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Abstract—Multi-Organs-on-Chips (multi-OoCs) represent hu-
man or other animal physiology on a chip—providing testing
platforms for the pharmaceutical, cosmetic, and chemical in-
dustries. They are composed of miniaturized organ tissues (so-
called organ modules) that are connected via a microfluidic
channel network and, by this, represent organ functionalities
and their interactions on-chip. The design of these multi-OoC
geometries, however, requires a sophisticated orchestration of
numerous aspects, such as the size of organ modules, the required
shear stress on membranes and subsequently the flow rate,
the dimensions and geometry of channels, pump pressures,
etc. Mastering all this constitutes a non-trivial design task for
which, unfortunately, no automatic support exists yet. In this
work, we propose a design automation solution for multi-OoC
geometries. To this end, we review the respective design steps
and derive a corresponding formal design specification from
them. Based on that, we then propose an automatic design tool,
which generates a design of the desired device and exports
it in a fashion that is ready for subsequent simulation or
fabrication. The open-source tool and a step-by-step tutorial
are available at https://github.com/cda-tum/mmft-ooc-designer,
Evaluations (inspired by real-world use cases and confirmed by
CFD simulations as well as a fabrication process) demonstrate
the applicability and validity of the proposed approach.

Index Terms—microfluidics, microphysiological system, organ-
on-chip, physiological perfusion, shear stress, multi-organ, design
automation

I. INTRODUCTION

N 2022, the FDA updated the FD&C Act and, for the

first time, allowed alternatives to animal testing for the
approval of pharmaceuticals in the USA, specifically Organs-
on-Chips (OoCs).

00Cs (also known as Microphysiological Systems , MPS)
represent parts of the human physiology on-chip—providing
an in vitro testing system. However, while culturing organs in
a single tissue chip can provide insights into the mechanism
within that single organ, intra-body communication and re-
sponse to disease, injury, and therapy can only be investigated
if a combination of organ modules is considered [1]. These
multi-OoCs typically consist of several organ modules that
include miniaturized organs and that are connected in a
physiologically relevant fashion to other organ modules. Each
organ module consists of a tank that holds some type of
miniaturized scaffold and cells. The latter can include, e.g.,
lab-grown tissues [1]], [2]], organoids [3]], bio-printed [4], [5],
or patient-derived tissues such as tumor tissue [6], and simulate
key aspects of human or other animal organs or organ units.

The connection between those organ modules is achieved
via a microfluidic channel network. This allows for a fluid
flow that interconnects the modules and supplies the cells

with nutrients, removes waste, and realizes inter-organ com-
munication via messenger molecules [7|]. For the multi-OoC
to mimic the reaction and effect on the represented organism,
a well defined physical microenvironment within its modules
and a circulating fluid flow are required [3]], [8]]. This organ
communication from and between the organ modules occurs,
inter alia, through cytokines (messenger molecules that allow
inter-organ communication).

In some OoCs, a porous or semi-permeable membrane is
employed to separate the cells from the microfluidic channel
network. This membrane represents the endothelium, i.e., the
inner lining of blood and lymph vessels of the organism
on-chip, and emulates the organ tissue-blood barrier. It is
usually seeded with endothelial cells, which results in more
realistic drug absorption, distribution, metabolism, excretion,
and toxicity [1f], [9]].

By this, OoCs provide the missing link between simple,
ordinary cell culture approaches, in which pharmaceutical
compounds are first identified, and clinical trials by either
supplementing or replacing animal studies.

At the moment, multi-OoCs geometries realize the inter-
actions between organ modules either through (1) distinctive
predefined systems [[10]], [11] (that are static and designed for a
fixed combination of organs) or (2) plug-and-play connection
systems [[1]], [12]], [13]] (that are more flexible and can realize
different combinations of organs).

However, the design of the case dependent chip geometries
is not a trivial task and requires a sophisticated orchestra-
tion of numerous aspects, such as the size and scaling of
organ modules, the required shear stress on membranes, the
dimensions and geometry of channels, pump pressures, etc.
These aspects are correlated, and even slight changes can
affect the whole system. Moreover, because of the various
applications of multi-OoC systems, the testing of compounds,
e.g., for patient-specific applications (testing a treatment on a
platform with patient-derived tissues prior to treatment of the
patient), requires frequent redesigns—Ileading to severe design
and fabrication loops. Considering that the design of multi-
OoC geometries has been conducted manually thus far, this
leaves a tedious, error-prone, and costly process.

In this Wor we propose techniques and methods that
address these problems. To this end, we utilize expertise from
the design automation domain and apply them to multi-OoC
design requirements. Design automation was historically ap-
plied to the design of electrical circuits and systems—allowing

'A preliminary version of this work was published at the DATE Conference
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Fig. 1: Multi-Organ-on-Chip schematic, partially created with biorender.com.

to realize the state-of-the-art IT systems composed of millions
of components we take for granted today. In an effort to
utilize those accomplishments for multi-OoC geometry design,
we first review the respective design steps and then derive
a corresponding formal specification from them. This formal
specification is then used as input for a design automation
approach generating the desired design. Finally, the obtained
design is exported as a geometry definition that can directly
be used in simulations or for subsequent fabrication.

The applicability and validity of the proposed approach are
confirmed by evaluations. More precisely, the automatically
generated designs for multi-OoC geometries are simulated, and
one instance was fabricated using a commercially available 3D
printer. The simulations confirm the validity of the tool, while
the execution of the fabrication flow allowed to validate the
usefulness of the resulting geometries for fabrication.

The remainder of this work is structured as follows: Sec-
tion [[I| reviews the general design of multi-OoCs. Afterwards,
Section [[]] introduces constraints to automatically define such
a design. Section [l describes the design method the resulting
tool is based on, and in Section [V] the evaluations based
on simulations and fabrication are summarized. Finally, Sec-
tion [Vl concludes this work.

