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Abstract  

Fluid transport is a ubiquitous task in biomedical applications. Controlled flow is 

required by different various devices, e.g., hydraulic implants, drug delivery units, labor-

atory equipment for analysis and essay automatization, or even three dimensional bi-

oprinting. State-of-the-art fluid transport methods rely on large, costly pumps with com-

paratively high power consumption, and the lack of small pump systems hinders the de-

velopment of handheld devices, fully automated disposables, implants, or patch pumps. 

A possible solution are micropumps: miniaturized, energy-efficient fluidic actuators that 

enable the transport of small amounts of fluid. A promising type of micropumps are pie-

zoelectrically actuated micro diaphragm pumps that combine many advantageous prop-

erties: they are extremely miniaturizabile, the actuation is energy-efficient, the setup is 

comparatively easy and allows tailored solutions for specific requirements. Thus, piezo-

electric micro diaphragm pumps offer great potential for improved biomedical devices.  

The change from a macroscopic pump system to a micropump and the implied 

switch from fluidic to microfluidic systems results in significant challenges. This work 

distinguishes safety relevant requirements, flow properties and system-specific needs. 

Micropump research has revealed elaborate solutions for specific risks and challenging 

specifications. However, there are important requirements that have not yet been investi-

gated, which hinders the technology’s market breakthrough.  

One important aspect that has been scarcely investigated is the dosing precision 

and accuracy of micropumps. Often a pump’s single stroke volume, the volume that is 

displaced with one single oscillation of the actuator diaphragm, is stated as achievable 

limit of resolution. However, there is usually no information on the repeatability of single 

strokes or their sensitivity to changing conditions, e.g., backpressure or temperature. The 

fluctuation of the stroke volume limits the accuracy of a closed-loop control system, es-

pecially if the aimed volume is in the order of magnitude of a single stroke. Consequently, 

a detailed analysis of the dosing precision as well as design improvements towards more 

repeatable dosing are necessary. A change of medium can have a significant impact on 

the precision, since medium properties such as surface interaction, viscosity, or surface 

tension can impact the fluid transport in microfluidic devices. Therefore, it is required to 

perform experimental analysis with the application’s target medium in addition to com-

monly used surrogate fluids, e.g., deionised water. The pump’s dosing precision can also 

vary over time, for instance due to degradation of the actuator or the valve structures. This 

degradation can for instance be caused by gradual occlusion. 

Due to the small geometries of microfluidic devices with a high surface to volume 

ratio, moving parts in the fluid paths, and fragile mechanical structures such as spring 

valves, the interaction between a micropump and the dosed medium can be more severe 

than in macroscopic pumps. For instance, protein agglomeration within a dosed drug so-

lution can impair the therapeutic effect of the medication and lead to gradual occlusion 

of the pump system. For a reliable use of microfluidic actuators in the biomedical field, 

the investigation of any interaction that can damage the pump and impact the dosed me-

dium is therefore indispensable. 

In addition to technological challenges discussed above, economical requirements 

hinder the widespread implementation of micropumps in biomedical applications, even 

though they offer evident advantages compared to conventional pumps. There are large 

initial costs for development, detailed examination, and initial approval process of a new 
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technology in a medical product. Therefore, advances in medical device technology are 

slow and only incremental improvements based on already implemented technologies in-

stead of completely new developments are introduced.  

It is the aim of this thesis to advance the biomedical application of piezoelectric 

micro diaphragm pumps by improving the technology developed at the Fraunhofer EMFT 

Research Institution for Microsystems and Solid State Technologies. There are two main 

pump types, small silicon and larger stainless-steel pumps. In this thesis, both are evalu-

ated and optimised in terms of fluidic properties, biocompatibility of the used material, 

and medium interaction.  

To achieve better fluidic performance, an increase of the negative actuation volt-

age is evaluated. For piezoelectric actuation, the negative voltage amplitude is commonly 

limited to prevent depolarisation. However, higher negative actuation voltages are partic-

ularly interesting; due to the nonlinearity of the piezoelectric elongation, they lead to an 

overproportional increase of the diaphragm stroke. Therewith the achieved flow rate is 

overproportionally increased. For experiments with higher negative actuation voltages, 

the exact knowledge of the coercive field, i.e., of the electric field where the polarisation 

switches its direction, is necessary. In this thesis, the coercive field of 1 kV/mm is deter-

mined with a custom-made setup. By increasing the negative actuation of steel and silicon 

micro diaphragm pumps from the commonly used 40 % to 90 % of the negative coercive 

field, two fundamental pump characteristics are improved: the maximal flow rate due to 

an increased stroke height, and the achievable air backpressure due to the increased com-

pression ratio. Without backpressure, the air flow rate increases by 30%, while at 30 kPa 

backpressure, it increases by 160 %. To detect depolarisation caused by the additional 

negative field, the actuator stroke is continually monitored for one million cycles. Even 

with a negative amplitude of -1 kV/mm, no depolarisation is visible due to regular re-

polarisation by the high positive amplitude of 1.5 kV/mm. The results indicate that nega-

tive voltages higher than those used conventionally can be employed, resulting in im-

proved fluidic performance. This performance increase is implemented in a new silicon 

micropump for drug delivery that therewith reaches the required flow performance.  

This adapted micropump of 5×5×0.6 mm³, introduced and evaluated in this thesis 

in terms of performance and dosing precision, aims to advance the development of min-

iaturized drug delivery units. The pump achieves a water flow rate of 74 ± 6 µL/min, 

which is suitable for subcutaneous drug delivery. Its blockingpressure of approximately 

51 kPa is sufficient to overcome additional backpressure, e.g., by occlusion of the injec-

tion site. Furthermore, the precision of volume package dosing is investigated with water 

and an insulin solution. This allows to determine problems caused by the change of trans-

ported liquid. Indeed, the higher surface tension of the insulin solution causes more stable 

air-liquid interfaces and thus increases the effort to transport a bubble through the pump. 

Nevertheless, the achieved precision is high compared to commercially available pump 

systems, also with the insulin solution. The standard deviation stays below the generally 

accepted 5%, even for extremely small packages of 0.5 mg, which can enable the dosage 

of higher concentrated drugs in future. The results of this study are promising for the 

development of further miniaturized patch pumps or even implantable systems that can 

increase the patients’ comfort and enable better treatment.  

An implantable application imposes even more material requirements than extra-

corporeal biomedical devices. For instance, the used material should not cause any arte-
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facts in medical imaging such as nuclear magnetic resonance imaging or computed to-

mography scanning. This requirement is unproblematic for silicon pumps, though the 

steel micropumps developed for larger flow rates can cause artefacts in imaging. There-

fore, part of this thesis is dedicated to the transfer of the pump technology to a titanium 

platform. The resulting novel pump performs equally well compared to state-of-the-art 

steel pumps. It achieves a water flow rate of 14.0 ± 2.2 mL/min and blockingpressure of 

75 kPa, which is suitable for implantable devices such as hydraulic implants. The new 

pump is part of a titanium-based microfluidic technology platform that additionally con-

tains two active valves. This platform allows for flexible development of several micro-

fluidic biomedical devices and therewith distributes the initial effort to introduce a new 

technology on several parallel developments. Consequently, the platform can help pro-

mote the industrialisation of micro diaphragm pumps for biomedical applications.  

In addition to implantable devices, the flexible applicability of the titanium tech-

nology platform enables the development of biomedical equipment, e.g., analysis sys-

tems, automated cell culture or three dimensional bioprinting. For utilization in this field, 

the influence of the pump on the transported medium should be minimal. Therefore, this 

thesis investigates the impact of transport with micro diaphragm pumps on cells in solu-

tion. Preliminary experiments show a significant impact of the small silicon micropump 

with an increase of dead cells of 30 percentage points compared to non-pumped cell so-

lution. The larger metal pump causes less damage. Nevertheless, the influence is signifi-

cant if a rectangular waveform, which is the fluidically most efficient actuation, is used. 

To limit the impact without loss in performance, an adapted actuation is investigated. The 

mixed signal, a rectangular waveform with 60 Hz sinusoidal flanks, shows similar prop-

erties in fluid transport as it achieves the same single stroke volume as the rectangular 

signal. The experimental analysis of the cell transport reveals a lower impact of the mixed 

signal compared to rectangular actuation. The decrease of viable cells compared to the 

non-pumped samples is small and the impact is similar to sinusoidal actuation. The 

adapted actuation signal therefore enables gentler cell transport than rectangular actua-

tion.  

The use of pumps within applications that require the transport of liquids contain-

ing cells, particles, fibres, or other solid substances, can cause severe damage to the mi-

crofluidic actuator. The pump includes narrow flow paths and sensitive structures, such 

as passive valves. To enable reliable transport of, e.g., cell solution, an experimental anal-

ysis of the particle tolerance of the pumps is necessary. To this end, the model of poly-

styrene particles enables a detailed experimental understanding. Optical imaging shows 

deposition in the valve structures, and fluidic as well as electromechanical analysis reveal 

a loss in performance. The impact of particles with a diameter of 16 µm is more severe 

than that of particles with a diameter of 1 µm. Nevertheless, none of the tested pumps 

fails, even though the particle concentration is extremely high. The experimental evalua-

tion reveals the need for geometric improvements, such as the avoidance of 90 ° angles, 

narrow paths and areas of zero flow.  

The developments presented in this thesis address pressing, unsolved challenges 

of biomedical microfluidic applications and provide significant learnings that can be used 

in future to further improve the introduced micropumps. The detailed experimental anal-

ysis proves the benefit of implemented design adjustments and highlights necessary fu-

ture adaptations. This work is therefore a step towards the biomedical application of micro 

diaphragm pumps and advances the development of improved treatment possibilities.  
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Zusammenfassung 

Der Transport von Flüssigkeiten ist eine allgegenwärtige Aufgabe in biomedizi-

nischen Anwendungen. Die Dosierung von Arzneimitteln ist ein geläufiges Beispiel für 

die Notwendigkeit einer präzisen und zuverlässigen Dosierung. Darüber hinaus ist kon-

trollierter Medientransport für verschiedene biomedizinische Anwendungen erforderlich. 

Beispiele sind hydraulische Implantate, Laborgeräte für die Analyse und Automatisierung 

von Versuchen oder sogar das dreidimensionale Bioprinting. Bisher werden für den 

Transport von Fluiden große, teure Pumpen mit vergleichsweise hohem Stromverbrauch 

verwendet und der Mangel an kleinen Pumpensystemen behindert die Entwicklung von 

Handgeräten, vollautomatischen Einmalgeräten, Implantaten oder Patch-Pumpen. Eine 

mögliche Lösung sind Mikropumpen: miniaturisierte, energieeffiziente fluidische Akto-

ren, die den Transport von kleinen Flüssigkeitsmengen ermöglichen. Ein vielverspre-

chender und gut erforschter Mikropumpentyp sind piezoelektrisch betriebene Mikro-

membranpumpen. Diese vereinen viele vorteilhafte Eigenschaften: Sie sind extrem mini-

aturisierbar, energieeffizient, vergleichsweise einfach aufgebaut und ein flexibles Design 

erlaubt eine Anpassung an spezifische fluidmechanische Anforderungen. Daher bieten 

piezoelektrische Mikromembranpumpen ein großes Potenzial für verbesserte biomedizi-

nische Geräte.  

Der Wechsel von einem makroskopischen Pumpensystem zu einer Mikropumpe 

und der beinhaltete Wechsel von fluidischen zu mikrofluidischen Systemen führt zu er-

heblichen Herausforderungen. In dieser Arbeit wird zwischen sicherheitsrelevanten As-

pekten, fluidischen Anforderungen und systemspezifischen Eigenschaften unterschieden. 

Die bisherige Mikropumpenforschung hat raffinierte Lösungen für mikrofluidische Prob-

lemstellungen sowie gut durchdachte Designanpassungen zur Steigerung der fluidischen 

Leistung hervorgebracht. Allerdings gibt es wichtige Anforderungen, die noch nicht un-

tersucht wurden, was den Marktdurchbruch der Technologie behindert.  

Ein wichtiger Aspekt, der bisher kaum untersucht wurde, ist die Präzision sowie 

die Genauigkeit der Dosierung. Oft wird das Einzelhubvolumen einer Pumpe, also das 

Volumen, das mit einer einzigen Schwingung der Antriebsmembran verdrängt wird, als 

erreichbare Auflösungsgrenze angegeben. Es gibt jedoch in der Regel keine Informatio-

nen über die Wiederholbarkeit der Einzelhübe oder ihre Empfindlichkeit gegenüber 

wechselnden Bedingungen, wie wechselnder Gegendruck oder Änderungen der Tempe-

ratur. Die Schwankung des Hubvolumens begrenzt jedoch die Genauigkeit eines Regel-

systems, insbesondere wenn das angestrebte Volumen in der Größenordnung eines Ein-

zelhubs liegt. Folglich sind eine detaillierte Analyse der Dosierpräzision sowie Design-

verbesserungen in Richtung einer wiederholbareren Dosierung erforderlich. Ein weiterer 

Aspekt ist, dass ein Wechsel des Mediums sich erheblich auf die Präzision der Dosierung 

auswirken kann, da die Eigenschaften des Mediums wie Oberflächenwechselwirkung, 

Viskosität oder Oberflächenspannung den mikrofluidischen Flüssigkeitstransport beein-

flussen können. Daher ist es erforderlich, experimentelle Analysen zusätzlich zu den üb-

licherweise verwendeten Ersatzflüssigkeiten, wie demineralisiertes Wasser, mit dem 

Zielmedium der Anwendung durchzuführen.  

Aufgrund der kleinen Geometrien mikrofluidischer Geräte mit einem hohen Ver-

hältnis von Oberfläche zu Volumen, beweglichen Teilen in den Fluidpfaden und emp-

findlichen mechanischen Strukturen wie beispielsweise Federventile, kann die Wechsel-

wirkung zwischen einer Mikropumpe und dem dosierten Medium stärker sein als bei 

makroskopischen Pumpen. So kann beispielsweise eine Proteinagglomeration in einer 

dosierten Medikamentenlösung die therapeutische Wirkung des Medikaments beein-

trächtigen und zu einer allmählichen Verstopfung des Pumpensystems führen. Für einen 
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zuverlässigen Einsatz von mikrofluidischen Aktoren im biomedizinischen Bereich ist da-

her die Untersuchung aller Wechselwirkungen, die die Pumpe schädigen und das dosierte 

Medium beeinflussen können, unerlässlich. 

Neben den oben genannten technologischen Herausforderungen behindern auch 

wirtschaftliche Anforderungen den breiten Einsatz von Mikropumpen in biomedizini-

schen Anwendungen, obwohl sie im Vergleich zu herkömmlichen Pumpen deutliche Vor-

teile bieten. Die Kosten für die Entwicklung, die eingehende Prüfung und den Zulas-

sungsprozess einer neuen Technologie in einem Medizinprodukt, sind hoch. Daher sind 

die Fortschritte in der Medizintechnik langsam und es werden nur inkrementelle Verbes-

serungen auf der Grundlage bereits implementierter Technologien eingeführt. Völlig 

neuen Entwicklungen bleiben dabei aus.  

Ziel dieser Arbeit ist es, die biomedizinische Anwendung piezoelektrischer Mik-

romembranpumpen durch Verbesserung der an der Fraunhofer Einrichtung für Mikrosys-

teme und Festkörpertechnologien (Fraunhofer EMFT) entwickelten Technologie voran-

zutreiben. Die EMFT arbeitet an zwei Pumpentypen: kleine Siliziumpumpen und größere 

Edelstahlpumpen. Beide werden in dieser Arbeit hinsichtlich ihrer fluidischen Eigen-

schaften, der Biokompatibilität des verwendeten Materials und der Wechselwirkung mit 

dem Medium bewertet und optimiert.  

Um eine bessere fluidische Leistung zu erreichen, wird eine Erhöhung der nega-

tiven Ansteuerspannung untersucht. Bei der piezoelektrischen Aktuierung wird die 

Amplitude der negativen Spannung in der Regel begrenzt, um eine Depolarisierung zu 

verhindern. Höhere negative Ansteuerspannungen sind jedoch besonders interessant, da 

sie aufgrund der Nichtlinearität der piezoelektrischen Dehnung zu einer überproportiona-

len Erhöhung des Membranhubs und damit der erreichten Durchflussrate führen. Für Ex-

perimente mit höheren negativen Ansteuerspannungen ist die genaue Kenntnis des Ko-

erzitivfeldes, also des elektrischen Feldes, bei dem die Polarisation ihre Richtung wech-

selt, notwendig. In dieser Arbeit wird das Koerzitivfeld von 1 kV/mm mit einem maßge-

schneiderten Aufbau bestimmt. Durch die Erhöhung der negativen Ansteuerung von 

Stahl- und Siliziummikromembranpumpen von den üblicherweise verwendeten 40 % auf 

90 % des negativen Koerzitivfeldes werden zwei grundlegende Pumpeneigenschaften 

verbessert: die maximale Fördermenge durch eine größere Hubhöhe, sowie der erreich-

bare Luftgegendruck durch das erhöhte Kompressionsverhältnis. Ohne Gegendruck steigt 

die Luftflussrate um 30 %, während bei 30 kPa Gegendruck sogar eine Steigerung um 

160 % erreicht wird. Um eine durch das zusätzliche negative Feld verursachte Ablage-

rung zu erkennen, wird der Hub des Aktuators kontinuierlich über eine Million Zyklen 

überwacht. Selbst bei einer negativen Amplitude von -1 kV/mm ist aufgrund der regel-

mäßigen Repolarisation durch die hohe positive Amplitude von 1,5 kV/mm keine Depo-

larisation sichtbar. Die Ergebnisse zeigen, dass höhere negative Spannungen zur Aktuie-

rung verwendet werden können, was zu einer verbesserten fluidischen Leistung führt. 

Diese Leistungssteigerung wird in einer neuen Siliziummikropumpe zur Medikamenten-

dosierung umgesetzt, die damit die erforderliche Durchflussleistung erreicht.  

Diese angepasste 5×5×0.6 mm³ große Mikropumpe, die in dieser Arbeit vorge-

stellt und hinsichtlich Leistung und Dosiergenauigkeit bewertet wird, soll die Entwick-

lung von miniaturisierten Dosiereinheiten vorantreiben. Die Pumpe erreicht eine Wasser-

durchflussrate von 74 ± 6 µL/min und ist damit für die subkutane Dosierung von Medi-

kamenten geeignet. Ihr Blockierdruck von etwa 51 kPa reicht aus, um zusätzlichen Ge-

gendruck, z. B. durch Verschließen der Injektionsstelle, zu überwinden. Darüber hinaus 

wird die Dosierpräzision mit Wasser und einer Insulinlösung untersucht. Dadurch lassen 

sich Probleme feststellen, die durch den Wechsel der transportierten Flüssigkeit verur-

sacht werden. Die höhere Oberflächenspannung der Insulinlösung führt nämlich zu stabi-

leren Grenzflächen, wodurch sich der Aufwand für den Transport einer Blase durch die 
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Pumpe erhöht. Dieses Ergebnis ist für künftige Verbesserungen von entscheidender Be-

deutung. Dennoch ist die erreichte Präzision im Vergleich zu handelsüblichen Pumpen-

systemen auch mit der Insulinlösung hoch. Die Standardabweichung bleibt selbst bei ext-

rem kleinen Volumenpaketen von 0,5 mg unter den allgemein akzeptierten 5 %, was in 

Zukunft die Dosierung von höher konzentrierten Lösungen ermöglichen kann. Die Er-

gebnisse dieser Studie sind vielversprechend für die Entwicklung miniaturisierter Patch-

Pumpen oder sogar implantierbarer Systeme, die den Komfort für die Patienten erhöhen 

und eine bessere Behandlung ermöglichen.  

Eine implantierbare Anwendung stellt noch höhere Anforderungen an das Mate-

rial als extrakorporale biomedizinische Geräte. So darf das verwendete Material bei-

spielsweise keine Artefakte in der medizinischen Bildgebung, wie beispielsweise bei ei-

ner Kernspin- oder Computertomographie verursachen. Diese Anforderung ist für Silizi-

umpumpen unproblematisch, schränkt aber die Nutzung von Stahlpumpen, die für grö-

ßere Flussraten entwickelten wurden, ein. Daher ist ein Teil dieser Arbeit der Übertragung 

der Pumpentechnologie auf eine Titanplattform gewidmet. Die daraus resultierende neu-

artige Pumpe hat ähnliche fluidische Eigenschaften wie bekannte Stahlpumpen. Sie er-

reicht eine Wasserdurchflussrate von 14,0 ± 2,2 ml/min und einen Blockierdruck von 

75 kPa, was für Medizinprodukte wie hydraulische Implantate geeignet ist. Die neue 

Pumpe ist Teil einer titanbasierten mikrofluidischen Technologieplattform, die zusätzlich 

zwei aktive Ventile enthält. Diese Plattform ermöglicht die flexible Entwicklung mehre-

rer mikrofluidischer biomedizinischer Geräte und verteilt damit den anfänglichen Auf-

wand zur Einführung einer neuen Technologie auf mehrere parallele Entwicklungen. So-

mit kann die Plattform dazu beitragen, die Industrialisierung von Mikromembranpumpen 

für biomedizinische Anwendungen voranzutreiben.  

Die flexible Anwendbarkeit der Titantechnologieplattform ermöglicht neben im-

plantierbaren Geräten auch die Entwicklung von biomedizinischen Geräten, wie bei-

spielsweise Analysesysteme, automatisierte Zellkultur oder dreidimensionales Bioprin-

ting. Für den Einsatz in diesem Bereich sollte der Einfluss der Pumpe auf das transpor-

tierte Medium minimal sein. Daher wird in dieser Arbeit der Einfluss des Transports mit 

Mikromembranpumpen auf Zellen in Lösung untersucht. Vorläufige Experimente zeigen 

einen signifikanten Einfluss der kleinen Siliziumpumpe mit einem Anstieg des Anteils an 

toten Zellen um 30 Prozentpunkte im Vergleich zur nicht gepumpten Zelllösung. Die 

größere Metallpumpe verursacht weniger Schäden. Dennoch ist der Schaden signifikant, 

wenn eine rechteckige Wellenform, die fluidisch effizienteste Aktuierung, verwendet 

wird. Um die Auswirkungen zu begrenzen, ohne an Leistung zu verlieren, wird eine an-

gepasste Ansteuerung untersucht. Das gemischte Signal, eine rechteckige Wellenform 

mit sinusförmigen 60-Hz-Flanken, zeigt ähnliche Eigenschaften beim Flüssigkeitstrans-

port wie das Rechtecksignal, da das gleiche Einzelhubvolumen erreicht wird. Die experi-

mentelle Analyse des Zelltransports zeigt eine geringere Auswirkung des gemischten Sig-

nals im Vergleich zur rechteckigen Schwingung. Der Rückgang der lebensfähigen Zellen 

im Vergleich zu den nicht gepumpten Proben ist gering und die Auswirkungen sind ähn-

lich wie bei sinusförmiger Ansteuerung. Das angepasste Ansteuersignal ermöglicht daher 

einen sanfteren Zelltransport als die rechteckige Ansteuerung.  

Der Einsatz von Pumpen in Anwendungen, die den Transport von Flüssigkeiten 

mit Zellen, Partikeln, Fasern oder anderen festen Stoffen erfordern, kann zu schweren 

Schäden am mikrofluidischen Aktor führen. Die Pumpe enthält enge Fluidpfade und emp-

findliche Strukturen, wie passive Ventile. Um einen zuverlässigen Transport beispiels-

weise von Zelllösungen zu ermöglichen, ist eine experimentelle Analyse der Partikelto-

leranz der Pumpen notwendig. Ein Experimentelles Modell mit Polystyrolpartikeln er-

möglicht ein detailliertes Verständnis. Die optische Analyse zeigt Ablagerungen in den 

Ventilstrukturen, und sowohl die fluidische als auch die elektromechanische Evaluierung 
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weisen auf einen Leistungsverlust hin. Die Auswirkungen von Partikeln mit einem 

Durchmesser von 16 µm sind gravierender als die von Partikeln mit einem Durchmesser 

von 1 µm. Dennoch fällt keine der getesteten Pumpen aus, obwohl die Partikelkonzent-

ration extrem hoch ist. Die experimentelle Auswertung zeigt die Notwendigkeit geomet-

rischer Verbesserungen, wie die Vermeidung von 90 °-Winkeln, engen Pfaden und strö-

mungsfreien Bereichen.  

Die in dieser Arbeit vorgestellten Entwicklungen adressieren drängende, unge-

löste Herausforderungen biomedizinischer mikrofluidischer Anwendungen und liefern 

wichtige Erkenntnisse, die in Zukunft eine weitere Verbesserung der vorgestellten Mik-

ropumpen ermöglichen. Die detaillierte experimentelle Analyse beweist den Nutzen der 

implementierten Designanpassungen und zeigt notwendige zukünftige Anpassungen auf. 

Diese Arbeit ist daher ein Schritt in Richtung der biomedizinischen Anwendung von Mik-

romembranpumpen und treibt die Entwicklung verbesserter Behandlungsmöglichkeiten 

voran.  
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 Introduction  

adapted from a review article by Bußmann, Agnes; Grünerbel, Lorenz; Durasiewicz, 

Claudia; Thalhofer, Thomas; Wille, Axel; and Richter, Martin 

Elsevier, Sensors and Actuators A: Physical, Volume 330, 2021, 112820 
 

The precise dosage of liquid is crucial in many biomedical tasks. Often small vol-

umes need to be transported, such as for sample transport in analysis systems, or medical 

devices for drug delivery, microfluidic systems to move body fluids, and hydraulic im-

plants [1–3]. An automated fluid transport is advantageous, especially if slow, regular, or 

constant delivery is required, which can potentially be achieved with microfluidic actua-

tors.  

A prominent drug dosing application is the insulin therapy that patients suffering 

from diabetes require to manage their blood sugar carefully [4]. Research shows that con-

tinuous subcutaneous insulin injection with pump systems improves the patients’ health 

compared to multiple daily injections, e.g., with pen injectors [5, 6]. To further ameliorate 

the treatment, patch pumps were developed [3]. They aim to increase the patients’ com-

pliance and reduce the need for disconnection, enabling a constant insulin supply, which 

promotes the therapeutic success. Additionally, a patch pump can limit the large devia-

tions in delivered insulin that the vertical position of the infusion set in relation to the 

pump can cause due to hydrostatic pressure differences [7]. However, existing products 

are still large enough to be noticeable and some studies claim less accuracy for certain 

patch systems compared to durable pumps [8–10]. Similar to insulin therapy, medical 

research on cancer treatment shows that continuous drug delivery to specific tissue can 

achieve therapeutic effects while limiting side effects [11–13] by minimizing exposure to 

toxic drug levels [14]. Furthermore, adapting the treatment to the circadian rhythm can 

be beneficial [11, 12]. It is obvious, that precise, automated, and reliable dosing with a 

small system would improve patients’ care tremendously and enable the use of adapted 

medication, such as higher concentrated doses.  

In addition to drug delivery, the fluidic actuation of medical implants is a chal-

lenging medical task. In the united states, more than 15 % of men and 53 % of women 

aged over 20 suffers from urinary incontinence [15] and severe cases have to be treated 

with artificial sphincter implants. However, within the last decades, innovation in this 

field was scares. State of the art are manually operated systems that are mostly used for 

the treatment of men, since the pump system is difficult to implant in women [16]. The 

pressure is set by the physician and cannot be adapt according to the patient’s activity. 

The resulting high stress on the tissue can cause damage and require follow-up operations. 

An automated dosing unit would be a major invention to improve patients’ comfort, 

though requires high pressure, flow and low leakage combined in an energy-efficient, 

small and reliable device.  

Microdosing is also of high importance when it comes to animal treatment or test-

ing. Medical studies on test animals are a crucial part of pharmaceutical research [17]. 

However, especially in the case of small test animals (e.g., rodents), extremely small vol-

umes must be dosed. Furthermore, dosing units fixed to or implanted in the animal should 
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not be of excessive size or weight to minimize animal strain. Even though there are sev-

eral solutions on the market [18–20], improvement towards smaller systems or more flex-

ible administration is required  

The introduced applications are diverse, though share the need for small, precise, 

energy-efficient, and reliable dosing units, which makes biomedical technology a focus 

of microdosing research [21, 22]. Already early publications on micropumps aim to im-

prove drug delivery using those devices [23–26]. Within the last 45 years, work on mi-

crofluidic actuators continued and a variety of driving technologies has been developed. 

Many different microactuation principles have been investigated to create even smaller 

and more efficient microfluidic pumps [21, 22, 27–30].  

Considering the great opportunities leading to a vast amount of research, the num-

ber of inventions, and especially the evident improvement of treatment, the question 

arises why microfluidic actuation is not yet common in medical products. There are only 

few commercially available microdosing units in analysis systems, human treatment, or 

for animal testing purposes. Other products are planned for market launch soon. Though, 

for many promising techniques, industrialization is still pending and progress towards 

products appears slow.  

To enable a better understanding of the limited usage and slow industrialization, 

the specific challenges of biomedical microdosing are analysed. Furthermore, this work 

gives an overview of approaches within various types of microactuators to meet these 

very specific requirements. The status of development and general applicability of a mi-

crofluidic actuation technology in medical application is assessed. Based on this exten-

sive literature work, unsolved requirements and need for technological improvement are 

identified.   

1.1. Challenges and Requirements for Biomedical Microfluidic Application 

Microdosing systems, e.g., based on micro electro mechanical system (MEMS) 

pump technologies, enable the delivery of smaller volumes and minimized size and 

weight of the system compared to current large-scale products. However, the small di-

mensions implicate several fields of challenges. Environmental conditions, such as vari-

ations in backpressure or temperature, have an impact on the pump and its microactuator. 

Due to smaller dimensions, surface scaled disturbances like the damping effect of bub-

bles, capillary forces, or particles become more influential compared to the volume scaled 

forces that drive the pump. Additionally, the space to include safety measures is limited. 

Despite all additional disturbances, microscale systems need to meet all current require-

ments for medical products, such as biocompatibility, flow accuracy, or lifetime [31]. 

Table 1.1 summarizes important requirements, divided in safety aspects, flow aspects of 

microdosing, and application specific requirements. 

Table 1.1 Overview of requirements for pumps in biomedical applications 

Requirements  General Requirements  Microdosing Specific Challenges  

Safety Aspects 

Freeflow Stop  Uncontrolled flow caused by an 

overpressure at the reservoir 

can have severe consequences 

for the patient. In larger scale 

Many microdevices show freeflow 

(e.g., micro diaphragm pumps). An 

integrated freeflow stop needs to ful-

fil size and weight constraints while 
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products, the freeflow preven-

tion can be implemented more 

easily.  

functioning over a large pressure 

range.  

Backflow: Leakage 

and Diffusion 

Backflow, caused by diffusion 

or backpressure leading to leak-

age, can lead to clogging of in-

jection sites, damage of the 

pump, pressure loss or dosing 

inaccuracy.  

Leak tight valves are challenging due 

to geometric limitations.  

Bubble Tolerance 

  

Small bubbles can always oc-

cur in dosed liquids and the 

dosing unit needs to be capable 

of transporting them without 

failure.  

Due to increased capillary forces and 

the dampening effect of air, depend-

ing on the actuation mechanism, bub-

bles can lead to failure of micropumps 

[32].  

Interaction with 

Medium / Clogging 

Dosing units must not influence 

the dosed medium or occlude 

during long use periods. Aggre-

gation during storage or use is 

unacceptable.  

Small channels with high surface to 

volume ratio and sharp edges are 

likely to influence the dosed medium 

and can promote obstruction. 

Particles or agglomeration can impair 

dosing of micropumps. 

Safety Measures  Medical applications require a 

high level of safety. Therefore, 

products usually include safety 

measures such as pressure and 

temperature sensors for failure 

detection.  

The same need for failure detection 

applies. However, integration into the 

dosing unit can be challenging for the 

lack of space.  

Failure modes can differ largely de-

pending on the actuation and there-

fore development of individual safety 

measures is necessary.  

Flow Requirements in Microdosing  

Flow Range  The required flow range de-

pends strongly on the applica-

tion.  

Some applications, such as drug de-

livery, can require extremely small 

flow rates. Examples are the use of 

highly concentrated drugs, or animal 

trials with small rodents.  

Dosing Accuracy 

and Precision 

Requirements are not uniform. 

An example is diabetes ther-

apy, where most insulin pump 

suppliers judge ±5% deviation 

acceptable [33]. 

Even if the dosed volume is small, 

percentage deviation should not in-

crease. Hence, accurate measurement 

and control systems are required.  

Dosing Stability  Changing environmental con-

ditions should not influence the 

dosing accuracy significantly 

to allow for safe use at all 

times. 

Depending on the actuation type, dif-

ferent surrounding conditions, such as 

backpressure and temperature, poten-

tially have a large influence on the mi-

crodosing unit. 

Dosing Flexibility  In many applications there is a 

need to adapt the flow rate to 

the patients’ need (e.g., bolus 

and basal rate). 

Depending on the actuation method, 

the range of applicable flow rates can 

be limited.  
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System-Specific Requirements  

Size and Weight  Limits for size and weight vary 

strongly with the application.  

The miniaturization of the fluidic ac-

tuation unit offers the possibility to 

develop microsystems for size and 

weight critical applications such as 

implants, patch pumps, or dosing 

units for animal trials. However, even 

with miniaturized actuation, limita-

tions can stay challenging.  

Power Consump-

tion 

Depending on the application, 

power supply via a battery over 

a long period can be necessary.  

Especially for implantable applica-

tions with limited energy supply, low 

power consumption or wireless sup-

ply are necessary, limiting the choice 

in actuation methods.  

Lifetime Lifetime requirements can vary 

from some minutes to many 

years.  

There is less knowledge about the 

lifetime of microdosing systems com-

pared to current macroscopic actua-

tors. 

Cost Cost is especially critical for 

disposable products. For many 

dosing units, such as durable 

pumps, the actuation mecha-

nism is reusable.  

The microdosing device is often in di-

rect contact with the dosed fluid, lim-

iting it to mostly disposable or partly 

disposable use. Cost is therefore a key 

factor for industrialization.  

Production  Reliable and cost-efficient pro-

cesses are important to be com-

petitive.  

For microsystems, production 

strongly depends on the pump type, 

e.g., MEMS processes or extreme 

miniaturization of macroscopic me-

chanical production processes.  

 

As safety relevant aspects we describe basic requirements that a pump has to 

fulfil to guarantee safe use for the patient. For clearer presentation and due to their key 

function, flow requirements, such as precision and accuracy, are discussed separately, 

even though they are highly relevant for a safe use. 

The prevention of so called “freeflow” constitutes a basic safety measure within 

microfluidic actuation. For many pumps, an overpressure at the inlet (e.g., hydrostatic 

pressure or compression of a reservoir) can cause an uncontrolled fluid flow. To prevent 

freeflow can be specifically challenging, since countermeasures have to function at both 

low and high overpressure at the inlet [34, 35]. Contrary to macroscopic devices with 

enough space for additional valves, integration can be complex and innovative solutions 

with minimal space requirements are needed.  

Not only fluid movement in flow direction caused by an overpressure at the inlet 

is problematic, but also backflow and leakage, especially while the pump is turned off. 

