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Abstract
Extracorporeal organ support devices are life-saving in cases of lung or kidney
failure. They bridge the time until the organ heals or is transplanted, which can
take weeks or months. These support devices replace the organ’s function by
exchanging breathing gases or unwanted species over hollow fiber membranes.
While short-term support is generally considered safe, long-term application often
leads to severe complications.

Until now, research has focused on improving biocompatibility by modifying the
membrane’s surface to reduce immune reactions that trigger blood clotting and
eventually cause the device to malfunction. However, unphysiological flow condi-
tions also trigger blood clotting. Additionally, commercial support devices suffer
from an uneven flow distribution that leads to a broad residence time distribution
(RTD) and unbalanced mass transfer driving forces. In order to exploit the de-
vice’s full capacity, uniform residence times and homogeneous driving forces are
essential.

Recently, triply periodic minimal surfaces (TPMS) have emerged as novel topolo-
gies to substitute hollow fiber membranes in blood-contacting devices. They offer
more design freedom and increase mass transfer at lesser artificial surfaces by
introducing secondary flows that reduce boundary layer effects. However, the in-
fluence of TPMS topologies on hemodynamics have hardly been investigated.

In this thesis, I employed computational fluid dynamics simulations, human whole
blood experiments, and simulative optimization to evaluate and optimize the hemo-
dynamics in differently designed modules with isometric and anisometric TPMS
topology compared to a conventional tubular architecture. The simulations, vali-
dated by RTD experiments, highlighted the advantageous topology of TPMS that
notably enhanced the flow distribution. By post-experimental computed tomog-
raphy scanning, the location and amount of formed blood clots were visualized
and quantified. The blood clot locations largely matched regions of elevated shear
rates predicted by the simulations, emphasizing the importance of physiological
hemodynamics. Furthermore, the blood clot amounts revealed significantly less
clotting in the anisometric TPMS module compared to the tubular module. Further
improvement of the RTD was simulatively achieved through Bayesian optimization
by subdividing the module’s fluid volume into independent domains and varying
the domains’ permeability. With this procedure, the RTD can be optimally tailored
within a given external shape, e.g., a lung lobe, to enable the design of patient-
individualized devices.

Overall, my work demonstrated that anisometric TPMS topologies with anisotropic
properties have the potential to significantly improve hemodynamics in blood-con-
tacting devices. Deploying anisometric TPMS as substitutes for hollow fiber mem-
branes could be a major step forward in the long-term application and even im-
plantability of lung or kidney replacement systems.
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Zusammenfassung
Extrakorporale Organunterstützungssysteme sind bei Lungen- oder Nierenversa-
gen lebensrettend. Sie überbrücken die Zeit bis zur Heilung oder Transplantation
des Organs, was Wochen bis Monate dauern kann. Diese Systeme ersetzen die
Funktion des Organs, indem sie Atemgase oder unerwünschte Stoffe über Hohlfa-
sermembranen austauschen. Während die kurzfristige Unterstützung im Allgemei-
nen als sicher gilt, führt die langfristige Anwendung oft zu schweren Komplikatio-
nen.

Bisher hat sich die Forschung auf die Verbesserung der Biokompatibilität der
Membran konzentriert, um Immunreaktionen zu verringern, die Blutgerinnung aus-
lösen und schließlich zu einer Fehlfunktion des Systems führen. Aber auch un-
physiologische Strömungsbedingungen lösen Blutgerinnung aus. Darüber hinaus
leiden kommerzielle Systeme an ungleichmäßigen Strömungsverteilungen, die zu
einer breiten Verweilzeitverteilung (RTD) und unausgewogenen Stoffaustausch-
triebkräften führen. Um die volle Leistungsfähigkeit des Systems auszuschöpfen,
sind gleichmäßige Verweilzeiten und homogene Triebkräfte unerlässlich.

Neuerdings sind dreifach periodische Minimaloberflächen (TPMS) als neuartige
Topologien zum Ersatz von Hohlfasermembranen in blutkontaktierenden Systemen
bekannt geworden. Sie bieten mehr Designfreiheit und erhöhen den Stoffaustausch
bei weniger künstlicher Oberfläche, indem sie Sekundärströmungen erzeugen, die
Grenzschichteffekte reduzieren. Der Einfluss von TPMS Topologien auf die Hämo-
dynamik wurde jedoch bisher kaum erforscht.

In dieser Arbeit habe ich Strömungssimulationen, Experimente mit menschli-
chem Vollblut, und simulative Optimierung angewandt, um die Hämodynamik in
unterschiedlichen Modulen mit isometrischer und anisometrischer TPMS Topolo-
gie im Vergleich zu einer tubulären Konstruktion zu untersuchen und zu optimieren.
Die Simulationen, validiert durch RTD-Experimente, verdeutlichten die vorteilhafte
TPMS Topologie, die die Flussverteilung erheblich verbesserte. Durch Computer-
tomographieaufnahmen im Anschluss an die Experimente wurden die Position und
das Volumen der gebildeten Blutgerinnsel visualisiert und quantifiziert. Die Positio-
nen entsprachen weitgehend den in den Simulationen vorhergesagten Regionen
mit erhöhten Scherraten, was die Bedeutung der physiologischen Hämodynamik
betont. Darüber hinaus zeigte das Volumen signifikant weniger Koagulation im ani-
sometrischen TPMS Modul im Vergleich zum tubulären Modul. Eine weitere Ver-
besserung der RTD wurde simulativ durch Bayes’sche Optimierung erreicht, indem
das Modulvolumen in unabhängige Domänen unterteilt und die Permeabilität der
Domänen variiert wurde. Mit diesem Verfahren kann die RTD optimal auf eine ge-
gebene äußere Form, z. B. einen Lungenflügel, angepasst werden.

Insgesamt zeigte meine Arbeit, dass anisometrische TPMS Topologien mit ani-
sotropen Eigenschaften das Potential haben, die Hämodynamik in blutkontaktie-
renden Systemen erheblich zu verbessern. Der Einsatz anisometrischer TPMS als
Ersatz für Hohlfasermembranen könnte die langfristige Anwendung und sogar die
Implantierbarkeit von Lungen- oder Nierenersatzsystemen einen entscheidenden
Schritt voranbringen.
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11.
Introduction

Acute organ failures require immediate extracorporeal support therapies.
Depending on the severity of the failure, a short-term (days) or long-term
application (weeks to months) is necessary to allow the damaged organ to
heal, be repaired, or be exchanged through transplantation. For irreversible
damage, transplantation remains the best option, but donor organs are rare.
Thus, to bridge the time gap until a donor organ is available, long-term ex-
tracorporeal support therapies are required. Common therapy needs are
blood pumping, oxygenation, decarbonization, and purification due to heart,
lung, kidney, and liver failure. [Aren2020; Meht2023; Duy 2021; Ronc2022]

Extracorporeal life support (ECLS) therapy uses a cardiopulmonary by-
pass for patients with acute cardiac or respiratory failure. It provides ex-
tracorporeal pumping and exchange of breathing gases via circulating the
patient’s blood through a membrane lung [Conr2018]. Additionally, the
depletion of cytokines and pathogens due to kidney or liver failure may be
necessary and is provided by integrating purification devices into the ex-
tracorporeal blood circulation [Meht2023]. Membrane lungs or purification
devices are blood-contacting devices comprising functional surfaces to sup-
port or replace an organ optimally. However, these blood-contacting de-
vices share common disadvantages regardless of their function. Goh et al.
defined three factors influencing the application of extracorporeal support
therapies: patient pathology, material properties, and blood flow hemody-
namics [Goh2024]. Technologically, only the last two factors can be influ-
enced, whereby the material properties have an impact at the molecular

1



1

Chapter 1. Introduction

level and determine biocompatibility. From an engineering perspective, the
last factor, hemodynamics, is crucial, as it is determined by the device de-
sign associated with the following two challenges.

Non-Physiological Flow The blood is introduced into the devices through
large tubing capable of transporting up to several liters of blood per minute.
Thus, in the inlet area, the blood needs to be distributed instantaneously to
cover the entire functional surface of the device. At the outlet, the treated
blood is collected and transported further. However, due to poor distribu-
tion, the blood’s residence time inside the device varies, causing an insuffi-
cient exploitation of the device’s capacity. Furthermore, irregular residence
times cause zones of low to no flow, referred to as stagnation, or high flow,
called channeling. Irrespective of wasted device potential or insufficient
blood treatment, stagnating or rushing blood causes severe issues, such
as thrombus formation or blood damage. Additionally, areas that are not
contributing to blood treatment but needed to distribute or collect the blood
add additional priming volume. [Aren2020; Mine2015; Duy 2021; Park2020]

Shear-Induced Clotting In addition to the unfavorable flow distribution,
the flow velocity changes drastically at the inlet and outlet, resulting in high
shear rates with adverse effects. Shear rates of 10 to 2000 s−1 are common
in the human body [Saka2015]. Between 10 to 1000 s−1, the von Willebrand
factor (vWf), a glycoprotein involved in hemostasis, changes and exposes
more binding sites for platelets [Schn2007]. In their review, Casa et al.
describe the effects of shear-induced thrombus formation, where platelets
preferably bind to vWf at shear rates greater than approx. 630 s−1. The vWf
adheres to the foreign surface and thus captures circulating platelets that
are then exposed to the high shear rates near the wall and are activated.
[Casa2015] Thus, the lack of contact with healthy endothelium, which in-
hibits and reverses activation, results in the formation of a stable blood co-
agulum [De S2013].
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1

1.1 Membrane Lungs

1.1 Membrane Lungs

Membrane lungs are devices consisting of several thousand semi-
permeable hollow fiber membranes physically separating the blood and gas
phase, facilitating the exchange of breathing gases. For short-term applica-
tions such as open heart surgery, the advantages are substantial. However,
the scenario alters drastically when addressing long-term lung damage be-
cause the protracted use over weeks or months leads to additional com-
plexities. [Phil2018; Aren2020]

The most common complications include clot formation and deposits on
the membrane’s surface, demanding an exchange of the membrane lung
[Phil2018; Aren2020]. This issue is rooted in the interaction between the
blood and the large foreign surface of the membrane lung, which acti-
vates coagulation pathways and inflammatory responses [Phil2018] and
promotes adhesion of proteins and cells that increase the diffusion distance
[Aren2020; Mull2009]. Near the membrane, the flow profile promotes the
formation of a boundary layer that further reduces gas exchange [Fern2017].
Additionally, suboptimal flow dynamics within the membrane lung create
zones of stasis, uneven shear forces, and varied blood residence times
[Hess2022]. Consequently, this necessitates the use of oversized mem-
brane lungs to counteract performance decrease over time [Mart2023].

In commercial membrane lungs, blood flows on the outside of knitted
hollow fiber mats, arranged in alternately rotated layers to form a hollow
fiber bundle. The resulting deflected and tortuous flow path significantly in-
creases mass transfer by decreasing the boundary layer. [Lim2006; Duy
2021] However, this configuration also tremendously increases the com-
plexity of the flow profile [De S2013]. Factors influencing the flow profile
are the diameter of the hollow fiber [Hira2009; Mart2023], the packing den-
sity [Hira2009; Mart2023], and the design of the housing [Hira2009; De
S2013], but also external factors such as blood flow [De S2013]. Differ-
ent parts of membrane lungs have been investigated hydrodynamically re-
garding the flow profile with computational fluid dynamics (CFD) simula-
tions, such as the location of connection ports [Hira2009], the hollow fiber
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arrangement [Bhav2011; Zhan2013; Fern2017], and general fluid flow dis-
tribution [Maza2006; Zhan2007]. Furthermore, the flow in the creeping to
laminar range can cause deposits [Mart2023], particularly at the knitting
points, which reduce the gas exchange and increase the flow resistance
[Lehl2008]. This limitation can be actively counteracted by a periodic de-
formation of the hollow fibers with cycling oxygen pressure [Schl2014] or a
rotating hollow fiber bundle [Polk2010]. Passive methods for inhibiting de-
posits are based on surface modification [Yao2024] or modified membrane
materials (commonly polypropylene (PP) and polymethylpentene (PMP) are
used) by adding fluoropolymers to increase hydrophobicity and decrease
surface energy [Li2023; Park2020].

1.2 Purification Devices

Blood purification devices remove harmful substances, such as waste prod-
ucts and toxins. Hemodialyzers function as artificial kidneys by diffusively
and/or convectively purifying the patient’s blood by passing it through hol-
low fiber membranes that are in contact with a cleansing fluid, the dialysate
[Duy 2021]. Hemoadsorbers are devices filled with adsorptive materials that
come into contact with the blood to adsorb harmful substances [Hous2017].

In hemodialyzers, fibers in the module center experience higher blood
throughput than peripheral ones, causing varying residence times and im-
balanced mass transfer driving forces [Ronc2002; Eloo2002; Mine2015].
This effect becomes more pronounced with increasing hematocrit and also
strongly depends on the inlet geometry [Ronc2001; Kim2009]. Conversely,
the dialysate flow is higher in the periphery than in the module’s center
[Ronc2002; Eloo2002; Osug2004]. These mismatched blood and dialysate
flows reinforce each other, which, in addition to unequal mass transfer driv-
ing forces, leads to an increased protein deposition that lowers mass trans-
fer due to increased resistance [Kim2009]. Approaches to a more uni-
form flow distribution and improved dialyzer performance were investigated
simulatively and experimentally. Kim et al. developed a model to study
mechanical shaking to generate secondary flows to reduce protein depo-
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sition [Kim2012]. Furthermore, the distribution of blood flow in dialyzers
can be improved by using undulated [Yama2007] or curly [Luel2017] hollow
fibers and optimized housing geometries [Yama2009; Hira2011; Hira2012;
Kim2009].

For hemoadsorbers, to the best of my knowledge, no literature regard-
ing the device perfusion and flow characteristics exists. However, the
most common commercial hemoadsorption devices are the Toraymyxin,
a fiber column device with immobilized polymyxin B, the Cytosorb, a de-
vice filled with porous polystyrene divinylbenzene copolymer beads, and
the oXiris, a hollow fiber membrane device with modified AN69ST mem-
branes [Bona2018; Anka2018]. The perfusion of the Toraymyxin and oXiris
device (fiber or membrane based) are comparable to membrane lungs and
dyalizers as discussed previously. The Cytosorb filled with porous beads re-
sembles a packed bed as used in chromatography [Ronc2022; Snyd2011]
where inhomogeneous column packing and non-uniform flow distribution
yield major limitations [Umat2019]. Similar to the fiber based devices, ra-
dial flow distribution in the inlet is a key challenge due to the flow paths in
the device’s periphery being much longer than those close to the center axis
[Umat2019]. To form more uniform flow paths and equal residence times,
either the length of all streamlines must be aligned or locally adapted flow
resistance allows for varying flow velocities. Furthermore, the concern of a
clotted device and the limited maximal administration of 24 h necessitates
the replacement of the devices yielding in blood loss in already critically ill
patients [Bona2018].

1.3 Triply Periodic Minimal Surfaces for Medical
Applications

From the previously stated literature, it is obvious that the inlet and out-
let areas of blood therapy devices significantly contribute to a non-uniform
flow distribution. Thus, the status quo of these devices demands novel ap-
proaches to improve flow distribution at physiological shear rates in order to
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minimize the artificial surface and the impact on critically ill patients. How-
ever, the uniform arrangement of fibers or beads forms a uniform flow resis-
tance, which hinders equal residence times. Furthermore, the fiber bundles
of fiber based devices can hardly be adapted to other device geometries but
cylindrical or cuboidal; thus, requiring voids for flow distribution in the inlet
and outlet that do not contribute to blood treatment but increase the module
volume.

In light of these challenges, recent research has pivoted towards ex-
ploring triply periodic minimal surfaces (TPMS) for medical applications
[Feng2022]. TPMS structures are mathematical surfaces with a smooth
and continuous topology as their mean curvature at all points is zero. The
smallest entity, called unit cell, can be repeated in all three spatial directions.
[Schw1890; Scho1970] By thickening the surface, an intertwined structure
with multiple voids evolves that can fill an entire device of complex geom-
etry [Hess2022; Barb2024] and offers the advantage of enhanced mass
exchange efficiency [Hess2021; Femm2015a].

Like the uniform arrangement of fibers or beads, unit cells of the same
size lead to uniform resistance. In cylindrical or cuboidal devices, the periph-
eral streamlines are always longer than the streamlines between the inlet
and outlet ports. To ensure a uniform residence time along these stream-
lines of different lengths, variable flow resistances are required. The dis-
tortion of the TPMS unit cells to form an anisometric TPMS enables fluid
channels of different sizes in order to vary the permeability and thus yield a
more uniform flow distribution with narrow residence time distribution (RTD)
[Hess2022; Barb2024; Tian2024].

1.4 Scope of the Thesis

Alongside the introduction (Chapter 1) and the fundamentals (Chapter 2),
this work is divided into three chapters, followed by a conclusion with fu-
ture perspectives (Chapter 6).

Chapter 3 focuses on the design of complex isometric and anisometric
TPMS geometries. These were integrated into housings and investigated

6



1

1.4 Scope of the Thesis

as theoretical models by performing stationary and time-dependent CFD
simulations on the entire TPMS modules. This theoretical approach was
complemented by the additive manufacturing of these modules, allowing
for an experimental investigation of their RTD and comparison of simulation
and experiment.

Key Findings The chapter details significant achievements, most no-
tably the validation of CFD simulations through direct experimental mea-
surements of RTD. This validation underscores the reliability of CFD as
a predictive tool for designing blood treatment devices. It was found that
TPMS geometries greatly improve uniform perfusion across the module,
presenting a substantial advance over traditional tubular geometries which
are more prone to creating uneven flow patterns. Furthermore, the research
identified stagnation zones and areas within the modules that exhibited high
shear rate deviations, using an established blood viscosity model.

Chapter 4 revolves on investigating how different TPMS geometries affect
blood coagulation when perfused with human whole blood. A critical aspect
of the research involves the use of computed tomography (CT) scanning
to analyze blood residues post-perfusion. This method provides a detailed
visual and quantitative assessment of how blood interacts with the geometry
inside the modules.

Key Findings It was found that anisometric TPMS geometries signifi-
cantly reduce blood coagulation compared to other geometrical configu-
rations, highlighting their potential to improve the biocompatibility and effi-
ciency of blood-contacting medical devices. Moreover, the research demon-
strated a clear correlation between regions of high shear rates within the
different geometries and the formation of blood clots. This finding under-
scores the importance of geometric design in influencing blood dynamics
and coagulation pathways. Additionally, the study successfully visualized
the specific locations of blood clots within the modules and quantitatively
determined their volumes, providing valuable insights into the spatial distri-
bution and size of coagulation events.

In Chapter 5, a CFD simulation model, specifically tailored to optimize
the RTD, was developed and utilized, crucial for ensuring efficient and uni-
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form treatment within the modules. One aspect of the work involved the
variation of geometric parameters to explore their impact on fluid dynam-
ics. Additionally, the study abstracted the fluid volume within the module
to optimize local flow resistances, an approach that aims to balance fluid
dynamics across the module.

Key Findings This chapter showcases that the inlet area of a module
plays a critical role in achieving a uniform flow distribution, highlighting the
need for careful design in this region. The research also showed that se-
lecting and weighting evaluation parameters within the optimization model
presents a challenge, indicating the complexity of optimizations in choos-
ing the best evaluation parameters. Moreover, the strategy of dividing the
fluid volume into domains with variable flow resistances showed consider-
able potential for enhancing the overall utilization of the perfused modules,
suggesting that targeted adjustments in local resistances can significantly
improve module performance.

Previous Publications in Student Theses

This thesis’s content and results emanate from research conducted under
the affiliation and position of the author as research fellow and PhD candi-
date at RWTH Aachen University. The position is associated with the Chair
of Chemical Process Engineering. The work comprises data based on the
following student theses:

• Petar Peric, Master’s thesis, 2021-03-31, Direct fabrication of gas-
permeable triply periodic minimal surface (TPMS) structures as extra-
corporeal membrane oxygenators (ECMO)

• Florian Yannick Neuhaus, Bachelor’s thesis, 2021-05-25, Analytic flow
design of additively manufactured TPMS modules

• Märthe Theresa Tillmann, Bachelor’s thesis, 2021-07-15, Investigation
of Flows at Triply Periodic Minimal Surface Structures
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• Tim Höhs, Master’s thesis, 2021-12-15, Rapid prototyping design opti-
mization of TPMS contactor modules based on fluid dynamic studies

• Patrick Hoffmann, Bachelor’s thesis, 2022-04-29, Simulation-Based
Design Optimization of Flow Distributors in the Field of Membrane
Technology

• Wiebke Wiessner, Master’s thesis, 2022-12-22, Direct laser writing of
a microfluidic blood oxygenator using triply periodic minimal surface
structures

• Maik Biermann, Bachelor’s thesis, 2023-03-20, Hydrodynamic investi-
gation of TPMS blood contactor modules via residence time distribution

• Paul Hanßen, Bachelor’s thesis, 2023-12-15, Optimization of TPMS-
structures for the usage in blood contactor modules using sequential
design strategies and multiphysics simulations
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2.

Fundamentals

2.1 Extracorporeal Blood Therapies

Extracorporeal blood therapies play an important role in critical care. When
one or more organs are about to fail or have already failed they require sup-
port. Common functions that need to be supported or replaced are the oxy-
genation, decarbonization, movement of the blood, and removal of harmful
substances from the blood. The following sections describe the basics of
blood and extracorporeal blood therapy systems.