II. DESIGN OF MULTI-ORGAN-ON-CHIPS

At first glance, the design of multi-OoC geometries may
look simple: Organ modules (for which several solutions have

been proposed and fabricated in the past) [10], [15], have

to be taken and connected by a microfluidic channel network.
However, the realization of (1) the correspondingly needed
interplay between different organ modules, (2) the microfluidic
channel network, and (3) the membranes that connect both
is a non-trivial task. In this section, we briefly review the
correspondingly needed design steps. To this end, we first
revisit the overall structure of the corresponding devices.
Afterwards, we cover how to properly design them.

A. Schematic of a Multi-Organ-on-Chip

Fig. [Ta] sketches the overall schematic of a multi-OoC. It
includes organ modules, a microfluidic channel network, and
membranes connecting both.

The overall design is based on the systemic connection of
multiple organs on-chip, where the organ size is influenced
by the chip design. The media perfusion is circulatory to
mimic soluble factor cross-talk between the organs and uni-
directional, but the media is also continuously replenished.
Similar multi-OoC set-ups have been described in [I]l, [9],
[17]-[20]. This physiologically relevant connection needs to
be designed to replicate the complexity of the human body,
influencing microgradients, exposure of organs, and is depen-
dent on reasonably scaled organ sizes. This in turn drives the
overall complexity of the channel network design.

1) Organ Modules: The organ modules represent the physi-
ology on-chip by emulating the represented organism’s organs.
In Fig. [Tb] examples of how organ modules can look are
sketched. They contain organ tissues that are cultured in



tanks filled with a cell culture medium. The tissues inside
of them can be one of two geometries: a sphere geometry
or a flat geometry. The former represents suspended tissues
like spheroids, organoids, or 3D structures (e.g., due to an
artificial extracellular matrix; ECM). Typical examples include
tumor tissues, but other organs like brain tissue can also be
represented this way [21]. The flat geometry represents cell
layers that grow directly on the epithelial membrane. Typical
examples include barrier tissues such as the lung or skin []1]],
[9]l, [22]. The organ modules are often individually separated
from the rest of the chip via a membrane.

2) Membranes: The membranes connect each organ mod-
ule to the microfluidic channel network. They can be seeded
with endothelial cells to simulate a vascular system. It realizes
the cytokine and molecule exchange between each organ
module and the microfluidic network, enabling the inter-organ
communication between the modules.

3) Microfluidic Channel Network: Finally, the microfluidic
channel network connects the different organ modules and,
by this, allows for inter-organ communication. In Fig.
a junction of the microfluidic channel network is depicted.
Here, a supply channel is realized, which (through the inlet)
introduces fresh cell culture medium (fluid) and, by this, new
nutrients into the system (and, hence, to the organ modules).
Vice versa, a discharge channel is realized, which (through the
outlet) removes the fluid (now depleted cell culture medium),
including any produced waste products, from the system. Con-
veniently, this can then also be used for subsequent analyses.
Both the supply channel and the discharge channel have to
employ the same flow rate (realized by the pumps) in order to
keep the system in equilibrium. Additionally, a recirculation
pump ensures that part of the discharge fluid is redirected back
towards organ modules. Finally, a connection channel directly
connects one organ module to the next organ module.

B. Design

To properly design multi-OoCs as reviewed above, several
constraints have to be considered—constituting a non-trivial
design. These constraints are reviewed in the following.

1) Organ Module Design: Each organ module consists of
a tank in which a tissue is housed. In order to properly
design a combination of organ modules, the relative sizes of
the modules and the size of the tissues in them need to be
proportional (since their relationship to each other and their
impact on the system should be replicated the same way they
interact in the represented organism) [9]. At the same time,
the organ size of non vascularized tissues is restricted to a
width of maximal 500 um (depending on the cell type) [2],
[21]], [23]]. In a larger tissue, the lack of vascularization would,
therefore, lead to a lack of oxygen as well as nutrients and,
hence, necrosis in the organ center. Defining the size of the
organ modules also directly affects the design of the remaining
multi-OoC geometry.

2) Membrane Design: The membrane, or, more precisely,
the endothelial cells growing on the membrane, need to be
exposed to a mechanical force, specifically a dedicated shear
stress. That is, the tangential force that is applied to the

endothelial layer should be low enough to not wash away
the endothelial cells that are growing on the membrane. At
the same time, it should replicate the shear stress of the
represented organism (e.g., the blood flow along the vessel
walls) to prevent dedifferentiation [24], i.e., the loss of cellular
characteristics [25]). This, in turn, also affects, e.g., the required
flow rate in the microfluidic channel network.

3) Microfluidic Channel Network Design: The microflu-
idic channel network connects the organ modules via the
membranes on-chip. With that, it is key that this network
is designed properly to achieve the desired physiological
inter-organ communication. More precisely, the dimensions
and geometry of the channels, as well as the realization of the
respective branching, eventually regulate the flow rates of each
channel. This, in turn, realizes the physiological perfusion in
vitro and, by this, the rate of blood flow (emulated by the fluid
within this microfluidic channel network) passing by the organ
modules, which reproduces tissue exposure. Properly defining
those flow rates is required to ensure that, e.g., organs with a
lower perfusion are exposed to a lower volumetric flow rate,
while organs with high perfusion, like the liver, are exposed to
a larger flow rate. This, together with the size of the modules
and the respective required shear stress to be realized on the
membranes, requires a careful design of the entire network.

Overall, in order to properly design a multi-OoC including
the microfluidic network geometry and the placement and
extent of the organ modules, a sophisticated orchestration of
numerous aspects is required, including the size and geom-
etry of organ modules, the required or allowed shear stress
acting on the membranes, the dimensions and geometry of
the microfluidic channel network, and pump pressures, etc.
Eventually, this results in various constraints that need to be
considered when generating a corresponding design.