Often the required flow is not constant and sometimes the pump is turned off. If the outlet 

pressure exceeds the reservoir pressure, such as in hydraulic implants or in the case of 

drug delivery as safety measure, fluid can be pushed back and cause problems. For in-

stance, if body fluid flows into the injection set, it impairs the drug delivery and can cause 

clogging. Therefore, as little leakage as possible is an important property of a microfluidic 
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dosing unit. Similar to freeflow, leakage is strongly pressure dependent. Especially for 

passive flap vales, which usually show an initial gap [29], low pressure can cause higher 

leakage than higher backpressure that pushes the valves towards their valve seat. For en-

ergy-efficiency and safety, a normally closed or self-blocking setup (a pump that blocks 

the fluid path when turned off), can be beneficial. In addition to leakage, diffusion can 

cause unwanted drug release or movement of body fluid towards the reservoir.  

To deliver the required flow securely, a dosing unit in medical applications has to 

be able to overcome a certain pressure level. For instance, drug delivery requires the pump 

to build up more pressure than the physiologic backpressure of the target tissue. This 

pressure is in the range of some hundred Pa to some tens kPa [36]. However, several 

additional effects add up to the real backpressure Δp the pump has to overcome: hydraulic 

pressure caused by height differences, fluidic resistance of channels, enlarged fluidic re-

sistance due to clogging as well as capillary forces of small bubbles in the dosed liquid. 

For instance, the combination of a pump with microneedles for transdermal delivery re-

quires high backpressure capacity of the pump due to the small channels [37]. For hy-

draulic implants, pressure levels can be even higher with some implants requiring more 

than 100 kPa [38].  

Together with delivered medium, small bubbles get transported into the micro-

pump. Those bubbles can be caused by incomplete priming of the reservoir, accumulation 

in corners, transmission through gas transparent tubing/bags, increase of environmental 

temperature or pressure differences causing degassing of saturated media, or accidental 

injection during a reservoir refill [39–41]. In some pumps, gas bubbles can be caused by 

cavitation, a condition where the fluid inside the pump chamber degasses or evaporates 

due to negative pressure during the pump supply mode [42]. Air is compressible and acts 

as a fluidic capacitance, effectively creating a fluidic low pass filter and dampening high 

frequency pressure pulses. Furthermore, surface tension becomes relevant in small di-

mensions. Bubbles therefore cause capillary pressure and possibly accumulate and block 

channels [43, 44], as they enter narrow structures such as check valves or filter pores.  

Since it is impossible to consequently avoid bubbles, the dosing unit has to be 

bubble-tolerant, even with applied backpressure. Many microfluidic actuators do not ful-

fil this criterion. All micropumps that exploit a fluid property for the actuation, such as 

osmotic pumps, electro-hydrodynamic pumps or magneto-hydrodynamic pumps, fail if a 

sufficiently large bubble enters the actuation chamber, as the fluid (that is needed for 

actuation) is replaced by air. These actuation mechanisms are therefore not discussed in 

this work, even though these pumps can be used successfully, when they are primed care-

fully and protected against bubbles during their life cycle. 

Another relevant issue, especially for drug delivery or analysis systems, is the in-

teraction of the pump with the transported media. In microfluidic systems, the pumped 

fluid often moves through the pump itself. While shear forces alone are shown to be less 

problematic [45], the combination of shear forces in small fluidic channels with surface 

interaction can cause protein denaturation [46]. Many studies show aggregation caused 

by solid/liquid interfaces and evaluate the influence of material as well as topography 

[47–49]. Additionally, a gas/liquid interface due to bubbles or cavitation can cause dam-

age to proteins [50, 51]. A more severe interaction than seen in large scale dosing units is 

imaginable due to a large surface to volume ratio. Small and sometimes sharp moving 

parts, such as flap valves or microgears, are in contact with the medium and can cause 
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additional damage. The interaction of drug with the microdosing unit can impair the ther-

apeutic effect [48]. However, damage on the pump caused by the dosed medium is also 

imaginable. Protein denaturation can cause adhesion of small agglomerates within the 

fluidic path that lead to a partial or total occlusion. Additionally, it is possible, that the 

transported liquid is impure and contains particles, or even cells and debris. For a reliable 

use in automated cell culture or miniaturized analysis systems, the particle tolerance of 

the pump is thus highly relevant. Nevertheless, up to date, scarce information is available 

on pump-medium interaction.  

Even devices offering robust dosing stability in most environmental conditions 

can fail, which makes error detection indispensable. This is eminently important when 

the pump is used within a high-risk medical product, e.g., insulin patch pump. It is ad-

vantageous if failure detection can be included directly into, or closely to the micropump, 

since additional sensors to fulfil this task need additional space and production effort – 

decreasing the advantages of microdosing. Some examples of possible failure detection 

are discussed in Chapter 1.3.1. 

Flow requirements in microdosing include, in addition to an adapted range of 

flow rates, dosing flexibility, dosing accuracy, dosing precision and dosing stability. Mal-

functioning can have severe consequences and can even cause a patient’s death [52], mak-

ing the flow requirements a key specification in biomedical application.  

Dosing flexibility is the ability to adapt the flow to what is needed, e.g., for the 

actuation of hydraulic implants, or for basal and bolus delivery. Commonly, the dosing 

unit needs to be capable of delivering fluids with variable flow rates and the possibility 

to program the flow is required.  

Dosing accuracy describes how close the mean dosed volume is to the target vol-

ume. Large deviations between several dosing steps can still lead to accurate dosing, if 

the mean corresponds to the target flow. Dosing precision describes high repeatability 

and therefore only minimal deviations between several dosing steps. At high precision, 

the mean dosed volume can differ from the target volume. Biomedical application often 

requires both accurate and precise, to guarantee reliable use.  

Dosing stability addresses how the mean flow rate and the standard deviation 

change with environmental parameters, such as temperature, backpressure, or humidity. 

For example, a highly variable backpressure, as can be caused by occlusion, or by chang-

ing environmental parameters, can distort the total dosed volume. In addition to the de-

scribed need for a sufficiently high blockingpressure, a pressure independent dosing 

within the normal limits of application is highly favourable. Similar accounts for the tem-

perature: expected deviations in surrounding temperature should not lead to a large devi-

ation in flow creating the need for temperature independent microfluidic actuation. It is 

thus crucial to know and maybe observe occurring environmental conditions and adapt 

the microdosing unit to this range in a way that the needed flow accuracy and precision 

is assured at all times.  

Based on the exact application, there are many more, system-specific require-

ments, a dosing unit has to meet. Those depend strongly on the use case, the exact setup, 

as well as the environment in which the micropump is used.  

Microdosing units are often single use products, thus cost is critical. Obviously, 

each specific application as well as different countries and health care systems imply dif-

ferent cost limitations. However, estimated production costs give an interesting insight to 

the feasibility of a technology within a product. For larger scale devices it is a common 

approach to reuse the driving unit. In microdosing units, the transported medium often 



 

1.   Introduction 

7 

passes through the pump itself, which makes a safe reuse of the actuator challenging. 

Since cost considerations are complex and only a distinct improvement justifies a large 

increase in cost, it is crucial to consider inexpensive production [53].  

There are various production processes used for micropumps. Some pumps are 

based on standard MEMS processes with low costs for high production volumes [54]. 

Those processes allow for precise and repeatable production of small geometries and min-

imize sample to sample variation. Production is cost efficient for high numbers; however, 

industrialization and the production of small numbers generate high initial costs. Further-

more, the choice in materials is limited, restricting considerations of surface interactions, 

biocompatibility, or hermetic sealing slightly [55]. Other pump types scale down known 

macroscopic actuation mechanisms to the microscopic world and require cost and effort 

during production. Small mechanical parts, such as microgears, have to be produced with 

extremely low tolerances coming down to the order of magnitude of surface rough-

ness [56]. Without utmost precision, assembly of the parts can be challenging and smooth 

sliding is not guaranteed.  

The required lifetime of a micropump also strongly depends on the use case. While 

an implant can be used for extremely long periods, a disposable for short time use does 

not require long lifetime. This topic has to be addressed for each pump type individually, 

as each actuation method and pump geometry poses different challenges. In miniaturized 

systems, small scale of moving parts can cause problematic wear with a larger impact on 

the functionality [56], e.g., the abrasion caused on gears in a microgear pump. For micro 

diaphragm pumps, the lifetime of the actuator, the pump diaphragm as well as the adhe-

sive connection of both components need to be considered in addition to the fluidic path.  

Even though microfluidics imply small actuation principles, size remains a great 

issue for many systems, since space or weight can be extremely limited. A field with 

challenging weight and size restrictions is the pharmaceutic testing on small rodents. Not 

only for animal welfare, but also to minimize the influence on test results, is it crucial to 

have a precise, reliable dosing unit that limits animal strain [57]. Especially the weight of 

the device should be limited to prevent avoidable suffering. In the case of mice, the whole 

dosing system including electric power supply and a drug reservoir can only weigh some 

grams.  

Size and weight restrictions demand for energy-efficient dosing units. Especially 

with implants designed for long term use, the units’ power supply is often limited to a 

battery. To develop small systems, the energy consumption needs to be as little as possible 

in order to be provided by a small battery for the time of implantation or between re-

charge. Not only the energy source, but also the driving electronics need to be optimized 

in size, signal accuracy, and energy consumption. It is evident that the accuracy of the 

electronic signal has to be higher than the desired dosing accuracy not to impair the pump 

performance. 

1.2. Experimental Evaluation of Microfluidic Dosing Accuracy 

To compare various microfluidic dosing systems, a standardized evaluation is nec-

essary. Currently, experimental methods differ for independent research works, which 

impacts the flow results. Differences in the measuring method, as well as fluidic sur-

roundings, e.g., tubing length and diameter, or the fluidic resistance of sensors, can sig-

nificantly change performance parameters such as maximal pressure built up or maximal 
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flow rate. Especially for extremely small flow rates, it is delicate to avoid a strong impact 

of the experimental setup. When comparing different micropump solutions, it is important 

to keep the difference in experimental evaluation in mind.  

There is no test norm that describes the evaluation of microfluidic actuators. How-

ever, in the case of drug delivery, micropump based dosing units have to be tested fol-

lowing the international standard procedure: The norm IEC 60601-2-24 [58] describes 

the assessment of dosing accuracy as well as obstruction detection of commercially avail-

able infusion systems in vitro and also accounts for patch pumps. It proposes a gravimet-

ric measurement and results are to be presented in a trumpet curve. Pleus et al. [59] point 

out that a trumpet curve is easily misunderstood, since contrary to intuitive interpretation, 

it does not show an evolution over time. Furthermore, only extreme values are displayed, 

which might not be representative for average flow variations. In addition, the long run-

in period indicated in the norm (time to half empty the reservoir, though 24 h at the most) 

does not reflect the clinical application, where dosing accuracy matters from the start of 

the pump on [33, 59]. And indeed, diabetes patients sometimes report variations in their 

glycaemic control connected to the change of their pump [60].  

In the case of insulin dosing, a lot of research has been conducted towards com-

parable dosing investigations, which offers a general insight to the evaluation of dosing 

accuracy of small amounts. Many studies evaluate the average deviation within a given 

observation window or the percentage of single doses within a specific range of accuracy 

in addition to or instead of the trumpet curve [8, 10, 33, 60–62]. For gravimetric methods, 

the influence of evaporation and condensation needs to be minimized either by covering 

the surface in the reservoir with oil [9, 33, 61] or by installing an evaporation trap [63]. 

To avoid any influence of hydrostatic pressure, the meniscus of liquid in the reservoir and 

the pump’s outlet need to be levelled [33]. Further, the drift before and after dosing steps 

has to be measured to consider drift corrected data. Additionally, the capillary immersed 

to the reservoir on the balance causes inaccuracy. Changing volume in the reservoir 

evokes a linear change in mass caused by Archimedes force [63]. With a large enough 

reservoir and small tubing, this effect can be minimized. Capillary effects around the nee-

dle show to have a significant influence [63], since the microscopic roughness of the tub-

ing changes the vertical surface forces when the meniscus is rising or falling. The effect 

of capillary effects can be minimized by using extremely smooth glass capillaries and 

reduce the surface tension of the dosed liquid by adding surfactant in the reservoir [63].  

Another method to evaluate small delivery volumes is the optical observation of 

a meniscus in a precise measuring pipette [62]. With this method, it is crucial to have a 

tight connection between the pump and the pipette to avoid air bubbles and volume losses. 

Because of the limited size and resolution of the pipettes, the dosed volume can only be 

evaluated in certain ranges and it might be necessary to calculate the mean and standard 

deviation of single doses by repetitive measurements of several doses [62].  

Exact environmental temperature and its influence on dosing accuracy is often not 

tracked in micropump studies and authors commonly only state laboratory condition 

within a certain range. Though, for microdevices, temperature can have a crucial influ-

ence by changing the viscosity of the pumped medium, or the pump chamber height and 

actuator displacement in the case of diaphragm pumps. Controlled temperature would 

therefore be an important addition to above methods.  

To assess and compare the bubble tolerance of micropumps requires equal test 

conditions for each experiment. Bubbles need to be of similar and especially known size. 

A possible experimental setup is to fill the pump with water and then inject a defined 
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amount of air, e.g., with a syringe pump. Alternate pulling of air and water accumulates 

a desired number and size of bubbles in the inlet tubing [64]. This setup allows to test 

bubble tolerance and detect the air volume a pump cannot transport anymore. It is im-

portant to note that data points can scatter broadly, since the exact position of a bubble in 

the chamber influences the forces needed to move it. 

Accurate flow measurement is difficult even within a laboratory environment. The 

additional miniaturization necessary for the integration into a microdevice poses a large 

challenge. However, closed loop control systems can require such accurate flow meas-

urements. Two types of in-line sensors that can be miniaturized are calorimetric sensors 

and differential pressure sensors. Jenke et al. [65] describe the difficulty of measuring the 

pulsed flow of a micro diaphragm pump. Within their setup the authors reach an accuracy 

of 5% with the differential pressure element and 6.5% with calorimetric measure-

ments [65].  

1.3. State of the Art of Microfluidic Actuators  

Many possibilities to categorize the various driving principles exist, however “me-

chanical” and “non-mechanical” emerged as a very common classification [21, 22, 28, 

29, 66, 67]. Figure 1.1 gives an overview of common mechanical types of microfluidic 

actuators that this overview focuses on, since non-mechanical systems are often not bub-

ble-tolerant or do not offer the possibility of continuous, adjustable dosing.  

A widespread approach to dose small amounts of fluids are reciprocating micro 

diaphragm pumps (Figure 1.1 A-G). Dosing bases on a diaphragm that is moved ac-

tively up and down. This increase and decrease of the chamber volume and the resulting 

pressure gradient lead, in combination with mechanical or non-mechanical flow rectifiers, 

to directed flow. The former may be active or passive valves, e.g., flap valves, whilst the 

latter are commonly diffuser/nozzle setups. When neglecting flow influencing effects 

such as liquid damping effects or bubbles, the moved volume is proportional to the num-

bers of strokes conducted [68, 69]. This allows for adjustable flow and precise dosing. 

The maximal achievable resolution is the volume of the smallest possible stroke. The 

stroke volume can be minimized by variations of the actuation signal, though has a lower 

limit that is determined by many parameters, such as the opening pressure of the valves, 

the signal form, and the minimal achievable diaphragm displacement. The pumping 

mechanism applied by diaphragm pumps inevitably causes pulsatile flow, since the suc-

tion and pumping phases are consecutive. Smoothing elements such as fluidic capaci-

tances can average the flow and reduce pressure peaks.  

A major asset of diaphragm pumps is the possibility for extreme miniaturization. For ex-

ample the so far smallest piezoelectric pump with only 3.5×3.5×0.6 mm³ is manufactured 

using MEMS processes [70]. The combination of such large volume production processes 

and the comparatively easy setup that often includes only a few layers, suggests econom-

ical production.  

Diaphragm pumps can work with a single chamber as well as with several cham-

bers in series making peristaltic, and therefore bidirectional actuation possible. There are 

various types of diaphragm actuation: 

The most common actuation is the indirect piezoelectric effect, causing a piezoe-

lectric ceramic to contract and expand when an altering electric field is applied [71]. A 

diaphragm with glued on piezoelectric actuator therefore bends up- and downwards under 

an altering voltage [72]. The popularity of this actuation bases on its easy use, its high 
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attained forces as well as its energy-efficiency [73]. Piezoelectric actuation allows for 

high actuation frequencies [73] and precise control. However, the achievable stroke is 

limited and requires high voltages of often several hundred Volts [74–76].  

 

 
Figure 1.1 Overview of mechanical pump systems. A to G: In the case of micro diaphragm pumps, a peri-

odic movement of the diaphragm increases and decreases the volume in the pump chamber and leads in 

combination with flow restricting elements to directed fluid transport. Common actuation principles base 

on electromagnetic forces (A), electrostatic forces (B), thermal volume expansion (C) or the volume in-

crease of a material due to phase change (D), the conformational change of electroactive polymers (E), the 

indirect piezoelectric effect (F) and the thermal shape memory effect (G). H: Exemplary depiction of a 

rotary micropump that transports fluid due to a turning motion of its actuated part (green). In this example 

directed flow is achieved with a flexible soft sealing preventing backwards transport (yellow). I: Peristaltic 

micropumps actuated with a magnetic shape memory alloy transport liquid via local deformation due to 

changing magnetic fields.  

The first micropump based thermal shape memory alloy actuation was developed 

by Benard et al. [77, 78] in 1997/1998. Thermal shape memory materials recover their 
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original shape upon heating [79] and can therefore be used to oscillate a diaphragm. Ma-

terials show either a two way or a one way shape memory behaviour and both are used 

for micropump actuation [80]. The two-way shape memory effect describes a transfor-

mation between two different states, while the one-way material only shows the return to 

its engraved state when heated but no shape change upon cooling. Hence, the one way 

effect requires a restoring force to push the actuator back to its zero position after defor-

mation [77, 78]. The technology is known for its high achievable displacement as well as 

low operating voltages; drawbacks are low operating frequencies, a limited control of the 

exact deformation, and a high power consumption [73].  

For electromagnetic actuation, a magnet fixed to the diaphragm, e.g., a permanent 

magnet, is actuated by an alternating magnetic field. This field is induced by an oscillating 

electrical current through a coil (power inductor) situated in proximity to the diaphragm, 

which leads to alternating magnetic attraction and repulsion of the permanent mag-

net [81]. Electromagnetic actuation enables energy-efficient fluid transport with some 

pumps using only 1.2 kJ/L when pumping water without backpressure [82]. However, 

actuation requires high current as well as high magnetic fields.  

The diaphragm can also be actuated via electrostatic forces. Two electrodes, one 

on a diaphragm and one on a fixed counterpart, are drawn together when a voltage is 

applied and the diaphragm returns to its original position by mechanical counterforces 

when the voltage is removed [83]. Depending on the direction of mechanical movement 

compared to the electric field, we distinguish lateral and normal actuation. The first pump 

with normal actuation was presented by Zengerle et al. [83] in 1992. The first lateral 

actuation was presented more than 25 years later by Uhlig et al. [84]. Manufacturing often 

uses standard MEMS processes without additional steps such as gluing [83]. Further min-

iaturization, which is limited for other actuation mechanisms by the minimal size of their 

actuators, appears possible. 

Progress in materials research enabled another type of actuator: electro active pol-

ymer (EAP) actuation for micropumps was first mentioned in the early 2000s [85]. Actu-

ation bases on the change in size or shape of certain polymers caused by an electric stim-

ulus with a high elastic energy density [86]. The electric actuation mechanism allows to 

differentiate two major groups of EAPs: ionic and field-activated materials. Ionic elec-

troactive polymers (iEAP) base on diffusion of ions. When applying an electric field, ions 

that are normally well distributed are pulled to one of the electrodes, also carrying the 

solvent present in the material. The latter causes deformation of the polymer membrane 

and therefore transforms electrical into mechanical energy [87]. Specific types of iEAPs 

are ionic polymer-metal composite (IPMC) and conjugated polymers (CPs). CPs consist 

of a semiconducting polymer doped with donor or acceptor ions [87]. The most common 

materials today are polypyrrole (PPy) and polyaniline (PANI) [88]. Advantages are a 

large bending displacement at low actuation voltages of only few volts, easy and low cost 

production, and the possibility of bidirectional actuator movement [89]. A disadvantage 

is the relatively slow response (fraction of a second) due to slow ion drift [89]. Using an 

electrolyte also leads to some difficulties, such as electrolysis or production of a con-

sistent material. The electrolyte must be in wet environment, only few self-encapsulating 

implementations are known [89]. 

The second category of EAPs are field-activated ones. We distinguish ferroelec-

tric polymers that react due to intrinsic field-induced molecular conformational changes 

to the elastomer, and dielectric elastomers mainly responding to extrinsic electronic 
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charge attraction-repulsion at the surface electrodes [89]. The latter are basically capaci-

tors that change their capacitance due to an applied electric field, essentially squeezing 

the polymer in thickness and hence expanding it laterally. Both mechanisms are inherent 

to all field-activated polymers, however usually one is clearly dominant. Advantages of 

field-activated EAPs are rapid response times (milliseconds), high durability, and a high 

mechanical energy density [89]. Under constant electric fields, the material holds the 

strain without need for power. A large disadvantage is the high necessary driving voltage 

with electric fields of dozens of V/µm, which is close to material breakdown [89]. Fur-

thermore, only monopolar actuation is possible due to electrostriction [89].  

Another researched actuation mechanism is thermal actuation including thermo-

pneumatic systems and phase change actuation. Thermo-pneumatic actuation bases on 

the expansion of volume due to heating, which pressurizes the diaphragm and deflects 

it [90]. Phase change micropumps use the volume expansion certain materials undergo 

during a phase change to move the diaphragm [91]. Thermal actuation enables large 

forces and hence high backpressure capability of the actuator. The actuation voltage is 

low in the range of some volts to some tens volts [92, 93]. However, the energy consump-

tion to heat and cool the actuator is high leading to smaller efficiency compared to other 

driving mechanisms [94]. The example of Bodén et al. [91] shows a power consumption 

of approximately 400 mW resulting in roughly 90 kJ/L for transport without backpressure 

(compared to 1.2 kJ/L for electromagnetic pumps and less than 1 kJ/L for some piezoe-

lectric pumps). The actuation frequency is often limited by the cooling cycle and restricts 

the achievable flow. A common actuator material is paraffin due to its large volume 

change, high pressure capability, adjustable melting temperature as well as low cost [91, 

94].  

Peristaltic actuation, which is for most actuation methods realized using several 

bending actuators, can also be achieved with magnetic shape memory (MSM) actua-

tion [95] that was so far demonstrated by two research groups. The setup and functionality 

of MSM pumps differ from diaphragm pumps (Figure 1.1 J). The pump chamber with a 

high aspect ratio comprises an in- and outlet on the far ends and is covered by a MSM 

layer that is locally deformed by a strong magnetic field [95]. This local cavity moves 

along the actuator with changing magnetic field and transports liquid in a peristaltic man-

ner. MSM pumps work bidirectionally and operation is contact free, though the driving 

magnetic field is high in the range of some hundred mT [95]. 

Another principle of microfluidic actuation are rotational micropumps that 

transport fluid with a turning motion of their actuated parts. One example are microgear 

pumps, where the turning motion of gears moves a fluid volume from an inlet towards the 

outlet (Figure 1.1 H). The rotating motion can also be used to squeeze liquid within a tube 

from an inlet to an outlet as within a miniature peristaltic pump. Typically, rotational 

micropumps enable continuous flow as well as stepless adjustment of the flow rate. The 

energy transfer from mechanical (revolution speed) to fluid (flow velocity) is efficient 

and in comparably small space, and most pumps show a good flow direction control due 

to a continuous pressure gradient that enables valveless configurations. However, manu-

facturing requires high precision, since the gap between rotors and pump chamber must 

be small to reduce leakage and backflow. Rotor configurations can cause high shear 

forces in the fluid and the surface-to-volume-ratio is high, which might prompt interaction 

with the dosed medium. Compared with diaphragm pumps, this pump type is usually 

large. Nevertheless, based on improved manufacturing methods, such as micro injection 

moulding [96–98], miniaturization is pushed. 



 

1.   Introduction 

13 

A more detailed overview of micropumps, categorized regarding their driving 

mechanism as well as their valves and pump chamber, can be found in the work of Mohith 

et al. [67]. Laser and Santiago also provide a detailed description [27] . Functionality of 

many driving mechanisms is well depicted by Ashraf et al. [66] and Wang and Fu [21] 

give a summary of recent developments. Ogden et al. [94] present a comparison of energy 

density as well as achievable flow rate and backpressure for selected driving mechanisms. 

Micropumps based on electroactive polymers are described in the review of Bar-Cohen 

and Anderson [89] as well as the one of Annabestani et al. [88]. Yunas et al. [99] describe 

electromagnetic polymer actuators for biomedical applications. 

1.3.1. Micropump Research for Biomedical Application 

Despite specific challenges, the obvious possibility of improvement has prompted 

research towards reliable micropumps for biomedical application. A comprehensive over-

view of micropumps sorted by their actuation principle, including a detailed description 

of industrial pumps, i.e., the JewelPump, the Omni Pod, Sensile Medical’s pump and the 

iPrecio system, can be found in the review article by Bußmann et al. [100]. This chapter 

provides a summary of micropump research for medical application, as well as more de-

tailed information on the piezoelectric diaphragm pumps developed at the Fraunhofer 

EMFT Research Institution for Microsystems and Solid State Technologies (Fraunhofer 

EMFT). Table 1.2 summarises the fluidic performance of selected micropumps. The data 

does not necessarily reflect the maximal fluidic properties achievable with each actuation 

mechanism, since pumps presented in research are often not fully optimized in every ge-

ometric and electromechanical parameter. Furthermore, presented pumps are selected not 

only for fluidic performance, but also suitability for medical application.  

Table 1.2 Overview of micropumps cited in this thesis; Pumped media are A- air, I- insulin, L-liquid, W-

water and a saline solution, b methanol, c blood mimicking fluid, d sodium salicylate, , f glycerol solution; 

Evaluation: 0 - not fulfilled, 1- partially fulfilled, 2- fulfilled 
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Piezoelectric Actuation 

[37] 3000 W/I 36 200 22 0 2 - 0.062 Ø15×8 - - 

[101] 3.5 W 24 1 3.2 1 1 1 - 30×10 mm² 0.9 - 

[102] 25 W - 500 600 2 2 2 0.088 7×7×1 - - 

[76] 240 W 230 75 36 1 1 2 - 23×23×2.2 - - 

[103]  1.7×104 W 110 10 40 0 2 2 - 20×20×6 - - 

[104] 196 W/c 140 25 6.4 0 2 2 - 50×50×12 - - 

[70] 1400 A 145 2000 40 0 2 - - 3.5×3.5×0.6 - - 

[105] 150 W 140 20 180 2 2 - - - - - 

[106] 4698 W 200 15 - 0 0 - - 65×40×12 - - 

[75] 4800 W 300 125 1.8 0 0 0 - - - - 
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[107] 200 W 200 40 40 1 1 - - 30×11 mm² - - 

[108] 70000 W 380 30 - 0 2 - - d 20×1.5 - - 

[74] 1.3×105 
 W 240 400 10.8 0 2 - - - - - 

[109] 1.8×106 W 210 120 44 0 2 1 - - - - 

[110] 4.4×103 A 140 1600 15.4 0 2 2 - 5×5×0.6 0.5 - 

Shape Memory Alloy 

[77] 50 W 0.6 0.9 - 0 2 - - - 648 - 

[78] 50 W - 0.9 - 0 2 1 - 15×9.1 mm² 756 - 

[111]  235 W - 80 - 0 0 - - 8×8×1.8 - 2×106 

Electromagnetic 

[81] 66 W 1.5 9 0.98 - 0 0 - - 43.6 - 

[112] 400 W - 12 1.2 0 0 0 - 36×22×3 - - 

[82] 1623 - 30 7 0.36 0 0 0 - 55×35×10 1.2 - 

[113] 9.3 W 2 1.6 41 0 2 1 - - - - 

[114] 13.2 D - 1.3 - 0 1 0 - 5×9 mm² - - 

Electrostatic Actuation 

[83] 70 W 170 25 2.5 0 2 0 0.01 7×7×2 - - 

Electroactive Polymer 

[115] 22 a 1.2 - - 0 1 - - 30×20×6 5.5 5 days 

[116] 25 b 5680 63 0.35 0 0 - - - - - 

[85] 550 A - 1000 - - - - - - - - 

[117] 2 L 2.8 - 3000 - - - - Ø8×1 - >106 

Phase Change Actuation 

[118] 0.1 
 

W - 0.083 - 2 2 - 0.011 7×13×1 11 26×106 

[91] 0.07 W 1 0.5 - 1 1 - - 12×6×2 135 - 

[93] 0.6 W 1.5 0.6 
1.3× 

104 1 1 - - - 34.4 - 

[92] 0.1 W/d 3.7 0.33 5 1 1 1 
1.2× 

10-3 8×8×3 - 20 min 

Thermopneumatic Actuation 

[119] 9.2 W 5 1.5 0.5 1 1 1 - 16×18×5.5 - - 

Magnetic Shape Memory Alloy 

[120] 2000 L/A - 320 1000 2 1 2 0.105 11×3.1×2.3 7.6 - 

[121] - L - - - - - - - 20×16×59 - - 

[95] 252 L - - - - - - 0.26 25×10×2.5 - - 

[122] 1800 W/f - 270 150 2 1 - 0.110 18×10×5 
700

0 
>106 

Rotary Pump 

[56] - - - - - - - - - Ø3.2 mm - - 

[123] 150 W - 30 - 1 1 - - 10×12×1.3 - - 

[124] - I 3.7 - - 1 1 - 1 Ø 5.5×2 - >3×103 

[34] 2050 L 1.5 14 82 2 2 1 - 30×15×14 - - 

[125] 275 W 5 180 40 2 2 2 - Ø 24×40 - - 
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Electrolysis actuation 

[126] - W - - - 0 2 - - 20×15×10 - 30 days 

[127] 520 W - - - - - - - 3.9×2.1×2 57.7 - 

Commercial 

Jewel-

Pump 
360 W/I 400 3 - 2 2 2 0.2 6×10 mm² - 

2.6× 

106 

Omni 

Pod 
15 I - 30 - 2 2 - 0.5 40×60×18 - - 

Sensile 

Medical  
2.5×104 L - 20 400 2 2 2 0.25 - - - 

iPrecio 

310R 
0.16  L - - - 2 2 2 - - - 67 days 

iPrecio 

200 
0.5 L - - - 2 2 2 - - - 86 days 

IP2000V 2.1 L - - - - 2 - - Ø78×14 - 
20 

years  
 

Many of the challenges and requirements summarised in Chapter 1.1 are discussed 

in micropump research, while, up to date, there is little information concerning others. 

Many dosing properties do not only depend on the fluidic actuator itself, but also on the 

overall system, fluidic boundary conditions and especially the valve technology. The im-

plementation of closed loop control increases the reliability of the dosing unit and enables 

error detection. Furthermore, weight and size constraints have to be evaluated on system 

level, since driving electronics, power supply as well as a reservoir can be large parts to 

consider. Other challenges can be solved within the micropump itself for example by 

design adaptations that allow for space efficient solutions. Resourceful technical adapta-

tions are summarized in Figure 1.2 and described here below.  

Freeflow, diffusion, and backflow can be prevented using active valves [76], how-

ever, those pumps do not block the flow path when turned off. Such a normally closed 

state is achieved with phase change actuation based on gallium [118], since it shrinks 

when melted and therefore opens the fluid path when actuated. A passive freeflow stop 

for micro diaphragm pumps is presented by Richter et al. [102] with a passive safety valve 

that blocks the fluid path when the inlet pressure exceeds the outlet pressure. Maillefer et 

al. [35] prevent freeflow as well as leakage with a valve pretension of the passive flap 

valves of 10 kPa. Additionally, a specific actuation signal reduces errors by uncontrolled 

leakage through the inlet or the outlet valve during pump operation [128]. In general, 

rotary pumps show little leakage, freeflow, and backflow due to geometric constraints. 

An example is presented by Pankhurst and Abdollahi [34] with only one moving part and 

a spring design freeflow stop. The iPRECIO pumps [129–134] are miniaturized peristaltic 

pumps. A micro stepper motor drives an eccentric disc cam that compresses the soft tub-

ing transporting the dosed medium. Due to this peristaltic setup, these pumps prevent 

backflow, freeflow, and diffusion also in turned off state.  

Bubbles, that are usually unproblematic for rotational micropumps, remain a huge 

challenge for diaphragm pumps. Their bubble tolerance strongly depends on their com-

pression ratio ε [32, 135]. This ratio indicates how much volume is displaced compared 

to the dead volume of the pump. It is calculated with   
 

𝜀 = ∆𝑉/𝑉0       (1.1) 

with the displaced volume ΔV and the dead volume V0. 
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Figure 1.2 Overview of technical improvements with respect to challenges in biomedical application. De-

picted on the left (orange) are the specific challenges for microdosing in medical applications as summa-

rised in Table 1.1. On the right (green) we present possible countermeasures to overcome these challenges 

and meet specific requirements that are described in this review. The selected examples are presented by 

or implemented in Pankhurst & Abdollahi [34]; Maillefer et al. [35]; Jenke et al. [65]; Zhang et al. [74]; 

Pečar et al. [76]; Rusli et. al. [81]; Forouzandeh et al. [92]; Ullakko et al. [95]; Richter et al. [102]; Wang 

et al. [103]; Ma et al. [104]; Trenkle et al. [105]; Zhang et al. [106]; Fuchs et al. [107]; Grünerbel et al. 

[108]; Peng et al. [109]; Zhang et al. [111]; Wang and Park [114]; Yan et al. [115]; Hiraoka et al. [117];  

Johnson & Borkholder [118]; Yang and Liao [119]; Barker et al. [121]; Smith et al. [122]; Waldschik et 

al. [123]; Vinayakumar et al. [125]; Cobo et al. [126]; Khalil et al. [127]; Chappel et al. [128]; the iPRE-

CIO pumps [136]; Herz et al. [137]; Huang et al. [138]; Yan et al. [139]; the JewelPump [140]; Chappel 

et al. [141]; Geipel et al. [142]; Liu et al. [143]; and Chee et al. [144] 
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The compression ratio has to be large enough to compress a bubble that, in the 

worst case, fills the whole pump chamber, further than the total backpressure Δp to 

transport the air through the chamber [32]. Capillary forces of an air-liquid interface also 

add to the total backpressure. Herz et al. [137] achieve a high compression ratio with their 

pretension technique. By applying a positive voltage to the actuator disc during glue hard-

ening, the authors drastically increase their pumps compression ratio. Trenkle et al. [105] 

increase the compression ratio of their device by casting the deflected membrane to man-

ufacture the pump chamber. Furthermore, bubble tolerance can be increased when reduc-

ing the force needed to transport a bubble out of the pump chamber, as done by Wang et 

al. [103] with a super hydrophilic surface of the pump chamber and by Ma et al. [104] 

with a rib structure in the chamber, which guides the fluid flow. Furthermore, a surfactant 

added to the transported medium decreases the surface tension and facilitates bubble 

transport [64]. Additionally, the performance of a micro diaphragm pump strongly de-

pends on its valves. While flap valves increase bubble tolerance, minimize leakage, and 

increase forward flow, they are sensitive to particles [135]. Diffuser/nozzle valves are less 

susceptible to particles, but bubble tolerance is limited. A bubble in the inlet is pushed 

back and forth instead of moved towards the outlet, since the dynamic viscosity of air is 

50 times smaller than the one of water in the outlet. Nevertheless, there are examples of 

bubble-tolerant pumps that employ diffuser/nozzle valves [145].  