2.1.1 Blood

Human blood is a transport fluid that carries the respiratory gases oxygen
and carbon dioxide, as well as nutrients and waste products. Blood is also a
tissue, as it consists of many different cells with specific functions. The red
blood cells, erythrocytes, make up the largest cellular proportion with a vol-
ume fraction of approximately 45 %. The white blood cells, leukocytes, and
platelets, thrombocytes, make up less than a volume fraction of 1 %. The
remaining 54 % of volume fraction is taken up by the blood plasma. More
than 90 % in volume of the plasma consists of water. The remaining plasma
components are proteins, nutrients, hormones, and minerals. [Schw2024;
Hall2011]

All blood components are equally important. However, in the context of
this work, red blood cells and platelets are particularly important.
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Red Blood Cells The main task of red blood cells is to transport oxygen
from the lungs to the body tissue. A red cell has the shape of a biconcave
disk with a diameter of about 8 µm and a thickness of around 2 µm. This
shape offers a large surface area to volume ratio. Inside, the red cells con-
sist mainly of hemoglobin (Hb), which is responsible for transporting oxygen.
However, they have no nucleus and cannot reproduce. The cell membrane
holds everything together and is extremely flexible, so that red cells can
also flow through constrictions that are smaller than their diameter. If the
cell membrane is subjected to too much physical or chemical stress, the
membrane can rupture and lose its contents, a process known as hemol-
ysis. Every day, almost 1 % of new red blood cells, around 200 · 109, are
produced in the bone marrow to replace the same number of old or dam-
aged cells. [Schw2024]

Platelets The main task of platelets is called hemostasis, the prevention
and control of blood loss, for example when blood vessel walls are injured.
Platelets have a disk-like shape with a diameter of 2 to 4 µm and a thickness
of around 0.5 µm. They have no cell nucleus and therefore cannot repro-
duce. Platelets contain a large number of proteins which enable the platelet
to contract and they store a great amount of calcium ions. Furthermore,
the cell contains various systems for the production of enzymes, adenosine
triphosphate (ATP), adenosine diphosphate (ADP), and hormones. On their
outer surface, platelets have a layer of glycoproteins that prevent adhesion
to the endothelium but adhere very well to injured vessel walls or collagen
from deeper tissue. Every day, around 400 · 109 new platelets are produced
in the bone marrow, whose lifespan is around 8 to 12 days. [Schw2024;
Hall2011]

Hemostasis, Blood Coagulation, and Hemodynamic Phenomena

Hemostasis is the process that prevents too much blood from leaking out of
the vascular system, thus causing wound closure in the event of an injury
as illustrated in Figure 2.1. Hemostasis consists of the following four steps:

12



2

2.1 Extracorporeal Blood Therapies

1. Constriction of blood vessels to reduce blood flow (vascoconstriction,
cf. Figure 2.1b).

2. Formation of a platelet plug by adherent platelets (cf. Figure 2.1c). The
injured vessel wall activates platelets that come into contact with it. An
activated platelet swells and changes into irregular shapes, it becomes
sticky to adhere better to collagen and von Willebrand factor (vWf), and
it releases a series of substances to activate surrounding platelets. In
the case of minor injuries, platelet occlusion is usually sufficient to stop
blood loss.

3. Formation of a fibrin clot due to coagulation (cf. Figure 2.1d). Fibrin
fibers are integrated into the loose network of platelets, which trap red
blood cells, other platelets and also blood plasma. The cross-linking
of the fibers with everything trapped in them leads to a blood clot that
closes the wound tightly. This seemingly simple process involves more
than 50 substances that contribute to the coagulation of blood. The
formation of fibrin fibers is the last part of the coagulation cascade,
which consists of more than 13 influencing factors and can be initiated
in different ways.

4. Repair of the vessel wall and dissolution of the blood clot.

Platelet activation can occur in different ways, with collagen, ADP, throm-
boxane A2 (TxA2), and thrombin being of chemical nature, and only the
shear rate being a physical parameter. Within the human body, coagulants
and anticoagulants are in balance. In particular, the smooth and special
surface of the endothelium prevents the adhesion of clotting factors, activa-
tion of platelets, and coagulation cascade. The flow regime of the blood is
laminar with Reynolds numbers between 200 and 400, except for the flows
close to the heart, which fall into the turbulent regime with Reynolds num-
bers far beyond 2300. The wall shear rates range from around 10 s−1 for
large veins to 1000 s−1 in arteries. [Schw2024; Hoss2017; Hall2011]

The Reynolds number Re is defined by Equation 2.1 in which ρ is the
fluid’s density, v is the fluid’s superficial velocity, L is the characteristic
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Figure 2.1: Stages of hemostasis: a) A damaged blood vessel. b) Illustration of the
narrowing of the blood vessel to reduce the blood flow, called vascoconstriction. c)
Formation of a platelet plug due to platelets changing their shape and adhering to
the vessel wall to atract more platelets and other blood components to close the
rupture. d) Formation of a fibrin clot. Fibrin fibers are integrated into the plug and
then are cross-linked to firmly hold all entrapped components together and close
the rupture with a clot. Created with BioRender.com.

length, and η the fluid’s dynamic viscosity.

Re = ρ · v · L
η

(2.1)

The Reynolds number can be used to distinguish between different flow
regimes: creeping flow, laminar flow, transitional flow, and turbulent flow.
The boundaries between the flow regimes depend on the geometry through
which the flow passes. In a pipe, the characteristic length is the pipe diam-
eter. For creeping flow the Re << 1, laminar flow occurs until Re = 2300,
and above Re = 2900 the flow is fully turbulent. For non-circular cross-
sections, the hydraulic diameter as described in Equation 2.15 can be used.
[Reyn1883; Schl2017]

In laminar blood flow in small capillaries, two effects relevant for hemosta-
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sis occur:

Fåhræus Effect The smaller the capillary, the lower the blood’s hemat-
ocrit (Hct) of flowing blood in the capillary (tube hematocrit, HctT ) compared
to the baseline value of blood entering or leaving the capillary (discharge
hematocrit, HctD) [Fåhr1929; Prie1990]. This effect occurs in capillaries
with a diameter of less than 500 µm and is based on the separation of the
blood into three regions as illustrated in Figure 2.2a. The red blood cells
are drawn towards the center of the capillary, creating a layer without red
blood cells close to the wall. The transition between the two regions forms
an intermediate region. In the core region, the local hematocrit is equal to
the discharge hematocrit, in the boundary region it is zero, resulting in a
mean that is lower than the discharge value [Herc2016]. Figure 2.2b plots
the ratio of tube hematocrit and discharge hematocrit versus the capillary di-
ameter for various values of discharge hematocrit according to a parametric
description by Pries et al. [Prie1990]:

HctT
HctD

= HctD + (1 + HctD) ·
(

1 + 1.7e−0.415·D − 0.6e−0.011·D
)

(2.2)

Platelets are much smaller than red blood cells and present in smaller
numbers, so they have negligible effects on blood rheology. With increas-
ing shear rate and higher hematocrit, the platelets are moved closer to the
wall and form a platelet-rich layer. This process is called margination and
also occurs in larger vessels. [Foge2015] The same mechanism drives the
spherical protein vWf towards vessel walls to support its adhesion where
needed [Rack2017].

Fåhræus-Lindqvist Effect The Fåhræus-Lindqvist effect describes the
decrease of apparent viscosity in small capillaries as depicted in Figure 2.3.
This results from the Fåhræus effect, as the viscosity of a suspension de-
pends on the number of particles. In the core region, the red blood cells are
more densely packed, resulting in a higher local viscosity than close to the
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Figure 2.2: Fåhræus effect. a) In capillaries with a diameter d of less than 500 µm
the blood separates into three regions: a cell free region close to the wall, an inter-
mediate region, and a core region in the center of the capillary. Due to the cell free
region, the mean hematocrit in the capillary (tube hematocrit, HctT ) is lower than
the baseline value of blood entering or leaving the capillary (discharge hematocrit,
HctD). b) Ratio of HctT and HctD versus the diameter d for different values of HctD
according to a parametric description by Pries et al. [Prie1990] (Equation 2.2).
Parts of this figure have been created with BioRender.com.

wall. The thin boundary layer without red blood cells supports the gliding
properties like a lubricant. As the boundary layer has a virtually constant
thickness, only the viscosity of the core region changes. [Herc2016] The
lower limit of this effect is formed by capillaries with a diameter the size of
red blood cells (∼8 µm). This is where the blood viscosity reaches its min-
imum. As soon as the capillary becomes too small and deformation of the
red blood cells becomes necessary, the viscosity increases rapidly. Pries
et al. fitted experimental data of blood with an hematocrit of 0.45 to give
an equation for the relative apparent viscosity ηrel0.45 versus the capillary
diameter D [Prie1992]:

ηrel,0.45 = 3.2 + 220 · e−1.3·D − 2.44 · e−0.06·D0.645 (2.3)
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Figure 2.3: Relative apparent viscosity (ηrel,0.45) at an hematocrit of 0.45 versus
the capillary diameter d according to the experimental fit given in Equation 2.3 by
Pries et al. [Prie1992]. The decrease of apparent viscosity for decreasing capillary
diameters is called the Fåhræus-Lindqvist effect.

Shear-Induced Clotting Depending on the hematocrit, the Fåhræus ef-
fect leads to a margination of the platelets and the vWf. As the shear rate
increases, the movement of these particles also increases, causing them to
collide more frequently with the surface of the surrounding wall. Depending
on the surface properties of the wall, vWf adsorb, with healthy endothelium
not allowing adhesion, but artificial surfaces leading to different degrees and
speeds of adhesion. [Casa2015; Rack2017] Furthermore, vWf elongate at
an increased shear rate (approx. >1000 s−1) and thus expose considerably
more anchors and binding sites. [Schn2007] The binding of vWf with the
platelet’s surface protein glycoprotein Ib (GPIb) is one of the fastest bind-
ings in biology. This means that even platelets that only have very brief con-
tact with an adsorbed vWf are captured or at least slowed down. A platelet
bound to vWf is thus retained in a region of increased shear rate where the
platelet switches to the activated state and attracts further platelets. A net-
work of vWf, platelets, and other captured blood components is formed; the
coagulation cascade begins. [Casa2015]
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2.1.2 Blood Oxygenation and Decarbonization

Humans need energy to live. This energy is supplied by food, which is
broken down and metabolized in a series of chemical reactions. The most
basic reaction converts carbohydrates (Cm[H2O]n) with oxygen (O2) to water
(H2O) and carbon dioxide (CO2), releasing energy which is then available for
other activities. Therefore, O2 must be provided and CO2 removed, since
CO2 becomes toxic if it exceeds a certain threshold. Both gases are dis-
solved and bound in the blood and are exchanged with the environment via
the lungs. [Hall2011]

The Lungs

Respiration ensures the supply of O2 and removal of CO2 and is divided into
four functions:

1. Exchange of air between the lungs and the environment.

2. Transfer of O2 and CO2 between the alveoli and the blood.

3. Transportation of respiratory gases within the body.

4. Regulation of ventilation and other aspects of respiration.

In the context of this work, I will focus on the second aspect, as this is one
of the most crucial for artificial support systems. The lungs are the organ in
which O2 is transferred to the blood and CO2 is removed from the blood. This
occurs diffusively via the respiratory membrane which forms the boundary
between the pulmonary capillaries (blood side) and the pulmonary alveoli
(air side) as shown in Figure 2.4a. The amount and speed of which O2

and CO2 can be transported between the gas phase and the blood phase
mainly depends on two fundamental physical laws: diffusion and solubility.
Between the gas phase and the respiratory membrane dissolution of the
gases takes place and within the respiratory membrane and the body fluids
the gases move via diffusion, unless they are convectively moved by, e.g.,
the blood stream. [Hall2011]
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Figure 2.4: Visualization of the boundary between gas and blood phase in the hu-
man lung and artificial membrane lungs. Notably, the thicknesses of the different
membranes and blood phases are distinct. a) Human lung with alveolus, respi-
ratory membrane, and blood capillary. Inside the blood phase, oxygen binds to
hemoglobin inside the erythrocytes. Bicarbonate ions are transformed into carbon
dioxide through enzymatic catalysis at the surface of the erythrocytes. b) Porous
hollow fiber membrane, e.g., polypropylene (PP). c) Hollow fiber membrane with
dense layer, e.g., polymethylpentene (PMP).

Table 2.1 lists the Henry’s law solubility constants and relative diffusion
coefficients for the most important respiratory gases. Evidently, CO2 is
much more soluble and diffuses much faster than O2, which is why different
transport mechanisms exist for both gases in blood.
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Table 2.1: Henry’s law solubility constants Hcp
s in water at reference temperature

of 298.15 K [Sand2023] and relative diffusion coefficients compared to oxygen D
DO2

in body fluids [Hall2011].

Hcp
s

D
DO2

Substance (mol m−3 Pa−1) (-)

Oxygen (O2) 13 · 10−6 1.0
Carbon dioxide (CO2) 340 · 10−6 20.3
Carbon monoxide (CO) 10 · 10−6 0.8
Nitrogen (N2) 6 · 10−6 0.5

Diffusion and Fick’s Law Diffusion is the undirected, random movement
of particles due to their molecular motion. The mechanism of diffusion is
described by Fick’s first law in Equation 2.4, where J (mol m−2 s−1) is the
diffusive flux which is the product of the concentration gradient dc

dx (mol m−4)
and the diffusion coefficient D (m2 s−1) [Fick1855].

J = −D · dc
dx (2.4)

Solubility and Henry’s Law Henry’s law states that the partial pressure
of a gas acting on a liquid is directly proportional to the concentration of
the gas in the liquid. The proportionality is expressed by the Henry’s law
solubility constant Hcp

s (mol m−3 Pa−1) as stated in Equation 2.5, where cl

(mol m−3) is the molar concentration of the gas in the liquid and Pi (Pa) is
the partial pressure of the gas in the gas phase.

Hcp
s = cl

Pi
(2.5)

Breathing Gas Exchange All blood pumped by the heart flows through
the lungs. At rest, this is around 5 L min−1 while during exercise, the blood
flow increases by a factor of 4 to 7 (20 to 35 L min−1). In order to com-
pensate for the increased blood flow during exercise without a significant
increase in pressure, the pulmonary capillaries widen and additional ones
are opened. Between an alveolus and a blood capillary there is a partial
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pressure difference of 64 mmHg for O2 and 5 mmHg for CO2. Over an area
of approximately 70 m2, 250 mL min−1 O2 and 200 mL min−1 CO2 can be
exchanged at rest and over 1000 mL min−1 O2 and 800 mL min−1 CO2 dur-
ing exercise. The lungs contain around 450 mL of blood, of which around
70 mL is in the pulmonary capillaries in direct contact with the respiratory
membrane. This results in a residence time of 0.8 to 0.3 s (rest vs. exercise)
during which gas exchange takes place. [Hall2011]

Figure 2.5 shows the partial pressure profile for O2 between the gas and
the blood phase. In the upper part the profile for the human lung shows a
constant bulk concentration inside the gas phase (alveoli). At the interface
between the alveolus and and the respiratory membrane the O2 adsorbs
onto the membrane according to Henry’s law (Equation 2.5) and then dif-
fuses according to Fick’s law (Equation 2.4 through the membrane. On the
membrane blood interface, the O2 molecules desorb into the blood phase,
where most of it directly binds to Hb: Hb + 4 O2 −−⇀↽−− Hb – 4 O2. Thus, only
a small portion of O2 is dissolved in the blood plasma where it distributes
via diffusion. Due to the blood flow, all O2 can directly be taken up, yielding
a constant partial pressure in the blood phase.

In Figure 2.6 the partial pressure profile for CO2 between the gas and
the blood phase is shown. In the blood phase, bicarbonate associates into
carbonic acid which is then transformed into CO2 and H2O. The dissolved
CO2 adsorbs onto the respiratory membrane, diffuses through the mem-
brane, and desorbs into the gas phase.

Oxygen Transport in Blood In the blood, 97 % of the oxygen is chem-
ically bound to Hb, which has a capacity of 1.34 mL O2 per gram of Hb.
Normally, 100 mL of blood contain about 15 g of Hb which leaves the lungs
with a saturation of 97 %, resulting in an oxygen binding capacity of about
19.4 mL O2 per 100 mL of blood and additional 0.6 mL O2 in dissolved form.
In the resting state, only about 5 mL O2 per 100 mL of blood are consumed.
[Hall2011]
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Figure 2.5: Partial pressure (PO2) profile of oxygen (O2) from gas to blood phase
for the human lung (upper part), an artificial lung with porous membrane (center
part), and an artificial lung with dense membrane (lower part). In the bulk phase a
constant PO2 is assumed. D is the diffusion coefficient, DK is the Knudsen diffusion
coefficient, and Hs the Henry solubility constant, indicating diffusion or sorption,
respectively. Due to the flow of the blood phase, diffusion and convection superim-
pose and form an unknown curve in the boundary layer between membrane and
blood phase.

Carbon Dioxide Transport in Blood CO2 is transported in the blood in
three states. Around 70 % is in the form of bicarbonate ions (HCO3

– ), which
are produced by dissociation of carbonic acid (H2CO3 −−⇀↽−− HCO3

− + H+).
Carbonic acid is mainly formed from CO2 in red blood cells by the catalysis
of the enzyme carbonic anhydrase. A further 23 % of CO2 reacts reversibly
with amine radicals of Hb to form carbaminohemoglobin (CO2 ·Hb). Due to
the weak bond between CO2 and Hb, the CO2 can easily be released again.
The remaining 7 % of CO2 are transported in dissolved form in the blood.
A total of around 4 mL of CO2 per 100 mL of blood is transported from the
tissue to the lungs in a resting state, with a total capacity of around 50 mL
of CO2 per 100 mL of blood. [Hall2011]
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Figure 2.6: Partial pressure (PCO2) profile of carbon dioxide (CO2) from gas to
blood phase for the human lung (upper part), an artificial lung with porous mem-
brane (center part), and an artificial lung with dense membrane (lower part). In
the bulk phase a constant PO2 is assumed. D is the diffusion coefficient, DK is
the Knudsen diffusion coefficient, and Hs the Henry solubility constant, indicating
diffusion or sorption, respectively. Due to the flow of the blood phase, diffusion
and convection superimpose and form an unknown curve in the boundary layer
between membrane and blood phase.

Membrane Lung

Extracorporeal life support (ECLS) comprises two systems for exchanging
respiratory gases with blood outside the human body. Extracorporeal mem-
brane oxygenation (ECMO) supplies the patient’s blood with O2 and re-
moves CO2. It is used in cases of heart failure, cardiorespiratory failure,
or respiratory failure. Extracorporeal CO2 removal (ECCO2R) mainly re-
moves CO2 and is used to protect the lungs in the event of excessive CO2

concentrations. As the two systems are used to treat different diseases,
the areas of application and conditions are also different, meaning that the
devices used also differ. [Conr2018]

Nevertheless, the core of both systems is the membrane lung. This de-
vice consists of many thousands of hollow fiber membranes with gas flow-
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ing on the lumen side and blood flowing around the shell side. Commercial
membrane lungs are available in different sizes for different patient groups,
such as children or adults. When perfused with pure O2, a partial pres-
sure difference of 720 mmHg for O2 and 45 mmHg for CO2 drives the gas
exchange. Artificial membrane lungs achieve a maximum gas exchange
surface area of around 2.5 m2 and can transfer around 400 mL min−1 of O2

and CO2 at blood flows of up to 7 L min−1. At the maximum permitted blood
flow, a pressure of up to 250 mmHg drops via the membrane lung. The
priming volume is up to 320 mL. Two main materials are used for the hollow
fibers: polypropylene (PP) for short-term applications of up to 6 hours and
polymethylpentene (PMP) for applications of up to 30 days. [Evse2019]

Microporous Polypropylene Membranes In membrane lungs with mi-
croporous ultrafiltration PP membranes, blood and gas are brought into di-
rect contact as visualized in Figure 2.4b. On the lumen side of the hollow
fibers, pure O2 is flowing. Around the fibers, on their shell side, blood is
flowing and developing a creeping to laminar flow profile. In between both
phases, the porous membrane wall forms the interface. The gas transport
resistance of a microporous membrane can be described by Knudsen dif-
fusion that is valid for pores of up to 50 nm. The very small pores of state
of the art PP hollow fiber membranes of around 30 nm prevent the blood
plasma from penetrating the pores and passing through the membrane due
to surface tension. Nevertheless, plasma leakage occurs over time as evap-
orated water condenses in the pores or blood components adsorb on the
membrane and thus enable wetting of the pores. [Evse2019; Most2021]

The center part of Figure 2.5 and 2.6 shows the partial pressure profiles
for O2 and CO2 with a porous membrane. Due to the porosity of the mem-
brane, there is an equilibrium of partial pressure at the interface between
gaseous bulk phase and membrane. Inside the membrane the gases dif-
fuse according to Fick’s law. At the interface between the membrane and
the blood phase, the gases adsorb/desorb. Due to the flow of the blood
phase, diffusion and convection superimpose and form an unknown curve.
In comparison to the human lung, as depicted in Figure 2.4a, there is only
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very little direct contact between erythrocytes and the shell of the mem-
brane. Thus, all gases move via diffusion in the blood plasma over much
longer distances.

To describe the diffusion in the porous membrane, the Knudsen diffusion
coefficient DK (m2 s−1) is given in the following Equation 2.6:

DK = dp
3

√
8RT
πM (2.6)

Here, dp (m) is the pore diameter, R (8.314 J mol−1 K−1) the gas constant,
T (K) the temperature, and Mi (kg mol−1) the molar mass of the species.
Knudsen diffusion follows Fick’s first law (Equation 2.4). Substituting DK into
Fick’s law (Equation 2.4) and integrating over the diffusive length dx from 0
to δ, the diffusive flux in a microporous membrane is given by Equation 2.7

J = −DK
δ

·∆c (2.7)

Thus, the speed at which gases diffuse through a microporous membrane
can be increased by making the membrane thinner, a higher concentration
gradient, or changing the material that alters the diffusion coefficient.

Dense Polymethylpentene Membranes In membrane lungs with dense
PMP membranes, blood and gas have no direct contact and the dense layer
prevents the blood plasma from passing through the membrane. The gas
transport through the membrane plays a decisive role, as the gas solubility
and diffusivity have a major influence on the transport rate described by the
diffusion-solution model. Solubility is the relevant parameter for the gases
to enter or leave the membrane and diffusion describes the transport within
the membrane. [Most2021]

The lower part of Figure 2.5 and 2.6 shows the partial pressure profiles
for O2 and CO2 with a dense membrane. Due to the porous support of the
membrane, there is an equilibrium of partial pressure at the interface be-
tween gaseous bulk phase and porous support. At the interface between
the porous support and the dense layer, sorption takes place, while inside

25



2

Chapter 2. Fundamentals

the membrane the gases diffuse according to Fick’s law. At the interface be-
tween the dense layer and the blood phase, the gases again adsorb/desorb.
Due to the flow of the blood phase, diffusion and convection superimpose
and form an unknown curve. In comparison to the human lung, as depicted
in Figure 2.4a, there is only very little direct contact between erythrocytes
and the shell of the membrane. Thus, all gases move via diffusion in the
blood plasma over much longer distances.