Resolving all these interlinked aspects is a complex task
that is mainly conducted manually thus far. Accordingly, the
design of corresponding devices still remains a tedious, error-
prone, and costly task that urgently requires automation.

In the next two sections, we first derive a formal specifi-
cation of the resulting multi-OoC geometry requirements and,
then, propose a design approach that handles these tasks in an
automated fashion.

III. FORMAL SPECIFICATION

To determine a formal specification of the desired multi-
OoC geometry, the aspects that were reviewed in the previ-
ous section need to be formalized. Again, this includes the
specification of the organ modules, the required or allowed
shear stress acting on the membranes, and their connection via
the microfluidic channel network. The latter is responsible for
representing the physiological perfusion of the organ modules
and subsequently their exposure and effect to the whole system
represented by the multi-OoC.

A. Organ Module Size and Geometry

First, the organ modules need to be defined. This includes
the specification of its tissue geometry and size. In general,
organ-on-chip systems usually employ two different types of



organ tissue geometries: spherical and flat tissues (as reviewed
above and shown in Fig. [Ib). However, more complex tissue
structures can also be integrated in the organ modules. While
the method defines the overall tissue and tank size, it does
not necessarily define the tissue shape, allowing for flexibility
in incorporating different tissue structures within the specified
tank dimensions. For this, one of the two geometries—flat
or sphere—needs to be selected based on which fits best
the desired tissue configuration, as this choice determines the
organ tank size calculation.

If only flat, i.e., layered, tissues are used, the channel
width that is equal to the module width is set to 1 mm. If,
instead, at least one round tissue is included in the OoC, its
radius r defines the module size and, hence, the circulating
fluid channel width. More precisely, then, the organ module
width and length are equal to 4 x r where r < 250 um [21]].
By including a distance of r from the tissue to the tank walls,
the tissue can easily fit into the tank. This also allows for
cell growth of the tissue and provides space for additional
support structures that may be needed for tissue specifications.
Furthermore, the organ cells are typically matured and exhibit
slow growth rates [26]], or they grow within the structures in
which they are housed.

The organ module sizes need to be adjusted in relation
to each other so that they indeed represent a scaled-down
version of the considered organism. For this, a linearly scaling
approach was employed, which results in the same mass
(and volume) relation on-chip as in the represented organism.
More precisely, when the mass of the complete scaled down
organism M, [kg] (“total mass of the miniaturized organism’)
is unknown, it can be determined by specifying the desired
mass of the miniaturized organ module M, [kg] using

_MmXMh
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where M} [kg] is the mass of a reference human and
Mrpissue [kg] is the reference mass of the tissue in the
reference human. Based on that, the weight of all remaining
organ modules can be determined using

MTissue X Mb

M, =
My,

2)

Together, organ geometry and mass (and volume) define the
module size and also influence the specification of the channel
width and geometry of the microfluidic channel network. Any
organ tissues growth is limited to the organ module tank and
will not influence the fluid flow in the microfluidic channel
network.

Of course, variations in the reference can be included to
appropriately scale, e.g., with respect to sex or Body Mass
Index (BMI), the desired chip. Appropriate values can be found
in [27]-[29].

Example 1. A typical organ module in a multi-OoC is a liver
module. The size of the liver of a standard human male (70 kg)
is 1kg [30)]. In a miniaturized liver-on-chip that simulates
the liver of an organism with a weight of 1le—6kg, the liver
organoid would have a mass of approx. 1.42e—8kg. This

results in an organ module length of 89um at a width of
1mm and a tissue height of 150 um.

B. Shear Stress on Membrane

The endothelial layer that separates the organ modules
from the circulating blood surrogate needs to be exposed to
continuous shear stress 7 [Pa] that is low enough to not wash
away the endothelial cells growing on the membrane.

At the same time, it should replicate the shear stress of
the represented organism, which needs to be strong enough to
prevent dedifferentiation (loss of cellular characteristics). This
means the shear stress should be between 1Pa to 2 Pa [25].
Again, this can, of course, be adapted to fit the desired
experimental characteristics by adapting the template.

To make sure the shear stress remains within this range, it
can be controlled by the flow rate
2
channel (3)

3

T X Wehannel X R
6 X 1

Q=

where Wepanner [m] is the channel width of the channel that
is connected to the organ module, hcpgnne; [m] its channel
height, and p [Pas] is the dynamic viscosity of the circulating
fluid [3]]. The flow rate can later be experimentally controlled,
and the required pump rates are an output of the presented
automation method, while the channel height and viscosity can
be set as a tool input. In the design approach and subsequent
simulations, we assume that the cell layer and membrane do
not impede fluid flow and are treated as a standard channel
wall.

Example 2. Consider the liver-on-chip described above. The
membrane and the endothelial cells growing on it connect
the liver module to the microfluidic channel network. The
portal vein that transports blood through the liver has a wall
shear stress of typically 10 dynes/cm? to 20 dynes/cm? [31]].
To calculate the required flow rate in the channel below the
organ module, we take the average shear stress in SI units,
which is 1.5Pa, the channel width of 1 mm, the channel
height of 150 um and the dynamic viscosity 7.33 e—4Pas of
the common commercial culture media — Dulbecco’s Modified
Eagle Medium (DMEM) [32]. The resulting flow rate is
7.71e—9m?>/s. Based on this, the flow rates of the respective
inflow and outflow of the connected channels can be calcu-
lated.