Not many authors investigated the interaction with the transported medium and 

clogging. In most cases, micropump evaluations are conducted with surrogate fluids, to 

facilitate handling and limit costs. However, the medium can damage the pump over time 

and the pump might impact the transported medium, e.g., damage the analyte, or impair 

the drug’s functionality. Especially miniaturized pumps, with a high surface to volume 

ratio and sharp edges in small fluidic channels, might cause damage. To prevent interac-

tion, Forouzandeh et al. [92] and Vinayakumar et al. [125] limit the contact of the medium 

to biocompatible tubing, through which medium is transported peristaltically. The same 

accounts for the iPRECIO systems. This approach enables easy fluidic connection with-

out sharp edges and there are no sharp moving parts, such as flap valves, in the fluid path. 

The subject is also discussed in the research of the Swiss company DeBiotech. Their 

JewelPump, a piezoelectrically actuated micro diaphragm pump, utilises a specific drug 

reservoir in combination with a special filter to prevent insulin aggregation [140]. 

Often, safety measures are indispensable for medical application and space effi-

cient integration is an advantage. For piezoelectric diaphragm pumps, the segmentation 

of the actuator ceramic into an active part and a sensing part, as shown by Zhang et 

al. [106], allows to detect any changes in the pump chamber and can be used to monitor 

transport, the occurrence of bubbles or a change in backpressure, e.g., caused by clogging. 

For the same purpose, Fuchs et al. [107] integrate a pressure sensor into their peristaltic 

pump system. To ensure stable dosing, Benard et al. [78] include an in-line filter to pre-

vent particles and bubbles from entering the pump chamber. A similar filter concept is 

employed in the JewelPump [140]. Additionally, the system comprises two pressure sen-

sors, one in the pump chamber and one after the outlet valve, for precise control and error 

detection. Therewith, correct priming, reservoir overpressure, reservoir emptying, pres-

ence of air bubbles, occlusion (within one stroke) [141], and leakage can be detected with 

the pressure profile [141, 146].  

In addition to safety relevant aspects, flow properties are highly relevant for mi-

crodosing units. To improve the maximal flow rate without increasing the pump’s size is 
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an important aim. Geometric adaptations that lower the fluidic resistance, such as the rib 

structure presented by Ma et al. [104], allow for higher flow rates. Furthermore, higher 

actuator displacement can improve maximal flow, which Zhu et al. [147] achieve with 

ring electrodes leading to actuator buckling instead of bending, and Yamataha et al. [112] 

by a soft silicone diaphragm. However, the soft diaphragm decreases the bending actua-

tor’s stiffness and therefore the maximal achievable pressure. 

Not only high flow rates, but also the flexibility of bidirectional actuation can be 

advantageous. For instance, peristaltic actuation [92, 105, 125, 142] or the implementa-

tion of active valves [113] enable bidirectional flow. Additionally, the peristaltic actua-

tion using magnetic shape memory actuators can move fluid in both directions [95, 121, 

122]. Iacovacci et al. [124] developed a bidirectional microgear pump for a very small 

drug delivery systems. 

Dosing accuracy and precision are extremely relevant in microfluidic setups. 

Many authors state the single stroke volume of their pump as limit of resolution. How-

ever, little information is available on the repeatability of single strokes and few authors 

present results on dosing variation at varying environmental conditions. It is necessary 

that pump evaluations include repeatable and reproducible measurements to develop re-

liable systems and enable market entry. Evaluation of dosing accuracy and precision are 

only available for industrial dosing units or systems close to the market [7–10, 59–61].  

To ensure stable dosing at varying environmental conditions, the JewelPump com-

prises a double limiter concept that prevents diaphragm movement outside of fixed 

boundaries [128]. Therefore, the pump doses independently of the driving frequency (up 

to 3 Hz), pressure (± 10 kPa at inlet or outlet), temperature, aging, and medium’s viscos-

ity (up to 10 mPas)[35, 148, 149].  

A diaphragm pump’s flow often depends on the applied backpressure. Many au-

thors describe a linear decrease in flow with increasing pressure applied at the pump’s 

outlet [67, 75, 101, 102]. More stable dosing against varying pressure is achieved with 

peristaltic pump systems [105, 107, 119, 142] or the serial combination of several pumps 

[108, 138]. Richter et al. [102] present an extremely stiff bending actuator that shows a 

stroke decrease of less than 0.1% per kPa and a corresponding flow rate decrease of only 

0.025 µL/min per kPa backpressure increase. Pumps based on phase change actuation and 

magnetic shape memory actuation are generally less susceptible to changes caused by 

backpressure and can built up extremely high pressure [118, 120]. 

Especially for implantable, but also for patch pump application or hand-held anal-

ysis systems, size and weight constraints are an important requirement. Wireless power 

supply [126, 127, 143, 144] obviates the need of a battery and therefore enables systems 

that are small and light enough even for implantation into small rodents. Such systems 

omit the need to restrain the animal for electric contact during pump use. Specific manu-

facturing techniques, such as MEMS processes or 3D printing of miniaturized systems 

allows for extremely small pumps as shown by Richter et al. [70] (3.5×3.5×0.6 mm³ pie-

zoelectrically driven pump) and Moussi et al. [127, 150] (3.9×2.1×2 mm³ electrolysis 

actuated pump). Xia et al. [116] present an extremely miniaturized dielectric polymer 

actuator of only 2.2×2.2 mm². The pump by Wang and Park [114] is small enough to be 

integrated into a contact lens. Furthermore, research pushes towards miniaturization of 

generally larger microgear pumps. Waldschik et al. [123] use polymer magnets with al-

ternating axial magnetization manufactured using micro fabrication technologies to 

achieve a pump of only 10×12×1.3 mm³.  
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1.3.2.  Piezoelectric Micro Diaphragm Pumps developed at Fraunhofer EMFT   

The department of microdosing at Fraunhofer EMFT researches on piezoelectric 

micro diaphragm pumps and microvalves and implemented silicon and steel devices (Ta-

ble 1.3).   

Table 1.3 Dimensioning and performance of selected micropumps developed at Fraunhofer EMFT 

 P32009 P32010 P33001 µP015 µP029 µP027 

Weight in mg 3850 4100 8350 70 30 12 

Size in mm³ Ø20×1.7 Ø20×2 Ø29×2 7×7×1 5×5×0.6 3.5×3.5×0.6 

Positive Actuation 

Voltage in V 
300 450 300 240 100 70 

Negative Actuation 

Voltage in V 
-80 -120 -80 -76 -20 -20 

Stroke Volume in nl 7,000 6,000 25,000 80 65 20 

Backpressure (Air) 

in kPa 
30 30 20 90 15 40 

Maximal Flow Rate 

(Air) in µL/min 
100,000 80,000 200,000 400 4,500 100 

Blockingpressure 

(Water) in kPa 
75 170 30 380 55 100 

Maximal Flow Rate 

(Water) in µL/min 
12,000 8,000 20,000 90 450 45 

The smaller silicon micropumps can dose small amounts of fluid precisely and are 

able to overcome a high backpressure. For large numbers, production becomes very eco-

nomic due to large-scale silicon production processes. Furthermore, standard MEMS pro-

duction processes are extremely accurate and allow for the precise manufacturing of tiny 

structures. Therefore, extreme miniaturisation is possible. Today’s smallest piezoelectric 

diaphragm pump is EMFT’s 3.5×3.5×0.6 mm³ pump (Table 1.3) [70]. Analytical model-

ling shows, that this size is the physical limit for piezoelectric actuation. Further minia-

turization poses geometric constraints that make sufficient stroke impossible. To over-

come this limitation, Fraunhofer EMFT researches on an alternative actuation principle: 

electrostatic actuation.  

The steel micropump platform was developed in 2013 [151]. The devices are lager 

and achieve higher maximal flow rates. Manufacturing costs cannot be reduced as much 

as for the silicon micropump, however, smaller numbers are required for a profitable pro-

duction. Furthermore, hermetic sealing is easier, since a metal cover can be added by laser 

welding.  

Both types of micropumps, metal and silicon pumps, are bubble-tolerant, even 

though air transport is specifically challenging for piezoelectrically actuated pumps: The 

piezoelectric elongation is comparably small, which is why the stroke height of the bend-

ing actuator is limited. Additionally, actuation towards negative fields is restricted [152], 

thus the largest proportion of movement is downwards. Hence, it is difficult to reach an 

optimal compression. At Fraunhofer EMFT, a better compression ratio is achieved with 

the use of a specific manufacturing technique [137]: During the adhesion process of the 



 

Biomedical Application of Piezoelectric Micro Diaphragm Pumps 

20 

piezoelectric disc actuator, the ceramic is exposed to a defined electric field. Hence, bond-

ing takes place while the ceramic is contracted. After curing, the voltage is removed and 

the actuator expands whereby it bulges out the pump chamber [137]. This specific mount-

ing enables pump designs with very high compression ratio and therefore leads to self-

priming and bubble-tolerant pumps. It is applied for all piezoelectric devices manufac-

tured at EMFT. For instance, Richter et al. [102] introduce a 7×7×1 mm³ small silicon 

pump that achieves an air backpressure of 90 kPa and is therefore capable of transporting 

bubbles even against backpressure.  

A crucial pump feature is the prevention of freeflow caused by an overpressure at 

the inlet. For their silicon micropumps, Richter et al. [102] implement a freeflow stop 

realized as a flexible membrane covering the pump’s outlet. The other side of the mem-

brane is connected to the fluidic inlet. If the inlet pressure is higher than the outlet pres-

sure, the membrane blocks the outlet [153]. An outstanding asset of this valve is its flat 

shape and placement right under the pump chip, enabling an overall system with the same 

footprint (7×7 mm²) and negligible additional system height. This passive component 

prevents freeflow even in turned-off state. The adaptation of the system for the steel plat-

form is currently researched and part of the thesis of Claudia Durasiewicz.  

In general, an adaptation of the fluidic properties for a specific application is pos-

sible and necessary. For instance, Richter et al. [102] reduce the pressure dependence of 

their micropump’s flow rate with an extremely stiff bending actuator. The maximal flow 

rate of 25.8 µL/min only decreases by 0.1 % per kPa backpressure. Linear extrapolation 

of the flow decrease measured up to 150 kPa indicates a maximal backpressure of 

600 kPa.  

In a comprehensive study, Jenke et al. [68] investigated influences on the flow 

characteristics of EMFT’s micropumps, such as viscous squeeze film damping, leakage 

effects on the valves, or the influence of air. He developed analytical models to estimate 

the effective flow rate including disturbances. According to analytical, as well as experi-

mental data, the occurrence of cavitation in the pump chamber during the suction stroke 

is likely for fast actuator movements. These findings are specifically interesting for the 

transport of protein or cell solution, since the resulting air liquid interface can damage the 

transported medium.  
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 Thesis Outline  

Micropumps offer great potential for the improvement of biomedical applications. 

Not only do they enable the miniaturization of existing dosing units, but also the devel-

opment of totally new concepts that allow medical treatment unimaginable up to date. 

However, biomedical application implies challenging requirements (v.s., Chapter 1.1). 

Even though in the last decades dedicated research has led to tremendous innovations as 

described in Chapter 1.3, many challenges are not yet solved and industrialization is pend-

ing. It is the aim of this thesis to advance towards the medical use of micropumps. The 

research proposal for this undertaking, and a summary of the achieved results are de-

scribed in the following chapter.  

2.1. Research Proposal  

A great number of biomedical devices, setups, and processes involve the transport 

of fluids. Especially if the available space and power supply are limited, micropumps are 

an appealing solution for the active transport of small quantities of fluid. However, the 

microfluidic environment and high expectations in terms of fluidic performance and reli-

ability pose significant challenges. To meet all requirements, extensive research is con-

ducted to optimize different microfluidic actuation methods that come with specific ad-

vantages and disadvantages. However, the detailed literature review presented in Chap-

ter 1 shows that most micropumps are not fully optimized devices, hence industrialisation 

is still pending.  

In addition to general requirements that also apply for macroscopic fluid transport, 

many specific challenges arise when scaling down to the microscale. Targeted research 

has come up with many improvements and solutions to microfluidic tasks (v.i., Chap-

ter 1.3). For example, it is by now possible to achieve flexible fluid transport with a bub-

ble-tolerant, low-power and extremely miniaturized micropump. Inventive safety sys-

tems, or specific sensors to detect malfunctioning, have increased the reliability of dosing 

units. However, other requirements have not yet been evaluated in detail.  

Dosing precision and accuracy are crucial properties for many biomedical appli-

cations. Nevertheless, for most micropumps presented in research, dosing variations are 

not evaluated. The single stroke volume that many authors state as the limit of resolution 

of their device can scatter significantly, leading to large dosing variations. Furthermore, 

additional deviations arise due to changing environmental parameters, such as varying 

backpressure, temperature or humidity. 

The dosing precision can also be influenced by the transported medium. For in-

stance, the transport of particles, protein solution, or cells can cause agglomeration within 

the pump chamber or the valve geometries. Such agglomerations can limit the actuator 

movement, cause occlusion, prevent the valve opening, or increase leakage, all of which 

cause a considerable decrease in pump performance. Though, not only damage caused by 

the transported medium to the pump is relevant, but also the impact of the pump on deli-

cate substances, e.g., cell or protein solution. Even though interaction can be relevant, 

most studies are conducted with surrogate fluids, e.g., deionised water, since the target 

fluids are often expensive or complicated to handle and store. 
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 Fraunhofer EMFT conducts research on piezoelectric micro diaphragm pumps 

and has implemented small silicon-based micropumps, and larger stainless-steel micro-

pumps. As described in Chapter 1.3.2, many of the biomedical challenges have already 

been addressed in EMFT’s research. However, there are still open questions that need to 

be addressed, before an industrialization for biomedical applications of Fraunhofer 

EMFT’s pumps is possible.  

The aim of this thesis is to investigate the properties of piezoelectric micro dia-

phragm pumps in detail, including the analysis of electromechanical and fluidic perfor-

mance, dosing precision, and medium interaction. Based on this examination, the suita-

bility of the pumps for biomedical applications is evaluated and the devices as well as 

actuation are improved for specific use cases.  

The performance of a piezoelectrically actuated pump strongly depends on the 

properties of its disc actuator. It is therefore crucial to investigate the piezoelectric ce-

ramic under relevant conditions. The high actuation voltage of the pumps requires 

knowledge of the large-signal behaviour of the piezoelectric material. Unfortunately, 

there is little information available from either the manufacturer or the literature. In par-

ticular, no studies concerning overdriving and long-term behaviour are available. Part of 

this thesis aims to enable a better understanding of the piezoelectric disc actuator. There-

fore, the experimental evaluation of the large-signal piezoelectric elongation of the bare 

actuator disc is desirable. The characterisation of the piezoelectric coefficient enables 

better comprehension of depolarisation effects, a comparison of different ceramic mate-

rials and layer structures, and the improvement of the analytical pump design. The anal-

ysis of the bare disc actuator is the foundation for further evaluation of the bending actu-

ator that includes a metal or silicon diaphragm with glued-on piezoelectric disc actuator. 

It is specifically interesting to investigate the negative actuation voltage amplitude that 

causes depolarisation, since due to the nonlinearity of the piezoelectric hysteresis, a pos-

sible increase of the negative voltage amplitude leads to an overproportional increase in 

performance. Especially for applications requiring large safety margins, such as medical 

devices, the achievable increase in performance is relevant.  

As mentioned above, there is little to no statistically relevant data available that 

describes the dosing precision of piezoelectric micro diaphragm pumps. However, bio-

medical applications often require extremely accurate dosing units. High accuracy in 

combination with high safety requirements can often only be achieved by closed-loop 

control. A requirement for a well-functioning closed-loop control system is the reproduc-

ible dosing of small volume packages, especially if the target volume is close to the single 

stroke volume of the pump. The precision of a micropump can be influenced by the dosed 

medium, since additional disturbances can occur. To introduce drug solution into the 

pump can lead to agglomeration. Additionally, a change in viscosity can impair dosing. 

It is therefore of high relevance to evaluate the repeatability of package dosing not only 

with surrogate fluid, but also with drug solution itself. Within this thesis, the potential 

applicability of silicon diaphragm pumps for insulin delivery is evaluated based on the 

precision of package dosing with water as well as insulin solution. The change of the 

dosed medium allows to detect changes in precision caused by an interaction between the 

pump and the dosed medium. The improvement of dosing precision especially with the 

target medium can enable the development of space and energy-efficient delivery systems 

for extracorporeal or implantable applications.  

For implants that require higher flow rates, e.g., different drugs or hydraulic im-

plants, Fraunhofer EMFT’s larger stainless-steel micropumps are better suited than small 
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silicon devices. Advantages are the biocompatibility of all wetted surfaces, and the easy 

solution for hermetic sealing by laser welding a cover to the pump’s electronics. Unfor-

tunately, stainless-steel can cause artefacts in medical imaging, limiting the implantable 

application of this pump technology. Also in literature, there is no fully biocompatible, 

hermetically sealable pump system that does not cause artefacts in imaging. Part of this 

thesis is thus to transfer the stainless-steel micropump technology to a titanium-based 

technology platform and therewith enable the flexible and cost-efficient development of 

biocompatible, imaging-compatible implants.  

Biomedical applications usually require the transport of medium other than deion-

ised water. Thus, additional disturbances can occur. For instance, the transport of particles 

can lead to agglomerations in the pump chamber or the area of the valves and therefore 

impair the functionality of the fluidic actuator. Even if the transported liquid is mostly 

particle-free solution, such as in the case of a hydraulic implant, it is impossible to prevent 

all contaminations. It is therefore highly relevant for safety reasons to understand the 

particle tolerance of the pump and develop systems that are resistant to such disturbances. 

Furthermore, some of the transported solutions are delicate and can be damaged by mov-

ing parts in the fluid path, e.g., flap or spring valves. This is the case for the transport of 

sensitive drug solution or cells. The evaluation of the interaction between the pump and 

the dosed medium is therefore of high interest. Hence, it is one of this thesis’ objectives 

to provide both an understanding of the pump’s reliability when dosing solutions other 

than water as well as an understanding of the pump’s impact on transported living cells.  

The detailed experimental evaluation of the fluidic properties, the design improve-

ment towards a better performance, and the technological developments towards implants 

that do not cause imaging artefacts are the key objectives of this thesis. It therewith ad-

vances micropump technology towards its industrialisation and make a widespread use 

in the biomedical field possible.  

2.2. Research Results  

The technical developments and investigations conducted during this thesis have 

resulted in several journal and conference papers that are summarized below for a better 

overview. A detailed attribution of the author’s contribution is available in the Appendix 

of the examination copy whereas the thematic contribution for each individual chapter is 

stated briefly in the summaries here below. The remainder of this thesis is structured as 

follows: Chapters 3 and 4 describe the evaluation of the piezoelectric bending actuator; 

its large-signal behaviour as well as the limits of the actuation signal for optimal perfor-

mance without causing depolarisation of the piezoelectric ceramic are assessed. With 

these findings, an optimized 5×5 mm² silicon pump for drug delivery is developed and 

presented in Chapter 5. Furthermore, a titanium-based technology platform to forward 

the development of automated implants is presented in Chapter 6. It includes three indi-

vidual components, two active valves and a micropump. This pump is larger compared 

to the discussed silicon pumps and thus potentially suited for the transport of cells. This 

possibility is investigated in Chapter 7 and Chapter 8. Furthermore, the reliability of the 

pump when transporting medium other than deionised water is assessed on the example 

of particle-laden fluids. The results of this research are not yet published and summarized 

in Chapter 9.  
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Chapter 3: Optical Evaluation of the Large-Signal Behaviour of Piezoelectric Disc 

Actuators to Increase the Precision of Micro Diaphragm Pumps 

Agnes Bußmann, Phillipp Korzer, Christian Wald 

Conference Paper, Actuator 2021, proceedings pages 97-100 

This conference paper describes the experimental evaluation of the large-signal 

behaviour of the piezoelectric disc actuator used to manufacture EMFT’s micro dia-

phragm pumps. The piezoelectric elongation of the upright actuator is measured optically 

using a white light profilometer. With this experimental setup, we evaluate the exact elon-

gation of the disc caused by the voltage amplitude used for the pump actuation. Based on 

this measurement, the analytical modelling of the bending actuator can be improved, since 

calculations up to date rely mostly on the small signal data provided by the manufacturer. 

Furthermore, the full butterfly curve of the piezoelectric actuator is detected. Therewith, 

we measure the coercive field at which the polarisation of the ceramic material changes 

its direction. With the exact knowledge of this field, the pump’s actuation voltage can be 

optimized towards higher negative amplitudes. Such higher negative fields increase the 

fluidic performance overproportionally due to the nonlinearity of the piezoelectric hyste-

resis. The impact on the pump’s long-term stability is evaluated in Chapter 4.  

This study was initiated, planned and conducted by myself with support by Phillip 

Korzer during the experimental work and Christian Wald for the manuscript review.  

Chapter 4: Increasing Piezo Micro Diaphragm Pump Performance by Optimizing 

Piezo Actuation 

Agnes Bußmann, Lorenz Grünerbel  

Conference paper, Smart Systems Integration 2019, proceedings pages 305-308  

Chapter 4 evaluates the influence of a higher negative actuation voltage on the 

fluidic performance of the pump, as well as its long-term reliability. Due to the nonline-

arity of the piezoelectric elongation, the negative actuation voltage has a disproportionally 

high influence on the pump’s performance. However, actuation fields close to the ce-

ramic’s coercive field Ec can cause depolarisation and therefore damage the bending ac-

tuator irreversibly. Chapter 4 evaluates the potential performance increase of both silicon 

and stainless-steel micropumps, as well as the long-term stability of the actuator stroke 

when pumps are actuated with a high negative field. An increase of the actuation ampli-

tude of 15 % towards the negative voltage range leads to an increase in stroke of 

nearly 20%. This improvement translates directly to an increase of flow rate, since the 

single stroke volume depends linearly on the actuator stroke. However, the performance 

increase is even more relevant when the pump needs to transport fluid against backpres-

sure: at 30 kPa backpressure, the flow rate increases by approximately 150 %. The in-

creased negative actuation voltage is thus extremely relevant as a safety measure when 

backpressure varies. In the long-term evaluation of up to one million strokes, neither 

stainless-steel nor silicon micropumps show depolarisation. The achieved performance 

increase based on higher negative actuation voltage allows the development of a small 

silicon micropump for drug delivery applications that is presented in Chapter 5.  

The large-signal evaluation of the piezoelectric disc actuator was my effort. The 

study was supported by Lorenz Grünerbel with an investigation of the power-consump-

tion when increasing the negative actuation field.   
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Chapter 5: Piezoelectric Silicon Micropump for Drug Delivery Applications 

Agnes Bußmann, Henry Leistner, Doris Zhou, Martin Wackerle, Yücel Congar, Martin 

Richter, Jürgen Hubbuch 

MDPI Applied Science, Special Issue Development of Microfluidic Devices for Medical 

Application, 2021, Volume 11(17), 8008 

Drug delivery applications requires reliable, precise dosing of extremely small 

volumes. Chapter 5 introduces a specifically developed silicon micro diaphragm pump. 

It is adequate for drug delivery due to a change of the valve unit to minimize the risk of 

sticking and facilitate the transport of bubbles. The pump chamber is high compared to 

former pump designs to enable sufficient flow even with fluids of higher viscosity. The 

fluidic performance of the pump is sufficient for drug dosing, since the actuation voltage 

is increased based on the findings presented in Chapter 4. The dosing precision of the 

introduced 5×5×0.6 mm³ silicon micropump when dosing packages between 0.05 and 

5 mg is evaluated with both deionised water and insulin solution. This comparison reveals 

additional challenges caused by the change of medium: The transport of bubbles is more 

difficult, since insulin solution exhibits a higher surface tension than water and increases 

the capillary forces, impeding undisturbed transport. Nevertheless, the presented pump 

proves extremely precise compared to currently available commercial dosing units, even 

when dosing insulin. These results are extremely promising to evaluate the combination 

of the pump with higher concentrated drug solution.  

This topic of the thesis was initiated, planned and conducted by myself with the 

support of the listed co-authors during the planning, experimental work, analysis and the 

making of manuscript as listed in the detailed authors’ contributions un the Appendix.   

Chapter 6: Piezoelectric Titanium-Based Microfluidic Pump and Valves for Im-

plantable Medical Applications 

Agnes Bußmann*, Claudia Durasiewicz*, Sebastian Kibler, Christian Wald  

* contributed equally  

Sensors and Actuators A: Physical, 2021, Volume 232, 112649  

The high effort necessary to introduce a completely new technology into a medical 

application hinders the widespread use of microfluidic actuators, regardless of their many 

advantages compared to conventional medical dosing units. To reduce the effort of a new 

development, we therefore develop a titanium-based microfluidic technology platform 

that includes a pump for active transport as well as two active valves to regulate fluid 

flow. This platform allows the development of several microfluidic medical devices in 

parallel and therefore permits to reduce the high initial financial and time effort for each 

individual development. Since the devices are fully made of medical grade titanium – the 

only exception being the piezoelectric disc actuator – they are biocompatible, offer easy 

hermetic sealing by laser welding covers and do not cause artefacts in medical imaging. 

They are thus perfectly suited for the development of medical implants. The effort in this 

work, shared between my colleague Claudia Durasiewicz and myself, is divided into the 

development of the individual components: The development of the active valves is part 

of her dissertation, while I focused on the improvement of the diaphragm pump. The 

applicability of these pumps for further biomedical transport tasks, such as cell transport, 

is discussed in Chapters 7, 8, and 9. 
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This research was a shared effort between my colleague Claudia Durasiewicz and 

myself. The investigation of the active microvalves was led and conducted by Claudia 

Durasiewicz, whereas the work on the titanium micro diaphragm pump was initiated, 

planned and realized by myself.  

Chapter 7: Cell Transport Using Piezoelectric Micro Diaphragm Pumps 

Agnes Bußmann, Thomas Thalhofer, Leopold Daum, Martin Richter, Oliver Hayden  

Conference paper, MikroSystermTechnik Kongress 2021, proceedings pages 290 - 293 

In many biomedical applications the transport of living cells is necessary, either 

for the automatization of cell culture research, increased functionality of microfluidic ex-

perimental setups, or even the transport of cells for 3D printing. Micropumps offer an 

economic, space and energy-efficient solution that can be integrated into a disposable 

product. However, living cells are fragile and the pump is likely to impair the viability of 

transported cells. To enable the development of pumps capable of cell transport, a better 

understanding of the interaction between the pump and the cell solution is necessary. 

Therefore, the viability of K562 leukaemia cells is investigated after transport with two 

types of silicon micro diaphragm pumps, as well as stainless-steel pumps that are intro-

duced in Chapter 5 and Chapter 6 respectively. The experiments confirm the expected 

large impact of a rectangular pump actuation, while sinusoidal actuation evokes only a 

small decrease in viability. Furthermore, the larger metal micropumps have a smaller im-

pact on cells. Therefore, this pump type is used for a more detailed experimental evalua-

tion described in Chapter 8.  

This preliminary study on the transport of cells was initiated and conducted by 

myself. Experiments were conducted in the laboratories of Oliver Hayden with the sup-

port of Leopold Daum and Thomas Thalhofer.  

Chapter 8: Microfluidic Cell Transport with Piezoelectric Micro Diaphragm Pump  

Agnes Bußmann, Thomas Thalhofer, Sophie Hoffmann, Leopold Daum, Nivedha Suren-

dran, Martin Richter, Jürgen Hubbuch, Oliver Hayden 

MDPI Micromachines,2021, Volume 12(12), 1459  

Based on the preliminary experiments described in Chapter 7, the transport of cells 

is evaluated on a statistically relevant number of pumps and transported samples. The aim 

of this study is to determine the main reasons for damage on the cells, and limit the 

pump’s impact by an improvement of the actuation signal. As shown in the preliminary 

experiments, sinusoidal actuation is less harmful. However, rectangular actuation is more 

efficient in terms of fluidic performance of the pump and therefore the desired actuation. 

The possibility to alternatively use a rectangular wave with sinusoidal flanks is evaluated 

by an investigation of the single stroke volume transported with sinusoidal, rectangular 

and mixed signals (rectangular with sinusoidal flanks). The single stroke volume and 

therewith the achievable fluidic performance, plateau with a flank steepness of 30 to 

60 Hz depending on the voltage pulse frequency. Therefore, the cell solution in this study 

is transported with sinusoidal and rectangular actuation as well as with a rectangular ac-

tuation with 60 Hz sinusoidal flanks. The mixed signal shows the same impact on the cell 

solution as the sinusoidal actuation. An improved transport with a good fluidical perfor-

mance as well as reduced impact on the transported medium is hence possible.  
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This study is based on the preliminary experiments presented in Chapter 7 and 

preceding research on the single stroke volume of micropumps by Thomas Thalhofer. 

The work was initiated and conducted by myself with the support of the co-authors as 

stated in the author’s contribution in the Appendix.  

Chapter 9: Particle Tolerance of Metal Micro Diaphragm Pumps  

Not published  

In Chapter 8, the impact of the microfluidic transport on cells in solution is eval-

uated. Additionally, the transport of fluids that contain cells, particles or fibres can impair 

the fluidic performance of the pump. An extensive evaluation is necessary to guarantee a 

safe use of the system. This chapter discusses a first experimental investigation of the 

particle tolerance of metal micropumps. As a reproducible model for particle-laden fluids, 

we use polystyrene particles of different sizes. The investigation shows that even small 

particles of 1 µm diameter impair the pump’s functionality after a short transport period 

of 10 min. Nevertheless, the pumps do not fail completely and are even able to pump fluid 

after 48 h of continuous operation.  

The experimental work of this study was supported by Nivedha Surendran and 

Sophie Hoffmann.  
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Abstract 

The piezoelectric actuator and its electromechanical coupling largely influence 

the performance of a piezoelectric micro diaphragm pump. Therefore, it is crucial to in-

vestigate this property to understand and improve the pump. In this study, we introduce 

an experimental setup to investigate the large-signal behaviour of piezoelectric disc actu-

ators optically using a white light profilometer. Obtained results are reproducible with an 

error of 5 % and in good agreement with comparative measurements using strain gauges. 

The comparison of singlelayer and multilayer actuators shows less elongation for the mul-

tilayer at same electric fields. However, the multilayer material does not saturate and 

reaches similar elongation at roughly half the voltage the singlelayer ceramic needs. The 

introduced setup is well adapted to evaluate actuators prior to piezo mounting to a pump 

and enables targeted lifetime evaluations. 

3.1. Introduction 

With their variable flow rate and high backpressure capability, piezoelectric micro 

diaphragm pumps are a possible solution for many micro fluidic questions. Often dosing 

accuracy plays a crucial role. To minimize variations from one sample to another, it is 

important to understand all parts of the system, including the piezoelectric disc actuator. 

The voltage dependant elongation of the ceramic at high electric fields has two main in-

fluences on the pump’s performance. First, pumping bases on the indirect piezoelectric 

effect that causes a mechanical deformation when the piezoelectric ceramic is exposed to 

electrical actuation [154]. Hence, applying an alternating high voltage signal results in an 

alternating vertical diaphragm deflection that compresses and expands the pump cham-

ber. The two passive flap valves direct the volume displacement and create an effective 

fluid flow (Figure 3.1). A difference in piezoelectric deformation changes the total stroke 

and consequently the achieved flow rate and pressure [155].  

Second, the piezo electric coupling coefficient changes the zero position of the 

diaphragm. The piezo is glued to the membrane, while a voltage is applied, putting it to 

its contracted state (pretension principle – Figure 3.2). The actuator’s increase in diameter 

when the voltage is disconnected after curing, leads to an upwards movement of the dia-

phragm and forms the pump chamber (Figure 3.2). That way, the actuator can expel most 

of the volume in the pump chamber during the compression stroke, which increases the 

compression ratio of the device significantly. Therefore, this mounting method is crucial 
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to produce pumps with little dead volume, capable of achieving high pressure with com-

pressible medium such as gases or air bubbles in liquids [32, 137]. 

 

 

Figure 3.1 Working principle of the piezoelectric micro diaphragm pump 

The position of the diaphragm changes the pump chamber height, which strongly 

influences the fluidic performance. A low chamber with little dead volume enables large 

backpressure with air. However, the maximal flow rate, especially with water, decreases, 

since a low chamber has a higher fluidic resistance than a high chamber. 

 

 
Figure 3.2 Piezo mounting using the pretension principle 

Both, pump actuation as well as voltage during pretension, are in the large-signal 

range of the actuation, since the whole actuator displacement is necessary for efficient 

fluid displacement. The characteristics of a piezo ceramic actuator under high voltage can 

differ strongly from commonly measured properties at small electric fields. Hence, the 

exact knowledge of large-signal piezoelectric characteristics is crucial to design and man-

ufacture well-adapted pumps for each application. To evaluate the influence of the piezo-

electric elongation on the pump performance experimentally, a setup that does not influ-

ence the disc actuator is needed. That allows to characterize the piezoelectric ceramic 

prior to piezo mounting in order to correlate different elongation to varying pump perfor-

mance. Therefore, the use of DMS is not possible.  

There is no established, non-destructive experimental setup for the disc actuator 

geometry used in EMFT’s micropumps up to now. Therefore, we established a setup to 

investigate the electro mechanical coupling coefficient in a non-destructive measurement. 

With this setup, we are able to investigate soft lead zirconate titanate (PZT) disc actuators 
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before piezo mounting to the pump to understand the influence of each piezo character-

istic. In addition, fatigue testing of the disc actuator is possible, allowing better under-

standing of one of the pump’s failure mechanisms. 

3.2. Materials and Methods 

We investigate standing disc actuators using a white light profilometer (Fries Re-

search and Technology; 300 nm sensor). Two rubber bands hold the ceramic, which is 

clamped between two contact pins, down (Figure 3.3). The rubber bands are necessary to 

prevent the piezo from moving upwards. This would lead to a situation where it is held 

only by the electric spring contacts and does not touch the ground. In this case, the de-

tected elongation is only of the upper part of the ceramic, as the lower part expands to-

wards the bottom. Therefore, a measuring error of 20 % would occur, making it crucial 

to hold the ceramic down in all cases. 

 

 
Figure 3.3 Measuring setup for the optical evaluation of the radial piezoelectric elongation 

We mount a ceramic in the fixation and carefully align the sensor, choosing the 

highest point for the measurement. Since the roughness of the ceramic (Ra ≈ 5 µm) is in 

the same order of magnitude as the elongation, it is important not to mistake roughness 

for elongation. Hence, we perform a line scan of the whole width of the sample for each 

voltage step and calculate the average height. Each voltage is applied for several seconds, 

making the investigation quasi-static and minimizing the influence of piezo electric time 

effects.  

In this study, we investigate two types of disc actuators: singlelayer PIC 151 

(Ø 16 mm; t = 200 µm; six samples) and multilayer PIC252 with five active layers (Ø 

16 mm; t = 315 µm, two samples). Applied electric fields range from -3 kV/mm to 

6 kV/mm.  

To evaluate the setups accuracy, strain gauge (KYOWA; R = 120 Ω) measure-

ments are conducted on singlelayer piezo ceramics. The gauges are fixed central on the 

ceramics using two-component epoxy glue (EPO-TEK 353 ND). 

3.3. Results and Discussion  

In a first step, it is crucial to evaluate the variance of the new experimental setup. 

Thus, we conduct repeated measurements of the same ceramic, removing it from the hal-

ter after each measurement. The mean elongation of seven individual measurements is 
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18.7 ± 1 µm. The error is not caused by the profilometer (the used sensor offers a resolu-

tion in the nm range) but rather from positioning errors and an inclination of the ceramic. 

The maximal tilt is limited to 10° by the mounting’s gap width and height, causing an 

error of up to 2 %. In addition, a measurement apart from the top point of the disk is 

possible. Nevertheless, even a deviation of 1 mm, which is unrealistically high as the 

position is well adjustable, would only cause an error of 0.4 %. 