To describe the transport over a dense membrane, the solution-diffusion
model emerges by substituting Henry’s law for sorption into Fick’s law for
diffusion as shown in Equation 2.8.

J = −D · d(Hcp
s · Pi)
dx = −D · Hcp

s · dPi
dx (2.8)

By integrating over the diffusive length dx from 0 to δ, the diffusive flux in a
dense membrane is given by Equation 2.9. D·Hcp

s
δ is the permeance Q with

units m3 m−2 h−1 bar−1.

J = −D · Hcp
s

δ
·∆Pi = Q ·∆Pi (2.9)

Thus, the speed at which gases travel through a dense membrane can be
increased by making the membrane thinner, a higher partial pressure gradi-
ent, or changing the material that alters the diffusion and Henry coefficient.

Resistances from Gas Phase to Blood Phase During oxygenation or
decarbonization, the respiratory gases move via different mechanisms as
illustrated in Figure 2.5 and 2.6. The overall transport resistance can be
divided into three main sections as shown in Equation 2.10: gas phase,
membrane, and blood phase.

Rtotal = Rgas + Rmembrane + Rblood (2.10)

Within the gas phase, the gases can move freely and experience hardly
any resistance. Due to the high mobility of the gas molecules and the con-
vective flow, a boundary layer at the gas-membrane interface is neglected.
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Through the membrane, however, the resistance is not negligible. Com-
pared to the human lung, in which the respiratory membrane is extremely
thin and gases are well soluble, artificial membranes are around 100-fold
thicker. Their gas permeabilities vary depending on various parameters,
such as thickness, material, or structure (porous or dense). At the interface
between the membrane and the blood phase, the respiratory gases dis-
solve, degas, absorb or desorb, usually described by Henry’s law. Within
the boundary layer, which is created by the Fåhræus effect, the respiratory
gases are transported diffusively, which can be described with the help of
Fick’s first law, and convectively by the blood flow. In the main flow in which
the red blood cells are located, the respiratory gases react with the red blood
cells.

The highest resistance and greatest challenge in artificial systems is the
boundary layer due to the low solubility of O2 in blood plasma. In the human
lung this boundary layer is cleverly bypassed with capillaries of the same
size as the red blood cells to bring the cells into contact with the respiratory
membrane as visualized in Figure 2.4. [Most2021]

2.1.3 Blood Purification

Humans consume liquid and solid food, which is metabolized and excreted
again. Nutrients as well as other ingested substances and metabolites are
transported in the body by the blood. The purification of the blood by re-
moving unnecessary or even harmful substances, is mainly carried out by
the kidneys and liver.

The Kidneys and the Liver

Around 1.1 L min−1 of blood flows through the kidneys, of which only a small
amount is required to supply the kidneys. Most of the blood is transported
to the kidneys to be filtered and to restore the balance in the body fluids.
The approximately 800 000 to 1 000 000 nephrons per kidney filter around
20 % of the blood plasma flowing through the kidneys, which adds up to
around 180 L of filtered blood plasma per day. Hence, the plasma is filtered
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about 60 times a day and electrolytes, amino acids, and glucose are re-
absorbed and excess amounts excreted. In addition, the end products of
metabolism, such as urea, creatinine, uric acid, and urates are excreted.
Once destroyed, nephrons cannot be regenerated. As a result, the perfor-
mance of the kidneys decreases over time as nephrons become damaged
over the years. [Hall2011]

The liver is the central metabolic organ in humans and is responsible
for the metabolism of fat and proteins, but also for the production of bile
and it functions as a detoxification center. It is supplied with blood via two
vessels. Arterial blood is used to supply the liver cells. Venous blood from
the digestive tract delivers all substances that have entered the bloodstream
from food, including nutrients and toxins, to the liver. After liver tissue loss,
most of the lost tissue can be regenerated. [Hall2011]

Artificial Kidney: Hemodialysis, Hemodiafiltration, Hemofiltration

If kidney function is severely impaired, the balance of substances in the
body fluids is at risk and harmful substances must be removed. Hemodial-
ysis is an extracorporeal way of cleaning the blood and removing excess
water. In this process, the blood is passed through the lumen of hollow fiber
membranes at a flow rate of around 300 to 600 mL min−1. A washing fluid,
the dialysate, flows around the membranes on the shell side. The exchange
of substances across the porous membranes takes place diffusively up to
a size of around 65 kDa, the size of albumin, which must always be held
back in the blood. For substances smaller than 65 kDa, mainly electrolytes
and glucose, a composition is adjusted in the dialysate so that these sub-
stances are supplied to or removed from the patient as required. Urinary
substances are always removed. To remove excess water from the patient
a slight pressure difference can be applied to generate some convective
flow. Hemodialysis operates without a pressure difference, thus exchange
is driven by diffusion. Hemodiafiltration uses both, diffusion and convection
and hemofiltration is based upon mere convection. [Duy 2021]
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Hemoadsorbtion

In the event of an infection, the immune system is activated and fights it. If
the infection cannot be controlled, the immune system is further activated
until an dysregulated immune response with a cytokine storm occurs. This
can also lead to septic shock, a critically reduced tissue perfusion that often
results in multi-organ failure. [Meht2023]

To stop the immune reaction and restore the immune balance, the pro-
inflammatory substances must be removed. Dialysis has not yet been able
to achieve significant and clear results for this purpose due to protein-bound
toxins that can not be removed. Depending on the infection and the inflam-
matory substances released, various hemoadsorbers are used, some of
which adsorb molecules specifically, others non-specifically. [Meht2023]

Beads or fibers are mainly used as sorbents. One device based on
porous polymer beads is the Cytosorb cartridge, which can be used at a
blood flow of 150 to 700 mL min−1 for up to seven consecutive days. Hy-
drophobic molecules, such as pro- and antiinflammatory mediators, with a
size of up to 60 kDa are adsorbed non-specifically but endotoxins can not be
removed. The mass balance is described by Equation 2.11. Here cblood,initial

is the concentration of a species in the blood at the start of treatment and
Vblood is the total blood volume. The product of these two, i.e. the left-hand
side of the equation, indicates the total amount of a species present in the
blood. The right-hand side of the equation is the equilibrium between blood
and sorbent, where cblood is the concentration of the species and thus in-
dicates the remaining amount of the species in the blood. csorbent is the
concentration of the species on the sorbent (mol unit−1 of sorbent mass)
and msorbent is the total mass of the sorbent, resulting in the amount of ad-
sorbed species. The difference between the two terms on the right-hand
side approximately indicates the driving force for adsorption. [Ronc2022;
Mona2019]

cblood,initial · Vblood = (cblood · Vblood) + (csorbent · msorbent) (2.11)

The flow through a packed bed of porous particles can be described by the
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physical laws of Darcy and Kozeny-Carman. [Ronc2022]
Fiber-based devices are Toraymyxin and oXiris. The Toraymyxin car-

tridge uses fibers with immobilized polymyxin B, which mainly adsorb endo-
toxins. The use is limited to 2 h application per day for two consecutive days
at a blood flow of 80 to 120 mL min−1. oXiris is a membrane module made of
modified AN69 hollow fiber membranes, which is used to remove cytokines
and endotoxins. The module is operated like a dialyzer at a blood flow of
100 to 450 mL min−1 with a filtration capacity of >35 mL kg−1 h−1 for up to
three consecutive days. The polyethylenimine-coated membranes adsorb
and simultaneously dialyze and filtrate the blood. [Anka2018]

2.2 Triply Periodic Minimal Surfaces

Minimal surfaces, defined as those with the least area within a given bound-
ary curve, can be exemplified by soap films spanning a closed wire frame.
Submerging and pulling out the frame from a soap solution results in the
formation of a soap film, spanning a minimal surface due to reduction of
free energy. This phenomenon aligns with mathematical principles, where
the surface exhibits zero mean curvature at each point. [Jaco2008]

Triply periodic minimal surfaces (TPMS) are a category of minimal sur-
faces, distinguished by their symmetrical properties and continuous con-
nection within a three-dimensional space. Hermann Schwarz first identi-
fied these surfaces in 1865 [Schw1890], followed by Alan Schoen’s empir-
ical discovery of 12 new TPMS structures in 1970 [Scho1970]. These dis-
coveries were later validated mathematically by Hermann Karcher in 1989
[Karc1989]. Among the most notable TPMS structures are the Schwarz
Primitive (SP), Schwarz Diamond (SD), and Schoen Gyroid (SG) structures
that are described mathematically by Equations 2.12 to 2.14 and shwon in
Figure 2.7. These TPMS divide a volume with unit cell size sunit into two
distinct volumes. For soff = 0 the two volumes are congruent, for soff ̸= 0
the surface shifts to form two unequal but still separate volumes. x, y, and
z are the variables in the three dimensions (mm). [Hawk2023]
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SP: soff = cos
(

2πx
sunit

)
+ cos

(
2πy
sunit

)
+ cos

(
2πz
sunit

)
(2.12)

SD: soff = cos
(

2πx
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)
· cos

(
2πy
sunit

)
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)
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· sin
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SG: soff = sin
(

2πx
sunit

)
· cos

(
2πy
sunit

)
+ sin

(
2πy
sunit

)
· cos

(
2πz
sunit

)
+ sin

(
2πz
sunit

)
· cos

(
2πx
sunit

) (2.14)

Although a TPMS is a surface without volume, a 3D printer can be con-
trolled to print solid material in one of the two volumes. This creates a
single-phase structure. Alternatively, the printer can print the surface with
a thickness sthick, creating two independent channels (double-phase struc-
ture). Utilizing porous or conductive materials for the walls can facilitate
heat or mass transfer between these channels.

Depending on the wall thickness twall and surface offset soff , the porosity
ϕ and channel size schan of the structure vary. The porosity is defined as
the ratio of the free volume to the total volume of the unit cell ϕ = Vfree

Vunit
. For

single-phase TPMS with soff = 0, this results in a porosity of 50 %. For
two-phase TPMS, the total porosity is calculated as ϕ = Vunit−Vwall

Vunit
.

2.2.1 Anisometric TPMS Structures

Standard TPMS structures are uniform and periodic. However, the gradual
distortion that creates an anisometric TPMS structure can add further fea-
tures to the geometry. Distortion is possible in different ways. A change in
wall thickness, for example, narrows the channel. The different extension of
the unit cells in the three spatial directions distorts the geometry as shown in
Figure 2.8. One of the greatest challenges is the uniform transition from one
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Figure 2.7: Two-phase triply periodic minimal surfaces (TPMS). The upper row
shows single unit cells, the lower row shows 2x2x2 unit cells of the respective
TPMS. a) Schwarz primitive, b) Schwarz diamond, c) Schoen gyroid.

unit cell to the next, for which various approaches and tools are available.
[Tian2024]

2.2.2 Flow Through TPMS Structures

The flow through TPMS geometries is particularly relevant for this work.
Due to the tortuous geometry, the fluid is deflected and secondary flows
are created which reduce the formation of boundary layers. [Femm2015a;
Femm2015b] To determine the flow regime in TPMS geometries, the
Reynolds number from Equation 2.1 can be used. The hydraulic diame-
ter can be used as the characteristic length which is given in Equation 2.15,
where V is the fluid volume and Awet is the wetted surface. [Hawk2023]

dhyd = 4 · ϕ · V
Awet

(2.15)
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Figure 2.8: Anisometric Schwarz diamond triply periodic minimal surface structure
with distorted unit cells.

There are still no exact Reynolds values for the transition from laminar
to turbulent flow but Hawken et al. assume a transition between Rehyd =
60 to 600. They also state, that flow in TPMS geometries is similar to flow
through packed beds where Rehyd = 17, 250, 500 are the transition points
between creeping and laminar, laminar and transitional, and transitional and
turbulent flow, respectively. [Hawk2023]

Flow Resistance of TPMS Structures

Asbai-Ghoudan et al. proposed an analytical correlation, Equation 2.16,
for calculating the permeability κ as a function of the porosity ϕ and TPMS
channel size schan [Asba2021]. However, the TPMS channel size is hardly
measurable due to its variability and is not used as a parameter when cre-
ating a TPMS geometry. Therefore, it is proposed to use the TPMS unit
cell size instead. Since they also found a linear relationship between the
channel size and unit cell size, in Equation 2.16 schan can be substituted by
a linear function schan(sunit) = m · sunit + b, yielding Equation 2.17.

κ(ϕ, schan) = (c1ϕ− c2) · s2
chan (2.16)

κ(ϕ, sunit) = (c3ϕ− c4) · s2
unit + (c5ϕ− c6) · sunit + c7ϕ + c8 (2.17)
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c1 to c8 are constants depending on the TPMS type. For ϕ = 0 and any
value for sunit , the permeability must be 0 m2, whereby c8 = 0 m2 applies.

2.3 Residence Time Distribution

In order to evaluate and optimize the flow distribution within an extracor-
poreal blood treatment device the residence time distribution (RTD) is a
measure to identify channeling or stagnation. Computational fluid dynam-
ics (CFD) simulations or experiments can visualize and quantify the RTD.
For this purpose, a small amount of a detectable, non-reacting substance
(tracer) is added to the flow upstream of the device and detected down-
stream. The concentration profile at the device’s outlet yields the residence
time density function E(t), which is a fingerprint of the inhomogeneity of flow
distribution inside the device. E(t) has the unit of s−1. The easiest to inter-
pret are the pulse and step experiments, but the tracer can also be added
periodically or randomly. Only non-reactive tracers and the pulse experi-
ment are relevant for this work, which is why the others are not discussed
further. The mean residence time τ (s) is calculated by dividing the fluid
volume of the device by the volumetric flow rate as given in Equation 2.20.
In the case of channeling, some fluid remains shorter (< τ ) in the device,
while in domains of stagnant flow, parts of the fluid remain longer (> τ ) in
the device. Ideally the RTD curve is narrow, symmetric, and a Gaussian-
like distribution centered at the mean residence time. To compare different
modules with each other, it is convenient that the area under the curve E(t)
is comparable and thus equals unity. This procedure is called normalization
and yields the dimensionless RTD density function Eθ(θ). [Leve1999]

2.3.1 The Pulse Experiment

In the pulse experiment, an amount of tracer ntracer (mol) is added to the fluid
flow with volumetric flow rate V̇ (m3 s−1) instantaneously at time t0 = 0 s as
shown in Figure 2.9. This tracer travels through the module and is detected
at the output of the module as concentration c(t) (mol m−3). For modules
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Figure 2.9: In the pulse experiment, an amount of tracer ntracer is added to the
fluid flow with volumetric flow rate V̇ instantaneously at time t0. The tracer travels
through the module with volume VF and is detected at the output as concentration
c(t) until the end of the experiment at tend . τ is the mean residence time and A the
area under the curve.

with closed boundary conditions the mass balance results in

Area under c(t) curve: A =
∫ tend

0
c(t) dt = ntracer

V̇
(2.18)

Thus, the RTD density function yields in

E(t) = c(t)
A = c(t)∫ tend

0 c(t) dt
= c(t) V̇

ntracer
(2.19)

In combination with Equations 2.29 and 2.30 the location, scale, and shape
of E(t) can be quantified. When dealing with differently sized modules, it
is convenient to measure time in terms of dimensionless residence time θ

(Equation 2.21) where τ is the mean residence time calculated from the
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module’s fluid volume VF (m3) and volumetric flow rate.

τ =
∫ tend

0 t c(t) dt∫ tend
0 c(t) dt

∼=
∑

i ti ci ∆ti∑
i ci ∆ti

= VF

V̇
(2.20)

θ = t
τ

(2.21)

Therefore, the dimensionless RTD density function is

Eθ(θ) = τ · E(t) (2.22)

2.3.2 Statistical Moments or Distribution’s Moments

The mathematical moments, also known as statistical moments, here re-
lated to the density function E(t), are used to quantify the location, scale,
and shape of a distribution. The first five moments are also known as the
total mass, mean, variance, skewness and kurtosis. The generalized
form of the kth moment around a non-random value o is:

E
[
(X − o)k

]
=
∫ +∞

−∞
(x − o)k f (x) dx (2.23)

Thus, statistical moments can be divided into three types: Raw moments,
central moments and standardized moments. Raw moments refer to the
zero point (o = 0), central moments refer to the mean of the distribution
(o = E[X ]) and standardized moments are central moments normalized by
the standard deviation raised to the power of k. For the present work, the
RTD density function E(t) over time t is considered with a mean of τ . This
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results in

Raw moments: µk = E
[
(T )k

]
=
∫ tend

0
(t)k E(t) dt (2.24)

Central moments: mk = E
[
(T − τ )k

]
=
∫ tend

0
(t − τ )k E(t) dt (2.25)

Standardized moments: m̂k = mk
σk

(2.26)

with σk = σk
t =

(√
m2

)k =

√∫ tend

0
(t − τ )2 E(t) dt

k

(2.27)

Zeroth Moment - Total Mass

For the zeroth moment, the total mass, µ0 = m0 = m̂0 =
∫ tend

0 1 E(t) dt = 1
underlines that the distribution is normalized and equals unity. Figure 2.10
plots a probability density function using the normal distribution of form

f (t | τ ,σ) = 1√
2πσ2

· e− (t−τ )2

2σ2 (2.28)

with τ = 4 and σ = 1. Due to the distribution being normalized, the area
under the curve is A = 1.

First Moment - Mean

Because the first central moment and standardized moment equals 0, only
the first raw moment is of interest, which is the expectation of T , also referred
to as center of mass or mean, with

µ1 = τ =
∫ tend

0
t E(t) dt (2.29)

Figure 2.10b plots a beta distribution with parameters a = 2 and b = 5
resulting in an expectation or mean of τ = a

a+b = 2
7 ≈ 0.29. Upon this value,

the mass of the distribution is balanced.
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Figure 2.10: a) Total Mass: Probability density function using the normal distribu-
tion with parameters τ = 4 and σ = 1. Due to the distribution being normalized,
the zeroth raw, central, and standardized moments are all 1, thus the total mass
or area of is A = 1. b) Mean: Probability density function using the beta distri-
bution with parameters a = 2 and b = 5 resulting in an expectation or mean of
τ = a

a+b = 2
7 ≈ 0.29. Upon this value, the mass of the distribution is balanced.

Second Moment - Variance

The second moment describes the variance V of the distribution. However,
only the second central moment is relevant because it takes into account
the mean of the distribution. The second standardized moment is 1 by def-
inition. This results in the following for the variance, which describes the
width of the distribution and is regularly expressed as σ2:

m2 = V = σ2 =
∫ tend

0
(t − τ )2 E(t) dt (2.30)

A higher variance represents a wider distribution, as visualized in Fig-
ure 2.11a, and a variance of 0 results in the expected value τ .

Third Moment - Skewness

The third moment, skewness S, measures the length of the two tails below
and above the expected value. The standardized third moment m̂3 = S = m3

σ3

measures the relative size by eliminating the location and size, making it
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Figure 2.11: a) Variance: Probability density function using the normal distribution
with parameters τ = 0 and σ = 10, 20 and 32. A higher variance σ represents a
wider distribution and a variance of 0 results in the expected value τ . b) Kurtosis:
Probability density function using the Laplace, normal, and uniform distribution with
mean 0 and variance 1. Their excess kurtosis (K − 3) are 3, 0 and −1.2, respec-
tively. Positive values mean that the distribution is more tailed than the normal
distribution and negative values mean it is less tailed.

possible to compare different distributions with each other. For balanced
tails, S = 0. Figure 2.12 shows two distributions, one left-tailed (a) and
one right-tailed (b). Values of S greater than 0 indicate a longer right tail
and values less than 0 indicate a longer left tail. Skewness can therefore
also be interpreted as tailedness. Many online sources describe the third
moment as the asymmetry of a distribution. While a symmetrical distribution
always has a skewness of 0, a skewness of 0 does not necessarily describe
a symmetrical distribution.

Fourth Moment - Kurtosis

In comparison to the skewness, the fourth moment, kurtosis K, considers
the length of both tails together. The even exponent eliminates the sign,
which means that K is always positive and long tails have a greater influ-
ence than short ones. The kurtosis of a normal distribution is 3, so one
possible interpretation of the kurtosis is that it describes the tailedness of
a distribution in relation to the normal distribution. K − 3 is called "excess
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Figure 2.12: Skewness: a) Left-tailed distribution with S < 0 and b) right-tailed
distribution with S > 0.

kurtosis", as for values greater than 3 a distribution is more tailed than the
normal distribution and values smaller than 3 less. Figure 2.11b depicts a
Laplace, normal, and uniform distribution with excess kurtosis of 3, 0 and
−1.2, respectively.
[Gund2020]

2.3.3 Mirror-Image Analysis for Quantifying Symmetry

Mirror-image analysis is a method of quantifying the symmetry or asymme-
try of any data. The method is mainly used in fields such as dentistry, or-
thodontics, and facial reconstructive surgery, but can also be applied to res-
idence time distribution data. The calculation involves several steps. First,
the mirror axis must be defined. Common axes are the mean or median of
a distribution, but the maximum or any other axis can be used. The curve
is divided along this axis to create two halves. One half of the curve is mir-
rored along the defined axis and placed on top of the other half. Both halves
can now be compared. If both halves match, the distribution is symmetri-
cal. The difference between the two halves is the asymmetry. This can be
calculated in a variety of ways. For example, statistical methods or the area
between the two halves of the curve. [Dams2011; Zhu2022; Wu2022]
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2.4 Computational Fluid Dynamics

CFD is a discipline of fluid mechanics. It is the science in which fluid and
gas flows are predicted using computers and numerical methods to itera-
tively and approximately solve mathematical equations. Compared to the
analytical fluid mechanics, complex and non-linear sets of equations can
be solved and compared to experimental fluid mechanics it is possible to
investigate large setups or conditions outside the feasible at low cost and a
lot less effort. In cfd the free flow and the interaction of the fluid with sur-
rounding matter are calculated. As there are many different approaches to
solving the fluid flow, for example smoothed-particle hydrodynamics (SPH)
or the continuum approach, it is essential to select a method before the
calculation. [Ansy; Baum2003]

2.4.1 Continuum Approach

The continuum approach considers fluids as continuous media. This means
that the fluid properties (e.g., density, velocity, pressure) can be described
using continuous functions. If the continuum approach is chosen, there are
three essential steps:

1. Identification of the fluid domain for which the equations shall be
solved.

2. Discretization of the domain and thus determination of the locations for
which the equations shall be solved.

3. Determining the equations and boundary conditions to be solved that
describe the fluid mechanics problem with sufficient accuracy.

