upward direction with a height change of 20 m, constrained by the IP-Dip
tethers connecting it to the anchoring walls on the right and left side. Figure 3 4(a)
and (b) show optical microscope images at two di erent z-planes (z = 0 and z= 20

m). When removed from water, the structure returns to its original form. This can
be extremely useful if we want to pattern the DLW structure in its 2D form prior to

hydrating and transforming it into a 3D construct.

3.2 Mechanical Characterization of DLW Structures

Despite all the technology developments made possible through DLW, mechanically
manipulating complex DLW microstructures is still a big challenge. Methods to
characterize DLW microstructures such as atomic force microscopy (AFM), nanoin-
dentation, parallel plate compression, swelling (for hydrogel structures), and probe

station manipulation have all been reported (Montemayor et al., 2014; Jang et al.,
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Figure 3 4: Double-layer structure with IP-Dip base material and
PEG-DA top layer exhibiting bimorph behavior when placed in DI
water. PEG-DA layer swells and expands while IP-Dip layer deforms
but does not swell or stretch. Left image shows lower focal plane (z=0

m) and right image shows top focal plane (z=20 m). After printing
and before hydration, the structure was at. When removed from DI
water and dried, the sample returns to the at state. Scale bar 20 m.

2013; Bauer et al., 2014; Bauer et al., 2015; Ushiba et al., 2015; Klein et al., 2010;
Buckmann et al., 2012; Kaehr and Shear, 2008; Watanabe et al., 2002; Scheiwe
et al., 2015). Although the more popular methods of AFM and nanoindentation can
provide accurate force-displacement information, these techniques are not sustainable
for frequent or long-term (several days or weeks) actuation. With growing interest
in using DLW across many di erent disciplines, additional methods for dynamic
control of these structures are needed. Here, a non-contact technique to character-
ize soft 3D DLW microstructures is introduced through integration with existing
micro-electromechanical systems (MEMS) technology. Structures were fabricated by
DLW directly on electrostatic and thermal MEMS actuators. These reproducible
MEMS devices were made using a cost-e ective commercial foundry process and can
be electrically controlled with high-precision displacement ( 1 nm) under ambient

conditions (Imboden et al., 2013).
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While planar foundry-based processes are not suitable for producing complex 3D
polymer microstructures, they provide an excellent high-throughput platform for
fabricating customizable polysilicon MEMS actuators with feature sizes 1 m. Our
MEMS devices were fabricated using shared spaces in a multiple user MEMS process
(MUMPS) at a foundry that provided three heavily-doped polysilicon layers and
one gold layer with a minimum feature size of approximately 2 m (PolyMUMPS,
MEMSCAP) (Koester et al., 2013). MEMS devices can be used as simple, displosable,
and precise tools for microactuation studies, where the cost per die (3 x 3 mm design
space) is approximately 20 dollars. Depending on design, these devices can apply and
measure forces in the nano- to milli-newton range (Livermore, 2007; Younis, 2011).

We show that coupling DLW fabrication with MEMS actuators is a powerful way to
produce 3D micromechanical systems tailored to speci ¢ needs. Two types of MEMS
actuators are explored: capacitive comb drives and thermal chevron actuators. By
printing polymer microstructures directly onto MEMS actuators, the deformation of
these soft 3D constructs can be controlled in a way that, to the best of our knowledge,

has not yet been reported in literature.

3.2.1 Experimental Setup

MEMS Actuator Fabrication: For these experiments, MEMS devices were produced
using the PolyMUMPS process (MEMSCAP). Figure 3 5 displays the di erent layers
that result from this process. Prior to using MEMS devices, the protective photoresist
coating was removed by soaking in acetone at 60 C for 20 minutes. Selectively etching
the sacri cial silicon dioxide layers (oxide 1 and oxide 2 in Figure 3 5) in hydro uoric
acid (HF) mechanically releases the polysilicon layers poly 1 and poly 2.

DLW Structure Fabrication: Structures were printed directly onto MEMS devices using

dip-in lithography. MEMS die were secured to the sample holder using 3M double-sided

tape and a droplet of photoresist was wicked onto the entire top surface of the die.
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Figure 3 5: Schematic showing the di erent layers comprising MEMS
devices produced using the PolyMUMPS process both before and after
removing the oxide layers in an HF release step, adapted from (Koester
et al., 2013).

The objective lens (63x, NAL1.4) was dipped directly into the photoresist droplet and
structures were printed. For both auxetic and spring structures, the galvo-scanning
mirrors in the system were used to quickly print the supports of the structure, whereas
the piezo stage was used to print the more intricate pattern suspended between the
supports. Each microstructure took less than one minute to print. Die were carefully
removed from the sample holder and immediately submerged in propylene glycol
monomethyl ether acetate (PGMEA, Sigma) for at least 20 minutes to dissolve the
remaining unpolymerized photoresist. To remove any PGMEA residue and minimize
device stiction, die were transferred from PGMEA to a low-surface-tension solvent
(NOVEC 7100, 3M) for several seconds before air drying.

Photoresists: The photoresists tested were IP-Dip, Polyethylene glycol diacrylate
(PEG-DA, Mn 575, Sigma) mixed with excess (3 weight percent) Irgacure 819, and
Pentaerythritol triacrylate (Sigma) mixed with excess (5 weight percent) Irgacure
819. Both solutions were mixed for several minutes using a vortexer and left overnight
for any undissolved precipitate to settle. All resists were stored in the dark at room

temperature.
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DLW-MEMS Integration Process Considerations: When printing directly onto MEMS

actuators, the user has the choice to perform the HF release step before or after
printing as the HF does not appear to damage 3D polymer microstructures. System
components to consider are the released polysilicon parts and any intricate polymer
microstructures. Ideally, the system component that is most susceptible to damage
during fabrication should be handled last to avoid damage. A primary motivation
for releasing MEMS devices after DLW printing is to prevent stiction (sticking and
friction) between any large, at polysilicon surfaces; if these plates are released and
then immersed in photoresist, it may be very di cult to remove all unpolymerized
resist that might have wicked under the plate during print development. In our case,
we chose to perform the HF release rst since the 3D polymer tensile structures are
susceptible to twisting and tangling with too much movement in solution, and comb
drive stiction could usually be overcome by using ne probe tips to lift the moveable
comb from the surface.

Device Testing: After printing, devices were mounted in 8-pin packages (Spectrum

Semiconductor Materials, Inc.) and wirebonded. DC voltages were applied using a
Keithley 2450 source meter. Applied voltages for the electrostatic comb drive actuators
ranged from 0 to 170 V, and the maximum operating voltage was limited by current
feedthrough from the MEMS device to the handle. Applied voltages for the chevron
actuators ranged from 0 to 13 V, with maximum voltage limited by device failure due
to melting of the polysilicon arms at high currents. Displacements for all devices were

measured using an optical microscope (Nikon LV150) with 100X objective.

3.2.2 Results and Discussion

MEMS electrostatic comb drive actuators consist of two sets of interdigitated ngers,
which make up the two sides of a capacitor, as shown in Figure 3 6(a). One side is

xed to the substrate, while the other is attached to a folded exural spring. Applying
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a potential across the capacitor results in a displacement of

— CO 2
Xi = 5V (3.1)

where C°= (dC)=(dx) is the derivative of the capacitance of the comb drive along
the direction of actuation, V is the applied voltage, and k is the spring constant of
the folded exural spring. Geometric factors such as the number of comb ngers (N),
comb thickness (t.), and nger spacing (g = 2:5 m) can be used to approximate C°
asa xed value, B:

N ot

cO =B 3.2
g (3.2)

This approximation assumes the capacitance arises from parallel plates with t; g,

where = 2 is a factor accounting for device fringe capacitance and  is vacuum
permittivity (Imboden et al., 2013; Imboden et al., 2014). Combining equations

iBV.,.

3.1 and 3.2, the force along axis of displacement can be expressed as Fx 3

Comb drives have been used to test mechanical properties of nanoscale bers that
were painstakingly glued onto devices using pick-and-place techniques; DLW allows
structures to be directly printed onto MEMS actuators, signi cantly reducing test
time and increasing yield (Eppell et al., 2006; Haque et al., 2010). The capacitive
actuators designed in this study are capable of applying and sensing forces in the pico-
to nanonewton range with displacements up to 15 m and displacement resolution
of 1 nm (Livermore, 2007; Imboden et al., 2014). The comb drives discussed in
this dissertation were double-layer (poly 1 and poly 2) structures fabricated using
PolyMUMPS, with a total thickness of 3.5 m and 39 ngers on each comb (therefore
39 individual parallel plate capacitors) (Imboden et al., 2014). Once actuators have a
DLW structure printed onto them, the system spring constant, k, is the sum of the
spring constant for the folded exural springs (kgex) and the DLW structure (Kstruct)

as the two springs were in series. Comb drives without added DLW structures were
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tested to calculate kfex, and this value was later used to back out ket for each
spring type where Kggruet = K Kgjex-

Although comb drives can apply and sense extremely small forces, they are
incapable of producing forces strong enough to deform relatively large ( 100 m)
structures. Furthermore, the soft springs attached to the mobile combs make the
devices susceptible to stiction. Thermal chevron actuators are more robust and have
also been used in mechanical characterization studies in the past (Brown et al., 2011).
These actuators consist of a single center shuttle that is suspended by long, angled
beams on either side ( gure 3 6(b)). When DC current is passed from one side of
the device to the other through both sets of beams, resistive heating causes these
beams to expand and push the center shuttle in the net direction of expansion. The
di erent polysilicon materials used in the MEMS foundry are well characterized both
electrically and mechanically; this information can be used to model the resulting
force, device temperature, and displacement as a function of applied voltage. Chevron
thermal actuators used for this study can apply forces 10 N with displacements

1 m (Livermore, 2007). Folded exural springs were tethered to chevron shuttles
so that DLW structures could be printed away from the heated portion of the MEMS
device and prevent microstructure oxidation. Figure 3 7 displays typical 1V behavior
for the chevron thermal actuators discussed, both with and without folded exural
springs.

For demonstration purposes, an auxetic (negative Poisson’s ratio) microstructure
design was selected to be printed onto the MEMS actuators. Tunable auxetics such
as this \bowtie"™ geometry allow for positive multi-axis displacement with single-axis
strain. Auxetics are potentially useful for achieving complex 3D deformation using
individual single-axis MEMS tensile devices. It should be mentioned that more than

one actuator can be used to achieve multi-axis displacement (Imboden et al., 2013).



37

Figure 3 6: Colorized SEM images are shown for (a) a capacitive comb
drive with direct laser write (DLW) 3D bowtie structure directly printed
across an anchoring point and the moveable folded- exural springs of the
device, and (b) a chevron thermal actuator with the same type of DLW
structure. The displacement-voltage behavior of (c) comb drives and
(d) chevron actuators with and without 3D bowtie structures attached.
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Figure 3 7: Current-voltage response for 5 di erent chevron thermal
actuators.

MEMS devices were released with HF and immersed in a droplet of IP-dip (Nanoscribe)
photoresist before being inserted into the DLW system. Since the polymer structures
are resistant to HF, the release step can also be performed after printing. Figure
3 6(a) and 3 6(b) display auxetic structures printed on a capacitive comb drive and
a chevron thermal actuator, respectively. After a 20-minute rinse to remove any
unpolymerized resist, die were packaged and wire-bonded for characterization. DC
voltages were applied to actuate the devices and displacements were measured using
optical-microscope images at 100x magni cation. Voltages up to 180 V for comb drives
and 14 V for chevron actuators were applied. Displacement-voltage curves for both
types of devices with and without DLW structures are shown in Figure 3 6(c, d). The
primary sources of measurement uncertainty arise from pixel resolution limitations and
user measurement error during optical image analysis, estimated to be approximately
300 nm.