To assess the setup’s accuracy, we compare the results of six samples to strain 

gauge measurements (Figure 3.4). The restriction of movement caused by the strain gauge 

is minimal and the elongation before and after strain gauge adhesion shows no difference. 

In addition, the elongation does not differ whether the sample is mounted or hanging 

freely (held by the strain gauge’s connecting cables), showing that the rubber bands to 

not restrict the ceramic’s movement significantly. Experiments show no significant dif-

ference amongst strain gauge and optical measurements with an average deviation of 

1.0 ± 0.9 µm. Hence, the optical setup is sufficiently accurate to characterize ceramics 

prior to mounting. 

 
Figure 3.4 Exemplary radial elongation of one disk actuator measured optically and with strain gauges. 

Results are in good accordance 

Using the introduced setup makes it possible to detect the full hysteresis of a pie-

zoelectric disc actuator (Figure 3.5). This measurement helps to compare different mate-

rials and gain knowledge on the limits of use of an actuator. The coercive field is visible 

at roughly 0.9 kV/mm.  

 
Figure 3.5 Piezo electric hysteresis of a singlelayer sample 
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The coercive field is especially interesting, since actuators are not supposed to be 

used with more than 30 % of their negative coercive field. However, the negative part of 

the actuation provokes a larger increase in the micro pumps stroke and hence in maximal 

flow and pressure capacitance, due to the nonlinear elongation of the ceramic. Conse-

quently, it can be beneficial for some applications to extend the negative amplitude further 

towards the coercive field. The exact knowledge of the latter makes it possible to improve 

actuation towards optimized pumping properties. However, lifetime has to be considered, 

since it most probably depends on the actuation signal. 

The investigated singlelayer actuator is the standard actuator used for our metal 

micro pumps [151]. Even though the material is well adapted to most applications, it 

shows one important disadvantage: the voltage levels needed to drive the micropump are 

comparatively high (up to 300 V or even higher for thicker piezo actuators). Multilayer 

actuators are a possible solution for this issue, since they reduce the voltage needed for 

actuation significantly. The multilayer actuator investigated within this study has five ac-

tive layers of 45 µm each. Hence, the thickness of active material is roughly 25 µm larger 

compared with the singlelayer actuator. However, the material used is slightly different 

and shows a smaller piezoelectric coefficient d31 than the PIC151 material (-180 nm/kV 

compared to -210 nm/kV at low electric fields). Furthermore, isolating layers are neces-

sary, adding 90 µm of passive material to the active layers of the actuator. Therefore, we 

expect a decreased stroke for similar electric fields. Figure 3.6 shows the comparison of 

elongation measured on a singlelayer sample and measured on a multilayer sample. For 

clarity, only one sample each is shown. However, all samples exhibit similar behaviour 

in the measurement. 

  
Figure 3.6 Elongation comparison of a single- and multilayer sample 

The expected decrease in stroke is clearly visible in Figure 3.6. The multilayer 

actuator only reaches the same elongation as the singlelayer actuator at 5 kV/mm. It is 

interesting to notice that the ceramic does not reach saturation until this point. A further 

increase of the electric field therefore increases the elongation and consequently the 

pumps stroke and achievable flow rate.  

Depending on the application, not only electric field but also the corresponding 

voltage are crucial. The multilayer disc reaches the same elongation as the singlelayer at 

5 kV/mm, which corresponds to just above 200 V. To apply a field of 2 kV/mm to the 

singlelayer requires 400 V. The multilayer can therefore be useful for applications with 

lower stroke requirements or lower voltage limitations. However, energy consumption 
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has to be considered. To reach the same elongation with the multilayer as with the single-

layer, the energy consumption is higher. 

 

3.4. Conclusion 

The introduced non-destructive measurement enables the investigation of piezoe-

lectric large-signal properties. The optical measurement is able to replicate the results 

achieved with strain gauge evaluations with an average deviation of 1.0 ± 0.9 µm. Its 

repeatability is high with an average elongation measured in independent measurements 

on the same sample of 18.7 ± 1 µm.  

Since the method is non-destructive, it allows for piezo characterisation prior to 

piezo mounting without changes to the pump’s setup such as an added strain gauge. It 

therefore enables us to investigate the influence of the exact piezo electric elongation on 

the pumps stroke as well as the diaphragms zero position further. The experiments will 

enable the refinement of theoretic pump models and enable more accurate pump design 

for specific applications.  

In addition to the better understanding of all important influences, the setup allows 

for a specific material selection. The large-signal behaviour is not usually measured and 

given in standard data sheets. It is therefore of great interest to evaluate it in order to 

compare different materials to be used as potential disc actuators for the pump applica-

tion.  

Part of this evaluation is also lifetime testing, since the pump’s long-term stability 

as well as long term precise dosing largely depends on the piezoelectric actuator. If the 

piezoelectric stroke decreases with the number of driving cycles, the flow rate of the pump 

will drift away from its set value. The maximal achievable flow decreases and a system 

that is not closed loop controlled will show an increasing error in the flow rate. However, 

fatigue of the piezo actuator is only one possible reason for a drift in the flow rate that 

can also be caused by changing valve quality, fatigue of the adhesive layers, etc. It is 

therefore of extreme interest to investigate the large-signal long-term stability of the ac-

tuator itself without other influencing effects. 

Initial tests concerning long-term stability show that the setup is well suited for 

this type of experiment. A point measurement enables the monitoring of the dynamic 

stroke throughout the experiment and regular hysteresis measurements during the exper-

iment give detailed information on changes. 

In future measurements, we will develop a detailed picture of depolarization of 

the used disc actuators with differing electric actuation. The aim is to adapt the driving 

signal depending on the application. A long-term application with need for long stable 

piezoelectric elongation and strong need for secure function can use a different actuation 

than a short-term, high performance pumping, where depolarization after the duration of 

usage is unproblematic. 
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Abstract 

Actuation of piezo ceramics applies only up to 30% of their negative coercive 

field strength Ec. This ample distance of the field where polarization reaches zero is nec-

essary to avoid depolarization. This work examines the effect of further approaching Ec 

on micro diaphragm pumps. The higher negative actuation voltage increases two funda-

mental micro pump characteristics. First, would be an increase of maximal flow and sec-

ond a better air backpressure capability. Sinusoidal actuation, applying higher negative 

voltages, while keeping the positive amplitude on a standard level, does not cause degra-

dation within one million cycles. 

4.1. Introduction 

Piezoelectric micro diaphragm pumps are used in many technical and medical ap-

plications. Fraunhofer EMFT’s micro diaphragm pumps consist of either a silicon or steel 

body and diaphragm with a glued-on piezo ceramic actuator. Pumping bases on the indi-

rect piezoelectric effect, causing a mechanical deformation when the piezoelectric ce-

ramic is exposed to electrical actuation [154]. Hence, applying an alternating high voltage 

signal results in a vertical diaphragm deflection and fluid movement through two passive 

flap valves and creates an effective fluid flow (Figure 4.1). 

 
Figure 4.1 Setup and working principle of a piezoelectric micro diaphragm pump 

Fraunhofer EMFT has developed micro pumps for the last 25 years, already 

achieving strong pumping performance [68, 156]. So far, the used actuation signals never 
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exceed 40% of the negative coercive field Ec. However, recent studies claim that sym-

metric actuation up to 95% of Ec does not cause damage within at least one million cycles 

[152]. This work examines the impact of applying higher negative fields on the pumping 

performance and long-term piezo stability. 

4.2. Materials and Methods 

For research on micro pump performance, several of EMFT’s silicon and steel 

pumps are evaluated. In this study, the ceramic PIC151 from PI Ceramics 

(Ec = ± 1.0 kV/mm [152]) is glued onto the pumps with epoxy glue (EPO-TEK 353ND). 

Depending on the pump type, the piezo actuators have a thickness between 50 µm and 

200 µm. A common function generator with external amplifier generates the actuation 

signal for the measurements. The flow and backpressure measurements as well as the 

long-term stability evaluation are conducted with sinusoidal actuation using different am-

plitudes. Air flow rate measurements are conducted with Bronkhorst anemometers. Con-

trolled pressure abuts at the micro pump’s outlet during the investigation of its backpres-

sure capability. A commercial confocal white light microscope from FRT enables stroke 

measurements, where the voltage induced movement of the actuator membrane is moni-

tored optically. Both, dynamic and quasi-static measurements are possible. Stroke verifi-

cation each 75000 cycles during continuous pumping enables observation of actuator fa-

tigue. All measurements are conducted with air. 

4.3. Results and Discussion 

To investigate a performance increase by actuating the steal micro pump with a 

higher negative electrical field, the static actuator stroke, the maximal flow rate and the 

pumps backpressure capability are evaluated. The static stroke measurement shows an 

actuation from -0.7 kV/mm to 1.5 kV/mm increases the total stroke by nearly 20 % com-

pared to the standard -0.4/+1.5 kV/mm actuation (Figure 4.2 a). This increase of the stroke 

height generates a theoretical increase of the stroke volume of 17 %, Therefore, we also 

anticipate a notable performance increase. The investigation of five samples shows an 

average increase of the maximal flow rate by 30 ± 16 % at sinusoidal actuation with 250 

Hz and no applied backpressure (Figure 4.2 b). Thus, the flow rate increases nearly twice 

as much as the theoretical stroke volume. 

 
Figure 4.2 Increase of the pump's performance when actuated with a higher negative voltage amplitude. 

(a) Total stroke of a steel pump, blue: standard actuation (-0.4 to 1.5 kV/mm) with a total stroke of 

hs = 70 µm and orange: high negative amplitude (-0.7 kV/mm) with a total stroke of he = 83 µm. (b) Rela-

tive increase of the flow rate with high voltage actuation (-0.7 to 1.5 kV/mm) compared to the flow with 
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standard actuation for each applied backpressure; error bars indicate the standard deviation of the 5 

pumps 

Several other effects add to the increase of stroke volume. By applying a higher 

negative voltage, the actuator diaphragm is pulled further up, increasing the maximal 

pump chamber height and therefore decreasing the flow resistance, which enables a 

higher flow increase. Furthermore, there are imperfections within the valves and other 

periphery parameters, which are not considered when examining the single stroke vol-

ume. This theoretical parameter is the maximal volume that can be moved within one 

stroke, assuming perfectly closed and opened valves as well as no fluidic capacitances or 

any other counter forces. Nevertheless, the experimental setup measuring the flow rate 

obviously creates a certain fluidic backpressure and the valves in the pump need time to 

operate as well as they show leakage. Higher negative actuation voltage causes a higher 

and more rapid pressure pulse and therefore increases the flow rate additionally by quick 

valve movement and overcoming counter forces. The flow measurement with applied 

backpressure at the micro pump’s outlet substantiates these findings. At 300 mbar back-

pressure, the flow rate increases by 155 ± 80 %. The results show, that actuation with 

higher negative amplitudes is more advantageous when the pump needs to overcome 

backpressure.  

One reason for the high variation in the measured performance can be the differ-

ence in valve quality. To investigate the benefits of higher negative fields, also samples 

with leaking valves are included in this study, making the variation within the samples 

bigger. Nevertheless, for all samples an increased flow rate is detected. It is important to 

underline, that all measurements are conducted with a 250 Hz sinusoidal actuation and 

the measured increase is only a first indicator of a better pump performance. There is still 

a need to investigate the micro pump behaviour with differing actuation signals and under 

various operating conditions.  

After showing possible advantages of the actuation with higher negative voltage, 

it is important to investigate possible drawbacks. To start, the energy consumption of the 

micro diaphragm pump should be as small as possible, since many applications are mobile 

battery devices. A comparison of the power consumption of a silicon micro diaphragm 

pump driven with standard actuation and higher voltage signals shows no significant 

change in the energy consumption. The energy, which is necessary to achieve one micro-

metre of stroke, provides a reasonable measure for comparison of power consumption 

during different operating conditions. Table 4.1 shows changes of less than 10 µW/µm, 

which is within measuring inaccuracy.  

Table 4.1 Power consumption per µm stroke depending on the actuation amplitude and frequency 

Power Consumption in 

µW/µm 

Frequency 

100 Hz 200 Hz 300 Hz 
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-0.4/1.5 kV/mm 224 275 216 

-0.5/1.5 kV/mm 221 274 216 

-0.9/1.5 kV/mm 219 283 223 
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Furthermore, long-term stability is examined using a 250 Hz sine wave actuation 

of different amplitudes. Three steel samples actuated with an electric field from 0.7 to 

1.5 kV/mm after one million cycles still show in average 98% of their initial stroke (Fig-

ure 4.3 a). Further investigations are necessary to evaluate stability beyond one million 

cycles. In addition, different actuation amplitudes are tested on three silicon pumps: the 

standard actuation of -0.4/1.4 kV/mm; a higher voltage actuation of -0.9/1.4 kV/mm and 

even an actuation up to the negative coercive field of -1.0/1.4 kV/mm. None of which 

show signs of depolarization (Figure 4.3 b). The beginning of each measurement goes 

with a slight change in stroke, supposedly caused by piezo repolarization after storage. 

Aligned dipoles in the material can deviate slightly over time. The actuation signal with 

a positive amplitude of 1.4 kV/mm or more, regains the initial polarization.  

 

 
Figure 4.3 Long term stability of pumps actuated with higher negative voltage. (a) Stroke of three steel 

samples actuated with -0.7/1.5 kV/mm, normalized to their initial stroke; error bars indicate the standard 

deviation among the samples; (b) Stroke of individual silicon pumps normalized to their initial stroke, ac-

tuated with different amplitudes; error bars indicate the standard deviation of ten strokes  

4.4. Conclusion  

State-of-the-art limitations regarding negative actuation signals to piezoelectric 

ceramics restrict the maximal micro pump performance. First long-term tests show a sta-

ble operation when applying electrical fields of up to -1.0 kV/mm while applying a high 

positive amplitude (1.4 kV/mm). The non-symmetric positive actuation is likely compen-

sating possible depolarization. The increase of flow rate is considerable, especially when 

pumping against backpressure.  

EMFT’s micro pumps, which already show a high backpressure capability due to 

their high compression ratio, can therefore achieve even higher pressure. These findings 

open the possibility of research on applications with more intense specifications or in 

need of a high margin of safety.  
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Abstract 

Subcutaneous injection is crucial for the treatment of many diseases. Especially 

for regular or continuous injections, automated dosing is beneficial. However, existing 

devices are large, uncomfortable, visible under clothing, or interfere with physical activ-

ity. Thus, the development of small, energy-efficient and reliable patch pumps or implant-

able systems is necessary and research on microelectromechanical system (MEMS) based 

drug delivery devices has gained increasing interest. However, the requirements of med-

ical applications are challenging and especially the dosing precision and reliability of 

MEMS pumps are not yet sufficiently evaluated. To enable further miniaturization, we 

propose a precise 5×5 mm² silicon micropump. Detailed experimental evaluation of ten 

pumps proves a backpressure capability with air of 12.5 ± 0.8 kPa, which indicates the 

ability to transport bubbles. The maximal water flow rate is 74 ± 6 µL/min and the pumps’ 

average blockingpressure is 51 kPa. The evaluation of the dosing precision for bolus de-

liveries with water and insulin shows a high repeatability of dosed package volumes. The 

pumps show a mean standard deviation of only 0.02 mg for 0.5 mg packages and therefore 

stay below the generally accepted 5% deviation, even for this extremely small amount. 

The high precision enables the combination with higher concentrated medication and is 

the foundation for the development of an extremely miniaturized patch pump. 

5.1. Introduction 

Medical care relies strongly on pharmaceutics to treat diseases. Intravenous or 

subcutaneous injections are an easy and very common way of administration. However, 

manual injections can be uncomfortable, require regular attention, and do not offer the 

possibility of continuous dosing. Automated delivery can circumvent these disad-

vantages.   

One well-known drug dosing application is the treatment of diabetes. The strict 

management of the blood glucose level is crucial for the patients' wellbeing [4]. It is 

known that continuous subcutaneous insulin delivery with a pump system improves pa-

tient’s care significantly compared to multiple daily injections [5, 6, 157]. Currently, two 

pump types for subcutaneous drug delivery are available: durable pumps in combination 

with an infusion set, and patch pumps. The latter reduce the need for regular disconnec-

tion, for instance when practicing sports or showering, and therefore enable a constant 

insulin supply. Moreover, the elimination of tubing leads to more comfortable and less 
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visible use and therefore improves the patient’s compliance. Consequently, patch pumps 

show to ameliorate the therapeutic success [3, 158]. Continuous drug delivery to specific 

tissues also leads to a better therapeutic result with limited side effects for specific cancer 

treatments and studies show that a delivery adapted to the circadian rhythm is beneficial 

[11, 12].   

Even though research pushes towards automated, small dosing units for patch ap-

plications or implantation, there is still improvement necessary [100]: Existing patch 

pumps for insulin delivery are large enough to be visible under clothing. Furthermore, the 

accuracy of currently available pumps is lower compared to durable pumps [8, 9, 61, 

159]. The improvement of the dosing accuracy as well as further miniaturization is there-

fore desirable.  

The drug delivery application demands for well-adapted properties under chal-

lenging conditions [100]. The device needs to be utmost reliable with high dosing accu-

racy and dosing stability, even against backpressure. In addition to demanding fluidic 

requirements, patch pumps need to be cost-efficient, since they are often at least partly 

disposable and need to compete with the cost of conventional therapy.  

Further miniaturization of delivery systems is possible based on micropumps that 

enable small and lightweight systems for energy-efficient delivery. Since the production 

is mostly based on standard, large scale processes, e.g. MEMS processes, costs are low if 

production numbers are sufficiently high. However, the use of micropumps implies new 

challenges. For instance, the transport of air bubbles that is usually unproblematic for 

macroscopic actuators, can lead to the failure of a micro diaphragm pump, since air is 

compressible and acts as a fluidic capacitance in the chamber of the displacement pump 

[32]. Additionally, surface tension becomes extremely relevant and the microfluidic ac-

tuator needs to be capable of moving the liquid meniscus through the system while over-

coming resulting capillary forces [39–41]. Bubble tolerance of diaphragm pumps can be 

achieved with adapted designs towards a large compression ratio, the ratio between dis-

placed volume and dead volume, that enables to overcome high air backpressure [32]. 

To enable the use of micropumps for drug delivery application, a sufficient dosing 

accuracy has to be guaranteed. However, up to date, micropumps presented in research 

are not tested extensively with respect to their dosing precision and reliability [100]. The 

only extensively tested, MEMS based patch pump system is the JewelPump developed 

by DeBiotech. The integration of a double limiter concept, several pressure sensors and 

the pretension of the passive flap valves enable stable dosing even at varying temperature, 

inlet and outlet pressure, or medium’s viscosity as well as a quick error detection [35, 

148, 149]. Borot et al. [61] confirm a high dosing accuracy compared to other insulin 

pump systems, and an exceptionally fast error detection. 

To further evaluate the usability of micropump based delivery systems, a detailed 

experimental characterisation of the fluidic properties, as well as the dosing precision and 

robustness of the fluidic actuator are necessary. However, the little volume of dosed pack-

ages and the small measured flow rates make an experimental evaluation extremely chal-

lenging.  

The norm IEC 60601-2-24 [58] regulates the assessment of dosing accuracy for 

drug dosing devices, also including patch pumps. Unfortunately, the proposed gravimet-

ric measurement is not described in detail and data is to be presented in a trumpet curve, 

which is often criticised by the scientific community [59]. In addition, the norm allows 

for a run-in period of up to one day that does not reflect the clinical application where 
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accurate dosing is required at all times [33, 59]. Hence, several improvements to the ex-

perimental assessment of dosing accuracy are proposed to evaluate insulin delivery sys-

tems: It is common to depict the average deviation of the dosed volume within a given 

observation time, or the accuracy of single doses [8, 10, 33, 60–62]. While optical flow 

detection that evaluates the volume in an accurate capillary is also used [62], most studies 

rely on gravimetric measurements [9, 33, 61]. It is necessary to minimize the influence of 

evaporation and condensation. Both, to cover the surface of the reservoir with oil [9, 33, 

61] as well as an evaporation trap are adequate methods [63]. Furthermore, hydrostatic 

pressure can influence the measurement, which is why the inlet and outlet reservoir 

should be levelled [33]. Even if drift is prevented with all means, drift correction is indis-

pensable for accurate data analysis.  

In this work, we use a gravimetric measurement based on the introduced studies 

to evaluate the dosing precision of our piezoelectric micropump. The 5×5×0.6 mm³ small 

pump is specifically designed for the requirements of drug delivery, including fluidic per-

formance such as flow and pressure capability, as well as the ability to transport bubbles. 

The precision of package dosing is investigated with water and insulin solution. There-

with, we evaluate the reproducibility of bolus dosing and investigate additional challenges 

caused by the change of the transported medium. This preliminary study is designed to 

investigate a general feasibility and reveal necessary improvements. The accuracy of an 

integrated pump in a closed-loop controlled dosing unit is the subject of subsequent stud-

ies.  

5.2. Materials and Methods 

All investigations in this work are conducted with Fraunhofer EMFT’s 

5×5×0.6 mm³micropumps (Figure 5.1) [110]. Compared to former versions of the pump, 

the chamber height is increased to 20 µm and the valve seat circumference as well as flap 

area are increased. Therewith, the fluidic resistance is reduced, which enables higher flow 

rates and the transport of higher viscous fluids.  

A set of ten pumps is used to establish statistical significance. All wetted surfaces 

are composed of silicon and respective native oxides. The pump consists of two valve 

layers and the actuator diaphragm with the glued on piezoelectric disc actuator (Figure 

5.1). Fluid transport bases on the indirect piezoelectric effect: an alternating high voltage 

signal causes the piezoelectric ceramic to expand and contract and thus induces an oscil-

lating upwards and downwards movement of the diaphragm. The resulting expansion and 

contraction of the pump chamber leads, in combination with the passive flap valves, to a 

directed fluid flow.  

The pumps are manufactured based on standard silicon processes (Figure 5.2). For 

the valve structure, two n doped silicon (100) wafers are covered with a silicon diox-

ide/silicon nitride hard mask that is subsequently structured by a lithography and dry 

etching process step (1). After the first KOH wet etching (2), one wafer is flipped and the 

wafer are bonded to form the valve unit. After oxidation and bonding the valve wafer 

stack is finalized with a grind and polishing step (3). A third silicon wafer (100) with a 

pre-etched micropump chamber is bonded on top of the valve wafer stack (4) and a grind 

and a spin etching process step finalize the actuator diaphragm of the micropump (5). The 

piezoelectric disc actuator is glued on the actuator diaphragm using a two-component 

epoxy adhesive (6). Table A.1 (Appendix A) gives an overview of the used material.  
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Figure 5.1 Schematic cross section (a) of a 5x5x0.6 mm3 silicon micropump (b) with a 4.5 mm pump cham-

ber diameter. The three grey layers represent the silicon pump body with the lower valve unit (I), the upper 

valve unit (II), and the actuator diaphragm (III) with the glued on piezoceramic (IV). For the fluidic char-

acterization, the pumps (IX) are mounted into a test housing (c) that consists of a polyether ether ketone 

body (V) with drilled fluidic paths (X), inlet and outlet capillaries (VI), a stainless-steel filter (VII), and a 

soft sealing (VIII).   

Bubble tolerance of the pumps is achieved with a specific adhesion process for 

the piezoelectric actuator [137]. During the curing phase, we apply an electric field that 

puts the ceramic in its contracted state. Once the glue is hardened, the voltage is discon-

nected and the ceramic expands and therewith bulges up the pump chamber. Due to this 

mounting technique, the compression ratio (ratio of displaced volume to dead volume in 

the chamber), is high, which is a condition for a high backpressure capability with com-

pressive fluids as well as robust bubble tolerance. The compression ratio of the silicon 

micropump is estimated from its design: Due to exact silicon manufacturing techniques, 

the volume of the pump chamber can be calculated easily. The stroke volume is deter-

mined analytically and confirmed during the fluidic characterisation of the pumps. Based 

on the dead volume and the single stroke volume, we calculate the compression ratio.  

The power consumption of the pump itself can be estimated considering the pie-

zoelectric actuator as ideal capacitor. The used disc actuators have a capacitance of 

2.45 nF. An actuation optimized for liquid transport (120 Vpp and 65 Hz) results in ap-

proximately 1.2 mW. To achieve maximal air flow, a higher voltage amplitude and a high 

frequency (150 Vpp and 1.6 kHz) are necessary, which requires approximately 440 mW, 

though an operation with a lower frequency is possible to limit the power consumption.  

For the large-scale production of the pump, we intend both the entire manufactur-

ing including piezo mounting, and the fluidic test of the pump to be realized on wafer-

level. To this end we developed a wafer-level tester that allows to reduce costs signifi-

cantly [156]. Assuming 200 wafer starts per week with an 8-inch process resulting in 

approximately 10 million pumps/year, we estimate 0.8 €/pump including front end, back 



 

5.   Piezoelectric Silicon Micropump for Drug Delivery Applications 

43 

end and test costs. This price bases on a yield of 90 % and does not comprise any margin, 

or additional costs for medical devices and regulatory affairs. 

 

 
Figure 5.2 Schematic depiction of the process steps to manufacture the silicon micro diaphragm pump 

starting with the application of a structured hard mask (1) and subsequent KOH wet etching (2) of the two 

valve wafers. After oxidation, bonding, and a grind step (3) the actuator diaphragm with a pre-etched 

micropump chamber is bonded on top of the valve wafer stack (4). The diaphragm is finalized by a grind 

and spin etching process step (5) and the piezoelectric disc actuator is glued on the actuator diaphragm 

(6). 

The ten pumps examined in this work are mounted into polyether ether ketone 

(PEEK) housings with glued in PEEK capillaries for fluidic connection (Figure 5.1). The 

pump chip is clamped onto a fluorine rubber sealing. At its inlet, the housing holds a 

stainless-steel filter unit with a pore size of 5 µm. The silicon pump chips remain in the 

housing for all conducted experiments.  

5.2.1. Basic Characterization 

The basic characterization of the micropumps includes optical stroke measure-

ment, air flow characterization, and water flow characterization.  

The optical stroke measurement evaluates the deflection of the actuator dia-

phragm due to a quasi-static voltage signal. The actuator position is detected with a white 

light profilometer (MicroProf 100 – CWL, FRT GmbH) including an optical sensor with 

a range of 300 µm and resolution of 100 nm. The quasi-static voltage signal in a range 

from -50 to 120 V is applied with a piezo amplifier (SVR 500−3, piezosystem jena 

GmbH). This voltage expands beyond the normal actuation voltage to enable the detec-

tion of mechanical contact between the actuator diaphragm and the chamber bottom 

shortly outside of the normal actuation range.  

Part of the characterization with air are the maximal achievable flow rate as well 

as pressure capability of the actuated micropump. We detect the air mass flow with an 

EL-Flow prestige (±0.5% accuracy, Bronkhorst) at the inlet of the fluid path. The back-

pressure is measured with the pressure sensor 26PCCFA6D (±1kPa accuracy, Honeywell) 

at the outlet of the closed fluid path. The alternating voltage signal of -30 to 90 V is 

applied with an Agilent 33120A frequency generator and amplified with a piezo ampli-

fier. To determine leakage rates, a controlled pressure (CPC3000, WIKA Mensor) is ap-

plied to the turned off pump’s outlet and the resulting flow is detected (EL-Flow mass 

flow meter) at the pump’s inlet.  
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The flow characterization with water includes the achieved mass flow at differ-

ent backpressures from 0.2 to 40 kPa. It is performed with a purpose-built fluidic setup: 

The reservoir, sensors and pump are connected with steel capillaries. The inner diameter 

of the capillaries is sufficiently large and therefore has a neglectable influence on the 

detected flow rate. A worst-case estimation based on the Hagen-Poiseuille equation re-

sults in a pressure loss of only 0.04 %. Pressure is applied as a nitrogen head-pressure 

over the outlet reservoir with a pressure generator (Mensor CPC3000) and verified in the 

fluid path 30 cm away from the pump with a Transducer WU-15 (WIKA). The water 

mass flow is determined with a Liqui-Flow from Bronkhorst (±1% accuracy). Amplifica-

tion of the 15 Hz rectangular waveform with sinusoidal flanks (approximately 130 Hz) is 

achieved with an SVR 500/3 amplifier from Piezomechanik GmbH. 

5.2.2. Bolus Characterization 

The dosing precision of our silicon micropumps is determined with deionized wa-

ter as well as insulin solution. A microgravimetric measuring method based on IEC 

60601-2-24 and the setup proposed by Kamecke et al. [33] is used to determine the water 

bolus precision. A schematic of the experimental installation is shown in Figure 5.3.  

 
Figure 5.3 Experimental setup for the gravimetric measurement of package dosing. The pump (IV) trans-

ports liquid through PEEK capillaries (III) from the inlet reservoir (VI) toward the outlet reservoir (II) that 

is placed on a balance (I). The pump is actuated with a signal generator and amplifier (V) and controlled 

with a laptop (VIII) that collects the recorded weight data. For priming, the inlet is connected with a pres-

sure controller (VII).  

Experimental characterization of the package dosing with water is conducted with 

nine pumps. Purified DI water is pumped from an input reservoir to an output reservoir 

which is placed on the Sartorius 225S scale (0.025 mg reproducibility). The pump is in-

stalled outside the scale’s measurement chamber in a casing. PEEK tubes (IDEX 

Health&Science 1538) are connected to the inlet and outlet tubes of the pump’s casing 

and inserted into the water in the inlet and outlet reservoir. The used capillaries have an 

inner diameter of 1 mm. The distance to the inlet is approximately 20 cm and the capillary 

length to the outlet approximately 40 cm. Both input and output reservoir are filled with 

water such that the surfaces are levelled to avoid effects of hydrostatic pressure. A 2 mm 

thick layer of oil (thermo scientific E33 (12017/00043)) is dispensed onto the water in the 

output reservoir to prevent evaporation. 
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The used silicon pumps are self-priming. However, to rapidly prime the dead vol-

ume of the setup, the system is passively primed. After the pump is connected we apply 

a positive pressure of 200 mbar to the inlet reservoir (Mensor CPC4000 pressure control-

ler) until no further air emerges from the outlet capillary. This priming procedure enables 

accurate measurements, since remaining bubbles in the fluid path and especially fluidic 

connectors are flushed out of the system. A Keysight 33500B waveform generator and a 

Piezomechanik SVR 500-1 amplifier are used to generate a rectangular waveform with 

sinusoidal flanks (100 Hz) with a voltage of -30/+90 V and a frequency to 65 Hz to op-

erate the micropump. 

The measurements are conducted for three bolus sizes of approximately 0.5025 

mg, 5.025 mg, and 50.25 mg. For U100 insulin solution, these packages sizes correspond 

to 0.05 international units (U), 0.5 U, and 5 U of insulin. In this experiment, the pumps 

are not closed-loop controlled and the number of strokes needed for a given bolus size is 

calculated with the average stroke volume of this pump type. Variation of the pumps due 

to manufacturing tolerances can cause the average bolus volume to deviate. We therefore 

do not aim to evaluate dosing accuracy, but rather the repeatability of package dosing, 

meaning the dosing precision. A calibration on each individual pump’s stroke volume or 

a closed-loop control can later be implemented to achieve sufficient accuracy. For each 

bolus size and individual pump, we dose forty volume packages by repeating a sequence 

of four dosages (active pump) and one subsequent reference measurement without dosing 

(inactive pump) for ten times. During the reference measurement, the pump is not actu-

ated, no fluid is transported, and the resulting dosed volume after drift correction should 

be zero. Hence, the reference measurement without pump actuation allows us to detect 

errors in the experimental setup. Based on the water characteristics for a pump frequency 

of 65 Hz, one actuator stroke delivers in average 62 µg of water. Thus, for the different 

bolus sizes, the required number of single strokes is computed to 8, 81, and 815 with a 

corresponding active time per dosage of 0.12 s, 1.25 s, and 12.54 s. The data is drift 

compensated based on approximately 33 s drift measurement conducted before each 

dosed bolus.  

Insulin dosage is evaluated with U100 of NovoRapid® (trivial name: insulin as-

part) from the company Novo Nordisk, where one millilitre of the solution contains 100 

international units (3.5 mg) of insulin. The experimental setup and procedure remain the 

same as was used for the characterization of the dosing precision with water. The only 

adaptation is the inlet reservoir, where we used a smaller jar to account for the limited 

sample volume. Due to a limitation of the insulin volume, the dosage of large packages 

was only possible for nine out of ten pumps.   

5.3. Results and Discussion 

Drug delivery applications require very specific characteristics, which makes a 

detailed experimental analysis indispensable. The results presented in this work include 

the evaluation of ten individual micropumps of the same batch regarding the silicon mi-

cromachining (frontend), piezo mounting (backend) and assembly.  

5.3.1.  Standard Characterization 

The characteristics and fluidic performance of the ten micropumps used for the 

evaluation of the dosing precision are summarized in Table 5.1.  
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The first indication for the functionality of a diaphragm pump is the achievable 

actuator stroke, since it directly determines the volume displaced within one pump cycle 

and, hence, achievable flow rates. Furthermore, the optical actuator stroke measurement 

allows to detect a touchdown, i.e., the mechanical blocking of further movement when 

the diaphragm reaches the chamber bottom. It causes a characteristic kink in the displace-

ment curve and limits the stroke volume. None of the tested pumps shows a touchdown. 

The average stroke (Δz) of all ten microactuators achieved with -20 to 100 V quasi-static 

actuation is Δz = 15.0 ± 1.1 µm leading to an approximate stroke volume (∆V=π∙R²/3∙∆z) 

of ΔV = 79 nL. This volume corresponds well to the characterization of similar pumps by 

Leistner et al. [110]. 

Table 5.1 Average mechanical and fluidic characteristics of the ten evaluated piezoelectric silicon micro-

pumps at a given actuation signal (amplitude; frequency). 

Fluid Characteristics Actuation Mean Value 

- Stroke Height -20/+100 V; quasi-static 15.0 ±1.1 µm  

Air Flow Rate -50/100 V; 1.6 kHz 

-30/90 V; 65 Hz 

6.5 ± 0.5 mL/min 

0.26 ± 0.07 mL/min 

Air Backpressure -30/90 V; 65 Hz 14.3 ± 0.3 kPa1 

DI Water Flow Rate at 0 kPa -30/90 V; 15 Hz 0.074 ± 0.006 mL/min 

DI Water Blockingpressure -30/90 V; 15 Hz  51.2 ± 0.9 kPa1  
1 The air backpressure and water blockingpressure are calculated from a linear fit of the backpressure 

measurement as depicted in Figure 5.4 

All pumps are characterized regarding their air transport, e.g., backpressure capa-

bility as well as frequency dependent air flow rate. The air flow achieved with an actua-

tion frequency of 65 Hz and a peak to peak voltage of 120 V, which is the signal used for 

later bolus dosing, is 0.26 ± 0.07 mL/min. With an actuation optimized for air transport 

(-50/100 V; 1.6 kHz), the pumps achieve higher flow rates of 6.5 ± 0.5 mL/min.  

The pressure capability when transporting air depends strongly on the compres-

sion ratio, which is approximately 0.15 for the 5×5 mm² silicon pump and is sufficient 

for gas transport [32, 135]. Sufficient backpressure capability with air is a condition for 

bubble tolerance and therefore evaluated with the same actuation signal used for fluid 

transport, even though this actuation is not optimized for air transport. From a linear fit 

of the pressure dependent mean air flow of all samples we calculate a backpressure capa-

bility of 14.3 ± 0.3 kPa (Figure 5.4).  