[Ansy]

Fluid Domain

Usually there is a computer aided design (CAD) model of the geometry
through which the fluid will flow, as shown in Figure 2.13a. For the first
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step, the negative, i.e. the part that is later filled by the fluid, is extracted
from this outer geometry as shown in Figure 2.13b.

Figure 2.13: Identification and discretization of a fluid domain. a) CAD model of
the outer geometry through which the fluid will flow. b) Negative of the geometry
representing the fluid volume. c) Discretization of the fluid volume into finite volume
elements. The top and bottom of the geometry were discretized into tetrahedrons,
while the center part (tubes) were discretized into hexahedrons.

Discretization

In the second step, this fluid volume is discretized, visualized with the help
of the mesh elements shown in Figure 2.13c. Discretization means trans-
ferring the continuous functions to the discrete locations of a computational
grid with the aim of obtaining a linear system of equations and solving it
numerically. Discretization causes the system to lose accuracy (an error
occurs), however, only then does it become solvable. The most common
discretization methods are the finite difference (FD), finite element (FE), and
finite volume (FV) methods. [Baum2003]

Finite Difference Method Using the FD method, a grid of discrete points
is generated and the derivatives of the partial differential equations are ap-
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proximated at these points by difference equations. Considerable continuity
defects can arise with this method. [Baum2003; Roll2005]

Finite Element Method The FE method divides the domain into smaller,
non-overlapping elements (e.g. triangles, cuboids, tetrahedrons). The cor-
ner points of the elements form the so-called nodes for which solutions are
calculated. Between two neighboring nodes, the partial differential equa-
tions are replaced by simple continuous functions (e.g. polynomials), thus
converting the non-linear system of equations into a linear one. In compar-
ison to the FD method, the continuity between neighboring nodes is thus
maintained. [Baum2003; Roll2005]

Finite Volume Method The third and most frequently used method, the
FV method, divides the domain into smaller control volumes. The partial
differential equations are applied to each control volume to ensure that the
conservation principle applies, i.e. nothing can emerge or disappear within
the control volume. For each control volume, the differential equations are
integrated and converted into surface integrals in order to calculate a flow
across the boundaries. The calculated final value corresponds to the mean
value of the control volume. This method can be used to analyze any ge-
ometry without problems with high gradients (discontinuities). [Baum2003;
Roll2005]

Fundamental Equations

The movement of a fluid follows some general conservation laws: conser-
vation of mass and conservation of momentum. The general conservation
of a property states that the change of this property within a control volume
is equal to the amount entering and leaving across the boundaries plus the
amount created and consumed in the volume. In case of chemical reac-
tions the conservation of species, stating that each single component must
be preserved, is added. [Baum2003] For heat transfer, the conservation of
energy is used. However, for the fluid flow investigated in this thesis, only
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the conservation of mass and conservation of momentum are sufficient be-
cause no chemical reactions or heat transfer have been investigated. In
Chapter 3 and 5, a tracer species is added to the fluid flow. Therefore, an
additional transport equation describing the concentration of the species is
needed.

Conservation of Mass The conservation of mass without any sources or
sinks is:

δρ

δt + ∇ · (ρv) = 0 (2.31)

where ρ is the density, t is the time, v is the flow velocity, and ∇· is the
divergence of a vector field, indicating the partial derivations along all di-
mensions ( δ

δx1
, ..., δ

δxn
). For an incompressible fluid (ρ = const.), such as

water or blood, Equation 2.31 simplifies to ∇ · v = 0. [Ansy]

Conservation of Momentum The conservation of momentum follows
Newton’s second law F = ma. Here, F are all external forces acting on
a body that equal to the product of mass m times acceleration a. For fluid
flow this results in Equation 2.32. The external forces can be split into two
terms, one to describe internal stresses and one for external forces, such
as gravity g (Equation 2.33).

F = ρ

(
δv
δt + v · ∇v

)
(2.32)

∇ · σ + g = ρ

(
δv
δt + v · ∇v

)
(2.33)

−∇P + ∇ · τ + g = ρ

(
δv
δt + v · ∇v

)
(2.34)

Here, σ is the Cauchy stress tensor composed of normal stresses (σxx, σyy ,
σzz) and shear stresses τ . Mechanical pressure P, a relevant parameter
in CFD, is equal to the negative of the mean normal stress, yielding Equa-
tion 2.34. For Newtonian fluids the viscosity η can be related to the viscous
term ∇ · τ = η∇2v, while for non-Newtonian fluids, such as blood, the vis-
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cosity is a function of the shear rate as explained in Section 2.4.2. [Ansy;
Baum2003; Hosc2024]

Transport Equation for Diluted Species In case of a diluted species only
fluid-species interaction are considered, thus the species itself has no im-
pact back on the fluid. Therefore, first the fluid equations can be solved and
then the advection and diffusion of the species are calculated. The species
transport equation follows the general conservation equation and, in case
of no sources or sinks, is given in Equation 2.35:

δc
δt + ∇ (vc − D∇c) = 0 (2.35)

where D is the diffusion coefficient and c is the species’ concentration. In
this equation the vc term accounts for advective transport and the D∇c term
considers diffusion of the species. [Haut2020]

Navier-Stokes Equations for Incompressible Fluid The final Navier-
Stokes equations for an incompressible fluid with non-Newtonian viscos-
ity and coupling to the transport of diluted species with constant diffusion
coefficient are:

Continuity: ∇ · v = 0

Momentum: −∇P + ∇ ·
[
η(γ̇)(∇v + (∇v)T )

]
+ g = ρ

(
δv
δt + v · ∇v

)
Transport: δc

δt + v · ∇c − D∇2c = 0

2.4.2 Simulation of Blood

The simulation of flowing blood through arbitrary geometries has enormous
advantages, especially since blood is a very precious liquid. However, not
all blood is the same, because blood is a composition of many components
as described in Section 2.1.1. Different compositions lead to different rheo-
logical properties, which are crucial for simulations. In addition, there is the
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non-linear dependency of the rheological parameters on external influences
such as flow velocity or shear rate. [Freu2014; Fuch2023]

Simple approximations use a constant density and viscosity. For a more
accurate calculation, especially when considering shear rates, the shear-
thinning properties of blood should be taken into account by using a non-
linear model. A common model is the Carreau-Yasuda model, as described
in Equation 2.36. The viscosity η (Pa s) is a function of the shear rate γ̇

(s−1) and is calculated from the viscosity without shear rate η0, the viscosity
at infinite shear rate η∞, the relaxation time λ (s), the power law index n,
and the dimensionless parameter a. [Seeh2023; Boyd2007]

η(γ̇) = η∞ + (η0 − η∞)
[
1 + (λ · γ̇)a] n−1

a (2.36)

2.4.3 Computational Optimization

The aim of optimization is to find an optimum state. In the case of simu-
lations and computer-aided calculations, statistical models aid in covering
an arbitrary parameter space that would be almost impossible to access
manually or experimentally.

The problem to be optimized is treated as a black box with input and
output parameters. The aim of optimization is to establish a connection be-
tween these input and output parameters in the parameter space to find the
best possible state, the global optimum. Depending on the complexity of the
model, there may be no clear solution or there may be several optima, ei-
ther global or local. The output parameter is calculated from an initial value.
Based on the result, a function without a specific form is created as a rela-
tionship between the input and output parameters. An acquisition function
evaluates the result and determines the next point to be examined, whereby
a trade-off is made between exploration and exploitation. [McCa2023]
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Single and Multi-Objective Optimization

Single-objective optimization reduces the problem to a single output param-
eter, which is maximized or minimized and thus specifies the optimum. As
there are usually several output parameters, it is essential to combine them
into one value. Various weighting functions are available for this purpose,
such as the weighted, geometric, arithmetic or harmonic mean. With multi-
objective optimization, the output parameters are considered as a whole.
Each iteration examines whether and to what extent an output parameter
changes without the other parameters worsening too much. [McCa2023;
Brad2018]
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3.1 Introduction
Non-physiological flows and high shear rates in extracorporeal blood treatment de-
vices lead to unexploited potential and increased risk of thrombosis. It is important
to utilize the entire functional surface of the devices evenly to minimize the res-
idence time of the blood in the device, as the artificial surfaces cause rejection
reactions.

Current dialyzers and fiber-based hemoadsorbers suffer from poor radial blood
distribution in the inlet area [Ronc2002; Kim2009; Hira2012]. Cylindrical hemoad-
sorbers with porous polymer beads also exhibit different residence times for blood
in the peripheral areas compared to blood along the central axis [Umat2019]. Al-
though membrane lungs exist in different shapes, they do not achieve homoge-
neous blood distribution [Hess2022]. Furthermore, too high or too low shear rates
can lead to activation of the coagulation cascade and thus to the formation of blood
clots [Feau2023; Casa2015].

In this chapter, four modules with different inner geometries were created. Triply
periodic minimal surface (TPMS) structures were used to improve the flow distri-
bution [Hess2021; Hess2022]. This novel geometry for blood treatment devices
was simulatively analyzed with regard to its hemodynamics in order to be able to
make a comparison with state-of-the-art devices. Furthermore, the analysis allows
conclusions about regions with an potentially increased risk of blood clot formation.
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3.2 Materials and Methods
Four modules, each with a distinct inner geometry but identical fluid volumes of
25 mL, were designed, manufactured, and tested. These modules are illustrated
in Figure 3.1. Notably, the "isoTPMS smaller" module features smaller unit cells,
which result in a larger inner surface area.

3.2.1 Computer-Aided Design of Blood Contactor
Modules

Tubular Module (tubular)

The tubular module, created using Autodesk Inventor (version 2023, Autodesk Inc.,
USA), features an inner diameter of 32 mm and a length of 84 mm. Inside, it in-
cludes 127 straight tubes, each 2 mm in diameter and 55 mm long, resulting in a
total volume of 21.9 mL and a surface area of 438.9 cm2. Additionally, two end caps
fit onto the tube section as distributors, each with a volume of 1.6 mL and an inner
surface area of 12.7 cm2, designed to accommodate a 4 mm × 6 mm tube (inner
x outer diameter). The combined volume of the module is 25.0 mL, and the total
inner surface area is 464.3 cm2, leading to a surface area to volume ratio (SAV) of
1.85 mm−1.

Isometric TPMS Module (isoTPMS)

The isometric TPMS modules, designed using nTop (Version 4.8.2, nTopology Inc.,
USA), share the same dimensions as the tubular module and are configured to fit
identical tubes. The TPMS structure is rotated by 45◦ around the x-axis and then
by arctan(1/

√
2) = 35.3◦ around the y-axis to optimize flow through its unit cells

along the space diagonal. Two versions were developed:

• One version matches the tubular and anisoTPMS modules in surface area
and volume, using unit cells sized 4.27 mm × 4.27 mm × 4.27 mm with a mid-
surface offset of −0.045 mm, and shifted −5.3 mm along the z-axis.

• The second version has a larger surface area, consisting of unit cells sized
3 mm × 3 mm × 3 mm with a mid-surface offset of −0.031 mm, shifted 5.6 mm
along the z-axis. It has a volume of 25.0 mL and a larger inner surface area
of 644.3 cm2, yielding an SAV of 2.58 mm−1.
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Anisometric TPMS Module (anisoTPMS)

The anisometric TPMS module (anisoTPMS), also designed in nTop, maintains
the same dimensions as the isoTPMS module but uses distorted Schwarz di-

Figure 3.1: Illustration of four module types: tubular, anisoTPMS, and isoTPMS
with larger and smaller unit cells. The tubular module serves as a reference. The
anisoTPMS module is designed to facilitate smoother transitions from the inlet to
the core of the module, while the isoTPMS modules feature simpler, anisometric
TPMS structures.
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amond TPMS unit cells. These cells are configured with a base size of
8.95 mm × 8.95 mm × 8.95 mm and a mid-surface offset of −0.064 mm. They were
generated using the Warp Cell Map block inside the Periodic Lattice block.

3.2.2 Computational Fluid Dynamic Simulations
The computational fluid dynamics (CFD) software COMSOL Multiphysics (Version
6.1, COMSOL AB, Sweden), including the CAD Import Module, CFD Module, and
Chemical Reaction Engineering Module, was utilized. These simulations of the
blood contactors were conducted in 3D space using their inverse geometry, which
represents the fluid-containing volume.

Import and Meshing

For the tubular module, the inverse geometries of the individual parts were con-
structed by subtraction, followed by the creation of a derived part that formed a
unified body. This module was integrated via geometry import. At the module’s in
and outlet cap and at the end face of the tubes, a free tetrahedral mesh was applied.
The tubes themselves were meshed using a swept mesh in the axial direction with
200 elements.

Similarly, the inverse geometries for the isoTPMS and anisoTPMS modules were
assembled by subtraction and meshed using the Mesh from Implicit Body block
with a tolerance of 0.1 mm. A subsequent remeshing step with the Remesh Sur-
face block was necessary to decrease the element count, remove artifacts, and
facilitate domain generation in COMSOL. The specific meshing parameters are
detailed in Table 3.1. The STL files for both the isoTPMS and anisoTPMS modules
were imported into COMSOL, where a free tetrahedral mesh was applied to each.

Study Setup and Fluid Properties

Velocity profiles and shear rates were simulated with a stationary study of lam-
inar fluid flow. At the module’s inlet a fully developed flow with a flow rate of
300 mL min−1 was set.

Water Properties for Residence Time Distribution The fluid had a den-
sity of 1000 kg m−3, and a Newtonian viscosity of 1 mPa s. Additionally, a time-
dependent study with the transport of diluted species physics was used to simulate
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Table 3.1: Meshing parameters in nTop for isoTPMS and anisoTPMS for CFD sim-
ulations.

Mesh from Implicit Body (isoTPMS)

Body isoTPMS
Tolerance 0.1 mm
Min. feature size -
Sharpen no
Simplify no

Remesh Surface (isoTPMS)

Surface Mesh for CFD
Edge length 0.2 mm
Shape Triangle
Span angle 15 deg
Growth rate 2
Feature angle 30 deg
Min edge length 0.01 mm
Chord height
Min feature size 0.05 mm

Mesh from Implicit Body (anisoTPMS)

Body anisoTPMS
Tolerance 0.1 mm
Min. feature size -
Sharpen no
Simplify no

Remesh Surface (anisoTPMS)

Surface Mesh for CFD
Edge length 0.2 mm
Shape Triangle
Span angle 15 deg
Growth rate 2
Feature angle 30 deg
Min edge length 0.05 mm
Chord height
Min feature size 0.05 mm

the residence time distribution (RTD). This time-dependent simulation ran in 0.1 s
increments over a period of 15 s. The tracer was injected via a rectangular func-
tion between 0 to 0.1 s with an amplitude of 1 mol m−3 and a diffusion coefficient of
1 · 10−9 m2 s−1.

Blood Properties for Hydrodynamic Evaluation The fluid had a density
of 1050 kg m−3, and its viscosity was set according to the inelastic non-Newtonian
Carreau-Yasuda model given in Equation 2.36 with parameters from Seehanam et
al. [Seeh2023]:

infinite shear viscosity: µ∞ = 0.0035 Pa s

zero shear viscosity: µ0 = 0.25 Pa s

relaxation time: λ = 69.1 s

power law index: n = 0.3621

transition parameter: a = 2
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3.2.3 Experimental Setup for Residence Time
Distribution Measurement

Additive Manufacturing and Preparation

All modules were produced using a Phrozen Sonic Mini 8K printer (Phrozen Tech-
nology, Taiwan) via digital light processing additive manufacturing, utilizing hemo-
compatible resin (Printodent GR-20 MJF, pro3dure medical GmbH, Germany). The
STL files were prepared using Chitubox Basic (Version 1.9.4, Chitubox, China), with
printing parameters detailed in Table 3.2. After printing, the modules were detached
from the platform and cleansed in isopropyl alcohol (70 % in H2O, Sigma-Aldrich
Chemie GmbH, Germany) using a Form Wash (Formlabs Inc., USA). Further rins-
ing involved flushing the interior with pure isopropyl alcohol (>99.8 %, EMSURE
ACS reagent, Sigma-Aldrich Chemie GmbH, Germany) using a 50 mL syringe at-
tached to 4 mm × 6 mm tubing. Subsequent to washing, the modules were dried
using compressed air and then aired in a fume hood for a minimum of 1 h. Post-
curing was conducted overnight in a homemade light chamber lined with aluminum
foil and illuminated by two energy-saving lightbulbs (each 25 W, 1400 lm, daylight),
ensuring complete polymerization of the material. Lastly, two 8 cm pieces of tubing
(Class VI, 1/8 x 1/16 S DEHP free, from CAPIOX FX05 set, Terumo Europe N.V.,
Belgium) were glued to the module (UHU Plus Sofortfest, UHU GmbH, Germany).

Each module was equipped with two 8 cm pieces of tubing (Class VI, 1/8 x 1/16
S DEHP free, from CAPIOX FX05 set, Terumo Europe N.V., Belgium). These were
glued to the module (UHU Plus Sofortfest, UHU GmbH, Germany).

Residence Time Distribution Measurement

To experimentally determine the RTD, the setup depicted in Figure 3.2 was em-
ployed. This configuration included a peristaltic pump (Pumpdrive 5206, Hei-
dolph Instruments GmbH, Germany), with the flow rate managed by a volumet-
ric flow sensor (Sonoflow CO.55/0250 V3.0, Sonotec GmbH, Germany) and set
at 300 mL min−1. The injection loop comprised four three-way stopcocks (Discofix
C, Ref 16494C, B. Braun SE, Germany) and had a total volume of 4 mL due to
the tubing used, which featured an inner diameter of 4 mm. All experiments were
conducted at room temperature.

Prior to each experiment, the injection loop was filled with a tracer solution con-
sisting of 400 mg L−1 Ponceau S dye (P3504, Sigma-Aldrich Chemie GmbH, Ger-
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Table 3.2: Printing parameters for Printodent GR-20 MJF resin on a Phrozen Sonic
Mini 8K 3D printer.

Parameter Value

Layer Height 0.05 mm
Bottom Layer Count 6
Exposure Time 9.0 s
Bottom Exposure Time 50.0 s
Transition Layer Count 6
Transition Type Linear
Transition Time Decrement 5.86 s
Waiting Mode During Printing Resting Time
Rest Time Before Lift 0.0 s
Rest Time After Lift 0.0 s
Rest Time After Retract 2.0 s
Bottom Lift Distance 6.0 mm + 0.0 mm
Lifting Distance 6.0 mm + 0.0 mm
Bottom Retract Distance 6.0 mm + 0.0 mm
Retract Distance 6.0 mm + 0.0 mm
Bottom Lift Speed 60.0 mm min−1 & 0.0 mm min−1

Lifting Speed 60.0 mm min−1 & 0.0 mm min−1

Bottom Retract Speed 150.0 mm min−1 & 0.0 mm min−1

Retract Speed 150.0 mm min−1 & 0.0 mm min−1

many) dissolved in water. Initially, the upper three-way stopcocks were positioned
to bypass the injection loop, allowing the water to flow directly into the module.
To initiate the RTD measurement, both stopcocks were simultaneously turned to
direct the water through all four stopcocks, thereby introducing the tracer solution
into the module. Tracer detection was performed using an RGB color sensor board
(TCS3200 evaluation board with four white LEDs, AZ-Delivery Vertriebs GmbH,
Germany). The sensor’s output voltage was converted to RGB data by a micro-
controller (Arduino Uno Rev3, Arduino S.r.l., Italy), with only the green color values
utilized for data analysis due to their higher amplitude. To ensure no external light
affected the measurements, the sensor was housed inside a white-covered box,
which was then placed within another black box. Given the extra-column volume
was minimal relative to the module’s volume, it was considered negligible for the
RTD analysis.
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Figure 3.2: Experimental setup for determining the RTD. A peristaltic pump pumps
water through the module. Initially, the water bypasses the injection loop for prim-
ing. For tracer injection, the three-way stopcocks are adjusted to divert the flow
through the injection loop. Post-module, a color sensor captures RGB values,
which a microcontroller converts and sends to a computer for analysis.
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3.3 Results and Discussion
Four modules were developed to explore the hydrodynamic properties of TPMS
structures. Each module retained the same outer geometry and fluid volume but
varied in inner geometry. The tubular module, consisting of straight tubes, served
as the reference structure. The TPMS modules are subdivided into isometric and
anisometric, with two different unit cell sizes examined within the isometric cate-
gory.

A blood viscosity model was used to simulate the flow, enabling detailed exam-
ination of hydrodynamic features, such as identifying stagnation zones or regions
with significant shear rate variations. To validate these simulations, experimental
measurements of the residence time distribution were compared with simulations
of time-dependent tracer transport.

3.3.1 Validation of the Simulation Model through
Experimental Residence Time Distribution
Measurements

The simulation model was validated using water, which in the simulation corre-
sponds to a Newtonian viscosity of 0.001 Pa s and a density of 1000 kg m−3. Exper-
imentally, deionized water at room temperature was utilized, employing the setup
illustrated in Figure 3.2.

Tubular Module

The simulated and experimental RTD curves for the tubular module with ideal
straight inflow are depicted in Figure 3.3. Generally, both curves follow the same
trend, featuring a higher and sharper primary peak followed by a smaller and
broader secondary peak. However, the simulated curve displays three peaks due
to the separation of the initial peak. Furthermore, while the second peaks in both
the simulation and experiment align closely in height and shape, the first experi-
mental peak appears approximately 1.5 s later, is lower, and is slightly broader than
its simulated counterpart.

The division of the tracer into two principal fractions is attributable to varying flow
velocities within the tubes. The central tubes exhibited higher velocities and thus
the tracer is transported faster, whereas the outer tubes conveyed the tracer more
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Figure 3.3: Simulative and experimental RTD for the tubular module. The simu-
lation employed an ideal straight inflow. However, the experimental results may
contain deviations due to potential bending of the inlet tube or manual operation of
the setup. At 5 s the dashed line marks the mean residence time τ .

slowly. This tracer variation is illustrated in the cross-sectional images of the XZ
and YZ planes, shown in Figure 3.4. The left images, captured at 0.2 s, highlight
how the central tubes carry a significant portion of the tracer, corresponding to
the first peak. From the YZ plane image, it is evident that the tracer is distributed
between the central tube and its surrounding ring of six tubes, which accounts for
the division of the first peak. The right images, captured at 3.0 s, correspond to the
second peak. Given that the areas under both peaks are similar, it is concluded that
the seven central tubes transported the same amount of tracer as the remaining
119 tubes.