There is a signi cant di erence in displacement-voltage data for MEMS comb
drives with and without an auxetic structure. A 70 percent decrease in maximum
displacement was observed once the soft microstructure was added. This change in

device performance can be used to back out IP-dip structure mechanical properties
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Figure 3 8. SEM images showing an (a) undeformed and (b) deformed
DLW 3D bowtie structure printed on a capacitive comb drive.

such as the spring constant, which is estimated to be about 1.0 N m*. The MEMS
comb drive actuators can readily be adapted for sti er DLW structures by increasing
the comb drive surface area or softening the folded exural spring to increase the
actuation force (Imboden et al., 2014). To determine if auxetic structures truly
behaved as such, comb drives with 3D-printed bowties were xed in the stretched
position and imaged using SEM. Figure 3 8 displays a structure in the undeformed
and deformed state. It appears that bending occurs at the regions with the smallest
cross sectional area (inner corners), but the outer corners did not behave as joints.
E orts to improve this behavior are discussed later in this chapter in section 3.3.
Chevron displacement-voltage behavior, however, was not signi cantly impacted
by the presence of the 3D auxetic structure. Although no changes in device behavior
were observed using optical analysis that could be used for mechanical sensing, the
larger forces and high-precision displacement of these chevron actuators are ideal
for deforming larger 3D microstructures that capacitive combs would be too weak
to actuate. For example, work has been done to integrate 3D DLW structures with
plasmonic metamaterial elements in order to fabricate devices with a tunable infrared

response (Reeves et al., 2018). Since these devices require a large (100 m x 100 m)
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Figure 3 9: SEM images showing IP-Dip structure oxidation (along
with considerable shrinkage) where the structure comes in contact with
the heated shuttle body of the chevron actuator (left side in these
images).

surface area to generate a useful infrared signal and are thus rigid compared to the
auxetic structures described above, chevron thermal actuators can apply enough force
to modify the geometry of the metamaterial elements and elicit a change in device
response.

It should be noted that during chevon actuator testing of devices without exural
springs separating the 3D structure from the heated Chevron center plate, the heat
generated during resistive heating was su cient to oxidize the polymer structure if it
were printed directly on the chevron center shuttle. Figure 3 9 displays SEM images of
the observed oxidation of a once symmetrical IP-Dip microstructure, where the part
of the structure in contact with the heated shuttle (left side) is much smaller than the
other side of the structure. Oxidation of any structures attached to the heated device
occurs at currents greater than 60 A within a few minutes. The other side of the
structure is close to the shuttle but remains una ected. Chevron FEA simulations
were used to estimate the heat generated on the part of the chevron device where
polymer structures were anchored, and to come up with a new design to prevent this

undesirable structure oxidation ( gure 3 10). By attaching a set of folded exural
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Figure 3 10: (a) FEA thermal simulation of chevron actuator with
10V applied across the device, showing that shuttle temperatures exceed
500 C. SEM image of chevron thermal actuator without (b) and with
(c) folded exural springs added as heat sinks.

springs similar to those used on the electrostatic comb drives to the shuttle, a heat sink
was created to prevent deleterious oxidation at high currents. It might be interesting
to better understand the oxidation of DLW structures in contact with heated MEMS
devices, and to probe the properties of oxidized structures resulting from this observed
phenomenon.

The excellent sensitivity exhibited by comb drives encouraged us to see if we could
use the same technique for sensing subtle di erences in DLW structures that result
from changes in fabrication parameters instead of programmed structure geometry.
We designed a spring structure with single-voxel spring thickness ( gure 3 11) that
could be deformed within the displacement range of the comb drives. Prior to printing
on MEMS devices, spring test structures were fabricated on bare polysilicon substrates
using scanspeeds ranging from 50 to 300 m s and laser powers from 10 to 70 mW. In
addition to IP-dip, two other resists containing (1) pentaerythritol triacrylate (PETA)
and (2) polyethylene glycol diacrylate (PEGDA) monomers were tested. The average

voxel height and width of all spring test structures were measured using scanning
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Figure 3 11: (a) Colorized SEM image (IP-Dip, scan speed 50 m s)
of the spring structure printed onto capacitive comb drive actuators to
determine structure mechanical properties and (b) optical miscroscope
images of initial and deformed states of an IP-Dip spring are shown.
Graphs of displacement (c) as a function of applied voltage and (d) as
a function of applied force for comb drives without printed structures
(control), IP-Dip structures printed at 50 and 100 m ! (IP-Dip 50ss and
IP-Dip 100ss, respectively), PETA structures, and PEGDA structures.
Error bars display standard error for a minimum of 3 tests per spring

type.
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Table 3.2: Fabrication parameters for each spring type tested, along
with calculated spring constants and elastic moduli. Standard deviation
for number of samples tested, N, is calculated for IP-Dip 50 m s*
(N=4), IP-Dip 100 m s (N=4), PETA (N=7), and PEGDA (N=3).

Material Average Scan Structure  Structure  Spring Young’s
Power Speed Height Width Constant  Modulus
[MW] [ ms] [ m] [ m] [N m™] [GPa]
IP-Dip 20 50 3.2 1.10(0.05) 0.42(0.07) 0.96(0.16)
IP-Dip 20 100 2.7 0.95(0.06) 0.20(0.03) 0.88(0.14)
PETA 20 100 6.1(0.3) 1.28(0.12) 0.36(0.12) 0.26(0.112
PEGDA 42 50 12.0(0.4) 2.95(0.15) 0.63(0.15) 10.5x10

electron microscrope (SEM) images. Table 3.2 displays the material and fabrication
parameter combinations selected for integration with MEMS comb drives based on
test structure data.

Spring structures were printed directly onto the surface of the MEMs comb drives
and tested as previously described. At least three structures were fabricated and tested
using each of the four spring fabrication conditions. Equation 3.1 and 3.2 were used
to estimate the spring constants of the folded exural springs (1.20 +/- 0.02 N m™!)
for each spring structure shown in Table 3.2. Figure 3 11 displays comb displacement
as a function of voltage and applied force. To examine intrinsic material properties of
each type of spring, FEA models were constructed using voxel dimensions from test
structure data. COMSOL was used to estimate chevron thermal actuator force as
a function of applied voltage. Using the thermoelectric properties of PolyMUMPS
structures that have been reported in literature, the forces acting on the chevron
shuttle were calculated using built-in COMSOL modules for stead state heat transfer,
electric currents, and solid mechanics (Koester et al., 2013; Varona et al., 2009;
Maloney et al., 2004).

Young’s moduli for all springs were consistent with literature values. IP-dip
modulus has been reported to be 1 GPa (Bauer et al., 2014; Bauer et al., 2015; Meza

et al., 2015). Interestingly, signi cant di erences in structure spring constants for
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IP-dip structures printed at di erent scanspeeds were observed. This is accompanied
by a noticeable (but not signi cant) decrease in Young’s modulus for IP-dip structures
printed using 100 m s scanspeed compared to 50 m s™. By increasing the scanspeed,
we are reducing the e ective optical power dosage at the focal spot, suggesting that
this change in modulus is related to crosslinking density in the polymer structures.
The elastic modulus of PEGDA (Mn 575) has a broad reported range of moduli of
10 kPa up to 100 MPa, dependent on photoinitiator concentration in the resist and
degree of polymerization of the nal polymer (Keim and Gall, 2010; Klein et al., 2011;
Nemir et al., 2010). Acrylate-based polymers such as PETA have been measured to
have moduli ranging from 0.1 to 4 GPa (Watanabe et al., 2008; Robertson et al., 2014;
MicroChem, 2000; Li and Barrow, 2014). It is important to point out that although
linear ts of the force-displacement curves were used to calculate the structure spring
constants, it can be seen from Figure 3 11(d) that the response of PEGDA springs was
not linear. One possible reason for this mechanical behavior is that the cross-section
of the spring was inconsistent and thinner regions of the structure engage before the
thicker regions. Overpolymerization at the tight-bending regions of the structure can
be attributed to a proximity e ect, where overlap between photoresist regions that
have been exposed to energies slightly below the polymerization threshold causes
polymerization across any narrow gaps between voxels (Fischer and Wegener, 2011).
These cross-sectional inconsistencies are accounted for in the FEA model used to
back out the Young’s moduli. MEMS devices can provide an excellent platform to
further study these soft material mechanics at the micron lengthscale. With further
re nement, like implementing strain sensors to eliminate the need for optical analysis,
these MEMS devices can provide a useful alternative to standard characterization

techniques for studying DLW structure mechanics.
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Figure 3 12: Compressed and uncompressed 2D bowtie unit cells.

3.3 Engineering Softness into Inherently Sti Materials

3.3.1 Designing Mechanically Soft Structures

The hierarchical organization of biological components leads to di erent mechanical
properties depending on the lengthscale and organization. For example, a single
collagen micro bril has a modulus 1 GPa but a collagen gel can have Young’s
modulus in the range of 1-20 kPa (Raub et al., 2010; Buehler et al., 2011). Engi-
neering the microenvironment through hierarchical design can help us explore the
microenvironment in way that conventional materials and processes cannot. One of
the most frequent questions that arises when discussing if DLW sca olds are suitable
for a tissue engineering study is if the sca old is soft enough. Depending on cell
type, surfaces used to culture cells typically have sti nesses in the kilopascal range.
With that being said, cured photoresists are much too sti to use as a bulk culture
material. However, DLW enables high resolution control over the microstructures

which therefore allows us to explore what cells \feel" and how they interact.

3.3.2 Precision Control of DLW Line Thickness

When working with intricate 3D structures that are only several micrometers in total
length, it is necessary to use clever design strategies to minimize the number of contact

points needed to control the structure mechanically. Tunable auxetic structures such
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Figure 3 13: Example of a structure that requires non-uniform line
thickness for desired mechanical function. Constant thickness (a) and
tapered (b) structures are displayed. By reducing the line diameter by
60 percent near the structure "joints" signi cant reductions in surface
stress can be observed (Von Mises stress shown in color bar to the right).

as the negative poisson’s ratio \bowtie" geometry satisfy this requirement since they
potentially allow for positive multi-axis displacement while stretching along a single
axis. Figure 3 12 displays an auxetic 2D bowtie geometry in its ideal undeformed
(left) and deformed (right) states with stretch applied along the horizontal (x) axis.
In this example, the assumption is made that deformation only occurs at the corners,
which act as pin joints. Figure 3 13(left) displays a simulation of what the actual
deformation would look like under uniaxial stress if the structure was composed of
uniform material under typical fabrication conditions. To mitigate undesirable beam
bending along straight edges of the "\bowtie™ pattern, the design was modi ed so
the cross-sectional area is smaller near the corners where we want the deformation
to occur. This tapered design exhibited the desired auxetic behavior and the model
indicated that the deformation required signi cantly less force, as displayed in Figure

3 13(right).
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In typical Nanoscribe operation, voxel size is maintained for the duration of the print
to improve overall structure quality. Nanoscribe has included a feature (PerfectShape)
that modi es output power dosage with system acceleration and deceleration periods
in order to keep voxel size constant from start to end points (Nanoscribe, 2015).
However, in cases where the user would like to fabricate micro-devices designed to
perform a speci ¢ mechanical motion, some non-uniformity might be desirable. At the
micro-scale, implementing features such as hinges to encourage localized mechanical
motion may not be practical. If users are interested in working at the resolution
limit of the DLW system where a single laser line is the solid portion of the structure,
creating hinges or tapered corners is not so simple. In this situation, reducing the
power dosage at the desired joint location can provide a softer polymer matrix and a
smaller cross-sectional area, which encourage bending under applied force. However,
when printing microstructures with features 5 m, the user is eventually no longer
able to reduce the power while reliably creating a continuous structure due to the
acceleration and deceleration of the mechanical components in the DLW system.
To account for these acceleration and deceleration changes, Nanoscribe allows the
user to adjust laser power during the beginning and end of line segment trajectories.
Depending on the photoresist being used and it’s polymerization chemistry, these
values vary slightly between di erent resists. These parameters are the acceleration
constant (), the deceleration constant (d), acceleration and deceleration times (T acc,
Tgec), and threshold (Ptnreshold). The constants and d are unitless and dictate the
shape of the AOM voltage (which controls output laser power) versus displacement
curve (Figure 3 14(b)). The laser power P is a function of the elapsed acceleration
(tacc) Or deceleration time (tgec). Pset 1S the programmed laser power set by the user.