The water flow rate with and without applied backpressure is analysed for all 

pumps (Figure 5.4). Without additional backpressure, the mean water flow rate of the ten 

pumps is Qwater,0kPa = 74 ± 6 µL/min. With U100 insulin, this allows to deliver a bolus 

of 10 U in approximately 90 s and puts our micropump in the same range of delivery 

speed as currently available delivery systems [60].  

A linear regression of the water flow rate at increasing backpressures allows to 

determine the blockingpressure, where the flow reaches zero. At 40 kPa the average 

achieved flow rate is Qwater,40kPa = 16 ± 7 µL/min and the linear regression shows an ex-

trapolated blockingpressure of pblock = 51.2 ± 0.9 kPa. The results are in good agreement 

with previous research [110]. The high achievable pressure is necessary to overcome 

counterforces in a delivery system. While the pressure of the tissue as well as the fluidic 
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backpressure of the channels are low for reasonable flow rates, clogging of the injection 

site might cause a high backpressure that the pump needs to overcome.  

 

 
Figure 5.4 Flow characterization of the ten micropump samples. (a) Average air flow rate of the ten pumps 

at varying backpressure. The pumps are actuated with -30/90 V and 65 Hz. The extrapolated achievable 

backpressure is 14.3 kPa. The error bars depict the standard deviation. (b) Average water flow rate of the 

ten pumps at varying backpressure. The pumps are actuated with -30/90 V and 15 Hz rectangular waveform 

with sinusoidal flanks (approximately 130 Hz). The extrapolated blockingpressure is 51 kPa. The error 

bars depict the standard deviation.  

5.3.2. Bolus Precision Investigation 

The repeatable precise dosing of small volume packages is indispensable for bolus 

drug delivery. In this work, we aim to evaluate the repeatability of package dosing of our 

5×5 mm² micropump without the influence of a control unit. Thus, we test in an experi-

mental setup that is not closed-loop controlled. We dose a package size that is defined by 

the number of single strokes performed and aims at an approximate quantity. However, 

small variations between the pumps due to manufacturing tolerances cause the average 

package size to differ slightly for the pumps. This deviation can later be prevented based 

on individual calibration and closed-loop control. However, a precondition for a well 

working controlled dosing unit is a high reproducibility of dosed individual volume pack-

ages. We therefore present a detailed investigation of our pump’s dosing precision. 

In preliminary experiments we evaluate the package dosing with water. Figure 5.5 

shows the precision of the tested pumps when dosing small, medium and large packages 

with approximately 0.5 mg, 5 mg, and 50 mg, respectively. These packages are the equiv-

alent mass of insulin solution needed to deliver 0.05 U, 0.5 U and 5 U of insulin.  

It is clearly visible that the dosage of extremely small packages is more challeng-

ing. The sample to sample variation between the forty individually dosed 0.5 mg packages 

is higher than for larger packages. However, the standard deviation also varies for the 

pumps and ranges from 2.5 % to 14.9 %. Five out of nine pumps show high dosing pre-

cision even for small packages with a standard deviation of less than 3 % and two pumps, 

µP_03 and µP_06, show approximately 5 % deviation, which is generally considered ac-

ceptable by pump manufacturers [33]. Only two pumps µP_02 and µP_05 dose the forty 

volume packages with a standard deviation of over 10 %. 

For larger packages, such as 5 mg and 50 mg the standard deviation tends to be 

smaller. For 5 mg packages it ranges from 0.2 % to 1.8 % with only one outlier, µP_6, 

with a standard deviation of 4.8%. This higher deviation is likely caused by air in the fluid 
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path, since four consecutives out of forty packages deviate. This is likely the case if a 

bubble passes the pump and needs some strokes to be ejected before efficient fluid 

transport continues. The air can be entrapped in connectors, capillaries, or the edges of 

the test housing. Therefore, a geometric adaptation of the fluid path, e.g., reducing sharp 

edges, can facilitate priming and minimize the occurrence of bubbles that reduce the dos-

ing precision. Such design recommendations also hold for fluid reservoirs and paths in 

the drug delivery application, since bubbles can also occur during drug dosing. Since it is 

impossible to reliably prevent bubbles at all times, the higher deviation detected for one 

sample is a relevant drawback. An increased independence of bubbles is therefore desir-

able for future improvements of the introduced pump.  

 

 
Figure 5.5 Repeatability of package dosing for each individual micropump (µP_01 to µP_10) with water 

for small (a), medium (b) and large (c) packages of approximately 0.5 mg, 5 mg and 50 mg, respectively. 

The overview (d) of the mean dosed weight and the mean standard deviation of all tested pumps shows an 

overall high dosing precision.  

Package dosing with insulin shows generally slightly higher standard deviation 

for all package sizes (Figure 5.6). Similar to water dosing, the small package size of 

0.05 U is challenging, since it only contains eight pump strokes. Nevertheless, four out 

of ten pumps (µP_3, µP_5, µP_6, µP_9) show a standard deviation under 3 % and only 

µP_7 and µP_10 dose 0.5 mg with a standard deviation of over 10%.  
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For 0.5 U and 5 U packages, the standard deviation varies between 0.3 and 6.5%, 

however only two pumps, µP_6 and µP_10, show standard deviations over 5%. The slight 

decrease in precision for the insulin dosing compared to water dosing is probably due to 

poorer priming of the fluid path, e.g., fluidic connectors and filter chamber of the test 

housing. The sample volume was limited and less fluid could passively be pushed through 

the setup to flush all air from the system. Furthermore, a high surface tension causes the 

liquid-air interface to be more stable for the insulin solution compared to DI water. Thus, 

the transport of bubbles through the valves, the pump chamber or fluidic connectors re-

quires more pressure and has an increased impact on the fluid transport. Hence, an opti-

mization of the pump towards higher bubble tolerance and bubble independent dosing is 

even of higher relevance when changing the dosed medium from DI water to insulin so-

lution. 

 
Figure 5.6 Repeatability of package dosing for each individual micropump (µP_01 to µP_10) with No-

voRapid U100 insulin injection solution for small (a), medium (b) and large (c) packages of approximately 

0.05 U (~0.5 mg), 0.5 U (~5 mg) and 5 U (~50 mg), respectively. The mean dosed weight and the mean 

standard deviation (d) are similar to experiments conducted with water.  

Overall, the experiments show a high dosing precision of the 5×5 mm² silicon 

pump. For 0.5 U and 5 U, only one pump shows a higher standard deviation than the 

generally required 5%. This high achieved precision stands out in comparison to insulin 

delivery units on the market. For example, Laubner et al. [8] analyse two commercially 
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available units and show that only 20% of 0.5 U bolus are delivered within ± 5 % accu-

racy [8]. The high precision possible with this piezoelectric micro diaphragm pump for 

0.5 U (5 mg packages) can therefore enable a dosing unit with higher precision than cur-

rent insulin delivery systems available on the market.  

The smallest package size tested in this work is not commonly tested for insulin 

dosing systems and most studies start their experiments with 0.5 U or 1 U [8, 60]. Only 

Zisser et al. [62] consider small bolus sizes of 0.05 U, however, for accurate measure-

ments, they calculate the accuracy from series of ten to twenty doses. The detection of 

outliers is therefore not possible.  

The analysis of 0.05 U packages shows that most of the tested pumps are able to 

dose these small units precisely with seven out of ten pumps showing a standard deviation 

of 1.9 to 3.5%. Only two pumps dose packages with a standard deviation of more than 

10 %. For those pumps, a time dependent decrease in package size is visible. However, 

this decrease in performance is not permanent, since the pump regains the expected pack-

age size for the consecutive measurement of 0.5 and 5 U packages. The decrease can be 

caused by insufficient priming: enclosed air in the outlet capillary is transported to the 

outlet reservoir on the balance and impairs the correct detection of transported volume. 

Additionally, the introduced silicon pumps are bubble-tolerant due to their compression 

ratio. However, dosing is influenced by air bubbles passing through the pump chamber. 

That means that the pump is able to transport the liquid-air interfaces, but the dosed pack-

age volume decreases until the chamber is filled with liquid. To achieve high accuracy 

even with bubbles in the system therefore requires active control. Closed-loop control 

systems can detect undelivered strokes and trigger compensating strokes.  

The high dosing precision that we achieve with the presented pump makes a com-

bination with higher concentrated insulin imaginable. We were able to show a similar 

dosing precision for 0.05 U packages that pumps on the market have for 0.5 U. Thus, it 

is imaginable to deliver U 500 or U 1000 insulin. The comparatively high pump chamber 

of the micropump enables transport of more viscous solutions due to higher insulin con-

centration, which will be evaluated in subsequent studies. The combination of high con-

centrated insulin solution with this small MEMS pump allows the development of an 

extremely compact and energy-efficient dosing unit with only a small insulin reservoir.  

5.4. Conclusions 

In the presented preliminary experiments, the introduced piezoelectric micro dia-

phragm pump proves well adapted for drug delivery applications. Its relatively large com-

pression ratio (compared to other state of the art MEMS pumps) enables self-priming as 

well as the transport of bubbles, though the dosing precision is not independent of bub-

bles. The fluidic performance meets the requirements of microfluidic drug delivery. The 

water flow rate of 74 ± 6 µL/min allows the delivery of 10 U of insulin (0.1 mL drug 

solution) within 45 s, which is in the same range as macroscopic automated dosing units 

on the market [60]. The blockingpressure of 51 kPa of the pumps is high enough to over-

come the physiological backpressure as well as additional flow restrictions due to clog-

ging of the injection site.  

The pumps show a high repeatability of package dosing. However, the precision 

decreases slightly with insulin compared to the transport of DI water. The higher surface 

tension of insulin solution increases the pressure necessary to transport air bubbles 
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through the chamber. The decrease of precision shows that a pump that doses more inde-

pendently of bubbles is desirable for the transport of insulin solution. Such a fluidic actu-

ator can be achieved with design modifications towards a further decrease of the valve’s 

capillary pressure and a higher compression ratio. The increased compression ratio o re-

quires a smaller pump chamber to decrease the dead volume. In future design adaptations, 

the compatibility of such a pump with higher concentrated drugs and therefore liquids 

with a higher viscosity, needs to be evaluated carefully. In subsequent development steps, 

the integration of our pump with a miniaturized, capacitive volume control will enable 

closed-loop control of the dosing unit, which allows for higher dosing accuracy even with 

occurring disturbances. Nevertheless, the presented experimental results already show 

that even small packages of approximately 0.5 mg are dosed as precise as commercial 

pumps dose larger packages of 5 mg. Hence, the 5×5 mm² silicon micropump is suitable 

for a precise dosing of a U100 insulin. Furthermore, this high precision enables a combi-

nation with higher concentrated drugs, which limits the needed reservoir size as well as 

reduces the volume to be dosed. This enables a lower energy consumption and therefore 

smaller batteries. Hence, the overall size of the delivery device can be significantly re-

duced. The development of small and comfortable patch pumps or even implantable sys-

tems is therefore attainable. 
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Abstract  

Medical devices often require precise movement of fluids. Automated implants 

with no need for manual handling improve patient care significantly. However, existing 

microfluidic devices do not fulfil the necessary specifications of size, safety, hermetic 

sealing, and artefact free medical imaging, as well as energy-efficiency combined with 

adapted fluidic properties. In this work we designed, manufactured, and experimentally 

evaluated three piezoelectric microfluidic devices for implant automation: a diaphragm 

pump, a normally closed valve, and a normally open valve. All devices are made of tita-

nium, minimizing the risk of artefacts in medical imaging. They have similar form factors 

and use the same actuation method. For the later, a specific mounting process of the piezo 

actuator enables outstanding fluidic performance during experimental evaluations. The 

titanium micropumps show a maximal flow of 14.0 ± 2.2 mL/min and pressure build-up 

of 75 kPa. The normally closed valve’s leakage rates are extremely low with less than 

1 μL/min. Detailed investigations further include the actuator stroke, a lifetime study for 

normally open valves, and a numerical and experimental evaluation of the normally 

closed valve’s spring foil. The introduced titanium technology platform is ideally suited 

for system integration accounted for by the use of the same actuation principle and the 

similar form factor and a simple design. The development of small, smart, and energy-

efficient implants for improved treatment is possible based on the introduced platform. 

6.1. Introduction 

The transport of liquids is a ubiquitous task in implantable medical applications. 

Examples are, among others, microfluidic systems to move body fluids, dose medication 

precisely, or hydraulic implants [1–3] . Prosthetic hands [160], extra-aortic balloon (EAB) 

pumps [161], as well as artificial sphincters base on hydraulic actuation. These implants 

can be realized using flexible, fluid-filled actuators, such as artificial fingers [160], or a 

cuff placed around a vessel or muscular tube, to facilitate a biological function. The ac-

tuators are operated using intra- or extracorporeal pumps and/or valves. Cuffs in EAB 

devices are dynamically pressurized by extracorporeal pumps to levels of 250 to 

300 mmHg (333 to 400 mbar), providing cardiac support by increased blood flow for 

patients suffering from heart failure [161]. However, current systems are too large for 

implantation. Sphincter implants [162, 163], restore opening and closing functionalities 

in the rectal or urinary path. Current systems on the market are manual devices which the 

patient operates by hand. Furthermore, the physician sets the pressure to a fixed level that 
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is not adapted to the patient’s activity, which can cause tissue damage. Even if specifica-

tions vary largely with the use case, a small, light, automated, and user-friendly device is 

desired for future developments of implants. Ever since the first studies on piezoelectric 

diaphragm pumps [164], many different kinds of micropumps have been developed to 

enable reliable, safe, and economic medical products [27, 67].  

Micropumps in research achieve water flow rates of up to 9.1 mL/min or water 

pressures of up to 40 kPa, though fail to exhibit high flow and pressure simultane-

ously [21]. Additionally, the occurrence of bubbles due to degassing or cavitation [42] 

impacts the fluidic performance. For safety reasons, medical applications require bubble 

tolerance, even under backpressure. We therefore seek to develop a high performance 

micropump with bubble tolerance capabilities. This is ensured by an adapted design in-

cluding a large compression ratio (ratio of displaced volume to dead volume in the pump 

chamber [32]). A high ratio can be achieved by a specific mounting procedure for the 

piezo ceramic: a voltage, applied during glue hardening, causes the actuator diaphragm 

to permanently bulge out, creating the pump chamber [137]. The achieved compression 

ratio leads to a high-pressure build-up with air and enables bubble tolerance. 

Microvalves are an important additional component for implantable applications, 

for instance as a safety measure. Based on different actuation methods, e.g., piezoelectric, 

shape memory alloy, electrostatic, or magnetic, various types of microvalves have been 

developed [165, 166]. The two basic groups of valves are normally closed (NC) and nor-

mally open (NO) valves. NC valves block the fluidic path, only opening when actuated. 

By contrast, NO valves allow flow while not actuated and are actively closed. Both types 

offer adapted properties for different applications. Examples of piezoelectric valves are 

presented in research [167–169]. Water leakage rates as low as 0.013 µL/min [170] and 

water free flow of up to 8.75 mL/min [171] are achieved. In contrast to existing mi-

crovalves, we want to combine low leakage of a soft sealing on a solid valve seat with a 

large free flow operating range. Valves are designed to benefit from the high force and 

fast response time abilities of piezoelectric actuation, which allows their usage in chal-

lenging flow conditions such as high differential pressure. 

Fluidic conditions are not the only demanding aspect in microfluidic systems. The 

electrical system needs to be hermetically sealed from the fluid path to prevent damage. 

Use within the human body requires additional sealing, and every material in contact with 

tissue has to be biocompatible. Metal pumps, such as stainless steel pumps [172, 173], 

offer welding as possible hermetic sealing. However, stainless steel has a large disad-

vantage when it comes to long-term medical implants: this material causes artefacts in 

magnetic resonance imaging (MRI) scanning, as evaluations on different implants have 

shown [174–176]. A suitable material to solve this issue is titanium which offers numer-

ous advantages for use in medical applications [177] in addition to its MRI compatibility: 

When exposed to air, its surface forms biocompatible and antibacterial titanium diox-

ide [178, 179]. Titanium components can be hermetically sealed from the human body, 

e.g., by welding titanium covers to them [180]. Since no different materials are bonded 

together, the risk of galvanic corrosion is minimized [181]. So far there are examples of 

micropumps and valves partly manufactured of titanium [37, 182–184].  

In our work, we develop a titanium platform of micro fluidic devices for medical 

implants. It includes new designs of a NO valve and a NC valve, making use of the ben-

eficial properties of titanium. In addition, we adapt the proven design of known steel 

micropumps [172] to titanium. The small and light devices are designed to allow easy 
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integration into efficient products. These automated solutions aim to increase patients’ 

comfort.  

6.2. Micropump and valve design 

Hydraulic actuators usually rely on a combination of pumps and valves. For mi-

crofluidic implants, many combinations are imaginable and design strongly depends on 

the exact use case. Figure 6.1 depicts a generalized fluidic setup for hydraulic actuation. 

The pump actively transports fluid from P1 to P2 and builds up a pressure, while an active 

valve maintains or releases the pressure as needed. P1 and P2 are volumes that can either 

be the hydraulically actuated part or a fluid reservoir. In case of a malfunction such as the 

loss of power, the implant has to remain in a safe state, where any critical pressure is 

released to prevent risk of injury. Therefore, depending on the exact design, e.g., a pres-

surized or non-pressurized reservoir, the use of a NO or NC valve is required. A NO valve 

ensures pressure release in non-actuated state, for a hydraulically actuated volume at P2 

where a permanently applied pressure can cause injury. Whereas if a constant pressure is 

unproblematic regarding safety aspects, a NC valve can be used to enable a more energy-

efficient use.  

In general, piezoelectric actuation allows for energy-efficient driving (v.i., “Ex-

perimental Results and Discussion”) [27]. Even a NO valve, operated to be closed most 

of the time, does not require excessive energy, since the piezoelectric ceramic acts as a 

capacitance and leakage currents are low. Hence, the applied voltage remains stable over 

long periods. Therefore, this titanium technology platform enables the development of 

space and energy-efficient products.  

 
Figure 6.1 Fluidic setup of a hydraulic actuation unit. The pump transports fluid between a reservoir and 

the actuated part, which are depicted as P1 and P2 here. The valve can maintain and release the built-up 

pressure as required. Different working principles achieved with alternative circuit arrangements are pos-

sible. The decision for a normally closed or a normally open valve depends, among others, on safety as-

pects, since a pressure release of the actuated part in the case of power loss is often necessary.  

For easy combination, we design the three devices to use the same actuation prin-

ciple, be manufactured in similar processes, and be geometrically alike. Titanium and 

FKM, the wetted materials of the microfluidic devices developed, were sourced in medi-

cal grade. Those materials exhibit beneficial traits and are already used in medical de-

vices. However, a detailed biocompatibility testing is necessary and not yet part of this 

study, which focuses on the technical development. Since the hydraulic fluid system is a 

closed-circuit setup, contact to the body does not occur during orderly function. A critical 
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element is the piezoelectric actuator. The lead content as well as the electric contact makes 

hermetic sealing and electric isolation indispensable. The devices are designed to allow 

such sealing, e.g., by laser welding.   

6.2.1. Titanium pump  

The design of the titanium micro diaphragm pump (Figure 6.2 a) is similar to our 

steel pumps [172]. The pump includes a titanium body in combination with a glued on 

piezoelectric disc actuator (PIC 151, d = 16 mm; 200 µm) (Figure 6.2 c). The body con-

sists of a base plate and three titanium foils: two valve foils and one actuator foil. All 

metal parts are laser welded to form the impermeable pump chamber. The current device 

has a diameter of 20 mm and a height of 1.5 mm.  

 

Figure 6.2 (a) Picture of a piezoelectric titanium micropump; (b) working principle. Due to the indirect 

piezoelectric effect, an alternating high voltage causes an oscillating movement of diaphragm. In combi-

nation with two passive spring valves, this leads to an effective flow; (c) model of the pump showing the 

piezo actuator (I), the pump body (III), the inlet (IV) and outlet (V). d section of the outlet valve (V) welded 

to the pump body (III) with piezo ceramic (I) glued to the actuator diaphragm (II).  

Pumping bases on the indirect piezoelectric effect, causing a mechanical defor-

mation when the piezoelectric ceramic is exposed to electrical actuation. Hence, applying 

an alternating high voltage signal results in an oscillating vertical diaphragm deflection 

and creates a fluid movement through two passive spring valves (Figure 6.2 b).  

The pretension technique [137] for piezo mounting promotes a high pumping per-

formance. The ceramic is exposed to a defined electric field while curing the glue. There-

fore, bonding takes place in a contracted state of the piezo. After curing, the voltage is 

removed and the expansion of the ceramic bulges out the pump chamber. This specific 

mounting establishes a large compression ratio (displaced volume / dead volume) and 

therefore leads to self-priming and bubble-tolerant pumps up to at least 30 kPa. 

6.2.2. Normally open valve 

The design of the titanium NO valve is similar to the titanium pumps, though the 

passive check valves are omitted (Figure 6.3 a). The bending actuator is a 100 µm tita-

nium foil with a glued on piezo ceramic (PIC 151, d = 16 mm; 200 µm). It is laser welded 

to the valve body, which includes two drilled openings for valve inlet and outlet. An O-

ring soft sealing (medical grade FKM, nominal thickness of 500 µm), integrated into the 
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valve body before laser welding, enables low leakage rates. The current device has a di-

ameter of 20 mm and a height of 2.6 mm. 

 
Figure 6.3 (a) Model of a normally open valve showing the bending actuator (I), the valve body (II), the 

outlet (III) and inlet (IV) as well as the FKM sealing (V). (b) working principle. In the non-actuated state, 

the diaphragm hovers over the sealing, allowing for fluid flow. Using the indirect piezoelectric effect, the 

valve can be actively opened, further decreasing its fluidic resistance, or actively closed, using a high 

positive voltage to compress the sealing. 

During non-actuated mode, fluid can pass through the clearance between the soft 

sealing and actuator membrane of the NO valve (Figure 6.3). Exposure of the piezo ce-

ramic to an electrical field causes a deflection towards the valve chamber bottom. Even-

tually, the diaphragm compresses the O-ring and blocks fluid movement (Figure 6.3 b). 

The pretension technique for piezo mounting is the driving factor for the valves’ fluidic 

performance in its open state. It adjusts the chamber height and therefore determines the 

valve’s fluidic resistance. Blocking is ensured as long as the actuator’s force is greater 

than the force introduced to the membrane by fluid pressure. The NO valves use the same 

bending actuator as the titanium pumps and therefore overcome a minimal pressure of 

80 kPa.  

6.2.3. Normally closed valve  

While the overall setup of the normally closed valve is more complex (Figure 6.4 

a and b), its bending actuator is the same as for the pumps and NO valves. The NC valve 

includes an O-ring (medical grade FKM, nominal thickness of 500 µm) that is integrated 

into the valve’s body. The soft sealing is compressed by a plunger, suspended by a 

50 µm thin spring foil that pulls it upwards. The current device has a diameter of 20 mm 

and a height of 3.6 mm.  

For manufacturing, the plunger is inserted in the valve body from beneath, bring-

ing it into contact with the soft sealing. The spring foil is welded to the plunger and sub-

sequently to the valve body. A difference in height of the two weld planes causes the 

initial pre-displacement of the spring foil, which pulls the plunger upwards and com-

presses the soft sealing. The pre-displacement is designed to be 100 µm, adding up the 

difference in height of the plunger and the valve body, and the soft sealing’s elevation. 

The valve body, the plunger, and the spring foil form the impermeable valve chamber. 

Finally, the actuator foil is laser welded to the valve body.  

Blocking of the flow in non-actuated mode is ensured due to the spring foil’s re-

storing force (Figure 6.4 c). Moreover, a pressure acting on either the spring foil or the 

plunger induces an additional closing force. Therefore, a fluidic pressure applied on either 

the valve’s inlet or outlet increases sealing of the double normally closed valve. A high 

voltage on the bending actuator causes the diaphragm, and therefore the plunger, to move 

downwards. The plunger loses contact to the soft sealing and opens the fluid path (Figure 
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6.4 c). Opening takes place as long as the actuator’s force is greater than the restoring 

force of the spring foil.  

 
Figure 6.4 (a) Section of a normally closed valve showing the valve body (II), the plunger (III), the sealing 

notch (V) as well as the inlet of the valve (IV).The plunger (III) is welded to a spring foil (IV) and com-

presses a FKM sealing in the notch (V). (b) model of the valve including the glued on piezo actuator (I). 

(c) working principle. In non-actuated state, the spring foil pulls the plunger up, closing the valve’s outlet. 

The indirect piezoelectric effect causes the actuator diaphragm to move downwards when a high voltage is 

applied, which opens the fluid path. 

The initial spring force displacement is crucial for a functioning device, since it 

determines the balance of sufficient opening in actuated state and low leakage in closed 

mode. Therefore, the elastic behaviour of the spring foil is investigated experimentally 

and with finite-element-modelling (FEM) simulation. By variation of the initial spring 

displacement its effect on the spring force is determined.  

6.3. Materials and methods  

For assembly of the novel micropump and valves, we use solely titanium, since it 

offers high resistance to plastic deformation and is commonly used in medical applica-

tions[185]. Rigid parts, such as the pump/valve body, or the plunger of the NC valve, are 

manufactured using high precision milling. The structured foil components are etched 

from cold-rolled titanium sheet material of different thicknesses (from 25 µm to 100 µm). 

Inspecting the topologies of all components ensures flatness of foils, surface smoothness 

of milled parts, and compliance with geometric requirements. For assembly, foil compo-

nents are welded to the pump/valve bodies using a fibre laser. The parts are aligned with 

dowel pins and firmly pressed together to ensure a high-strength bond resulting in her-

metic sealing of the devices’ chambers. After laser welding, piezo ceramics are mounted 

using a two-component epoxy glue.  

6.3.1. Stroke measurements  

The stroke measurement describes the optical detection of the diaphragm displace-

ment using a quasi-static voltage (amplifier SVR 500-3, piezosystem jena GmbH). Exact 

movement is determined with a white light profilometer (Fries Research and Technol-

ogy). The optical sensor has a range of 3 mm and a maximal resolution of 30 nm. The 
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applied voltage passes through the whole range of interest several times to detect the 

hysteresis as well as initial repolarization of the ceramic. The measurement automation 

ensures that the time between two recorded voltages is kept constant, minimizing piezo-

electric time effects as sources of error. The measurement accuracy of the total actuator 

stroke is 2 µm, as evaluated from repetitive measurements of several samples.   

Furthermore, displacement measurements investigate the NC valve’s initial spring 

tension and elastic behaviour. We manufactured four samples specifically for this meas-

urement. The plunger of the valve is not covered with an actuator membrane and can 

therefore be accessed directly by an applied pressure. A pressure controller (Mensor 

CPC3000: range -0.5 bar to 2 bar, accuracy: ± 0.5 mbar) applies an increasing pressure 

to the top side of the spring foil, thus forcing a movement of the plunger that is detected 

optically.  

6.3.2. Fluidic test  

We conduct fluidic characterization for each manufactured sample using DI water 

at room temperature. The sensors used are: Coriflow sensors of different ranges (Bronk-

horst MINI CORI-FLOW M14: range 0.5 mL/min to 167 mL/min, accuracy: ± 0.2% and 

ML120V00: range 0.8 µL/min to 500 µL/min, accuracy: ± 0.2%); a pressure controller 

(Mensor CPC3000; v.s.) and two piezoresistive pressure sensors (EPCOS Gauge pressure 

transducers AKR 1.000 C40: range 0.0 bar to 1.0 bar, accuracy: ± 6 mbar). The latter are 

placed in the flow path to evaluate the pressure drop over the sample. It is important to 

notice that the use of coriflow sensors depicts an additional flow resistance in the fluidic 

path and therefore diminishes the achievable flow rate. Thus, the presented results are the 

minimal achievable performance.  

Micropumps are fluidically characterized by their frequency-dependent flow rate 

at zero backpressure, their pressure dependent flow, and leakage. For evaluations of the 

frequency-dependent flow rate, the pump is actuated with a sinusoidal actuation 

of -0.4 kV/mm to 1.5 kV/mm. A frequency sweep from 5 Hz to 80 Hz is conducted and 

the resulting flow recorded after stabilization. All experiments are realized using the same 

setup, since any changes in the periphery can cause large differences in fluidic perfor-

mance. Furthermore, pressure dependent flow with 30 Hz sinusoidal actuation is meas-

ured. A linear extrapolation of the data enables calculation of the theoretical blocking 

pressure. We shorten measurement time of the large number of samples by omitting ex-

perimental investigations of the blockingpressure. In addition to active flow, we evaluate 

leakage through the passive check valves with pressure up to 40 kPa. 

Fluidic testing of microvalves includes testing of the actuated and non-actuated 

mode. In our experiments, valves are actuated using a sinusoidal signal with a frequency 

of f = 0.01 Hz and electric fields of -0.4 kV/mm to 2.0 kV/mm. We evaluate the pressure 

dependent characteristics of an actuated valve for closing and opening lead times. For 

both actuated and non-actuated valve testing, an applied head pressure is varied using a 

pressure controller. During open valve testing, the fluid pressure allows a flow through 

the valve and the flow rate dependent on the electrical field is measured. For closed valve 

testing, the pressure dependent leakage through the valve is tested.  

6.3.3. Simulation 

For investigation of mechanical tension within the foil components of titanium 

devices, ANSYS workbench 2019 R1 is used for FEM analysis. Nonlinear analysis of 
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large-deformation loads on thin foils is conducted for evaluation of pressure-induced de-

formations in the elastic regime. This data is compared to mechanical evaluation and cru-

cial for further valve development.  

6.3.4. Data Statement 

The actuator stroke, fluidic test, and simulation data that support the findings of 

this study are available in Fordatis – Research Data Repository of Fraunhofer-Gesell-

schaft with the identifier [http://dx.doi.org/10.24406/fordatis/74] [186].  

6.4. Experimental results and discussion 

Medical applications, such as hydraulic implants, require very specific fluidic 

characteristics. A detailed experimental evaluation is necessary to adapt devices to those 

requirements and improve the pump and valves further. Table 1 provides an overview of 

the introduced devices and their fluidic characteristics described hereafter.  

Table 6.1 Overview of design parameters and experimental results of the introduced devices 

 Titanium 

Pump 

Stainless 

Steel Pump 

Normally 

Open Valve 

Normally 

Closed Valve  

Number of tested sam-

ples  

24 24 24 3 

Size in mm³ Ø 20×1.5  Ø 20×1.5  Ø 20×2.6 Ø 20×3.6 

Driving Voltage in V -80 to 300  -80 to 300  -80 to 500  -80 to 400  

Frequency in Hz up to 80 up to 80 not applicable not applicable 

Stroke height in µm  79.2 ± 4.3 79.8 ± 2.9 57.3 ± 6.3 39.9 ± 4.0 

Energy consumption in 

J/L (linear regime) 

330 330 not applicable not applicable 

Energy consumption in 

J/L (maximal flow rate) 

420 440 not applicable not applicable 

Maximal flow rate in 

mL/min 

14.2 ± 2.5 12.2 ± 2.2 not applicable not applicable 

Extrapolated block-

ingpressure in kPa 

75 75 not applicable not applicable 

Leakage at 5 kPa back-

pressure in µL/min 

50 ± 40 40 ± 10 3.4 ± 6.3 2.6 ± 1.9 

Open state flow at 

20 kPa in mL/min 

not applicable  not applicable 27.5 ± 5.3 9.0 ± 9.5 

Leakage at 20 kPa in 

µL/min  

not applicable not applicable 10.9 ± 28.1 0.36 ± 0.15 

6.4.1. Titanium pump  

To assess the titanium pumps’ performance, we manufactured a batch of our 

known steel pumps in parallel to titanium samples and compare the obtained results.  

The actuator stroke of a micro diaphragm pump determines the displaced volume 

per actuation cycle. Optical stroke measurements serve as initial function tests and enable 

the detection of a touchdown of the diaphragm to the pump chamber bottom, caused by 
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deviations during the piezo mounting process. Figure 6.5 a displays an example of a tita-

nium pump stroke measurement. The quasi-static actuation is applied from -0.4 kV/mm 

to 2 kV/mm, covering the operating range as well as an additional positive voltage range 

for potential touchdown detection. The piezoelectric hysteresis is clearly visible.  

The stroke of 24 titanium samples is 79.2 ± 4.3 µm. It is compared to 24 steel 

pumps’ average stroke of 79.8 ± 2.9 µm (Figure 6.5 b). None of the overall 48 samples 

exhibit a touchdown. Titanium and steel actuator foils have a thickness of 100 µm. Since 

titanium is more flexible than steel (Young’s modulus of ETi-foil = 112 GPa compared to  

ESteel-foil = 195 GPa [187, 188]), one expects a higher actuator stroke. Using considera-

tions of Herz et al. [155], we calculated the theoretic difference as approximately 7 µm. 

Nevertheless, we cannot detect this difference. Other influences such as variations during 

laser welding, piezo mounting, and deviations in the raw material overlay the influence 

of the Young’s modulus. For instance, incoming goods inspection of the used piezo lot 

reveals an average thickness of 202 ± 2.8 µm, capacitance of 21.9 ± 0.6 nF and weight of 

314 ± 4.4 mg. Comparison of each individual piezo characteristic and device perfor-

mance reveals no direct dependence. This is due to the sample size of 48 devices, which 

does not allow to differentiate all influencing parameters.  

Figure 6.5 c shows the measured flow rate of titanium and steel pumps. Both show 

an initial linear frequency dependence of the flow. Within the linear range, the average 

flow rate of titanium and steel pumps is alike and reaches up to 11 mL/min. Nonlinear 

behaviour starts at approximately 30 Hz, where the inertia of the fluid and passive check 

valves limits further linear increase and causes a decrease of flow for even faster actua-

tion. The maximal flow is higher for titanium pumps with 14.2 ± 2.5 mL/min compared 

with 12.2 ± 2.2 mL/min for steel pumps. However, error bars of both groups overlap. The 

cause for the deviation in maximal flow rate without any difference in the linear regime 

is not yet solved conclusively. A hypothesis is that the increased elasticity of the spring 

valves due to the change in material can lead to higher flow rates as inertia effects are less 

pronounced. It is important to note that the maximal flow strongly depends on the fluidic 

periphery and pump comparison should always take place in the linear regime.  

The flow rate of diaphragm pumps does not only depend on the actuation fre-

quency but also on the applied backpressure. A fixed actuation with increasing backpres-

sure shows a linear decrease in flow (Figure 6.5 d). Titanium and steel pumps behave 

very similarly. The extrapolated blockingpressure is approximately 75 kPa. An ideal 

pump’s flow rate is backpressure independent, which can be achieved in further develop-

ment steps, e.g., with design adaptions [128]. Here, the backpressure dependent flow 

gives additional information on the micropump’s quality. While a pump with poor valves 

can show reasonable flow without any backpressure, its behaviour with pressure is usu-

ally deficient. Especially bubble tolerance can suffer, if valves are insufficiently closed. 

Leakage measurements give further insights on the valve quality. The titanium samples 

show an average leakage of 0.05 ± 0.04 mL/min with 5 kPa applied to the pumps’ outlet. 

This is similar to the steel pumps’ leakage of 0.04 ± 0.01 mL/min.  

Some characteristics of the individual devices show large variation. While the ac-

tuator stroke has a variance of 5%, the flow rate error reaches up to 20% (Figure 6.5) and 

the leakage shows a large scattering with a deviation of up to 80%. The stroke variation 

can be caused by deviations in raw material characteristics and geometry, such as the 

piezo characteristics mentioned above. The notably larger scattering of the flow rate is 
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likely due to differences in the valve quality. This hypothesis is substantiated by the ex-

treme scattering of the leakage measurement. A deformed valve that causes large leakage 

rates allows backflow during the pump stroke and limits the fluidic performance. Such a 

deformation can be caused by the raw material quality as well as occur during the laser 

welding process due to heat effects. Not all crucial influences are fully understood yet. 