In the experimental setup, three-way stopcocks were utilized to create an in-
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Figure 3.4: Cross-sectional images of the tubular module at 0.2 s and 3.0 s, show-
casing the simulated tracer passage. To improve the visibility of tracer concentra-
tions, distinct color bars were applied: the 0.2 s images utilize a range from 0 to
800 mmol m−3, whereas the 3.0 s images cover a range from 0 to 100 mmol m−3.

jection loop, which was operated manually. Due to this manual operation, timing
discrepancies are possible. Additionally, an inclined position of the tube at the inlet
or a bend in the tube could cause the flow not to enter the module in a perfectly
straight path, leading to an angled inflow that distributes the fluid across multiple
tubes instead of aligning with the central tube. To investigate these possibilities,
a simulation of the tubular module with an angled inlet was performed. The RTD
curve from this simulation is displayed in Figure 3.5. The characteristic shape of
a sharper first peak followed by a broader second peak remains, but the first peak
does not split into two. Adjusting the experimental curve by −1.5 s to compensate
for potential manual timing errors shows that both curves align closely.

Figure 3.6 presents section views of the tubular module with the angled inlet.
The images captured at 0.2 s clearly demonstrate the impact of the non-ideal inflow.
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Figure 3.5: Simulative and experimental RTD for the tubular module, with the inlet
face rotated by 8.5◦ around the X-axis to replicate potential deviations caused by a
bent tube in the experimental setup. This specific angle was chosen arbitrarily to
demonstrate the effects of such experimental variations. Moreover, the experimen-
tal curve in the graph was shifted by −1.5 s to synchronize the start times of both
curves, emphasizing the similarity in their shapes. At 5 s the dashed line marks the
mean residence time τ .

Unlike the uniform entry of the tracer into the central tube and the first surrounding
ring of tubes observed in the ideal setup, here the tracer is eccentrically displaced,
highlighting the influence of the angled inflow.

isoTPMS Modules

For the isoTPMS modules, Figure 3.7 presents the results of the RTD simulations
and measurements. Simulations were conducted for both unit cell sizes; however,
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Figure 3.6: Cross-sectional images of the tubular module at 0.2 s and 3.0 s, show-
casing the simulated tracer passage. The inlet face was rotated by 8.5◦ around the
X-axis to replicate potential deviations caused by a bent tube in the experimental
setup. To improve the visibility of tracer concentrations, distinct color bars were ap-
plied: the 0.2 s images utilize a range from 0 to 800 mmol m−3, whereas the 3.0 s
images cover a range from 0 to 100 mmol m−3.

only the module with smaller unit cells underwent experimental measurement. All
three RTD curves closely align with only minimal differences in the curves between
the simulated modules with larger and smaller unit cells. The simulation results
show peak times at 4.3 s, while the experimental curve peaks slightly later at 4.6 s.
All peaks are near the module’s calculated mean residence time, τ = 5 s, which
represents the time required to replace the module’s 25 mL volume at a flow rate
of 300 mL min−1 as defined by Equation 2.20.

All curves feature slightly left-shifted maxima, suggestive of channeling effects,
and exhibit tailing, which corresponds to the presence of dead zones within the
module. These phenomena are illustrated by the cross-sectional images for the
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Figure 3.7: Simulative and experimental RTD for the isoTPMS modules. Simula-
tions were run for both unit cell sizes but only the module with smaller unit cells
was measured experimentally. At 5 s the dashed line marks the mean residence
time τ .

module with smaller unit cells in Figure 3.8. The images captured at 0.2 s reveal
that the bottom corners of the module are not directly exposed to the tracer. Fur-
thermore, the images taken at 3.0 s demonstrate wall effects, characterized by low
tracer concentrations along the module’s outer perimeter where the TPMS struc-
ture is constrained by the module’s housing. Although not depicted, the concen-
tration profile of the module with larger unit cells is very similar. Along with their
analogous RTD curves, this similarity suggests that reducing the unit cell size from
4.27 mm to 3.0 mm does not significantly alter the flow dynamics but does increase
the surface-area-to-volume ratio while maintaining consistent flow characteristics.
In contrast to the tubular module, the flow within the isoTPMS modules is markedly
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more uniform with a single peak and a Gaussian-like distribution.

Figure 3.8: Cross-sectional images of the isoTPMS module with smaller unit cells
at 0.2 s and 3.0 s, showcasing the simulated tracer passage. To improve the vis-
ibility of tracer concentrations, distinct color bars were applied: the 0.2 s images
utilize a range from 0 to 800 mmol m−3, whereas the 3.0 s images cover a range
from 0 to 100 mmol m−3.

anisoTPMS Module

To mitigate the wall and channeling effects inherent to the isoTPMS geometry, an
anisometric structure was explored. This involved using unit cells that gradually
decreased in size at the inlet and increased at the outlet to smooth the transition
between the tube and the module geometry. In the outer areas, larger unit cells
were utilized to reduce flow resistance, aiming to achieve a more uniform flow dis-
tribution.

The RTD curves for the anisoTPMS module are displayed in Figure 3.9, where
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the simulation and experiment align very closely. The peak maxima were shifted to
3.4 s for the experiment and 3.6 s for the simulation, suggesting enhanced channel-
ing effects compared to the isoTPMS module. Additionally, the presence of more
pronounced peak tailing indicates increased dead zones.

Figure 3.9: Simulative and experimental RTD for the anisoTPMS module. At 5 s
the dashed line marks the mean residence time τ .

Despite the intention to create a more uniform flow using anisometric unit cells,
the resulting RTD data suggest the opposite effect. The cross-sectional images in
Figure 3.10, which visualize the concentration profile, reveal minimal flow through
the module corners. The geometry design seems to restrict radial flow at the inlet,
causing the main flow to proceed directly to the module’s core. Consequently, radial
distribution of the tracer is impeded at the inlet, leading to a parabolic tracer front
evident in the 3.0 s images.
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Figure 3.10: Cross-sectional images of the anisoTPMS module, showcasing the
simulated tracer passage. To improve the visibility of tracer concentrations, distinct
color bars were applied: the 0.2 s images utilize a range from 0 to 800 mmol m−3,
whereas the 3.0 s images cover a range from 0 to 100 mmol m−3.

3.3.2 Simulative Investigation of Hemodynamics
Following the validation of the simulation model, a fluid model mimicking blood
properties was applied to assess the hydrodynamics of blood perfusion. This as-
sessment was conducted in a stationary study of laminar flow using the inelastic
non-Newtonian Carreau-Yasuda viscosity model (Equation 2.36), with parameters
derived from Seehanam et al. [Seeh2023]. The study facilitated the extraction of
velocity and shear rate profiles, enabling the validation of the laminar flow assump-
tion, identification of stagnation zones, and determination of critical shear rates.
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Velocity Profiles

Due to outcomes from the simulation model validation (Section 3.3.1) and RTD
measurements, further examination of the "tubular module with straight inflow" will
be discontinued. Similarly, the "isoTPMS module with larger unit cells" will be ex-
cluded because of its resemblance to the "isoTPMS module with smaller unit cells",
which was used in the blood experiments detailed in Chapter 4.

Velocity profiles from the stationary simulation study are illustrated in Figure 3.11
through cross-sections in the XZ and YZ planes. In the tubular module, the veloc-
ity profile corroborates the findings from the RTD simulations and measurements,
showing much higher velocities in the central tubes, indicating a lack of uniform
flow distribution across the module’s cross-section. Also in hollow fiber dialyzers
this channeling of blood along the central axis was observed [Ronc2002] and dia-
lyzer diameter and packing density can be varied to reduce this effect [Hira2012].
The widening of the inlet region has no impact, causing the flow to clash onto the
flat surface from which the tubes protrude leading to a large radial variability in
residence time [Umat2019]. However, the angled inlet clearly demonstrates the in-
fluence of inflow direction. As radial distribution is compromised, the flow velocity
in the peripheral tubes is very low, making these areas prone to stagnation.

In the isoTPMS module, the velocity decreases sharply at the inlet and increases
toward the outlet, resulting in high velocities at the transition from tubing to the
TPMS structure. Compared to the tubular module, the TPMS structure achieves
a more uniform flow distribution, where, after several layers of unit cells, the fluid
flows at a nearly homogeneous velocity through the module. Towards the outlet
the structure occupies a lot of volume, wherefore high velocities are present. Here,
and at the inlet, some void volume would help the transition from tube to TPMS
structure. Due to this uniform flow distribution, the core of the module is homoge-
neously perfused and not susceptible to stagnation. However, the module corners
receive less perfusion, leading to some stagnation, as already indicated by the RTD
simulations.

In the anisoTPMS module this void volume is present due to the distorted unit
cells creating a smooth transition. The large unit cells in the inlet and outlet area
drastically reduce the flow velocity. However, the inlet structure is suboptimal as it
guides flow axially rather than distributing it radially. While distorting the unit cells
facilitates a smooth transition, there remains potential for further optimization of the
structure to enhance early radial distribution [Tian2024]. Consequently, the corners
at the module’s inlet are prone to stagnation, as they receive minimal direct flow.
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Figure 3.11: Simulated velocity profiles, where the modules were perfused contin-
uously from bottom to top. The simulations use a viscosity modeled by the inelastic
non-Newtonian Carreau-Yasuda model. The images display cross-sections in the
XZ and YZ planes, with velocities ranging from 0 to 1000 mm s−1.

The maximal Reynolds numbers recorded were Re = 34 for the tubular module,
and Re = 16 each for the isoTPMS and anisoTPMS modules. These values con-
firm that all modules maintain laminar flow conditions as explained in Section 2.2.2
and documented in literature [Hawk2023]. As intended by the designer, the tubular
module has strong similarities to hollow fiber dialyzers even though the tubes are
ten-fold larger than hollow fiber membranes. In dialyzers the greater back pressure
of the hollow fibers leads to more radial distribution in the inlet region but channel-
ing along the center axis remains [Kim2009; Hira2012]. Hemoadsorbers are similar
as their packed bed of porous beads or the fiber bundles for adsorption resemble
the flow characteristics of a hollow fiber membrane bundle with limited radial dis-
tribution [Umat2019]. In membrane lungs non-uniform flow distributions are also
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a common challenge mostly related to the inlet and outlet geometries [Hess2022].
The presented TPMS module designs ensure much better flow distribution while
maintaining the flow regime. Furthermore, the anisoTPMS module functions at
similar flow velocities compared to the tubular module.

Shear Rate Profiles

Regions with high velocities, particularly near walls, correspond to high shear rates.
Figure 3.12 displays the simulated shear rates, color-coded on a non-linear scale
ranging from 0 s−1 to 4000 s−1. Within the tubular module, elevated shear rates
are prominent at the inlet, especially at the transition into the tubes. Throughout
the module, the central tubes consistently exhibit high shear rates. In the isoTPMS
module, areas with high shear rates align with regions of high flow velocities at the
inlet and outlet. Compared to the tubular module, the red areas in the isoTPMS
indicate much higher shear rates. In the anisoTPMS module, milder flow velocities
result in lower shear rates, with few areas colored in red.

Table 3.3 presents the simulated average shear rate γ̇av , maximum shear rate
γ̇max , the fluid volumes of the modules VF , and the volumes experiencing shear
rates greater than 1000 s−1 V (γ̇>1000 s−1), along with the volume fraction of the
latter calculated by dividing the high shear volume by the fluid volume. Clearly, the
average shear rates are similar across all modules.

Table 3.3: Simulated results of average shear rate γ̇av and maximal shear rate γ̇max
and fluid volume with shear rates above 1000 s−1 V (γ̇>1000 s−1) to quantify the
relative volume V (γ̇>1000 s−1)

VF
related to the module’s total fluid volume VF .

Module γ̇av γ̇max VF V (γ̇>1000 s−1) V (γ̇>1000 s−1)
VF

[s−1] [s−1] [mL] [mm3] [%]

tubular (angled inflow) 40 3230 24.8 4.1 0.02
isoTPMS (smaller) 86 32 184 25.0 105.8 0.42
anisoTPMS 59 95 807 25.0 13.4 0.05

Notably, the maximum shear rates in the TPMS modules are extremely high.
However, the volume fraction with a shear rate greater than 1000 s−1 is less than
0.5 % for the isoTPMS module and only 0.05 % for the anisoTPMS module. It is
hypothesized that these extremely high shear rates occur on the surface of the
module due to a rough mesh. For the anisoTPMS module, the left image in Fig-
ure 3.13 shows a 3D volume cut in half in the XZ plane. The center of the figure
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Figure 3.12: Simulated shear rate profiles, where the modules were perfused con-
tinuously from bottom to top. The simulations use a viscosity modeled by the in-
elastic non-Newtonian Carreau-Yasuda model. The images display cross-sections
in the XZ and YZ planes, where shear rates are color-coded with a non-linear color
scale ranging from 0 to 4000 s−1.

highlights two cropped sections at the inlet and outlet where the fluid elements
have a shear rate greater than 1000 s−1. On the right side of the figure, a further
magnification of the inlet in the XY plane shows only fluid elements with shear
rates exceeding 4000 s−1, illustrating that the sharp-edged mesh defining the fluid
volume contributes to the extreme shear rates observed.

The shear rates in all modules are within a reasonable range compared
to state of the art dialyzers (up to 800 s−1) [Ronc2002], oxygenators (up to
3000 s−1) [Birk2018], and common shear rates in the human body (10 to 2000 s−1)
[Feau2023]. When neglecting possible mesh deficits in the TPMS modules, the
isoTPMS module exhibits high-shear areas in the inlet and outlet but the anisoTPMS
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Figure 3.13: Simulated shear rate profile of the anisoTPMS module, where the
module was perfused continuously from bottom to top. The simulation used a vis-
cosity modeled by the inelastic non-Newtonian Carreau-Yasuda model. The left
image shows the 3D volume of the module cut in half in the XZ plane. Next to it
are two magnifications of the 3D volume of the inlet and outlet region cropped to
all fluid elements with a shear rate >1000 s−1. The right image shows a further
magnification of the inlet in the XY plane with all fluid elements with a shear rate
>4000 s−1.

module resembles the tubular module very well. For hemoadsorbers, especially
fiber based devices, similar shear rates are expected due to their similarity to
hemodialyzers. Nevertheless, shear rates above approximately 630 s−1 are suf-
ficient to change the binding behavior of platelets. However, the time for which a
particle is exposed to a shear force also plays a decisive role. A short exposure at
a high shear rate can have the same effect as a long exposure at a low shear rate.
[Casa2015]
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3.4 Conclusion
This chapter describes the design of perfusable modules with integrated TPMS
structures as internal geometries. One highlight is, that the entire module volume
was utilized, which represents an enormous advance over classical tubular mod-
ules. The modules were successfully additively manufactured and their digital twin
was used in a stationary flow simulation with time-dependent tracer transport.

The simulation model used was validated with the help of RTD experiments.
For the TPMS modules in particular, the results from simulation and experiment
are in good agreement. Furthermore, it was shown for the tubular module that
the deviations in the shape of the curve between simulation and experiment are
due to the direction of flow into the module. In this respect, the TPMS modules
offer a decisive advantage, as their distributor function is independent of the inflow
direction. The temporal offset of the RTD measurement for the tubular module
could not be fully explained. For the TPMS modules no such displacement was
recorded, thus diminishing assumed variations due to manual handling.

Stagnation and low flow areas within blood-contacting modules are commonly
associated with blood clot formation. These conditions, particularly prevalent in
regions where shear rates drop below 10 s−1, can lead to stasis, significantly in-
creasing the risk of clotting. The corner regions of all modules are critical areas
where such low shear conditions were observed.

In addition to stagnation, blood clotting can also be triggered by high shear rates,
which activate platelets and initiate the coagulation cascade, as detailed in Sec-
tion 2.1.1. Comparing shear rates within the modules to those occurring naturally
in the human body, it is evident that shear rates exceeding 630 s−1 can lead to
platelet activation and subsequent binding to von Willebrand factor (vWf). This is
particularly concerning in the inlet and outlet regions, as well as the central tubes
of the tubular module, where such high shear rates may precipitate shear-induced
coagulation. Among the geometries studied, the isoTPMS module exhibits the best
flow distribution across the module but also presents the largest volume subjected
to elevated shear rates. The anisoTPMS module, while ensuring good flow distri-
bution, effectively reduces high shear rates at both the inlet and outlet, mitigating
the risk of shear-induced coagulation.

Concluding from the presented hydrodynamic analysis, the expected areas that
are prone to coagulation due to stagnation are

a. the outer tubes of the tubular module
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b. and the corner regions of all modules.

Furthermore, areas that might be prone to coagulation due to elevated levels of
shear rates are

c. the inlet and outlet regions

d. and the inner tubes of the tubular module.

In the following chapter these identified critical areas are examined in a random-
ized study with human whole blood.
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4.1 Introduction
Triply periodic minimal surface (TPMS) geometries are novel geometries for blood
treatment devices whose advantages have been demonstrated particularly in the
field of gas exchange in membrane lungs [Hess2021]. The secondary flows gen-
erated by the structure reduce the accumulation of gases at the membrane and
thus increase the driving force for more diffusive mass transport [Femm2015b;
Femm2015a]. Furthermore, TPMS have excellent properties as a distributor struc-
ture to uniformly deliver blood to the entire interior of the device in order to utilize
the full potential of the device. However, regions with increased shear rates or
regions with very slow blood flow lead to deposits and blood clots that clog the
membrane and thus reduce mass transfer [Lehl2008; Lai2024]. These regions
must be avoided when designing blood treatment devices.

Furthermore, the influence of TPMS geometries on the coagulation behavior of
blood has not yet been investigated. The margination of platelets that occurs in
laminar flow due to the Fåhræus effect [Fåhr1929; Herc2016] could be reduced
with the help of secondary flows, resulting in fewer platelets adsorbing and fewer
clots forming. The uniform distribution of blood flow in the inlet region has the
potential to homogenize the flow conditions in the module, eliminating regions with
low flow velocities.

To investigate the coagulation behavior of human whole blood in TPMS geome-
tries, three modules were perfused according to ISO 7199 [DIN 2020]. During the
experiments, blood parameters such as the number of platelets and experimental
parameters such as the pressure drop across the module and the flow velocity were
recorded hourly. Following the experiments, the deposits and blood clots were fixed
and their volume and location determined by computed tomography (CT) scanning.
A comparison with the hemodynamics investigated in the previous chapter shows
the clear influence of the shear rate on coagulation. Furthermore, significant differ-
ences in coagulation due to the geometry could be determined.

76



4

4.2 Materials and Methods

4.2 Materials and Methods
The same blood contactor modules discussed in section 3.2.1 were employed for
human whole blood experiments. Additionally, a 33 cm piece of tubing (ECC noDop
3/8 x 3/32, Raumedic AG, Germany) fitted with two tapering tube connectors (4 mm
to 10 mm, MEDICOPLAST International GmbH, Germany) and two 8 cm pieces of
tubing (Class VI, 1/8 x 1/16 S DEHP free, from CAPIOX FX05 set, Terumo Europe
N.V., Belgium) was used as reference. This tubing assembly, with a total volume of
25 mL, was pre-filled with a 0.9 % NaCl infusion solution (B. Braun SE, Germany).

4.2.1 Experimental Setup for Blood Circulation
Human blood experiments were conducted using a setup that included two identical
circuits, allowing for simultaneous testing of two modules. The blood for these
experiments was donated by 12 healthy volunteers following approval by the ethical
committee of the University Hospital of RWTH Aachen University (file no. EK22-
355) and after obtaining informed consent. Details on donor variability can be found
in Table 4.1.

Table 4.1: Donor meta data and mapping to module numbers: module - donor -
sex - age, where sex is either male (m) or female (f) and the age is given in years.
∗ These experiments were discarded because tube connectors were used which
made comparability impossible.

tubular isoTPMS anisoTPMS reference

tub1 - A - f - 24 iso1 - G - m - 26 aniso1 - G - m - 26 ref1 - C - m - 28 ∗

tub2 - B - m - 37 iso2 - A - f - 24 aniso2 - B - m - 37 ref2 - I - m - 27 ∗

tub3 - C - m - 28 iso3 - H - w - 28 aniso3 - H - w - 28 ref3 - J - w - 27 ∗

tub4 - D - f - 29 iso4 - I - m - 27 aniso4 - D - f - 29 ref4 - E - f - 26 ∗

tub5 - E - f - 24 iso5 - J - w - 27 aniso5 - K - w - 27 ref5 - K - w - 27
tub6 - F - m - 28 iso6 - F - m - 28 aniso6 - L - m - 29 ref6 - L - m - 29

Pretreatment of Blood Contactor Modules

Prior to a whole blood experiments, each module was installed in an HPLC system
(Äkta avant 25 with Unicorn 6.1, GE Healthcare Bio-Science AB, Sweden) in place
of a column. First, the module was wetted with ethanol (>99.8 % denatured, Carl
Roth GmbH, Germany) at a flow rate of 5 mL min−1 to remove all air. Then, a
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flow of 25 mL min−1 was applied for at least 2 min to rinse the module. Afterward,
the module was rinsed with ultra-pure water (MilliQ) at a flow rate of 25 mL min−1

until the UV signal of the HPLC detector was constant (λ = 280 nm). In the last
step, the module was filled with infusion solution (NaCl 0.9 % infusion solution, B.
Braun SE, Germany) at 25 mL min−1 until a constant conductivity was established
in the conductivity detector. Both ends were closed with Luer-Lock plugs (Combi-
Stoppers, Ref 4495101, B. Braun SE, Germany).

Before conducting whole blood experiments, each module was installed in a high
pressure liquid chromatography (HPLC) system (Äkta avant 25 with Unicorn 6.1,
GE Healthcare Bio-Science AB, Sweden) in lieu of a column. The module was
initially wetted with ethanol (>99.8 % denatured, Carl Roth GmbH, Germany) at
a flow rate of 5 mL min−1 to ensure all air was expelled. This was followed by a
25 mL min−1 flow for at least 2 min to thoroughly rinse the module. Subsequently,
the module was flushed with ultra-pure water (MilliQ) at the same flow rate until
the UV signal from the HPLC detector stabilized at λ = 280 nm. The final prepara-
tion step involved filling the module with a 0.9 % sodium chloride infusion solution
(B. Braun SE, Germany) at 25 mL min−1 until the conductivity detector indicated a
constant conductivity. Both ends of the module were then sealed with Luer plugs
(Combi-Stoppers, Ref 4495101, B. Braun SE, Germany).