These parameters impact output laser power (P) by the following equations:

P (tacc) = Pthreshold + (Pset Pthreshold)(tacc:Tacc)l: (3.3)
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P (tdec) = Pset + (Pset F’threshold)(tdec:-rdec)l:d (34)

Various combinations of parameters were tested to achieve line thickness non-uniformity
in intricate structures that would best mimic the tapered design used in FEA simula-
tions ( gure 3 14). Figure 3 15(left) displays an SEM image of a 3D bowtie structure
printed using the piezo stage on the DLW system. Figure 3 15(right) displays a test
structure that was fabricated using parameters speci ed in table 3.3. Even though
both bowtie structures were produced using the same laser path, two very di erent
structures were created by tuning laser power during the acceleration and deceleration
steps of the piezo stage. Although this method did produce a structure exhibiting
the tapered appearance similar to the model shown in Figure 3 13, further work
was performed to reduce the cross-sectional area of the bowtie \joints" by using the

proximity e ect.
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Figure 3 14: SEM images of IP-dip power tests for di erent values of

and d for (a) straight lines with 5 m segments (d =1:8and =0:4
for the top two lines and 0.3 for the bottom two lines), (c) \zig-zagging"
lines with 5 m segments (d = 2 and =0.1, 0.3, 0.5, and 1.0 from
bottom left to top right), and (d) 3D auxetic bowtie structures (d = 1:0
for the bottom three structures and d = 1:4 for top two structures, with

=0.3, 0.4, 0.5, 0.3, and 0.4 from bottom to top). (b) AOM voltage vs
piezo stage displacement along the x axis is shown for di erent values
of d and . AOM voltage controls laser power output.
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Table 3.3: Advanced DLW settings used to produce the bowtie struc-
tures shown in Figure 3 15.

Parameter Unmodi ed Modi ed
Acceleration, 0.3 0.3
Deceleration, d 1.0 1.0
Acceleration Time, Ta (s) 0.05 0.06
Threshold Power, Pinresnold 0.15 0

Max Scan Speed, v ( m=s) 100 100

Set Laser Power, Pggt 0.20 0.20

Figure 3 15: IP-dip structures fabricated with built-in PerfectShape
settings (left) and modi ed laser power pro le (right) with T, and
Tgec Of 0.06 s and 0.03 s, Power threshold 0 percent, =0.3, and d=1.0

3.3.3 Exploiting the Proximity E ect

Another option for generating tapered ends or \joints™ within high resolution mechani-
cal structures involves using the proximity e ect to encourage polymerization between
separate design features. The proximity e ect can be described as the \bridging" of
exposure between two closely spaced printed structures or voxel lines. Resists known
to exhibit a higher proximity e ect typically produce structures with smoother surface
properties while high resolution resists require the two structures to be very close (

100 to 200 nm) before any bridging occurs. An example of the proximity e ect is shown
in Figure 3 16. It should be noted that resolution is the lowest dimension that can be
achieved for a freestanding design element; there are reports of DLW resolutions down

to 50 nm, but these studies are actually observing artifacts of the proximity e ect
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Figure 3 16: Structure without (A) and with (B) proximity e ects
present, where small brous bridges form between two unconnected
DLW features that are positioned close together. Both structures were
printed using the same laser path and scan speed. (A) was printed with
50 percent laser power, 10,000 m/s scan speed and (B) was printed
with 60 percent laser power, 15,000 m/s scan speed (63x objective, 1.0
powerscaling). Scale bar is 2 m.

between freestanding design elements (Tan et al., 2007). Based on experiments, we can
predict when the proximity e ect will occur, but the occurrence of these features is not
always reproducible and is highly dependent on geometry and laser path. Although
features resulting from the proximity e ect should not be regarded as a measure of
process resolution, they can be used to create interesting mechanical features within
existing DLW structures. Figure 3 17 shows a test structure that purposely induces
the proximity e ect in between the straight \legs™ of the bowtie structure in order to

generate regions with cross sectional areas below the resolution limit of the printer.

3.4 Summary

The research discussed in Chapter 3 was done to deepen our understanding of how
DLW fabrication and design parameters impact the structure and mechanical behavior
of our nal structures. Going forward, these processing tools are considered and

applied to DLW structures used in cell studies.
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Figure 3 17: SEM images showing 3D bowtie unit cells where (A) the
structure is designed to be continuous and (B) the structure is designed
to have 200 nm gaps between straight beams, which uses proximity
e ect at the junction between legs to create joints. (C) shows a close-up
image of the joints. Scale barsare 1 m, 1 m, and 500 nm.
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Chapter 4

3D Directed Cell Migration Enabled by
DLW

Cell migration, critical to numerous biological processes, can be guided by surface
topography. Studying the e ects of topography on cell migration is valuable for enhanc-
ing our understanding of directional cell migration and for functionally engineering cell
behavior. However, fabrication limitations constrain topography studies to geometries
that may not adequately mimic physiological environments. Direct Laser Writing
(DLW) provides the necessary 3D exibility and control to create well-de ned wave-
forms with curvature and length scales that are similar to those found in physiological
settings, such as the luminal walls of blood vessels that endothelial cells migrate along.
We nd that endothelial cells migrate fastest along square waves, intermediate along
triangular waves, and slowest along sine waves and that directional cell migration on
sine waves decreases as sinusoid wavelength increases. Interestingly, inhibition of Racl
decreases directional migration on sine wave topographies but not on at surfaces with
micropatterned lines, suggesting that cells may utilize di erent molecular pathways to
sense curved topographies. Our study demonstrates that DLW can be employed to
investigate the e ects and mechanisms of topography on cell migration by fabricating
a wide array of physiologically-relevant surfaces with curvatures that are challenging
to fabricate using conventional manufacturing techniques. This work was done in
collaboration with Dr. Daniel Cheng of Prof. Chris Chen’s group at Boston University.

Dr. Cheng performed cell seeding, migration analysis and inhibitor studies.
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4.1 Introduction

Cell migration plays a central role in a large variety of biological processes including
early embryonic development, immune cell tra cking and surveillance, angiogenesis
and blood vessel remodeling, cancer metastasis, and tissue repair (Petrie et al.,
2009; Friedl and Wolf, 2003; Daley and Yamada, 2013). When cells migrate, they
typically move over and across the extracellular matrix (ECM), the polymerized

brous sca olds that provide the physical structure of our bodies. Interestingly, the
structural organization of the ECM in uences how cells adhere and migrate. To
study these processes in a more controlled setting, researchers generated surfaces
patterned with aligned ridges, where it was observed that cells preferentially orient and
migrate parallel to the ridges, a phenomenon termed contact guidance (Clark et al.,
1990; Bettinger et al., 2006; Bain et al., 2007; Den Braber et al., 1996). Modulating
cell migration speed and direction using topography could be valuable for designing
biomedical devices where controlled cell repopulation is critical, such as in vascular
stents, where an endothelial cell monolayer is necessary for proper vascular function.
A major advantage of using topography as a cellular control mechanism for medical
implants is that it is purely physical and does not change the biochemistry of the
implant environment (Miyoshi et al., 2012).

Cells exhibit contact guidance on a wide variety of substrate materials and feature
sizes ranging from tens of nanometers to hundreds of microns (Nikkhah et al., 2012;
Kaiser et al., 2006; Teixeira et al., 2006; Biela et al., 2009). In general, cells tend to
migrate faster on patterned surfaces compared to at surfaces and migration speed
decreases at longer wavelengths (Kaiser et al., 2006; Li et al., 2001). To fabricate
these surfaces, researchers have predominantly employed lithography-based approaches
to produce square-shaped waveforms on which cells generally elongate less as the

square wave wavelength becomes longer (Clark et al., 1990; Kaiser et al., 2006; Lu
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and Leng, 2003). However, square wave topographies are composed of features such
as at surfaces and sharp right-angle edges that are rarely encountered in vivo.

How cells respond to and migrate on curved topographies has not been well
studied, primarily due to limitations in the ability to fabricate such curved surfaces.
Physiological curvatures are present across a range of length scales such as collagen

bers in the ECM with a diameter of 30-100 nm or the lumen of a blood vessel that can
range in diameter from tens to hundreds of microns (Loesberg et al., 2007). Researchers
have used methods including spin-coating, hydrogel swelling, or polymer deformation
to fabricate curved surface topographies (Bettinger et al., 2006; Guvendiren et al.,
2009; Yang et al., 2013; Lam et al., 2006; Lee et al., 2013; Brau et al., 2011; Saito
et al., 2014). Although these studies show that aligned curved surfaces are able to
elicit the contact guidance response, many of the fabrication methods are limited in
their ability to produce well-de ned curved structures with controllable dimensions.
Given the prominence of curved features in native tissues, a deeper understanding of
how cells sense and respond to such features is important to further elucidate.

In vivo, endothelial cells migrate along the curved luminal surfaces of blood vessels
where the degree of curvature varies with vessel diameter. Furthermore, vascular
grafts or stent implants are common procedures that may require cells to migrate
along curved topographies to repopulate and form non-thrombogenic surfaces. In this
study, we examine how endothelial cells migrate on curved topography. These curved
topographies are produced using DLW printing. Customizable 3D cell-adhesive surfaces
are fabricated to explore the e ects of varying waveform, amplitude, and wavelength
on Human Umbilical Vein Endothelial Cell (HUVEC) migration. Endothelial cell
migration has previously been studied on a square wave topography, but not on
curved surfaces resembling the lumen of blood vessels where they reside physiologically

(Biela et al., 2009; Franco et al., 2011; Franco et al., 2013; Uttayarat et al., 2005;
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Morgan et al., 2012). The e ects of curved sine wave surfaces on cell migration and
the di erences in the molecular regulation of directional migration on topography

compared to at chemically-micropatterned surfaces were then compared.