We aim to minimize the sample to sample variation in further development steps, consid-

ering each individual influence.  

 
Figure 6.5 (a) Typical stroke measurement of a titanium pump. The piezoelectric hysteresis is visible and 

no touchdown to the pump chamber bottom is detected; (b) box-plot for stroke comparison. The change in 

material does not cause a change in stroke. (c) average frequency dependent flow rate with no backpressure 

and sinusoidal actuation of -0.4 to 1.5 kV/mm (nTitanium = 24, nSteel = 24). Both pump types show the same 

behaviour in the linear flow regime. Error bars depict the standard deviation; (d) backpressure capability 

(nTitanium = 24, nSteel = 24) with sinusoidal actuation of 30 Hz and -0.4 to +1.5 kV/mm. The extrapolated 

blockingpressure is 75 kPa and does not change with a change in material. Error bars depict the standard 

deviation. 

The power consumption of the bending actuator is experimentally determined on 

the pump samples to be 2 mJ/stroke with no dependency on the frequency in the relevant 

range up to 100 Hz or backpressure conditions. Hence, the pumps’ power consumption 

depends on the frequency and the power per displaced volume depends on the applied 

pressure. Without applied backpressure, titanium and steel pumps have an energy require-

ment in the linear regime of 330 J/L. The maximal flow in the nonlinear regime requires 

420 J/L for titanium pumps and 440 J/L for steel pumps. The resulting power consump-
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tion only includes the piezoelectric actuation, while the efficiency of the driving electron-

ics needed to actuate the devices is not taken into account. In general, piezoelectric pumps 

are considered energy-efficient compared to other actuation types [94], however, few au-

thors give exact information. The presented actuator proves to be energy-efficient com-

pared to other piezoelectric pumps that require 900 J/L [101] or 1400 J/L [189]. The only 

pump that requires less energy per displaced volume known to the authors bases on elec-

trostatic actuation and is designed for smaller flow rates and lower backpressure [190].  

6.4.2. Normally open valve 

Equivalent to micropump stroke testing, NO valves are tested with a quasi-static 

actuation from -0.4 kV/mm to 2 kV/mm. Piezoelectric hysteresis as well as the repolari-

zation initial curve are visible (Figure 6.6 a). The overall stroke of 24 NO valves is 

57.3 ± 6.3 µm. The mechanical blocking of the actuator diaphragm due to the O-ring is 

clearly visible at approx. 1.3 kV/mm (Figure 6.6 a). The variance of the stroke is larger 

for the NO-valves as for the pumps, since the mechanical blocking on the O-ring limits 

the actuator movement. Due to deviations in O-ring thickness, this actuator blocking oc-

curs at lower or higher actuation voltage. 
   

 
Figure 6.6 (a) Typical stroke measurement of a normally open valve. A change in slope is visible at ap-

proximately 1.3 kV/mm, when the actuator starts to compress the O-ring creating a large counter force; 

(b) typical flow characteristic of a normally open valve with 20 kPa head pressure showing complete block-

age at approximately 1 kV/mm. Active opening (negative voltage applied) allows a flow of 26 mL/min; (c) 

average pressure dependent leakage rates of 24 actuated valves at 20 kPa head pressure. Error bars show 

the standard deviation. 

Fluidic testing of the NO valve includes flow characterization with dynamic actu-

ation (0.1 Hz, sinusoidal waveform) as well as leakage testing with a constant electric 

field. Figure 6.6 b shows the opening and closing characteristics of an exemplary NO 

valve during actuation with 20 kPa head pressure. A strong hysteresis of the passive flow 

through the valve occurs during actuated mode, which is caused by the piezoelectric hys-

teresis already observed in stroke measurements, as well as transient flow mechanisms 

causing fluidic hysteresis. When the electrical field starts to increase from a negative 

value, the valve is starting to close from its fully opened state. With a high velocity fluid 

flow being present at full opening, the dynamic pressure within the valve chamber is low 

during this flow phase. Compared to the opening operation of the valve with a decreasing 

electrical field, the pre-existing flow field exhibits low velocities and high dynamic pres-

sures. Therefore, the dynamic pressures being present in the valve are different during 
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opening and closing operation, resulting in different flow rates at the same head pressure. 

The average maximum passive flow of 24 samples is 27.5 ± 5.3 mL/min.  

During leakage characterization of NO valves, the actuation field further extends 

towards positive voltages up to 2.5 kV/mm. This additional field increases the compres-

sion of the O-ring by deflecting the diaphragm further. Figure 6.6 c shows the pressure 

dependent leakage rates of 24 samples at 2.0 kV/mm and 2.5 kV/mm. The leakages 

through the tested valves are less than 50 µL/min in the tested pressure range of up to 20 

kPa. With an electrical field of 2.0 kV/mm applied, the maximum leakage rate observed 

is 14.8 ± 27.4 µL/min, while the maximum leakage at 2.5 kV/mm is 10.9 ± 28.1 µL/min. 

The large sample to sample variation can be caused by geometric differences of the used 

O-ring. As later characterization shows, the thickness of the O-rings in the used batch 

varies strongly with 495 ± 33 µm. To further improve leakage rates, the inspection of 

individual O-rings is planned in future development steps.  

6.4.3. Lifetime investigation normally open valve  

An investigation of the piezo lifetime was conducted for micropumps in previous 

studies [173]. Lifetime evaluations in this study include two devices (NO valve 1 and NO 

valve 2) to gain first insights whether a shorter lifetime of NO valves is to be expected 

due to additional mechanical stress (touchdown on the O-ring) compared to micropumps.  

A failure due to piezo cracking is detected optically and electrically by measuring 

the samples’ capacitance. A crack decreases the capacitance significantly, since only the 

electrically contacted part of the piezo is detected. 

Prior to life time evaluations, the valves are characterized regarding actuation be-

haviour and leakage. All life time tests are conducted on samples filled with water, and 

without applied pressure, using sinusoidal actuation, with an electrical field 

of -0.2 kV/mm to 1.9 kV/mm. The valves are actuated at frequencies of [0.1; 1; 2; 10; 20; 

50; 100; 275] Hz and 104 cycles are driven per frequency step. After each frequency, the 

capacitance is measured. Finally, the NO valves are driven at 100 Hz until a total amount 

of one million cycles. Piezo failure was not detected and capacitances remained constant 

at 14.9 ± 0.2 nF and 15.8 ± 0.3 nF (NO valve No. 1 and No. 2, respectively). Valve per-

formance testing is repeated including stroke measurements, as well as actuation and 

leakage testing at 20 kPa head pressure. For NO valve No. 2, the change in performance 

is < 5% (total stroke, leakage rate at p = 20 kPa), whereas the stroke of NO valve No. 1 

decreases by 30% and leakage at 20 kPa increases by 100% compared to results right 

after assembly. The different behaviour after lifetime testing is assumed to be under the 

influence of thickness variation among the O-rings used within the NO valves. For future 

studies, geometric characterization of the soft sealing in the valves is implemented in 

order to find correlations to the phenomena observed. 

6.4.4. Normally closed valve 

In initial testing, many of the manufactured NC valves showed to be non-func-

tional, since even with high actuation voltages no open state was reached. During failure 

analysis, we examined the used O-rings regarding their thickness. Their mean thickness 

deviates significantly from the nominal value of 500 µm and shows large sample-to-sam-

ple variation with an average of 585 ± 45.4 µm. Moreover, slightly compensating the in-

creased O-ring thickness, the corresponding sealing notch depth is 50 µm larger as de-

signed. The initial spring displacement is therefore higher than the targeted value of 
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100 µm, which causes an increase of the spring force and subsequently an imbalance of 

the forces in the mechanical system. Consequently, the piezoelectric actuator’s force is 

too low to open many of the manufactured valves.  

 

Figure 6.7 (a) Typical stroke measurement of a normally closed valve. A change in slope is visible at ap-

proximately -0.2 kV/mm, when the actuator diaphragm loses touch to the plunger; (b) typical flow charac-

teristic of a normally closed valve at 20 kPa pressure difference showing a blockage of the fluid flow up to 

0.25 kV/mm and a maximal flow in open state of 2.5 mL/min with 20 kPa pressure applied. 

The three functional NC valves are tested for stroke and fluidic performance. 

Overall stroke of the three NC valves is 39.9 ± 4.0 µm with a quasi-static actuation 

of -0.4 kV/mm to 2 kV/mm. Figure 6.7 a shows a typical stroke measurement of one ex-

emplary valve. The slope is steep for negative voltages, where the actuator diaphragm is 

not in contact with the plunger. This part of the curve characterizes the mechanical be-

haviour of the bending actuator. A change in slope occurs at the touchdown of the dia-

phragm to the plunger (Figure 6.7 a). The counter force of the spring foil attached to the 

plunger reduces possible movement.  

Fluidic testing of the NC valve includes flow characterization with actuation as 

well as leakage testing during non-actuated mode at 20 kP head pressure. Leakage 

through all three tested valves is less than 1 µL/min with an average of 

0.36 ± 0.15 µL/min. This is in good accordance with the designed high O-ring compres-

sion enabling a tight seal. Figure 6.7 b depicts the opening and closing characteristics of 

a NC valve in actuated mode. Same as for NO valves, a fluidic hysteresis occurs due to 

piezo hysteresis and dynamic pressure differences. The average maximum flow of three 

samples at 20 kPa head pressure is 9.0 ± 9.5 mL/min. 

6.4.5. Spring foil investigation normally closed valve 

The elastic deformation of the NC valve’s spring foil is crucial for its functional-

ity. Therefore, we conduct an experimental and numerical investigation. A comparison 

of the data enables targeted design changes to achieve desired opening and leakage be-

haviour. 

A half model of the spring foil (thickness of 50 µm) is investigated and a fine, 

structured hexagonal mesh is implemented (Figure 6.8 a). A pressure load is applied to 

the inner area, which is the interface of the spring foil and the plunger (Figure 6.8 b). This 

inner area (C, yellow) that is welded to the plunger, can solely move in z direction, while 

movement in x or y direction is suppressed in order to comply with the physics of the 
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weld. The area of the outer weld line connecting the foil to the valve body is defined as a 

fixed support (A, blue). It is restrained in all six degrees of freedom. Boundary condition 

B (red) is the applied pressure load that leads to a displacement by elastic deformation of 

the structure. Figure 6.8 c shows the deformation in true scale, with z-displacement pre-

sented in false colour.  

 

 
Figure 6.8 (a) Half model of the spring foil with structured mesh; (b) boundary conditions. The outer ring 

(C) is set as fixed support and the displacement of the inner ring (A) is evaluated with a given pressure 

applied to area B; (c) deformed model in true scale for a pressure of 250 kPa. (d) experimental and FEM 

results of the spring foil’s displacement under pressure load. With 50 µm initial displacement, the numeri-

cal solution differs strongly from the experimental results, while a calculation using 120 µm pre-displace-

ment shows fitting results. 

We evaluate the spring foil deformation under pressure load with regard to an 

initial spring displacement (Figure 6.8 d). The dotted curves show the pressure dependent 

behaviour starting at a given displacement by forcing an inner ring position in order to 

imitate the initial displacement during manufacturing. The solid line depicts experimental 

results. It is evident from the FEM data that the displacement depends strongly on the 

initial spring displacement after laser welding. Higher initial displacement leads to stiffer 

behaviour of the foil.  

Experimental data is in good agreement with the FEM data assuming a 120 µm 

initial spring displacement. The increased O-ring elevation of 35 µm can cause such a 

shift from the designed 100 µm initial displacement to 120 µm when assuming O-ring 

compression, which was not individually evaluated for each device in this study. The total 

stroke of the spring foil at 100 kPa pressure load is below 20 µm for a high initial spring 

displacement (120 µm) in numerical evaluations as well as for experimental results. Such 

a low displacement of the spring foil and the plunger leads to a low decompression of the 

O-ring, not opening the valve. Further improvement of the design and adaptation of O-

rings is necessary. A displacement of 40 µm or more, which allows full opening, in the 

blockingpressure range of the piezoelectric actuator of roughly 80 kPa is possible for an 
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initial spring displacement of 50 µm. Therefore, design parameters need adaptation to-

wards lower initial spring tension.  

6.5. Conclusion 

This work summarizes the development and evaluation of a titanium-based mi-

crofluidic platform for medical applications. The combination of the piezoelectric micro-

pump, a NC as well as a NO microvalve offers many possibilities to develop small and 

energy-efficient implants with broad functionality and automated control instead of man-

ual operation. 

The titanium micropumps show promising results. With 79.2 ± 4.3 µm, their 

stroke height is similar to comparable steel pumps showing 79.8 ± 2.9 µm of stroke. The 

flow characteristics of both pump types are alike, which matches their similar stroke. 

Within the linear regime, the novel titanium pumps reach an average flow of 

11 ± 2 mL/min. The average maximal flow of the 24 samples is 14.2 ± 2.5 mL/min and 

thereby 2 mL/min higher than the one of the steel samples. The backpressure capability 

is also very promising, showing an extrapolated blockingpressure of 75 kPa.  

In this work, we also describe the development and evaluation of new titanium 

NO valves. Even though they use the same actuator, the valves show a smaller stroke of 

57.3 ± 6.3 µm as compared to the titanium pumps, since a touchdown to the O-ring blocks 

further membrane movement. Leakage rates of all 24 samples are in an acceptable range 

below 50 µL/min. The sample-to-sample variation of leakage is rather high with an aver-

age of 10.9 ± 28.1 µL/min. Further improvement to minimize variations is necessary and 

possible. Nonetheless, already good closing behaviour is achieved and many samples ex-

hibit low leakage, proofing the feasibility of this device. Free flow is evaluated for 20 kPa 

head pressure, which is a realistic pressure the pump easily provides. The high flow of 

27.5 ± 5.3 mL/min displays a low flow resistance, which is important for efficient system 

architecture.  

In the NO valve, premature failure can occur due to the touchdown of the actuator 

membrane on the O-ring, which causes a different strain distribution within the piezo 

ceramic compared to the pumps where the membrane can move freely. Preliminary life-

time tests on two samples showed no piezo failure within one million cycles. However, 

fluidic performance changed unreproducibly, making further design considerations and 

lifetime testing necessary.  

Manufacturing of functional NC valves posed problems, since extremely low tol-

erances of all parts are necessary. The large deviation in O-ring thickness observed leads 

to a too high initial spring tension acting on the plunger and a resulting high spring force 

countering piezo-actuator movement. Therefore, only three out of thirty samples showed 

valve functionality, while all others stayed constantly closed. Comparison of measured 

O-ring thicknesses and FEM simulation are in good agreement and indicate that slight 

design changes can increase the yield of working valves tremendously. The three func-

tioning samples show very promising results. Leakage in closed (non-actuated) mode is 

extremely low with 0.36 ± 0.15 µL/min. 

The introduced titanium platform offers great possibilities for microfluidic appli-

cations, especially in the medical field. The presented pump combines high flow rates 

with high backpressure abilities. We designed and tested microvalves with low leakage 

rates and high free flow, making them suitable for reliable flow restrictors with low fluidic 
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resistance in open state. Additionally, we showed possibilities for further improvement. 

All devices consist only of titanium, FKM sealing, and a glued on piezo ceramic, achiev-

ing MRI-compatibility. In addition, compatibility with a large variety of fluids is given 

since all wetted surfaces are titanium or FKM. Especially for medical applications, en-

ergy-efficiency can be a crucial property. Piezoelectric actuation offers an energy-effi-

cient as well as space saving actuation method for both pumps and valves. Furthermore, 

the similar form factor of the devices enables easy and space efficient combination. The 

choice between NC and NO valves makes it possible to design well-adapted systems with 

the lowest possible energy consumption. The introduced devices are the base of a micro-

fluidic titanium-based technology platform. The aim of future research is to further de-

velop existing devices and extend the functionality of the platform further.   
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Abstract 

New developments enable far-reaching cell culture research. However, many set-

ups require manual fluid handling or bulky pump systems. The use of piezoelectric mi-

cropumps can enable further miniaturization and cost-efficient disposables, provided that 

cells are not damaged during transport. This work is first to investigate the impact of 

micropumps with flap valves on transported mammalian cells. The 5×5 mm² silicon pump 

with 20 µm stroke height impacts cells causing 35.9 % dead cells compared to 5 % in the 

control sample. The larger steel pump has less impact, especially with adapted, soft actu-

ation. Further evaluation and the design of adapted pumps can potentially improve cell 

culture and in vitro cell test applications. 

7.1. Introduction 

Cell cultures, organ-on-chip or spheroids enable researcher to mimic complex bi-

ological processes and cell-cell interactions on a microscale. Today, microfluidic chips 

are in use to culture, analyse, or maintain a specific cell type and function in highly de-

fined environments. Especially in pharmaceutical research, micro systems are of broad 

interest [191]. Microfluidic solutions are even critical for 3D bioprinting of cells [192]. 

However, cell transport, dosage of additives or culture medium circulation usually require 

manual handling, tubing, and bulky pumps next to the incubator. The use of micropumps 

for these tasks enables less manual handling and therefore higher reproducibility, accu-

racy, and integrability.  

To the best of our knowledge, no micropumps of this size have been reported to 

directly transport living cells. Even though the technology provides many advantages for 

miniaturized cell culture, the interaction of pump and medium is not yet sufficiently un-

derstood. Without further precautions micro diaphragm pumps are likely to harm trans-

ported cells due to mechanical stress. For instance, the cell membrane can be slit open on 

sharp edges inside the micropump and cells can be squashed by the pumping membrane 

or destroyed by high shear forces. 

The piezoelectric micropumps of Fraunhofer EMFT offer the possibility for mi-

cropumps as consumable with a cost-efficient production by using standard wafer-level 

silicon processes or inexpensive laser-welded steel foil structures. To enable cell culture 

applications that make use of these pump technologies, it is of interest to investigate and 

minimize their influence on living cells.   
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7.2. Materials and Methods  

The experiments in this work are conducted with K562 human chronic myeloid 

leukaemia cells, which are transported with different micropump types from Fraunhofer 

EMFT.  

7.2.1. Micropumps  

In this work we use two types of piezoelectric micro diaphragm pumps with pas-

sive check valves: Metal-sheet pumps with a diameter of 20 mm and 2 mm thickness and 

silicon pumps as small as 5×5×0.6 mm³ [110, 151].  

The pumps consist of a body, valves, and diaphragm with a glued-on piezo ce-

ramic actuator (Figure 7.1). Actuation is based on the indirect piezoelectric effect: an 

electric field causes a mechanical deformation of the bending actuator [27]. When an 

alternating high voltage is applied, the diaphragm oscillates vertically, causing fluid 

movement through the two passive check valves (Figure 7.1). Usually rectangular, sinus-

oidal, or rectangular signals with 250 Hz sine flanks are used for the actuation of the piezo 

ceramic.  

Flap valves are necessary to prevent backflow, diffusion, and leakage. Addition-

ally, high backpressure capability as well as robust bubble tolerance are difficult to 

achieve with valve less, e.g., diffuser/nozzle setups. Hence, for many applications, valves 

are necessary. We therefore use pumps with passive flap valves (silicon pumps) or spring 

valves (steel pumps) to pump cell suspension.  

 

 
Figure 7.1 Fraunhofer EMFT's piezoelectric micro diaphragm pumps; a: working principle with fluid in-

take at negative voltage and ejection at positive voltage; b: 5×5 mm silicon pump and the 20 mm diameter 

steel pump.  

In this work, we conduct experiments on one steel micropump and two silicon 

micropumps. The silicon pumps differ in the pump chamber height: One has chamber 

height of 20 µm (at the lowest actuator position) and a stroke of approximately 20 µm for 

high flow applications, while the second pump is optimized for bubble-tolerant dosing 

and has a chamber height of only 1 µm at the lowest actuator position. The upward stroke 

height of this pump is 12 µm. Hence, it constitutes an extremely narrow flow path for the 
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cells in the solutions. Transport with this pump represents the worst-case strain. The typ-

ical flow rates and pressure capability of these devices as well as used actuation signals 

are summarized in Table 7.1.  

Table 7.1 Flow performance and geometry of the used pump types including one stainless-steel pump and 

two types of silicon pumps  

 Steel Silicon-1µm Silicon-20µm 

Size in mm³ Ø 20×2 5×5×0.8 5×5×0.8 

Chamber Height in µm 10 1 20 

Stroke Height in µm 60 12 20 

Flow Rate (Water) in µL/min 8700 60 450 

Blockingpressure (Water) in kPa 80 55 80 

Backpressure (Air) in kPa 35 30 15 

Actuation Amplitude in kV/mm 1.9 2.4 2.4 

Actuation Frequency in Hz 30 350 350 

Waveform Sine / Rect. Rect. Rect. 

 

Even though application with liquid media is aimed, air performance is important 

as it gives a first indication on self-priming ability and bubble tolerance [32].  

7.2.2. Cell Transport 

We conducted all cell-viability pumping experiments with non-adherent K-562 

human chronic myeloid leukaemia cells [193] (DSMZ GmbH ; DSMZ no.: ACC 10) of 

approximately 17 µm. Prior to the transportation experiment, harvested cells were washed 

from culture medium and aliquoted with a concentration of approximately 

2×105 cells/mL.  

The experimental setup consists of an inlet reservoir filled with cell suspension, 

the pump and an outlet reservoir to collect the sample. One millilitre of cell suspension is 

transported from inlet to outlet reservoir by the pump one single time and not circulated 

or stressed repeatedly. Different pump actuation signals were tested. Each measurement 

of a given pump and actuation signal was conducted on three individual cell solution 

samples (Table 7.2). Between measurements with different actuation signals, the micro-

pump was passively flushed with buffer using a syringe to remove all cell residues. The 

first 2 mL of rinsing solution were collected and analysed for cell residues, which gives 

an indication of cell agglomeration inside the pump. To prevent falsification of the total 

number of cells in a sample, the pump is flushed with air before and after rinsing.  

Table 7.2 Overview of conducted experiments showing the number of samples transported with a micro-

pump type and given actuation waveform 

Number of Transported Samples Steel Silicon_1 µm Silicon_20 µm 

Sinusoidal Actuation 3 - - 

Rectangular Actuation 3 1 3 
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7.2.3. Propidium iodide cell viability by flow cytometry 

All samples were treated with Propidium iodide (PI) solution (Miltenyi Biotec 

GmbH), a nucleus staining reagent that cannot penetrate the membrane of intact cells, to 

mark dead cells according to the supplier guidelines. In a typical experiment, 2 µL of PI 

was added to the previously “Pumped” cells as well to “Non-pumped” cells (negative 

control) and to cells treated with TritonTM X-100 (Merck) instead of pumping as positive 

control. Cells were incubated with the PI for 15 minutes before flow cytometry measure-

ments. 

We measured all samples successively, starting and ending with a positive and 

negative control sample to detect errors due to incubation time.  

7.2.4. Analysis  

The samples were analysed using the MACS Quant Analyzer 10 Optical Flow 

Cytometer (Miltenyi Biotec GmbH). Data is gated for single cells using the forward scat-

ter height versus forward scatter area.  

For each sample, the total number of cells and the percentage of dead cells, indi-

cated by fluorescence intensity in the PI channel are evaluated. While the total number of 

cells indicates whether a significant amount of cells were stuck inside the micropump 

and/or fluidic connections, the percentage of dead cells indicates how much mechanical 

damage occurred during cell transport.  

7.3. Results and Discussion  

The comparison of control samples measured before and after the pumped cell 

solution shows no significant difference in terms of dead cells or number of cells.  

The number of cells in each sample was compared to the negative control. In com-

bination with the cell density in the rinsing solution this gives information on cell ag-

glomeration within the pump during operation with cell solution. The cell concentration 

in samples transported with the steel pump is not significantly different than the control 

sample (Figure 7.2 a). An 8% decrease in cell concentration is detected for samples trans-

ported with the high chamber silicon pump. These findings indicate some cell aggregation 

during the transport of 1 mL cell suspension.  

Measurements with the 1 µm chamber silicon pump were aborted after the 

transport of one out of three samples. The flow rate of the silicon pump dropped to close 

to 0 µL/min probably due to an occlusion of the pump. The stroke of the pump is not 

sufficiently large to transport cells through the low chamber. The number of cells in the 

sample substantiates this hypothesis with a significant drop in concentration from 

199 ± 12 cells/µL of the control to 29 ± 1 cells/µL in the pumped sample (Figure 7.2 a). 

Analysis of the first 2 mL of rinsing solution confirm these findings (Figure 7.2 b). 

There are few cells in the passively pushed through buffer after experiments with the steel 

and the large chamber silicon pump (2 cells/µL and 5 cells/µL). Thus, the solution used 

to rinse the small chamber pump contains 29 cells/µL, which is as much as was detected 

in the pumped sample itself.  
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Figure 7.2 Comparison of cell density after transport with a micro diaphragm pump; (a) Cell density in 

transported as well as control samples, n=3; (b) Cell density in the rinsing solution.  

The initial cell transport using the steel pumps is conducted with rectangular ac-

tuation. This actuation is the most efficient signal form from a fluidic point of view, since 

the achieved pressure pulse in the pump chamber is maximized and the most fluid is 

ejected by the pump. Figure 7.3 shows the number of intact cells in samples after trans-

portation with the steel pump with a rectangular actuation signal. 87.1 ± 0.2 % of cells 

are intact, compared to 95.6 ± 0.7 % in the negative control sample (not pumped cells). 

There are two probable reasons for the decrease of intact cells: The shear stress in the 

fluid is high with rectangular actuation signal and the opening and closing impulses on 

the valves are instant, leading to fast opening with large valve oscillation. 

 

 
Figure 7.3 Proportion of intact cells after transport with the steel micropump with two different actuation 

signals, n=3 

Additionally, a smoother actuation signal was tested to limit the impact on the 

transported cells. Cell solution transported with sinusoidal actuation show 93.8 ± 0.5 % 

intact cells, which is very close to the not pumped control sample with 95.6 ± 0.7 % intact 

cells. Thus, it is possible to reduce the damage on the cell solution significantly simply 



 

Biomedical Application of Piezoelectric Micro Diaphragm Pumps  

74 

by adapting the actuation signal. Damage is reduced, since shear forces in the liquid are 

reduced and the valve oscillation is minimized due to the steady diaphragm movement. 

However, the achievable flow is also slightly smaller and especially bubbles that can al-

ways occur in fluidic systems are more problematic with sinusoidal actuation, since the 

smaller pressure peak inside the pump chamber makes it more difficult to eject bubbles 

from the pump chamber.  

 
Figure 7.4 Proportion of intact cells after transport with the small pump chamber and large pump chamber 

silicon pumps compared to the samples transported with the steel pump using rectangular actuation, n=3 

As expected, the silicon-1µm pump has a large impact on the transported cells. 

The number of intact cells after transport through this pump, is extremely low with 

49.2 ± 0.4 % (Figure 7.4).  

The 20µm chamber silicon pump does not occlude and the evaluation of the sam-

ples pumped with rectangular actuation shows 64.0 ± 4.2 % intact cells (Figure 7.4). The 

higher pump chamber already leads to a smaller impact of the transport. However, the 

damage caused by this silicon pump is significantly more severe than damage caused by 

the steel micro pump with rectangular actuation.  

The steel stroke volume is 11.5 µL and significantly larger than the one of the 

silicon pumps with approximately 50 nL. Therefore, the steel pump enables transport of 

more fluid with one actuator stroke and consequently, less interaction between the cells 

and the rapid movement of the pump valves or actuator. The surface to volume ratio in 

the steel pump’s chamber is smaller, enabling more cells to pass through the pump with 

little surface contact compared to the silicon sample. Furthermore, the valves of the sili-

con pump have sharp edges that might cut cells. Additionally, the valve seat and the flap 

are in close contact when the valve is shut, since the silicon surface is very smooth and 

cells are likely to be damaged when caught in a closing valve. The surface of the steel 

valve is rough and uneven, offering more space for the cell to move before the valve 

closes. Another important reason for more severe damage is the higher actuation fre-

quency that was chosen to achieve sufficient flow rates in the small silicon pumps (30 Hz 

membrane oscillation frequency for steel pumps compared to 350 Hz for silicon pumps). 

This rapid movement leads to high shear and more damage of the cells in the solution.  

7.4. Conclusion 

This work is the first evaluation of usability of micro diaphragm pumps with pas-

sive flap valves for the transport of living cells. The experiments in this work prove a 

general feasibility of cell transport using piezoelectric micro diaphragm pumps. The 
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larger steel micropumps enable transport of cell solutions with limited damage to the 

cells. Especially the use of sinusoidal actuation instead of the fluidically more efficient 

rectangular actuation decrease the number of dead cells after transport. More complicated 

actuation signals, such as rectangular actuation with sinusoidal flanks, might combine the 

advantages of both tested waveforms and offer limited cell death in combination with 

better fluidic performance. Further experiments are necessary to identify the optimal ac-

tuation. 

The transport with the considerably smaller silicon pumps causes more cell dam-

age. The silicon-1µm shows the expected high impact on the cells. It occludes quickly, 

showing that the actuator is not capable of transporting cell debris out of the cell. In ad-

dition to the quick occlusion, is causes considerable mammalian cell damage, as was ex-

pected. The 20 µm chamber silicon pump enables cell transport without clogging. How-

ever, this pump has a distinct effect on the cell suspension, with more than 1/3 dead cells 

after transport compared to only 5% of the control sample.  

Even if the silicon pump’s impact on the transported cells is significantly higher, 

the device remains interesting for biomedical applications. It is a lot smaller and offers 

smaller flow rates as well as the possibility to dose smaller volumes accurately. Further-

more, the use as disposable product is more appealing, since production costs can be min-

imized in large scale MEMS productions. Direct integration into microchips for cell cul-

ture is possible. It is therefore of high interest to further study the impact of the pump on 

the transported cell solution. Prospective experiments to optimize the actuation signal 

with sinusoidal flanks might help to limit the pump’s impact. Additionally, geometrical 

changes of the valves, pump chamber, fluidic connectors and other system components 

could reduce the cell damage. 
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Abstract 

The automated transport of cells can enable far-reaching cell culture research. 

However, to date, such automated transport has been achieved with large pump systems 

that often come with long fluidic connections and a large power consumption. Improve-

ment is possible with space- and energy-efficient piezoelectric micro diaphragm pumps, 

though a precondition for a successful use is to enable transport with little to no mechan-

ical stress on the cell suspension. This study evaluates the impact of the microfluidic 

transport of cells with the piezoelectric micro diaphragm pump developed by our group. 

It includes the investigation of different actuation signals. Therewith, we aim to achieve 

optimal fluidic performance while maximizing the cell viability. The investigation of flu-

idic properties proves a similar performance with a hybrid actuation signal that is a rec-

tangular waveform with sinusoidal flanks, compared to the fluidically optimal rectangular 

actuation. The comparison of the cell transport with three actuation signals, sinusoidal, 

rectangular, and hybrid actuation shows that the hybrid actuation causes less damage than 

the rectangular actuation. With a 5% reduction of the cell viability it causes similar strain 

to the transport with sinusoidal actuation. Piezoelectric micro diaphragm pumps with the 

fluidically efficient hybrid signal actuation are therefore an interesting option for integra-

ble microfluidic workflows.  

8.1. Introduction 

The detailed experimental analysis of biological systems on a microscale is a com-

mon subject of current research. Within the last 30 years, micro fluidic systems developed 

rapidly and already offer solutions for various experimental setups [194, 195]. Today, 

analysis on aggressively scaled devices is possible. However, the sample transport either 

relies on passive capillary forces or requires systems with bulky external pumps for active 

transport that often have a high power consumption and are connected with long tubing, 

which leads to a high dead volume [196–199]. The active transport in space-restricted 

situations, such as in clinical environments, is even more challenging. The integration of 

micropumps can offer a cost as well as an energy efficient on-chip solution for active 

sample transport. 

Micropumps are not only of interest for the active transport in microfluidic setups, 

but can also offer a possibility to improve three-dimensional (3D) bioprinting. This tech-

nique enables the generation of complex structures that are of interest in pharmaceutical 
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research, regenerative medicine, or the food industry [200, 201]. For instance, the ad-

vantages of 3D-cultures compared to 2D-cultures for pharmaceutical research are demon-

strated in several studies [202–204] and an industrial use of 3D cultures in pharmaceutical 

research is expected [200]. 

Bioprinting is widely researched as treatment of large skin injuries. In particular, 

large skin lesions can lead to poor healing, infection, or hypertrophic scars [205, 206]. 

The state-of-the-art treatment is skin transplant from healthy areas. Even though meshing 

can increase the area of a graft tremendously [207], it is often problematic to harvest 

sufficient skin. Bioprinting of skin tissue is proposed as possible solution [208] including 

two main approaches: the generations of grafts in vitro that are cultivated and implanted 

into the wound and the in situ printing directly into the wound [209]. 

Fluid transport for the printing process can be more challenging for in situ printing 

compared to laboratory configurations. Similar to analysis systems, laboratory printing 

setups often rely on large pump systems. However, a printer used in a hospital environ-

ment is easier to imagine as a handheld device with small weight and ergonomic geome-

try. Hakimi et al. [210] present an in situ handheld skin printer. The device weighs less 

than 800 g and is able to print different cell materials, which allows for consecutive dep-

osition of dermal and epidermal layers. The printability on rough wound surfaces is al-

ready shown in vivo. 

Micro diaphragm pumps are a possible solution for active cell transport in the 

presented applications. There is a large amount of research conducted on micropumps 

and several actuation mechanisms have emerged [27, 100, 211]. A common actuation 

principle is piezoelectric actuation. It is popular due to its energy-efficiency, high attained 

forces, large range of applicable frequencies, and precise control [73]. Another common 

pump type is the electromagnetically actuated pump, which also allows for energy effi-

cient actuation [82]. 

Energy-efficiency and the possibility for low-cost production as well as small 

size [100] make micropumps an ideal microfluidic actuator for cell transport, even in dis-

posable application. However, currently there is little information on the interaction of 

micropumps with the dosed medium. In particular, cell solution is not usually transported 

and analysed. The only work known to the authors that discusses cell transport with a 

micro diaphragm pump describes the viability of cells after passage through an electro-

magnetic pump with diffuser nozzle valves [212]. Yamahata et al. [212] show their pump 

to be well adapted for cell transport, since the viability of both the tested Jurkat cells as 

well as the more delicate 5D10 hybridoma cells remains high after pumping. However, 

the fluidic performance of the pump is lower than observed for other micropumps: the 33 

× 22 mm² pump can transport 400 µL/min and shows a blockingpressure of 12 mbar 

[112]. The low backpressure capability is most likely partly caused by the diffuser nozzle 

valves. These valves additionally limit bubble tolerance, though the pump is able to 

transport bubbles without backpressure due to its compression ratio over 0.2 [112]. 

Even though a diffuser nozzle valve design is most likely less destructive for cells, 

it limits the fluidic performance of a pump system. The backpressure capability, bubble 

tolerance, and ability to transport fluids with a high viscosity such as bioinks can be im-

proved with passive valves, e.g., flap or spring valves. However, the impact of such valves 

that constitute moving parts with sharp edges and a risk of squeezing the cells between 

the valve and valve seat is unknown to date. To enable cell transport for in situ bioprinting 

or on chip analysis application with high performance micropumps, we investigated the 

influence of our piezoelectric micro diaphragm pumps with spring valves on viable cell 
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suspensions. The aim of the presented work is to examine the feasibility of cell transport 

with a micropump including passive valves to enable future developments of microfluidic 

devices with integrated automated fluid transport. 