Blood Circulation

Each circuit was assembled according to Figure 4.1 using one 90 cm and two 20 cm
pieces of silicone tubing (ECC silicone 1/4 x 1/16, Raumedic AG, Germany), con-
nected through four T-piece tubing connectors with lateral Luer connection (con-
nector straight, 1/4 x 1/4, FLSKG13300, free life medical GmbH, Germany). At
the ends, two couplers (Coupler Funnel/Luer-Lock, Ref 4896645, B. Braun SE,
Germany) were employed to attach the module. Additionally, three three-way stop-
cocks (Discofix C, Ref 16494C, B. Braun SE, Germany) and a temperature probe
(Temperature Probe with Female Luer-Lock, Ref BFF01990, Promepla OEM Solu-
tions, Monaco) were integrated into the circuit, which has a total volume of 41 mL.

Peripheral Devices

The 90 cm tube was positioned within a peristaltic pump (CAPS double pump,
Stöckert Instrumente GmbH, Germany), set to deliver a blood flow rate of approx-
imately 300 mL min−1 at a rotational speed of about 70 min−1. The connector for
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Figure 4.1: Setup for human whole blood experiments. A roller pump of a heart-
lung-machine circulates human whole blood at a flow rate of 300 mL min−1. The
module is placed in a temperate water bath to keep it at a constant temperature
of around 37 ◦C. Right before and after the module the pressure is measured. At
the top and bottom, ports are available for sampling and filling, respectively. A flow
sensor monitors the flow rate.

blood sampling was installed slightly elevated to allow air to accumulate. Two per-
fusion lines (Original Perfusor Line, Ref 8255067, B. Braun SE, Germany) were
attached to the three-way stopcocks upstream and downstream of the module to
facilitate system pressure measurement using a pressure transducer (Xtrans, CO-
DAN pvb Medical GmbH, Germany). A male-to-male Luer adapter (male-2-male
LL, Ref 893.00, Vygon, France) was necessary for connecting the pressure trans-
ducer. Pressure data were acquired via a contact board (Contactboard 3-fold, Ref
75.1078, CODAN pvb Medical GmbH, Germany) and transmitted to a patient mon-
itoring device (IntelliVue MX500, Philips Medizin Systeme Boeblingen GmbH, Ger-
many). Temperature was monitored using a sensor (RET-3 Rectal Probe for Mice,
Physitemp Instruments LLC, USA), connected to a temperature controller (TCAT-
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2LV Animal Temperature Controller - Low Voltage, Physitemp Instruments LLC,
USA). Additionally, a non-invasive flow sensor (1/4 x 1/16, em-tec GmbH, Ger-
many) was placed around the silicone tubing downstream of the peristaltic pump,
with readings taken by a flow computer (SonoTT Ultrasonic Flowcomputer, em-tec
GmbH, Germany). Once assembled, the module was positioned in a plastic box
linked to a water bath with a thermostat (Haake B3 and DC3, Gebr. HAAKE GmbH,
Germany) to maintain stable temperature conditions.

Filling of Blood Circulation

The perfusion lines were initially filled with infusion solution, flushed, and the pres-
sures zeroed using the patient monitor. Following this, the inlet and outlet tubes of
the module were clamped off (Sicherheitsklemme KL 20, Achim Schulz-Lauterbach
Vertrieb medizinischer Produkte GmbH, Germany). The plugs were removed, and
the tube ends were meticulously filled with perfusion solution to eliminate any air
before connecting the module to the circuit, while all three-way stopcocks were
closed. Prior to connecting the module, the two connectors were partially filled
with infusion solution using a syringe with cannula.

Blood was drawn from a donor into a 50 mL syringe pre-loaded with 50 IU of hep-
arin (Heparin-Natrium 25 000 IU mL−1, B. Braun Melsungen AG, Germany), and
gradually introduced into the circuit through the injection port. To facilitate the en-
try of blood and expulsion of air, the blood sampling port was opened during this
process. Just before the circuit was fully filled, a 10 mL syringe was attached to the
sampling port to withdraw any remaining air and about 5 mL of blood.

Once this setup was complete, the three-way stopcocks were switched to
connect with the pressure sensor. The pre-module pressure was adjusted to
(75 ± 2) mmHg using the 10 mL syringe. After zeroing the flow sensor, the roller
pump was started, and its speed was gradually increased until the blood flow
reached 300 mL min−1.

4.2.2 Experimental Procedure and Blood Analytics
Before initiating blood circulation, baseline parameters such as blood cell counts
were recorded (CellTac-alpha cell counter, Nihon Khoden, MEK-6500K, Germany).
Additionally, the initial activated clotting time (ACT) was measured (Hemochron
Junior Analyzer & JACT+ Cuvette, Werfen GmbH, Germany), and baseline blood
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serum samples were stored at −80 ◦C for later analysis. Samples were taken after
5 min and at 1 h, 2 h, 3 h, 4 h, 5 h and 6 h, or upon terminating the experiment.

During the experiment, parameters such as blood temperature (◦C), roller pump
speed (min−1), blood flow (mL min−1), and the pressure difference across the mod-
ule (mmHg) were continuously monitored. At the 5 min mark, 0.5 mL of blood was
withdrawn from the circuit via the blood sample port for analysis of blood cell count
and ACT. For all other sampling intervals, 2.5 mL of blood were withdrawn to as-
sess cell count, ACT, and for blood serum storage. Stagnant blood in the valve
was discarded each time a sample was taken. After each sampling event, infusion
solution was re-injected to maintain the pre-module pressure at (75 ± 2) mmHg.

The experiment was terminated after 6 h or earlier if the module became blocked
(flow <100 mL min−1). Following termination, the module was flushed with infu-
sion solution and then filled with formalin (4 % formaldehyde in aqueous solution)
to preserve the coagulated blood for subsequent CT scanning. Analysis of the
blood serum included measuring free hemoglobin levels as an indicator of hemol-
ysis (ABL800 blood gas analyzer, Radiometer, Germany).

4.2.3 Computed Tomography (CT) Analysis
The modules were imaged using a CT scanner (FF35, Comet yxlon GmbH, Ger-
many). Prior to scanning, they were emptied of formalin and dried with a gentle air
stream. Scanning parameters included a tube voltage of 30 kV and a tube current of
410 µA. The set focus-detector-distance was 940 mm, with a focus-object-distance
of 204 mm. Utilizing a detector binning of 3 x 3 and a pixel pitch of 150 µm, the res-
olution achieved was a voxel size of 97 µm3. The tomograms were reconstructed
using the FDK-filtered back projection approach (CERA, Siemens Healthineers AG,
Germany).

Target-Actual Comparison

A target-actual comparison of the modules was conducted using VGSTUDIO MAX
(version 3.5, Volume Graphics GmbH, Germany). This process involved detecting
the module’s surface, performing a best-fit registration to the CAD file in STL format,
and applying a target-actual comparison function with a set exclusion threshold
of 300 µm. This threshold was used to disregard discrepancies between surfaces
greater than the set value, such as the rods of the part holder, which are considered
irrelevant.
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Analysis of Residual Blood

Additionally, a custom-written algorithm was used to analyze the distribution of
residual blood within the modules based on the CT scans. The algorithm pro-
cessed 180 images, each centered and rotated around the central module axis.
The axis was identified by applying a Haugh transformation to both a lower and
an upper slice of the tomogram, as shown in Figure 4.2. These images were then
overlaid and averaged to produce a two-dimensional image that provides density
information, illustrating the location of coagulated blood within the modules.

Figure 4.2: Left: Determined rotation axis visualized in the x-z-plane with alignment
images at the inlet and outlet. Right: Exemplary visualization of 10 out of 180 read
out positions for the aggregation of the density images of each module scanned
via CT.

4.2.4 Data Analysis

Calculation of Corrected and Normalized Platelets

The graphs depicting the corrected and normalized platelet counts in Figure 4.3 and
4.5 were adjusted to enhance clarity and comparability. Corrections were applied
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to account for the dilution effect during sampling. Normalization was necessary to
standardize the results across different donors. All calculations were based on an
assumed blood circuit volume of 41 mL, with normalizations referencing the values
measured at 5 min after starting the experiment. If data at 5 min were unavailable,
the measurements taken at 1 h were used.

Statistical Analysis

Statistical analyses were conducted using OriginPro (version 2023, OriginLab Cor-
poration, USA). The volume of blood clots, expressed as a percentage, was tested
for normal distribution using the Kolmogorov-Smirnov test. Upon confirming nor-
mal distribution, a One-Way ANOVA for non-paired data was performed, including
a multiple comparison analysis using the TUKEY method. P-values less than 0.05
were considered statistically significant.
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4.3 Results and Discussion
The coagulation in the three module types was investigated in a two-part study.
The first part involved experiments with human whole blood, employing the setup
illustrated in Figure 4.1. Clogging within the modules was monitored visually and
linked with various measurements including blood flow, pressure drop, and platelet
count. In the second part, CT imaging scanned the modules to determine the
quantity and locations of clots. All experiments used fresh human blood from both
female and male donors in equal proportion. Details on the donor assignments
and their metadata are provided in Table 4.1. Each module or reference tube was
infused for 6 h; however, if clogging reduced the flow rate below 100 mL min−1, the
experiment was terminated early.

4.3.1 Validation of Measurement Setup
To validate the experimental setup, six reference measurements with just a straight
piece of tubing instead of a module were conducted. In the first four measurements
(ref1 to ref4), connectors between the circuit and the reference tube induced signifi-
cant pressure drops and hemolysis. Consequently, only the last two measurements
(ref5 and ref6), which used the same connectors as the module experiments, were
considered for validation. Figure 4.3 presents the pressure drops ∆P and cor-
rected, normalized platelet counts PLT ′ across the reference tubes over the 6 h
test period.

All measurements were carried out in a blood circuit with a test plan similar to
the ISO 7199 standard [DIN 2020]. The setup’s reliability is confirmed as there
was negligible pressure drop, no coagulation, and only a minor reduction in platelet
numbers. Additionally, the stable levels of free hemoglobin, an indicator of hemol-
ysis, suggest minimal cell damage, thus this variable is not further discussed.

4.3.2 Visual Inspection and Evaluation of Pressure Drop
and Platelet Count

Three indicators of clogging were examined. Firstly, Figure 4.4 displays pho-
tographs of all modules post-experiment, used as visual confirmation of blood de-
bris accumulation. The initial color of the modules is transparent with a yellow tint.
Therefore, any dark red discoloration signals erythrocyte deposition, a key compo-
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Figure 4.3: Graphs depicting pressure drop ∆P and corrected, normalized platelet
count PLT ′ for the references measurements over 6 h. Out of six reference mea-
surements, only the last two (ref5 and ref6) were valid for comparison due to iden-
tical connector usage as in module experiments, mitigating the connector-induced
anomalies seen in earlier trials.

nent of blood debris.
Secondly, the pressure drop ∆P across the modules was measured, as blood

coagulation can restrict or obstruct flow, leading to increased pressure. Thirdly, the
platelet count (PLT ) was monitored, as clot formation typically reduces circulating
platelet levels. Platelet counts were adjusted for dilution (PLT ′) and normalized
(PLT ′) to control for donor variability. Figure 4.5 showcases graphs of both pressure
drop (a) and platelet count (b) across all modules.

Regarding the tubular modules, five out of six exhibited significant red discol-
oration, indicative of clogging, except for module tub4. This discoloration aligns
with the observed trends in platelet reduction and pressure increase. Notably,
tub1 displayed a less significant platelet drop yet required early termination after
5 h18 min. Tub3 showed a steady decrease in platelets and increased pressure
towards 5 h. After sampling at 5 h, the platelets increased and the pressure de-
creased, suggesting that the sampling may have alleviated a blockage.

In the isoTPMS series, two of six modules, iso3 and iso5, turned dark red, signi-
fying substantial coagulation, while the others exhibited lighter discoloration. The
platelet graphs for iso1 and iso6 indicated significant clot formation after 5 h. For
all four modules mentioned, the coagulation indications are corroborated by rising
pressures.

The anisoTPMS experiments showed a notable discoloration in module aniso3,
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Figure 4.4: Sequential photographs of all tested modules post-experiment, labeled
A to L corresponding to donor IDs in Table 4.1. A dark red hue in a module suggests
the presence of blood debris and clogging from coagulation.

turning dark red, with lighter red hues in aniso2 and aniso5, suggesting some blood
debris. These three modules also recorded the lowest platelet counts by the end,
with aniso3 and aniso5 experiencing a sharp increase in pressure, indicative of
severe clogging.

Compared to the reference measurements, the pressure drops at the start of the
experiments are slightly higher in all modules, which is to be expected due to the
integrated modules. The tubular and anisoTPMS modules are at around 30 mmHg,
the isoTPMS module at around 50 mmHg. The slightly higher pressure drop in the
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Figure 4.5: a) Graphs of pressure drop (∆P) over the modules plotted against the
experiment time. b) Graphs of corrected and normalized platelet counts PLT ′ in
the blood circuit plotted over the experiment time. Notable pressure increases and
platelet decreases indicate potential clogging and coagulation.

isoTPMS module can be explained by the larger inner surface area. All values
are in the same order of magnitude as pressure drops at 300 mL min−1 blood flow
in commercial dialyzers (<100 mmHg) [Swee2014; Medt2020] or hemoadsorbers
(<50 mmHg) [Cyto]. Membrane lungs are designed for much higher flow rates
(up to 7 L min−1) at pressure losses of up to 100 mmHg. Due to the significantly
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different operating point, a direct comparison is not possible.
The course of the number of platelets is very identical between the reference

measurements and the modules within the first 2 h of the experiments. After the
start of the experiment, the platelet level drops to around 75 % of the baseline
value. This drop is normal for extracorporeal blood treatment systems and can
be attributed to the adhesion of platelets to tube and module surfaces [Duay2022;
Kalb2018]. Only the further drop results from the formation of blood clots.

4.3.3 Evaluation via Computed Tomography (CT)
Scanning

To explore the hypothesis that module geometry affects clogging rates and pat-
terns, CT imaging was employed to quantify and locate blood debris within the
modules. Modules were scanned using an FF35 CT-System at a high resolution of
97 µm3 per voxel, enabling detailed analysis of the 3D-printed internal structures.
Prior to scanning, the modules were cleared of formalin and air-dried to enhance
the contrast between the coagulated blood and the surrounding material. A cus-
tom post-processing algorithm highlighted clotted blood in 2D representations, as
depicted in Figure 4.6. Each image represents a composite of 180 slices taken at
1◦ intervals around the central axis. Yellow intensities denote high densities, indi-
cating either the module material or accumulated blood debris. An empty module
is displayed on the right as a reference. The ratio of clotted volume is noted below
each image, with smaller figures indicating lesser debris volume.

In the tubular modules, clots predominantly formed at the transition zone from
the inlet to the tubes, although not apparent externally. Also in module tub4, not
discolored, a significant clot blocked most of the inlet tubes, except the center ones,
explaining the minimal pressure rise observed in Figure 4.5 a). The other tubular
modules exhibited clots primarily in areas of high shear rates, as identified in Chap-
ter 3. The presence of a clot before the center tubes redirected flow at increased
velocities towards the outer tubes, instigating further shear-induced clotting.

Despite minimal external signs of clotting, CT scans revealed blood debris in all
isoTPMS modules, particularly at the inlet. Modules iso1, iso3, iso5, and iso6, all of
which showed pressure increases, had clots directly constricting the inlet, the site
of the highest shear rates. In contrast, iso2 and iso4 showed a less concentrated
deposition pattern directly at the inlet but a more uniform distribution over the entire
module’s cross-section. Overall, the total clot volume in the isoTPMS modules was
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Figure 4.6: Overlay CT images of all modules, where each image represents a
composite of 180 slices taken at 1◦ intervals around the central axis. Yellow inten-
sities denote high densities, indicating either the module material or accumulated
blood debris. An empty module is displayed on the right as a reference. The rela-
tive clotted volume is noted below each image, with smaller figures indicating lesser
debris volume.

considerably less than in the tubular modules.
CT imaging of anisoTPMS modules corroborated the measurement data from

Figure 4.5. Large clots were present in aniso3 and aniso5 at the inlet, aligning
with identified areas of high shear rate. Aniso2, despite a significant decrease in
platelet count, showed only minor deposits, primarily in the bottom corners of the
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module. Also in aniso1, aniso4, and aniso6 very small deposits are visible in the
bottom corners identified as areas of stagnation.

The comparative analysis of clotted blood volumes across different module types
revealed significant differences. The mean clotted blood volume, with standard de-
viation, was measured at (46 ± 20) % for tubular modules, (19 ± 19) % for isoTPMS
modules, and (12 ± 14) % for anisoTPMS modules. Notably, a statistically signif-
icant difference (<5 %) was found between the tubular and anisoTPMS modules,
indicating that tubular modules tend to accumulate more clots. However, no sig-
nificant differences were observed between the tubular and isoTPMS modules or
between the isoTPMS and anisoTPMS modules.

In all of the modules examined, the blood clots mainly occurred in the inlet area, a
region of increased shear rate. In state-of-the-art devices, deposits and blood clots
also occur in regions with increased shear rates, which are usually located in the
inlet area of these devices [Beel2016]. However, regions with low flow rates, such
as the contact points of the fibers or weaving points in membrane lungs, also lead
to significant deposits and blood clots [Lehl2008; Lai2024]. Regions with higher
flow rates, on the other hand, are less affected. Reducing the size of the unit cells
of the TPMS modules can result in low flow rates that lead to clotting. Therefore,
regions with high shear rates or low flow rates must be avoided in the design.

4.3.4 Examination of Module Pairs Perfused With the
Same Blood

The limited sample size in this study poses challenges in accounting for natural vari-
ations in human blood across different donors. However, a direct comparison of
modules using blood from the same donor allows for more controlled observations
of clogging tendencies. Analysis of these paired modules reveals trends in early
experiment termination due to pressure drop (∆P), platelet count (PLT ′), and rela-
tive clotted blood volume (∆Vclot), with values recorded at experiment end provided
in Table 4.2. Higher ∆P values suggest blockages, lower PLT ′ levels indicate clot
formation, and greater ∆Vclot percentages reflect the amount of coagulated blood
in the module.

The analysis confirms that tubular modules consistently exhibit poorer perfor-
mance compared to their TPMS counterparts in terms of blockage and clot forma-
tion, as evidenced by the parameters measured. Notable is the tub4-aniso4 pair,
which, despite following the trend, shows minimal variation across all measured
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Table 4.2: Post-experiment comparison of modules perfused with blood from the
same donor. Higher pressure drops (∆P) suggest blockages, lower platelet counts
(PLT ′) indicate clot formation, and greater relative clot volumes (∆Vclot) reflect the
amount of coagulated blood in the module.
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∆P [mmHg] 86 36 118 36 32 25 109 101 135 20 180 90

PLT ′ [%] 59 86 9 48 64 67 13 43 44 71 29 13

∆Vclot [%] 53 14 57 8 9 3 63 3 5 7 46 39

values. For the tub6-iso6 pair, differences in ∆P are slight, yet discrepancies in
platelet counts and clot volumes are pronounced. The isoTPMS and anisoTPMS
pairs (iso1-aniso1 and iso3-aniso3) show variations mainly in pressure, with incon-
clusive differences in platelet count and clot volume. These results substantiate the
hypothesis that module geometry significantly influences coagulation dynamics,
with blood clotting occurring more rapidly in tubular modules compared to TPMS
modules.

Clot formation is predominantly observed in the inlet areas of all module types,
where the blood encounters higher shear rates. This suggests that elevated shear
rates are a major factor contributing to clotting and blood deposition. Although dead
zones, characterized by low flow areas as detailed in Chapter 3, were noted pri-
marily in the anisoTPMS modules, their impact appears minimal in this study. The
extent to which dead zones affect clotting remains uncertain, particularly since the
blood was treated with heparin, which prevents coagulation in stagnant conditions
but not under shear-induced conditions.
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4.4 Conclusion
From the blood experiments, a trend for the coagulation behavior depending on the
module geometry is recognizable. The tubular modules discolored the strongest,
the number of platelets decreased the most, and the experiments had to be ter-
minated earlier than the others. However, no direct statistical significance can be
derived from the data of the blood experiments. Only determining the clot volume
within the modules using CT scans shows that the anisotropic geometry is signif-
icantly better than the tubular geometry. It is striking that the blood formed blood
clots almost exclusively in regions of increased shear rates.

Regarding dead zones, it is essential to note that we used heparin as an an-
ticoagulant that primarily inhibits blood coagulation in stagnant areas. The small
amount of heparin applied was expected to be degraded over the experimental pe-
riod of 6 h, ensuring that dead zones also contribute to clotting. However, it was
impossible to predict when the effect of the heparin diminished and whether there
was sufficient time for a clot to form due to stasis by the end of the experiment.
Since no clots were found in the identified dead zones, but the heparin may have
prevented them, no conclusive statement regarding geometry-related coagulation
in dead zones is possible.