4.2 Materials and Methods

4.2.1 Structure Design and DLW Fabrication

DLW:-printed structures were programmed using MATLAB with 500 nm z-steps
(slicing) and 300 nm steps (hatching) in the x-y plane. Structures were designed to
have an aligned wave topography spanning an area of 3 x 3 mm? and to contain
a de ned starting location for cells in the center of the pattern. The cell starting
location consisted of a \coliseum-like" circular wall structure, which was designed to
con ne a single droplet of cells suspended in media. The structure had a diameter of 2
mm, a height of 200 m, and a wall thickness of 15 m, ( gure 4 1(a)). All structures
contained a center seeding ring for controlled cell seeding. The walls of this ring were
designed to have large ovular voids to reduce the structure print volume, which in
turn minimizes active print time. Importantly, 50 m diameter semi-circular arches
were inserted in the base of the wall to allow cells to migrate out of the central region
following attachment. To ensure a uniform substrate material for cell attachment and
migration, a at surface was printed inside the coliseum walls.

Structures were printed using IP-Dip photoresist with 25x objective and scan speed
10 cm/s. PET substrates (Melinex 561 1000 gauge, Dupont) were used to ensure
surface adhesion in aqueous solutions for the duration of the testing time and for
reuse in future experiments. When printing, the substrate interface was detected
using the system interface nder only once for each structure to reduce print time,
enhance alignment between stitched parts, and prevent interface nding errors due to

occasional scratches in the surface of the plastic substrate. A base layer was included
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Figure 4 1: SEM images of A) a single printed test structure with
de ned cell seeding location surrounded by aligned square wave topogra-
phy, scale bar 300 m, and B) magni ed image of wall arches, scalebar
20 m. C) SEM images of the outer edges of di erent topography
waveforms with 10 m peak-to-peak amplitude and 20 m wavelength.
Left to right: at, square, triangle, and sine. Scale bar 10 m.
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with the topography structures so that they could be printed 5 m into the surface
of the substrate without losing topography features and ensuring adhesion to the PET
substrate across the full 3 mm x 3 mm pattern. Samples were prepared so that several
individual patterns were printed onto a single substrate at a time. Final optimized
print time for a sample with 7 di erent topography patterns was approximately 14
hours ( 2 hours per structure). After printing, structures were soaked in propylene
glycol monomethyl ether acetate (PGMEA) for 40 minutes to dissolve any remaining
unpolymerized photoresist, then brie y rinsed in NOVEC 7100 (3M) solvent. To
ensure complete structure polymerization, all prints were exposed to UV light for 20

seconds in a post-curing step using a 5 W Prizmatix UHP-LED centered at 390 nm.

4.2.2 Cell Culture and Seeding

HUVECs (Lonza) were cultured in EGM-2 media (Lonza) at 37 C in a humidi ed 5
percent CO, incubator. Prior to seeding, the surfaces of the structures were coated
with 50 g/mL of human bronectin (FisherSci) for 1 hour then dried using compressed
air. To seed cells, a 2 L droplet of cells (P5-10) at a concentration of 3.3 million
cell/mL (6,600 total cells) in EGM-2 was pipetted into the circular cell seeding ring
and allowed to adhere for thirty minutes at 37 C in a humidi ed dish. Surface tension
caused the liquid droplet, and therefore the cells, to remain con ned within the walls.
After 30 minutes, media was added to the entire dish and cells began to migrate out
of the walls through the arches. Cell migration fronts were visualized using phase
contrast imaging or xed with 4 percent paraformaldehyde and stained with crystal
violet (FisherSci).

To reuse DLW structures, cells were removed with 0.05 percent trypsin and
substrates were subsequently cleaned using 10 percent sodium dodecyl sulfate (SDS)
solution left on an orbital shaker for at least 24 hours followed by multiple washes

with 70 percent ethanol and distilled water.
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4.2.3 Single-cell Tracking Experiments

Cells were recorded using live uorescence imaging, then cell position tracks were
output using the FIJI plugin Trackmate (Tinevez et al., 2017; Schindelin et al., 2012).
Cell tracks were Itered to only keep those with good delity, as measured through
Trackmate’s \quality” Iter. A custom MATLAB script was used to analyze the
tracks. Average migration speeds were calculated for each cell by calculating the total
distance traveled for each hour time interval, then averaging all the time intervals
together for each single cell track. To get the nal value shown in the gures, we
averaged values for all cell tracks together over multiple experiments. The angle of
migration was calculated for each one-hour interval for each cell and plotted as rose

plot histograms.

4.2.4 Microcontact Printing

We used microcontact printing to fabricate coverslips with alternating 10 m wide
parallel lines of cell-adhesive bronectin and 10 m wide lines of non cell-adhesive
Pluronic F-127. 10 m width raised lines were molded in PDMS from silicon wafers.
50 mg/mL bronectin with 1 percent Alexa-Fluor-488 conjugated bronectin was
adsorbed to PDMS stamps for one hour before inverting onto a UV-ozone treated glass
coverslip. Coverslips were then treated with 0.2 percent Pluronic F-127 solution and
subsequently washed in PBS. A 2 L droplet of cells at a concentration of 3.3 million
cells/mL (6,600 total cells) in EGM-2 was seeded in a 2 mm diameter PDMS ring.

The PDMS ring was removed after 30 minutes, allowing cells to migrate outward.

4.2.5 Inhibitor Studies

NSC23766 (50 M), blebbistatin (50 M), and wortmannin (50 nM) (Tocris Bioscience),
were reconstituted and stored in dimethylsulfoxide (DMSO). Drugs were added in cell

media 6 hours after initial cell seeding and left for 24 hours during imaging.
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4.2.6 Focal Adhesion Quanti cation

Cells were stained using anti-paxillin antibody (diluted 1:100, BD Biosciences #
610568) and an Alexa-647 goat anti-mouse secondary antibody (1:400, Invitrogen
# A21236). Confocal imaging was taken using 0.8 m slice thickness. Four image
slices (total 3.2 m height) encompassing the peaks of the sine waves were stacked
using max projection, processed using FIJI’s threshold and watershed functions, then
analyzed using the \analyze particles” function in FIJI. Data from 10 image stacks was
averaged, encompassing 20-30 cells total. To quantify focal adhesion length, particles

were tted with an ellipsoid and the major axis length was measured.

4.2.7 Statistical Analysis

The fractional factorial experimental design was set up and analyzed using JMP
statistical software package (SAS) using a least squares t model. Statistical testing
and graphing was done using GraphPad Prism software. Single-cell statistics were
conducted using two-way analysis of variance (ANOVA) with a post-hoc Dunnett test.

Focal adhesion quanti cation statistics were conducted using students t-test.

4.3 Results

To investigate whether wave shape, amplitude, or wavelength had signi cant e ects
on cell migration, patterns were printed with peak-to-peak amplitudes of 3, 5 or 10

m, wavelengths of 5, 10, or 20 m, and three di erent waveforms: square, triangle,
or sinusoid (as shown in Figure 4 1(c)). The values for wavelength were chosen to
be similar in diameter to a spread cell on a at surface and amplitude values were
chosen to span the average values utilized in past studies (Nikkhah et al., 2012).
Instead of using a full combinatorial experiment requiring 27 unique patterns, we

employed a three-level Taguchi L9 factorial design to collapse the number of patterns
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Figure 4 2: (A Optical images of the cell migration fronts stained with
crystal violet after 24 hours on the di erent topographies, scale bar 500

m. B) Schematic of cell migration speed broken into its orthogonal
components, My and M, . C) Plot showing values of My, and M, for
di erent waveform shapes (error bars represent mean standard error).
* ** or *** indicate p-value less than 0.05, 0.01, and 0.001 respectively.

to nine. This partial factorial experimental design was used to initially screen if there
is a signi cant e ect on cell migration when any of the three parameters (amplitude,
wavelength, and waveform) are varied. JMP statistical software package was used to
analyze screening data. Cells were seeded in the center of each pattern and allowed to
migrate for 24 hours prior to xation and staining with crystal violet to visualize the
migration front ( gure 4 2(a)). On at surfaces, cells appeared to migrate out of the
walls isotropically, whereas cells on topographies migrated predominantly parallel to

the waves independent of the waveform.
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While the overall ellipsoidal shape of the migration front on patterned surfaces
demonstrated preferential migration, it was not clear how individual cells were behaving
and there were no statistically signi cant di erences in the migration speed of the
collective cell migration front on the di erent topographies. To characterize individual
cell migration on the topographies, it was necessary to uorescently tag the nuclei
of the HUVECs by expressing histone H2B-RFP via a lentiviral vector. Single cell
migration tracks were recorded using time lapse microscopy. Directional migration of
individual cells was quanti ed by splitting total migration speed into its orthogonal
components: parallel (M) or perpendicular (M-, ) migration relative to the aligned
wave patterns ( gure 4 2(b)). Varying wave shape had a signi cant e ect on total
migration speed and My, but no signi cante ect on M, ( gure 4 2(c)). Cells migrated
fastest on square waves, followed by triangle waves, and lastly sine waves with average
speeds of 31.6 1.4, 28.7 1.5, and 25.1 1.7 m/hour respectively. We also
observed a signi cant decrease in M, as wavelength increased from 3 to 10 m. In
contrast, varying amplitude did not precipitate signi cant di erences within our tested
range for any of the response metrics.

Since the factorial results indicated that topography waveform and wavelength
signi cantly a ect migratory behavior of endothelial cells, further studies were per-
formed to examine migration as a function of wavelength on the most physiologically
relevant yet least-studied waveform, the sine wave. Whereas a number of publications
have shown that square wave features with dimensions as small as 35 nm can direct
cell migration, the upper limit of feature sizes that a cell will respond to is not well
de ned, especially for curved topographies (Loesberg et al., 2007). The e ects of longer
wavelength sine wave topographies were explored with a xed 10 m peak-to-peak am-
plitude and wavelengths of 20, 50, 100, or 150 m ( gure 4 3(a)). It was observed that

as wavelength increased, the shape of the cell migration front transitioned from visibly
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elliptical to a more isotropic migration pattern resembling that of a at surface ( gure
4 3(b)). These ndings were corroborated by single-cell analysis, which showed slower
My and faster M, migration speeds as wavelength increased ( gure 4 3(c) and Figure
4 4(a)). The trend for M, was the opposite of what was observed when wavelength
was varied from 3 to 10 m, indicating that there may be a local mimimum for the
perpendicular component of cell migration speed at the 10 m wavelength. However,
since the previous data was part of a fractional factorial screening experiment where
wave shape and amplitude were also varied, the data should not be directly compared.
Variability of the angle of migration, visualized by rose plot histograms, also increased
at longer wavelengths ( gure 4 3(d)). In comparison with at printed patterns, M
was only signi cantly faster on the 20 m wavelength and M-, was signi cantly slower
than My across all wavelengths ( gure 4 4(a)). Even though the magnitude of the
e ect of topography on cell migration decreased at longer wavelengths, cells were still
able to sense and respond to sinusoidal topographies with 150 m wavelength, roughly
three to four times the diameter of a single cell. Although there were signi cant e ects
of varying wavelength on My and M-, there were no di erences in total migration
speed across the various wavelengths.