8.2. Materials and Methods 

The pumps used for cell transport in this work are Fraunhofer EMFT’s stainless 

steel pumps. A fluidic characterisation of the samples is conducted before and after the 

cell transport experiments. 

8.2.1. Piezoelectric Micro Diaphragm Pumps 

A detailed evaluation of the pump type used in this work is given by Bußmann, 

Durasiewicz et al. [213]. The devices have a diameter of 20 mm and a height of 1.5 mm. 

The pumps consist of a stainless-steel pump body and a glued on piezoelectric disc actu-

ator (PIC 151, diameter of 16 mm; thickness of 200 µm). The pump body includes two 

passive spring valves and the actuator diaphragm. All components are laser welded to the 

base plate. The pump chamber has a diameter of 18 mm and a height of approximately 

100 µm to 150 µm, depending on the mechanical stress generated during the welding 

process and the electric tension applied during the mounting process of the piezoceramic 

actuator. The valves of the pump are 5 mm apart. 

Fluid transport bases on the indirect piezoelectric effect (Figure 8.1). The expo-

sure of the piezoelectric ceramic to an alternating high voltage signal leads to an oscilla-

tory diaphragm movement. The resulting periodic expansion and reduction of the cham-

ber volume in combination with the flow restriction of the passive spring valves leads to 

a directed fluid transport. The passive flap valves limit backflow and enable a high back-

pressure capability as well as high bubble tolerance. Therefore, they are indispensable for 

the fluidic performance of the micropump. 

 
Figure 8.1 Piezoelectric micro diaphragm pump. (a) Functional principle: A negative filed moves the bend-

ing actuator upwards and sucks liquid through the passive inlet valve into the pump chamber. A positive 

electric field moves it towards the chamber bottom and pushes the fluid through the outlet valve. Figure 

adapted from Bußmann et al. [213]. (b) Section of the pump’s inlet valve including the spring valve and 

the valve seat that form the valve gap that is approximately 300 µm long and in the open state of the valve 

50 µm high 

8.2.1.1. Actuator Stroke Measurements 

The actuator stroke is an important metric for micro membrane pumps. It is meas-

ured optically using a white light profilometer (Fries Research and Technology, Bergisch 

Gladbach, Germany, sensor range: 3 mm, sensitivity: 30 nm). A voltage sweep is exe-

cuted ranging from 0.4 kV/mm to 2 kV/mm (amplifier SVR 500−3, piezosystem jena 

GmbH, Jena, Germany) and the respecting actor positions are detected. The sweep is re-

peated multiple times. Repetitive tests of the same pump show a measurement accuracy 

of 2 µm. 
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8.2.1.2. Fluidic Characterisation 

The pumps are characterized with both air as well as deionised (DI) water at room 

temperature. The actuation signal for these measurements is a sinusoidal alternating volt-

age from −0.4 kV/mm to 1.5 kV/mm, which equals −80 V to 300 V for the 200 µm thick 

actuator. Water flow is measured with Coriflow sensors (Bronkhorst, Kamen, Germany 

ML120V00: range 0.8 μL/min to 500 μL/min, accuracy: ±0.2% and Bronkhorst MINI 

CORI-FLOW M14: range 0.5 mL/min to 167 mL/min, accuracy: ±0.2%). The backpres-

sure for both water and air characterisation is set with a pressure controller (Mensor, San 

Marcos, TX, USA CPC3000: range −50 kPa to 200 kPa, accuracy: ±0.05 kPa). During 

water measurements, the differential pressure over the pumps is measured with two pie-

zoresistive pressure sensors (TDK Electronics, Munich, Germany, EPCOS Gauge pres-

sure transducers AKR 1.000 C40: range 0.0 kPa–10o kPa, accuracy: ±0.6 kPa). 

When transporting liquid media, it is always possible that small bubbles occur and 

the pump needs to be able to transport them through the chamber. We therefore test the 

pump’s backpressure capability with air at actuation frequencies for liquid transport (30 

and 60 Hz). The pressure is increased by 2.5 kPa until the flow reaches zero. 

Water characterisation of the pumps includes the frequency dependant flow at a 

constant pressure of 14 kPa in the range from 1 Hz to 50 Hz, the pressure dependant flow 

in the range from 0 kPa to 50 kPa, and pressure dependant leakage in the range from 5 

kPa to 50 kPa. 

8.2.1.3. Single Stroke Characterisation 

We evaluate the pump’s single stroke volume with DI water in a gravimetric 

measurement depicted in Figure 8.2. It is based on a setup introduced by Thalhofer et al. 

[214]. The inlet reservoir is placed on a precision scale (Sartorius, Göttingen, Germany, 

MC410S, resolution 100 µg) with the inlet tube immersed free-hanging in the liquid at 

all times. The pump, which is placed next to the balance, transports liquid from the inlet 

reservoir to the outlet. The actuation signal is triggered using an automated protocol. The 

single stroke signal is amplified with the SVR 500−3 (piezosystem jena GmbH, Jena, 

Germany). The fluid reservoirs are covered with Nitto SWT 10+R to minimize drift 

caused by condensation or evaporation.  

 
Figure 8.2 (a) Experimental setup of the gravimetric measurement to determine the single stroke volume 

for different actuation signals including a balance (I), the inlet reservoir (II), silicone tubing (III), the micro 

diaphragm pump (IV) driven with a piezo amplifier (V) and signal generator (VI), an outlet capillary (VII), 

and pressure equalized reservoir (VIII), as well as automated control and data acquisition (IX); (b) Setup 

of the cell transport experiments with an inlet- and outlet reservoir as well as the pump connected with 

silicone tubing. A picture of the two experimental setups is available in Figure B.1in Appendix B. 
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 The weight of the outlet reservoir is detected before and after the dosage of one 

single stroke in order to calculate the dosed single stroke volume from the weight differ-

ence. The sampling frequency is 1 Hz and does not affect the measurement, since we 

detect the total weight of a single stroke and do not depict the time dependant weight 

change during the stroke. To account for the drift of the balance, we perform five scale 

measurements before a single pump stroke is performed with defined waveform and fre-

quency. After an eight seconds break, another five post-trigger scale measurements are 

recorded. The weight difference before and after the pump stroke is evaluated and cor-

rected for the average drift that is calculated based on the five consecutive measurements 

before and after the trigger. 

8.2.2. Cell Transport 

Experiments with cells are conducted with two different cell lines cultivated in 

suspension culture: K-562 human chronic myeloid leukaemia cells [193] (DSMZ GmbH, 

Braunschweig, Germany; DSMZ no.: ACC 10) of approximately 17 µm diameter and 

Jurkat T cell leukaemia cells [215] (DSMZ GmbH, Braunschweig, Germany; DSMZ no.: 

ACC 282) of approximately 13 µm diameter. 

For the transport experiments, harvested cells are washed and aliquoted in buffer 

(autoMACS Running Buffer; Miltenyi Biotec B.V. & Co. KG; Bergisch Gladbach, Ger-

many) to approximately 6×104 cells/mL. Individual samples of 500 µL each are prepared 

in reaction vessels. One sample of each culture bottle is set aside and not transported for 

the negative control. Another sample is set aside as positive control and, before staining, 

is treated with TritonTM X-100 (Merck KGaA, Darmstadt, Germany), which disrupts the 

cells’ membrane. Cells are transported with five different actuation settings as indicated 

in Table 8.1. Three individual samples are transported per setting and pump, leading to a 

total of 15 samples per setting. Results are averaged over all transported samples for each 

setting. 

Table 8.1 Used actuation signals for the transport of cells. The waveforms are described in further detail 

in Section 8.3.1.2 and depicted the Figure. 

 Waveform Frequency in Hz Abbreviation  

Setting 1 Rectangular 15 Re_15 

Setting 2 Sinusoidal 15 Sin_15 

Setting 3 
Rectangular with 60 Hz sinus-

oidal flanks (hybrid actuation) 
15 Srs_15 

Setting 4 Rectangular 60 Re_60 

Setting 5 Sinusoidal 60 Sin_60  

 

The experimental setup for the cell transport is depicted in Figure 8.2 b. The 

pump’s inlet and outlet are connected with the inlet and outlet reservoir using flexible 

tubing with 4 cm length and 1.4 mm inner diameter. The inlet reservoir contains 500 µL 

of cell solution. To assure sufficient resuspension of cells, each reservoir is agitated care-

fully prior to transport that is completed in less than ten seconds. The cells are transported 

with the desired setting and collected in a reaction vessel. The solution is pumped one 

single time and not circulated or transported repeatedly. For cleaning, we passively flush 

the pumps with 20 mL buffer (autoMACS Running Buffer; Miltenyi Biotec B.V. & Co. 
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KG; Bergisch Gladbach, Germany) between samples with different actuation signals. Af-

ter flushing, 500 µL of rinsing solution are collected and analysed for the number of cells 

to assure that the following sample is not influenced by remaining cells in the pump. 

8.2.2.1. Propidium Iodide Cell Viability by Flow Cytometry 

To evaluate the amount of intact and dead cells, samples are stained with propid-

ium iodide (PI) solution (Miltenyi Biotec B.V. & Co. KG; Bergisch Gladbach, Germany), 

a nucleus staining agent that is not able to penetrate an intact membrane of viable cells. 

To each sample, including the positive control and “Non-pumped” samples (negative 

control), 6 µL PI is added and incubated for 15 min. All samples are washed and distrib-

uted to a 96 well plate for automatic flow cytometry measurements with the MACS Quant 

Analyzer 10 Optical FlowCytometer (Miltenyi Biotec B.V. & Co. KG; Bergisch Glad-

bach, Germany). To account for time effects, the positive and negative control are ana-

lysed both before and after all other samples with no visible change. 

The collected data are gated for single cells using the height versus forward scatter 

area. The samples for a given actuation signal are averaged over all five pumps. For com-

parison of two sample groups that include 15 individual samples with approximately 

30,000 cells each, we use a two-tailed t-test with a p-value of 0.02. 

8.3. Results and Discussion 

Cell transport with very limited available space is a challenging task. Both damage 

on the cells caused by the pump as well as pump degradation due to cell transport are 

possible. With a detailed experimental consideration, we intend to clarify possible influ-

ences and provide the basis for further improvements. 

8.3.1. Pump Characterisation 

Micro diaphragm pump characterisation includes the evaluation of the general 

properties of the pump as well as an investigation of the single stroke with different actu-

ation mechanisms. The later generates information on the fluidic efficiency of each actu-

ation and allows us to adapt the actuation signal to a fluidically optimal transport with 

less influence on the cells. 

8.3.1.1. General Micro Diaphragm Pump Characterisation 

To estimate the impact of cell transport on the diaphragm pump itself, all devices 

are characterized prior to and after the cell transport. It is possible for cells to accumulate 

in the pump chamber as well as in the dead volume around the valves and therefore lead 

to a pump degradation. A change in stroke or passive as well as active flow characteristics 

allows for better understanding of failure mechanisms. 

The exact movement of the diaphragm is a crucial part of the pump’s functional-

ity. A typical stroke measurement is shown in  Figure 8.3 a, with the clear piezoelectric 

hysteresis. The stroke height determines the stroke volume and therefore the achievable 

flow rate of the system. The stroke measurement allows to detect mechanical constraints 

to the actuator’s movement. The average total stroke after cell transport is 81.7 ± 3.9 µm 

and not significantly changed compared to the initial average stroke of 82.4 ± 3.4 µm ( 

Figure 8.3 b). These findings indicate that cells do not agglomerate in the chamber and 

block the actuator movement. 
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Figure 8.3 Mechanical and fluidical characterization of the tested micro diaphragm pumps. (a) The actu-

ator displacement shows the typical piezoelectric hysteresis. Adapted from Bußmann et al. [213]; (b) There 

is no change in the total stroke height before and after the cell transport; (c) The frequency-dependant flow 

rate with 14 kPa backpressure at -80/300 V (corresponding to -0.4/1.5 kV/mm) sinusoidal actuation re-

mains nearly unchanged in the linear regime, but changes for high frequencies. The maximal achievable 

flow rate after cell transport is smaller; (d) Backpressure dependant flow rate at -80/300 V sinusoidal 

actuation with 30 Hz. 

 Figure 8.3 shows the frequency dependant flow rate of the used steel micro-

pumps. The flow increases linearly with the frequency until dynamic damping effects in 

the chamber become dominant and the curve plateaus. In the non-linear regime, the flow 

strongly depends on the fluidic periphery [216]. Therefore, a performance comparison 

should take place in the linear regime. The flow prior to cell transport experiments 

matches the expectation based on former pump batches [213]. After cell transport, the 

average flow up to 10 Hz is equal to the flow before the exposure to cell solution. The 

ability to achieve the same flow at low frequencies indicates no significant change in the 

behaviour of the passive flap valves. Low frequencies with sinusoidal actuation lead to a 

slow actuator movement and therefore low pressure gradients. The valves are opened and 

closed comparatively slowly with low force. A bad valve quality is therefore often visible 

in the low frequency range. The assumption of constant valve performance before and 

after the cell transport is substantiated by the leakage rates, which only changed for one 

out of six pumps. The leakage rate at 50 kPa differential pressure of the pumps before cell 

transport is below 30 µL/min for all samples. After transport, it remains unchanged for 

all but one pump that shows a drastically increased leakage rate of 260 µL/min. This 
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increase is potentially caused by fibres caught in the passive flap valves that were visible 

in the optical inspection and probably transported into the pump during use outside of the 

clean room environment. The leakage measurement always detects the leakage over both, 

the inlet as well as the outlet valve. If only one valve is sufficiently tight, the overall 

leakage is small. Significant backflow in active pump mode is still possible, if the other 

valve is leaking.  

For higher frequencies, the average flow decreases and the end of the linear region 

is lower. A volume change in the chamber, due to agglomeration of cells or particles, is 

a possible explanation for the detected change in the fluidic performance. Furthermore, 

increased leakage through the passive flap valves can change the flow behaviour. How-

ever, as described above, increased leakage has a large influence on the flow at small 

frequencies and would be visible in the linear range. 

The decrease in flow for higher frequencies after cell transport compared to the 

initial performance is also visible in the backpressure measurements of the pumps. With 

30 Hz, sinusoidal actuation, the flow at 0 kPa is approximately 3 mL/min lower after the 

cell transport. The extrapolated blockingpressure however remains unchanged with ap-

proximately 70 kPa before and after cell transport. This indicates the same stiffness of the 

actuator and therefore nor degradation of the ceramic itself or the adhesive connection 

during the experiments. 

8.3.1.2. Single Stroke Characterisation 

The single stroke measurement with varying actuation signals allows to estimate 

the fluidic efficiency of the transport. A single actuator stroke requires approximately 

2 mJ and single stroke power consumption of the pump itself (without driving electronics) 

is independent of the waveform and frequency [213]. From the energy required for one 

pump stroke and the volume transported per stroke, we can calculate the power consump-

tion per dosed volume. Since the energy per stroke is constant, it depends on the single 

stroke volume that again depends on the actuation signal. 

A perfectly rectangular actuation generates the fastest actuator movement and 

therefore the fastest pressure built-up. Consequently, the actuation of the passive flap 

valves is rapid and backflow through insufficiently closed valves is minimized [68]. A 

lower flank steepness, as is the case for sinusoidal actuation, leads to a slower pressure 

built-up and slow opening and closing of the passive valves. It therefore allows a portion 

of the transported fluid to move backwards through the valves [68]. A steeper flank there-

fore leads to a higher stroke volume. However, the fast actuator movement also increases 

the strain on both, the pump as well as the dosed medium, since it leads to high mechanical 

stress in the piezoelectric actuator and increases the fluidic shear stress 

A trade-off between fluidic efficiency and strain on pump and medium can be a 

hybrid actuation based on a rectangular waveform with sinusoidal flanks. Figure 8.4 a 

shows the resulting waveform in comparison to other waveforms: the hybrid signal is a 

mix between a rectangular signal with a given frequency and a sinusoidal signal of a 

higher frequency. In order to evaluate which flank is appropriate, we determined the sin-

gle stroke volume for several actuation frequencies with varying flanks. A frequency de-

pendence of the single stroke volume is expected due to fluidic damping in the chamber 

at higher frequencies and flow rates. Figure 8.4 b depicts the dependence of the single 

stroke volume on the actuation frequency and flank steepness. The single stroke volume 

is reduced for 50 Hz actuation frequency compared to slower actuation, whereas it is in-

dependent of the actuation frequency up to 20 Hz.  
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Figure 8.4 (a) Comparison of the different actuation signal chosen for cell transport. The hybrid signal of 

15 Hz rectangular actuation with 60 Hz sinusoidal flanks is a mix of the depicted 15 Hz rectangular wave-

form and the 60 Hz sinusoidal waveform. (b) Single stroke volume transported by a micropump dependent 

on the actuation frequency and the steepness of the sinusoidal flanks. 

For all tested frequencies, the single stroke volume plateaus for sufficiently steep 

flanks. The required flank steepness depends on the actuation frequency. While for actu-

ation with 1 to 20 Hz, a flank steepness of approximately 60 Hz is sufficient, the single 

stroke volume at 50 Hz only plateaus at steeper flanks of approximately 90 Hz. The results 

are reproducible for all four evaluated pumps. These results indicate that the fluid 

transport is as efficient with sufficiently steep flanks as it is with rectangular actuation, 

however, the flank steepness needs to be comparatively high for higher actuation frequen-

cies. The resulting flow rate for specific waveforms is verified with the measurement of 

the frequency dependant flow rate. Up to 25 Hz actuation frequency, the hybrid signal 

achieves the same flow rate as the rectangular signal. The experimental results are pre-

sented in Figure B.2 in the Appendix. Based on these findings, a 15 Hz hybrid signal with 

60 Hz sinusoidal flank is chosen as one of the signals used for cell transport. This allows 

to compare the impact when the pump is actuated with sinusoidal, rectangular, or the 

hybrid signal. 

8.3.2. Cell Transport 

Viable cells are sensitive to their environment, and transport with a micro dia-

phragm pump can damage them in different ways. A first important indicator to assess 

the feasibility of cell transport with micro diaphragm pumps is the recovery rate of cells 

after transport. Neither the total cell concentration nor the percentages of cells within the 

gate deviate significantly between the negative control sample and the transported sam-

ples. Cells therefore do not accumulate within the pump, which corresponds well to the 

results of the electromechanical and fluidic characterisation of the pumps presented 

above. 

8.3.2.1. Consideration of Effects Influencing the Cell Viability 

Pumping can have a mechanical impact on the transported cells due to moving 

parts in the flow path. For instance, cells can get caught in between the valve and its seat. 

However, this scenario is unlikely: one pump stroke, and therefore one opening and clos-

ing motion of the valves, transports approximately 10 µL of fluid. The total fluid volume 

between the valve and its seat when the valve starts closing is calculated based on the 

valve geometry: the surface of the valve seat of 0.23 mm² and a valve opening of maximal 

50 µm. It is approximately 0.01 µL for each valve. Therefore, if we assume that the cells 

are uniformly distributed and that all cells that are between the valve and its seat when 
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the valve starts closing get caught in the valve, this would only affect 0.2% of the trans-

ported cells. We thus assume that the damage caused by hard-hard touch squeezing is 

neglectable. 

It is also imaginable that cells become damaged when they come into contact with 

sharp edges. In particular, the etched valve structure or the drilled inlet and outlet access 

constitute such sharp edges. However, fluid flow around the cells causes fluidic drag thus 

their fluidic resistance is high and the cells move towards the middle of the flow path. 

Hence, the cells likely flow around the edges without contact. The effect is already shown 

by Ozbey et al. [217] who observe cells moving towards the centre of the channel in 

laminar flow. 

A likely influence on the cell viability is the experienced fluidic shear stress. Stud-

ies discuss the impact of shear on non-adherent cells and indicate that the size as well as 

the deformability of a cell have an influence on its behaviour when subjected to shear 

stress [217–219]. 

To generate a first understanding of the shear force the cells are subjected to when 

passing through the pump, we consider the analytic description of a strongly simplified 

model. We aim to compare the influence of specific geometries in the pump, e.g., cham-

ber and valves, as well as different actuation signals. We do not intend to give a quanti-

tative analysis of shear forces. 

The valve as well as the pump chamber have a high aspect ratio: The valve seat is 

300 µm long and the valve opens 50 µm; the pump chamber is approximately 100 µm to 

150 µm high (in the upwards position of the actuator) and we consider the distance of 

5000 µm between the two valve openings as the gap length. We assume laminar gap flow 

in these geometries. Furthermore, for simplicity, we only consider the liquid medium it-

self and do not specifically calculate the velocity of the cells in this flow. This strong 

simplification allows a first comparison of geometries and actuation signals. 

The shear stress of the laminar flow is given by 

𝜎 = 𝜂
𝜕𝑣𝑥

𝜕𝑧
 (8.1) 

with the viscosity of the liquid 𝜂 and the flow velocity vx. Furthermore, the velocity profile 

of the laminar gap flow is parabolic 

𝑣𝑥(𝑧) =
Δp

2𝜂𝐿𝑔𝑎𝑝
(ℎ𝑔𝑎𝑝𝑧 − 𝑧²) (8.2) 

and depends on the pressure difference ∆p, the gap length Lgap, the gap height hgap, 

and the viscosity of the liquid 𝜂. When the pump is active, the movement of the actuator 

diaphragm generates the pressure difference ∆p that drives the fluid through the gap and 

therewith generates the fluidic shear forces. The maximal pressure that the bending actu-

ator can achieve is its blockingpressure. This pressure is generated when the actuator is 

subjected to a rectangular actuation and the movement is extremely fast. Since the maxi-

mal pressure occurs during this fast actuator displacement, the pressure peak is independ-

ent of the actuation frequency for rectangular actuation. The maximal pressure difference 

depends on the bending actuator’s geometry and used material and can be calculated with 

the analytical model presented by Herz et al. [155]. 

For sinusoidal actuation, the voltage change and therewith the actuator movement 

is considerably slower than for rectangular actuation. The time constant of the actuator 

movement and the fluid movement through the passive valves therefore converge and the 

maximal pressure peak decreases. Since the speed of actuator movement depends on the 
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actuation frequency for sinusoidal actuation, the generated pressure difference is also a 

function of the actuation frequency. Similarly, for the hybrid signal, the maximal pressure 

depends on the speed of the actuator’s movement and therefore on the sinusoidal flank 

steepness of the signal. Based on the model by Herz et al. [155] the analytic description 

of the pressure peak of the sinusoidal actuation can be derived. However, the equation 

cannot be solved analytically and a numerical description will be part of future work. 

However, the analytical model allows for a qualitative comparison that shows that the 

shear force is maximal for rectangular actuation and minimal for sinusoidal actuation with 

a small frequency. Due to the relation between the maximal pressure and the flank steep-

ness, the pressure difference and therewith the shear forces in this model are equal for 

sinusoidal actuation with 60 Hz and the hybrid signal with 60 Hz sinusoidal flanks. 

To identify the most relevant pump geometries, the shear stress in the valve 𝜎𝑣𝑎𝑙𝑣𝑒 

and the chamber 𝜎𝑐ℎ𝑎𝑚𝑏𝑒𝑟 are compared for rectangular actuation. For the simplified 

model, we assume gap flow in the valve as well as in the pump chamber as described 

above. Furthermore, we assume that the maximal pressure difference applies to both the 

chamber and the valve, even if in reality the pressure is split. 

𝜎 =
Δp

2𝐿𝑔𝑎𝑝
(ℎ𝑔𝑎𝑝 − 2𝑧) (8.3) 

𝜎𝑚𝑎𝑥 = 𝜎|𝑧=0 =
ℎ𝑔𝑎𝑝

2𝐿𝑔𝑎𝑝
 Δp (8.4) 

Based on Equation 8.4 and the geometry of the flow path (the valve seat length 

Lvalve = 300 µm and valve opening hvalve = 50 µm, as well as pump chamber length Lcham-

ber = 5000 µm and pump chamber height hchamber = 100 to 150 µm), the ratio of shear in 

the chamber and the valve can be estimated with 

𝜎𝑐ℎ𝑎𝑚𝑏𝑒𝑟

𝜎𝑣𝑎𝑙𝑣𝑒
=

𝐿𝑣𝑎𝑙𝑣𝑒

𝐿𝑐ℎ𝑎𝑚𝑏𝑒𝑟
 
ℎ𝑐ℎ𝑎𝑚𝑏𝑒𝑟

ℎ𝑣𝑎𝑙𝑣𝑒
 (8.5) 

 

and is approximately 0.12 to 0.18. As can be seen from Formula 8.5, the ratio is 

independent of the pressure difference. The estimation shows that the shear stress at the 

valve unit is larger compared to the shear stress in the pump chamber. To further reduce 

the impact of the pump on cells, it is thus necessary to adapt the valve geometry to reduce 

the occurring shear stress in this area. 

8.3.2.2. Viability of K-562 and Jurkat Cells after Transport 

In this preliminary study, we only detect the immediate influence of the pump on 

the cells, since we measure the percentage of intact cells compared to the negative control. 

The influence of the transport on the long-term viability of the cells are not yet examined 

and will be part of future studies. 

Both cell types are impacted by the pumping process. For K-562 cells, the non-

pumped (negative) control samples contains 89.9 ± 2.6% intact cells; for Jurkat cells it 

contains 88.6 ± 5.2% intact cells. Figure 8.5 shows the change of the percentage of intact 

cells due to transport with the micro diaphragm pump with different actuation signals. 

The mean percentage of intact cells is slightly lower for all transported samples compared 

to the non-pumped control and the decrease is significant with p ≤ 0.02. 

The various actuation signals cause different damage of the K-562 cells. The larg-

est decrease of intact cells is caused by the actuation with 60 Hz and the use of sinusoidal 
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or rectangular actuation does not have a significance influence on the impact. With an 

average of 75.4% intact cells, there are 14.5 percentage points less intact cells compared 

to the non-pumped control. A significantly lower damage (p ≤ 0.02) is caused by sinus-

oidal actuation with 15 Hz, which is the smoothest actuation. The mean percentage of 

intact cells is 85.4 ± 4.6% and therefore only 4.5 percentage points lower than the non-

pumped control. The smaller impact can be due to the overall lower flow rate and thus 

reduced shear force. Furthermore, the maximal speed of the diaphragm and therewith the 

maximal pressure difference is decreased and evokes a smaller maximal pressure gradi-

ent. The average damage caused by a rectangular actuation with 15 Hz shows, that the 

faster actuator movement causes more damage. However, the difference is only signifi-

cant with p ≤ 0.05. As described above, for rectangular actuation, the maximal pressure 

difference does not depend on the actuation frequency. Therefore, the analytical model 

cannot explain the different impact of 60 Hz and 15 Hz rectangular actuation on the trans-

ported cells. However, the average overall flow rate and thus average shear in the pump 

and periphery are larger for 60 Hz actuation. The transport with the hybrid signal (15 Hz 

rectangular signal with 60 Hz sinusoidal flanks: srs_15) imposes a slower actuator move-

ment compared to 15 Hz rectangular actuation while maintaining the fluidic performance. 

The impact on the cells is also slightly reduced, but the difference is not significant. 

 
Figure 8.5 Percentage of viable cells after gating for single cells in the control samples as well as in the 

transported cell solution for K-562 cells (a) and Jurkat cells (b). Data for each actuation type include 15 

individual samples. 

The impact of the pump on Jurkat cells is more pronounced. The diameter of the 

two cell lines is similar, though the deformability is different. Since the deformability 

determines the path of the cell in the fluidic channel [218], the increased impact on Jurkat 

cells can among others be caused by a difference in the experienced fluidic shear stress. 

The largest decrease of intact cells occurs after transport with a rectangular actuation of 

60 Hz, which is the most stressful actuation. It generates the fastest actuator movement, 

highest pressure peak and the highest overall flow. On average, 65.6 ± 10.3% of cells stay 

intact after this transport, nearly one quarter of cells less than the control. A similar large 

impact (no significant difference, p ≥ 0.05) is caused by rectangular actuation with only 

15 Hz (68.0 ± 8.0%). As described above, the maximal pressure peak and therefore the 

maximal fluidic shear stress caused by the pressure peak that pushes fluid through the 

valve channel, do not depend on the applied frequency for rectangular actuation. The 

similar reduction of viable cells for 15 Hz and 60 Hz rectangular actuation indicates that 

this maximal shear stress has a significant influence on the transported cells. For both 



 

8.   Microfluidic Cell Transport with Piezoelectric Micro Diaphragm Pumps 

89 

actuation frequencies, sinusoidal actuation causes less damage with 81.3 ± 7.6% intact 

cells for 15 Hz actuation and 72.3 ± 10.3% for 60 Hz. However, the sinusoidal actuation 

with a frequency of 60 Hz still stresses the cells and the impact is not significantly differ-

ent to rectangular actuation (p ≥ 0.05). The influence of the transport with hybrid actua-

tion (15 Hz rectangular actuation with 60 Hz sinusoidal flanks) on the cells is very similar 

to the 15 Hz sinusoidal actuation and the difference is not significant with p ≥ 0.05. Ac-

cording to the analytical model described above, the generated pressure peak and imposed 

shear are the same for the hybrid actuation and 60 Hz sinusoidal actuation, since the flank 

steepness of the two signals is equal. The different impact of the hybrid actuation and 60 

Hz sinusoidal actuation indicate that not only the maximal experienced shear, but also the 

average overall flow rate impact the cells. The average flow is higher for the 60 Hz si-

nusoidal actuation than for the hybrid signal (Figure B.2, Appendix B). 

Overall, the transport with 15 Hz hybrid signal has a similar impact on the cells 

as the transport with sinusoidal actuation (Figure 8.5) while maintaining the fluidic per-

formance of rectangular actuation as shown by the comparison of the single stroke vol-

ume as well as the flow characterisation presented in Figure B.2, Appendix B. The hybrid 

actuation therefore offers the possibility of efficient cell transport while minimizing the 

damage. However, for both cell types, the impact is still significant with approximately 

7.3 and 4.6 percentage points less intact cells compared to the control sample for Jurkat 

and K-562 cells respectively. It is thus necessary to further optimize the pump systems 

with respect to the exact valve geometry, the pump chamber, as well as the inlet and outlet 

channel. 

8.4. Conclusion 

Overall, the standard characterisation of the pumps before and after cell transport 

shows a small degradation but no complete loss of functionality. It is important to notice 

that during the transportation experiments the pumps were not used in a cleanroom envi-

ronment and therefore not only exposed to cell solution but also to contamination such as 

fibres. The optical examination of the valves did show fibres in several pumps. Hence, it 

is not possible to distinguish degradation caused by cells from other influences and further 

evaluations are necessary to assess possible pump degradation. In preliminary experi-

ments we plan to evaluate the particle resistance of the micro diaphragm pumps with the 

transport of polystyrene particles, before we evaluate the influence of cells. 

Furthermore, a more detailed investigation of the pump’s impact on the cells is 

necessary. In this preliminary experiment, we only evaluated immediate damage to the 

cells by staining. However, a long-term effect, e.g., reduced activity, is very likely. We 

will therefore conduct further evaluation including cell activity assays and long-term 

evaluation. 

Overall, the results on pump performance as well as the impact on the cells are 

very promising. The impact on the cells can be further minimized with the optimization 

of the pump’s geometry. The analytical estimation of shear forces in the pump shows 

higher shear forces in the valve gap compared to the chamber. To reduce this shear stress, 

an optimisation towards larger valve opening can be envisaged by a reduction of the stiff-

ness of the flap valve. Furthermore, shear stress can be reduced by adapting the channel 

size of the inlet and outlet as well as the pump chamber geometry in terms of structure or 
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height. With those measures we expect to further limit the damage caused by the pump 

and enable the development of improved and miniaturized transport systems.
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Abstract 

Micropumps present the prospect of improvement for numerous microfluidic ap-

plications, since they can offer a solution for size, energy, or cost constraints. However, 

many fluidic tasks, especially in biomedical application, involve the transport of fluids 

that contain particles, debris, cells, or even fibres. Unfortunately, micropumps are specif-

ically sensitive to any type of solid object in the transported solution, since they have 

narrow fluid paths and fragile small structures. To enable a reliable use, a detailed exper-

imental analysis of the particles’ impact is necessary. This work is an experimental in-

vestigation with highly concentrated polystyrene particle solution with 1 µm and 16 µm 

diameter particles as a model system. An optical investigation of the valve structure be-

fore and after transport shows deposition in corners and curves. Additional deposition 

within the pump chamber is indicated by a reduced actuator stroke after the transport of 

16 µm particles. The degradation of the pumps is also visible in the flow characteristics: 

the overall flow rate and achievable backpressure decreases and leakage rates increase 

severely. Once again, the impact of 16 µm particles is more severe. The preliminary ex-

periments show a large impact of the particle transport. However, no tested pump fails 

completely. Based on this experiments, geometric adaptations of the pumps can be devel-

oped that allow for more reliable particle transport.  

9.1. Introduction 

Micro diaphragm pumps offer the possibility of miniaturisation and automatiza-

tion of biomedical microfluidic applications, and even enable the development of com-

pletely new approaches. Most of these applications up until today rely on capillary forces, 

bulky external pump systems or manual handling. Examples are the transport of samples 

within micro total analysis systems (µTAS) [194, 195], transport of cell culture medium, 

reagents and test substances in cell culture [220], or three dimensional bioprinting for 

pharmaceutical research, medical application, or the food industry [200, 201].  

The advantages of micropumps for those applications are evident: they allow to 

manufacture economic disposable devices, omit the need for bulky pump systems and 

long connecting tubing, enable automatization and consequently reduce the need of man-

ual handling (outside the incubator), are energy as well as space efficient, and precise. 

However, the biomedical field is a challenging environment for microfluidic actuation. 

The transported medium is usually a solution composed of many substances and even 

smaller or larger particles. Furthermore, handling outside of a clean room environment, 

e.g., when sampling solutions, makes the occurrence of contaminations such as particles 

or fibres likely. In the case of automated cell culture or three dimensional bioprinting, the 

transport of cell debris or cell solution is necessary.  
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To enable a reliable use within biomedical application, micropumps have to be 

capable of transporting the medium at hand including all contained substances. However, 

particles, cells and contaminations can interfere with the functionality of a micro dia-

phragm pump, since it is often extremely miniaturized and thus the fluid path is often 

narrow. Furthermore, micropumps usually contain fragile, small structures. It is therefore 

necessary to investigate possible interaction between the transported medium and the 

pump to evaluate failure mechanisms and implement mitigation methods.  

In this study, we experimentally evaluate the particle tolerance of EMFT’s piezo-

electric metal diaphragm pumps. Therewith, we enable a detailed analysis of the pumps’ 

capability to transport particle-laden fluids. The aim of this first experimental investiga-

tion is to understand failure patterns and enable improvements of the pump towards a 

more reliable transport of fluids other than deionised water and gas.  

9.2. Materials and Methods 

All experiments are conducted with Fraunhofer EMFT’s stainless-steel pumps 

that are described in detail by Bußmann et al. [213]. The pumps with a diameter of 20 mm 

consist of a steel pump body that includes two passive spring valves (inlet and outlet) and 

an actuator diaphragm. Using a two-component epoxy adhesive, a piezoelectric disc ac-

tuator (PIC 151, d = 16 mm, t = 200 µm) is glued to the metal diaphragm.  

The pumping principle is depicted in Figure 9.1 a. The indirect piezoelectric effect 

causes the piezoelectric ceramic to contract and expand when it is subjected to an alter-

nating high voltage field. This length variation leads to an oscillatory bending movement 

of the actuator diaphragm, which expands and compresses the pump chamber. The flow 

constraint by the passive spring valves leads to a directed fluid transport.  