C. Physiological Perfusion
via the Microfluidic Channel Network

The physiological perfusion plays a significant role in the
physiological relevance of the model. It describes the rate of
blood flow through a tissue and is represented by the fluid
flow in the microfluidic channel network of a multi-OoC.
In the model, it is described by a physiological perfusion
factor perf that resembles the fraction of circulating fluid
that is exchanged between the organ modules. The higher the
perfusion, the higher the exposure of the organ module to the

circulating fluid. This percentage is determined by
Qorganblood ‘/ci'r'c.fluid

Qtotalblood

perf = ; “4)

%lood
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Fig. 2: Flow of the automated design for microfluidic channel networks, partially created with biorender.com

where Qorganblood [m? /s] is the standard blood flow through
the organ, Qiotaiblood [m? /s] is the standard cardiac blood
throughput, Viirc. fiuid [m®] is the total volume of the cir-
culating fluid flow, and Vijpoq [m?3] is the scaled down
blood volume of a reference (e.g., a standard human male)
proportional to the organ sizes on the multi-OoC.

It also includes the dilution of the communication molecules
due to the larger circulating fluid volume compared to the
blood volume [23]]. In the current configuration, the dilution
factor V_;,c. fzuid/Vbzood is set to 2. The channel branching
(as also illustrated in Fig. allows to balance the flow
rate to fulfill the requirements for shear stress as well as the
physiological perfusion between organ modules.

Example 3. Consider again the liver-on-chip module from
above. The reported physiological perfusion of the liver of
a standard human male is 1450 mLmin~' [30], the blood
flow 5600 mL min~". Together with a dilution factor of 2 , this
results in a volume exchange of 51.79 % for the liver module.
This percentage is then multiplied with the flow rate below
the organ modules—resulting in the flow rate required in the
connection channel. The flow rate of the discharge channel is
the remaining flow (1—per f)xQ, which results in 48.21% xQ
and is equal to the flow rate of the supply channel.

Utilizing the equations and constraints from above results in
a formal specification for the entire multi-OoC design. Based
on that, next we propose an approach using design automation
methods for an automated generation of the desired design.

IV. AUTOMATED DESIGN

Using the formal specification introduced above, a multi-
OoC design can be realized in an automated fashion. For
the organ module sizes, this can easily be accomplished by
employing Eq. [T] and Eq. [2|

In contrast, the realization of the shear stress on the
membranes, i.e., the flow rate below the membrane, and the
microfluidic channel network for the circulating fluid that also
realizes the physiological perfusion, requires some more steps
in order to ensure that additional aspects such as pressure
gradients and resistances are accounted for. Here, the position
of all modules and channels, as well as the dimensions of those
channels, need to be designed so that the correspondingly
needed flow rates are realized. Additionally, this initial design
needs to be translated into an actual geometry definition by
first defining them as a 2D microfluidic channel network and,
then, extruding them into a 3D geometry. To account for all

that, an automated design flow comprising the following steps
(and illustrated in Fig. [2) is proposed:

1) Placement of Organ Modules and Channels: First, all
organ modules and channels need to be placed prop-
erly. This requires the determination of the coordinates
where to place modules as well as the coordinates where
channels start, end, or meet. For channels, also the
respective/required lengths have to be determined. All
that is accomplished by the following steps:

a) Initialization: The required flow rates for all channels
are determined.

b) Pressure Correction: The pressure gradient, flow rate,
and resistance of each channel are matched.

¢) Channel Length Adaption: Based on the information
from Steps 1a and 1b, the lengths of all supply and dis-
charge channels are determined. Then, these channels
(with exactly the required length) are realized through
meanders.

d) Offset Correction: To properly place the resulting sup-
ply and discharge channels onto the chip, enough space
between both is needed. To accommodate for that, a
corresponding supply and discharge offset is applied,
as shown in Fig. [3]

The Steps 1b to 1d are carried out until no further
pressure correction is necessary.

2) Translation to 2D: The initial design obtained by Step 1
is translated to a 2D network, including arcs, chan-
nel widths, and the transition between different channel
widths.

3) 3D Extrusion and Geometry Definition: The 2D channel
network definition is extruded into a 3D geometry includ-
ing two possible options:

a) Channel Positive Definition: The channel network itself
is defined as one coherent object with closed-off edges.
This can be imported into simulation software tools.

b) Channel Negative/Chip Definition: The chip geometry
is defined including a hollow channel network with
connections for the pump tubing as well as for organ
modules. This can subsequently be fabricated.

Here, the user can define the number and type of each organ
module, the resulting chip dimensions, and the connection to
the pump tubing. The result is a valid multi-OoC geometry
design as well as flow rate settings for the pumps. In the
following, these steps are described in detail.
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rates.

A. Placement of Organ Modules and Channels

In order to generate the initial design of a multi-OoC
geometry, its components, specifically the organ modules and
channels need to be placed. This requires the determination
of the coordinates where organ modules are placed, including
their respective sizes, as well as the coordinates where chan-
nels start, end, or meet. Additionally, the required channel
lengths need to be calculated and accounted for. For this, the
following steps are conducted:

la) Initialization. First, the flow rates in all channels
(cf. Fig. B) are determined by calculating the required flow
rate QM below each organ module M; using Eq. The
flow rate Q§ of the connection between modules depends on
the perfusion described in Eq. ] and can be determined by
Q5 = perf x QZM . The remaining flow rates can be deter-
mined by applying Kirchhoff’s current law [33[]: For each
coordinate where multiple channels meet, the sum of the
incoming flow rates equals the sum of the exiting flow. These
junctions and the flow rates are illustrated for two modules in
Fig. 3l Consequently, the equations

Q= QM -,

QF = Qi+ Q5
Q= Q) - Qf;,, and
dd dd d

Q7" = Qi + Q5

allow to determine the remaining flow rates. Then, the required
flow rates for the inlet and outlet pumps (cf. Fig. are equal
to the flow rates of the supply feed and discharge drain channel
of the first module, i.e., ng and di. Conversely, the flow
rate of the connection channel () in front of the first module
defines the flow rate of the recirculation pump.