In order to prevent coagulation, the elimination of both coagulation mechanisms,
stasis in dead zones and activation in regions of increased shear rates, is neces-
sary. Anisotropic TPMS structures create a smooth transition from tubing to struc-
ture to avoid high shear rates. With the help of optimization algorithms, creating an
anisotropic TPMS structure with perfect residence time distribution (RTD) could be
possible. As the unit cells become smaller, the flow resistance increases such that
the flow distribution in the module can be adjusted based on the size of the unit
cells. By optimizing the module housing and tailoring the TPMS structure towards
a perfect RTD, this module type has a high potential to circumvent non-ideal flow
distributions in blood contactors.
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5.1 Introduction
Commercial blood treatment devices use simple cuboidal or cylindrical housings
with homogeneous hollow fiber stacks. As in the human lung, blood must be dis-
tributed to all areas of the devices to fully exploit the exchange surface. However,
the flow paths in the peripheral areas are longer than along the central axis. Thus,
the optimal perfusion of a these devices is achieved when each blood fluid element
remains for an equal time in the module and is exposed to physiological shear rates
[Ronc2007]. One way to achieve equal residence times with flow paths of different
lengths is to achieve local differences in flow velocity. Hollow fiber membranes of
the same size and in a homogeneous arrangement offer a uniform resistance that
leads to uniform flow velocities. For local variability, the resistances must be varied.
[Hess2022]

Depending on the design, the spacing of the hollow fiber membranes can be var-
ied, which is only possible with the help of additional spacers [Ronc2007]. However,
only two-dimensional spacing can be achieved with spacers between hollow fibers.
Adapting the inlet port, the blood can first be distributed over the cross-section of
the device, whereby it must flow faster radially than axially in order to compen-
sate for the residence time shift in the inlet or outlet area [Yama2009]. However,
additional head space is required for distribution that does not contribute to mass
exchange. Alternatively, a cubic module shape that increases the length between
the inlet and outlet with a very narrow shape is conceivable, so that the devia-
tions of the flow path lengths are minimized [Umat2019]. With anisometric triply
periodic minimal surface (TPMS) structures, almost any housing geometry can be
completely filled and the flow can be tailored to the desired conditions. Hessel-
mann et al. showed that iterative computational fluid dynamics (CFD) simulations
allowed the flow velocity to be approximated to a target value by changing the local
permeability. [Hess2022]

In order to achieve optimal perfusion, measured as residence time distribution
(RTD), CFD simulation in combination with Bayesian optimization was employed.
Firstly, the outer geometry of previous modules (Chapter 4) was parameterized
and optimized (Set 1 & 2). Therefore, the module’s interior was abstracted as a
porous medium with uniform permeability. Secondly, the fluid volume of the opti-
mized outer geometry was sectioned into domains with variable permeability, each
optimized towards optimal perfusion (Set 3). In detail, the position of the RTD peak,
the distribution’s broadening and symmetry, and the maximal and average shear
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rate were investigated parameters. The optimization of the outer geometry yielded
a significant improvement compared to previous module geometries. In particular,
the elongation of the inlet and outlet zone that form the transition from tubing to
module improved perfusion. Incorporating rounded corners considerably reduced
the maximum shear rate. Moreover, by segmenting the module into only four do-
mains with differentiated permeabilities, the optimization achieved a narrow and
almost ideal Gaussian RTD, illustrating the profound impact of these alterations on
enhancing perfusion efficacy.
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5.2 Materials and Methods
The CFD software COMSOL Multiphysics (Version 6.1, COMSOL AB, Sweden), in-
cluding the software modules CFD Module, Chemical Reaction Engineering Mod-
ule, Porous Media Flow Module, and LiveLink for MATLAB were used through-
out this work. For optimization calculations, the simulations were executed from
MATLAB (Version R2022b, The MathWorks, Inc., USA) via LiveLink for MATLAB
(Version 6.1, COMSOL AB, Sweden). All computing was performed under 64bit
Windows 10 on an Intel Xeon Gold 5122 CPU with 192 GB of RAM.

5.2.1 Computational Fluid Dynamic Simulations
The simulations of the modules were performed as axisymmetric in 2D space us-
ing the inverse geometry, which refers to the fluid-containing volume of the module.
Velocity profiles and shear rates were simulated with a stationary study (study 1)
of free and porous media flow. A fully developed laminar flow (Re = 340) with a
volumetric flow rate of V̇ = 300 mL min−1 at the module’s inlet was set. The Newto-
nian fluid had a density of ρ = 1060 kg m−3, and a dynamic viscosity of η = 5 mPa s.
When no domains were used, the entire geometry was defined as porous medium
domain with the same fluid properties, a porosity of ϕ = 0.5, and a permeability of
κ = 7.24 · 10−10 m2. At the walls a no slip condition was used.

A time-dependent study (study 2) for the transport of a tracer molecule through
the module was used to simulate the RTD. Tracer peaks were implemented with
the COMSOL physics transport of diluted species in porous media coupled to the
stationary flow with a reacting flow, diluted species multiphysic. The tracer was
added via a rectangular function in the interval 0 to 0.05 s with an amplitude of
1 · 106 mol m−3 and a diffusion coefficient of D = 1 · 10−9 m2 s−1 using the Millington
and Quirk diffusivity model. The time-dependent study was performed at time steps
of 0.01 s for 12 s utilizing the solution of the stationary study. At the outlet boundary
the concentration was recorded for further evaluation.

5.2.2 Module Geometry Parameters for Simulation
The module was generated via polygons and Bézier curves and then converted
into a solid object. A physics-controlled mesh was applied to the entire geometry
with the element size set to finer as a balance between resolution and computing
time.
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Figure 5.1 shows the reference module and visualizes the flow from bottom to
top with injected tracer at the inlet and measured tracer concentration at the outlet.

Figure 5.1: Reference module with an inclination angle of α = 21.45◦, a flow rate
of V̇ = 300 mL min−1, a pulsed tracer injection with amplitude of 106 mol m−3, and
a permeability of κ1 = 7.24 · 10−10 m2.

Figure 5.2 shows the variability for Set 1 and 2 where the outer geometry is
optimized.

In Set 3 the inner geometry is optimized by sectioning the fluid volume into
nradial × nvertical domains as visualized by Figure 5.3.

To alter the geometry, the parameters of the polygons and Bézier curves and the
number of domains and their permeability were used as variables. They constitute
the set of parameters to build the simulation model:

• αin: module’s inclination angle at inlet (αin,ref = 21.45◦),
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Figure 5.2: Input variables for Set 1 and 2, where the inclination angles αin, αout ,
the fillet radius rfillet , and the Bézier parameters bin and bout were varied. In Set 1
bin = bout = 0 yields a straight line. In blue only the fluid volume previously shown
in Figure 5.1 is depicted.

• αout : module’s inclination angle at outlet (αout,ref = 21.45◦),

• bin: Bézier parameter for Bézier curve at inlet (sin,ref = 0),

• bout : Bézier parameter for Bézier curve at outlet (sout,ref = 0),

• rfillet : fillet radius for all corners (rfillet,ref = 0 mm),

• nradial : number of radial domains (nradial,ref = 1),

• nvertical : number of vertical domains (nvertical,ref = 1),

• κd : permeabilities of domains, where κ1 ...κn for each domain
(κ1,ref = 7.24 · 10−10 m2).

The boundary conditions for the input parameters are chosen to limit the length
of the module to Lmod,max = 100 mm. Hence, depending on the simulation case the
following boundaries apply:

• αin = αout ∈ [21.45◦, 55.66◦]

• αin ̸= αout ∈ [21.45◦, 68.48◦]
and αin/out,max = arctan

(
2·(100 mm−L0−2·Lend )

D−d − tan(αin/out)
)

• bin, bout ∈ [−0.3, 0.3]
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Figure 5.3: Illustration of the sectioning into radial and vertical domains for Set 3.
The 2D simulation geometry is uniformly sectioned. κn represents the varying per-
meabilities. These permeabilities are the input variables for the optimization while
the outer geometry is kept unchanged.

• rfillet ∈ [0 mm, 4 mm] when bin = bout = 0
rfillet ∈ [0 mm, 3.2 mm] when bin, bout ∈ [−0.3, 0.3]

5.2.3 Evaluation of Simulation Results
From the COMSOL simulation the concentration values at the module’s outlet c(t)
and the minimal, maximal, and average shear rates were extracted. With the con-
centration values the RTD density function E(t), the dimensionless time θ, the mean
residence time τ , and the dimensionless RTD density function E(θ) can be calcu-
lated (Equations 2.19-2.22). With those values the RTD graph can be plotted.

The comprising parameter for the optimization algorithm p is made up of three
parts:

• peak position ppos,

• peak broadening pbroad ,

• and peak symmetry psym.

These three parameters need to be condensed to one. Therefore, the sum of
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squares is calculated as depicted in Equation 5.1.

p = p2
pos + p2

sym + p2
broad (5.1)

Peak Position

The peak position ppos considers the maximum Emax and compares it’s correspond-
ing time value t(Emax) to the mean residence time τ as shown in Figure 5.4 and
given by the following Equation 5.2:

ppos = |t(Emax) − τ | ppos ∈ [0,∞) (s) (5.2)

Figure 5.4: Visualization of evaluation parameter peak position ppos.

Peak Broadening

The peak broadening is defined by the square root of the second central moment
(variance), thus it is the standard deviation σ given by Equation 2.30 and Equa-
tion 5.3. Figure 5.5 shows 2 · pbroad in the interval τ − σ and τ + σ.

pbroad =
√
V = σ pbroad ∈ [0,∞) (s) (5.3)
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Figure 5.5: Visualization of evaluation parameter peak broadening pbroad .

Peak Symmetry

For the calculation of the RTD curve’s symmetry, the mirror-image analysis was
used as described in Section 2.3.3. The left tail of the curve was mirrored along
the vertical axis at the curve’s maximum t(Emax). Then the absolute area between
the right and mirrored tail was calculated as visualized in Figure 5.6. The more
symmetrical the curve is, the closer both tails are to each other. Due to the area
under the E(t) curve equaling unity, the peak’s symmetry parameter psym ranges
from 0 to 1.
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Figure 5.6: Visualization of evaluation parameter peak symmetry psym.

In the following Equation 5.4, E←(t) and E→(t) represent the curve’s left and right
tail, respectively. The mirrored left tail is calculated as Ẽ←(t) = E←(2·tmax−t). Thus
the area between mirrored left tail and right tail is the integral over their absolute
difference:

psym =
∫ ∞

tmax

∣∣∣E→(t) − Ẽ←(t)
∣∣∣ psym ∈ [0, 1] (−) (5.4)

with E→(t) = E(t ≥ t(Emax)) (5.5)

and E←(t) = E(t ≤ t(Emax)) (5.6)

5.2.4 Bayesian Optimization
The optimization was performed by the MATLAB function bayesopt and followed
the iteration loop as shown in Figure 5.7. The first iteration started by feeding the
initial values in MATLAB to create the simulation model. This model was sent to
COMSOL to perform the simulation of study 1, study 2, and to extract the results.
Those results were passed back to MATLAB to calculate the RTD and optimization
parameters. Bayesopt then evaluated p with the acquisition function expected-
improvement and generated a new set of model parameters for the next iteration
taking into account the limits and dependencies of each parameter. The number
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of iterations was set to 30 for the first and second set.

Figure 5.7: Schematic of the optimization process. In the first iteration, the initial
values in MATLAB are used to create the simulation model. This model is trans-
ferred to COMSOL for both stationary and time-dependent studies. COMSOL then
extracts the results and passes them back to MATLAB for evaluation. Based on
this evaluation, the bayesopt optimizer generates a new set of parameters to create
an updated simulation model.

Setup for Domain Set

In addition to the setup from Sets 1 and 2, initial values were defined for optimiz-
ing the permeabilities. These comprise ten different permeabilities in the range
2 · 10−10 to 2 · 10−9 m2, with each domain being assigned the same initial value.
The number of iterations varied between 500 and 1000.
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5.3 Results and Discussion
This study is divided into three sets. The first two sets addressed the optimization
of the external geometry, in particular the inlet and outlet area. For this purpose, the
inlet and outlet angles, the Bézier parameter and the fillet radius were varied. Set 1
examined the geometry with a Bézier parameter of 0. Set 2 added the Bézier pa-
rameter and was thus able to examine concave and convex inlet and outlet areas.
In Set 3, building upon the outer geometry from Set 2, the fluid volume was sec-
tioned into domains. Each domain was assigned a variable permeability to further
optimize residence time and flow.

5.3.1 Optimization of the Outer Geometry with Straight
Tapering at In and Outlet

This first set varied the inlet αin and outlet αout angles along with the fillet radius
rfillet . The parameter b remained set to 0, rendering the Bézier curve equivalent to
a straight line. A single domain with a permeability value of κ1 = 7.24 · 10−10 m2,
derived from Santos et al was utilized. This permeability corresponds to a Schwarz
diamond TPMS structure with sunit = 3.25 mm [Sant2020]. Four distinct cases were
explored, each focusing on optimizing different parameter combinations:

• Case 1.1: αin = αout ∈ [21.45, 55.66] and rfillet = 0

• Case 1.2: αin = αout ∈ [21.45, 55.66] and rfillet ∈ (0, 4]

• Case 1.3: αin, αout ∈ [21.45, 68.47] and rfillet = 0

• Case 1.4: αin, αout ∈ [21.45, 68.47] and rfillet ∈ (0, 4]

Cases 1.1 and 1.2 maintained equal inlet and outlet angles, with Case 1.2 also
varying the fillet radius. Cases 1.3 and 1.4 allowed independent inlet and outlet
angles, with Case 1.4 also incorporating changes to the fillet radius.

Table 5.1 presents the optimal parameters from these investigations. In every
case, both inlet and outlet angles approached their maximum of 55.66◦. Cases
1.3 and 1.4, featuring independent angles, exhibited near-symmetrical geometries,
with inlet and outlet angles closely matched. The fillet radius consistently leaned
towards its maximum of 4 mm.

Table 5.2 lists the maximum and average simulated shear rates (γ̇max and γ̇av)
for each case, alongside optimization evaluation parameters ppos, pbroad , psym, and
p, the latter being the sum of squares of the first three. Lower p-values indicate a
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Table 5.1: Best observed parameters from optimization simulations of Set 1 with
bin = bout = 0. αin, αout , and rfillet are optimization parameters in different combina-
tions. Case 1.1 to 1.4 are the best of each optimization simulation and Case 1 is
the conclusion of the entire set.

Best observed
αin αout bin bout rfillet

Case [◦] [◦] [-] [-] [mm]

1.1 αin = αout ∈ [21.45, 55.66]
rfillet = 0 55.66 55.66 0 0 0

1.2 αin = αout ∈ [21.45, 55.66]
rfillet ∈ (0, 4] 55.66 55.66 0 0 3.89

1.3
αin ̸= αout ∈ [21.45, 68.47]
αmax(Lmod ≤ 100 mm)
rfillet = 0

57.66 53.34 0 0 0

1.4
αin ̸= αout ∈ [21.45, 68.47]
αmax(Lmod ≤ 100 mm)
rfillet ∈ (0, 4]

53.81 57.32 0 0 3.11

closer approximation to ideal RTD. Compared to the reference module (Case 0), all
cases demonstrated significant improvements. Increased inlet and outlet angles
facilitated smoother transitions from tubing to module, effectively reducing all p-
values and shear rates, particularly when fillets were incorporated.

Comparing Cases 1.1 to 1.4 reveals minor differences in peak position, broad-
ening, and symmetry. However, significant disparities were observed in maximum
shear rates, attributed to the rounding of module edges. In Cases 1.2 and 1.4, the
maximum shear rate decreased by approximately 50 %. As Figure 5.8 indicates,
the maximum shear rate decreases with greater fillet radii, reaching its lowest at
a radius of 3.8 mm. Nonetheless, suspected mesh inadequacies and numerical
variances might explain the unexpected fluctuations in an otherwise steadily de-
creasing trend. Hence, this best overall result for this first set, including the p-value
and shear rate, is yielded with αin = αout = 55.66◦ and rfillet = 4 mm. These param-
eters were simulated as Case 1 for which the geometry is illustrated in Figure 5.9.
Notably, the p-value is slightly higher than in Case 1.2 but at a benefit in shear rate.
As previously stated, suspected mesh inadequacies and numerical variances only
allow for qualitative analysis, but satisfy the aim of this first set.

Consequently, Set 1’s optimal geometry has inlet and outlet angles of αin = αout =
55.66◦ and a fillet radius of rfillet = 4 mm (Case 1). The RTD density function for
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Table 5.2: Results of optimization simulations of Set 1, where bin = bout = 0. Case 0
is the reference module. Case 1.1 to 1.4 are optimization simulations and Case 1
is the result of the conclusion of 1.1 to 1.4. γ̇max is the maximum occurring shear
rate in the entire module and γ̇av is the module’s average shear rate.

γ̇max γ̇av ppos pbroad psym p
Case [s−1] [s−1] [-] [-] [-] [-]

0 αin = αout = 21.45◦

rfillet = 0 mm
16 197 9.33 0.91 0.98 0.68 2.26

1.1 αin = αout = 55.65◦

rfillet = 0 mm
11 365 7.75 0.33 0.53 0.46 0.60

1.2 αin = αout = 55.66◦

rfillet = 3.67 mm
8260 7.46 0.34 0.53 0.47 0.62

1.3
αin = 55.52◦

αout = 55.75◦

rfillet = 0 mm
11 623 7.75 0.34 0.53 0.47 0.62

1.4
αin = 54.70◦

αout = 56.41◦

rfillet = 3.51 mm
8419 7.52 0.34 0.54 0.47 0.63

1 αin = αout = 55.66◦

rfillet = 4 mm
8260 7.45 0.36 0.53 0.50 0.67

Case 1, illustrated in Figure 5.10, shows that larger angles at the inlet and outlet
effectively narrow the RTD, shifting its peak closer to the mean residence time.
Despite an early maximum (fronting) and a residual shoulder post-maximum, likely
due to wall effects and suboptimal flow near the fillets, the RTD beneath the shoul-
der is remarkably symmetrical. In summary, larger angles enhance RTD signifi-
cantly, while fillets, though not affecting RTD directly, reduce the maximum shear
rate, promoting more uniform flow conditions.
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Figure 5.8: Maximum shear rate γ̇max in ×103 s−1 and sum of squares p plotted
over the fillet radius rfillet for a geometry with αin = αout = 55.66◦. ▲ represent the
maximum shear rate and belong to the left y-axis. represent the sum of squares
and belong to the right y-axis. The maximum shear rate decreases as the fillet
radius increases.

Figure 5.9: Optimized geometry concluding from Set 1 (Case 1).
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Figure 5.10: Resulting RTD density function E(θ) of the parameter set concluding
from Set 1 (Case 1). The profiles of the RTD curves for Cases 1.1 to 1.4 deviate only
minimally from the curve for Case 1, wherefore only Case 1 is presented for better
visibility. Compared to the reference curve (gray line), the RTD has been improved
considerably. The curve is clearly narrower, higher and more symmetrical.

5.3.2 Optimization of Outer Geometry with Bézier Curve
for Tapering at In and Outlet

Following on from the first set, this second set incorporates the Bézier parameter
b. Positive b values yield a convex shape, while negative ones result in a concave
shape. The parameter is restricted to the range between −0.3 and 0.3 to prevent
the creation of inefficient flow paths that arise from protrusions outside this range.
Values more negative than −0.3 result in an indented inlet shape, as the Bézier
curve no longer aligns tangentially. Values exceeding 0.3 cause the formation of a
pocket at the inlet because the Bézier curve forms an angle greater than 90◦ with
the inlet structure. The fillet radius’s upper limit is now 3.2 mm to ensure error-free
geometrical configurations. Apart from these modifications, all other parameters
mirror those from the initial set, thus yielding four cases:

• Case 2.1: αin = αout ∈ [21.45, 55.66], bin = bout ∈ [−0.3, 0.3], and rfillet = 0

• Case 2.2: αin = αout ∈ [21.45, 55.66], bin = bout ∈ [−0.3, 0.3], and rfillet ∈ [0, 3.2]
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• Case 2.3: αin, αout ∈ [21.45, 68.47], bin, bout ∈ [−0.3, 0.3], and rfillet = 0

• Case 2.4: αin, αout ∈ [21.45, 68.47], bin, bout ∈ [−0.3, 0.3], and rfillet ∈ [0, 3.2]

Table 5.3 presents the optimal parameters identified. In each instance, only the
most effective parameters were selected, highlighting a preference for inlet and
outlet angles near their maximum of 55.66◦. Notably, Cases 2.3 and 2.4, with
independent angles, led to only slightly asymmetrical geometries, and the fillets’
radius typically settled in the middle of its range.

Table 5.3: Best observed parameters from optimization simulations of Set 2. αin,
αout , bin, bout , and rfillet are optimization parameters in different combinations.
Case 2.1 to 2.4 are the best of each optimization simulation.

Best observed
αin αout bin bout rfillet

Case [◦] [◦] [-] [-] [mm]

2.1
αin = αout ∈ [21.45, 55.66]
bin = bout ∈ [−0.3, 0.3]
rfillet = 0

55.65 55.65 0.13 0.13 0

2.2
αin = αout ∈ [21.45, 55.66]
bin = bout ∈ [−0.3, 0.3]
rfillet ∈ [0, 3.2]

55.65 55.65 0.14 0.14 2.19

2.3

αin ̸= αout ∈ [21.45, 68.47]
αmax(Lmod ≤ 100 mm)
bin ̸= bout ∈ [−0.3, 0.3]
rfillet = 0

55.26 55.75 0.13 0.13 0

2.4

αin ̸= αout ∈ [21.45, 68.47]
αmax(Lmod ≤ 100 mm)
bin ̸= bout ∈ [−0.3, 0.3]
rfillet ∈ [0, 3.2]

53.66 57.37 0.15 0.16 1.84

Table 5.4 provides data on maximum and average simulated shear rates for the
respective cases, alongside optimization evaluation parameters ppos, pbroad , psym,
and their sum of squares p. For context, Case 1’s data from the first set is included.
Compared to Case 1, all cases exhibit enhanced p-values. Although Case 1 shows
a superior maximum shear rate, attributable to the larger fillet radius, the reduction
of average shear rate achieved through the Bézier curve is noteworthy.

An optimal range for the Bézier parameter appears to be at around 0.15. Fig-
ure 5.11 illustrates the relationship between p and the maximum shear rate across
the b parameter range for a module with αin = αout = 55.66◦ and rfillet = 3.2 mm.
A minimum around b = 0.15 is evident, with negligible impact on the maximum
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Table 5.4: Results of optimization simulations of Set 2. Case 1 is the result from the
previous section as comparison. Case 2.1 to 2.4 are optimization simulations and
Case 2 is the result of the conclusion of 2.1 to 2.4. γ̇max is the maximum occurring
shear rate in the entire module and γ̇av is the module’s average shear rate.