For the fluidic and electromechanics evaluations, the pumps are mounted into test 

housings. These polycarbonate cases are equipped with O-ring sealings to prevent leakage 

past the pump. For electrical contact, a custom-made PCB is integrated and soldered to 

the ceramic, and screwed stainless-steel barbs enable easy fluidic connection.  

 
Figure 9.1 Schematic of the piezoelectrically driven metal micro diaphragm pump; (a) An alternating high 

voltage signal leads to an oscillatory diaphragm movement. In combination with passive flow valves, that 

leads to directed fluid transport; (b) Particles can agglomerate in the valve openings (I), the chamber (II), 

between the valve and its seat (III), or in the periphery of the pump chamber (IV) and decrease the fluidic 

performance.  
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Due to the pump’s geometry, there are several areas where particles can impair 

the devices functionality (Figure 9.1 b). Agglomeration within the periphery of the cham-

ber (IV) blocks the diaphragm movement and therewith limits the stroke volume of the 

pump. In this case, the detected actuator stroke in the optical measurement (Chapter 9.2.1) 

is reduced. Similar accounts for agglomerates in the middle of the chamber (II). Accumu-

lated particles in the chamber or in the flow channels (I) increase the flow resistance dur-

ing fluid transport. Consequently, the maximal achievable flow rate gets reduced. Fur-

thermore, particles can impair the functionality of the passive flap valves. Caught between 

the valve and its seat, they can cause valve sticking that inhibits sufficient opening and 

therefore hinders throughflow. Additionally, pinned particles cause a remaining gap of 

the valve, which results in backwards leakage during the actuator’s movement and re-

duces the achieved flow rate. In addition, passive reverse leakage in turned off state can 

increase.  

9.2.1. Optical Examination of the Valve Structure 

The passive spring valves of the micro diaphragm pump are crucial for its func-

tionality. A large initial gap leads to leakage during the suction and ejection stroke and 

impairs the directed fluid transport. Particles can accumulate in the valve structures, in-

crease leakage, cause valve sticking or increase the flow resistance even in the open valve 

state. To distinguish different failure mechanisms when transporting particle-laden fluids, 

an optical investigation of the valves complements the investigation of the fluidic perfor-

mance and actuator stroke measurements.  

For the optical investigation, pumps are disassembled from their test housing. To 

prevent contamination, the disassembly as well as the optical investigation take place 

under clean, laminar air flow. The valves are imaged individually with a Leica reflected 

light microscope (equipped with a DMC5400 camera, LED 5000 light, M205 C sample 

table). For comparison, valves are investigated before and after the particle transport, as 

well as after cleaning of the pump. The camber is not imaged, since its optical inspection 

is a destructive examination, and sample preparation likely affects the particle allocation, 

geometry of the valves, and actuator position.  

9.2.2. Stroke measurements  

The movement of the bending actuator gives a first indication on the pump’s func-

tionality. The distance between the highest and lowest turning point of the pump’s actu-

ator diaphragm is called stroke height. Particles that agglomerate in the pump chamber 

can block the actuator movement and thus reduce the fluidic performance of the micro-

fluidic actuator.  

The stroke measurement is the optical detection of the actuator’s position when 

subjected to a quasi-static voltage (amplifier SVR 500-3, piezosystem jena GmbH). The 

movement is detected with a white light profilometer (Fries Research and Technology; 

sensor range: 3 mm; maximal resolution 30 nm). The actuation voltage is cycled auto-

matically two times from -80 V to 400 V to track the piezoelectric hysteresis. Measure-

ment automatization implies constant time steps between measurements and thus reduces 

the impact of piezoelectric time effects. The voltage range is extended compared to the 

standard actuation voltage of the piezoelectric ceramic (-80/300 V), to detect abnormali-

ties just after the normal range of movement. Due to inaccuracies when positioning the 

pump, the overall accuracy of the detected stroke is ± 2 µm.  
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9.2.3. Fluidic test  

To investigate the impact of particle transport on the fluidic performance of the 

micro diaphragm pump, a detailed experimental characterization of its properties is con-

ducted before and after particle transport, as well as after manual cleaning of the samples. 

The fluidic characterization includes in the listed order the measurement of leakage, fre-

quency dependent active flow, and pressure dependent active flow. Table 9.1 gives an 

overview of the used actuation amplitude, frequency, and applied backpressure. All active 

measurements are conducted with sinusoidal pump actuation.   

Table 9.1 Flow characterisation of the metal micro diaphragm pumps. When actuated, the pumps are driven 

with a sinusoidal voltage signal.  

Measurement  Amplitude in V Frequency in Hz Pressure in kP 

Leakage - - 0 to 5 

Frequency dependent flow -80/300  1 to 50 14 

Pressure dependent flow -80/30 30 0 to 50 

 

The test setup consists of an inlet reservoir that is pressure compensated via a 

filter, silicone tubing for fluidic connections, a Coriflow sensor (Bronkhorts ML120V00: 

range 0.8 µL/min to 500 µL/min, accuracy: ± 0.2%), the tested pump, and a pressurized 

outlet reservoir (pressure controller: Mensor CPC3000: range -0.5 bar to 2 bar, accuracy: 

± 0.05 kPa). The pump is placed behind the flow sensor to prevent any particles remain-

ing in the pump from reaching the sensor. However, this setup lowers the maximal de-

tected flow, since the flow sensor depicts a fluidic resistance, and the suction of the pump 

is less powerful than its ejection. This reduction is unproblematic for the conducted study, 

since only changes in the performance are investigated and it is not our aim to evaluate 

the maximal achievable performance of a pump type.  

9.2.4.  Particle Transport  

To investigate the influence of particle-laden solution on the micropumps, they 

transport a polystyrene particle solution for a given time in a loop. After this defined 

strain, the standard characterisation is repeated.  

 As depicted in Figure 9.2, the pump moves the particle-laden fluid from a reser-

voir and transports it pack into the same reservoir. The transport is effectuated for 10 min. 

There is enough sample volume and the used tubing is connected in a way that no air 

enters the pump chamber. The functionality of the pump is verified at the beginning and 

the end of the experiment: Priming is actively performed by the pump itself and the timer 

only started if the pump is able to self-prime, and after the duration of transport the inlet 

is removed from the reservoir and the sample volume that remains in the pump is actively 

ejected into the reservoir proving that the pump is still functional. The electric actuation 

of the pump during the particle transport is achieved with a miniaturized hand-held elec-

tronic developed at Fraunhofer EMFT. This enables the parallel actuation of 10 pumps 

and allows for a statistically relevant investigation.  
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Figure 9.2 Fluidic setup for the transport of particle solution; (a) schematic depiction of the reservoir, 

fluidic connections and the pump; (b) photograph of the setup. The pump moves the fluid in a circle with a 

constant actuation with a 15 Hz sinusoidal voltage signal of -80/300 V. 

The model particles chosen for this investigation are polystyrene beads of differ-

ent size (Table 9.2). The advantage of polystyrene is the flexibly and precisely adjustable 

size of the beads. The small sized beads of approximately 1 µm diameter are chosen to 

investigate if there is a size limit up until that no damage is caused. Particles over 1 µm 

can easily be filtered without adding an enormous flow resistance with the added filter. 

The larger particles of approximately 16 µm diameter are investigated, since they are 

similar to the size of the transported cells described in Chapter 7 and 8.  

Table 9.2 Overview of the used particle solution and number of pumps used for the transport of the respec-

tive particles 

Particle Diameter  Particle Concentration  Nr of Pumps Transport Duration  

0.97 ± 0.03 µm 5 % w/v  12 10 min  

16.6 ± 0.28 µm 10 % w/v  5 10 min  

An important reason for the choice of polystyrene as model system is that the 

density of polystyrene (ρ = 1.05 g/cm³) is very close to the density of water. Therefore, 

the beads only precipitate extremely slowly and with sufficient agitation, as created by 

the pumping, not at all. The solution of polystyrene particles contains Tween® 20 to pre-

vent spontaneous agglomeration. 

9.3. Results and Discussion  

The 17 pumps used in this investigation are characterised before and after the 

transport of particles. The detailed optical, electromechanical and fluidical characterisa-

tion helps to understand failure mechanisms.  

9.3.1.  Optical Valve Inspection  

Imaging of the valves is the first characterisation. After the particle transport, the 

optical inspection takes place before any of the other measurements, since especially the 

flow characterisation during which the pump is flushed with clean DI water, can alter the 

distribution of particles within the valve structures. Before the transport of particles, the 
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valve structures are examined for contamination. Especially any fibres or residues of sil-

icon tubing that can interfere with the passive spring valves functionality are of interest 

and would lead to the exclusion of the sample from the study. None of the pumps show 

any foreign material within the valves (Figure 9.3).  

 
Figure 9.3 Exemplary inlet (a) and outlet (b) valve of a steel micro diaphragm pump (pump P32009-187) 

before particle transport. The scale bare represents 500 µm.  

The optical inspection after the transport of particles reveals a strong deposition 

(Figure 9.4). Especially fine curves, as well as edges are affected. However, also flat sur-

faces, e.g., the surface of the spring valves show an aggregation of particles.  

 
Figure 9.4 Exemplary images of the valve structures of two pumps after the transport of particle-laden 

solution. (a) inlet of P32009-214 that transported 1 µm particles; (b) outlet of P32009-214 (1 µm parti-

cles); (c) inlet of P32009-247 that transported 16 µm particles; (d) outlet of P32009-247 (16 µm particles). 

Deposition within edges and corners is clearly visible. The scale bars represent 500 µm.   

Generally, the deposition of particles is less severe for the 1 µm polystyrene par-

ticle solution. The deposited particle layer appears thinner and moreover, the stainless-

steel surface is visible in many areas. The distribution of particles is most common in 

corners and similar for all twelve tested pumps. The investigation of the five pumps that 
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transported a solution of 16 µm particles shows a larger deviation between individual 

pumps (Figure 9.5) 

 
Figure 9.5 Difference in particle deposition between individual pumps after the transport of 16 µm poly-

styrene particles, (a) P32009-200, (b) P32009-193; the scale bars represent 500 µm  

The large differences between individual pumps become apparent in the optical 

actuator stroke measurement as well as the decrease in fluidic performance of individual 

devices. Pumps that show many deposited particles within their valve structure tend to 

have a higher loss in fluidic performance.  

9.3.2. Actuator Stroke Measurement  

The first indication for the functionality of the micro diaphragm pump is its actu-

ator stroke. It is undesirable for the pump to show a touchdown, which is the mechanical 

blocking of the actuator diaphragm when it reaches the chamber bottom before the max-

imal positive actuation voltage is applied. None of the tested pumps show actuator block-

ing or other abnormalities in the actuator movement. The transport of particles with a 

diameter of approximately 1 µm does not interfere with the actuator stroke, while the 

larger particles with a diameter of approximately 16 µm damages the pump severely (Ta-

ble 9.3).  

Table 9.3 Change in the actuator stroke after the transport of 1 µm particles and 16 µm particles respec-

tively 

Particles  Nr of 

pumps  

Stroke Height Before 

Transport  

Stroke Height After 

Transport 

Ø 1 µm  12 72 ± 11 µm 69 ± 9 µm 

Ø 16 µm 5 67 ± 4 µm 29 ± 8 µm 

 

Even with the small sample size of only five pumps for the transport of large par-

ticles, the loss in actuator stroke is extremely significant. The reduction of stroke is likely 

caused by mechanical blocking. The voltage dependant hysteresis of the actuator shows 

a slight bend and the subsequent severely reduced slope leads the large reduction of 

stroke.  

9.3.3. Flow Characterisation 

To evaluate the performance of a micro diaphragm pump, detailed flow charac-

terisation is necessary. The performance in general depends on the pump design as well 

as the quality of the individual parts. There are different effects that can decrease the flow 
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performance of a micro diaphragm pump. A loss in actuator stroke reduces the volume 

transported per stroke and due to direct proportionality, the achieved flow rate. Further-

more, the flow rate can be reduced due to increased leakage in the valves.  

A reduced stroke is visible already without backpressure and for any frequency 

within the linear flow regime. An increased leakage of the valves can remain unrecog-

nized if the flow rate is only measured without applied backpressure and a sufficiently 

high frequency. The impact of a small degradation of the valves is more severe on 

transport with lower frequencies of a sinusoidal signal, since the pressure peak in the 

chamber that actuates the passive valves is less pronounced. Additionally, applied back-

pressure increases this effect, since a larger pressure peak is necessary to eject the volume 

from the chamber. The flow reduction at low sinusoidal actuation frequencies adds infor-

mation to the leakage measurement: While the passive leakage measurement detects the 

leakage over both valves and therefore mostly evaluates the tighter valve (with better 

quality), the flow measurement is affected already by one bad valve and adds information 

on the inferior valve.  

The transport of particles increases the passive leakage of the investigated micro-

pumps. After 10 min of transporting 1 µm polystyrene particles, the leakage of the twelve 

pumps increases in average by 50 %. The influence of 16 µm particles on the five used 

pumps is more severe with a leakage increase of in average 130 %.  

The flow characterisation shows a degradation that corresponds well to the earlier 

findings. After transport of the 1 µm particles, the pumps did not show a significant de-

crease in the stroke height and a less severe increase of leakage rates. Consequently, the 

influence of the particle transport on the achieved flow without backpressure is small 

(Figure 9.5 a). However, an increase of pressure shows a stronger decrease of flow and 

the achievable backpressure is reduced to 50 kPa compared to approximately 75 kPa of 

the clean pumps. The decrease of the achievable backpressure substantiates the findings 

of the leakage measurements.  

 Once again, the impact of the larger particles is more severe (Figure 9.5 b): The 

flow at 0 kPa backpressure is already significantly reduced with a mean achieved flow of 

approximately half the initial value. These findings correspond well to the stroke height 

that was also reduced by approximately half. Furthermore, the decrease of the flow with 

the applied backpressure is substantial and the average flow reaches already zero at 

10 kPa backpressure. The large leakage rates of the valves impede fluid transport against 

pressure.  

 

 
Figure 9.6 Backpressure characterisation before and after the transport of 1 µm (a) and 16 µm (b) parti-

cles. The error bars depict the standard deviation of twelve (a) and five (b) pumps respectively. 
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9.4. Discussion and Conclusion  

The presented evaluation of the particle tolerance of our piezoelectric micro dia-

phragm pumps on the model of polystyrene particles of approximately 1 µm and 16 µm 

diameter shows a considerable impact on the microfluidic device. In our experimental 

characterisation we detect a more severe influence of larger particles that cause an actua-

tor stroke and flow rate decrease to half of the initial values. After the transport of the 

larger particles, pumping against backpressure is nearly impossible due to the severe im-

pact on the valves and thus evident increase in leakage rates. The optical evaluation of 

the valves substantiates these findings as it shows a more severe particle deposition after 

the transport of larger particles. The impact of smaller particles is less pronounced with 

no significant reduction of the actuator stroke or the flow rate at 0 kPa backpressure. 

However, the capability of the pumps to transport fluid against backpressure is reduced 

and zero flow is already reached at 50 kPa compared to 75 kPa of the clean devices.  

It is important to notice that our experiment was set up deliberately challenging: 

The concentration of particles in solution is high with 5 %w/v and 10 %w/v for the small 

and large particles respectively, and a lower concentration would cause less degradation 

in the same time period. That concentration corresponds to 9×107 beads/µL for the 1 µm 

diameter particles and 4.4×104 beads/µL for the large particles. As a comparison, the cell 

transport in Chapter 7 and 8 was conducted with cell solution containing 200 cells/µL and 

thus approximately a 200 times lower concentration. However, the cell concentration for 

bioprinting application can go up to 104 cells/µL [221–223], which is why the pumps 

were subjected to a respectively high particle concentration.  

The experimental analysis shows that larger particles cause more damage and pro-

voke different failure mechanisms than smaller particles, such as the decrease of actuator 

stroke. However, also small particles cause degradation, especially of the passive spring 

valves. In subsequent development steps a more detailed understanding of these effects 

is necessary. In follow up experiments, we are going to evaluate if there is an upper limit 

of the particle concentration that the pumps can still transport without occlusion and sig-

nificant increase in leakage. Since deposition effects strongly depend on the time, a long-

term evaluation of the transport of particles has to be included into the experiments. Both, 

large and small particles are of interest in smaller concentrations, since the concentration 

limit for cell transport can be estimated with the larger particles, while a maximal sup-

portable contamination with small debris can be estimated using the particles with a di-

ameter of 1 µm. In addition to different particle concentrations, the particle geometry has 

to be varied for a more detailed understanding of the impact on the pumps and their reli-

ability in specific applications. For example, fibres can be caught in the valves and there-

with lead to more severe damage than individual particles. 

A long-term aim of the device development is the adaptation towards more parti-

cle, fibre and contamination tolerance. To that end, geometric adaptations are necessary. 

The number of sharp edges needs to be reduced. For example, an angular drilled hole for 

the inlet and outlet can decrease corners with little flow and high tendency for particle 

deposition. In addition, such an adaptation can increase the achievable flow rate of the 

pump, since it lowers the fluidic resistance of the flow path. Furthermore, it would be 

advantages to increase the pump chamber height and minimize areas of little to no flow. 

This adaptation is more problematic, since it negatively influences the fluidic properties 

of the pump. A higher pump chamber (up until the outer periphery of the chamber) de-

creases the compression ratio remarkably and thus interferes with the ability of the device 
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to transport gas and liquid-gas mixtures. A possibility can be the implementation of a rip 

structure, that guides the flow and enables easier transport of particles within structured 

channels on the chamber bottom without decreasing the bubble tolerance significantly.  

Overall, the presented experiments prove the feasibility of particle transport even 

in high concentrations. However, the degradation of the micropumps demands for further 

development steps to increase their robustness against contamination and enable a reliable 

long-term use in applications with demanding media.  
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 Conclusion and Outlook 

Despite the evident possibility to improve medical treatment, micropumps are not 

commonly used in medical devices, and the industrialization of diaphragm pumps is still 

pending. A detailed analysis of the requirements for biomedical applications and the ex-

isting research on microfluidic actuators reveals open research questions that need to be 

addressed before a safe and reliable use is possible. The aim of this work is to advance 

the biomedical application of piezoelectric micro diaphragm pumps. This actuation prin-

ciple is of particular interest, since it achieves high forces, high actuation frequencies, is 

easy to use, and is energy-efficient.  

There are two major reasons that hinder the medical application of micropumps. To begin 

with, the implementation of a new dosing method is a large technological step. Such an 

enormous change requires a large initial investment to cover the development, implemen-

tation, as well as approval of the device. Furthermore, micropump research in literature 

mostly stays superficial, and presented devices have not been fully optimized. For in-

stance, there is few to no data available concerning the reliability, dosing precision, or the 

interaction between the pump and dosed medium. To address this shortcoming, this work 

includes detailed experimental investigations of Fraunhofer EMFT’s micropumps and 

improves the devices for biomedical applications.  

The piezoelectric actuator is a central element of the micro diaphragm pump and needs 

to be well understood to enable targeted pump design and reliable use. Consequently, the 

first part of this thesis addresses this component, initially by itself (Chapter 3) and subse-

quently as part of the micro diaphragm pump (Chapter 4). The results of the experimental 

investigation of the large-signal piezoelectric behaviour allows for a more accurate pump 

design. In future work, the investigation of thermal effects can be integrated into the ex-

perimental setup. Therewith, both the thermal expansion of the disc actuator and the tem-

perature-dependent change in piezoelectric elongation can be examined. This information 

is crucial if the pump is used at temperatures other than ambient temperature, since the 

difference in thermal expansion between the ceramic and actuator diaphragm change the 

position of the diaphragm and therewith fluidic properties of the pump. Furthermore, the 

initial position of the diaphragm depends on the elongation of the ceramic and the dia-

phragm material during the curing process. This elongation is composed of two parts: the 

piezoelectric elongation caused by the applied voltage offset and the thermal expansion. 

The extension of experimental possibilities to investigate thermal effects thus enable fur-

ther understanding of the production process and more precise pump design and manu-

facturing.  

An important finding of the disc actuator characterisation is the coercive field at which 

the polarisation of the piezoelectric ceramic changes its direction. This knowledge is nec-

essary to investigate possible depolarisation caused by the negative amplitude of the 

pump’s actuation signal. As a technological standard, no more than 30% of the negative 

coercive field is applied to piezoelectric actuators. However, an extension of the negative 

actuation of the pumps leads to an overproportional increase in flow rate due to the un-

symmetrical elongation curve. The achievable improvement is especially useful for med-

ical applications, where a high margin of safety is necessary. Evaluations presented in 

Chapter 4 show significant improvements of the flow rate, especially with applied back-

pressure, where an increase of 260 % is achieved. Long-term evaluations show no depo-

larisation for up to one million cycles with a negative field of up to 90 % of the coercive 

field strength. However, in addition to depolarisation, failure can also occur due to piezo 

cracking and delamination of the adhesive layer. Therefore, in future a detailed evaluation 
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is necessary for each specific application, especially since failure mechanisms can also 

depend on the periphery, e.g., backpressure or temperature. 

Based on the insights of the thesis’ first part, it is possible to further extend the 

actuation signal of EMFT’s 5×5×0.6 mm³ silicon micropump towards negative voltages. 

A detailed experimental analysis of the pump that is presented in Chapter 5 reveals a 

resulting flow rate of 74 ± 6 µL/min and an achievable backpressure of 12.5 ± 0.8 kPa, 

which lends itself particularly well to subcutaneous delivery of drug solution. Further-

more, our study proves high precision compared to macroscopic, commercially available 

dosing units. Therefore, it can even be suitable to dose higher concentrated medication. 

Nevertheless, additional evaluations are necessary to investigate if the change in drug 

concentration influences the dosing accuracy and if the resulting higher viscosity can be 

transported without additional limitations. Furthermore, the study reveals need of im-

provement: the change from water to insulin solution causes an increased problem with 

air in the fluid path. The development of a pump that is not only bubble-tolerant but also 

doses independent of bubbles is consequently an important open topic. To this end, the 

compression ratio needs to be increased. Additionally, a hydrophilic surface treatment of 

the fluid path can facilitate priming. 

The study of the dosing precision is the base for the development of a closed-loop-

controlled dosing unit. The combination of the silicon micropump, higher concentrated 

insulin solution, and a space-efficient capacitive volume control in the drug reservoir that 

is developed in the dissertation of Thomas Thalhofer, will allow the development of an 

innovative patch pump. With a projected diameter of 30 mm and only a few millimetres 

in height, the planned system is extremely small compared to state of the art dosing units. 

This patch pump can thus improve the patients’ comfort significantly.  

While small silicon micro diaphragm pumps are suitable for drug delivery requir-

ing small volumes, a high-volume delivery or hydraulic implants that need higher flow 

rates require larger micropumps. These applications have so far been addressed by Fraun-

hofer EMFT’s steel micropumps. However, implantation requires artefact-free imaging, 

which makes the transfer of the technology from steel to titanium necessary. In addition 

to these technical requirements, the application in medical devices is inhibited by the large 

initial effort to implement a new technology. To address these two hinderances, a tita-

nium-based microfluidic technology platform is developed and presented in Chapter 6. A 

flexible combination of the micro diaphragm pump with two types of active micro dia-

phragm valves enables the development of several medical devices based on the same 

platform. Therewith, costs for the initial implementation of the technology as well as reg-

ulatory efforts can be divided. The introduced platform allows the automatization of man-

ually operated state-of-the-art implants. With such improved implants, the target group 

for a specific treatment can be significantly enlarged, e.g., artificial sphincter implants for 

women or elderly people with limited agility. Therefore, this work is a considerable step 

towards the industrialisation and widespread application of microfluidic devices in med-

ical treatment.  

Detailed experimental analysis of the piezoelectrically actuated pump and valves 

shows that the technology is suitable for biomedical applications. Nevertheless, further 

improvements can increase the number of achievable implants and devices. For instance, 

a higher blockingpressure is necessary for some hydraulic applications. To this end, the 

actuator needs to be stiffer, which is possible with a thicker actuator diaphragm and ce-

ramic disc actuator. It is important to note that such changes limit the maximal achievable 

flow rate. An additional drawback is the high actuation voltage of up to 500 V required 

for the thicker piezoelectric actuator. To lower the actuation voltage would have many 

advantages: it guarantees a safe use within the human body, enables easier medical device 
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approval, and simplifies the electric actuation unit. Therefore, the development of multi-

layer actuation can be extremely beneficial. Due to the specific requirements in terms of 

geometry, elongation and achievable force, the multilayer disc actuator needs to be cos-

tume-developed for a specific pump.  

To allow a flexible usage, the pump introduced within the technology platform 

presented in Chapter 6 needs to function under various environmental conditions, as well 

as with different transported media. For instance, the operation of the pump in an auto-

mated cell culture system can require the transport of test substances. Furthermore, the 

transport of cells can be necessary in specific applications. To extend the pump’s field of 

application towards automated cell culture, this thesis investigates the pump’s impact on 

cells and vice versa. Preliminary experiments described in Chapter 7 show that transport 

with rectangular actuation reduces the percentage of viable cells by approximately 8 %, 

while sinusoidal actuation is less harmful leading to a reduction of approximately 2 %. 

Unfortunately, sinusoidal actuation is less efficient for fluid transport. To limit the impact 

without a significant loss in fluidic performance, a mixed actuation signal is tested: a 

rectangular wave with sinusoidal flanks. The experimental characterisation of the single 

stroke volume of the pump presented in Chapter 8 shows a constant stroke volume when 

applying sufficiently steep flanks. Therefore, we use a 15 Hz rectangular wave with 60 Hz 

sinusoidal flanks for cell transport and compare its influence on cell viability. The mean 

impact on the cell solution samples transported with different actuation signals indicate 

that higher frequencies are generally more harmful. The least impact is detected after 

transport with 15 Hz sinusoidal actuation and the difference of cell viability in samples 

transported with the mixed signal is not statistically significant. The adaptation of the 

actuation signal thus improves the cell transport with EMFT’s metal micropump without 

reducing the fluidic efficiency.  

The presented studyevaluates the viability of the cells directly after transport and 

does not analyse the long-term effect, i.e., the activity of the cells after a given period. 

This detailed investigation is necessary for each specific cell type in a given application. 

Besides the improvement of the actuation signal investigated in Chapter 8, geometric ad-

aptations of the pump design can further reduce the pump’s impact in future. To limit the 

shear stress to which the cells are subjected, it is advisable to omit 90 ° angles and increase 

the height of flow paths. Nevertheless, an increased height of the pump chamber decreases 

the compression ratio. This geometric adaptation is thus a trade-off between a robust bub-

ble tolerance and a decrease in shear. Furthermore, adaptations of the passive flap valves 

can reduce the pump’s influence on cells. For this complicated geometry, a detailed fluid 

mechanical simulation as well as experimental investigation are necessary to minimize 

the pump’s impact while maintaining the required fluidic performance. It is imaginable 

that flap valves instead of spring valves are beneficial due to a more directed fluid flow 

and a reduced number of sharp edges and moving geometries.  

To allow a safe and reliable use of micro diaphragm pumps in biomedical appli-

cations, it is not only necessary to limit the pump’s impact on the transported medium, 

but also vice versa. Depending on the exact pump type, the surface in contact with the 

medium is completely made of silicon, steel or titanium and chemical interactions with 

these materials have to be considered. For example, the transport of alkaline solution with 

silicon pumps is restricted. In addition to chemical interaction, the pumps can be damaged 

physically by solids, e.g., fibres, cells, or particles in the transported fluid. Micro dia-

phragm pumps are sensitive to solid material in the fluid, since flow paths are narrow and 
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fragile structures such as the valves can be damaged. To gain a better understanding of 

the particle tolerance of metal micro diaphragm pumps, this subject is experimentally 

evaluated using polystyrene particles as described in Chapter 9. Experiments with 16 µm 

particles in a concentration of approximately 4.4×104 beads/µL simulate the strain of a 

cell-printing application. Additionally, experiments with a solution with 1 µm polysty-

rene allow to determine an upper bound for the particle size that limits the impact on the 

pumps. For both sizes, the optical valve inspection shows a particle deposition not only 

in corners and curves, but also on flat structures. The deposition is more distinct for larger 

particles. The higher impact of larger particles is also visible in the actuator stroke reduc-

tion as well as in the loss of fluidic performance. The experiments show that both the 

large and small particles impact the pump significantly. However, the 1 µm particles 

cause less severe damage. Nevertheless, no pump failed completely during the course of 

the experiment. For short-term application, the experimental evaluation of different par-

ticle concentrations can offer additional information about the amount of supportable par-

ticles in solution. Furthermore, the change of the tested particle geometry is necessary to 

additionally evaluate the pump’s compatibility with solids in solution. This is particularly 

the case for fibres, since they can get caught in the valve more easily than particles.  

The transport of particle solution described above reveals geometric adaptations 

of the pump design that can increase the pump’s particle tolerance. The beads mostly 

deposit in areas of little to no fluid movement. Hence, to avoid angles and narrow curves 

can decrease the sensitivity of the pump to particles. Sharp edges can be avoided for in-

stance with angled boreholes for the inlet and outlet connections. However, particle dep-

osition is also visible in the small structures of the valve foil itself. To avoid edges there 

is unrealistic, since the valve foils are chemically edged and postprocessing is impractical. 

However, an adapted overall geometry, such as a change from spring valves to flap 

valves, might limit the number of susceptible locations. In addition to the avoidance of 

sharp edges, it can be helpful to decrease narrow flow paths within the pump chamber. 

This can be achieved with a higher pump chamber as described above.  

The experimental analysis, device development and design, as well as actuation 

improvement presented in this thesis are a valuable contribution to the advance of the 

biomedical application of micropumps. The introduced studies allow for a basic under-

standing of the challenging biomedical environment, emphasize crucial properties and 

necessary considerations and build the basis for detailed reliability studies for specific 

applications.  
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Abbreviations  

CP    conjugated polymers 

EAB    extra-aortic balloon 

EAP    electro active polymer 

FEM    finite-element-modelling 

FKM    fluorocarbon 

Fraunhofer EMFT Einrichtung für Mikrosysteme Festkörpertechnolo-

gien (Fraunhofer EMFT Research Institution for 

Microsystems and Solid State Technologies)  

iEAP    ionic electro active polymer 

IPMC    ionic polymer-metal composite 

MEMS   micro electro mechanical system 

MRI    magnetic resonance imaging 

MSM    magnetic shape memory 

NC    normally closed 

NO    normally open  

PANI    polyaniline 

PPy    polypyrrole 

PZT    lead zirconate titanate 
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Glossary 

actuator stroke  Movement of the pump’s piezoelectric bending actuator. 

The distance between the highest and lowest point is the 

stroke height.  

blockingpressure  Maximal achievable backpressure of the micro diaphragm 

pump when transporting uncompressible media   

bubble independence  Capability of a pump to transport bubbles without deviation 

of the flow rate   

bubble tolerance   Capability of a pump to transport bubbles without failure   

coercive field  Electric field, where the polarisation of a piezoelectric ce-

ramic changes its direction.   

compression ratio  Ratio of displaced volume to the dead volume in the pump 

chamber  

dosing accuracy   Deviation of the mean value from a target value   

dosing precision  Scattering of repeated measurements under the same condi-

tions  

dosing stability  Flow rates susceptibility to environmental parameters such 

as pressure, temperature, or mediums viscosity, as well as 

steady dosing over time   

freeflow Unrestricted throughflow caused by an overpressure at the 

pump's inlet 

large-signal Input signal above the limit for linear transmission of non-

linear systems. In this thesis, voltages that drive the piezo-

electric ceramic in its non-linear regime.  

large-signal behaviour  Behaviour of a non-linear transmission system with input 

signal up to their maximum value. In this thesis, the elec-

tromechanical properties of the piezoelectric ceramic with 

an actuation voltage up to the saturation field.   

microdosing Dosage of small amounts of fluids in the range of nano- or 

microliter   

microfluidics The science of fluid flow at small length scales (micrometre 

scale) or with small volume flow (µl/min)  

pretension technique Process of the piezoelectric ceramic actuator mounting. The 

application of an electric voltage offset during glue curing 
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xxx 

 

leads to a bulged-up pump chamber and increased compres-

sion ratio.   

stroke height  Distance between the highest and lowest position of the ac-

tuator diaphragm 

(single) stroke volume  Displaced volume with a single actuator movement   
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Appendix  

 Supplementary Material Chapter 5 
Table A.1 Overview of the material necessary for the manufacturing of the silicon micropump 

Item  Description 

Monocrystalline 

silicon wafer (n-

doped, 100) 

Base material for manufacturing the silicon micropump consisting (two 

valve wafers and one actuator wafer) 

Piezoelectric disc PIC 252; base material forming the bending actuator together with the 

actuator wafer 

2k-epoxy glue EPOTEK 353 ND-T, to attach the disc actuator to the pump body 

O-ring FKM material that seals the fluidic periphery with the micropump 

housing 

Soft sealing Costume made FKM sealing prevent leakage between the silicon mi-

cropump and the housing 

Micropump hous-

ing 

Special developed PEEK assembly to house the silicon micropump 

Filter frit Stainless steel filter at the inlet of the micropump housing, blocking 

particles larger than 5 µm 

Capillaries PEEK capillaries with 1 mm inner diameter 

M1 screw Standard screw to clamp the silicon micropump to the housing with its 

cover 

 

 Supplementary Material Chapter 8 

Experimental Setup for Cell Transport and Gravimetric Measurement 

The setup for cell transport experiments (Figure B.1 a) is simple with the pump 

being connected with flexible tubing with the inlet and outlet reservoir. The gravimetric 

setup was evaluated in a preliminary setup as shown in Figure B.1 b. In this setup, the 

pump transports liquid from the inlet reservoir on the balance towards an outlet next to it. 

The actuation signal of the pump is verified with an oscilloscope. This setup was im-

proved for the experiments in this work as shown in Figure 8.2. 

 
Figure B.1(a) Experimental setup of the cell transport including an inlet and outlet reservoir as well as the 

electric actuation of the pump; (b) Preliminary gravimetric setup to detect the single stroke volume of the 

piezoelectric micropump. The setup was slightly improved for the final experiments. 
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Flow Characterisation with Different Actuation Waveforms 

The mean frequency dependant flow rate of five pumps shows an influence of the 

actuation waveform (Figure B.2). The rectangular actuation and the hybrid actuation (rec-

tangular with 60 Hz sinusoidal flanks) show a similar flowrate up to 25 Hz actuation 

frequency. For higher frequencies, the rectangular signal achieves clearly higher flow. 

However, a rectangular actuation can damage the actuator ceramic especially during long 

term use with liquid media, which is why the hybrid signal can be a good tradeoff. The 

increase of flow rate compared to sinusoidal actuation is 16% for 15 Hz, which is the 

frequency used for cell transport. 

The periphery has an influence on the flowrate, especially for higher actuation 

frequencies. Since the flow characterisation takes place in a large setup with compara-

tively long tubes and sensors that depict a flow resistance, the real flow rate during cell 

transport (with short tubes and no additional elements) is potentially even higher for the 

transport with 60 Hz. 

 
Figure B.2 Comparison of the fluidic performance of the tested micropump type with different actuation 

signals. Frequency dependent flow rate at 14 kPa backpressure and an actuation amplitude of −89/300 V. 

The compared waveforms are a rectangular wave, sinusoidal wave, and a hybrid signal that consist of a 

rectangular waveform with 60 Hz sinusoidal flanks as has been used for cell transport. The error bars 

depict the standard deviation of five individual pumps. 
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