Second, the dimensions for each channel are fixed, i.e., the
width w, height h, and length [ are assigned. The module chan-
nel dimensions can be determined as described in Section

The other channels can be freely sized. However, a rea-
sonable choice is to use a uniform channel height throughout
the chip to facilitate subsequent fabrication. Additionally, the

S

supply feed and discharge drain (horizontal channels) can
be set to the same width as the module channel, while the
vertical supply and discharge channels (cf. Fig. |3) should have
a smaller diameter (e.g., % = %).

Finally, the channel resistances are computed. The resis-
tance I of a rectangular channel is determined by the width w
and height h of its cross-section, as well as its length [ [34]. If
h < w, and given the viscosity p of the fluid, then a channel

implements the resistanc

12ul 1
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1b) Pressure Correction. Using the information from the
previous step, the pressure gradients can be computed for every
channel by employing the Hagen-Poiseuille equation, i.e.,

AP = RQ, (7

where AP is the difference in pressure between two channel
ends, R is the channel’s resistance, and @ is the flow rate
in the channel [33]]. However, the channels may still violate
Kirchhoff’s voltage law [33| since, along any closed cycle of
channels, the sum of oriented pressure gradients must be zero.
To correct this violation, the pressure gradients of each mod-
ule’s vertical supply and discharge channels are manipulated
by changing the channels’ lengths until Kirchhoff’s voltage
law is satisfied.

This is illustrated in Fig. f] More precisely, starting with
the last organ module and iterating backwards, the supply and
discharge channels are adjusted such that the sum of pressure
gradients around each cycle is zero, i.e.,

AP = AP},

8
AP} = AP, ®

where AP?, AP? are the pressure gradients along the supply
and discharge channels of the module, and AP}, AP;‘j;l
complete the cycle as indicated in Fig. 4] (marked by red arrows
for the supply cycle and blue arrows for the discharge cycle).
Such a pressure adjustment can be achieved in two ways:

1) If the pressure gradient needs to be larger, the channel
length is increased [ or lf and, therefore, its resistance
and pressure gradient.

2) If the pressure gradient needs to be smaller, it may not
be possible to shorten the channel length in the same
way. Instead, all channels of the succeeding modules are
elongated such that the voltage law is satisfied in the same
way.

By employing this procedure, it is ensured that the supply
and discharge channels strictly increase and, thus, pressure
correction can indeed be applied.

1¢) Channel Length Adaption. The next task is to design

the channel geometry. For this, based on the previous two
steps, the channel lengths of all supply and discharge channels
can be determined based on the pressure adjustment and the
subsequently required additional length, since channel width

2This is an approximation for g — 0, i.e., wide channels, which is the

common case.
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and height are fixed. The exactly required length of each
supply and discharge channel can be achieved by employing
so-called meander channels [35]]. In the red-dotted square in
Fig. |4, a channel with a meander is depicted. It illustrates
how meanders are used to achieve exactly the required channel
length. The meanders have rounded bends for better fluid flow.

1d) Offset Correction. Finally, the resulting supply and
discharge channels need to be placed onto the chip design.
It has to be ensured that the resulting channels fit, since the
addition of meanders as described in the previous step does
not guarantee that the initial defined offset between organ
modules and supply feed/discharge drain channel is sufficient.
In fact, as illustrated in Fig. [ (highlighted red), if the required
channel length is too long, it will result in a collision of the
supply or discharge channel and the supply feed/discharge
drain channel. This is accommodated by increasing the supply
and discharge offsets such that every meander has enough
space to fit. However, after this correction, there may be
supply/discharge channels that are too short to extend across
the offset, and, therefore, their length and pressure gradient
need to be adapted, after which further pressure correction is
needed. Hence, Steps 1b to 1d are carried out until no further
pressure correction is necessary.

Following the steps from above, all organ modules ac-
counting for properly dimensioned tissue sizes are placed,
and a microfluidic channel network for the circulating fluid
is (automatically) designed, which connects them while at
the same time realizing the desired flow and perfusion rate.
A possible result is sketched in Fig. Now, this initial
design definition needs to be further translated to an actual
2D geometry description. This requires the extension into an
actual microfluidic channel network by introducing the defined
channel widths, transitions between channels at intersections,
and the inclusion of arcs. This translation takes place in Step 2.

B. 2D Translation

In order to translate the initial design to a 2D channel
network, the created network description is used to generate
an actual geometry definition, see Fig. [5] This is achieved by
defining quads for each channel intersection, as well as the arcs

—]— ---------- e —p—

(a) Channel extrusion.

(b) Arc extrusion.

Fig. 5: 2D geometry extrusion and triangulation.

that are now created between the designated channel segments
for better fluid flow. In Fig. [5a the quads that bridge changes
in channel width as well as accommodate for the connection
of channels are depicted at an intersection of three channels.
They are defined via the connected channels and their widths,
creating a new quadrilateral that interconnects the channels.
Since the absolute coordinate values of the start and end of
channels stay the same, the channel lengths of the initial design
and 2D network are identical.

In Fig. [5b] arcs are defined as 90° turns between the start
and end of meandering supply and discharge channels. The
effect of the rounded edges on the channel length is included
in the geometry definition described above. Fig. [2c| shows the
resulting channel network definition.

The triangulation, i.e., the definition of the geometry as a
collection of triangles, is technically created at a later point.
However, for clarity, this process is described for the 2D
geometry as well. In Fig.[5] the red lines symbolize the triangle
definition of the shapes. Each quadrilateral in Fig.[5ais defined
as two adjacent triangles, as depicted by the red lines. In
Fig. 5b} this process is depicted for the arcs. Here, based on
a defined resolution number, the arc is cut up into a finite
number of triangles, which approximates an actual rounded
shape. For clarity, a very low resolution number of arc triangles
is depicted by the red lines in Fig. [5b|

Overall, this leads to a 2D channel network definition, as
sketched in Fig. Now the geometry definition needs to be
further translated to 3D.