To quantify the anisotropy of the observed migration, migration speed was converted
to an anisotropy ratio, de ned as My / M, . The anisotropy ratio was highest for the
20 m wavelength ( 5) and decreased at longer wavelengths, approaching isotropy (1)
( gure 4 4(b)). Although the anisotropy ratio was lowest for the at printed patterns,
migration was not isotropic. Flat patterns printed using DLW were compared with
those with a at spin coated surface and found di erences in My between the two
( gure 4 4). SEM imaging of the at printed topographies showed the presence of
aligned nanoscale topography formed from incomplete voxel overlap between printed

lines ( gure 4 5). These small aligned grooves were approximately 100 nm deep and
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Figure 4 3: A) SEM images of sine-wave topography prints with
varying wavelength. Scale bar, 50 m. B) Optical images of the cell
migration front on the varied wavelength ( ) sine waves. Cells were xed
and stained with crystal violet. Scale bar, 300 m. C) Representative
single cell tracks output from Trackmate overlaid onto an image of
H2B-RFP tagged cell nuclei. Printed patterns are auto uorescent and
thus visible along with cell nuclei. Higher intensity areas denote the
peaks of the sine waves while lower intensity areas denote the troughs.
Scale bar, 50 m. D) Rose plot histograms of the angle of cell migration
over one-hour time intervals for each wavelength. Angle of migration
was rotated so that the initial direction of migration out of the walls
was in the 0 direction. Each plot shows combined data with n=8.
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Figure 4 4: A) My (orange) and M, (purple) cell migration speed
with varying wavelength. * indicates signi cance as compared to the

at printed condition. B) Migration speed anisotropy ratio: the ratio
of My / M, migration across the various wavelengths. An anisotropy
ratio of 1 indicates isotropic migration. *, ** *** or **** indicate
p-value less than 0.05, 0.01, 0.001, and 0.0001 respectively. All error
bars represent mean  standard error.

spaced at the hatching distance width (300 nm) from each other and were enough to
signi cantly increase My speed on \ at" printed patterns when compared to the spin
coated migration ( gure 4 4(a)). Nonetheless, the topographies of all substrates were
printed in the same orientation using the same printing parameters, allowing us to
make controlled comparisons within our system framework.

Directional cell migration arises from cell polarization, where cells have a protru-
sive front and a contractile rear. Some of the molecular pathways involved in cell
polarization have previously been revealed by 2D cell migration studies that used
microcontact printing to pattern adhesive ligands on at surfaces (Pankov et al., 2005;
Doyle et al., 2009). Three major molecular drivers identi ed in directional migration
are non-muscle myosin 11 (NMMII), which forms contractile actomyosin bundles at the
cell rear and locally inhibits protrusion initiation, phosphoinositide 3-kinase (P13K),
which regulates a number of pathways involved in actin cytoskeletal remodeling in cell
migration, and Racl, which locally concentrates actin polymerization and lamellipodial

protrusion to the cell front (Petrie et al., 2009; Jimenez et al., 2000). However, it
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Figure 45: A) SEM image of \ at printed" surface, scale bar 10

m. B) Higher magni cation SEM image showing aligned lines due to
incomplete voxel overlap are spaced at roughly the width of one voxel,
300 nm. Scale bar, 2 m.

remains unclear how insights from these 2D migration studies translates to curved
topographies, and if the molecular pathways are similar.

To explore whether directional migration induced by topography uses the same
molecular mechanisms as those previously described for at substrates, inhibitors
of NMMII, PI3K, and Racl were added to cells on the 20 m wavelength sine
waves. Cell migration on these sine waves was compared to the migration of cells
treated with the same inhibitors on at substrates patterned with bronectin-coated
lines. Alternating 10 m wide lines of cell-adhesive bronectin and non-adhesive
Pluronic were microcontact-printed onto glass ( gure 4 6(a)). The at lines induced
cell elongation and directional migration in the parallel direction analogous to our
topographies and similar previous reports ( gure 4 6(b)) (Li et al., 2001; Doyle et al.,
2009). Cell seeding density was kept constant and seeding was con ned using PDMS
rings to keep conditions as similar as possible to that of cells on the sine waves.

Two out of the three selected inhibitors elicited a similar response in both surface

types. The NMMII inhibitor blebbistatin decreased My and M, on both sine waves
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and at lines ( gure 4 6(c)). The PI3k inhibitor wortmannin reduced cell elongation
and modestly decreased directional cell migration (decreased My, increased M- ) for
both the sine waves and at lines ( gure 4 6(e)). Interestingly, the Racl inhibitor
NSC23766 increased directional migration of cells on the at lines, consistent with
previous reports, but had the opposite e ect for cells on the sine waves (Doyle et al.,
2009). On at lines NSC23766 increased My and decreased M-, but on sine waves
NSC23766 decreased My and increased M, ( gure 4 6(d)). These ndings suggest
that endogenous Racl may suppress directional migration on at surfaces but is in
fact important for mediating topography-induced directional migration.

To gain a better understanding of the observed Racl inhibitor behavior, we
examined focal adhesion (FA) formation between treated and untreated cells on both
the patterned FN lines and sine wave topographies. One of the hypothesized underlying
causes of contact guidance is the regulation of FA area by physical topography, where
FA elongation is constrained in the perpendicular direction, leading to proportionally
more parallel FAs (Ventre et al., 2014; Ray et al., 2017; Kubow et al., 2013). Results
showed that cells on the sine waves had signi cantly less FA formation when treated
with NSC ( gure 4 7(a)). Quanti cation revealed signi cantly higher average FA area
and length for control versus NSC23766 conditions ( gure 4 7(c, d)). In contrast, cells
on at bronectin lines had the same amount of FA formation in the control and NSC
conditions ( gure 4 7(b-d)). These results are consistent with a model whereby the
enhanced directional migration caused by sine wave topographies may be mediated by
a Rac-dependent increase in FA area and length on the sine waves, leading to increased
cell polarization. This model supports previous suggestions that the underlying cause
of contact guidance involves regulation of FAs by the physical topography (Saito et al.,

2014; Ventre et al., 2014; Ray et al., 2017; Ohara and Buck, 1979).
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Figure 4 6: A) Microcontact-printed at uorescent green bronectin
lines of 10 m width (scale bar 100 m). Cell migration on at -
bronectin (FN) lines, sine waves, or at printed patterns was recorded
and compared to the B) DMSO control for C) blebbistatin, D) NSC and
E) wortmannin (error bars represent mean  SEM). Images showing
cell migration on at FN lines for each inhibitor group. Orange bars
represent di erence in parallel migration speed and purple bars represent
di erence in perpendicular migration speed compared to the DMSO
control. *** *** or **** indicate p-value less than 0.05, 0.01, 0.001,

and 0.0001 respectively.
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Figure 4 7: A) Confocal imaging of cells migrating on sine waves
stained for paxillin and cell nuclei with either DMSO (left) or NSC
(right) added. Scale bar, 20 m. B) Cells migrating on at FN lines
stained for paxillin and cell nuclei with either DMSO (left) or NSC
(right) added. Scale bar, 20 m. Quanti cation of C) focal adhesion area
and D) focal adhesion length for each condition (error bars represent
mean  SD). *** *** or **** indicate p-value less than 0.05, 0.01,
0.001, and 0.0001 respectively.
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4.4 Discussion

This study highlights the importance of studying cell migration on biologically relevant
curved topographies. HUVEC migration is di erent on curved topographies compared
to the square wave topographies often used for topography studies. Song et al. have
previously used X-ray lithography to fabricate well-de ned sinusoidal waves to study
T-cell migration and found that cells migrated preferentially within the troughs of
the waves, more so on shorter wavelength waves (Song et al., 2015). Although X-ray
lithography proves to be an acceptable fabrication method for creating various sine
wave features, it may not be ideal for users to produce a new X-ray mask for every
new structure they would like to test. DLW is well suited for producing various curved
topographies since it can provide the resolution of a photolithography process without
having to use a mask. Using DLW-printed curved topographies, it was found that
endothelial cells had decreased directional migration on sine wave topographies with
longer wavelengths. Interestingly, HUVECs continued to exhibit directional migration
on sine waves with wavelengths even as long as 150 m, a length scale signi cantly
longer than the span of individual cells.

While the eld has largely presumed that contact guidance by at adhesive patterns
such as parallel lines and by 3D topographic features would occur via a common
mechanism, our results suggest fundamental di erences between the two processes,
exempli ed by an important role for the Racl GTPase in topography-induced guidance
of cell migration that was opposite to its role in cells on at adhesive patterns. Analysis
of FA area on both at FN-patterned and sine wave surfaces supports the hypothesis
that contact guidance is in uenced by the topographic constraints on FA formation. FA
proteins mechanically link the cell’s actin cytoskeleton to the extracellular environment,
and are critical for force transduction that occurs in the cell during migration (Brown

and Turner, 2004). As cells spread and elongate parallel to topography, FAs mature,
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elongate, and align within the cell to coordinate with the direction of actin stress

bers, stabilizing cellular forces along the axis of elongation. FA alignment and
elongation parallel to the topography may lead to anisotropic force distribution and
to cell polarization (Teixeira et al., 2006; Saito et al., 2014; Ray et al., 2017; Balaban
et al., 2001). The observation that Racl inhibition leads to both decreased directional
migration and reduced FA length supports the hypothesis that Racl is linked to the
contact guidance e ect, and illuminates a potential pathway by which Racl could be

important to FA maturation, elongation, alignment on sine wave topography.

4.5 Summary

We report a method of studying cell behavior on curved topographies at biologi-
cally relevant length scales. This approach enables rapid iteration through di erent
topographic designs that would otherwise be di cult to fabricate using traditional
microfabrication techniques in order to identify how parameters such as waveform,
wavelength, and amplitude impact contact guidance of endothelial cells. It remains
to be explored whether the ndings observed are dependent on cell type or FN sur-
face coating. DLW has proven to be an excellent tool for producing customizable
topographical features suitable for contact guidance studies. Along with the high
resolution that DLW o ers comes relatively small writing areas, making it di cult
to print uniform topography patterns over large surface areas. To address this, we
stitched together these writing areas to form structures that can span large regions
(up to the area of a 4-inch wafer), but trade-o s included long print times as well
as sample tilt complications. Although there are some technical tradeo s for DLW
as a fabrication method, it can be used to produce high resolution structures for
a variety of biological studies. It is important to note that although the curved

topography structures produced in this study are 3D, cell migration is still signi cantly
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constrained to the topographic surface, and more work is needed to study contact
guidance in a truly unconstrained 3D environment. Going forward, DLW can be used

to systematically study the e ect of novel geometries on cell migration and behavior.
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Chapter 5

Micro uidic Testbed for Cardiac
Microtissue Mechanical Actuation and
Monitoring

We investigate the use of a micro uidic-based experimental platform for sensing
and applying mechanical forces to hiPSC-derived cardiac microtissues in a highly
controlled microenvironment. Direct laser writing (DLW) lithography is used to
fabricate negative master molds for micro uidic devices that contain high-aspect-ratio,
vertically-oriented PDMS membranes with varying geometries. Polymer constructs
are 3D-printed onto the sides of these vertical PDMS membranes, also with DLW, to
provide attachment sites during cardiac microtissue assembly. Membrane de ection
leads to a change in resistance in the surrounding microchannels which is used to
calculate tissue contractile force. By applying a pressure di erential across the highly
sensitive PDMS membrane, the cardiac microtissue can be mechanically paced while
displacement is simultaneously measured. The work presented in this chapter was done
in collaboration with Mustafa Cagatay Karakan (Prof. Kamil Ekinci’s group), who
performed electrical characterization, sensing measurements and micropump actuation,
and Kehan Zhang (Prof. Chris Chen’s group), who performed hiPSC di erentiation,

cell seeding and staining/imaging, at Boston University.
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5.1 Introduction

Cardiovascular disease (CVD) is the leading cause of mortality worldwide, responsible
for an estimated 17.9 million deaths in 2016 alone with 85 percent of these deaths due
to heart attack and stroke. Those living with CVVD can take medication to reduce
the likelihood of a cardiovascular event but in many cases surgical approaches such
as angioplasty, heart transplant, and pacemakers are necessary for treatment. Often,
CVD remains completely undetected until a cardiovascular event occurs (World Health
Organization, 2017). In order to develop more e ective and personalized treatment
for patients with unhealthy or damaged cardiac tissue, it is necessary to further our
understanding about how the combination of electrical, chemical, and mechanical
stimuli contribute to healthy tissue development and function.