γ̇max γ̇av ppos pbroad psym p
Case [s−1] [s−1] [-] [-] [-] [-]

1 αin = αout = 55.66◦

rfillet = 4 mm
8260 7.45 0.36 0.53 0.50 0.67

2.1
αin = αout = 55.65◦

bin = bout = 0.13
rfillet = 0 mm

12 332 7.19 0.29 0.49 0.42 0.50

2.2
αin = αout = 55.65◦

bin = bout = 0.14
rfillet = 2.19 mm

8671 6.84 0.29 0.50 0.42 0.52

2.3

αin = 55.26◦

αout = 55.75◦

bin = 0.13
bout = 0.13
rfillet = 0 mm

12 354 7.18 0.30 0.49 0.43 0.52

2.4

αin = 53.66◦

αout = 57.37◦

bin = 0.15
bout = 0.16
rfillet = 1.84 mm

8939 6.83 0.29 0.51 0.41 0.51

2
αin = αout = 55.66◦

bin = bout = 0.14
rfillet = 3.2 mm

8405 6.68 0.31 0.50 0.44 0.54

shear rate. The lowest maximum shear rate is found at b = −0.3, the geometry of
which is depicted in Figure 5.12a. Here, the concave shape allows a gradual inlet
widening, slowing the flow and reducing abrupt transitions that cause high shear
rates. Nonetheless, this geometry results in a less favorable RTD due to a rapidly
increasing p.

The results for Cases 2.1 to 2.4 show that the algorithm determined an inlet and
outlet angle close to the maximum allowable as optimal. Consideration of the max-
imum shear rate and the optimization parameter over the Bézier parameter results
in an optimum at b = 0.14. These findings and the insight from Set 1, which in-
dicated that larger fillet radii contribute to lower shear rates, Case 2 consolidates
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Figure 5.11: Maximum shear rate γ̇max in 103 s−1 and sum of squares p plotted over
the Bézier parameter b for a geometry with αin = αout = 55.66◦ and rfillet = 3.2 mm.
▲ represent the maximum shear rate and belong to the left y-axis. represent the
sum of squares and belong to the right y-axis. The sum of squares decreases as
the Bézier parameter increases until a minimum at b = 0.13. Around this b-value
the lowest maximum shear rate is 8405 s−1 for b = 0.14.

the findings of the second set. As shown in Table 5.4, Case 2 records a slight in-
crease in the maximum shear rate but a decrease in the average shear rate, with
negligible changes in p-values. This increase in the maximum shear rate is at-
tributed to the smaller fillet radius of 3.2 mm, compared to 4 mm used in Case 1.
Figure 5.12b illustrates Case 2’s geometry, which has a slightly convex shape. As
depicted in Figure 5.11, inlet and outlet geometries that are concave tend to min-
imize the maximum shear rate. Therefore, a combination of concave and convex
Bézier curves, forming an "S" shape, may offer further improvements, although this
extends beyond the scope and objectives of this chapter.

Figure 5.13 shows the RTD curve for Case 2 that significantly outperforms the
reference curve (gray line). While the peak maximum approaches the expected
mean residence time and the post-peak shoulder is more pronounced, the curve
remains more symmetrical below this shoulder compared to Case 1 (dashed line).
Thus, the introduction of a Bézier curve as a transitional element primarily reduces
the average shear rate and modestly improves the RTD.
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Figure 5.12: a) Geometry with b = −0.3 exhibiting the lowest maximum shear
rate of 7976 s−1 and b) optimized geometry with b = 0.14 as conclusion of Set 2
(Case 2).
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Figure 5.13: Resulting RTD density function E(θ) of the parameters concluding
from Set 2 (Case 2). The profiles of the RTD curves for Cases 2.1 to 2.4 deviate
only minimally from the curve for Case 2, wherefore only Case 2 is presented for
better visibility. Compared to the reference curve (gray line), the RTD has been
improved considerably. Compared to Case 1 (dashed line), the peak maximum is
a little closer to the expected mean and the post-peak shoulder is more pronounced,
but the curve below the shoulder is more symmetrical.
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5.3.3 Optimization of Inner Geometry by Domains with
Variable Permeabilities

Although significant improvements have been achieved by varying and optimizing
the external geometry, the RTD curve still displays some minor deviations from
the ideal, including an early peak and shoulder. These deviations are linked to
slower fluid and tracer movement through the module’s peripheral areas compared
to its central path. This discrepancy could be mitigated by modifying local flow
resistances. In simulations, fluid flow resistance is determined by permeability,
denoted as κ.

To facilitate local changes in permeability, the module was segmented into nvertical

and nradial equidistant domains, as illustrated in Figure 5.3. Each cylinder seg-
ment was assigned a specific permeability value, κn, by the optimization algorithm.
Transitioning from simulation to real-world manufacturing, the permeability of each
TPMS unit cell varies, with smaller unit cells being less permeable than larger ones.
It is essential to define the permeability range with consideration for TPMS struc-
tures that are feasible for additive manufacturing to ensure the practical applica-
tion of simulation results. Typically, 3D printers can achieve resolutions of about
500 µm. For a porosity of 50 %, this implies a minimum unit cell size of 1 mm,
establishing the lower boundary for permeability. Conversely, the upper limit is de-
termined by the inlet module diameter of 4 mm, equating to a maximum TPMS unit
cell size of 8 mm.

Experimental data from Santos et al. provide permeabilities for Schwarz
diamond TPMS structures with 3.25 mm unit cells and 50 to 80 % porosities,
where a 50 % porosity corresponds to 7.24 · 10−10 m2 permeability [Sant2020].
However, Santos et al.’s data is inadequate for defining all constants in Equa-
tion 2.17. Therefore, only the second order term in Equation 2.17 was used,
replacing schan with sunit in Equation 2.16. This simplification yields c1ϕ − c2 =
6.85 · 10−5. To maintain a manageable range, values are rounded, resulting in
κn ∈ [2 · 10−10 m2, 2 · 10−9 m2]. Note that the outer geometry remains unchanged
during optimization.

Figure 5.14a illustrates the geometry, color-coded to represent the permeabilities
resulting from an optimization that segmented the module’s fluid volume into two
radial and two vertical domains (Case 3.1). In 5.14b, the tracer concentration within
the module is displayed at different times (t = 2 s, 4 s and 6 s), revealing an intrigu-
ing pattern: the permeability in the lower domains is almost uniform (κ1 ≈ κ3).
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However, in the upper half, the permeabilities differ (κ4 > κ2), leading to quicker
fluid and tracer movement in the outer area, which then aligns with the flow in the
inner area.

Figure 5.14: Resulting permeabilities for an optimization with segmentation into
2x2 domains (Case 3.1), two radial and two vertical domains. Depicted is the entire
cross-section with a vertical central mirror axis. a) Geometry colored according to
permeability, where darker regions are less permeable and brighter regions are
more permeable. b) Concentration profile for different time steps.

The corresponding RTD density function is shown in Figure 5.15, where it is
compared with the reference module and the findings from Case 2. This curve is
notably symmetric and narrow, with its peak very close to θ = 1, as supported by the
p-values in Table 5.5. Although there’s some scope for reducing the broadening
value, it’s important to recognize that longitudinal diffusion cannot be completely
eliminated and thus a spike-like RTD is physically impossible. In terms of shear
rate, the values are on par with those from previous sets with slight increases in
maximum shear rate (7 %) and average shear rate (3 %) compared to Case 2. The
inlet and outlet regions continue to be the zones of maximum shear rate.

The 2x2 case (Case 3.1) results demonstrate that varying permeabilities can
nearly optimize the RTD curve. However, this configuration also results in undesir-
able discontinuities at domain boundaries due to major differences in permeability
between adjacent domains. Reflecting on the translation between permeability and
TPMS unit cell size, such discontinuities cannot be mapped with gradually merging
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Figure 5.15: Resulting density function E(θ) for geometry with 2x2 domains in com-
parison to the reference module (gray line) and Case 2 (dashed line).

Table 5.5: Results of optimization simulations of Set 3. γ̇max is the maximum oc-
curring shear rate in the entire module and γ̇av is the module’s average shear rate.

γ̇max γ̇av ppos pbroad psym p
Case [s−1] [s−1] [-] [-] [-] [-]

3.1 (2x2) 9023 6.86 0.03 0.41 0.05 0.17

3.2 (4x4) 6302 7.87 0.02 0.46 0.06 0.21

unit cells. Ideally, the tracer front moves evenly and horizontally from the bottom to
the top of the module. To facilitate smoother transitions between the domains, the
number of domains was increased to a 4x4 grid.

The outcomes from the 4x4 setup (Case 3.2), depicted in Figure 5.16, present
an extreme contrast. In 5.16a the domain’s permeabilities show no discernible pat-
tern, indicating that simply increasing the number of domains does not necessarily
lead to more uniformity. Despite assuming a gradual permeability change across
domains, large discrepancies persist, similar to the 2x2 configuration. In 5.16b,
while the tracer shows almost horizontal movement at t = 2 s in the peripheral
regions, it travels faster in the center, increasing the lateral offset toward the outlet.
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Figure 5.16: Resulting permeabilities for an optimization with segmentation into
4x4 domains (Case 3.2), four radial and four vertical domains. Depicted is the entire
cross-section with a vertical central mirror axis. a) Geometry colored according to
permeability, where darker regions are less permeable and brighter regions are
more permeable. b) Concentration profile at different time steps.

Even after 1000 iterations, the optimization of the 4x4 domains did not improve
the overall p-value compared to the 2x2 setup. While the position and symmetry
measurements are similar, the broadening has slightly worsened, as detailed in
Table 5.5. Although the maximum shear rate drastically decreased, the average
shear rate increased. Introducing more domains enhances resolution but compli-
cates the problem due to the independence of the domains, which leads to jumps
in permeability. Addressing this requires additional constraints to limit permeability
variations between neighboring domains, which could be implemented in MATLAB
with sufficient coding knowledge.

A direct comparison reveals that the 4x4 setup exhibits even larger perme-
ability differences between adjacent domains than the 2x2 setup. For the 2x2
case the greatest horizontal difference is between domain 2 and 4 with ∆κ2−4 =
3.93 · 10−10 m2 and the greatest vertical difference is between domain 3 and 4
with ∆κ3−4 = 8.62 · 10−10 m2. In the 4x4 case the greatest horizontal differ-
ence is ∆κ4−8 = 14.44 · 10−10 m2 and the greatest vertical difference is ∆κ7−8 =
14.32 · 10−10 m2.

Despite these challenges, the RTD curve for the 4x4 setup, shown in Figure 5.17,
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remains well-aligned, narrow, and symmetrical. The lower portion is broader, and
the left tail displays a small shoulder. Compared to the 2x2 case, the upper part of
the curve is even narrower, resulting in a higher peak.

Figure 5.17: Resulting density function E(θ) for geometry with 4x4 domains in com-
parison to the reference module (gray line) and Case 2 (dashed line).
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5.4 Conclusion and Outlook
The objective of this chapter focused on optimizing fluid flow through a module
designed for extracorporeal blood applications. To achieve this, both the external
and internal geometry of the module was enhanced through simulative Bayesian
optimization, aiming for a more uniform flow distribution. The flow distribution was
quantified using RTD measurements, characterized by three RTD parameters: po-
sition, broadening, and symmetry. Initially, modifications to the external geometry
yielded a substantial improvement in RTD parameters compared to a reference ge-
ometry (−76 %). Subsequently, introducing anisotropy by segmenting the internal
geometry into domains with different permeabilities led to further enhancements in
RTD parameters compared to modifications to the external geometry (−69 %).

In terms of permeability assumptions, the values used derive from Santos et
al. and are specific to flow rates between 1 to 10 mL min−1. Research by Asbai-
Ghoudan et al., conducted at Reynolds number (Re) = 1, demonstrates that per-
meability is independent of flow rate [Asba2021]. Yet, when considering higher
Reynolds numbers and flow rates, the applicability becomes uncertain. To tackle
this, further experimental validation is necessary, not only to corroborate the sim-
ulation results but also to develop an equation that correlates permeability with
TPMS unit cell size and porosity.

By segmenting the fluid volume into multiple domains with varying permeability,
the module’s flow distribution can be manipulated. The optimization process, un-
der chosen boundary conditions, resulted in pronounced anisotropy - neighboring
domains exhibited significantly different permeabilities. Transitioning to an aniso-
metric TPMS structure is challenging due to the required connection of small to
large unit cells, necessitating a boundary condition to limit the permeability gradi-
ent.

Furthermore, Bayesian optimization is a single-objective optimization method,
thus the challenge lies in consolidating target variables. The current approach
used the sum of squares, treating all variables equally. However, this raises ques-
tions about the realistic boundaries of the optimization parameters and whether
the actual feasible range is smaller or larger than assumed. For instance, while a
curve’s maximum at θ = 1 (ppos = 0) is realistic, a broadening value of 0 (implying
an impulse) is non-physical due to axial diffusion. The reference values for position,
broadening, and symmetry, suggest varying degrees of realism within the feasible
range. This leads to a dilemma of whether to optimize universally or in relation
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to a reference module. A target function could offer a more cohesive optimization
approach.

The Thompson sampling efficient multi-objective optimization (TSEMO) strat-
egy, as an alternative to Bayesian optimization, presents a compelling approach.
TSEMO, a multi-objective optimization strategy, efficiently identifies minima for all
output variables, forming what is known as a Pareto front [Brad2018]. This method
stands in contrast to Bayesian optimization, as it allows for the weighting of output
variables to be adjusted post-optimization. Such flexibility facilitates a more com-
prehensive and adaptable optimization process. However, during the simulation
phase, the implementation of the TSEMO strategy and the subsequent weight-
ing of variables appeared more complex compared to utilizing the readily available
bayesopt function in Matlab. Additionally, focusing on locally observing the tracer
front’s movement through the module, rather than optimizing parameters describ-
ing the RTD curve, could lead to a more uniform perfusion of the module.
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Extracorporeal blood therapies use artificial devices to treat the patient’s blood.
Large surfaces are required for the treatment, provided by functional entities such
as hollow fiber membranes or porous beads. The flow through the artificial de-
vices is non-uniform and non-physiological, causing blood damage and immune
reactions. However, due to the geometric limitations of the functional entities, per-
fusion cannot be adapted to the biological counterpart. Consequently, permanent
use for patients with irreversibly damaged organs is impossible.

In commercial blood therapy devices, the blood inlet geometry has the biggest
impact on blood distribution. Furthermore, blood usually coagulates in the hollow
fiber bundle in regions of low flow and shear rates. Triply periodic minimal surfaces
(TPMS) promise an improved blood perfusion and thus reduced blood damage and
immune reactions. Anisometric TPMS further allow tailoring the residence time
distribution (RTD) for optimal efficiency. However, the hemodynamics of TPMS
and the influence of TPMS on blood have rarely been investigated.

Flow analysis Three perfusable modules with integrated TPMS structure were
designed, of which two modules had an isometric TPMS structure with different
unit cell sizes, and one had an anisometric TPMS structure. Compared to clas-
sical hollow fiber membrane modules, the entire inner void of each module was
employed by the TPMS structure, yielding an increase in surface area to volume
ratio. Experimental RTD measurements successfully validated the time-dependent
simulation of a tracer passage through the modules. Therefore, the simulative in-
vestigation of the hemodynamics inside the modules made it possible to identify
geometry-dependent zones of low and high flow velocities and shear rates prone
to triggering blood clotting.
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Structure-induced blood clotting In the follow-up study, the modules were
continuously perfused with human whole blood to investigate the structure-induced
blood coagulation. Besides the conventional measurement of pressure drop and
platelet amount, the formed blood clots were post-experimentally visualized and
quantified by computed tomography (CT) scanning. From the CT scans, the loca-
tion of formed blood clots became visible, enabling cross-linking to the simulated
hemodynamics, where identified regions with elevated shear rates correlate to re-
gions of blood clot formation. Additionally, the overall amount of clotted blood inside
the different modules revealed significantly lesser clot formation in an anisometric
TPMS structure due to more physiological shear rates.

Optimization of blood contactors Critical flow regimes were identified from
the simulative flow analysis and experimental investigation of blood clot formation,
which helped to understand the bottlenecks of perfused blood contactors. These
findings were used as the starting point for a series of optimization simulations
to harmonize the flow conditions inside the modules and tailor the RTD for best
module efficiency. Therefore, the module was subdivided into its outer shape and
inner volume. Optimizing the outer shape simply by elongating the module yielded
lower shear rates and a considerably better RTD. For simplicity, the inner volume
was modeled as multiple domains of porous media, each assigned a permeability
and porosity value. Through Bayesian optimization, the permeabilities were varied
to further enhance RTD, showcasing the potential of anisotropy and closing the
loop to the advanced performance of the anisometric TPMS module. With this
procedure, the RTD can be optimally tailored within a given external shape, e.g., a
lung lobe, to enable the design of patient-individualized devices.

Limitations All investigations presented in this thesis were carried out at a blood
flow rate of 300 mL min−1, which is a typical value for dialyzers and adsorbers but
not for membrane lungs, which are operated at flow rates of up to 7 L min−1. How-
ever, due to the small module volume of only 25 mL, the average residence time
of 5 s corresponds to that of membrane lungs, whereas dialyzers and adsorbers
have notably longer residence times of 10 to 30 s. Which flow rate and residence
time combination is needed strongly depends on the device’s performance, use
case, and patient pathology. Nevertheless, the level of shear rate, in combination
with exposure time, decides about the activation of blood components starting the
coagulation cascade [Casa2015].
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Furthermore, the presented work investigated and advanced the hemodynamics
of blood-contacting devices, but the materials used did not provide any functionality
for treating the blood. With steadily advancing technology and an increasing va-
riety of materials for additive manufacturing, suitable processes for manufacturing
blood-contacting support devices are emerging. For example, the 3D printing of a
nanoporous material [Dong2021] or a UV curable and 3D printable polydimethyl-
siloxane (PDMS) [Flec2023], a widely used material in biological and medical ap-
plications, was already shown.

Perspectives Future research could investigate modules with smaller unit cells
and a larger inner surface area at variable flow rates and a broader range of donors.
Furthermore, the modules could be adapted to the properties of the donor blood
in order to explore the possibilities of individualization. The individually optimized
modules, which currently only exist in digital form, must be converted into physi-
cal modules, effectively bridging the gap between theoretical models and practical
applications. This transition will involve comprehensive testing and validation to en-
sure the selected TPMS structure optimally replicates the simulated fluid properties
and behaviors. In this process, the smooth and continuous transition of TPMS is
crucial, and optimization algorithms will be pivotal in enhancing uniformity. Whether
the Schwarz diamond TPMS is the best for extracorporeal blood therapies needs
to be investigated.
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List of Symbols

Fundamentals

∆P pressure drop (mmHg)

γ̇ shear rate (s−1)

V̇ volumetric flow rate (m3 s−1)

η dynamic viscosity (Pa s)

κ permeability in porous media (m2)

ϕ porosity (-)

ρ density (kg m−3)

c concentration (mol m−3)

d diameter (m)

Hct hematocrit (vol%)

J diffusion flux (mol m−2 s−1)

P pressure (mmHg) or (Pa)

Pi partial pressure (Pa)

Q Permeance (m3 m−2 h−1 bar−1)

T temperature (K or ◦C)

t time (s)

V volume (m3)

v velocity (m s−1)
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List of Symbols

Constants, Coefficients, Dimensionless Quantities

D diffusion coefficient (m2 s−1)

DK Knudsen diffusion coefficient (m2 s−1)

Hcp
s Henry’s law solubility constant (mol m−3 Pa−1)

M molar mass (kg mol−1)

R gas constant (8.314 J mol−1 K−1)

Re Reynolds number (-)

SAV surface area to volume ratio (m−1)

Residence Time Distribution (RTD) Symbols

E statistical moment

µk kth raw moment (sk)

σ2 second central moment and distribution’s variance (s2)

σk kth standard deviation (sk)

τ mean residence time (s)

θ dimensionless residence time (-)

m̂k kth standardized moment (-)

c(t) tracer concentration at module’s outlet (mol m−3)

E(t) residence time distribution density function (s−1)

Eθ(θ) dimensionless residence time distribution density function (-)

mk kth central moment (sk)

ntracer amount of tracer (mol)

Triply Periodic Minimal Surface (TPMS) Symbols

Awet wetted surface area (m2)

dhyd hydraulic diameter (m)

Rehyd Reynolds number based on hydraulic diameter (-)

schan TPMS channel size (m)
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List of Symbols

soff TPMS surface offset (m)

sunit TPMS unit cell size (m)

twall TPMS wall thickness (m)

Vfree volume not occupied by TPMS structure (m3)

Vunit volume of entire TPMS unit cell (m3)

Vwall volume of TPMS wall (m3)

Chapter 4: Clotting

∆Vclot relative volume of clotted blood (%)

PLT ′ corrected & normalized platelet count (%)

PLT platelet count (µL−1)

PLT ′ corrected platelet count (%)

Chapter 5: Optimization

αin module’s inclination angle at inlet (◦)

αout module’s inclination angle at outlet (◦)

γ̇av average shear rate (s−1)

γ̇max maximum shear rate (s−1)

Ẽ←(t) left tail of RTD density function mirrored along t(Emax) (s−1)

bin module’s Bézier parameter for Bézier curve at inlet (-)

bout module’s Bézier parameter for Bézier curve at outlet (-)

E←(t) left tail of RTD density function (s−1)

E→(t) right tail of RTD density function (s−1)

Emax maximum of RTD density function (s−1)

L0 module base length (m)

Lend module end cap length (m)

Lmod module length (m)

nradial module’s number of radial domains (-)
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List of Symbols

nvertical module’s number of vertical domains (-)

p module’s optimization parameter as sum of squares (n.a.)

pbroad module’s optimization parameter for it’s broadening (s)

ppos module’s optimization parameter for it’s position (s)

psym module’s optimization parameter for it’s symmetry (-)

rfillet module’s fillet radius for all corners (m)
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List of Abbreviations

ACT activated clotting time

ADP adenosine diphosphate

ATP adenosine triphosphate

CAD computer aided design

CFD computational fluid dynamics

CT computed tomography

ECCO2R extracorporeal CO2 removal

ECLS extracorporeal life support

ECMO extracorporeal membrane oxygenation

FD finite difference

FE finite element

FV finite volume

Hb hemoglobin

Hct hematocrit

HPLC high pressure liquid chromatography

PDMS polydimethylsiloxane

PMP polymethylpentene

PP polypropylene

RTD residence time distribution

SAV surface area to volume ratio

SPH smoothed-particle hydrodynamics
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List of Abbreviations

TPMS triply periodic minimal surface

TSEMO Thompson sampling efficient multi-objective optimization

vWf von Willebrand factor
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