C. 3D Extrusion and Geometry Definition

For the 3D geometry definition, the 2D geometry is extruded
along the z-axis to create a 3D shape. Here, two options are
possible, (1) the channel positive, i.e., the network geometry,
or (2) the channel negative, i.e., the actual chip geometry,
including the hollowed out channel network.

3a) Channel Positive Definition The channel positive geom-
etry definition is created by extruding the 2D network directly
and closing off the blunt edges, as well as all outward facing
channel walls resulting in the microfluidic network geometry.

The triangulation of this geometry is analogous to that of
the 2D geometry. The arcs are approximated using triangle
shapes based on a defined resolution number. Quadrilaterals
are defined by two adjacent triangles. The geometry definition
is especially useful for subsequent simulations, as the result
can be directly uploaded to most simulation software tools.



Fig. 6: Pump connections.

For example, for the commercial simulator COMSOL, the
resulting geometry can directly be included via the geometry
import. For the open-source simulator OpenFOAM, the geom-
etry needs to be translated to an ASCII .s#/ format, which can
easily be achieved via various libraries or tools. Here, specific
walls can also be defined as inlets or outlets. For the mesh
generation, first a block mesh needs to be generated that is fine
enough to capture the details of the channel network. Then,
snappyHexMesh can be used to snap the mesh to the desired
geometry. We recommend activating the castellatedMesh and
leave snap and addLayers deactivated. The closed-off edges
allow for boundary definitions at the inlets and outlets.

3b) Channel Negative/Chip Definition For the channel neg-
ative, the chip surrounding is included in the geometry. First,
the channel network is extruded. This time, the microfluidic
channel network is left open at the designated connections to
the pumps. Then the chip geometry is defined. Its dimensions
are user defined and based on the required distance to the
channel network that is housed inside the chip. Additionally,
the connections to the pump tubing can be defined by the
user to fit the available tubing and are automatically added to
the geometry. In Fig. [} pump connections based on a large
or small tubing connection are depicted. The radius of the
connection can be defined as an input, and for a seamless
transition of the tubing to the channel network, arcs are
employed.

The triangulation is analogous to the previously described
method of cutting quadrilaterals into two triangles and defining
rounded corners using a finite number of triangles.

For the organ tanks, the space for them (above the dedicated
channel) is caved out to be able to plug in, e.g., a transwell
or another module for the organ tissues.

In Fig. 2d] and, in a more detailed fashion, in Fig. [7] the
resulting geometry, including the hollow channel network, the
chip dimensions, the connections for the pump tubing, and the
organ tank openings, are depicted.

The channel negative definition can be directly fabricated,
either by uploading it into a 3D printer software or by sending
it to manufacturers for other forms of fabrication. The results
are shown in the next section.

Overall, based on the formal specification of a multi-OoC,
a design for the microfluidic channel network, organ module
openings, and pump connections tailored to the predefined
input are automatically created. The proposed approach gener-

Fig. 7: Resulting 3D model.

Chip Details

id: | ooc_male_all
viscosity: | 0.00072
density: | 997

channel_height: | 0.0001

Module #1
id: | lung_1
type: | layered_tissue

real_volume:  0.00117

1Rl :
I

Fig. 8: Jupyter Notebook interface for the definition of chip
dimensions and organ modules.

ates several geometry definitions: In 2D for better visualization
and in 3D, a positive channel network definition as well as
a negative channel definition for subsequent analyses using
simulations or fabrication, respectively.

V. APPLICATION AND EVALUATION

The described method has been implemented as a python
script that automatically solves the requirements of the de-
scribed formal specification of a multi-OoC geometry in
negligible runtime and, hence, realizes a design of the desired
devices automatically through the push of a button. In this
section, we briefly describe the resulting tool and, afterwards,
demonstrate how it can be used for simulation and fabrication.

A. Resulting Tool

The resulting tool covering the described automated design
for multi-OoC geometries and an interactive step-by-step tu-
torial (provided through a Jupyter Notebook) are available at



TABLE I: Overview of organ modules for different sexes and organs, including properties derived from human

volume, mass, and blood perfusion rates

organs like

Lung Brain Liver Kidney Gut Adipose
Q d Q d Q d d d Tissue &
Type layered layered round round layered layered layered layered layered
Volume [m®] 1.62e—3 1.17e—-3 1.18e—3 1.45e—-3 1.20e—-3 1.69¢e—3 2.80e—4 1.65e—3 1.00e—-2
Mass [kg] 0.64 1 1.23 1.4 1.29 1.8 0.31 1.2° 9
No. of Layers 2 2 20" 20" 1 5 20
Blood flow [m?®/s] 1.00e3° 1.00e3° 7.00e2 7.00e2 1.45e3 1.45e3 1.24e3 1.10e3 2.60e2
Perfusion [%] 36 36 25 25 51 51 44 39 16.25¢
Reference [27] [30] [27] [30] [27] [30] [30] [30] [30], 136

2 Based on the thickness of 150 um reported in [29]. ® Based on the GI tract in [28]. ¢ Chosen arbitrarily. ¢ Size and perfusion are adapted to reduce
compartment size while increasing the exposure to the fluid flow, calculated using [36]. ¢: female; &': male

TABLE II: Reference values used in the design method [30]

Reference values

Mass [kg] Q:65; d: 70
Cell layer thickness® [m] 7.50e—6
Layered tissue width [m] 1.00e—3
Round tissue radius [m] 2.50e—4
Blood flow [m?®/s] 5.60e3
Dilution factor 2

2 Can be adapted separately for each organ module. : female; J': male

https://github.com/cda-tum/mmft-ooc-designer. There, a num-
ber of example organ combinations, which are also listed in
Table |I, and reference values, which are listed in Table |II} are
provided in the architectures directory.