Studying these complex cues in lab settings in order to develop alternative treat-
ment options presents a particularly challenging engineering problem that has been
approached by many. Some examples include systems for passive monitoring of cell
contractions, where microtissues are compacted around PDMS posts and displacement
is optically tracked (Abilez et al., 2018; Legant et al., 2009; Boudou et al., 2012;
Galie et al., 2015). By tuning the mechanical properties of the PDMS micropillars
and the gel encapsulating the cells suspended between these micropillars, signi cant
variations in tissue morphology can be observed. Active stretching has also been
reported and several have shown that cyclic mechanical stretching can enhance the
viability and maturation of stem cell-derived cardiomyocytes (CMs) (Mihic et al., 2014;
Shimko and Claycomb, 2008; Kreutzer et al., 2014). Custom-made test setups, such
as ring-shaped tissue constructs placed around rods that were stretched apart, have
been used to demonstrate that loading signi cantly a ects cardiac cell gene expression
(Shimko and Claycomb, 2008). Mechano-electric coupling in cardiac tissue has been

explored using dielectric actuators with integrated electrodes, showing that conduction
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along CM strands was linearly correlated to strain (Imboden et al., 2019). Magnetic
sca olds have been implemented to provide yet another mode of dynamic control for
in vitro cardiac tissue mechanical testing; cells have been cultured on alginate sca olds
impregnated with magnetic nanoparticles (Sapir et al., 2014) or on PDMS micropillars
that were functionalized with magnets (Zhao et al., 2014; Javor et al., 2019).

Of all the methods to apply mechanical force to cardiac tissues, pneumatic cell
stretching systems are among the most common; pneumatic systems are generally
easier to implement in comparison to other actuation setups as many labs are already
equipped with the necessary tools to produce such systems. The use of PDMS
membrane actuators driven by pneumatic systems for cell studies is well documented
in the literature (Parsa et al., 2017; Kreutzer et al., 2014; Furuike et al., 2018; Abate
et al., 2009; Huh et al., 2010). In many cases, a PDMS membrane is created by
spincoating PDMS onto a substrate, then this membrane is sandwiched between two
other molded components. This multiple layering approach to make sensitive PDMS
membranes has been used to apply strain and monitor the force generated by cells.

A complication for this method is that the membrane deforms in and out of plane,
making it di cult to image optically. Kreutzer et al. reported a system to examine
cardiac di erentiation where human induced pluripotent stem cells (hiPSCs) were cul-
tured on a PDMS membrane stretched across a circular shell (12 mm diameter). When
vacuum was applied to the outer region of the shell, the walls buckled and strained
the membrane with minimal displacement in z (Kreutzer et al., 2014). Fabricating
vertically-oriented membranes to combat this issue is much less common. Some valve
and switch actuators produced in a single molding step contain a vertically-oriented
membrane that makes it easier to view the movable part of the device in one plane
(Abate et al., 2009). Huh et al. presented a multi-step molding process to produce

a device with a perforated PDMS layer suspended between two vertically-oriented
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membranes. Outside of these membranes were sealed microchannels where vacuum
could be applied. Cells were cultured on the suspended PDMS layer so that when these
membranes deform under vacuum, the suspended layer was stretched while remaining
in the imaging plane (Huh et al., 2010). While this is a fantastic approach to apply
strain to 2D tissues, this type of system is too sti to sense cell contractile forces.
Thinner PDMS membranes equate to higher pressure sensitivity and displacement but
fabricating very thin ( 20 m) membranes is particularly challenging especially in
a single-step molding process. Typically, these vertical membranes are much thicker
than the horizontally-oriented, spincoated PDMS membranes and therefore are not
sensitive enough to de ect under passive cell force. Even when PDMS membrane
actuation systems are modi ed to enable optical tracking, storing and processing
this optical data is computationally costly. Furthermore, testbeds that enable 3D
microtissue studies lack robust methods of precisely controlling mechanical stretch
while simultaneously monitoring contraction force.

We present an experimental platform that consists of an array of micro uidic
actuators with microtissue seeding wells and corresponding sensing electrodes that
allows users to both monitor and apply mechanical force to an array of cardiac
microtissue constructs. This system has the potential to control microtissue alignment
and orientation, and enables users to customize the mechanical properties and physical
cues within individual seeding wells through device design. This experimental system
has been implemented to study the mechanical behavior of cardiac microtissues derived

from hiPSCs.
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Figure 5 1: A cross-sectional view of the device fabrication process
is shown. Negative master molds are fabricated via DLW lithography
on silicon substrates using IP-S photoresist (top right panel). PDMS
is cast into these molds to generate membrane devices, then PDMS
devices are treated and DLW microstructures are printed on the inner
walls of the membranes. Devices are then bonded to an electrode-
patterned substrate and seeded with cells (left panel). Electrode layers
are prepared by patterning Ti/Au on cover glass and selectively coating
regions of this substrate with PDMS (bottom right panel).
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5.2 Materials and Methods

5.2.1 Mold Fabrication

Negative master molds were fabricated with DLW lithography (top right panel of
Figure 51). A commercial DLW system (Nanoscribe Photonic Professional GT)
with a 25x (NA=0.8) immersion objective was used to print the mold on a silicon
substrate. Silicon substrates (University Wafer) were cut to size and sequentially
rinsed in acetone, ethanol, methanol, and isopropanol to clean. Substrates were then
plasma-treated (Herrick Plasma cleaner, air) for 40 seconds then placed in a vacuum
desiccator with a droplet of 3(trimethoxysilyl)propyl acrylate (TMPA) for at least 4
hours. Substrates were rinsed in isopropanol and stored until ready to print. Master
molds were printed using IP-S photoresist (Nanoscribe) at 130 mm/s and 90 percent
laser power. To ensure adhesion between the part and substrate across the entire
footprint of the structure, DLW printing was begun 5 m into the substrate. The 25x
objective enables an approximate printing volume of 400 x 400 x 300 m?, and these
small print regions can be stitched together to produce structures that can cover a
4-inch wafer. For this work, our molds measure 18 mm x 10 mm x 500 m (in X, Y,
and z respectively) and each reusable mold took approximately 10 hours to print.

A 3D rendering of the mold design le and a cross sectional view are shown in Figure
5 2. Four cylindrical seeding wells are surrounded by separate annular microchannels.
These microchannels surrounding each seeding well are in turn connected to four
electrode channels, and all four devices on the mold are connected to a common
inlet channel so pressure can be applied to the channels surrounding all seeding wells
simultaneously. The negative master molds for these devices have two important
features that are not easily produced using standard lithography techniques: (1)
non-planar features along the z-axis and (2) microstructures with di erent heights (300

m and 500 m). A scanning electron image showing the cross section of a portion of



79

Figure 5 2: 3D renderings of the negative master molds for devices
used in this study. (a) Displays a top-down view of the mold. The center
channel is 300 m wide for reference. (b) Displays a cross-sectional view
of the same mold (cross section location is indicated with a red dotted
line in (a)), showing both 20 m planar (left) and 30 m wavy (right)
membrane molds.
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the mold is presented in Figure 5 3.

To improve print speed, structures were printed using shell-and-sca old mode
(Nanoscribe, 2015). In this mode, the outer layers of the structure are printed as a
dense shell while the inner regions are only partially polymerized in the form of a
sca old (for mechanical support). The outer shell prevents unpolymerized resist from
escaping the part during the subsequent rinse step.

Once printed, molds are rinsed in PGMEA for at least 2 hours to ensure all
photoresist is removed. After rinsing, samples are immediately transferred to NOVEC
7100 (3M) to remove residual PGMEA and dried by slowly removing the sample
from the NOVEC. To cure unpolymerized resist trapped within the shell of the mold,
structures undergo an additional curing step using an ultra-high powered (UHP) UV
light source centered at 389 nm (Prizmatix) at maximum power (measured collimated
output power of 5.0 W) for 20 seconds. Finally, negative master molds were treated
with trichloro - (1H,2H,2H-per uoroocytl) silane (TPFOS) overnight to reduce PDMS

adhesion during demolding.

5.2.2 Device Preparation

PDMS devices were prepared as shown in the left panel of Figure 5 1. PDMS (1:10
Sylgard 184) was cast onto negative master molds and degassed. After all air bubbles
were evacuated, an untreated microscope slide was placed on top of the mold and
uncured PDMS to create an even thickness (not shown). The part of the mold used
to produce the cylindrical seeding wells was designed to have a height of 500 m and,
as the tallest structures on the mold, provided support for the glass slide and acted as
spacers. Additional rubber spacers with a thickness of 300 m were placed at the far
edges of the silicon substrate that the mold was printed on in order to prevent the
glass slide from tipping too far in one direction, which could lead to large di erences

in PDMS thickness detrimental to device function. After a second degassing step,
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Figure 5 3: SEM image showing a DLW-printed negative master mold
that has been bisected to show the inner membrane and seeding well
mold for a device. The inner support structures characteristic of shell-
and-sca old print mode are visible. A post-cure step was implemented
to cure the resist trapped inside of the structure in the empty space
surrounding this mechanical sca old. Scale bar is 100 m.
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samples were baked on a hot plate at 150 C for 15 minutes. Once cooled, PDMS was
gently removed from the mold side rst, then peeled o the glass microscope slide.

Once the PDMS devices were formed as described above, they were treated
with TMPA to prepare the surface for DLW printing. After 30 seconds of plasma
treatment, TMPA was dropcasted onto the surface of the PDMS and incubated at
room temperature for no more than 20 minutes. The TMPA was then rinsed 0 using
IPA and samples were lightly blown dry with nitrogen. This treatment step should
be performed within one day of printing, as TPMA-treated PDMS tends to cloud
after several days and reduces adhesion during the nal bonding step. DLW-printed
microstructures were designed using Solidworks and printed using Nanoscribe GT
Professional with the material pentaerythritol triactylate (PETA) mixed with 3 weight
percent Irgacure 819 (BASF) photoinitiator. The oil mode sample holder was used
with cover glass taped in the printing location to act as a temporary substrate and
provide rigidity to the 500 m-thick PDMS devices. A small droplet of PETA was
added to the cover glass before the PDMS substrate was gently placed on top of the
secured cover glass so that resist would Il the open seeding wells. An additional
small droplet of PETA ws placed on top side of the PDMS substrate to ensure enough
resist was present to maintain a meniscus between the sample and lens. After printing,
PDMS samples were sequentially rinsed in PGMEA (2 minutes), ethanol (2 minutes),
and IPA (4 minutes). If left too long in PGMEA, the PDMS absorbs some of the
solvent and an additional degassing step is necessary. Inlets are made in the PDMS
using biopsy punches.