The tutorial guides the user through the process of defining
the required multi-OoC and exporting the resulting geometry
files without the need for direct code interaction. In Step 1,
the necessary scripts and modules are installed and imported.
In Step 2, the definitions of the chip and the organ modules
are specified. The interface for the input is partly depicted
in Fig. [8| There, one of the provided templates that is based
on literature examples (cf. Table [[), can be directly used or
altered according to the user’s specific needs. In the next step,
the chip is automatically designed. Then the user can decide on
a channel negative or channel positive geometry definition, as
well as define the sizes of the chip and pump connections. The
geometry is generated by a translation to 2D and, subsequently,
an extrusion to 3D. Finally, the results are generated in a
”push-button” fashion, including plots and visualizations like
the examples depicted in Fig. 2] The results of the tutorial are
saved locally and can be directly used for further research.

Alternatively, the open-source python script can be used
via the command line. The resulting geometry definitions are
locally stored and can immediately be used in simulations,
fabrication, and further research.

B. Generated Designs

In order to demonstrate the applicability and validity of
the proposed automated design for multi-OoC geometries,
we used the resulting tool described above to automatically
generate various multi-OoC designs. In Table [I] the values

from literature that were used as examples are listed. This does
not constitute a comprehensive library of organ modules that
can be included but rather a list of examples to showcase the
capabilities of the proposed tool. At the same time, individual
organ modules can be included as well, based on the needs of
the user. To this end, different use cases have been considered,
from which a corresponding specification has been derived as
described in Section and, afterwards, automatically realized
as described in Section [[V]

More precisely, we considered four examples of multi-
OoCs inspired by real-world examples with predefined or-
gan arrangements and organ tissue types, as well as four
generic examples in order to demonstrate the scalability of
the approach. This includes combinations of a barrier tissue
like the lung or the gastro-intestinal tract (gi-tract) for drug
uptake [[10], [15] with the liver, which plays a major role
in the body’s metabolism [37] and the brain, as it differs
the most between humans and other animals [2]. Specifically,
the female and male sex in an multi-OoC for a combination
of lung, liver, and brain are represented by the male_simple
and female_simple use cases. In Table |I} the reference values
for these are listed. The same combination with the gastro-
intestinal tract as a barrier tissue, instead of the lung, is
represented by the male_gi_tract use case. Finally, the kidney
is included in the the male_kidney use case, allowing for
the investigation of potential side effects on this organ [38]].
Furthermore, four generic and larger use cases with liver tissue
were considered (denoted by genericl to generic4).

In practical applications, the use of more modules requires
significant resources and, in the foreseeable future, the com-
bination of a few modules will remain the norm [18|]. Under
these conditions, the runtimes of the design tool are negligible
(i.e., less than 1 s), and the method’s efficiency and scalability
exceed current requirements.

For each of the described use cases, a variation of
certain parameters has been applied, i.e., each basic
multi-OoC use case was instantiated for several viscos-
ity values p € {7.2e—4,9.3e—4,1.1e—3,3e—3}[Pas] [32],
shear stress values 7 € {12e—1,15e—1,20e—1}[Pa] [39],
and spacing values (minimum distance between channels)
{0.5e—3,1e—3,1.5e—3}[m]. In total, this led to 288 multi-
OoC geometry designs, which have been generated in negli-
gible runtime (i.e., less than 1 s). All use cases are available


https://github.com/cda-tum/mmft-ooc-designer

TABLE III: Summary of obtained results

Deviation [%] Deviation [%]

Use case Modules in perfusion in flow rate
avg max avg max
male_simple 3 1.01 3.71 0.91 2.50
female_simple 3 1.62 3.29 1.98 3.50
male_gi_tract 3 091 3.70 0.54 1.21
male_kidney 4 3.07 11.87  0.96 3.55
genericl 5 2.70 5.80 1.61 3.72
generic2 6 1.50 4.40 1.36 3.71
generic3 7 2.21 8.13 2.06 6.53
generic4 8 1.53 5.29 1.82 5.52

at https://github.com/cda-tum/mmft-ooc-designer| and can be
easily replicated as the tool and the templates are accessible
online.

C. Simulation

The resulting designs described in the previous Section [V-B]
were simulated using Computational Fluid Dynamics (CFD)
simulations to validate whether they work as intended.

More precisely, in our evaluations, we used the open-source
CFD simulator OpenFOAM v10 [40]. The computational
domain consisted of the channels defined by the proposed
design method. The inlet values were set to the constant
velocities that were calculated by the method (and stored as the
“pump” flowrates in the resulting .json file). The outlets were
defined with a zero-gradient pressure. The initial flow field was
set to a uniform velocity distribution with zero turbulence,
using a Newtonian transport model. The simpleFoam solver
was employed. The time step was dynamically adjusted to
maintain a Courant number below 0.5. In addition, several
function objects were employed for automatic post-processing
of simulation data.

The obtained results are summarized in Table Here, the
first two columns provide the identifier of the use case as
well as the respectively considered number of organ modules.
Afterwards, the relative deviations (in %) in perfusion rates
and module flow rates between the specification and the
resulting design (as obtained by the CFD simulation) are
provided (note that we aggregated these values for all instances
and provide the average deviation and the maximal, i.e., worst-
case, deviation in Table [ITI).

The results clearly show how accurately the proposed
method realizes the desired multi-OoC geometry designs in
most of the cases. There are a few single instances in which
the deviation gets significant (e.g., for male_kidney with a
deviation of up to 11.87 % in the worst case). This is
because, after all, for an efficient design automation method,
simplifications such as using approximate formulas for certain
physical quantities (e.g., Eq. [6) cannot be avoided (which is
why every design should be simulated before further consid-
eration). However, even in these cases, manually adjusting an
automatically generated design is still substantially better than
doing the entire design manually.

Moreover, in the vast majority of use cases, the deviations
are negligible. In fact, on average, the deviations are less than

Fig. 9: Simulation result.

3 % (even including the worst cases)—which is within the
typical tolerances applied in microfluidics and, hence, more
than acceptable for an automated microfluidic design. This
clearly confirms that, on a broad spectrum of multi-OoCs, the
proposed method is capable of (automatically) generating the
desired designs.

To explicitly include a resulting design, Fig. 9] shows the
resulting design (as well as the simulation result) of an
instance of the male_simple use case. Here, the color gradient
illustrates the fluid velocities, which shows that the velocities
and, therefore, the flow rates are approximately the same
in each module channel (marked by boxes). More precisely,
the measured flow rates for Modules 1, 2, and 3 are 8.09,
8.06, and 8.04 [e—9m3/s], respectively, whereas the chip
was intended to have a flow rate of 8.06 [e—9m?®/s] in all
modules—resulting in a deviation between the specification
and the resulting design of 0.36 %, 0.07 %, and 0.34 %,
respectively. Conversely, the measured perfusion rates for each
module deviate from the intended values by 0.35 %, 0.91 %,
and 0.53 %. As discussed above, the corners of the the supply
and discharge channels that include meanders were rounded
to achieve a better flow profile, and the flow rates had overall
lower deviations from the desired results compared to the
preliminary version of this work [14].

Overall, these evaluations confirm that the designs, which
have been automatically generated with the approach proposed
in this work, indeed work as desired.

D. Fabrication

Lastly, to demonstrate that the results generated by the
proposed approach can directly be used as input for the
fabrication of the desired design, we also fabricated one of
the obtained multi-OoC geometries.

For this, a commercially available stereolithography (SLA)
3D printer (Formlabs, Form 3) was used. The automatically
created output of the proposed approach already has the correct
file format (.s#/) for the subsequent printing. In Fig. the fab-
rication steps and the resulting chip, including a representation
of the circulating fluid flow, are depicted. The microfluidic
network in the chip is filled with water colored with ink. The
red color represents the fresh media supply, which is then
depleted by the organs in the tanks. This is visualized by the
blue colored water.

The printed chip geometry, which was designed based on the
use case that is also used as a representative in the simulation,
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(a) Load .stl. (b) Print chip. (c) Clean the

channels.

S A A

(d) Cure print. (e) 3D printed chip, increased size, filled

with water colored with ink.

Fig. 10: Chip fabrication using 3D printer, partially created with biorender.com.

was fabricated, as depicted in Fig.[I0] based on the following
fabrication steps:

(a) The 3D geometry, based on the provided templates, was
imported into the printing software (PreForm), and scaled
up by factor 4. This scale up was necessary to achieve
clear and unclogged channels and can most likely be
avoided by using customized 3D printers or other means
of fabrication.

(b) The chip was printed using a clear resin at 35°C.

(c) The print was washed in Tripropylenglykol-
monomethylether (TPM, 3Dmensionals) and water.
Furthermore, a pressure pump was used to clean the
channels from the printing resin. The residual TPM was
washed of the printed chip using water, and it was left
to dry.

(d) After drying completely, it was cured at 60°C for 15 min
in an UV curing device (Form Cure, Formlabs). Lastly,
the scaffolding was removed.

The goal of the fabrication process was to demonstrate the
flexibility and applicability of the automatically created de-
signs by our tool rather than the production of the physical chip
itself. Although the fabrication process needed scaling of the
design to be able to achieve unclogged channels, the process
of uploading and initiating the print was uncomplicated and
efficient. This highlights the potential of an integration of the
design tool into manufacturing workflows.

When fabricating the chip for cell experiments, regard-
less of the fabrication method, several factors must be
considered [8]], [41]]: (1) the chip material should be trans-
parent, or at least parts of the chip must support optical
monitoring, providing a clear view of the channels and organ
tanks; (2) the chip material needs to be biocompatible to
ensure cell viability; (3) the chip material’s permeability to
oxygen and uptake of drugs into the periphery should be
considered [1]], [42]; (4) measures for a smooth experimental
set-up like clamps and to prevent potential leakage at the
connection points should be taken. These considerations are
left for future experiments, as the focus of this work is the
design of the multi-OoC.

Overall, the applicability of results automatically generated
by the proposed approach to fabrication is confirmed.

VI. CONCLUSIONS

In this work, we proposed an automated design approach
for multi-Organ-on-Chip geometries. To this end, we first
derived organ module specifications from literature and created

a subset of module templates that can be combined, adapted,
and expanded to create the desired combination of organ
modules. Afterwards, an automatic approach was introduced
that masters the orchestration of numerous aspects such as the
size of organ modules, the required shear stress on membranes,
the dimensions and geometry of channels, pump pressures,
etc. Finally, the obtained design is automatically drawn as a
2D image, and exported as a 3D network definition ready
for simulation and fabrication. By doing so, the design of
multi-OoCs, which, thus far, was executed manually, has been
automated.

Eventually, the resulting method accounts for physiological
parameters and automatically generates a corresponding mi-
crofluidic channel network geometry. This 3D definition can
be uploaded to most simulation software tools. Additionally,
we define a chip definition, including pump and organ tank
connections where tubing, or tanks (e.g., transwells) can be
included or directly plugged in. This chip design can be
exported as an .s#/ file and be directly 3D printed or sent to a
manufacturer.

The applicability and validity of the generated designs have
been evaluated using instances inspired by real-world use
cases and CFD simulations, respectively. To the best of our
knowledge, this is the first attempt towards design automation
for multi-OoCs—providing a fundamental basis for the further
development of automatic design methods for multi-OoCs.
The resulting tool and a corresponding tutorial are available
at https://github.com/cda-tum/mmft-ooc-designer.
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