After inspection using optical microscopy, devices were sealed by bonding to
electrode-patterned substrates. We found that it was easier to bond membranes
to cover glass spincoated with PDMS compared to bare glass. This PDMS-coated

electrode layer was prepared as shown in the bottom right panel in Figure 5 1. Ti/Au
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Figure 54: (a) an image of a sealed test system (scale bar 10 mm)
and (b) a test system loaded with microtissues and positioned in the
device holder.

(20 nm/80 nm) electrodes were patterned on 22 x 22 mm? cover glass by using a
custom-made stencil mask and electron beam evaporation (CHA Industries). These
substrates were then selectively masked with scotch tape (3M) to ensure that the
electrodes were exposed in some regions (speci cally, the electrode pads and electrode
\tips" closest to the membranes where sensing occurs). Masked substrates were plasma-
treated and spincoated with PDMS to forma 20 m Im, then tape was removed and
samples were baked at 150 C for 5 minutes. At this point, PDMS devices containing
DLW-printed structures were bonded to this substrate electrode layer. A second
PDMS layer with 4 mm thickness was then bonded on top of the device layer. This
part contained a 6 x 10 mm? rectangular cutout to act as a media reservoir, a pressure
inlet to connect the micropump for actuation, and a 6 x 3 mm PBS well surrounding
this inlet to keep the device electrode/pressure microchannels hydrated. Figure 5 4(a)
shows the nal device ready for cell seeding and testing and Figure 5 4(b) displays a

cell-laden device loaded into a custom sample holder with built-in electrodes.
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5.2.3 Pressure Actuation

Pressure actuation was achieved using a micro uidic ow control system (Elve ow,
OB1-MK3). For the channel pressure range used (-900 to 1000 mbar), the ow system
provides pressure stabilities of 100 bar and 150 bar for -900 to 500 mbar and 500
to 1000 mbar ranges, respectively. Response times down to 9 ms and settling times

down to 35 ms are observed with this system.

5.2.4 hiPSC Culture and Cardiomyocyte Di erentiation

Wild type human induced pluripotent stem cells (hiPSCs) were maintained in complete
mTeSR1 medium (Stem Cell) and di erentiated to the cardiomyocyte lineage in RPMI
1640 medium (Gibco) supplemented with B27 minus insulin (ThermoFisher) by
sequential targeting of the WNT pathway. The WNT pathway was activated using 12

M of CHIR99021 (Tocris) in Day 1 and the pathway was later inhibited using 5 M
of IWP4 (Tocris) in Day 3 and Day 4. Cardiomyocytes were isolated after showing
spontaneous beating (usually between Day 9 to Day 14) using metabolic selection
by adding 4 mM of DL-lactate (Sigma) in glucose free RPMI 1640 medium (Gibco)
for four days. Following selection, cardiomyocytes were maintained and assayed in
RPMI 1640 medium supplemented with B27 (ThermoFisher) and used to make cardiac

tissues between 20 to 30 days post initiation of di erentiation.

5.2.5 Cardiac Tissue Generation

PDMS devices were plasma-treated for 30 seconds and then sterilized in 70 percent
ethanol for one hour followed by washing in sterile deionized water for 30 minutes.
The sterilized devices were then treated with 2 percent pluronic F127 for 30 minutes at
room temperature to prevent cell adhesion to PDMS. Cardiomyocytes were dissociated
after trypsin digestion and mixed with stromal cells (human mesenchymal stem cells,

hMSCs) to enable tissue compaction. A suspension of 1 million cells (90 percent
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cardiomyocytes and 10 percent hMSCs) within 2.25 mg/mL liquid neutralized collagen
I (BD Biosciences) was added to the device on ice, then centrifuged to drive the
cells into the seeding wells. Excess collagen and cells were removed by aspiration
before incubating at 37 C to induce collagen polymerization. The tissue culture media
consisting of DMEM (Corning) with 10 percent Fetal Bovine Serum (Sigma), 1 percent
GlutaMax (Gibco), 1 percent Non-Essential Amino Acids (Gibco) and 1 percent
Penicillin-Streptomycin (Gibco) was then added to the device. Cells compacted the

collagen gel over several days and testing was performed 5 days post seeding.

5.2.6 Experimental Setup for Cell Monitoring and Pacing

During cell seeding right before centrifugation, PBS was added to the pressure and
electrode channels in the PDMS device. The small PBS well was kept hydrated to
ensure the PBS in the electrode/pressure microchannels did not evaporate. Once
cell-laden devices were ready for testing, they were removed from an incubator and
positioned onto a custom sample holder equipped with spring-loaded electrodes that
were pushed against the gold-patterned contact pads. This sample holder was then
placed in a humidity and CO, controlled chamber where the micro uidic pump was
connected to the micro uidic inlet. At this stage, microtissue contractions within the
devices can be passively monitored or changes in pressure can be applied to actively
stretch/compress the microtissue while simultaneously monitoring changes in channel
impedance with membrane de ection. If long-term passive monitoring is desired, no

pump is necessary and the test system can be placed directly in the incubator.
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5.3 Results

5.3.1 Test System Development

Test systems included an array of four open cylindrical seeding wells (500 m tall, 800

m diameter) encircled by shorter (300 m tall) micro uidic channels which act as
pressure and sensing channels as shown in Figure 5 2. Thin membranes separate the
seeding well from these annular microchannels. When a pressure di erential is applied
between the outer microchannels and the unpressurized seeding well, the membrane
de ects and the change in electrical impedance in the pressurized outer channel due
to this de ection is monitored. Thinner membranes provide higher sensitivity. In
order to test the limits of this molding process, linear vertical membranes with various
heights, lengths, and thicknesses were fabricated. Membranes as thin as 4 m with
surface areas of 100 x 100 m? can be produced using this method, but the minimum
membrane thickness quickly increases for designs with larger membrane surface area.
Not only are these very thin membranes prone to tearing o the bulk PDMS and
remaining in the DLW-printed mold, but some are not mechanically strong enough
to be self-supporting and make it very di cult to seal the device later in fabrication.
Considering these factors, for designs with relatively large surface area (1 mm length,
300 m height), the minimum membrane thickness that could be reliably produced
and self supporting was about 18-20 m. This information was used to construct the
devices implemented in these experiments.

We selected planar membranes with 20 m thickness based on our membrane
fabrication experiments and 30 m-thick \wavy" membranes. The 30 m wavy
membranes were selected because, despite being signi cantly thicker, they behaved
similar in terms of displacement with applied pressure and and were slightly more
robust during the fabrication process compared to the 20 m planar membranes.

A slight 10-degree taper inwards was added to the membranes to prevent adhesion
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problems during the nal fabrication step where polymer cages were printed on the
sides of the inner membrane walls. This taper helped avoid power loss due to shadowing
from surrounding structures and ensured that the cages have good adhesion to the
PDMS. The actual height of the membranes was found to be 280 m due to some
PDMS shrinkage and the printing o set used to encourage uniform mold adhesion.
Small cylindrical cage-like structures were printed using DLW on the sides of
the membranes to provide cells with attachment points. These cages are 100 m in
diameter, 200 m in length and were printed to be centered along the z axis of the
membrane, which is the region of the membrane where the most displacement occurs.
It was very important to make sure there was no sample tilt of the substrate PDMS
during printing or cages were more likely to fall o during printing or development.
Causes of sample tilt may be due to the sample holder being slightly askew or
nonuniform PDMS thickness. Cages were printed in a unique two-step process to
prevent the large overhanging part of the cage from oating away during printing.
The half of the cage attached to the membrane was printed rst in the upward z
direction through already polymerized resist (the typical direction used for oil-mode
printing), then the second half of the cage was printed in the downward z direction
to slightly overlap the rst half. Figure 55(a) displays a cage printed in one step
in a PDMS channel and Figure 5 5(b) displays a cage printed using the described
two-step method. It can be seen that the cage printed in one step is missing half of
the protruding structure whereas the two-step cage is fully in tact albeit with a seam
where the two halves meet. In each device, all cages are printed using one job le to
ensure uniformity (e.g., structures are printed on the same z-plane with programmed
x and y distances from one another). Figure 5 5(c, d) displays SEM images of PETA

cages printed on the inner walls of seeding wells in bisected devices.
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Figure 55: PETA cages printed on the side of a micro uidic channel
in (a) one print step and (b) two print steps. (c, d) Scanning electron
images of bisected nal PDMS devices with DLW-printed cages bonded
to PDMS-coated glass are shown. Scale bars are 100 m.
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Figure 5 6: A schematic of the device electrical con guration used for
sensing membrane displacement is shown.

5.3.2 Highly Sensitive Membrane Transducers for Low Force Measure-
ment

A schematic of the measurement circuit is superimposed over an image of a single
device in Figure 56. The microchannels are lled with 1x PBS (Fisher, 14-17.8
mS/cm) to provide hydraulic pressure for microtissue stretch and pacing and ion
conduction for electrical sensing. The resistance of the annular microchannels was
measured as a function of membrane displacement. A lock-in ampli er (Stanford
Research SR830) was used for the measurement with the oscillator output set to a
frequency of 25 Hz and an amplitude of 5 V. The output was connected in series with
a 10 M resistor and this current was passed through the microchannel (electrodes 1
& 4, Figure 5 6 The second pair of integrated electrodes (electrodes 2 & 3) were used
to sense the voltage change with the membrane de ection along the microchannel.
Only the in-phase part of the output signal was analyzed. The resistance of the
microchannel between the sensing electrodes ( 15-30 k ) is signi cantly smaller than
the current-dropping resistor and the resistance of each electrode channel which was

measured to be 300 k were not expected to strongly a ect the assumption of
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Figure 5 7: Corresponding calibration data with (a) normalized con-
ductance and (b) nominal strain as a function of applied pressure for 20

m planar membrane devices (red) and 30 m wavy membrane devices
(blue).
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constant current. The resistance of the channel can be expressed as

R() =Ry + R(t) = % (5.1)

where Ry is the initial resistance and the time dependent R(t) comes from the
change in microchannel size due to membrane de ection caused by actuation or cell
beating in the sensing region of the device. Resistance was converted to normalized
conductance ( G=Gy) for analysis, where Gy is the baseline conductance at 0 mbar
(no displacement) and G = G(t) Gg. The lock-in output was high-pass Itered
using a voltage preampli er (Stanford Research SR-560) from 0.1 Hz or digitally

Itered (moving mean) in order to remove low-frequency drifts from noise in the
testing environment.

For pressure control, the test system was connected to a micro uidic ow control
system (Elve ow, OB1-MK3) capable of applying both positive and negative pressure
in the range of -900 to 1000 mbar. Large micro uidic channels (300 m x 300 m cross
sectional area) reduce pressure drop and instantaneous membrane response to changes
in pressure within the system was assumed. Prior to microtissue testing, calibration
data were taken for 20 m planar and 30 m wavy membranes and displacement was
tracked both optically and electrically. Figure 5 7(a) shows the resulting signal as a
function of applied pressure. Membrane displacement was recorded using an optical
microscope during the pressure sweeps to determine the nominal strain with applied
pressure ( gure 5 7(b)). Strain curves for 30 m wavy membranes were tted for both
positive and negative pressures since there was a slight di erence in displacement
between the two regimes. Due to the 10 degree inward taper designed on all membranes,
it was di cult to optically image devices and analyze displacement without cages
already printed, particularly for the 20 m planar membranes. Overall, both types of

membrane devices had similar mechanical performance. When calculating strain, the
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starting length was set to be the distance between the centers of two cages positioned
across from one another. While optical analysis (performed using Matlab Vision
Toolbox) is limited by frame rate and image scale (pixel to micron ratio), impedance
measurements allow us to detect changes in pressure as small as 0.5 mbar for 20 m
membrane devices and 1 mbar for 30 m wavy devices. COMSOL was used to estimate
the Young’s modulus of the PDMS membranes based on experimental pressure versus
displacement data, yielding a value of approximately 2.4 MPa. This value is consistent
with values reported in literature (Johnston et al., 2014). The upper limit of pressure

that can be applied before membrane failure is approximately 1.5 bar.

5.3.3 Sensing Cardiac Microtissue Mechanical Behavior

To demonstrate the use of this test system to characterize microtissue contractile
behavior, hiPSC-derived CMs were seeded in devices and monitored under various
mechanical conditions. After cells were seeded devices, microtissues were allowed to
compact over several days. Similar to the process described in Legant et al. where
microtissues compacted around PDMS pillars, the cages attached to the sides of the
membranes act as attachment points for cells. Figure 5 8(a) shows the process of
tissue compaction in a device with radially-oriented cages. Microtissues were xed
and stained after mechanical testing using DAPI (blue, nuclei) and FITC (magenta,
sarcomeric actinin). These images show that hiPSC-derived CMs are well distributed
throughout the tissue, and that cells are interacting with the cages and fully suspended
across the device ( gure 58(b, ¢). On day 5, spontaneous microtissue contraction
was measured. Figure 5 9(a) displays the recorded response over 60 seconds for each
type of membrane device. Since conductance depends on the geometry of the outer
microchannel where the measurement is being taken, the absolute magnitude of the
signals are di erent between the two types of devices. Calibration data taken for each

type of device (shown in Figure 5 7(a)) was used to calculate the approximate force
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Figure 5 8: (a) Microtissue compaction over 8 days. (b, ¢) Microtissues
were stained with DAPI (blue) to show nuclei and FITC (magenta) to
show sarcomeric actinin. Imaging con rmed tissues were suspended
within devices and in good contact with the cages. Scale bars are 100

m, 100 m, and 50 m.



94

Figure 5 9: (a) Spontaneous contraction monitoring of CM microtis-
sues in 20 m planar (red, higher signal) and 30 m wavy (blue) devices.
(b) and (c) display force-length testing data which exhibits spontaneous
contraction force increase with increasing stretch. * indicates p-value
less than 0.0001 as determined from t-test.
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per area (in mN/mm?) that the microtissues were applying with each spontaneous

contraction.

5.3.4 Applying Mechanical Force to Cardiac Microtissues

A series of measurements were performed in order to test microtissue contraction force
as a function of applied strain, or change in tissue length. Spontaneous contractions
were monitored for 2 minutes (at least 24 contractions per stretch step) as constant
negative pressure was applied to the outer microchannels of the device. The pressures
tested were 0, -10, -20, and -30 mbar which correspond to approximately 0, 0.5, 1,
and 1.5 percent strain, respectively. Figure 5 9(b) displays the resulting contraction
force data for microtissues in both types of devices. A similar test was performed on
the same microtissue samples where strain was increased from 0 to 4 percent quickly
and contraction peaks were recorded. Figure 5 9(c) displays data points from this
test as well as data from the 2-minute force-length tests. Although preliminary, this
data shows a very clear trend of increasing contraction force with stretch consistent
with the Frank-Starling e ect (Ruan et al., 2016). To determine the impact of
short-term mechanical pacing on microtissues, devices were monitored before, during
and after about 15 minutes of mechanical pacing at 0.5 Hz. The pacing rate was
selected to be slightly faster than the spontaneous contraction rate to see if cells
would adjust their beat frequency to keep up with the applied mechanical stretch.
The applied pressure was a square wave with +/- 10 mbar and an 85 percent duty
cycle. Figure 5 10(a) displays the channel conductance over the rst 300 seconds of
applied pacing. No signi cant di erences were observed in microtissue contraction
force or beat frequency before, during, and after pacing ( gure 5 10(b, ¢)), although
some interesting synchronization appeared to take place after about 200 seconds in
one of the 20 m devices. For a short while, the cells were able to keep up with the

applied mechanical pacing (orange box in Figure 5 10(c)) before returning to their
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original (slower) spontaneous pace.

5.4 Discussion

To the best of our knowledge, the device presented here is the rst where the sensi-
tivity of a membrane can be used to both apply force and monitor the force within
microtissues continuously. Using DLW to produce negative master molds for these
vertically-oriented membrane devices enables high resolution prototyping for unique
designs that would otherwise be challenging to fabricate, such as the 30 m wavy
membrane used in this study. The disadvantage to fabricating entire molds using
DLW is the long ( 10 hour) printing times. DLW has been used in the past to
produce negative master molds for micro uidics (Lamont et al., 2019; Lin et al., 2018;
Marino et al., 2018). Some groups have used traditional single-photon lithography to

rst produce regions of the negative master mold that do not require the 3D spatial
resolution that DLW o ers (Lamont et al., 2019; Lin et al., 2018). This is a great
option to improve fabrication speed as actuator designs are standardized for future
testing.

In this study, mechanical analysis was only performed for tissues grown in devices
with radially-oriented cages, but preliminary data (not shown) suggest that microtissue
compaction and function are highly dependent on the position of the cages printed on
the side walls of the membranes. The impact that the geometry and positioning of the
side wall attachment structures has on microtissue assembly will be further explored
in future studies. For example, printing attachment points in two di erent planes
along the z axis of the device can potentially lead to the formation of two sheets with
con icting environmental alignment cues of cardiac tissue in close proximity.

Force-length and mechanical pacing experiments were performed in order to test

the feasibility of this test system for studying hiPSC-derived cardiac microtissue
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Figure 510: (a) 20 m device response while pacing at 0.5Hz (large
negative peaks showing decrease in microchannel conductance) and mi-
crotissue contractions (positive peaks). (b) Contraction forces monitored
before, after, and during pacing experiments. No signi cant change
in microtissue force was observed. (c¢) Beat frequency before, during
and after pacing with temporary signal locking observed during 20 m
device pacing (orange box) corresponding to period when microtissue
measurements shown in (a) around 220 seconds into the recording.



98

mechanical behavior. The Frank Starling e ect describes the linear relationship
between tissue length and contraction strength and is commonly used as an indicator
of healthy heart tissue (Ribeiro et al., 2019; Schwinger et al., 1994; Helmes et al., 2016).
This e ect has been demonstrated for hiPSC-derived cardiac tissues in conjunction
with electrical stimulation (Mannhardt et al., 2016; Uesugi et al., 2019; Tulloch et al.,
2011; Ruan et al., 2016). We see indications that our much smaller microtissue
constructs display Starling curves in the absence of electrical pacing when stretch is
applied at lower strains.

Interestingly, preliminary pacing data shows brief periods of synchronization
between the applied mechanical stretch and microtissue contraction. In the literature,
we found only one report where a single neonatal rat cardiomyocyte was mechanically
paced to induce synchronization using an external force probe (Nitsan et al., 2016).
Higher variability in beating frequency and amplitude during pacing were also observed,
but it is unclear if these observations are due to signal processing complications; as can
be seen from Figure 5 10(a), there are regions of the contraction signal that appear
lower in amplitude when microtissues contract during applied stretch. When this
happens, the amplitude of the stretching signal (negative change in conductance)
is also reduced. Depending on the point in the stretch cycle where microtissues
contract, the contraction signal can get buried within the actuation signal making it
di cult to decouple and analyze these responses. More work is needed to decouple
these signals to better understand how short-term mechanical pacing in uences
microtissue synchronization. Although no signi cant di erences in contraction force
or beating frequency are evident in this experiment, our results are the rst to show
tissue synchronization from short-term mechanical pacing of engineered cardiac tissue
without the assistance of electrical pacing, albeit for a short period of time. Mechanical

pacing in uences microtissue behavior and further studies are needed to understand
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this fundamental relationship.

Future work will include monitoring the contractile behavior of microtissues when
electrical stimulation is added. By modifying the device design (e.g., di erent mem-
brane geometries), even higher strain will be possible at lower negative pressures.
Implementing a closed feedback system to react to microtissue spontaneous con-
tractions would also o er useful insight on the relation between CM function and

mechanical environment.
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Chapter 6

Conclusions and Outlook

This dissertation explored the use of DLW to generate testbeds for fundamental
cell studies. DLW lithography provides unique advantages over soft lithography and
step-by-step photolithography processes, making it an ideal method for producing
arbitrary 3D structures in the range of 100 um to 1 mm with submicron resolution.

Important techniques have been developed, such as protocols for printing on
atypical substrates and patterning with materials incompatible with DLW, and were
presented in chapter 3. We showed that 3D DLW microstructures can be integrated
with MEMS actuators to allow precision measurements or dynamic control in a
straightforward and cost-e ective way. Depending on speci ¢ research needs, MEMS
devices can be customized to provide the necessary force and displacement required
for the desired dynamic mechanical behavior. These devices have been used to study
the mechanical behavior of common DLW materials. Hybrid DLW-MEMS devices
also have the potential to enable exciting new applications that require microstructure
actuation, such as IR imaging.

In chapter 4, a method of studying cell behavior on curved topographies at
biologically relevant length scales was presented. This approach enabled rapid iteration
through di erent topographic designs that would otherwise be di cult to fabricate
using traditional microfabrication techniques in order to identify how parameters
such as waveform, wavelength, and amplitude impact contact guidance of endothelial

cells. Although there are some technical tradeo s when using DLW as a fabrication
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method for large surface area structures, it provides the necessary high resolution and
versatility to create structures for a variety of biological migration studies.

The highly customizable cardiac microtissue devices presented in chapter 5 enables
users to adjust the mechanical behavior of the device, thus the sensitivity and sti ness
of the cellular microenvironment, through design. We show that mechanical stretch
increased the strength of microtissue contractions consistent with the Frank Starling
model. Preliminary experiments support that mechanical pacing alone can in uence
engineered microtissue contractile behavior. Two membrane types were presented,
however the design options are numerous; a single membrane can easily be designed
to have regions of varied thickness or shape, which can simulate local gradients in
tissue sti ness. This test platform will provide researchers with a highly customizable
system to study and further the maturation of hiPSC-derived cardiac tissue.

It has been demonstrated that DLW is a powerful tool for exploring the cellular
microenvironment. However, much more work is needed to continue to develop the
DLW process speci cally for tissue engineering applications. Future research could
include additional focus on the combined e ects of mechanical stretch and physical
alignment cues on CMs as demonstrated in this project. Studying cell behavior in
the presence of con icting environmental cues, such as mechanical stretch applied
perpendicular to the alignment direction of an anisotropic 3D structure, can lead to a
better understanding of the coupling between these cues and how they impact overall
tissue function. Furthermore, the inclusion of selective adhesion sites within these
engineered microenvironments can add further complexity to better simulate in vivo
conditions. By developing an understanding of how these complex microenvironmental
cues are related to one another and how they impact cell behavior at the micro-scale,
researchers will hopefully be able to deduce which factors are necessary for proper

tissue function when scaling up tissues that may someday be successfully implanted
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in patients to replace diseased or damaged tissue.
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